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Joint replacement is a very successful medical treatment. However, the survivorship
of hip, knee, shoulder, and other implants is variable depending on the material and the
loading conditions. The degradation of materials, but also the immune response against
degradation products or an altered tissue loading condition as well as infections remain
key factors of their failure.

Current research in biomechanics and biomaterials is trying to overcome the existing
limitations. This includes new implant designs and materials, bearings concepts and
tribology, kinematical concepts, surgical techniques, and anti-inflammatory and infection
prevention strategies. A careful evaluation of new materials and concepts is required in
order to fully assess the strengths and weaknesses and improve the quality and outcomes
of joint replacements. Therefore, extensive research and clinical trials are essential.

The main aspects that are addressed in this Special Issue are related to new materials,
the design and manufacturing considerations of implants [1–10], implant wear and its
potential clinical consequences [11–16], implant fixation [17–19], infection-related material
aspects [20,21] and taper-related research topics [22–24].

This Special Issue gives an overview of the ongoing research in these fields. Contri-
butions are solicited from researchers working in the fields of biomechanics, biomaterials,
and bio- and tissue-engineering.

We hope you enjoy reading this book.

Funding: This research received no external funding.

Conflicts of Interest: The authors declare no conflict of interest.
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Abstract: The medial Oxford unicompartmental knee arthroplasty (OUKA) shows good survivorship,
as well as clinical results. Aseptic loosening, however, remains one of the main reasons for revision
and polyethylene debris is known to cause aseptic loosening. The role of bearing thickness in total as
well as unicondylar knee arthroplasty has been the subject of controversial discussions, especially the
longevity of lower thickness bearings in total knee arthroplasty was questioned. The purpose of this
study was to assess the influence of bearing thickness on time to revision, damage pattern, penetration,
and volumetric material loss. A cohort of 47 consecutively retrieved medial OUKA bearings was
analyzed with conventional direct light microscopy applying the Hood damage analysis, as well
as measuring the penetration depth. In this retrieval cohort, a difference on survival time, damage,
penetration, as well as volumetric material loss could not be seen. We conclude that low as well as
high thickness bearings can safely be used in OUKA without any relevant differences in terms of
wear and damage.

Keywords: oxford unicompartmental knee arthroplasty; bearing thickness; retrieval analysis

1. Introduction

The Oxford unicompartmental knee arthroplasty (OUKA) has been shown to generate good
clinical results. Due to the increased use of highly crosslinked polyethylene (HXLPE), the number of
revisions due to wear has decreased [1–3] (the Annual Report of the Australian National Joint Registry
notes only 1.4% of direct tibial insert wear [4]). However, aseptic loosening—which can be caused by
wear—is still the major cause for revisions of UKA [4,5], the 15-year revision rate is around 11% [6].
The use of a spherical femoral component and a fully congruous meniscal bearing to increase the contact
area theoretically reduces the potential for polyethylene wear [7]. Mobile bearing unicondylar designs,
however, can exhibit wear at the femoral, as well as the tibial aspect of the inlay [8,9]. Especially in
cases of suboptimal bearing positioning, the wear can increase drastically [10]. To date, there is no
scientific consent as to which inlay thicknesses generate better outcomes. Longer times to revision
in Oxford UKA have been described for 3 and 4 mm bearings, respectively, compared to thicker
bearings [10]. In addition, the use of thinner inlays allows for a reduced loss of bonestock and usage

Materials 2020, 13, 4589; doi:10.3390/ma13204589 www.mdpi.com/journal/materials3
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of thicker bearings has a higher risk for overcorrection of the mechanical axis, resulting in a higher
post-operative valgus [11]. In incongruent articulations, however, the wear rate of polyethylene is
increased when it is used in a thin layer [12,13], and bearing failures have been described for inlays
<6 mm, caused by wear [14,15]. Accordingly, the FDA has issued a Class II Special Controls Guidance
Document in 2003, recommending a minimum thickness of 6 mm at the lowest point below the condyle
(or alternatively the demonstration of the ability of the said bearing to survive 10 million cycles in a
physiological knee simulator). Unfortunately, the information provided by manufacturers with regards
to the actual inlay thickness often appears to be inaccurate or misleading [16].

In this retrieval analysis of a series of 47 consecutively explanted medial Oxford unicondylar
knee replacements, we assessed the types of damage using the modified Hood score and analyzed
penetration depth and volumetric changes during the lifetime of the retrieved bearings [17]. We wanted
to assess whether the use of higher-thickness inlays (5–6 mm in this cohort) leads to higher wear than
the use of low-thickness inlays (3–4 mm) and if different types of damage are seen in the two groups.

2. Materials and Methods

From October 2013 to August 2018, 47 ultra-high molecular weight polyethylene (UHMWPE)
meniscal bearings of the medial Oxford unicompartmental knee arthroplasty (OUKA) from 46 patients
were consecutively explanted and included in this retrieval analysis. All retrievals were conducted
at our hospital. Of the 47 inlays, the majority (n = 41) was of the newer ’anatomic’ generation,
only six were old type inlays. Eight of the inlays were small (all anatomic), 19 were medium-sized
(16 anatomic, three non-anatomic), and 20 were large (17 anatomic, three non-anatomic). No XS inlays
were explanted in the period examined. Of the revised knees, 21 were left knees, 26 were right knees.
In 38 cases, the primary procedure was performed in our hospital, the remaining eight procedures were
performed elsewhere. Primary implantations were conducted from October 2002 to September 2017.
The manufacturer changed the type of UHMWPE in 2005. In this cohort, five of the retrieved inlays were
implanted before, the rest after the change in material. The UHMWPE used before 2005 was Hi-Fax
1900, the PE currently in use is GUR 1050. A publication by Mohammad et al. showed no significant
differences in wear between the two types of UHMWPE using a RSA analysis [18]. Microscopical
images of the types of damage were made using a Keyence VHX-5000 reflected-light microscope.

The reasons for revision in descending order were progression of disease in other compartments
(n = 19; 30%), followed by aseptic loosening (n = 9; 14%) and bearing dislocation (n = 5; 8%).
Other reasons for revision were periprosthetic fractures, persistent postoperative pain, instability,
infection, etc.

Following an institutional review board (IRB)-approved protocol, all orthopedic devices were
collected, cleaned, and cataloged in an electronic database for long-term storage in an inert environment.

Surface damage of the retrieved meniscal bearings was assessed using light stereomicroscope
analysis at magnifications from ×10 to ×20. The tibial bearings were divided into three regions
(front-anterior, front-posterior, and back; see Figure 1). For these regions, the wear was quantified using
the modified Hood-method [17], a method which has since been used for most macroscopic retrieval
analyses [19,20]. Eight types of damage were assessed: Burnishing, scratching, pitting, delamination,
surface deformation, abrasion, third-body embedded debris, and edge loading (Figure 2). Grading was
performed by two graders (JAE, JPK) blinded to the clinical and radiographic data. Scores of 1, 2, and 3
indicated damage areas of <10%, 10% to 50%, and >50% of the surface area, respectively. The total score
for each bearing was the sum of the eight individual damage scores over the three zones. The maximum
score for each surface was 72.
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Figure 1. The front and back of the meniscal bearings were divided into three sections. Surface damage
grading scores were assigned for each section using light stereoscopic examination and a subjective
grading score.

Figure 2. (A) Edge loading and abrasion in the anterior medial border of the inlay, pitting throughout
the inlay, small scratches; (B) delamination at the anterior medial border of the inlay (noticeable at
the brown change in color little pitting and scratching; (C) abrasion, scratching, and little pitting;
(D) embedded particles (small black dots, possibly metal debris), a lot of scratching and pitting;
(E) burnishing (see changes of regular manufacturing marks on the left side to a polished surface);
(F) surface deformation, edge loading, abrasion, and a little pitting and scratching.

The thicknesses of the tibial bearings as specified by the manufacturer for the current implant
design of the OUKA range from 3 to 9 mm. The thicknesses of the retrieved bearings in this study
ranged from 3 to 6 mm, 3 and 4 mm inserts were classified as low thickness inserts, 5 and 6 mm were
classified as high thickness inserts. The manufacturer does not further specify the thicknesses, however,
the nominal thickness of each bearing is always bearing thickness +0.5 mm. The mean variance of
+0.130 mm was added, as the nominal thickness does not resemble the true thickness of a new inlay.
We have found a mean variance of +0.130 mm in 10 brand new inlays, measured for this purpose.

To establish the linear penetration, the minimum thickness of each retrieved bearing was
subtracted from the initial bearing thickness. The thickness was measured using a digital dial gauge
(MarCator 1075 R, Mahr, Göttingen, Germany). A similar dial-gauge technique was reported by
Psychoyios et al. to determine the minimum thickness of similar bearings [21]. Each bearing was
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mounted on a precision comparator stand with a universal measuring arm and a probe with a spherical
tip of 4 mm in diameter was used. The dial gauge was determined to have a mean error of 0.0005 mm.
Each bearing was measured once by two independent observers (JAE and JPK) and the mean of these
values was taken as the minimum thickness of the bearing surface. Linear penetration was then
calculated using the following formula:

Linear penetration (LP) (mm) = TN + TC − TR
TN = Nominal thickness = Bearing size + 0.5 mm
TC = Tolerance correction thickness = 0.13 mm
TR = Thickness at retrieval =Measured thickness (mm)
As the inlay is a fully congruent bearing, covered in the backside base area by the tibial plate and

in the top area by the femoral component, the approximated volumetric wear rate was additionally
assessed as follows:

Approximated volumetric wear rate (AWR) = ((base area + top area)/2) × LP.
The base areas were established dependent on the size and the design (anatomic/non-anatomic)

of the bearing. Due to the necessity of a correction factor, especially in short time periods to revision,
a negative approximated volumetric change—meaning an increase in thickness of the retrieved
bearing—can occur. This was the case for n = 4 bearings (IDs 126, 199, 268, 1168). Four other inlays
(IDs 92, 100, 675, 1092) had a time to revision <1 month. These eight bearings were excluded from the
analysis of the penetration rate, as well as the approximated volumetric change.

3. Results

The data collected showed a comparable result between the two independent examiners (R = 0.82).
The predominant type of damage was burnishing, followed by scratching and pitting. Edge loading,
abrasion, and surface deformation were less common, while delamination and embedded particles
were seen very rarely (Figure 3). Burnishing showed the highest number for all portions of the bearing,
scratching—while seen in every specimen—was equally distributed over the Hood score. Pitting was
also evenly distributed, yet some inlays did not exhibit any signs of pitting.

Figure 3. Hood damage score for all parts of the inlay (front-anterior and -posterior; back).
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An ANOVA was conducted to compare damages for the four different bearing sizes. The mean
total damage scores did not differ significantly in the four groups in this cohort (p = 0.86; Figure 4).

Figure 4. The distribution of the mean total damage score for the four inlay sizes (n = 47).

The lowest damage score could be seen at the backside of the implant, while front-anterior and
front-posterior showed comparable results. As expected, the total damage score increased with the
ongoing time to revision (Figure 5), although there was only a weak correlation (R = 0.3; R2 = 0.09,
p < 0.05).

Figure 5. With the increasing time to revision, the total damage score increased (p < 0.05), but this
correlation was weak (R = 0.3).

The linear wear of the inlay increased with time (Figure 6).
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Figure 6. There is a strong correlation between the time to revision and penetration (R = 0.71; p < 0.001;
n = 47).

A Shapiro-Wilk test was performed to check for normal distribution with a p > 0.05.
The Shapiro-Wilk test revealed non-normal distribution and a Wilcoxon signed-rank test was performed
for the subsequent analyses. The low-thickness inlays showed a mean penetration of 37.5 μm per year,
whereas the high-thickness inlays exhibited lower penetration of 27.6 μm per year, the difference was
not significant (Figure 7, p = 0.173).

Figure 7. Linear wear shows comparable results for thin, as well as thick inlays (p = 0.173).

The total damage score and the linear penetration did not show any correlation (R = 0.137;
p = 0.383). The approximated wear volume for all inlays increased over time (R = 0.53, p = 0.001).
The mean approximated wear volume for low-thickness inlays was 26.3 mm3 per year (R = 0.59,
p = 0.001) and for high-thickness inlays 18.0 mm3 per year (0.53, p = 0.001) without significant
differences (Figure 8, p = 0.196).
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Figure 8. Thin and thick inlays show comparable wear volumes over time (p = 0.196).

Finally, there was no significant difference in survival time for the two different groups (Figure 9,
p = 0.264).

Figure 9. Kaplan-Meier blot for the two groups, showing no significant differences in survival
(p = 0.264).

4. Discussion

In this retrieval analysis, the most common damage forms in descending order were burnishing,
scratching, and pitting. This is consistent with earlier studies showing the same pattern of damage
in total knee replacement [22,23]. However, also different damage patterns have been described
and the pattern seems to be strongly influenced by the type of bearing [24,25]. In fully congruent
meniscal bearing, extreme forms of damage such as edge loading are only expected to occur in small
subsets of specimen, as they are rarely seen in cases of dislocation of subluxation of the inlays [26],
while others such as embedded particles are also associated with the implantation technique. In this
cohort, most types of damage distributed equally between the different surfaces (anterior, posterior,
and back—i.e., tibial articulating surface). Abrasion was rarely seen at the backside which is to be
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expected, given the fully congruent nature of the tibial articulating portion of the bearing. In UKA
as well as TKA, it has been advised against the use of thin inlays, due to the higher risk of thinning,
increased wear, and risk for revision favoring the use of thicker inlays [27,28]. However, in our study
we could find no such connections. While the linear penetration and the approximated volumetric
wear rates were higher for the low thickness bearings, these findings were insignificant. Likewise,
the survival rates for both groups showed comparable results. The total damage assessed by the Hood
score and the penetration per month did not show any correlation. While counter-intuitive, this has
been described by other groups before [29,30].

The penetration of 37.5 μm per year for low thickness and 27.6 μm per year for high thickness
bearings is in range with studies published previously. Engh et al. described rates of approximately
50–60 μm per year for the medial and 30 μm for the lateral compartment in a type of total knee
replacement [22], which is in line with results reported by Kop and Swarts who reported 54 μm for the
superior surface of LCS knees [31]. For the Oxford unicompartmental knee arthroplasty, Horsager et al.
described wear rates of 40 and 50 μm per year for the cemented and cementless versions, respectively,
which is slightly lower than what we have seen in our cohort [32]. The aforementioned study was
conducted using the radiostereometic analysis (RSA), which has been shown to produce accurate
results in total knee replacement wear analysis [33,34]. However, no study comparing wear assessed
by RSA and subsequently by the retrieval analysis has been conducted so far, to the best of our
knowledge, and a certain error in measurement has to be accepted. In the present study, a direct
measurement of the retrieved inlays was possible, which can be assumed as the most valid form to
measure inlay penetration.

There are several limitations to our study: Since not all of the prostheses were implanted in
our hospital, we could not assess clinical and radiological data. We analyzed both anatomical and
non-anatomical bearings and the polyethylene used in the different generations of bearings does differ.
Furthermore, as is the case for most retrieval studies, this was conducted as a retrospective analysis.
Accordingly, the radiological examinations were not standardized to the need of the analyzer but to
the need of the clinician. Hence, we could not properly assess pre- and post-operative valgus/varus,
which might have an influence on the types and extent of damage. Furthermore, a correlation between
patient satisfaction and experimental findings could not be investigated. Finally, as knee revision
surgery is a complex and rarely standardized procedure, damages to the bearing and the rest of the
implant can occur during the aforementioned surgery, although the differences between surgically
induced damage and damage through wear and tear can be distinguished quite easily as done in
this study.

To the best of our knowledge, this is the largest independent series of consecutively retrieved
bearings of the medial Oxford unicompartmental knee arthroplasty to date. We could not find
any significant differences in the two analyzed groups (high thickness—5 and 6 mm—and low
thickness—3 and 4 mm—inlays) with regards to damage score, types of damage, penetration,
approximated wear rate, and survival time.

5. Conclusions

In this retrospective retrieval analysis, we wanted to assess whether bearing thickness influences
the clinical outcome and biomechanical aspects, with a special focus on time to revision and wear.
We could not find significant differences for low- and high-thickness inlays. This study suggests that
inlays with the analyzed bearing thicknesses can safely be used in OUKA without an increased risk for
a decreased time to revision due to higher wear.
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Abstract: Two-stage revision is considered the gold standard treatment for chronic periprosthetic joint
infection (PJI). During the interim period, between explantation of the infected hip endoprosthesis and
revision arthroplasty, individually formed articulating hip spacers made of polymethylmethacrylate
(PMMA) bone cement can be used to provide better soft tissue preservation, local antibiotic release,
and improved postoperative mobilization. If effective prevention from luxation is achieved, hip
function and hence overall patient satisfaction is improved. Zirconium oxide particles inside
conventional PMMA bone cement, however, are known to enhance third-body wear, which may
cause alterations of the metal head in the articulating spacer and hence become a serious risk for the
patient. Therefore, the aim of our study was to analyze whether the articular surface of cobalt-chrome
(CoCr) femoral heads is significantly altered in the setting of a metal-on-cement articulation during
the interim period of two-stage revision for PJI. We analyzed a consecutive series of 23 spacer cases
and compared them with femoral heads from two series of conventional hip arthroplasty revisions
with metal-on-polyethylene articulations and different time intervals in situ. To investigate metallic
wear, the femoral heads were thoroughly examined, and their surface roughness was measured
and analyzed. We found no significant differences between the two conventional hip arthroplasty
groups, despite their very different times in situ. Furthermore, the individually different times in
situ within the spacer group had no significant impact on surface roughness, either. Compared
with the spacer group, the surface roughness of the metal femoral heads from both conventional hip
arthroplasty groups were even higher. Within the spacer group, roughness parameters did not show
significant differences regarding the five predefined locations on the metal head. We conclude that
metal-on-cement articulations do not cause enhanced surface alterations of the metal femoral head
and hence do not limit the application in articulating hip spacers in the setting of two-stage revision
for PJI.

Keywords: periprosthetic joint infection; cement spacer; articulating spacer; hip spacer; two-stage
revision; surface alteration; surface roughness; third-body wear; zirconium oxide particles;
metal-on-cement articulation
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1. Introduction

Periprosthetic joint infection (PJI) is a dreaded complication of total joint replacement that brings
numerous challenges to the affected patients and the orthopedic surgeons. One-stage revision has
recently gained more support because of its good clinical results and numerous advantages in carefully
selected patients. A widely accepted consensus was reached on several strict exclusion criteria such as
unknown or multiresistant organism-based infections, relevant comorbidities, sinus tract, and other
relevant soft tissue complications [1–3]. Therefore, two-stage revision is still widely considered
the gold standard treatment in the setting of chronic and complex periprosthetic joint infections.
Insall et al. first described this technique in 1983 [4]. Since then, numerous studies have reported that
two-stage revision has been used successfully and can result in infection eradication rates beyond
90% [5–7]. The treatment regimen includes aggressive debridement, taking of numerous samples for
histopathological and microbiological analysis, and removal of all implants in the first stage. To avoid
a Girdlestone hip, where the implant or joint resection is conducted without replacement, an antibiotic
loaded polymethylmethacrylate (PMMA) cement spacer can be implanted for the interim period.
The advantage of a spacing device is not only that the soft tissue envelope will be better preserved at the
time of reimplantation, but also that articulating spacers help prevent arthrofibrosis, limb shortening,
and osteolysis, leading to an overall improved outcome [7–9]. Mobile hip spacers create an articulation
between the femoral head and acetabulum, similar to the articulation in conventional total hip
arthroplasty, resulting in improved hip function during the interim period and consequently after final
reimplantation [10–12]. Several techniques for constructing mobile spacers have been described, [12–14]
providing a metal-on-polyethylene articulation with the major disadvantage of using a polyethylene
(PE) liner in the setting of infection, leading to an increased risk of biofilm formation on its surface.
An articulating spacer technique using an individually formed metal-on-cement articulation can be
used as an alternative. Here, a custom-made antibiotic-loaded cemented acetabular socket is formed
to provide a congruent articulating surface with a conventional metal femoral head. A deliberately
loosely cemented unsophisticated femoral stem serves to increase the strength of the construct and at
the same time reduces the risk of periprosthetic fracture. In practice, this spacer technique allows early
patient mobilization with a good range of motion and at least partial weight-bearing activity directly
from postoperative day one [own unpublished data].

The aim of the current study was to analyze whether the articular surface of the metal (CoCr)
femoral head is altered in the setting of a metal-on-cement articulation. This major concern arises because
PMMA bone cement contains hard zirconium-oxide-particles, which are known to be responsible
for enhanced third-body wear after total joint replacement [15–18]. Since we have had good clinical
experience with this described articulating spacer technique, our aim was to evaluate its biomechanical
usability. We hypothesized that surface roughness of the femoral heads from spacers would not
increase significantly compared to conventional metal-on-polyethylene articulations, allowing the
conclusion that no relevant wear has occurred. We therefore analyzed and compared the surface
roughness of metal femoral heads from articulating cement spacers with metal femoral heads from
conventional hip arthroplasty revisions with metal-on-polyethylene articulations.

2. Materials and Methods

All revision procedures were performed at the same university institution. First, a consecutive
series, from November 2017 to August 2019, of 23 articulating hip spacer cases was analyzed. All spacers
had a mobile metal-on-cement articulation and were implanted for the interim period in the setting of
PJI. Two series of conventional hip arthroplasty revision cases with metal-on-polyethylene articulations
with heterogeneous in situ time intervals were analyzed and compared as a reference. All implants
were collected on a standardized base. All operations were performed only for medical reasons by
specialized surgeons at our certified over-regional joint arthroplasty center. All patients have given
written consent for their retrieved implants to be used for different research purposes. This study was
approved by the local Medical Ethics Committee (S-091/2018).
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2.1. Clinical Data

The study included 23 femoral head components from performed spacer explantations in the
setting of two-stage revision for PJI (Table 1, No. 1–23). The interim period between explantation
and reimplantation was variable and based on clinical, radiological, and laboratory evidence that
infection had been overcome. In 6 cases, the collected intraoperative samples during explantation
surgery only showed histopathological evidence of infection without microbiological detection of any
microorganisms and in 3 cases more than one bacterium was found. In another case a fungus was
established as the cause of infection. During second-stage surgery the microbiologic samples of 4 cases
stayed positive, as reported in Table 2.

The mean interim period and hence mean time of spacers in situ was 79 (14–253) days. The spacer
components came from 13 men and 10 women. Mean patient age was 70 years at the time of spacer
implantation. As this spacer technique allows early patient mobilization, we tried to standardize
weight bearing as much as possible by giving the same instructions to all patients and by using the help
of a specially trained physical therapist performing standardized mobilization protocols to all patients.

Table 1. Clinical data of the 3 groups: articulating spacer patients (No. 1–23), conventional hip
arthroplasty patients with short implant time in situ (No. A–C), and long time in situ (No. D–L).

No. Patient Age Patient Gender Femoral Head Size Time In Situ

(years) (m =male, f = female) (mm) (d = days, y = years)

1 76 m 32 44 d
2 67 f 32 17 d
3 68 m 32 86 d
4 78 m 28 84 d
5 67 m 28 14 d
6 57 m 28 71 d
7 54 f 28 28 d
8 69 f 28 140 d
9 61 m 28 113 d

10 82 m 28 117 d
11 63 f 28 130 d
12 64 f 32 68 d
13 65 m 28 253 d
14 69 f 28 51 d
15 58 f 28 112 d
16 68 m 28 77 d
17 69 f 28 76 d
18 75 m 28 35 d
19 65 f 28 26 d
20 81 f 28 84 d
21 78 m 28 62 d
22 78 m 28 57 d
23 75 m 28 70 d

Mean (Range) 69 (54–82) m = 13, f = 10 28 mm = 19, 32 mm = 4 79 d (14–253)

A 71 m 32 350 d
B 67 f 32 459 d
C 77 m 32 89 d

Mean (Range) 72 (67–77) m = 2, f = 1 32 mm = 3 299 d (89–459)

D 77 m 32 9 y
E 84 m 32 15 y
F 78 m 28 10 y
G 74 f 28 7 y

H 74
76 f 28 15 y

I 76 f 28 17 y
J 85 m 32 5 y
K 77 m 28 13 y
L 76 m 32 8 y

Mean (Range) 78 (74–85) m = 6, f = 3 28 mm = 5, 32 mm = 4 11 years (5–17)

15



Materials 2020, 13, 3882

Table 2. Microbiological results from collected intraoperative samples during a) first- and b) second-stage
surgery in the articulating spacer group.

(a) First-Stage Surgery (Explantation) (b) Second-Stage Surgery (Reimplantation)

Microorganism Number Percentage (%) Number Percentage (%)

None 6 26.1 19 82.6
Coagulase-positive staphylococci 2 8.7

Staph. aureus 2 8.7
Coagulase-negative staphylococci 11 47.8 3 13

Staph. lugdunensis 2 8.7
Staph. capitis 2 8.7
Staph. epidermidis 7 30.4 3 13

Other 4 17.4
Bacillus spec. 1 4.3
Cutibacterium acnes 3 13

Fungal infection 1 4.3 1 4.3
Candida albicans 1 4.3 1 4.3

Polymicrobial infections 3 13

In all 23 cases, the metal-on-cement articulation was constructed using a 28 or 32 mm CoCr
femoral head (S-2XL, DePuy Synthes, West Chester, PA, USA) with a corresponding femoral stem
(Weber Stem CS/CM/SM, Zimmer, Warsaw, IN, USA) and a custom-made acetabular socket formed out
of 40–80 g of antibiotic-loaded PMMA cement (Palacos cement, Heraeus, Hanau, Germany) with 3 g
Vancomycin powder per 40 g of cement, as shown in Figure 1 (own unpublished data).

Figure 1. Pelvic X-ray with articulating spacer in situ (left) and the same spacer after explantation (right).
The custom-made acetabular socket (a) is made of antibiotic-loaded PMMA (polymethylmethacrylate)
bone cement and creates the metal-on-cement articulation with the CoCr femoral head (b). PMMA
bone cement (d) is also used to fix the femoral stem into the femur (c).

After a sufficient number of samples are taken and radical debridement is completed, the spacer
is constructed as follows: First, the acetabular shell is loosely formed by hand and put as dough into
the acetabular groove. Before PMMA polymerization has occurred, surplus cement is removed at the
acetabular edges and an articulation groove is formed in the middle of the acetabular spacer using a
plunger with a slightly larger diameter of its head than the original metal head of the later articulation.
To form a smooth groove, the plunger is continuously rotated and moved until PMMA polymerization
has finished and the acetabular component is fixed. Later, this allows free movement of the metal
head inside the cement groove. Then, as the second step, the femoral component is built by applying
cement on the metal stem. To facilitate later removal, no cement is applied around the tip of the
stem. After a couple of minutes, the cement becomes more solid and the stem is carefully pushed
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into the femur. To avoid cement penetration into the bone, the stem is continuously moved back and
forwards until PMMA polymerization has completed. From our experience, this “deliberately loose
cementing technique” provides sufficient fixation in the bone and allows easy removal in the second
stage. After both spacer components (acetabular and femoral) are in place, a metal head is put on the
stem and the reduction maneuver is carefully performed. Finally, it is extremely important to check
for sufficient hip stability in flexion, extension, and rotation to minimize the risk of spacer luxation.
If the articulation of the metal head inside the cement groove is not stable enough (e.g., it can be easily
luxated), the spacer cannot be retained and must be replaced by a new one.

To allow comparisons with metal-on-polyethylene articulations in short- and long-term settings,
the study also included two series from conventional hip arthroplasty revisions with a CoCr femoral
head and a metal-on-polyethylene articulation (Table 1, No. A–C and No. D–L), with short and long
implant periods in situ. All revision surgeries were carried out due to confirmed or highly suspected
PJI. The mean period in situ was 299 (89–459) days and 11 (5–17) years in the short and in the long
implant period group, respectively. Mean age of the patients at explantation was 72 and 78 years,
respectively, as reported in Table 1.

2.2. Femoral Head Analysis

To determine alterations of the metal head as a sign for possible metallic wear, the femoral
heads were analyzed for surface roughness and deviations in shape caused by in situ wear. A tactile
roughness measurement instrument (Perthomether M2 profilometer; Mahr, Göttingen, Germany)
was used to characterize the surface of the femoral heads with 12 nm of accuracy at 5 predefined
locations on the implants, as shown in Figure 2. Care was taken to avoid measuring areas that most
probably had been damaged during revision surgery and not by in situ wear. All measurements were
performed according to ISO 4287 [19] with a scanning length of 1.25 mm. The parameters, which were
used to describe and interpret the surface alterations of the femoral heads, are described in Table 3.
The common parameter average roughness (Ra) and average maximum profile height (Rz) provide a
general basis to evaluate and interpret surface topographies. Since the definition of Ra is based on
arithmetic averaging and Rz on an average of five maximum heights, these values are by definition
unable to distinguish between peaks and valleys. Thus, the core roughness depth (Rk) that has been
established to characterize load-carrying surfaces has been used [20,21].

Table 3. This table summarizes the used surface characteristics parameters [19–21].

Parameter Definition Description Standard

Ra
Arithmetic average
profile roughness

Arithmetic average of the absolute values
of the roughness profile ordinates EN ISO 4287

Rz
Average maximum
height of the profile

Average of the 5 highest peaks and 5
deepest valleys in the profile EN ISO 4287

RSm Mean line peak spacing The mean spacing between the profile
peaks over the sampling length EN ISO 4287

Rp
Maximum peak height of
the profile

The height of the highest peak above the
mean line within the sampling length EN ISO 4287

Rk Core roughness depth

The depth of the roughness core profile
within the evaluation length, excluding the
height of protruding peaks and deep
valleys. Rk is obtained from the material
ratio curve (Abbott curve)

EN ISO 13565

The metallic surface of the CoCr femoral heads was further examined, and light optical images
were taken with a digital microscope (VHX-5000, Keyence, Osaka, Japan) at a magnification ×200.

2.3. Statistical Analysis

All descriptive data is presented as the arithmetic mean and standard deviation. The Kruskal–Wallis
test was used to compare the means between the groups. Pearson correlations were used to determine
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statistical correlations between clinical parameters (time in situ, patient age, femoral head size) and
roughness parameters. The level of significance was set at p < 0.05 for all statistical tests. The statistical
analyses were performed using SPSS software (version 25.0; SPSS Inc, Chicago, IL, USA).

3. Results

3.1. Roughness Measurements

First, differences in the spacer group between roughness measurements of the five investigated
locations on the femoral head (Figure 2) were analyzed. No significant statistical differences were
found, as shown in Table 4.

Figure 2. Shows the 5 predefined locations where the roughness measurements were performed.

Table 4. Analysis of roughness parameters in the spacer group at the 5 predefined locations. Statistical
significance is assumed for p < 0.05 and was not found.

Roughness Parameters in μm (Mean ± Standard Deviation)

Predefined Measurement
Places on the Femoral Heads

Ra Rz RSm Rp Rk

No. 1–2 0.054 ± 0.01 0.230 ± 0.07 255.5 ± 157.3 0.200 ± 0.08 0.064 ± 0.02
No. 3–4 0.052 ± 0.01 0.222 ± 0.11 372.8 ± 301.8 0.195 ± 0.09 0.063 ± 0.02
No. 5–6 0.046 ± 0.01 0.208 ± 0.07 280.0 ± 258.8 0.175 ± 0.06 0.058 ± 0.01
No. 7–8 0.050 ± 0.02 0.221 ± 0.15 177.8 ± 118.5 0.175 ± 0.09 0.066 ± 0.03
No. 9–10 0.048 ± 0.01 0.212 ± 0.10 286.6 ± 203.5 0.176 ± 0.07 0.062 ± 0.02

p value 0.153 0.541 0.072 0.342 0.654

The surface roughness parameters between the spacer group and the two conventional hip
arthroplasty revision groups were compared. Since significant differences were found, a further
pairwise comparison was conducted. No significant differences were shown regarding the two
conventional hip arthroplasty groups and their different implant times in situ. Compared with the
spacer group, the surface roughness of the femoral heads in the metal-on-polyethylene bearings was
significantly increased with regard to all measured roughness parameters, except for Ra, which was
also higher, but without reaching significance. The results are summarized in Tables 5 and 6.
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Table 5. Comparison of roughness parameters between the spacer group and two conventional hip
arthroplasty revision groups (PE-Group Short = short implant time in situ, PE-Group Long = long
implant time in situ).

Roughness Parameters in μm (Mean ± Standard Deviation)

Ra Rz RSm Rp Rk

Spacer Group 0.050 ± 0.01 0.221 ± 0.12 273.2 ± 222.3 0.183 ± 0.08 0.063 ± 0.02

PE-Short Group 0.061 ± 0.03 0.312 ± 0.14 189.5 ± 95.7 0.233 ± 0.06 0.084 ± 0.04

PE-Long Group 0.056 ± 0.03 0.355 ± 0.19 128.9 ± 106.1 0.244 ± 0.13 0.089 ± 0.09

p-value 0.062 <0.01 * <0.01 * <0.01 * <0.01 *

*: The level of significance was set at p < 0.05

Table 6. Pairwise Comparison between all 3 Groups (Spacer, PE-Short, PE-Long).

Rz RSm Rp Rk

Pairwise Comparison p value p value p value p value

Spacer vs. PE-Short <0.01 * <0.01 * <0.01 * <0.01 *
Spacer vs. PE-Long <0.01 * <0.01 * <0.01 * <0.01 *

PE-Short vs. PE-Long 0.532 0.234 0.756 0.811

*: The level of significance was set at p < 0.05

Furthermore, light optical images were taken of the metallic articular surface using a magnification
× 200. An example of this is shown in Figure 3, in which surface alterations in the spacer group are
markedly less prominent in comparison to both conventional hip arthroplasty groups. A conventional
hip endoprosthesis with a metal-on-metal articulation was used as a reference and showed even more
surface roughness evident as more scratches and grooves than all three groups.

Figure 3. Representative examples of light optical images of the metal femoral heads at a magnification×200.
(a) Spacer with metal-on-cement articulation, (b) conventional hip arthroplasty with metal-on-polyethylene
articulation, and (c) conventional hip arthroplasty with metal-on-metal articulation.

3.2. Correlations to Clinical Data

We further looked for correlations between roughness parameters within the spacer group and
available clinical parameters, such as patient age, time of the implant in situ, and femoral head size.
Again, no significant statistical correlations were found (Table 7).
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Table 7. Calculated p values for statistical correlations between roughness parameters and clinical
parameters in the spacer group. Statistical significance is assumed for p < 0.05 and was not found.

Roughness Parameters

Clinical Parameters Ra Rz RSm Rp Rk
Time In Situ 0.507 0.767 0.658 0.932 0.816
Patient Age 0.864 0.267 0.748 0.863 0.254

Femoral Head Size 0.088 0.087 0.811 0.469 0.052

4. Discussion

This study analyzed and compared the surface roughness of metal femoral heads from explanted
articulating spacers and conventional hip arthroplasty revisions. All surgery was performed because of
confirmed or highly suspected PJI. We assumed that a higher surface roughness would most likely lead
to more metallic and cement wear. All analyzed articulating spacers had metal-on-cement articulations,
which could be prone to enhanced third-body wear because of hard zirconium oxide particles in
the PMMA bone cement. The goal of our study was to evaluate biomechanical usability against the
background of this assumption.

Interestingly, no significant differences between the two conventional hip arthroplasty groups
were found, despite their very different times in situ. Compared with the spacer group, the surface
roughness of both conventional hip arthroplasty groups was significantly higher. This allows the
conclusion that in the setting of two-stage revision for PJI, metal-on-cement articulations in articulating
spacers show less surface modification on the metallic head than metal-on-polyethylene articulations in
conventional hip arthroplasties. The amplified light optical images of the metal femoral heads confirm
these results. Femoral heads from the spacer group show unambiguously fewer surface alterations
than both conventional hip arthroplasty groups. The problem of enhanced third-body wear in joint
replacement, known to be caused by zirconium oxide particles in PMMA bone cement, seems to be
neglectable in the setting of two-stage revision for PJI. This is probably because of the rather short
interim period and thus time in situ.

Wear is also thought to be influenced by the patient’s activity level and thus implant exposure in situ.
The articulating spacer system allows hip joint movement (usual range of motion: extension/flexion:
0/0/90◦) and partial weight bearing (usually 20 kg body weight). This is an improvement when
compared to a Girdlestone hip, but remains more restricted than in patients who received conventional
total hip replacement. Limited activity and partial weight bearing in the spacer group could also
be an important reason for the differences in surface roughness compared with the conventional
hip arthroplasty groups. Nevertheless, these findings justify the described spacer technique using a
metal-on-cement articulation despite the enhanced risk for early (low level) third-body wear.

The roughness parameters within the spacer group showed no significant differences regarding
the five analyzed locations on the femoral head. In contrast, patients suffering from osteoarthritis
have very well described locations on the femoral head, where increased cartilage wear is found.
This implies that the measured surface roughness, and therefore wear, was most probably too minute
to permit significant differences in the setting of articulating spacers.

No significant correlations between clinical data (implant time in situ, patient age, or femoral
head size) and roughness parameters within the spacer group were found. As discussed, one would
assume that longer times in situ would enhance implant exposure and thus create increased surface
roughness and wear. Once again, the uniformly low patient activity level during the interim period
was probably responsible for this lack of significance. Furthermore, the period of time of all spacers in
situ was well under a year and thus possibly not long enough to create significant surface alterations.

To summarize, CoCr femoral heads from articulating spacers showed decreased surface roughness
parameters in comparison to retrieved metal femoral heads from conventional hip arthroplasties.
The small amount of surface alterations on the CoCr femoral heads allows the assumption that metallic
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wear is considerably low. These findings implicate that metal-on-cement articulations in interim
spacers are biomechanically usable in the setting of two-stage revision for PJI.
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Abstract: This study investigated the fixation of a cemented PEEK femoral TKA component. PEEK and
CoCr implants were subjected to a walking gait cycle for 10 million cycles (MC), 100,000 cycles or
0 cycles (unloaded control). A method was developed to assess the fixation at the cement–implant
interface, which exposed the implants to a fluorescent penetrant dye solution. The lateral condyles
of the implants were then sectioned and viewed under fluorescence to investigate bonding at
the cement–implant interface and cracking of the cement mantle. When tested for 100,000 cycles,
debonding of the cement–implant interface occurred in both PEEK (61%) and CoCr (13%) implants.
When the duration of testing was extended (10 MC), the percentage debonding was further increased
for both materials to 88% and 61% for PEEK and CoCr, respectively. The unloaded PEEK specimens
were 79% debonded, which suggests that, when PEEK femoral components are cemented, complete
bonding may never occur. Analysis of cracks in the cement mantle showed an absence of full-thickness
cracks in the unloaded control group. For the 100,000-cycle samples, on average, 1.3 and 0.7 cracks
were observed for PEEK and CoCr specimens, respectively. After 10 MC, these increased to 24 for
PEEK and 19 for CoCr. This was a preliminary study with a limited number of samples investigated,
but shows that, after 10 MC under a walking gait, substantial debonding was visible for both PEEK
and CoCr implants at the cement–implant interface and no significant difference in the number of
cement cracks was found between the two materials.

Keywords: total knee arthroplasty; polyetheretherketone; fixation; debonding; implant–cement
interface; PMMA

1. Introduction

In cemented total knee arthroplasty (TKA), fixation is achieved by mechanical interlock of
the implant with the bone via a layer of polymethylmethacrylate (PMMA) bone cement. During
surgery, the doughy cement is typically applied to bone and/or implant surfaces after which the
implant is pushed into place. The result is an implant that is well-fixed to the underlying structure,
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which clinically has demonstrated good long-term survival [1–4]. To ensure adequate long-term fixation,
the implant–cement interface can be strengthened by a number of options. Femoral components are
usually designed with cement pockets for macro-interlock, and a surface texture is added to enhance
the fixation strength through micro-interlock. Standard application of these features has amounted to
decades of evidence of firm and reliable fixation [1–4]. Additional efforts have been made in the past
to further enhance implant fixation by making the material adhere to the cement via chemical bonds
rather than just shape-match at a macro- and microscale [5–9]. However, technologies such as PMMA
or silane pre-coatings in cemented arthroplasty have not been largely adopted in conventional implant
designs, at least in part due to the absence of evidence on clinical efficacy [10,11]. Hence, most femoral
TKA implants on the market rely on mechanical interlock of the implant to the cement and consequent
fixation of the cement to the bone [12–15].

For conventional femoral component materials (cobalt chrome, CoCr), a micro-texture is often
applied to the fixation surface (Figure 1), and, with this modification, there have been few clinical
reports of debonding at the cement–implant interface [16–21]. An increasing interest in the investigation
of different materials and manufacturing techniques for joint replacements however brings about the
potential for different failure modes of the implant. PEEK-OPTIMA™, for example, has been considered
as an alternative to CoCr in the femoral component of a TKA to give a metal-free implant [22–28].
The lower modulus of a PEEK implant compared to CoCr may help to reduce stress shielding but may
also change the distribution of forces at the cement–implant interface, which may influence implant
fixation. There are potential advantages of investigating different implant materials. With PEEK,
for example, the injection molding process used in manufacturing can apply macro- and micro-textures
to the fixation surfaces in a one-stage manufacturing technique (Figure 1). A previous study into fixation
strength of a PEEK implant with modifications of the fixation surface including the addition of macro-
and micro-textures demonstrated an altered distribution of forces at the cement–implant interface
compared to CoCr implants. Despite a decrease in fixation strength of PEEK femoral components,
the failure modes of the different implant materials were similar, and it was concluded that the bond
between implant and cement may be sufficiently strong for clinical use [26].

Figure 1. Surface texture of the CoCr (A) and PEEK (B) implants. The additional cement-bonding
features of the PEEK implant are visible, comprising a macroscopic rib features within the cement
pockets and a microscopic pattern superimposed over the surface. Adapted from de Ruiter et al.
(2017) [26].

The fixation at the cement–implant interface is understudied. However, debonding of the
femoral component may lead to gross implant loosening, abrasion at the cement–implant interface and
failure of the cement mantle. Previous mechanical testing indicated that gross loosening of a PEEK
femoral component is very unlikely if the fixation surface has been optimized to provide sufficient
mechanical interlock [26]. However, micromotions of a loosened implant could cause abrasion of
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the cement–implant interface leading to the subsequent release of PEEK and/or cement particles,
which may accelerate wear debris induced osteolysis and/or lead to failure of the cement mantle and
could produce cement particles leading to third-body wear [29,30]. These potential complications
underline the importance of understanding the implant–cement interface, particularly for a PEEK
femoral TKA component.

The aim of this study was to determine the quality of the implant–cement interface of a PEEK
femoral TKA component and compare it to a CoCr implant. Implants were subjected to clinically
relevant loading and motions for up to 10 million cycles (MC) in a knee simulator and a method was
developed to assess the bonding between the implant and cement and the integrity of the cement
mantle. It was hypothesized that, due to the difference in thermal conductivity and modulus of the
implant materials, the bonding at the cement–implant interface and the cracking of the cement would
differ between implant materials and that PEEK would show more debonding and cracks in the cement
mantle than CoCr. This was a preliminary study to establish a method to evaluate the implant–cement
interface and as such was carried out with a small sample size.

2. Materials and Methods

2.1. Materials

Mid-size (size C) injection molded PEEK-OPTIMA™ femoral components (collaboration partners
Maxx Orthopedics Inc., Plymouth Meeting, PA, USA and Invibio Knee Ltd., Thornton-Cleveleys, UK)
and MAXX freedom knee (CoCr) femoral components (Maxx Orthopedics Inc., Plymouth Meeting,
PA, USA) were used in this study. The implants had a similar geometry, although the macro-features
and texture on the fixation surface differed (Figure 1) and was optimized for each femoral component
material. The samples were cemented to custom made polyoxymethylene (Delrin®) fixtures using
Palacos R&G cement (Heraeus, Hanau, Germany). Delrin was chosen as the substrate due to having
mechanical properties suitable for 10 MC wear simulation and a low porosity as the testing was carried
out in various liquids. While the machined surface of the Delrin fixture may not be clinically relevant,
the fixtures were consistent for all samples and the fixture–implant interface was not of interest in this
study. The geometry of the Delrin substrate was designed using CAD and based on the geometry of the
implant, allowing for a 1-mm cement mantle. The subsequent CAD model was CNC-machined using
a five-axis machine. The cement used was the same as that used clinically. It was mixed manually,
and the doughy cement was applied to the implant in excess. The implant was pressurized onto
the Delrin fixture and shims were used to create a cement mantle with a consistent 1-mm thickness.
The process was carried out at room temperature with the same technique applied irrespective of the
implant material.

When tested under physiological loading and motion, the femoral components were coupled
with Size C all-polyethylene tibial components (Maxx Orthopedics Inc., Mahwah, NY, USA). To assess
the debonding of the femoral component–cement interface, the implants were immersed and/or tested
in a fluorescent penetrant dye (WB200, Sherwin Babbco) in saline solution at 1:10 concentration.

2.2. Experimental Design

Three experimental groups with three samples in each were defined, as shown in Table 1. Group 1
components were soaked in the penetrant dye for 27.8 h (equivalent to the duration of 100,000 gait
cycles carried out at 1 Hz). This was carried out for PEEK implants only, to assess the initial bonding
between the cement and implant (“unloaded control”). Only PEEK implants were investigated in
this experimental group because a previous in-house cadaveric experiment demonstrated poor initial
fixation for PEEK specimens and good initial fixation between the implant and cement for CoCr
components. It was assumed that loading of the CoCr device was required to disrupt the fixation at
the cement–implant interface and to encourage the dye into the interface. Group 2 (“Gait control”)
comprised both PEEK and CoCr femoral components, which, following cementing onto fixtures,
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underwent physiological gait loading and motion (Figure 2) in the penetrant dye for 100,000 cycles
at 1 Hz (27.8 h) using a six-station ProSim electropneumatic knee simulator (Simulation Solutions,
Stockport, UK). The simulator has six degrees of freedom, and four axes of motion were controlled
during the test: Axial Force (AF), Flexion Extension (FE), Tibial Rotation (TR) and Anterior Posterior
displacement (AP). Performing 100,000 cycles facilitated dye uptake in debonded or cracked areas.
To determine the number of gait cycles required for the dye to enter the cement–implant interface,
an experiment was carried out in which PEEK implants were cemented to a bone-analog foam and
loaded uniaxially (260–2600 N at a frequency of 1 Hz) in the fluorescent dye for 100,000 cycles. At the
conclusion of this preliminary study (Figure 3), for PEEK implants, a fluorescent line could be seen
between the cement and implant where the dye had entered the interface. It was assumed that dye
uptake would be higher when the sample was loaded in a simulator and subjected to simultaneous
loading and motion rather than the uniaxial loading used during method development. It was not
feasible to use a bone-analog foam as the substrate for the 10 MC simulation, thus, to maintain
consistency between samples, Delrin was used as the substrate throughout. Group 3 comprised
PEEK and CoCr femoral components that had been previously tested for 10 MC in a ProSim knee
simulator under physiological loading and motion to represent the kinetics and kinematics at the
bearing surface of the tibiofemoral joint during a walking gait cycle. High flexion activities and forces
at the patellofemoral joint were not considered in this study. The experimental wear simulation study
was carried out under “Leeds high kinematic” conditions (Figure 2) in a lubricant of 25% bovine
serum supplemented with 0.03% sodium azide solution against all-polyethylene tibial components [31].
These test conditions were similar to those previously described by Cowie et al. (2016) [23]. Following
wear simulation, the samples were cleaned using detergent ensuring the PEEK and CoCr implants
were treated the same in side-by-side studies. This test group (“10 MC gait”) subsequently underwent
a further 100,000 cycles under the same loading and motion while immersed in the penetrant dye.
All groups were thus exposed to the dye solution for the same duration.

Table 1. The experimental groups and sample size for each femoral component material.

Group 1 Group 2 Group 3

Unloaded control Gait control 10 MC gait
PEEK 3 3 3
CoCr - 3 3

Figure 2. Input profiles for cyclic loading on the knee simulator. The parameters are axial force (AF),
tibial rotation (TR), flexion-extension angle (FE) and anterior-posterior displacement (AP).
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Figure 3. Proof-of-concept lateral condyle PEEK specimens cemented on bone-analog foam after
100,000 cycles in fluorescent dye: (Left) the implant under UV lighting showing complete interface
dye fluorescence (score 3); and (Right) the same sample without UV lighting and how the interface
was divided into 6 regions for analysis (1, anterior flange; 2, anterior chamfer; 3, distal area; 4, peg;
5, posterior chamfer; 6, posterior flange).

2.3. Analysis of Dye Penetration (Fluorescence)

Having been immersed in the dye, the specimens were sectioned in the sagittal plane through the
center of the lateral condyle with a cutting blade under water cooling. The lateral condyle was chosen
over the medial condyle because, when cross-sectioned, all internal implant faces are visible (Figure 3);
for the medial condyle, the geometry of the implant means that when cross-sectioned through the center
of the condyle, the anterior chamfer cannot be seen. A UV light was used to excite the fluorescent dye
(320–420 μm) and imaging performed using a generic microscope at 1.5 × 10 magnification. A scoring
system was devised to assess whether fluorescent dye was visible at the implant–cement interface.
The femoral components were divided into six distinct regions for analysis (Figure 3): the anterior
flange, the anterior chamfer, the distal area, the peg, the posterior chamfer and the posterior flange.
No differentiation was made for the intensity of the UV-light since debonding was assumed to be
complete in regions where fluorescence was observed regardless of the light intensity. Scoring was
carried out manually by two scorers and each area was ranked between 0 and 3 (0: no fluorescence;
1: up to 33% of the interface fluorescent; 2: up to 67% of the interface fluorescent; and 3: complete
fluorescence). There was a high level of inter-observer reliability resulting in few discrepancies between
the two scorers. When differences were identified, researchers deliberated and agreed on a final score.
Separate area scores were summed for the entire interface and averaged to obtain a single score for
each specimen.

2.4. Analysis of Cement Damage (Full-Thickness Cracks)

Cement damage was scored for each of the six regions on the femoral component described in
Figure 3 by assessing the number and location of cracks that crossed the full thickness of the cement
mantle. Again, two scorers independently examined the implants. Few differences between scorers
were identified and were reviewed and debated until a consensus was reached. The dataset was
checked and corrected for double hits in overlapping images. The number of cracks in each region was
averaged for all specimens in the study group. Average scores were compared between PEEK and
CoCr, for both the entire cement mantle and each separate region.

2.5. Statistics

The data are presented as the mean (±standard deviation) for both fluorescence and full-thickness
cracks. Statistical analysis was carried out in SPSS 24.0 (IBM Corp, Armonk, NY, USA) using a t-test to
compare PEEK and CoCr for each experimental group, under the hypothesis that PEEK would show
more fluorescence and cracks than CoCr. Groups were analyzed with a 0.05 significance level.
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3. Results

3.1. Analysis of Dye Penetration (Fluorescence)

Unloaded PEEK control specimens (Group 1) showed high levels of dye penetration at the
implant–cement interface without the components undergoing loading and motion (Figure 4).
On average, 79% (±11%) of the PEEK–cement interface was fluorescent after being soaked in dye
(unloaded) for 28 h (Figure 5). After 100,000 gait cycles, for the PEEK gait controls (Group 2), the average
fluorescence area was 61% (±23%). This was lower than the unloaded controls (Group 1), but with
a larger variability between samples. The CoCr Group 2 gait control samples showed limited dye
penetration at the interface (13% (±6%)) after 100,000 gait cycles (Figure 4). After an extended number
(10 MC) of test cycles under physiological loading and motion (Group 3), the implant–cement interfaces
were easily distinguishable for both femoral component materials (Figure 4). For Groups 2 and 3,
the PEEK components showed significantly (p < 0.05) more fluorescence than the CoCr implants.
Comparing the gait controls (Group 2) to the implants loaded for an extended number of cycles
(Group 3), the PEEK femoral components showed a slight increase in percentage fluorescence, from 61%
(±23%) to 88% (±5%), while the CoCr implants displayed a steep increase after 10 MC of simulation,
from 13% (±6%) to 62% (±6%) interface fluorescence (Figure 5). The variability between the samples
for the Group 3 implants was lower than the other groups for both material types.

Figure 4. Test specimens under UV lighting show dye fluorescence intensity as blue-to-pink coloration
with the pink area highlighting the highest dye uptake. Both cement–Delrin (red arrows) and
implant–cement (yellow arrows) interfaces are visible. A section of the anterodistal cement mantle
is shown at the three time intervals to demonstrate the appearance of dye penetration in both the
PEEK and CoCr group. The variability within the PEEK soaked control group is noticeable, ranging
from near-full bonding (Specimen 3) to complete debonding (Specimen 2). A clear evolution of dye
penetrance in the CoCr can be seen, where no implant–cement interface is visible in the loaded controls,
but full interface fluorescent is visible in the Group 3 samples.
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Figure 5. Average interface fluorescence scores of the complete implant–cement interfaces at difference
intervals. The bars show the range of observations with the individual specimens shown as circles
(statistical analysis compares PEEK to CoCr; * denotes p < 0.05).

3.2. Analysis of Cement Damage

Full-thickness cracks were observed in the cement mantles against both the PEEK and CoCr femoral
components for the gait controls and 10 MC test groups. The locations of these cracks however were
markedly different with cracks at the interface chamfers more often observed with a CoCr component
than with a PEEK implant. With CoCr, the cracks tended to run the full thickness of the cement mantle,
as opposed to with PEEK where the cracks at the chamfers were mostly incomplete (Figure 6A). In the
PEEK femoral components, at the apex of the ridges which were incorporated into the cement pockets
to enhance fixation, full-thickness cracks were common in the Group 3 femoral components which had
been previously tested for 10 MC (Figure 6B). Both CoCr and PEEK reconstructions showed similar
crack patterns in the anterior and posterior flange areas. In this region, the cracks underneath the PEEK
components generally resulted in full-thickness cracks, while those underneath the CoCr implants
showed both full-thickness cracks and numerous small cracks (Figure 6C).

No full-thickness cracks were observed in the unloaded control PEEK femoral components
(Figure 7). In the gait control femoral components, some full-thickness cracks appeared: 1.3 (±1.9)
and 0.7 (±0.9) cracks on average for PEEK and CoCr, respectively. This difference however was not
significant (p > 0.05). After 10 MC under gait conditions, the number of cracks in both reconstructions
had substantially increased. The average number of cracks in the cement layer below the PEEK
femoral components was 24 (±4.5), while the CoCr reconstructions demonstrated a mean of 19 (±3.7)
full-thickness cracks. Again, this difference was not significant (p > 0.05).
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Figure 6. Representative images of CoCr (left) and PEEK (right) reconstructions after 10 MC, showing
dye penetration in cement mantle cracks at three locations (A–C) around the femoral component as
indicated by the red squares in the detail-figures. The red arrows indicate full-thickness cracks in the
PMMA cement, the yellow arrows incomplete cracks. The reduced cement mantle thickness, caused by
the ridges in the PEEK surface, is visible in (B) (right).

Figure 7. The average number of full-thickness cracks for the three experimental groups. The bars
show the range of observations with the individual specimens shown as circles.
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Further examination of the crack locations after 10 MC revealed that most cracks occurred in
the cement mantle below the anterior flange of the implant (Figure 8). For both femoral component
materials, the average number of cracks was 12.7 in this region. For the CoCr components, few cracks
were visible around the anterior chamfer, while the PEEK implants showed cracks in the cement in this
area at the apex of the fixation ridges, as shown in Figure 6B. The posterior flange cement area also
showed more cracking with the PEEK implant than with CoCr. After 10 MC, the femoral component
material did not influence the number of cracks in the distal area, peg or posterior chamfer regions
(p > 0.05).

Figure 8. The average number of full-thickness cracks separated for each region after 10 MC. The bars
show the range of observations with the individual specimens shown as circles.

4. Discussion

The aim of this study was to assess and compare the femoral component cement–implant interface
for TKAs manufactured from PEEK and CoCr. The two femoral component materials were shown
to have different effects on the cement mantle due to differences in the material properties of the
components and variations in both the geometry and topography of the fixation surface. In summary,
the CoCr implants showed less dye penetration at the cement–implant interface than PEEK components,
indicating superior adhesion between CoCr and cement. However, debonding of the cement–implant
interface was evident for all implants when tested for high numbers of cycles. The integrity of
the cement mantle was also analyzed. Cracks were evident in the cement beneath both PEEK and
CoCr femoral components. There was no significant difference between the number of cracks in the
cement–CoCr or cement–PEEK interface, but the location of the cracks differed depending on the
implant material.

4.1. Analysis of Dye Penetration

The PEEK unloaded soaked control specimens showed that PMMA cement did not fully bond
to the PEEK implant. Dye penetration did not differ between unloaded (Group 1) PEEK femoral
components and those tested for 10 MC, (Group 3) specimens. Therefore, 10 MC experimental
simulation had no additional effect on the bonding state of the PEEK implant–cement interface and in
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no samples was gross implant loosening observed. A previous pull-off fixation study by De Ruiter et al.
(2017) concluded that PEEK femoral components with the same profile on the fixation surface as used
in this study have adequate fixation strength [26]. The information from these two studies combined
suggests that debonding of the PEEK–cement interface does not necessarily limit the long-term
mechanical fixation of the construct as a whole, although, in both studies, non-physiological bone
surrogates were used. This is further emphasized by the fact that substantial interface debonding was
seen with CoCr implants following testing for 10 MC. CoCr femoral components are known to be
mechanically stable when implanted for periods in excess of 10 years. Clinical evidence from successful
polyethylene (PE) implants show similar debonding scenarios. All-polymer PE tibial TKA components,
for example, have been available for several decades and have very positive outcomes, despite PE
having no intrinsic bond with the cement [32–34]. Similarly, cemented all-polymer PE acetabular cups
for hip arthroplasty, which are dependent on surface textures for fixation, also show excellent survival
rates [1,3,35], and a clinical trial of a Delrin femoral component showed a low incidence of loosening
after 10 years implantation [36].

The cause of the immediate PEEK–cement interface debonding can be attributed to the lack of
adhesion between the cement and implant, which means fixation primarily relies on mechanical macro-
and micro-interlock with the surface topographical features on the implant fixation surface. The poorer
thermal conductivity of PEEK compared to CoCr may reduce the dissipation of heat produced as
the PMMA cement cures which may lead to shrinkage of the cement contributing to debonding of
the PEEK–cement interface. In addition, in clinical practice, the bond may be further influenced by
contamination of the interface by blood or fat, as well as poor cementing technique or timing. From that
perspective, the clean surfaces and absence of time pressure under which the samples were prepared
for this study represent the optimal conditions for obtaining a well-fixed implant–cement interface.

4.2. Analysis of Cement Cracks

Macroscopic damage evaluation showed that full thickness cracks were present in both CoCr
and PEEK reconstructions tested under a gait cycle. Following 10 MC gait simulation, the mean
number of full-thickness cracks in the cement mantle was approximately 20% higher for PEEK implants
compared to CoCr; however, this difference was not significant (p > 0.05). With the addition of
potential stress risers (ridges in the fixation surface), which lead to a thinner cement mantle at the
ridge-locations, the difference between the PEEK and CoCr components was expected to be larger.
However, perhaps with the CoCr component, a different failure mechanism occurred. It is postulated
that the higher stiffness of CoCr compared to PEEK also gives the potential for higher local stresses in
the cement–CoCr implant interface as the femoral component is less compliant. Previous studies have
shown the stiff CoCr component to generate high stress peaks in the cement underneath the proximal
anterior flange [24–26,37]. Many small cracks were visible in this region. Analysis of these small cracks
was beyond the scope of this study but there is potential for these small cracks to grow, which may
further increase cement damage in the anterior flange [20,24,25]. The numbers of cracks in cement at
the anterior flange and posterior chamfer areas of the cement mantle were similar in both implants;
however, there was a greater number of cracks in the PEEK–cement interface in the anterior chamfer
and the posterior flange compared to the CoCr–cement interface.

4.3. Limitations

There are a number of limitations associated with this study which should be considered in
the clinical interpretation of these findings. Firstly, the study was performed on an experimental
wear simulator. As such, it is designed to mimic the kinetics and kinematics at the implant bearing
surface as opposed to the femoral/fixture (bone) interface. The femoral components were cemented
onto custom-shaped Delrin blocks that were mounted into the simulator. This replaced the in-vivo
cement–bone interface with a cement–Delrin interface. It is acknowledged that Delrin may not
represent bone in terms of its porosity, elastic modulus and surface texture. However, for this study,
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which involved extensive wear simulation (>6 months) in a biological lubricant applying forces up to
2.8 kN, it was considered appropriate and was easy to section to allow analysis of the cement–implant
interface. The intention was not to study the Delrin–cement interface and, therefore, the surface was
consistent (as machined) for all experimental groups, and, other than pockets to accommodate the pegs,
no additional features were introduced into the surface of the Delrin, which provided a shape-lock
fixation. The different mechanical properties of Delrin compared to bone may however have changed
the load distribution in the cement mantle and how this influenced interface debonding and cement
mantle damage is unknown. The 10 MC of gait simulation, equivalent to the loading the implant
undergoes following approximately 10 years use in a moderately active patient [38], assumes that,
throughout the duration of implantation, the implant remains fully supported with no resorption
of the underlying bone. It is not known whether the relatively sharp corners at the chamfers of the
Delrin block may have stimulated crack propagation or whether the smooth Delrin surface may have
reduced stress risers created by individual trabeculae, which may play an important role in crack
initiation [39]. Hence, the exact effect of the use of Delrin is unclear and future studies could consider a
more physiologically relevant substrate. In terms of the cementing of the implants, there were further
limitations as it was prepared using a manual mixing technique, which is inferior to the vacuum mixing
process routinely used in the clinic. Manual mixing of cement gives rise to the potential for entrapment
of air during cement preparation, which may cause pores. During analysis of the cement mantles,
however, no pores were found in the cement layer, which may be attributed to the well-controlled
laboratory conditions in which the reconstructions were prepared.

In addition, the simulator included only tibiofemoral contact. When both the tibiofemoral and
patellofemoral joints are considered, in vivo forces are higher, since patellofemoral contact is a major
contributor to the total loads on the femoral component particularly at higher flexion angles [24].
However, the increased forces due to patellofemoral contact do not necessarily lead to an increased risk
of debonding. A study by Berahmani et al. (2016) into micromotions behind cementless femoral knee
components concluded that the patellofemoral contact decreased the micromotions in the anterior
flange up to 22% [40]. The study also investigated a gait cycle only. Although high-flexion activities are
carried out less frequently than level gait, more strenuous activities including stair climbing, standing
up and squatting may influence the study findings; however, the comparative nature of this study
comparing the cement–implant interface of PEEK to that of CoCr is a strength.

Furthermore, only three samples were investigated in each experimental group; this was limited by
the extended duration of the studies within excess of six months continual testing required to prepare
the 10-MC gait samples. Future work should consider larger implant sizes and perhaps extending the
number of timepoints investigated especially for the CoCr implants to gain a better understanding
of when debonding of these implants occurs and including a CoCr Group 1 investigation to better
understand the initial fixation of CoCr implants. However, increasing the sample size may necessitate
automation of the analysis protocols to minimize variability between samples. The protocol used
merely considers the loading the implants undergo but not whether degeneration of the cement occurs
during ageing. Further method development would be required to understand this and whether the
mechanical properties of cement change with time. To minimize errors between experimental groups
associated with ageing effects, the PEEK and CoCr implants were tested in parallel.

Finally, the study outcome parameters, dye penetration and cement cracking, are a local 2D
representation of the full cement mantle and are thus subject to extrapolation error. The lateral condyle
was chosen to represent all areas from anterior to posterior flange which does not cover the entire
surface area. However, cracks in this section did propagate further laterally and medially into the
cement mantle, and dye visualized at this location must have travelled from external boundaries,
which supports the extrapolation applied here. This research did not include a microscopic damage
assessment of the implant or cement interface surfaces after 10 MC of experimental simulation. One of
the hypothesized results of long-term interface micromotions is the formation of wear particles.
Once formed, these could travel into the joint space where they may initiate inflammatory processes
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which could contribute to wear debris induced osteolysis leading to implant loosening or, if larger
particles were to migrate between the articulating surfaces, they could act as a third-body particle and
may accelerate bearing surface damage or wear [29,41,42].

5. Conclusions

This study aimed to develop a method to assess the cement–implant interface bonding and the
integrity of the cement mantle. This was done using a fluorescent penetrant dye and was then used
to assess CoCr and PEEK femoral components which had undergone up to 10 million walking gait
cycles. The study showed poor initial bonding of the PEEK–cement interface; however, after 10 MC
simulation, the bonding of the implant remained similar to that of the controls. For CoCr implants,
good fixation was measured for the gait control samples, but, after 10 MC, substantial implant–cement
interface debonding occurred. After 10 MC, there was no significant difference in implant–cement
debonding for the femoral component materials investigated, nor were there significant differences in
macroscopic damage of the cement mantle. Further investigations either using a more physiologically
relevant simulation system or through either animal studies or a clinical trial may be necessary to
confirm these findings.
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Abstract: Patellofemoral (PF) disorders are considered a major clinical complication after total
knee replacement (TKR). Malpositioning and design of the patellar component impacts knee joint
dynamics, implant fixation and wear propagation. However, only a limited number of studies have
addressed the biomechanical impact of the patellar component on PF dynamics and their results
have been discussed controversially. To address these issues, we implemented a musculoskeletal
multibody simulation (MMBS) study for the systematical analysis of the patellar component’s
thickness and positioning on PF contact forces and kinematics during dynamic squat motion with
virtually implanted unconstrained cruciate-retaining (CR)-TKR. The patellar button thickness clearly
increased the contact forces in the PF joint (up to 27%). Similarly, the PF contact forces were affected
by superior–inferior positioning (up to 16%) and mediolateral positioning (up to 8%) of the patellar
button. PF kinematics was mostly affected by the mediolateral positioning and the thickness of the
patellar component. A medialization of 3 mm caused a lateral patellar shift by up to 2.7 mm and
lateral patellar tilt by up to 1.6◦. However, deviations in the rotational positioning of the patellar
button had minor effects on PF dynamics. Aiming at an optimal intraoperative patellar component
alignment, the orthopedic surgeon should pay close attention to the patellar component thickness
in combination with its mediolateral and superior–inferior positioning on the retropatellar surface.
Our generated MMBS model provides systematic and reproducible insight into the effects of patellar
component positioning and design on PF dynamics and has the potential to serve as a preoperative
analysis tool.

Keywords: joint replacement; knee joint; total knee arthroplasty; patellar component; musculoskeletal
multibody simulation; patellofemoral joint

1. Introduction

Total knee replacement (TKR) is an established and effective surgical procedure for progressive
osteoarthritis. TKR is currently performed over 700,000 times a year in the USA and this number is
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expected to grow exponentially worldwide [1,2]. Nevertheless, the rate of satisfied patients is 80%, which
is rather low [2–4]. The patellofemoral (PF) joint represents a crucial part after total knee arthroplasty,
and persistent PF pain remains a common postoperative complication with or without patellar
resurfacing [5–7]. Complications include anterior knee pain, patellar maltracking, fracture, and patellar
component loosening [8–10]. In this context, patella resurfacing is an important intraoperative factor:
in the USA, more than 80% of primary TKRs are performed with this technique [11]. During surgery, the
accurate positioning of the patellar component remains challenging because intraoperative alignment
involves considerable inaccuracies [5,9,12,13]. The incidence of PF disorders ranges from 7% to
30% after a minimum of two postoperative years [14]. Patellar component malalignment is related
to increased retropatellar loading and abnormal patellar kinematics [15,16]. Regarding the high
number of intraoperative parameters, the dynamic interplay of the articulating joint partners of PF and
tibiofemoral joint need to be analyzed in a systematic and reproducible manner [15,17,18].

Clinical observations alone cannot entirely explain unsatisfactory patient outcomes as they are
often limited to the retrospective analysis of the influence of intraoperative parameters on pain and
functional outcome [5,7,11–13,19,20]. However, clinical observations could be correlated with the
mechanical loading of the joint to identify the underlying biomechanical causative chain. Therefore,
knowledge of the biomechanical influence of intraoperative positioning of the patellar component
during typical movements of daily living is essential to understand the underlying mechanical causes
of implant failure and to improve the postoperative outcome. In this regard, the squat motion is known
as one of the most dissatisfying motions after TKR [19].

Despite improvements in surgical instruments and techniques, many of the causes of revisions
and patient dissatisfaction are directly related to implant component malalignment [6,18,21,22].
The morphology of the knee joint differs between both genders and different ethnicities [23–26].
These differences cannot only affect the implant component size selection but also the trochlear
groove geometry, as well as the positioning of the patellar component between patients. Likewise,
interindividual morphological joint variation is known to influence knee joint dynamics [27] and
functionality of TKRs [26,28]. In this regard, Chen et al. [29] showed that the internal rotation of
the femoral component and the varus malpositioning of the tibial component led to unfavorable
postoperative loading conditions. Moreover, the malpositioning of the implant components often results
in the overloading of the articulating joint compartments [18,30,31]. Different designs (dome-shaped,
modified dome or anatomic design) and positions of the patellar button have been shown to affect
knee joint dynamics [6,28,32–37]. An increased patellar component size was reported to affect
the patellofemoral kinematics and postoperative outcome [38,39]. For instance, variations in the
mediolateral and superior–inferior position of the patellar component resulted in different PF
contact forces and kinematics [6,28,30,32,33,40,41]. Furthermore, the PF dynamics is influenced
by the patellar component design [6,28] and the considerable impact of the patellar component
thickness on PF kinematics and knee flexion has been widely reported [6,21,35,42–45]. For example,
Abolghasemian et al. [43] reported a flexion loss of 1.28◦ with every millimeter of increased patellar
component thickness. Bracey et al. [42] performed a similar study on 10 cadaveric knees and showed
a flexion loss of 1.2◦ for each 2-mm increase of the patellar component thickness which resulted
in a lateral patellar shift of more than 2 mm and a lateral patellar tilt of more than 4◦ whereas the
patellar rotation remained nearly unchanged [43]. Bengs et al. [35] showed for 31 CR-TKRs with
four different patellar thicknesses that on average the flexion was decreased by 3◦ for every 2-mm
increase of the patellar component thickness but had no major impact on patella subluxation or tilt.
Additionally, PF overstuffing has been reported with increased polyethylene wear, PF maltracking,
and aseptic loosening of the patellar component [6,35,42,46,47]. Biomechanical studies have analyzed
various mechanical aspects of patellar maltracking [15,32,33], e.g., medialization of the patellar
component decreased the PF contact force [32,36,48,49] and altered the PF kinematics [36,41,48,50]. In a
biomechanical study, Anglin et al. [48] found for a 2.5 mm component medialization a mean change in
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lateral patellar shift of 1.9 mm and a mean change in lateral tilt of 3.2◦. These studies have contributed to
understanding the positioning and design of the patellar component from a biomechanical perspective.

However, most experimental studies have only investigated passive knee flexion without
active muscle forces, simulated rather uncommon motion patterns, commonly the knee rig
configuration [28,33,42,51], or assumed a static quadriceps force, usually some predefined maximum
value [28]. Furthermore, only a few studies addressing the biomechanical impact of different patellar
component positions and designs on PF dynamics could be identified [15,18,28,33]. Instead, studies have
revealed that the optimum position of the patellar component remains controversial [5,28,33,43,49],
although evidently important for the postoperative outcome [28]. Some research groups have
recommended medialization [8,41,48,50,52], while others have suggested centralization [32]. Moreover,
biomechanical studies analyzing the superior–inferior position of the patellar component have reported
contradictory findings [5,32,33,48], indicating a lack of understanding of this issue [5,49]. Hence, the PF
joint mechanics have not yet been sufficiently quantified and understood so far [5,33]. The effects of
various surgical parameters remain unclear and somewhat controversial. Using computational models,
the influence of surgical and implant design parameters on knee joint dynamics can be investigated
more comprehensibly [29,33,53–56].

Therefore, the current computational study aimed to systematically analyze and determine the
biomechanical impact of patellar component malpositioning and design on PF dynamics during a
dynamic squat motion using musculoskeletal multibody simulation (MMBS) in which a detailed knee
joint model resembled the loading of a virtually implanted unconstrained cruciate-retaining (CR)-TKR
including a dome patellar button. The findings could contribute to improving surgical techniques,
preventing postoperative complications, and reducing wear propagation.

2. Materials and Methods

Our MMBS model is based on the experimental dataset of the 4th Grand Challenge Competition

to Predict In Vivo Knee Loads [57], which is a standardized dataset used by the research community to
validate musculoskeletal models. This dataset comprises the CT scans (pre- and post-op) of a male
subject (age = 88 years, height = 168 cm, and weight = 66.7 kg) who underwent TKR due to primary
osteoarthritis and received an instrumented cruciate-retaining (CR) TKR (P.F.C. Sigma, DePuy Synthes,
Raynham, MA, USA). This implant design was imported without changing the original standard
size. The implanted TKR has a first-generation tray design eKnee and allows measuring the in vivo
tibiofemoral contact forces during activities of daily living using an integrated telemetric force sensor.
Concerning the knee implant, it represents a fixed-bearing, unconstrained bicondylar design which
was implanted into the right knee of the patient. The femoral component had an asymmetrical dual
radius design and was composed of cobalt–chromium alloy. The tibial component was composed
of titanium alloy. Regarding the patellar component, an all-polyethylene dome-shaped component
with three fixation pegs was used. The dataset enables the computational reconstruction of the 3D
bone segments of the lower right extremity (pelvis, femur, patella, tibia, fibula, and pes), as well as
the implant component geometries (femoral component, patellar button, tibial insert, and tibial tray).
Moreover, motion capturing marker trajectories for activities of daily living are included, resulting in a
comprehensive database for kinematic and kinetic model validation. A detailed description of this
dataset can be found in Fregly et al. [57].

2.1. Overview of the Deployed Workflow of Musculoskeletal Multibody Simulation

The workflow for developing our subject-specific MMBS model for the computational analysis of
the PF joint after TKR is depicted in Figure 1. Briefly, the relevant bone geometries were reconstructed
from preoperative CT scans [57,58], which allowed the virtual implantation of TKR implant geometries.
The implementation of the musculoskeletal geometry was based on the data reported in the TLEM
2.0 anthropometric database [42]. Additionally, the origin and insertion of muscles and ligaments
were verified by an experienced orthopedic surgeon. Contacting surfaces were modeled by means of
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the polygonal contact model [59] to enable physiological-like joint dynamics. In this regard, relevant
ligament structures were modeled as sets of nonlinear force elements [60,61] to resemble the respective
anatomy of the ligaments. The inverse kinematics analysis was performed on a realistic squatting
motion as reported in the SimTK data set [57], in which recorded marker trajectories applied to a
patient allowed the calculation of the relative joint coordinates in the MMBS model deploying a
global optimization procedure [62,63]. Finally, an inverse dynamics analysis coupled with a static
optimization [55,62,64–66] allowed the computation of the individual muscle forces for the forward
dynamic prediction of knee joint dynamics, e.g., tibiofemoral and PF contact forces, tibiofemoral and PF
kinematics, as well as muscle and ligament forces under the presence of surgical parameter variations
related to TKR.

Figure 1. Workflow for generating the musculoskeletal multibody simulation model of the lower
extremity with a total knee replacement. The illustration marked with * was taken from [57]. Permission
to publish is granted under a CC BY open access license.

2.2. Musculoskeletal Multibody Simulation Model with a Cruciate-Retaining Total Knee Replacement

The MMBS model for the detailed analysis of the PF joint was generated based on a previously
presented and validated MMBS model of the lower right extremity [65], Figure 2A,B. Implant and bone
geometries, as well as relevant soft tissue structures, were modeled in the multibody software SIMPACK
(V9.7, Dassault Systèmes Deutschland GmbH, Gilching, Germany). A variant of the computed muscle
controller (CMC) with static optimization for individual muscle force prediction was implemented in
MATLAB/Simulink® (v8.1, 2013a, The MathWorks Inc., Natick, MA, USA) and interfaced the MMBS
model via TCP/IP-communication for forward dynamic co-simulation. All simulations were performed
on an off-the-shelf computer (Intel® Xeon E5-1650 v4 CPU @3.60 GHz, 32 GB RAM).

The reconstructed bone segments were mutually connected by ideal joints as described in [62,65].
The respective centers of rotation of the ideal joints were determined by fitting cylinders or spheres into
the cartilage surfaces of the articulating joint compartments. To ensure physiological-like roll-glide
dynamics in the knee joint, both tibio- and patellofemoral joint compartments were modeled with
six degrees of freedom (DoF) by implementing a polygon contact model [59], thereby resembling the
complex articulation of the freeform implant surfaces. The lower left extremity was modeled as a
symmetry condition in the sagittal plane. More precisely, the movement of the pelvis perpendicular to
the sagittal plane was restrained by a spring-damper force element connecting the symmetry plane of
the pelvis to the sagittal plane, thereby representing the lower left extremity during a symmetrical
squat motion [65]. Regarding the squat motion, the patient started from a standing position and the
range of knee flexion was about 0◦–90◦. The mass properties of the bone segments and soft tissue
structures were calculated using regression equations as a function of the patient body weight [67].
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Figure 2. The developed musculoskeletal multibody simulation model with a cruciate-retaining
total knee replacement in the lower right extremity during a dynamic squat motion combining
musculoskeletal motion dynamics, knee implants with articular contact definitions, muscles, and
ligaments (A). Detailed representation of the knee joint with implant components and muscle structures,
including muscle wrapping. Note that ligaments are not shown for the sake of clarity (B). Investigated
implant components with ligament structures of the tibio- and patellofemoral joint (C).

For the description and comparison of the joint dynamics, standardized coordinate systems were
established [68–70] which further allowed the identification of attachment points of relevant muscle
and ligament structures as described in Twente Lower Extremity Model 2.0 anthropometric database [71].
Additionally, the attachment sites of muscles and ligaments were verified by an experienced orthopedic
surgeon. Muscles were implemented in the form of unidimensional Hill force elements [55,71,72].
The muscles were further subdivided into several structural bundles based on the attachment area to
account for the wide attachment surfaces [71]. Muscle deflection phenomena around the bones were
incorporated either as segment-fixed via points or using wrapping surfaces [73] where required.

For a physiological representation of the knee joint dynamics, the MMBS model comprised,
next to the explicit contact surface modeling of both the joint compartments, the implementation
of all relevant ligamentous soft tissue structures (Figure 2C) with nonlinear force-strain relation
(as nonlinear springs) [60,61]. Precisely, we implemented the posterior cruciate ligament (PCL), medial
collateral ligament (MCL), lateral collateral ligament (LCL), oblique popliteal ligament (OPL), arcuate
popliteal ligament (APL), posterior capsule (pCAP), medial patellofemoral ligament (MPFL), lateral
patellofemoral ligament (LPFL), and the patellar ligament (PL) according to their anatomic descriptions,
i.e., all ligaments were modeled as bundles of strands extending between the origin and insertion as
described in Smith et al. [74]. The force elements for the representation of the ligaments followed a
nonlinear elastic characteristic with a slack region as reported by Blankevoort et al. [61]. As it concerns
the ligament parameterization, we first generated a MMBS model resembling the passive knee flexion,
since the passive knee joint dynamics majorly depend on the ligaments and their parameterization
(initial parameter sets were taken from the literature [61,74]). Then, by repeatedly simulating the
knee flexion motion, the ligament parameters were adjusted with respect to the joint quantities for
validation of the passive knee flexion. Once the appropriate ligament parameters were identified,
the very same, parameterized ligament apparatus was transferred to the MMBS model resembling
the squat motion and model validation was performed as described below (Section 2.5. Validation

of the musculoskeletal multibody simulation model). Due to its high stiffness, the patellar ligament (PL)
was modeled as a rigid coupling element between Apex patellae and Tuberositas tibiae with a fixed
length [54,75]. The anterior cruciate ligament was virtually resected as it is sacrificed during CR-TKR
surgery. A complete summary of the mechanical material properties for the ligaments [60,61,66,74] is
provided in the Supplementary Information (Appendix A, Table A1). The PF joint was characterized
by a patellar length of 43.6 mm, a patellar tendon length of 59.7 mm, and a tibial tuberosity-trochlear
groove distance of 9.61 mm. The anthropomorphic details of the joint were in the normal range for

41



Materials 2020, 13, 2365

Caucasians with native patellae [76,77]. Moreover, the retropatellar surface area after resection was in
the normal range [78].

Hence, the developed MMBS model of the knee joint, allows for the systematic and reproducible
analysis of the TF and PF joint dynamics with its emphasis on the detailed representation of the
articulating endoprosthesis components and ligamentous structures during dynamic, muscle-induced
full-body motion.

2.3. Kinematic Analysis

The motion capture data comprises the trajectories of reflective skin markers applied to the
patient’s body [57] as depicted in Figure 1. These marker trajectories were used as input for an
optimization algorithm [79] to derive the generalized joint coordinates q,

.
q,

..
q that describe the timely

trajectories of the MMBS model’s DoF. More precisely, the skin markers were modeled as moving
reference points and coupled to the respective anatomical landmark, i.e., related segment-fixed points
on the bone surface using spring-damper force elements. In this manner, the inverse kinematics
problem could be resolved by the minimization of the spring-damper potential, thereby minimizing
the error between motion capture data and the MMBS model motion. The desired joint trajectories
qd,

.
qd,

..
qd were then used as input for the forward dynamic simulation of the muscle-induced squat

motion for numerous MMBS model variations as described in the Section 2.6. In silico study on the effect

of the patellar component design and positioning on patellofemoral joint dynamics after TKR. In this manner,
we generated a nominal configuration of the MMBS model based on the optimal surgical technique [57]
which was further used to predict different postoperative situations of the patellar component design
and position. Finally, the implant configurations were verified by an experienced orthopedic surgeon.

2.4. Forward Dynamic Musculoskeletal Multibody Simulation of a Squat Motion

A variant of the CMC algorithm [66] with static optimization for individual muscle force
prediction was implemented to track the desired joint coordinates, as derived from the experimental
motion capture data, by generating coordinated muscle forces. This controller has been recently
described and verified to enable in vivo knee kinematics and kinetics in patient-specific musculoskeletal
models [55,65,66,74,80]. Within CMC, the inverse dynamics model serves for input-output linearization
of the neuro-musculoskeletal system, which is further superposed with generic feedback control to
accurately track the experimentally obtained motion maneuvers qd,

.
qd,

..
qd. Subsequently, the computed

joint torques τm necessary to drive the DoFs q,
.
q,

..
q are distributed over the available muscle actuators

fm,i(·) by means of static optimization [64]:

min
a

J(a) ≡ aT V a, subject to D a = τm and 0 ≤ ai ≤ 1. (1)

The aforementioned muscle distribution problem was solved for optimal muscle activation levels
a∗

i
by minimizing an energy-optimal quadratic cost function J(a) in which the diagonal weight matrix

V = diag(V1, . . . , Vn) includes the muscle volumes Vi of each muscle unit and ai is bounded by its
physiological limits 0 ≤ ai ≤ 1. Moreover, the optimization problem is constrained by the set of linear
equations Da = τm where D represents the contribution of the respective muscle to the respective
joint as described in a previous study [65]. We deployed a Hill-type muscle of the form:

fm,i(q,
.
q, ai) = ( flv,i(s,

.
s) Ci ai) ui with Ci = Ai σi and i = 1, . . . , n, (2)

where n is the number of muscle units, flv,i(·) is the force-length-velocity relation with muscle length s

and muscle contraction velocity
.
s, Ai describes the physiological cross-sectional area, ui is the muscle’s

unit direction vector, and σi is the maximal isometric muscle stress which was set to σi = 1 MPa [72].
Note that within this work, the force-length-velocity factor was assumed to flv,i(·) = 1 as properties of
the activated muscle structures and the activation dynamics have little influence on the prediction of
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muscle forces [64]. Therefore, the defined muscle force element depends on its theoretical maximum
force Ai σi, its activation level ai, and on the resulting moment arm only.

2.5. Validation of the Musculoskeletal Multibody Simulation Model

The predicted TF contact forces were validated using in vivo measured knee forces measured
during squat motion exercises [57]. Furthermore, the TF contact force as well as the quadriceps force
and PF contact force was compared with literature data [81–84] which is in Supplementary Information
(Appendix B, Figure A1).

Since the in vivo measurements provided by the 4th Grand Challenge Competition to Predict In Vivo

Knee Loads [57] are limited to the contact forces acting in the TF joint, TF and PF kinematics were
validated based on the in vitro and in silico results reported by Woiczinski et al. [85]. They measured
TF and PF dynamics of 15 fresh frozen specimens with implanted CR-TKR during a squat motion
using a knee rig [85].

2.6. In Silico Study on the Effect of the Patellar Component Design and Positioning on Patellofemoral Joint
Dynamics after TKR

The validated MMBS model, as described previously, has been used as the nominal configuration
corresponding to the optimal surgical technique [57] and served as a reference for subsequent
model variations. Accordingly, with respect to the nominal model, we analyzed six patellar
component configurations: spin of the patellar component ±5◦, tilt of the patellar component ±5◦,
flexion-extension of patellar component ±5◦, superior–inferior positioning of patellar component
±3 mm, and mediolateral positioning of patellar component ±3 mm. The position of the patellar
component was changed based on a standardized coordinate system [70]. For instance, the shift was
varied by medial or lateral movement of the center of the patellar component along a mediolateral axis
defined as fixed to the patella. Moreover, we investigated the most important patellar button design
parameter by increasing/decreasing the thickness of the patellar component ±2 mm.

The variations for each parameter configuration (Figure 3) were systematically chosen according to
the reported findings from clinical [36,48,49], in vitro [15,16,32], and in silico [28,33] studies. The effect
of each configuration was statistically evaluated with respect to the nominal simulation model as a
function of the knee flexion angle over the full range of motion of the dynamic squat motion. Note
that the calculated forces from the TF contact models were expressed with reference to the tibial
component system to allow a direct comparison with the in vivo measured knee forces as reported by
Fregly et al. [57].

Figure 3. In silico study on the effect of the patellar component designs and positionings. Mediolateral
positioning of patellar component ±3 mm, superior–inferior positioning of patellar component ±3 mm,
and patellar button design parameter by increasing/decreasing the thickness of the patellar component
±2 mm. The rotational positioning was analyzed by the spin of the patellar component ±5◦, tilt of the
patellar component ±5◦, and flexion-extension of patellar component ±5◦.
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2.7. Statistical Metrics

The predicted TF contact force of the MMBS model was compared with the in vivo measured knee
force [57]. The prediction accuracy was quantified by mean absolute deviation (MAD) as a measure of
magnitude differences, root-mean-square error (RMSE) as a measure for the difference between values
predicted by the numerical model and the values actually observed from the experimental setup,
Pearson correlation coefficient (r2) as a measure of shape differences, and coefficient of determination
(R2) as a measure of magnitude and shape differences. For clarity, the mathematical definitions of the
statistic metrics are provided in the Supplementary Information (Appendix C).

3. Results

3.1. Validation of the Musculoskeletal Multibody Simulation Model

The validation of the TF contact force, as well as the quadriceps force and PF contact force using
literature data [81–84], is presented in Supplementary Information (Appendix B, Figure A1).

The predicted and in vivo measured medial, lateral, and total TF contact forces during two-leg
squat motion are depicted in Figure 4. Their quantification in terms of statistic metrics (Table 1) for
the predicted contact forces of the MMBS model was in good agreement with a satisfactory level of
accuracy (RMSE = 0.39 body weight (BW), R2 = 0.94, r2 = 0.97) in terms of the magnitude and the
general trend. The medial contact force was slightly overestimated (RMSE = 0.35 BW). The predicted
TF contact forces in the lateral compartment exhibited an excellent agreement (RMSE = 0.10 BW).
Therefore, the MMBS model closely captured the overall pattern and timing (R2 = 0.94, r2 = 0.97) of the
in vivo measured TF contact force, indicating sufficient model fidelity for contact force prediction.

Figure 4. Musculoskeletal multibody simulation of the patellofemoral joint during the dynamic squat
motion (A). Model validity was confirmed by comparing the reported lateral (B), medial (C), and total
(D) tibiofemoral contact forces (in unit of body weight BW) of the in vivo measurements (blue, [57]) to
our predictions (red).
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Table 1. Kinetic validation of the tibiofemoral joint. Quantitative analysis of the predicted medial,
lateral, and total tibiofemoral contact forces with reference to in vivo measurements during the two-leg
squat motion cycle as reported by Fregly et al. [57]. Units are expressed in Newton (N) and body
weight (xBW). Mean absolute deviation (MAD), root-mean-square error (RMSE), Pearson correlation
coefficient (r2), and coefficient of determination (R2).

Value MAD [N] MAD [xBW] RMSE [N] RMSE [xBW] r2 R2

Total knee contact force 209.68 0.32 255.19 0.39 0.97 0.94
Medial contact force 163.02 0.25 226.65 0.35 0.94 0.89
Lateral contact force 46.67 0.07 68.28 0.10 0.95 0.91

Moreover, the TF and PF kinematics were validated based on the in vitro and in silico results
reported by Woiczinski et al. [85]. Specifically, anterior-posterior translation, tibial rotation, patellar
tilt, patellar rotation, and patellar shift were compared (Figure 5). The PF and TF kinematics were
reproduced with good agreement to the experimental and simulation data [85]. In general, the MMBS
model predicted TF and PF kinematic patterns with a reasonable level of accuracy [85]. Overall,
good agreement was observed between our MMBS model and reported data.

Figure 5. Tibio- and patellofemoral kinematics during dynamic squat motion. In silico (red dotted line)
and in vitro (green area) [85] comparison of tibiofemoral and patellofemoral kinematics with kinematics
obtained from musculoskeletal multibody simulation (MMBS) model (blue line). Comparison of
anterior-posterior tibial translation with reference to the femur (A). Tibial internal/external rotation
with reference to the femur (B). Patellar shift (C). Patellar rotation (D). Patellar tilt (E).

3.2. Effect of Patellar Component Design and Positioning on Patellofemoral Joint Dynamics after Unconstrained
Total Knee Arthroplasty

PF dynamics was strongly affected by the position and design of the patellar component
(Figures 6–10). Generally, the PF contact forces increased with increasing knee flexion angle due to the
progressive involvement of the M. quadriceps femoris that enables such deep flexion angles. However,
depending on the positioning and design of the patellar component, it is possible to reduce or increase
the PF contact force. In this context, the analysis showed that the PF contact force was strongly affected
by the patellar component thickness (RMSE = 440 N), considerably affected by superior–inferior
positioning (RMSE = 199 N), and only moderately affected by mediolateral (RMSE = 98 N) positioning
(Figure 10).
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The variation in the superior–inferior positioning of the patellar component is depicted in Figure 6.
An inferior position of the patellar component led to a reduction of the PF contact force (RMSE = 199 N)
by up to 16% (Figure 6A). The maximum PF contact forces of the inferior, reference, and superior
positions were 1626 N, 1947 N, and 2048 N, respectively. Superior positioning tended to cause a more
medial tilting of the patella during flexion. An inferior position of the patellar component slightly
increased the medial patellar shift, whereas a superior position of the patellar component decreased
the lateral patellar tilt and shift (Figure 6B,C).

Figure 6. Effect of the superior–inferior positioning of the patellar component on patellofemoral
dynamics. Effect of superior–inferior positioning of the patellar component on patellofemoral contact
force (A), patellar shift (B), patellar tilt (C), and patellar rotation (D).

Similarly, the mediolateral positioning of the patellar component clearly affected the PF dynamics.
Concerning the PF contact force, medialization and lateralization of the patellar component affected
the PF contact forces (Figure 7A), i.e., a medialized patellar component decreased the maximum PF
contact force during knee flexion by up to 8%. For instance, at 90◦ knee flexion, the PF contact force of
the medial, reference, and lateral positions were 1798 N, 1947 N, and 2082 N, respectively. Furthermore,
the mediolateral position of the patellar component clearly influenced PF kinematics regarding patellar
shift, patellar tilt, and rotation. Mediolateral positioning of the patellar component shifted and tilted
the patella path in the opposite direction, e.g., a medialized patella resulted in a more lateral shift
and tilt of the patella and vice versa. Similarly, the patellar tilt was most sensitive to the mediolateral
position of the patellar component. The more the patellar component was medialized, the more the
patella tilted laterally with respect to the femur (Figure 7C).
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Figure 7. Effect of the mediolateral positioning of the patellar component on patellofemoral dynamics.
Effect of mediolateral positioning of the patellar component on patellofemoral contact force (A), patellar
shift (B), patellar tilt (C), and patellar rotation (D).

The variation in the thickness of the patellar component dramatically changed the PF dynamics
(Figure 8). Generally, lower PF contact force values were seen in thinner components, while with
an increase in component thickness, the contact force increased by up to 27% (Figure 8A). For the
nominal configuration, the peak PF contact force was 1947 N, and the corresponding value obtained
from the other variations were 2480 N (+2 mm), and 1344 N (−2 mm). The contact force was 176% of
that of the thinner component. There was a direct relationship between the maximum contact force
and patellar component thickness (Figure 8E): an increasing component thickness leads to higher
maximum contact forces following a linear trend (R2 = 0.9976). Furthermore, we found that for every
1 mm of increased patellar thickness, PF contact force increased by 13.7% (0.41 BW). There was also an
effect of the patellar component thickness on patellar tracking, e.g., an increased patellar component
thickness led to an increased lateral patellar tilt (Figure 8C). Contrarily, the effect on the patellar shift
was smaller (Figure 8B).

The rotational positioning of the patellar component influenced PF dynamics only slightly in our
TKR design (Figure 9). Tilting the patellar component, however, corresponded to a nonsymmetrical
rotation of the patellar dome and therefore affected patellar tilt and shift. A medial tilt of the patellar
component slightly increased the PF contact force, the patella shifted, and tilted more laterally.
Flexion-extension of the patellar component slightly affected the PF contact force, while the spin of the
patellar component left the PF dynamics nearly unchanged (Figure 10).
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Figure 8. Effect of the patellar component thickness on patellofemoral dynamics. Effect of patellar
component thickness on patellofemoral contact force (A), patellar shift (B), patellar tilt (C), and patellar
rotation (D). Relationship of the maximum patellofemoral contact force for different patellar component
thickness (E).

Figure 9. Effect of the tilting of the patellar component on patellofemoral dynamics. Effect of
mediolateral positioning of the patellar component on patellofemoral contact force (A), patellar shift
(B), patellar tilt (C), and patellar rotation (D).
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Figure 10. Radar chart representing the root-mean-square errors (RMSE) of patellofemoral contact
force (A), patellar shift (B), patellar tilt (C), and patellar rotation (D) for different patellar component
designs and positions: superior–inferior position, mediolateral position, patellar component thickness,
tilt, flexion-extension, and spin.

3.3. Effect of Coupling Patellar Component Design and Positioning Parameters on Patellofemoral Joint
Dynamics after Unconstrained Total Knee Arthroplasty

Additionally to the presented findings, we analyzed the coupling of the most critical patellar
component design parameter with all other patellar component positioning parameters, i.e.,
we combined the increase of the thickness of 2 mm with all other positioning parameters (Figure 11).
Similarly, the increase in the thickness combined with the rotational positioning of the patellar
component influenced PF dynamics only slightly in our TKR design. However, an increase in the
thickness combined with changing the mediolateral position of the patellar component mainly affected
the PF kinematics. For instance, a solely increase in the thickness slightly changed the patellar shift
(Figure 8B), whereas combined with a medialized patellar component the patellar shifted more laterally
(Figure 11E).
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Figure 11. Effect of the increase of the patellar component thickness by +2 mm with all positioning
parameters on patellofemoral dynamics. Effect of patellar component thickness combined with the
positioning parameters on patellofemoral contact force (A,B), patellar tilt (C,D), patellar shift (E,F), and
patellar rotation (G,H).

4. Discussion

In our computational study, we evaluated the effects of different intraoperative positionings and
designs of the patellar component on both PF kinematics and kinetics during a dynamic squat motion
of a subject with implanted CR-TKR with a dome patellar button. We developed a musculoskeletal
knee joint model within a multibody simulation framework capable of analyzing the PF kinematics
and kinetics. The results presented imply that even minor variations in the position and design of the
patellar component can have a crucial effect on PF dynamics (Figures 6–10). PF contact forces were
mostly affected by patellar component thickness (up to 27%), patellar component superior–inferior
positioning (up to 16%), and mediolateral patellar component positioning (up to 8%). Concerning
PF kinematics, the patellar component thickness as well as the mediolateral position of the patellar
component revealed the greatest impact. Based on our findings, we can conclude that the malalignment
in mediolateral as well as superior–inferior direction and the thickness of the resurfaced patella are
the most important intraoperative parameters affecting PF dynamics. Furthermore, we could show
that the translational positioning is more critical than rotational positioning regarding the resulting PF
contact force. Generally, our findings are in good agreement with those of previous experimental and
clinical studies [5,6,28,32,35,36,48,49,86].

However, similar to other in vitro and in silico studies, our approach has some limitations.
Our MMBS does not reflect a diverse population of different patients. Moreover, only the two-leg
squat motion was considered. Additional simulations which cover more activities (e.g., rising from
a chair, normal gait) will be helpful in the future for a more robust investigation and to support our
presented findings as total knee kinematics are task-dependent [87]. However, the investigations
were performed for a two-leg squat motion because this motion covers a wider range of knee flexion
compared to gait and it is reported to be one of the most dissatisfying motions after total knee
arthroplasty [19]. One limitation which should be considered when transferring our in silico findings to
clinical practice is associated with ligament modeling as accurate representation of ligament parameters
is still challenging, and ligaments’ mechanical properties might change during surgery. In the present
study, the ligament parameters utilized were obtained from the literature. These assumptions might
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affect the prediction of joint dynamics. Likewise, the musculoskeletal geometry was based on the TLEM
2.0 anthropometric database [71]. It can be assumed that changes in the musculoskeletal geometry, e.g.,
muscle cross-sectional areas or muscle moment arms, of the muscles acting on the knee joint would
have an effect on the forces and in turn kinematics of the PF joint. In addition, up to date, MMBS
models hardly account for effects related to age or underlying conditions that might affect ligament or
muscle structures. However, we believe that our MMBS model captures the physical condition of the
examined subject well enough, as was made sure by rigorous model validation and diligent result
analysis in cooperation with orthopaedic surgeons. The deployed methods are state-of-the-art and
widely used in in silico models [29,33,53,75,80]. As explained above, our findings are based on one
patient with one implant design and cannot be applied to all types of knee implants commercially
available. Anatomical variability and further implant designs should be analyzed in future studies to
support the reported findings. In future studies, different surgical alignment techniques (mechanical
vs. kinematic), implant designs, different activities, and more subjects should be considered [37,38].

Orthopedic surgeons attempt to optimize the dynamic behavior of the knee joint by a
correct intraoperative alignment of the patellar component. Interindividual morphological joint
variation [23–26] is known to influence knee joint dynamics [27] and functionality of TKRs [26,28].
Furthermore, the difference in patellar component designs and the size of the patellar component are
factors that influence the PF dynamics [28,37,38]. Regarding patellar resurfacing, the all polyethylene
dome-shaped patellar component is currently the most common used design [8,28]. Therefore, our
study covers the clinically most relevant TKR type. Our data indicate that the thickness of the analyzed
dome-shaped patellar component affects PF contact forces, patellar tilt, and patellar rotation which
has also been reported by other research groups [6,8,43]. In this regard, it was found that a higher
retropatellar loading due to an increase in the thickness of the patellar component might contribute to
anterior knee pain after TKR [6,44]. These higher forces can be explained by the increasing strain of the
PF ligaments and can have a similar effect to overstuffing the PF joint which leads to anterior knee pain
in some cases [8]. Although reduced patellar component thickness was beneficial due to a decreased
PF contact force, it is important to avoid an excessively thin patellar component due to the risk of
patellar maltracking and decreased PF ligament forces [46]. Our findings showed that, if the implant
thickness increased, the lateral patellar tilt also increased which is in line with previous studies [21,42].
The influence of the thickness was not as high as reported by Bengs et al. [35]. Hsu et al. [44] reported
that the PF contact force of the thicker patella was 174% higher compared to the thinner patella; in
our study it was 176%. Some biomechanical studies [21,42,44,45] reported that overstuffing the PF
joint induced higher lateral tilt of the patella which was also observed in our results. Additionally,
a higher thickness might lead to increased polyethylene wear and aseptic loosening of the patellar
component [35,42,46,47].

It has been reported that mediolateral positioning of the patellar component affects the PF
dynamics [6,41]. We demonstrated the same in our study, i.e., a medialized patellar component reduced
the resulting PF contact force during knee flexion in agreement with clinical observations [6,32,36,52,86].
Furthermore, medialization led to a more lateral path and tilt of the patella which is in line with previous
findings [36,41,48]. A medialized patellar button decreases the Q-angle [8,41,86] and consequently
lateralizes the patella bone, thereby leading to a higher lateral tilt [86]. Our results also indicate that
the PF contact force decreased above 60◦ flexion due to medialization of the patella which might
decrease postoperative pain [32,36,48]. In clinical studies, the incidence of lateral release was less for
the medially placed patellar component [8,20,48,52]. However, we also showed that medialization
caused a higher tendency for lateral tilting. The reported changes in shift, tilt, and PF forces are in good
agreement with previous studies [20,48,52,86]. Concerning the patellar tilt, our data are comparable to
a clinical study investigating the effects of medialization [50]. The reduction in the PF contact force due
to medialization is consistent with a decrease in the Q-angle due to lateral shift of the patella [8,48].

To date, it is not clear whether the superior–inferior position of the patellar component influences
knee dynamics after total knee arthroplasty [28,33,49]. We showed that the superior–inferior position
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of the patellar component affected the PF dynamics which is in line with previous studies [28,32,33].
In another study, Fitzpatrick et al. [28] identified the superior–inferior positioning as the most sensitive
parameter using a dynamic finite element model supporting our findings. In this regard, our results,
however, favor an inferior placement of the patellar component due to a decreased PF contact
force. Nakamura et al. [33] recommended a superior placement of the patellar component, whereas
other studies recommended an inferior placement [5,32]. As it concerns the PF contact forces, our
results are contradictory to findings presented by Nakamura et al. [33] but consistent with other
studies [5,30,32]. One explanation for the divergent data could be differences in the considered load
cases and numerical simulation models used. The contradicting consequences of inferior position of the
patellar component [33] occur only at high flexion angles (around 130◦ flexion) which were not reached
in our analyzed load case. Furthermore, a higher number of PF ligaments were considered in our study.
In general, inferior position of the patellar button might be favorable for daily living activities such
as squatting but less desirable in patients who demand to reach higher flexion angles [88]. Based on
our findings, the physiological reconstruction of the patellar position is of high importance. The most
common conventional surgical techniques for patellar resection, i.e., freehand with a saw, using a
saw guide, and a reamer reveal a high variance regarding the accuracy of the patellar cut. Although
computer-navigation is used in TKR to improve the accuracy of the bony cut and component placement,
currently it is focused on the positioning of the tibial and femoral component. However, studies with
navigated patellar resurfacing systems showed an equal or higher accuracy for the patellar cut and the
reconstructing of the physiological patellar position in comparison to conventional techniques with
good short- and mid-term outcomes [12,13]. Our results emphasize the importance to focus on precise
placement of the patellar component.

Another advantage of our study is the use of a detailed MMBS model incorporating relevant
muscles of the lower extremity as active force elements compared to previous studies that assumed the
muscles to apply only constant forces [15,16,30,51,85], considered only few muscles [28,33], or analyzed
passive load cases without active muscle forces [34]. Our study showed the potential of MMBS
in very comprehensively investigating the effects of surgical parameters on knee joint dynamics.
The presented non-invasive method to simultaneously predict muscle, ligament, and knee joint forces
can be used to improve the preclinical testing of TKRs as described by Affatato et al. [47] on the example
of knee wear simulators. Computational data can provide additional insight into the influence of
patellar component malpositioning on PF dynamics during active knee motions that commonly occur
during daily living. Most orthopedic surgeons perform patellar bone preparation and component
positioning without a navigation system [12,13]; however, small changes in the positioning leads
to crucial changes in PF dynamics as demonstrated in this study. Furthermore, we showed that
translational positioning of the patellar component is a relevant factor supporting the need for a
navigation-based surgical procedure [12,13]. We pointed out that the patellar component is basically
robust to rotational malalignment due to a consistent contact region between the articulating surfaces,
which is in agreement with the findings of Fitzpatrick et al. [28]. Therefore, intraoperative placement
of patellar components should first focus on translational position rather than rotational orientation.

5. Conclusions

In conclusion, the presented effects of patellar component design and positioning on PF kinematics
and kinetics are in good agreement with previous experimental and computational studies. Aiming at an
optimal intraoperative patellar component alignment, the most important parameters are component
thickness, mediolateral and superior–inferior positioning. In both manual and navigation-based
surgical techniques, the patellar thickness, patellar tracking, patellar position relative to the joint line,
the orientation of the trochlear, and positioning of the anterior femoral component should be considered
in order to prevent PF complications. Our findings will support orthopedic surgeons in intraoperative
patellar component positioning from a biomechanical perspective. Regarding the different positioning
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of the patellar component, close attention should be paid to translational positioning as this might
result in poor patient outcome.
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Appendix A

Mechanical Material Properties of the Ligaments

Table A1. Mechanical properties (stiffness and reference strain) of the implemented ligaments were
adapted from the literature [60,61,74,80]. The tibiofemoral ligament structures included: two bundles
posterior cruciate ligament (PCL), two bundles lateral collateral ligament (LCL), three bundle medial
collateral ligament (MCL), two bundles oblique popliteal ligament (OPL), one bundle arcuate popliteal
ligament (APL), two bundles posterior capsule (pCAP), three bundles lateral patellofemoral ligament
(LPFL), three bundles medial patellofemoral ligament (MPFL), and the patellar ligament (PL). Reference
strains are the respective ligament strain values for the reference position upright standing. Stiffness is
expressed in Newton per unit strain.

Tibiofemoral Patellofemoral

Ligament
Ligament
Bundle

Stiffness
(N)

Ref.
Strain

Ligament
Ligament
Bundle

Stiffness (N)
Ref.

Strain

PCL

a 3000 −0.10

MPFL

p 2500 0.12

p 1500 −0.03
c 2500 0.08

d 2500 0.08

MCL

a 1500 0.04 LPFL

p 2000 0.06

c 2000 0.06

d 2000 0.06

c 1500 0.04 PL − −
p 1500 0.02 a anterior

LCL
a 2250 −0.25 c central

p 2250 0.08 d distal

OPL
p 1250 0.06 i inferior

d 1500 0.04 l lateral

pCAP
l 2500 0.05 m medial/middle

m 2500 0.05 p posterior/proximal

APL 1500 0.04 s superior

Appendix B

Investigated joint quantities during active two-leg squat motion for the validation of the
musculoskeletal multibody simulation model (Figure A1). The tibiofemoral contact forces (Figure A1A)
agreed with the measured contact forces in patients with telemetric TKR [84]. Likewise, the quadriceps
force was in good agreement with previously published studies [82,83] (Figure A1B). Patellofemoral
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contact forces (Figure A1C) calculated at 30◦, 60◦, and 90◦ knee flexion were similar to findings by
Wallace et al. [81] and Innocenti et al. [82].

Figure A1. Validation of the musculoskeletal multibody simulation (MMBS) model. The MMBS
model has been validated in terms of the tibiofemoral contact force (A), quadriceps force (B) and the
patellofemoral contact force (C) during a dynamic squat motion. The tibiofemoral contact force is
compared against the in vivo measurements of instrumented total knee replacements for three subjects
(K1L, K2L, K3R, and K5R) [84]. The quadriceps force is compared against two simulation studies [82,83].
The resultant patellofemoral contact force is an important validation parameter for patellofemoral joint
dynamics: it is compared against studies described in [81,82].

Appendix C

Equations Used for Statistical Evaluation

The computational formulas for mean absolute deviation (MAD)

MAD =

∑n
i=1|mi − ci|

n
, (A1)

root mean square error (RMSE),

RMSE =

√∑n
i=1 (mi − ci)

2

n
, (A2)

Pearson correlation coefficient (r2)

r2 =
n
∑

mici −
∑

mi
∑

ci√[
n
∑

m2
i
− (∑mi)

2
]√[

n
∑

c2
i
− (∑ ci)

2
] , (A3)

and coefficient of determination (R2)

R2 =
(
r2
)2

, (A4)

presented here, where mi and ci represent the measured and calculated values at each time; step i, n is
the total number of steps.
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Abstract: Corrosion of taper connections in total hip arthroplasty remains of concern, as particles and
ions generated by corrosive processes can cause clinical problems such as periprosthetic osteolysis or
adverse reaction to metallic debris. Mechanical surface treatments that introduce compressive residual
stresses (RSs) in metallic materials can lead to a better performance in terms of fretting and fatigue
and may lower the susceptibility to corrosion. The study investigates the impact of mechanical surface
treatments on the corrosion behavior of metallic biomaterials. Compressive RSs were introduced
by deep rolling and microblasting in Ti6Al4V and CoCrMo samples. Polished samples served as
reference. Corrosion behavior was characterized by repeated anodic polarization. Residual stresses of
up to about −900 MPa were introduced by deep rolling with a reach in depth of approximately 500
μm. Microblasting led to compressive RSs up to approximately −800 and −600 MPa for Ti6Al4V and
CoCrMo, respectively, in the immediate vicinity of the surface. For Ti6Al4V, microblasting resulted in
decreased corrosion resistance with lower breakdown potentials and/or increased passive current
densities in comparison to the polished and deep-rolled samples. The corrosion behavior of CoCrMo
on the other hand was not affected by the mechanical surface treatments.

Keywords: implant; biomaterial; corrosion; residual stress; total hip replacement; taper connection;
anodic polarization; surface treatment

1. Introduction

Corrosion of metallic parts of artificial joints remains of concern as ions and particles that are
generated by the corrosive processes can lead to clinical problems [1,2]. Alloys based on titanium and
cobalt-chromium or stainless steels are usually applied as implant materials. The alloys themselves are
highly corrosion resistant as they are passive metals (i.e., a protective oxide layer insulates the metal
from the environment preventing corrosion). However, if the passive layer is continuously damaged,
corrosion can—and does—occur.

In endoprosthetic implants, modularity enables intraoperative flexibility, which is especially
beneficial in case of revision operations. In total hip arthroplasty (THA), the most prominent modular
example is the taper connection between hip stem and femoral head. The material combination
Ti6Al4V–CoCrMo is commonly used in these taper connections, because hip stems are often
manufactured from Ti6Al4V due to its relatively low elastic modulus and the good osseointegrative
properties, while metallic femoral heads are usually made of CoCrMo because of its high abrasion
resistance. Corrosive processes at this interface are often referred to as mechanically assisted crevice corrosion
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(MACC) [3]. This means that micromotion caused by cyclic implant loading leads to passive layer
damage, which, in turn, promotes fretting wear as well as galvanic and crevice corrosion. In extreme
cases, almost the complete trunnion of the taper connection was found to be worn off (trunnionosis) [4–6].
However, even in less dramatic cases, a considerable amount of metal loss can be generated at the
head–neck interface, which can cause clinical problems, such as periprosthetic osteolysis and adverse
reaction to metallic debris [7]. Furthermore, elevated blood metal ion levels can be provoked by corroding
taper connections [7]. Using ceramic heads instead of heads from CoCrMo is a possibility to reduce
corrosion at this particular interface. However, also for ceramic heads on metallic bone stems, taper
corrosion has been reported, albeit to a lower extent [8]. Independent of head material, state-of-the-art
to prevent taper corrosion is a proper head impaction during surgery. It has been shown that an impact
power of at least 4 kN should be applied to ensure good interlocking of head and stem and reduce
micromotion as far as possible [9–12].

Another approach in increasing fatigue and corrosion resistance is to alter the surface properties of
the metals. The induction of compressive residual stresses in the surface and subsurface region reduces
the susceptibility to crack initiation, for example by nanocrystal formation and strain hardening, which,
in turn, enhances the resistance towards fatigue and fretting fatigue [13–15]. For Ti6Al4V, a superior
fatigue and fretting fatigue performance after shot peening processes has been shown, for example,
by Sonntag et al., Altenberger et al. and Liu et al. [14,16,17]. Aside from the mechanical behavior,
corrosion characteristics of metals are influenced by residual stresses. It is well known that tensile RSs
increase the susceptibility of stress corrosion cracking. Compressive RSs, on the other hand, can stop
crack propagation and decrease the susceptibility of pitting corrosion [18–20]. The beneficial effects of
compressive RSs on the corrosion resistance were shown for example for AA2024-T3—an aluminum
alloy with poor corrosion properties—and a magnesium alloy for biomedical applications [19,20].
Lee at al. investigated the effect of shot peening on Ti6Al4V, which is a well-known technique to
induce compressive RSs, and found increased high-cycle fatigue resistance even under seawater
environment [21]. Both by shot peening and deep rolling, compressive RSs can be induced for depth
ranges of some 100 μm depending on the process parameters used. However, techniques like deep
rolling or laser shock peening have likewise been applied to induce compressive RSs to depths of up to
a millimeter and even more depending on the intensity of the process [16].

This study aims at investigating the corrosion properties of Ti6Al4V and CoCrMo after inducing
compressive RSs by the techniques of deep rolling and microblasting. The corrosion behavior of
the mechanically surface-treated materials is investigated by means of anodic polarization. The two
investigated alloys are commonly used as pairing in head–neck taper connections in total hip
arthroplasty. As corrosion at this interface is complex, for separation of the individual influencing
factors in this first approach, only the material–electrolyte interaction was investigated. We are aiming
to assess the potential of mechanical surface treatments with regard to improved corrosion resistance
of modular taper junctions in THA.

2. Materials and Methods

Surface treatments and electrochemical corrosion experiments were performed on discs made of
Ti6Al4V ELI (Ti) as defined in DIN ISO 5832-3 and the low carbon CoCrMo-alloy (CoCr) defined in DIN
ISO 5832-12, respectively. Ti6Al4V was received as rod material with a diameter of 15 mm. To provide
a defined microstructure and to eliminate all residual stresses, the rod material was heat treated at
900 ◦C for 10 min under vacuum followed by oil quenching. Finally, the material was annealed at 500
◦C for 4 h followed by a slow furnace cooling. CoCrMo was received as rod material with a diameter of
28 mm. This material was used in the as-received state. For surface treatments and electrochemical tests,
discs with a diameter of 15 mm (Ti) and 28 mm (CoCr) and a thickness of 3 mm were manufactured.
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2.1. Surface Treatments

The corrosion behavior of the two materials was investigated for the three different surface
conditions of (i) metallographical polishing (PO), (ii) deep rolling (DR) and (iii) microblasting (MB).

A metallographic preparation (i.e., grinding, fine grinding and polishing by diamond and/or oxide
suspension) removes the residuals from previous processing. Therefore, the metallographically-prepared
samples served as reference. The mechanical surface treatments of deep rolling and microblasting
on the other hand induced significant compressive residual stresses. Microblasting is a shot peening
process with grit sizes in the micrometer range and a commonly used technique for surface treatments
of metallic implant materials [22,23].

All samples were at first on one face ground and fine ground using SiC-paper from a grit of P320
to finally P2500. For the polished samples, the final surface treatment comprised diamond polishing
applying diamond suspension down to a grain size of 3 μm.

Deep rolling and microblasting were carried out according to the process parameters listed
in Table 1.

Table 1. Processing parameters applied for deep rolling and microblasting.

Parameters Deep Rolling Parameters Microblasting

Ball material / diameter Ceramic / 6 mm Glass beads MS 550B / 20–30 μm

Pressure 180 bar 3 bar

Feed rate 2000 mm/min 8 mm/s

Line spacing between traces 0.04 mm 1 mm

Initial distance to surface – 10 mm

Coverage ratio – 100%

Flow rate – 1.5 kg/min

For the deep rolling, the rolling tool is directed using a meandering pattern, as schematically shown
in Figure 1. Here, the compressive residual stresses at the material’s surface are generated through
continuous plastic deformation induced through the rolling contact (Hertzian pressure) between the
tool and the workpiece material. The overlapping of adjacent rolling tracks induces characteristic
non-axisymmetric residual stress distributions in lateral direction, i.e., maximum compressive residual
stresses occur in feed direction, while in rolling direction, typically, much lower compressive residual
stresses develop.

Microblasting is carried out by moving the blast nozzle also following a meandering pattern.
Each blasting grain induces a residual imprint due to plastic deformation of the interacting material.
Due to the high coverage the resulting lateral compressive residual stress distribution in the near-surface
region is generally independent of direction (i.e., an axisymmetric residual stress state is generated).

The results of the surface treatments were assessed by X-ray residual stress analysis.
Scanning electron microscopy (LEO EVO 50, Zeiss, Oberkochen, Germany) in secondary electron

contrast mode was applied in order to visualize the sample surfaces after the final surface treatment.
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Figure 1. Scheme of the meandering pattern used for deep rolling and microblasting with indication of
the feed and the rolling direction.

2.2. X-ray Residual Stress Analysis

Residual stresses in the two principal directions were determined using a custom-made 3-axis X-ray
diffractometer in ψ-configuration according to the well-known sin2ψ-technique [24]. X-ray diffraction
analysis was performed with Ni-filtered Cu Kα radiation for the {213}-lattice planes in the 2Θ-range
136◦ ≤ 2Θ ≤ 147.4◦. Fifteen sample tilts were considered in the range −60◦ ≤ ψ ≤ 60◦. As primary
aperture, a ø 1 mm pin hole collimator was applied. On the secondary side, a 4 mm symmetrizing slit
was used in front of the scintillation counter. Data post-processing was carried out using a Pearson
VII fit after background subtraction. The diffraction elastic constants (DEC) E{213} = 113 GPa and
ν{213} = 0.32 for Ti6Al4V and E{220} = 227 GPa and ν{220} = 0.3 for the CoCr samples were applied.
Depth distributions of residual stresses were determined by means of electrochemical sublayer removal
and reapplication of the sin2ψ-measurement at the newly created surface.

2.3. Electrochemical Testing

Electrochemical tests were accomplished using a potentiostat (Wenking MLab 200, Bank Elektronik
– Intelligent Controls, Pohlheim, Germany) in combination with an electrochemical cell. The standard
three-electrode system was applied for electrochemical testing with the Ti or CoCr discs serving as
working electrode. Discs were covered by a silicone sealing mask which exposed the metal to the
electrolyte through an orifice of 11.3 mm diameter, resulting in a working electrode area of 1 cm2.
The KCl saturated Ag/AgCl reference electrode (Sensortechnik Meinsberg, Waldheim, Germany) was
placed in a Luggin capillary. The distance between capillary tip and working electrode was set to
1 mm. A platinized titanium bolt of 6 mm diameter served as counter electrode. Anodic polarization
curves were recorded between −800 and 2000 mV for Ti and between −800 and 1000 mV for CoCr
samples. Anodic polarization was repeated four times for each sample. The scan rate was set to
1 mV/s as proposed in the ASTM standard F2129-15 [25]. Open-circuit potential (OCP) measurements
were conducted before, in between and after the polarization scans for one hour in each case.
Dulbecco’s phosphate buffered saline (PBS) (Biochrom, Berlin, Germany) with a pH of 7.4 was used as
electrolyte for electrochemical tests of the three generated surface conditions for Ti and CoCr samples.
In addition, a second electrolyte containing 10 g/l FeCl3 in Ringer’s solution (FeCl3) (B. Braun AG,
Melsungen, Germany) was used for electrochemical tests of polished, deep-rolled and microblasted Ti
discs. The FeCl3-containing electrolyte has a low pH of 1.8 and a higher concentration of Cl− ions and
was used as corrosion accelerating environment [26,27]. Electrochemical testing was done at 37 ◦C and
by using aerated electrolytes. Before electrochemical testing, all samples were ultrasonically cleaned in
ethanol for 10 min. The current density of the passive plateau (Ip) was determined from the anodic
polarization curves as qualitative measurement of material degradation processes. The breakdown
potential (Eb), which characterizes the onset of pitting corrosion, was determined from the intersection
between passive current density and a linear fit of the polarization curve in the transpassive regime
(i.e., the part of the curve leaving the passive plateau abruptly towards higher current density values).
All curves were median filtered prior to the determination of Ip and Eb.
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2.4. Surface Roughness Measurements

Surface roughness measurements were carried out after electrochemical testing using a perthometer
(M2, Mahr, Göttingen, Germany). For each sample, four measurements were done in the area exposed
to the electrolyte as well as in sample regions that were not exposed to the electrolyte during
electrochemical testing but were covered by a silicone sealing sheet. The direction of the surface
roughness profiles was changed about 90◦ for each measurement. The first roughness profile was
placed arbitrarily on the sample surface. We consider the unexposed surface region to reflect the initial
surface roughness of the samples before electrochemical testing. The length of the measuring line was
1.75 mm.

All results are given as mean ± standard deviation from three samples (n = 3).

3. Results

3.1. Mechanical Surface Treatment

The scanning electron microscope (SEM) images presented in Figure 2 emphasize the different
characteristics of the mechanical surface treatments. Compared to the polishing and deep rolling
process, microblasting results in a more rugged surface due to the stochastic impact of individual grits.

Figure 2. Scanning electron microscope images of the polished, deep-rolled and microblasted Ti6Al4V
and CoCrMo (CoCr) samples.

The residual stress depth distributions for the Ti6Al4V samples are presented in Figure 3 together
with the depth distributions of the mean integral widths of the recorded diffraction lines. In comparative
studies, using the same measuring parameters, the change in the integral widths values corresponds to
the degree of cold working (i.e., higher values indicate a larger degree of cold working). As expected,
the polished samples can be treated as stress-free. The integral widths of the diffraction lines also
indicate that almost no plastic deformation was induced by the polishing process, since the values
are similar to the ones of the bulk material, which is unaffected by the surface treatment. Deep-rolled
and microblasted samples show maximum RSs of about −800 MPa. While the microblasted sample
shows its maximum directly at the surface, deep rolling led to maximum compressive RSs at a depth of
about 200 μm. It should be noted that the compressive RSs resulting from deep rolling are directional
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(i.e., the RSs are significantly higher in the feed direction compared to the rolling direction (Figure 1)).
Compressive RSs due to the deep rolling process were introduced up to a depth of approximately
600 μm, whereas for the microblasted sample the range of influence extents into approximately 50 μm
depth. Regarding the mean integral width, for the microblasted sample the value dropped from 3.7◦ to
1.8◦ within the first 50 μm below the surface, indicating a rather steep cold working gradient. For the
deep-rolled sample, the value directly at the surface referred to about 2.4◦ and decreased continuously
with increasing distance to the surface.

Figure 3. Residual stress depth distributions (a) and depth distributions of the average integral widths
of the diffraction lines (b) for the three differently mechanically surface-treated Ti6Al4V (Ti) samples.

Figure 4 shows the depth distributions of RSs and mean integral widths for the CoCrMo samples.
The courses show similarities to the ones of the Ti6Al4V samples. The polished sample is almost
unaffected by the surface treatment, it shows only a small amount of tensile residual stresses close
to the surface. Deep rolling and microblasting on the other hand induced characteristic compressive
residual stress distributions. Microblasting resulted in compressive RSs of approximately −600 MPa
directly at the surface. In addition, a steep gradient with a zero crossing and a change of sign towards
tensile RSs in a depth of about 30 μm was found. As for the Ti6Al4V samples, the RSs are higher in
the feed direction than in the rolling direction. Directly at the surface, compressive RSs in the feed
direction of about −470 MPa and in the rolling direction of about −120 MPa were determined. At a
depth of approximately 100 μm, the maximum of the compressive RSs reached about −900 MPa in the
feed direction and about –580 MPa in the rolling direction. Zero crossing is observed at a depth of
about 500 μm. At depths of more than 500 μm, tensile RSs were determined.

Regarding mean integral widths, the polished sample exhibited values in the range of the
unaffected bulk material (see Figure 4). The microblasted sample showed significantly higher values
of about 1.9◦ mean integral width directly at the surface. The value dropped within the first 30 μm
below the surface to the values of the unaffected bulk material. The deep-rolled CoCrMo samples
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exhibited mean integral widths of about 1.2◦ at the very surface, which is slightly higher than for the
unaffected bulk material. The depth profile shows a maximum of about 1.5◦ in approximately 100 μm
depth, which is related to the location of maximal Hertzian stresses. With increasing depth, the integral
widths continuously decreased to the value of the unaffected bulk material (1.05◦).

Figure 4. Residual stress depth distributions (a) and depths distributions of the average integral widths
of the diffraction lines (b) for the three differently surface-treated CoCrMo (CoCr) samples.

3.2. Electrochemical Tests

Figure 5 represents the breakdown potentials (Eb) obtained from anodic polarization curves of the
two materials in different surface conditions. For the polished and deep-rolled Ti discs, the breakdown
potential could not be reached within the measuring range of up to 2000 mV if the used electrolyte
was PBS. The microblasted samples; however, showed a distinct passive layer breakdown potential
of 1536 ± 105 mV. If tested in the FeCl3-containing electrolyte, the breakdown potential of all three
investigated surface conditions was below 2000 mV. Polished samples had the lowest breakdown
potential of 1504 ± 17 mV, while Eb of deep-rolled and microblasted samples referred to 1688 ± 115 and
1704 ± 100 mV, respectively. The surface treatments did not influence the breakdown potentials of CoCr
discs, Eb accounted to 589 ± 10, 591 ± 10 and 593 ± 9 mV for polished, deep-rolled and microblasted
discs, respectively. The breakdown potentials were hardly influenced by the scan number of the cyclic
repeated polarization.
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Figure 5. Breakdown potential (Eb) of polished (PO), deep-rolled (DR) and microblasted (MB) Ti6Al4V
samples tested in PBS and in FeCl3-containing electrolyte (FeCl3) and of polished, deep-rolled and
microblasted CoCrMo samples tested in PBS. Values comprise all four anodic polarization scans of
three tested samples. Values marked with * refer to breakdown potentials above 2000 mV.

Figure 6 presents the passive current densities from the anodic polarization curves. Passive current
densities of the first and the following scans, respectively, are displayed separately because Ti shows
clearly increased passive current densities during the first anodic polarization cycle compared to
all following scans (cp. Table 2). The difference amounts to about one order of magnitude. Passive
current densities of the microblasted Ti samples are about two times higher than those of polished and
deep-rolled samples in both tested electrolytes. In PBS, polished and deep-rolled surfaces exhibited
comparable passive current densities. If tested in FeCl3-containing electrolyte, the polished and
deep-rolled samples showed comparable passive current densities in the first polarization cycle, while
in the following cycles the deep-rolled surface show a tendency towards lower Ip. Passive current
density of MB Ti samples was raised during the first anodization cycle in the FeCl3-containing
electrolyte in comparison to PBS. This tendency diminished during repeated polarization.

Passive current densities of CoCr are less affected by cycle number and surface condition,
respectively (cp. Table 2). However, there are slight tendencies towards higher passive current densities
during the first anodization and for the microblasted surface, respectively.

Figure 6. Passive current densities of polished, deep-rolled and microblasted Ti6Al4V samples tested
in PBS and in FeCl3 and of polished, deep-rolled and microblasted CoCrMo samples tested in PBS.
(a) Passive currents from the first anodic polarization cycle. (b) Passive currents from polarization
cycles no. 2–4.
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Table 2. Passive current densities (mean (SD)) during first anodic polarization cycles and anodic
polarization cycles no. 2–4 of polished, deep-rolled and microblasted Ti6Al4V and CoCrMo samples.

Cycle 1 / nAcm−2 Cycles no. 2–4 / nAcm−2

PO DR MB PO DR MB

Ti-PBS 3600 (200) 4067 (153) 7900 (529) 140 (17) 156 (17) 359 (34)
Ti-FeCl3 4133 (231) 4733 (252) 9400 (557) 297 (11) 175 (6) 403 (79)
CoCr-PBS 813 (118) 908 (225) 950 (145) 767 (107) 783 (95) 828 (78)

The anodic current density–potential plots shown in Figure 7 illustrate the distinct first polarization
cycle of Ti samples. The passive region subdivides in two parts of a less distinct plateau at passive
current densities in the range of several hundred nA, and a second, more pronounced plateau in the
μA range. In scans no. 2–4, a stable plateau region at the lower passive current densities developed.
The FeCl3-containing electrolyte resulted further in a displacement of the corrosion potential (i.e.,
the potential at zero crossing of the current density, which refers to the minimal value in logarithmic
representation), from about −600 to about 500 mV (cp. Table 3), which means that the cathodic reaction
is enhanced if FeCl3-containing electrolyte is used.

Figure 7. Anodic polarization curves of Ti6Al4V samples. (a) Deep-rolled sample tested in PBS,
(b) deep-rolled sample tested in FeCl3, (c) microblasted sample tested in PBS and (d) polished sample
tested in FeCl3.

Table 3. Corrosion potential (mean (SD)) of polished, deep-rolled and microblasted Ti6Al4V specimens
tested in PBS and FeCl3-containing electrolyte, respectively.

PO /mV DR /mV MB /mV

PBS −615 (94) −642 (71) −566 (30)

FeCl3 498 (27) 469 (25) 461 (31)
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For CoCr discs, again the curve progression in the first polarization cycle differs from the
following cycles, as illustrated for a polished and a microblasted CoCr sample, respectively, in Figure 8.
For polished and deep-rolled samples, during the first cycle, a passivation peak at approximately
−700 mV can be noticed (cp. Figure 8a). After reaching the local maximum, the current density
lowers to the passive current densities displayed in Table 2. With further increasing potential starting
at approximately 0 mV, the passive current rised again slowly to a shoulder before the breakdown
potential—characterized by the abruptly rising current density—is reached. This progression was
observed for all mechanical surface treatments.

Figure 8. Anodic polarization curves of (a) a polished and (b) a microblasted CoCrMo sample tested
in PBS.

3.3. Surface Roughness

Figure 9 presents the surface roughness value Ra of all tested samples in the as-mechanically-
treated condition as well as after electrochemical testing. In Table 4, the Ra and Rz values are displayed.
Generally, Ti samples comprise a higher surface roughness than CoCr samples. The roughness values
of polished and deep-rolled samples are comparable, as shown in Table 4. For Ti samples only, deep
rolling leads to slightly increased Rz values in comparison to polished samples. Microblasting results
in a surfaces roughness of about one order of magnitude higher than in case of polishing or deep
rolling. These findings are reflected by the SEM images in Figure 2.

During electrochemical testing, the samples were exposed to the electrolyte in combination with
cyclic anodic polarization. Electrochemical testing of Ti samples in PBS did not result in significant
changes of the surface roughness of the exposed areas. Polished Ti samples showed; however, a
tendency towards decreasing surface roughness values in the regions that have been exposed to the
FeCl3-containing electrolyte.

CoCr samples were solely tested in PBS. After electrochemical testing, a slightly increased surface
roughness of the polished and deep-rolled surfaces was detected. The microblasted surfaces; however,
were not altered by the cyclic anodic polarization, regardless of the sample material or electrolyte.
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Figure 9. Ra values (nm) for Ti6Al4V and CoCrMo in polished, deep-rolled and microblasted surface
condition. “Original surface” (OS) refers to the region which had not been in contact with the electrolyte
during electrochemical testing; PBS refers to the surface after being electrochemically tested in PBS;
FeCl3 refers to the surface after being electrochemically tested in FeCl3-containing electrolyte.

Table 4. Ra and Rz values in nm for all tested materials, surface conditions and electrolytes.

Ti6Al4V / nm CoCrMo / nm

PO DR MB PO DR MB

Ra / OS 25.5 (8.9) 27.0 (8.3) 311.9 (15.1) 9.3 (2.7) 11.0 (1.6) 162.2 (6.0)

Ra / PBS 23.6 (6.3) 23.1 (3.0) 315.9 (14.2) 18.3 (4.9) 17.1 (3.5) 163.7 (8.9)

Ra / FeCl3 15.6 (5.8) 22.2 (1.8) 297.5 (17.6) – – –

Rz / OS 177.9 (63.3) 210.1 (53.4) 2004 (131) 68.5 (20.4) 69.1 (17.5) 1077 (91)

Rz / PBS 178.3 (61.6) 200.5 (28.7) 2010 (160) 122.7 (23.9) 106.4 (15.4) 1097 (89)

Rz / FeCl3 109.5 (32.4) 192.8 (22.5) 1883 (115) – – –

4. Discussion

Generally, Ti6Al4V showed higher breakdown potentials than CoCrMo, meaning that Ti has
a higher resistance to pitting corrosion. At polished and deep-rolled samples, breakdown of the
passive layer could not be accomplished in PBS up to a potential of 2000 mV. This is consistent
with the literature reporting breakdown potentials between 2500 and 3500 mV for Ti6Al4V in
chloride-containing electrolytes [28,29]. The microblasted sample, on the other hand, exhibited a clearly
lower breakdown potential of 1536 mV in PBS, which indicates a greater susceptibility to pitting
corrosion of microblasted surfaces in comparison to polished or deep-rolled surfaces. Polarization of
Ti samples in the FeCl3-containing electrolyte led to breakdown of the passive layer for all tested
surface conditions well below 2000 mV, while in this corrosion-accelerating electrolyte, the polished
samples exhibited passive layer breakdown at lower potential than microblasted and deep-rolled
samples. Interestingly, the addition of FeCl3 only resulted in decreased breakdown potentials for PO
and DR surfaces, the breakdown potential of the microblasted surface was not further lowered by the
FeCl3-containing environment.

We consider passive current densities as qualitative measurement for material degradation
processes, as these involve exchange and transport of ions and charged molecules. Higher passive
current densities would therefore represent increased material degradation rates, while lower passive
current densities would refer to smaller corrosion rates. Polished and deep-rolled Ti6Al4V samples
showed substantially lower passive current densities than samples with microblasted surfaces, which
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confirms that the corrosion resistance of Ti6Al4V is higher after metallographical polishing and deep
rolling than after microblasting of the surface.

However, during the first anodic polarization cycle, passive current densities of Ti are substantially
higher than passive current densities of CoCr. In addition, we observed two distinct regions in the
passive potential range. It is well known that Ti6Al4V spontaneously forms a stable oxide layer when
exposed to air. The oxide layer has a thickness of approximately 5 nm and consists mainly of TiO2 and
a small quantity of TiO and Ti2O3 at the metal–oxide interface [28]. Milosev et al. showed that upon
polarization of Ti6Al4V, the thickness of the TiO2 layer increases and Al2O3 is introduced in the passive
layer already at low potentials [28]. We; therefore, attribute the distinctive passive region during the
first polarization to growth and chemical transformation of the oxide layer. In all following polarization
cycles, the oxide layer stabilized and does not undergo further changes, as can be seen from the constant
current density within the passive region and the almost identical current density–potential plots.

As illustrated in Figure 8, the first polarization cycle of CoCrMo samples differed from all following
cycles. For polished and deep-rolled samples, a passivation peak (i.e., an active–passive transition)
was observed during the first polarization scan. Hence, we suppose a thickening or healing of the
existing oxide layer at low potentials. All surface treatments exhibited increased passive current
densities over a potential range of approximately 300 mV just before passive–transpassive transition.
This might be attributed to chemical changes, as the composition of the oxide layer is highly dependent
on the applied potential [30,31]. The spontaneously formed oxide layer mostly consists of Cr2O3 and
small quantities of Co- and Mo-oxides and—according to Milosev et al.—has a thickness of about
1.8 nm [31]. Chemical modifications caused by polarization in intermediate potential ranges include
the incorporation of Co- and Mo-oxides in the passive layer, which is accompanied by an increase
in thickness [31]. Milosev et al. found the increase in thickness of the passive layer to account for
about a factor 3, if CoCrMo is polarized up to 800 mV (against a saturated calomel electrode) in
simulated physiological solution [31]. However, after the first polarization cycle, the passive layer of
CoCrMo stabilized, so that, in all following cycles, neither passivation peaks nor increasing passive
current densities were observed before passive–transpassive transition. Among the different surface
treatments, the passive current densities of CoCrMo hardly varied. The changes within the oxide layer
on CoCrMo caused by polarization can; therefore, be considered to be independent of the mechanical
surface treatments.

The decreased corrosion behavior of microblasted Ti6Al4V samples can be attributed to the
higher roughness of the surface. A higher corrosion resistance related to lower surface roughness
has been reported for Ti6Al4V but also for other metals and alloys, such as cp-Ti and NiTi [29,32–34].
The higher passive current densities in microblasted Ti samples can be attributed to the true surface
area, which increases with roughness. The irregular grooves that are formed upon microblasting might,
in addition, lead to small, enclosed areas with reduced diffusion in the electrolyte. This could lead
to a locally-restricted oxygen depletion in the electrolyte, which may result in localized corrosion
similar to the process of crevice corrosion [29]. Additionally, the oxide layer of the rough surface may
possess a higher degree of imperfections, which would make the surface more susceptible to pitting
corrosion [29]. The lower breakdown potential of the microblasted Ti6Al4V samples tested in PBS can
be attributed to these effects. In a more aggressive corrosive environment; however, these effects seem
to play a minor role, as in the FeCl3-containing electrolyte all three Ti6Al4V surface modifications
exhibited breakdown potentials in the same range.

For CoCrMo; however, neither influence of the near-surface RS state nor influence of roughness
on corrosion behavior could be observed. The roughness values of microblasted CoCrMo are about
two times lower than the roughness values of microblasted Ti. There might be a critical roughness,
above which the corrosion behavior is affected. It is possible; however, that the influence of roughness
on breakdown potential and passive current densities is alloy dependent. Evidence can be found in
literature of metals and alloys that do not show a clear relation of corrosion resistance and surface
roughness (e.g., β-Ti alloy and stainless steel) [33,35].
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In addition to the analysis of the potentiodynamic polarization curves, the roughness of the
materials before and after polarization might be an indicator for the extent of the corrosional attack
during cyclic polarization. The deep-rolled and polished CoCrMo samples showed a tendency towards
increased surface roughness after the four conducted polarization cycles. This indicates material loss
due to pitting corrosion. Deep-rolled and microblasted Ti samples did not show altered roughness values
after cyclic polarization in PBS and FeCl3-containing electrolyte. The polished samples polarized in
FeCl3-containing electrolyte showed; however, a slight tendency towards decreasing surface roughness
after the electrochemical tests. Roughness decrease due to electrochemical material degradation can be
explained by the difference in Volta potential between valley and peaks, as electrons in peak areas are
more likely to escape the material than electrons in valley areas [36]. This would mean that roughness
progression due to galvanic corrosion would pass a minimum before a roughness increase due to
pitting becomes evident. Furthermore, in the FeCl3-containing environment, polished Ti samples
exhibited lower breakdown potential than deep-rolled Ti samples. This indicates that the corrosion
resistance of deep-rolled Ti6Al4V might be superior to that of polished Ti6Al4V, which might be
correlated to the high compressive RSs in the near-surface region. Thus, for the three investigated
surface conditions of Ti6Al4V, deep rolling resulted in relatively higher corrosion resistance.

This work investigated the potential of surface treatments for enhancing the corrosion resistance
of passive metals, which are applied in the field of surgical implants. It has been shown that the surface
treatments did impact the corrosion behavior of the metals, even though the observed differences on the
breakdown potentials and passive current densities between polished and deep-rolled samples were
rather small. The corrosion of taper connections is; however, mainly initiated by occurring micromotion,
which can damage the passive layer leading, in turn, to fretting and galvanic corrosion [3,37,38].
The mechanical resistance of the oxide layer is; therefore, crucial for the corrosion resistance of the
applied alloys. Assessment of corrosion in this study was somehow simplified, as the mechanical
component of taper corrosion was not taken into account. This was done in order to separate the effects
of occurring micromotion from the effects caused by galvanic corrosion. In this setup, the corrosion
behavior is; therefore, rather governed by sample roughness than by the induced compressive RSs,
especially since the investigated alloys are passive metals with a naturally high corrosion resistance.
However, apart from the slightly improved corrosion resistance for the deep-rolled surface of Ti6Al4V
observed in this study, the induction of compressive RSs by means of deep rolling have moreover the
potential of combining a mirror smooth sample surface with the beneficial effects in terms of fretting
and fatigue resistance.

Further studies are needed that involve actually occurring forces and resulting micromotion in order
to evaluate the impact of compressive RSs onto the corrosion resistance of modular taper connections.

5. Conclusions

Compressive RSs were introduced in Ti6Al4V and CoCrMo by means of deep rolling and
microblasting, while metallographically-prepared samples served as reference. For CoCrMo, the surface
treatments did not alter the corrosion behavior. For Ti6Al4V, microblasting led to a lowered breakdown
potential and/or increased passive current densities, which indicates decreased corrosion resistance.
Further studies comprising mechanical loads are needed in order to assess the impact of mechanical
surface treatments with respect to corrosion of modular taper connections in total joint arthroplasty.
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Abstract: Trunnionosis, defined as wear and corrosion at the head–neck taper connection, is a cause
of failure in hip arthroplasty. Trunnionosis is linked to a synergistic combination of factors related to
the prosthesis, the patient, and the surgeon. This review presents analytical models that allow for the
quantification of the impact of these factors, with the aim of providing practical recommendations to
help surgeons minimize the occurrence of this failure mode. A tighter fit reduces micromotion and,
consequently, fretting of the taper connection. The paramount parameters controlling the fixation
force are the coefficient of friction and the impaction force. The influence of the head diameter, as
well as of the diameter and angle of the taper, is comparatively small, but varus alignment of the
taper and heads with longer necks are unfavourable under physiologic loads. The trunnion should
be rinsed, cleaned, and dried carefully, while avoiding any contamination of the bore—the female
counterpart within the head—prior to assembly. Biological debris, and even residual water, might
critically reduce the fixation of the taper connection between the head and the neck. The impaction
force applied to the components should correspond to at least two strong blows with a 500 g hammer,
striking the head with an ad hoc impactor aligned with the axis of the taper. These strong blows
should correspond to a minimum impaction force of 4000 N.

Keywords: hip arthroplasty; trunnionosis; trunnion failure; fretting corrosion; head–neck junction;
mechanically assisted crevice corrosion

1. Introduction

Total hip arthroplasty (THA) is so successful in restoring mobility and relieving pain in patients
with degenerated hip joints [1] that it has been nominated as the operation of the 20th century [2].
Failure, however, remains an issue, with between one-third and nearly half of THA procedures requiring
postoperative revision within 30 years [3,4]. One of the possible causes of failure is trunnionosis [5].
Trunnionosis is defined as wear and corrosion at the head–neck taper connection [6]. Hence, it is
associated with the modularity of the head–stem construct. Modularity gives the surgeon the flexibility
to choose femoral heads of varying materials and diameters, with variable neck lengths, so that the joint
replacement can be adjusted according to the patient’s anatomy [7]. It can also reduce the inventory
and consecutive storage costs [8,9]. In THA, the use of modular heads began in the early 1970s and has
almost completely supplanted monobloc femoral components [6,10].

Epidemiological data on the incidence of clinically relevant trunnionosis are scarce. Up to 4.7%
of revisions are reported to be attributable to taper corrosion [11–13]. Rates of up to 10.5% are even
reported for certain subgroups [12]. While the latter number seems rather high, the occurrence of
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trunnionosis is certainly underreported, as the taper is seldom analysed. In some revisions, only
the femoral head is revised and the stem is retained, making a full analysis impossible. Sometimes,
the stem may be revised without disconnecting the head. Additionally, it remains quite difficult to
determine the clinical relevance of this issue when other reasons for revision are present concomitantly.
While taper corrosion might be observed frequently on retrievals [14–16], the clinical relevance might
remain difficult to determine [11], particularly because approximately one-third of the adverse local
tissue reaction (ALTR) pseudotumours related to taper corrosion identified on magnetic resonance
imaging are asymptomatic [17]. A determination of the levels of cobalt and chromium in the synovial
fluid might help identify taper corrosion-related issues [18].

The aetiology of trunnionosis is believed to be a synergistic combination of factors related to the
prosthesis, the patient, and the surgeon [19–25]. Trunnionosis involves both fretting corrosion as well
as crevice corrosion [26,27]. This process is called mechanically assisted crevice corrosion (MACC) [19].
Taper corrosion can lead to elevated metal ion levels in the synovial fluid of the affected joint as
well as in the serum, and may cause ALTR [11,13,18,28,29]. ALTR includes lymphocyte-dominated
inflammatory reactions and macrophage infiltrates reacting to particulate corrosion products [11,30].
These can lead to synovitis, local osteolysis, the necrosis of periprosthetic tissues and, finally, component
loosening [11,13,31]. Long-term MACC leads to material loss at the taper junction, which can, in rare
cases, lead to the frank dissociation of the connection, as well as marked taper deformity [13,20,32–34].

This manuscript aims to quantify the impact of these factors according to published analytical
models, as well as clinical and in vitro studies, and provide practical recommendations to help surgeons
minimize the occurrence of trunnionosis. We conducted a thorough non-systematic review of the
literature using two search engines (PubMed and Google Scholar, using the following keywords:
trunnionosis, fretting corrosion, taper connection, taper corrosion, taper failure, MACC, modularity,
assembly force, disassembly force, micromotion) and cross-referenced related studies to identify the
relevant literature.

2. Technical Aspects of Taper Connections in Hip Arthroplasty

A taper connection is a means of reliably joining two mechanical components, by tightly fitting a
cone into a negative cone-shaped counterpart [35]. The male component is referred to as the trunnion,
while the female counterpart is a bore [24,35]. A taper is defined by three parameters: the largest
diameter at its base, the smallest diameter at its opening or tip, and its angle [36].

MACC of a Morse taper connection is caused by fretting and crevice corrosion [26,27]. Fretting
first disrupts the protective oxide layer on the surfaces of the taper and causes wear. Changes in local
chemistry within crevices then lead to the complex interactions of crevice corrosion [26,27]. Although
repassivation (i.e., reformation of the protective oxide layers) occurs naturally, fretting alters the
repassivation of the exposed metals [24,25,37].

A recently published study indicates that trunnionosis is mainly determined by fretting corrosion,
rather than by crevice corrosion [38]. Therefore, minimizing the micromotions at the head–neck taper
interface would mitigate the starting conditions of trunnionosis. A strong press-fit fixation of the taper
interface will logically lower these micromotions [21,39]. This underlines the importance of a stable
fixation between the femoral head and the stem’s trunnion [6,20,21]. Fretting corrosion at the taper
interface is linked to micromotions of 5 μm to 12 μm [21,40]. Time in vivo (i.e., exposure to repeated
loads) is also linked to the degree of corrosion of tapers [12,26]. Thus, a stable taper connection with
lower micromotions under physiological loads will produce a reduced risk of trunnionosis. The force
required to remove the head from the taper is a measure of taper stability, denoted as the fixation force
or the pull-off force. Given the association between fixation force (i.e., the force necessary to dissociate
the taper connection) and micromotion at the taper’s interface [21,39], the fixation force is a surrogate
parameter for the rest of this analysis. Fessler et al. [41,42] and MacLeod et al. [43] have both provided
analytical models to estimate the fixation force between the neck and the head. These two analytic
models are presented in Figure 1.
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Figure 1. Fessler and MacLeod’s formulas illustrated. MacLeod’s model uses the same fundamental
formula as Fessler’s model, as illustrated in the figure, but adds three factors that consider the geometry
and the material properties of the system. In both models, the fixation force correlates linearly with the
force applied to impact the taper. The effects of the other parameters are illustrated in Figures 2–4.

MacLeod’s model is an extension of Fessler’s model and adds three multiplying factors that
consider the geometry and the material properties of the system. In both models, the fixation force
correlates linearly with the force applied to impact the taper. The fixation force, therefore, has a major
effect on the stability of the taper connection [6,44–52]. Because the taper angle α is determined by the
chosen prosthesis design (typically between 5◦30′ and 6◦ [36]), this parameter has to be considered as
fixed. The effect of the taper angle α on the fixation force is negligible, as illustrated in Figure 2. The
taper angle α should not be confused with the slope of the taper, which is α/2 [43]. MacLeod’s equation
demonstrates that the influence of the diameter of the head (28 mm to 60 mm) is also relatively small,
accounting for a maximum variation of 6.4%, as demonstrated in Figure 3. Both models predict that
the fixation force is nil for a coefficient of friction of about 0.05, and this fixation force increases as the
coefficient of friction increases (Figure 4).

When all other parameters are equal, MacLeod’s model estimates a higher fixation force than
Fessler’s model by about a third (Figure 2). However, when considering the technical aspects of the
different experimental setups, nearly all fixation force values described in the literature correspond to
the values estimated by Fessler’s formula, ranging 40% to 55% of the impaction force [6,21,44,47–52].
Surprisingly, the values measured by MacLeod et al. do not correspond to those estimated by their
own model [43].
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Figure 2. Influence of the angle of the taper on fixation force, as estimated by Fessler and MacLeod’s
models. With the impaction force having a linear effect in both models, the fixation force is represented
as a proportion of the impaction force. The range of taper angles illustrated covers the range of tapers
available commercially in hip arthroplasty. For both models, a coefficient of friction μ of 0.2 was
considered. For MacLeod’s estimate, a 32-mm head was considered.

Figure 3. Influence of the diameter of the head on fixation force, as estimated by Fessler and MacLeod’s
models. As this parameter is not considered in Fessler’s model, only MacLeod’s model shows a
variability depending on this factor. The influence on fixation force, however, remains relatively small
and negligible. Notably, MacLeod’s formula provides results with a positive influence for an increasing
head size, whereas the measurements describe a decrease of approximately 20% in the fixation force
when the head size is increased from 28 to 36 mm. With the impaction force having a linear effect in
both models, the fixation force is represented as a proportion of the impaction force.
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MacLeod’s model is not completely trustworthy for two additional reasons. First, it predicts a
higher fixation force than the impaction force, starting from a coefficient of friction of 0.372 (for a
32-mm head) and upward. This would imply the creation of energy within the system, which is clearly
impossible. Secondly, while the experimental observations indicated a reduction in the fixation force
with an increasing head diameter (with the fixation force of 36 mm heads being 20% less than the
fixation force for 28 mm heads [43]), the model predicts the contrary (Figure 3). Considering all these
elements, MacLeod’s equation will be omitted for further analysis in this review, and only Fessler’s
equation will be considered.

Therefore, the two main parameters controlling the fixation force are the impaction force, which
has a linear effect, and the coefficient of friction μ, which should be as high as possible. Under ideal
conditions, the value of μ is approximately 0.15 to 0.25 [41,53–55]. However, the relationship between
the fixation force and the coefficient of friction is not linear. This force becomes nil when the coefficient
of friction approaches 0.05 (Figure 4).

Figure 4. Influence of the coefficient of friction μ on fixation force, as estimated by Fessler and
MacLeod’s models. For MacLeod’s model, a head diameter of 32 mm was considered. With the
impaction force having a linear effect in both models, the fixation force is represented as a proportion
of the impaction force. The effect of the coefficient of friction μ is not linear. With a coefficient of
friction < 0.05, stable fixation is not possible. MacLeod’s model not only predicts higher fixation forces
than Fessler’s model, it also predicts a fixation force higher than the impaction force starting from a
coefficient of friction of 0.372 (for a 32-mm head) and upward, which is physically impossible.

Symptomatic trunnionosis appears to be associated with increased head offsets and longer
neck lever arms [21,22,56,57]. Micro-grooved tapers, designed to improve stress distributions in
ceramic heads, may increase the likelihood of corrosion when combined with metal heads [21,58,59].
However, retrieval studies have not been able to confirm the impact of surface topography, because
they have shown comparable fretting corrosion in vivo [21,60]. The variability induced by surface
topography is obviously far less important than the other relevant factors in vivo. The association
of head diameter with trunnionosis is not always consistent in the literature [12,22,26,57,61,62], but
confounding parameters such as time in vivo were not always considered in these studies. Based
on some of these publications, large-diameter heads induce force transmission on the taper with
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a greater lever arm, and this will be mechanically unfavourable when micromotions have to be
minimized [43,57,63]. Interestingly, the influence of the head size is not always seen on retrievals [62].
In addition, and perhaps somewhat counterintuitively, the length of the trunnion does not appear to
have a significant impact on micromotion or fixation force [47,64]. Increased trunnionosis has also
been linked with low flexural rigidity necks (i.e., those with increased elasticity) [65] and small taper
angle differences [66]. However, all these parameters are associated with the chosen design of the
prosthesis and may not be modifiable intraoperatively. Taper incongruences caused by mixing heads
and tapers from different manufacturers might affect the strength of the taper connection and must be
avoided, given the variability of the effect associated with cobalt–chromium (CoCr) heads, because
taper incongruences may critically reduce the fracture load of ceramic heads [67,68], and because of
certification issues. Gross trunnion failures are reportedly above average for tapers made of beta
titanium alloy (titanium–molybdenum–zirconium–iron (TMZF)) [34]. This specific beta titanium alloy
might have fretting corrosion characteristics that are unfavourable for taper connections.

3. Patient-Related Factors for Trunnionosis

Patient-related factors that affect corrosion may include excess body weight [69] and high-impact
activities with a resultant increase in demand on the prosthesis [70]. Bergmann et al. have shown that
prosthetic loads are several times the patient’s body weight, and the exact load level greatly depends
on the patient’s activity [71]. Impact activities greatly increase prosthetic loads; for example, jogging
and brisk walking increased the prosthetic load by 3.9 times a patient’s body weight, while stumbling
increased the prosthetic load by 11 times a patient’s body weight [71]. These larger loads obviously
amplify micromotions at the taper interface. However, the surgeon cannot influence these parameters,
as they depend on the patient’s activities in daily life.

The risk of trunnionosis should be considered when planning for THA in patients with larger
femoral neck offsets. Varus orientation of the taper and the use of heads with +4 mm necks or longer
significantly increase the risk of micromotion and MACC in the taper interface [21]. Given the risk
of trunnionosis, implanting the stem in a varus axis to increase the offset might not be mechanically
sound. This might well become an issue, particularly with the so-called short stems, which are often
recommended for implantation in varus to reconstruct larger femoral offsets [72]. As heads with longer
necks might also be detrimental [21], stem designs with larger offsets might have to be favoured. In
general, older designs have smaller offsets. When choosing stems with increased offsets, the reduced
flexural rigidity of the neck or the taper should be avoided [65,73]. In our opinion, the traditional
solution in THA in compensating offset loss with leg-lengthening should be re-evaluated and updated
in light of the increasing awareness of trunnionosis.

4. Surgeon-Related Factors Determining Taper Fixation

Micromotions in the taper interface, and thus the risk of trunnionosis, are determined by factors
under the direct control of the surgeon. These factors are the coefficient of friction and the impaction
force, which also appear to be the main determinants of the fixation force, once the prosthetic design
has been chosen.

The coefficient of friction is significantly affected by the condition of the trunnion at the time of
assembly. This has a major influence on the fixation force, as illustrated in Figure 4. According to
several in vitro studies, fluid or fat left on the trunnion at the time of head assembly negatively affect
fixation force [10,45,74,75]. By cleaning the trunnion with saline solution and drying it with gauze
directly before the assembly of the head, the disassembly forces increase to values observed on pristine
control trunnions [10,44,75]. The effect of contamination on the coefficient of friction is independent of
the head material (CoCr versus ceramic) [44]. The contamination of the female taper should be avoided
carefully while manipulating the head before seating it, as adequate cleaning of the bore would be
particularly difficult. A lower coefficient of friction reduces the fixation force and causes higher hoop
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stresses, increasing the fracture risk for ceramic heads [75]. Drying and cleaning should be done with
gauze only, as metallic brushes or pads damage the surface of the taper [76].

The head should never be struck directly with the hammer, but instead with an adequate impactor
to avoid damaging the bearing surface of metal heads or fracturing ceramic heads due to point loading.
The characteristics of the impactor greatly influence the force transmitted from the hammer blow to the
taper connection. Hard plastic tips found on commercially available impactors avoid damage to the
head, but they reduce the assembly force by approximately 20% compared to a metallic tip [77]. Older
impactors (with questionable stiffness) and impactors with rubber tips should be abandoned [77].

Practical recommendations regarding the impaction force require a discussion of the technical
aspects of the studies found in the literature. Quasi-static assembly procedures ensure the precise
measurement of the impaction force but do not correspond to the technical solutions available
intraoperatively. As the rate of impaction has no relevant effect on the fixation force [49,78], impaction
with a hammer might be considered equivalent, even if minor mechanical differences might be
identified [55]. While force sensors at the tip of the impactor might approximate the assembly force
applied to the taper, the energy dissipated by the impactor must be subtracted from the values measured
by the sensing hammers [10,43,50,78,79]. Some studies do not even adequately describe the impaction
force used or the fixation force measured [45,74].

The number of hammer blows does not play a significant role, as the impaction force is controlled
by the impact with the highest energy [6,45,79]. To ensure the optimal impaction of the taper, two
hammer blows are recommended [74]. The first blow could be seen as being the alignment blow and
the second blow as being the definitive impaction blow. Many lighter impactions are not useful, as the
effect is not cumulative. We recommend a good alignment between the impactor and the neck of the
femoral stem. Based on a trigonometric model, a misalignment up to 20◦ could be tolerated, as 94% of
the impacting force would still be maintained in the correct direction. This is confirmed experimentally,
with fixation forces not altered significantly by seating loads applied at 20◦ [52]. Asymmetries of the
seating load displacement could, however, be observed at the taper [51,52], and this might explain
notable differences in the fixation force observed with off-axis impactions of only 10◦, when combined
in different planes [80]. Axis deviations of more than 20◦ are common during THA, at least when using
a posterior approach to the hip [81]. Due to the off-axis orientation of physiologic loads, the manual
assembly of a taper, relying on later impaction under the patient’s weight, is inadequate [49,70,71].

Impaction with a hammer has its advantages, in that a short impulse causes a lower transmission
of energy to the tissues distal to the taper than a slower application of the force [44,55,77]. It might be
expected that the impaction of the taper with a hammer is associated with a low risk of femoral fracture,
even if high forces are applied. An increased impaction force increases the contact surface, and this has
a favourable effect on the stability of the taper connection [39]. However, there is a clinically relevant
upper limit to the amount of force applicable. However, to the best of our knowledge, no study has
established a maximum recommended force.

Impaction with at least 4000 N is recommended. An adequate impaction force can be reached
with a strong blow from a 500 g hammer [46,50]. Surgeons should become familiar and proficient with
force-measuring instruments, especially those surgeons with low levels of experience in arthroplasty, to
avoid the application of insufficient or off-axis impaction force [46]. The settings of the instrumentation
should be checked carefully to ensure that the force measured corresponds to the potential assembly
force, and not the force applied with the hammer.

5. Discussion

Contemporary hip arthroplasty includes modular heads with variable neck lengths, as this
increases the surgical options to tailor the implant to the patient’s individual anatomy and allows
for the use of heads made of materials that differ from that of the stem [7]. However, because of
the additional interface, modularity may result in additional specific failures. Trunnionosis, defined
as fretting and corrosion of the taper connection [6], may result in metal ions and metal particles
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entering the joint, causing ALTR. Since the first report of a pseudotumour related to taper corrosion was
published as early as 1988 [82], corrosion and fretting at the taper junction have become increasingly
linked to implant failure [11–13,20,22,83]. Surgeons should be aware of all controllable factors to
minimize the risk of trunnionosis. This review highlights the important controllable factors that
determine the stability of the head–neck taper connection: impaction force and the coefficient of friction
at the taper interface.

Fessler’s model quantifies the fixation force of a taper connection [6]. A higher fixation force
leads to a tighter fit between components. This will reduce micromotions in the interface between
the bore in the head and the stem’s trunnion during physiologic loads, thereby preventing fretting
corrosion [10,20,21,40]. The head size is not considered in Fessler’s analytical model of fixation force
(Figure 1). Since trunnionosis came into focus as clinically relevant, around ten years ago, multiple
factors with a possible impact on the lever arm to the centre of rotation (e.g., large-diameter heads,
high mediolateral offset, large neck length, and bearing type) have been discussed as factors that may
exacerbate the fretting corrosion process [23,29,58,70]. However, the available data remain inconclusive
as to their relevance, and their actual impact remains unclear even to date. Other factors excluded from
the analytical model, but under the direct influence of the surgeon, are the impaction technique [6]
and the avoidance of mismatch by combining heads and stems with different taper designs (i.e., from
different manufacturers) [25,67,68,84].

Modern hip arthroplasty is prone to fretting and corrosion at the taper junction for three reasons.
First, procedures are increasingly being performed through small incisions [85], which may impair the
proper cleaning and drying of the taper due to reduced exposure. Secondly, driven by the trend to
increase the range of motion, there has been a reduction in the diameter of the neck and of the length
of the tapers, which reduces flexural rigidity [65,73]. At the same time, head diameters have increased
with the aim of reducing the risk of dislocation, along with an increasing range of motion [24,86,87], a
change justified by the improved wear characteristics of highly cross-linked polyethylene and ceramic
bearings [88–90]. Thirdly, these developments have coincided with an increase in obesity rates in most
patient populations, with the prevalence of adult obesity exceeding 50% in numerous countries [91].
Taken together, these three developments have created challenges for proper taper fixation and have
resulted in corrosion issues.

Finally, there is an increasing understanding of the inter-subject variation in terms of the biologic
response to wear particles. Macrophages are activated by wear particles from CoCr alloys [92]. This
may lead to the cell-induced corrosion of the taper interface [93]. Improperly seated heads may develop
micromotions under physiological loads large enough for macrophages to penetrate the interface and
contribute to taper corrosion and failure [52]. This may also be the case with heads engaging the taper
proximally, which is the rule for ceramic heads [24]. Differences in alleles are strongly associated with
the development of pseudotumours after THA with metal-on-metal bearings [94]. Variations in the
genetic signal on the seventh chromosome can influence the probability of developing osteolysis after
THA [95].

Trunnionosis develops due to the insufficient fixation of the taper connection. Wear and corrosion
alter the surface and the geometry of the trunnion. Despite this, well-fixed stems do not necessarily
need to be revised when the trunnion shows severe corrosion. The correct application of a new head
does not lead to increased revision rates for corrosion-related issues [11,96,97]. Macroscopic material
loss on the trunnion obviously does not allow the proper seating of a new head, and the stem should
then be revised. Ceramic heads with titanium alloy inner sleeves may reduce the risk of the recurrence
of corrosion issues at the level of the taper compared to CoCr heads [11,97]. However, this remains
unconfirmed, considering the difficulties in identifying relevant material issues and the small sample
sizes in the studies cited.

In conclusion, trunnionosis is a multifactorial phenomenon related to wear and corrosion in the
modular links in hip arthroplasty. A tighter fit decreases micromotion and fretting of the taper interface
in the long term and thus reduces the risk of trunnionosis. To minimize micromotions leading to wear
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and corrosion of the taper connection, surgeons should be aware of the factors directly under their
control. Analytical models and empirical investigations reflect the critical significance of carefully
cleaning, rinsing, and drying the taper before assembly. The absence of biological residues will yield
a higher fixation force between the taper and the femoral head. Fixation strength increases linearly
with impaction force. Based on the literature, the adequate impaction of the taper connection can be
achieved with at least two strong blows from a 500 g hammer. Surgeons are encouraged to undertake
training on force-measuring machines to ensure adequate impaction.
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Abstract: Ceramic coatings deposited on orthopedic implants are an alternative to achieve and
maintain high wear resistance of the metallic device, and simultaneously allow for a reduction in
metal ion release. Silicon nitride based (SiNx) coatings deposited by high power impulse magnetron
sputtering (HiPIMS) have shown potential for use in joint replacements, as a result of an improved
chemical stability in combination with a good adhesion. This study investigated the effect of N, C,
Cr, and Nb content on the tribocorrosive performance of 3.7 to 8.8 μm thick SiNx coatings deposited
by HiPIMS onto CoCrMo discs. The coating composition was assessed from X-ray photoelectron
spectroscopy and the surface roughness by vertical scanning interferometry. Hardness and Young’s
modulus were measured by nanoindentation and coating adhesion was investigated by scratch tests.
Multidirectional wear tests against ultrahigh molecular weight polyethylene pins were performed
for 2 million cycles in bovine serum solution (25%) at 37 ◦C, at an estimated contact pressure of
2.1 MPa. Coatings with a relatively low hardness tended to fail earlier in the wear test, due to chemical
reactions and eventually dissolution, accelerated by the tribological contact. In fact, while no definite
correlation could be observed between coating composition (N: 42.6–55.5 at %, C: 0–25.7 at %, Cr: 0 or
12.8 at %, and Nb: 0–24.5 at %) and wear performance, it was apparent that high-purity and/or -density
coatings (i.e., low oxygen content and high nitrogen content) were desirable to prevent coating and/or
counter surface wear or failure. Coatings deposited with a higher energy fulfilled the target profile in
terms of low surface roughness (Ra < 20 nm), adequate adhesion (Lc2 > 30 N), chemical stability over
time in the tribocorrosive environment, as well as low polymer wear, presenting potential for a future
application in joint bearings.

Keywords: silicon nitride; coating; joint replacement; wear; adhesion

1. Introduction

Total joint replacements (TJRs) are surgical procedures carried out most frequently on patients
suffering from arthritic pain or bone fractures [1–5]. These procedures are largely considered successful,
with success rates up to 90% at 10 years follow-up for total hip replacements (THRs) and total knee
replacements (TKRs) [6,7]. However, the aging and more active population places higher demands on
these implants.
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Typically, for THRs the femoral head is replaced by a metal alloy (CoCrMo) or ceramic
(zirconia-toughened alumina (ZTA)), and the acetabulum by a ceramic or polymer (ultrahigh molecular
weight polyethylene (UHMWPE) or cross-linked polyethylene (XLPE)) [8–12]. TKRs are composed
of a metallic femoral component (CoCrMo) as well as a polyethylene XLPE insert attached in the
tray [3,13–16]. Ceramic coatings on metallic substrates can be used to reduce wear of structural
materials, including manufacturing tools as well as joint implants [17,18]. Different types of ceramic
coatings are under investigation for hip joint applications (e.g., TiN, DLC, ZrO2, ZrN, CrN, and Si3N4),
while TiN and ZrN coatings are already in clinical use in knee implants [19–23]. These transition
metal nitride coatings have the expressed purpose of extending the implant’s life time, by either
preventing or minimizing the body’s immune reaction, which might result in osteolysis, aseptic
loosening, and ultimately implant revision [24–35].

According to our previous work, SiNx based coatings have shown potential as an alternative for
joint bearings due to their biocompatibility, high wear resistance and hardness, and reduced metal ion
release [36–39]. However, it is challenging to achieve an optimal combination of adhesion, coating
density, and reactivity in SiNx coatings; a high coating density resulting in a lower reactivity may give
an insufficient adhesion to the substrate due to high residual stresses [40]. Alloying with a third element
may be an option to improve the chemical stability while maintaining a balance in coating density and
adhesion. For silicon nitride, previous studies have shown that the addition of Cr increases oxidation
resistance and mechanical properties [41,42], while Nb improves the wear resistance and increases the
hardness [43]. In previous studies, we reported that the addition of C altered the surface reactivity
of silicon nitride and influenced the coating density and surface morphology [44,45]. In addition,
we have shown that an increased N content results in a higher hardness and density [46–48]. In this
study, we investigated the effect of N, C, Cr, and Nb content, as well as ion energy, on the properties of
silicon nitride (SiNx)-based coatings for joint applications, with a focus on their wear performance in
a hard-on-soft contact, since, as mentioned above, the counter surface in a joint implant is usually a
polyethylene polymer. The coatings were deposited on top of Cr-based interlayers, and were evaluated
in terms of chemical composition, surface roughness, mechanical properties, adhesion, and wear
resistance in a hard-on-soft contact.

2. Materials and Methods

2.1. Coating Deposition

Coating deposition was conducted in an industrial coating system, with a chamber volume of
about 1 m3, equipped with four magnetrons, of which two were operated in unbalanced magnetron
sputtering (UBM) and two in high power impulse magnetron sputtering (HiPIMS) mode. The coatings
were deposited using 2-fold substrate rotation. The Si targets were operated at average powers of 5 kW
and 8 kW in HiPIMS mode, while the Cr and Nb targets were operated in UBM mode at a sputtering
power 1 kW for Cr and sputter powers of 1 kW, 2 kW, or 5 kW for Nb. SiNx coatings with thicknesses
ranging from 3.7 to 8.8 μm were deposited on mirror polished CoCrMo discs. Ion energies were
controlled using three different bias voltages (low, medium, and high) as well as average target power
settings. The sputter atmosphere was controlled at a pressure of 600 mPa, with N2-to-Ar ratios ranging
between 17% and 40% and the remaining percentage to reach 100% was Ar. Detailed information can
be found in Table 1.
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Table 1. Description of the coatings and deposition processes used in this study. A pressure of 600 mPa
was used for all deposition runs.

Analysis Aim
Coating

Designation

Magnetrons

Bias

Gas
Si

(HIPIMS)
Cr/Nb
(UBM)

Si
(HIPIMS)

Cr/Nb
(UBM)

N2

Content
C2H2

Content
(kW) (kW) (kW) (kW) (%) (%)

Standard coating Standard 5.0 - 5.0 - low 40.0 -
Effect of N

content in top
layer

N-low 5.0 - 5.0 - low 17.0 -
N-medium 5.0 - 5.0 - low 25.0 -

N-high 5.0 - 5.0 - low 40.0 -
Effect of C

content
C-low 5.0 - 5.0 - medium 38.0 2.5
C-high 5.0 - 5.0 - medium 36.0 4.0

Effect of Nb
content

Nb-low 5.0 1.0 5.0 1.0 low 40.0 -
Nb-medium 5.0 2.0 5.0 2.0 low 40.0 -

Nb-high 5.0 5.0 5.0 5.0 low 40.0 -
Effect of Cr

content Cr 5.0 1.0 5.0 1.0 low 40.0 -

Effect of
deposition

energy

Bias-medium 5.0 - 5.0 - medium 40.0 -
Bias-high 5.0 - 5.0 - high 40.0 -

Si Power-high 8.0 - 8.0 - low 40.0 -

2.2. Compositional Analysis

The composition of the SiNx coatings was investigated by X-ray photoelectron spectroscopy (XPS,
Axis UltraDLD, Kratos Analytical, Manchester, UK) using monochromatic Al(Kα) X-ray radiation
(hν = 1486.6 eV). The base pressure in the analysis chamber during acquisition was < 1 × 10−7 Pa.
The experimental conditions were such that the full width at half maximum (FWHM) of the Ag3d5/2

peak from the reference Ag sample was 0.45 eV. For all coatings, XPS survey spectra and core levels
were recorded on as-received samples and after sputter cleaning. Sputter cleaning consisted of an
initial step of 900 s at an Ar+ beam energy of 2 keV, followed by a second step for 900 s at an Ar+ beam
energy of 4 keV. During sputter cleaning the Ar+ beam was rastered over an area of 3 × 3 mm2 at
an incidence angle of 20◦. Automatic charge compensation was applied throughout the acquisition,
using low energy electrons provided by a flood gun. The composition of the coatings was assessed
from XPS high-resolution core level spectra recorded from the Si 2p, Ar 2p, N 1s, C 1s, and O 1s
regions after sputter cleaning. Core level spectra were analyzed with CasaXPS (v2.3.15, Casa Software
Ltd, Teignmouth, UK). A Shirley-type background was subtracted, and the spectra were calibrated
using adventitious surface carbon at 284.8 eV as a charge reference. For quantitative analysis of the
metal-containing coatings the core levels of the Cr 2p and Nb 3d were applied for determination.
The measurement precision for XPS analysis was ±5% for compositions below 10 at % and ±2–3% for
compositions above 10 at % [49].

During wear tests and exposure to fetal bovine serum (FBS) solution a reaction occurred, and a
white layer was formed on the surface of some coatings. This layer was examined using monochromatic
Al (Kα) X-ray photoelectron spectroscopy (XPS, Quantera II, Physical Electronics (PHI), Eden Prairie,
MN, USA). Measurements were conducted on the surface after 2 min of sputtering Ar+ ions at 500 V
and after an additional 20 min at 1 kV, to investigate the coating surface and further down in the
coating, respectively. The sample was mounted on a glass slide in order to float the sample and
automatic charge compensation was used throughout the measurement. Core level spectra were
analyzed in CasaXPS, a Shirley-type background was subtracted, and the spectra were calibrated using
adventitious surface carbon at 284.8 eV as a charge reference.

2.3. Surface Roughness

The coating roughness was measured before wear testing using optical profilometry, specifically
vertical scanning interferometry (VSI) at 10× and a field of view (FOV) of 1.0. Each measurement
corresponded to an area of 451 × 594 μm2. Typically, four measurements were performed on each
sample to obtain Ra (arithmetic average).
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2.4. Nanoindentation

The hardness and elastic modulus of the coatings were measured in a CSIRO UMIS nanoindenter
(Fischer-Cripps Laboratories, New South Wales, Australia) equipped with a three-sided Berkovich tip.
All films were tested in the load-controlled mode and for calculations a Poisson’s ratio of 0.3 was used.
For the tests, at least 30 indents with a load of 20 mN were performed [50].

2.5. Scratch Testing

In order to investigate coating adhesion, a scratch test was performed at different time points [51]
using a scratch tester (CSEM-Revetest (CSEM, Neuchatel, Switzerland)) with a Rockwell C tip (apex
120◦, tip radius 200 μm). A progressive load up to 100 N, at a loading rate of 120 N/min and a horizontal
displacement rate of 6 mm/min were applied. This resulted in a scratch length of 5 mm, which was
evaluated in a light optical microscope to determine the critical load LC2 indicating where the adhesion
failure occurred [52,53]. Each sample was scratched three times at each time point.

2.6. Wear Resistance (2D) in a Hard-on-Soft Contact

Multidirectional wear tests (MWT) were carried out to evaluate the response of the coatings
against polyethylene using cylindrical pins with a nominal length of 19.1 mm and diameter of 9.5 mm.
The pins were made of UHMWPE GUR1020 (one of the two most commonly used grades of UHMWPE
in orthopaedics, defined as per BS ISO 5834-2 2019 [54]), provided by the collaborating industrial
partners Peter Brehm GmbH (Weisendorf, Germany). MWT tests were performed in 0.2 μm filtered
bovine serum solution (25%) at 37 ◦C. Prior to testing, the pins were presoaked in serum and cleaned
according to standard [55]. The test was carried out with a nominal load of 150 N resulting in an
estimated contact pressure of 2.1 MPa within the guidelines of [56], frequency 2 Hz, and sliding velocity
56 mm/s for 2,000,000 cycles (2.0 MC) using a 7 mm × 7 mm square path for a sliding distance of
28 mm/cycle.

2.7. Statistical Analysis

IBM SPSS Statistics v 26 (New York, NY, USA) was used for all statistical analyses. An analysis
of variance (ANOVA) was performed, followed by a Scheffe’s post hoc test. When Levene’s test for
homogeneity of variances was significant, Welch’s robust test followed by a Tamhane post hoc test was
used instead. The Pearson correlation coefficient was used to evaluate potential correlations. A critical
level of α = 0.05 was used to determine significance.

3. Results and Discussion

3.1. Coating Thickness and Composition

The growth rate for the SiNx coatings depended on applied target power settings and bias voltages,
as well as the N2 and C2H2 gas flows. Increased SiNx and SiMeNx growth rates resulted from more
material being removed from the target due to elevated target potentials [57]. Additionally, as Nb
or Cr were added to the process, the number of operated targets increased and contributed to the
SiMeNx growth. The growth rate for the different bias settings showed a maximum at a medium level,
indicating that the flux of film-forming species at low bias voltages was not optimally directed to the
substrate table and resputtering occurred at high bias voltage settings. Increasing amounts of N2 led to
decreased growth rates due to target poisoning [47] while an increased C2H2 gas flow resulted in an
increased growth rate. This was attributed to a reduction in coating mass density and morphological
density, specifically a pronounced growth of columns [45].

Following the trend of the coating growth rate, the coating composition changed by increasing
N2 and C2H2 gas flows, leading to increased amounts of N and C in the coating. XPS results showed
a nitrogen content close to 50 at % for all coatings (Table 2). SiNx coatings with a higher ion energy
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and 40% of N2 during deposition yielded a nitrogen content in the coatings exceeding 51 at % and a
N/Si ratio ≥1. This ratio has previously been shown to be beneficial to a lower dissolution rate, which
could be advantageous to the coating lifespan [39]. When C2H2 was added to the process the coating
showed higher O contents, which in turn supported the interpretation for the growth rate of SiCNx at
elevated C2H2 flows. Here, the reduction in coating density and the pronounced growth of columns
led to incorporation of O as the coatings were exposed to air prior to analysis. Further, a reduced
morphological density was observed as Cr and Nb were added to the process [40]. This was mirrored
in higher O and C contents in the corresponding coatings.

Table 2. Deposition settings, coating thicknesses, growth rates, and composition.

Coating
Designation

Settings Elemental Composition—XPS
Si

Power Bias

SiN/SiMeN/SiCN
Thickness

Growth
Rate

Si N O C Nb/Cr N/Si

(kW) (μm) (nm/s) (at %) (at %) (at %) (at %) (at %) -

Standard 5.0 low 5.5 0.13 42.8 49.7 5.5 2.0 - 1.16
N2-low 5.0 low 3.8 0.21 51.8 47.9 - 0.3 - 0.92

N2-medium 5.0 low 3.5 0.19 43.1 46.3 7.4 3.2 - 1.07
N2-high/Bias
low/Standard 5.0 low 2.1 0.12 44.7 54.7 0.2 0.4 - 1.22

Bias-medium 5.0 medium 6.4 0.15 45.6 54.4 - - - 1.19
Bias-high 5.0 high 6.2 0.14 44.5 55.5 - - - 1.25

C-low, 2.5% 5 medium 5.4 0.17 33.1 47.2 2.9 16.9 - 1.43
C-high, 4% 5 medium 6.4 0.2 27.9 42.6 3.9 25.7 - 1.53

Nb-low,
2 × 1 kW Nb 5.0 low 3.1 0.17 39.9 46.8 3.6 1 7 1.17

Nb-medium,
2 × 2 kW Nb 5.0 low 3.1 0.17 33.9 45.2 4.2 1.3 13.7 1.33

Nb-high,
2 × 5 kW Nb 5.0 low 5.8 0.32 25.1 43.1 4.1 1.5 24.5 1.72

Cr-medium,
2 × 1 kW Cr 5.0 low 3.2 0.18 33.8 44.6 4.4 3.6 12.8 1.32

Si Power-high 8.0 low 4 0.24 46.5 52.3 1.2 - - 1.12

The microstructure of similar coatings has been published earlier, for a range of coating
parameters [47]. The SiNx coatings that performed well were very dense and, thus, had low O
and C contents, but also displayed more residual stresses. Likewise the coatings that did not perform
well were less dense and contained more O and C (by adsorption) [48].

3.2. Surface Roughness

The average surface roughness (Ra) determined for the as-deposited coatings was <50 nm
(Table 3), thus fulfilling the standard for biomedical implants (ASTM F2033-12). Coatings C-low,
Standard, Nb-medium, and Nb-high displayed the lowest values (7.69–12.97 nm), followed by coatings
Nb-low, Si Power-high, Bias-medium, C-high, and i (14.71–19.97 nm). The highest values of Ra were
obtained for coatings Bias-high, N-medium, N-low, and N-high (22.2–42.05 nm). As shown in Table 3,
the coatings with higher Nb and C content presented relatively low surface roughness values. A lower
surface roughness could possibly be attributed to the ionization energy of N being higher than C,
which resulted in more carbon atoms being deposited. On the other hand more of the amorphous
phase was being created, resulting in a smoother surface [58–62]. No statistically significant correlation
could be found between surface roughness and coating thickness, nor between surface roughness and
deposition rate.
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Table 3. Average surface roughness of SiNx coatings, as measured by interferometry. Coatings
attributed with the same letters from a–e were not statistically significantly different (i.e., p > 0.05).

Coating Designation Ra (nm) Statistical Differences

Uncoated CoCr 3.5 ± 0.2 a
Standard 10 ± 0.9 b, c

N-low 33.2 ± 2.9 -
N-medium 33.1 ± 12.4 e

N-high 42.0 ± 6.0 -
C-low 7.6 ± 0.5 a, b
C-high 18.8 ± 3.0 d, e
Nb-low 14.7 ± 0.7 c, d

Nb-medium 12.9 ± 0.4 c
Nb-high 10.1 ± 3.4 b, c

Cr 19.9 ± 0.8 e
Bias-medium 18.0 ± 1.1 d, e

Bias-high 22.2 ± 1.1 -
Si Power-high 16.8 ± 0.5 -

3.3. Mechanical Properties (Nanoindentation)

The coating hardness varied from 13–25.4 GPa, with coatings Standard, N-high, and N-low exhibiting
higher values (Figure 1). A similar tendency could be observed for the Young’s modulus.

Figure 1. Hardness and Young’s modulus for SiNx based coatings.

Earlier studies on SiNx coatings have determined similar values for hardness and Young’s modulus,
although different deposition methods were applied [39,44,47,63,64]. A higher hardness suggests a
higher coating density. Hardness values reported for other coatings for joint implants such as ZrN,
TiNbN, Ox-Zr, and TiN coatings resided in a similar range, namely 14.0–31.0, 14.0–24.5 and 12.0–14.0
and 33–56 GPa, respectively [65].

3.4. Adhesion

The scratch test results in terms of Lc2 values are shown in Figure 2. As can be seen, coatings
deposited with a higher target power showed lower LC2 values. This was due to higher residual
stresses resulting from a higher N content and the increase in Si-N bonds [45,48]. Moreover, these
coatings showed a generally denser morphology (data not shown), which in turn contributed to
increased residual stresses [66], as demonstrated previously [48]. Furthermore, coatings with higher O
and Cr contents displayed higher Lc2 values, which may be related to a lower amount of N-bonds,
i.e., an opposite trend to that previously mentioned and/or a decreased coating density and, hence,
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residual stresses. The following coatings showed statistical differences: Standard vs. C-high, Nb-medium,
Nb-high, Bias-medium, Bias-high, and Si power high as well as C-high vs. Nb-medium, Nb-high, Bias-high,
and Si power high.

Figure 2. On the left axis the results for adhesion (Lc2) are shown for the coatings tested in this
study, with bars and standard deviations. On the right axis the O2 content of the coatings is shown,
represented by square dots.

3.5. Multidirectional Wear Tests

3.5.1. Macroscopic Appearance and Surface Analysis

The macroscopic surface structure of the coatings after the wear tests is shown in Figure 3.
The formation of an opaque layer on the surface could be observed during testing on some of the
coatings (Figure 3). XPS measurements were, therefore, performed on coating N-medium, at a region
that still displayed a reflective surface (assumed to be unworn) and a region that had formed an
opaque layer on the surface. Previous work showed a tribofilm formation in aqueous environments
for Si3N4 materials, and in those conditions a SiO2 and Si(OH)2 layer could be found, improving the
wear resistance and reducing the coefficient of friction by acting as a self-lubricating layer [67–69].
However, in the XPS measurements herein the use of charge neutralizers and lack of a good charge
reference made the positions of the peeks uncertain. To determine whether the Si2p and O1s peaks
originated from Si-O bonds, the distance between the peaks, ΔEb, was determined and compared to
the distance (ΔEb) from literature according to Briggs et al. [70]. The deconvoluted Si peaks were
fitted with the smallest number of curves possible. The spectrum obtained at the surface revealed
contributions attributed to Si-C (100.8 eV), Si-N (101.4 eV), and Si-O (102.8 eV), which correlated well
with findings from similar materials. After 2 min sputtering at 500 V the Si-O contribution was no
longer detected, while there were still contributions attributed to Si-N and Si-C, and after additional
sputtering for 20 min at 1 kV only two contributions were identified, Si-N and Si-Si. These results
indicated that the outer layer contained more O and C compared to the bulk of the coating, which
could be due to the formation of a tribofilm during wear testing.
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Figure 3. Typical macroscopic appearances of (a) a reacted surface (Standard), (b) a failed coating
(Nb-medium), and (c,d) coatings with a surface layer: (c) Coating Cr and (d) coating Si Power-high.
In (e) a Bias-high coating is shown, which did not present any layer formation or upcoming failure up
to 2 MC.

3.5.2. Coefficient of Friction

Low coefficients of friction were observed for the first 0.5 million cycles for N-high, Standard,
Bias-medium, and Bias-high (0.051–0.067). Coatings N-low, Cr, and Si Power-high showed somewhat
higher values, from 0.103–0.108, with little variation. Coefficients of friction did not change markedly
throughout the tests, except for coatings that reacted or failed during the test (Figure 4). This work
generally showed lower coefficients of friction compared to previous work on Nb-Ti-N coatings
(ranging from 0.11 to 0.12) and on TiN (0.14) [66].

Figure 4. Coefficient of friction up to 2.0 MC for the tested coatings. During wear tests the following
coatings wore through: (*) N-medium, C-high, and C-low at 0.5 MC; Nb-medium at 1.5 MC; Nb-low
and Nb-high at 2.0 MC.

3.5.3. Volumetric Wear Rate

While N-low and N-high gave the lowest wear rates for the UHMWPE pins (< 0.37 mm3/MC,
Figure 4), N-medium failed already in the first 0.5 MC (Figure 3), giving a high wear rate due to the
increased surface roughness from the reacted surface. The Standard coating also gave a high wear rate,
due to a reacted surface (Figure 3). The coatings with a higher C content all failed at 0.5 MC. Nb coatings
failed at different time points, for example, Nb-low and Nb-high had failed at 2.0 MC and Nb-medium

at 1.5 MC. The remaining coatings did not fail and presented low wear rates (0.74–3.63 mm3/MC).
Figures 3 and 5 show that coatings with no apparent reaction or coating failure, and that gave low pin
wear rates, were those with an initially high hardness (22.5–28.4 GPa), and, hence, presumably higher
density and lower reactivity and/or a high N content (N-low, N-high, Bias-medium, Bias-high, and Si

Power-high), with the exception being the Standard (H = 23.4 GPa) coating, which, however, contained
more oxygen than the well-performing coatings (Table 2), suggesting a higher reactivity. Coating wear
through contact with UHMWPE during the tests was not expected, and coatings failing would rather
be associated to a higher reactivity and subsequent dissolution [40].
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Figure 5. Volumetric wear rate for the UHMWPE pins ran against all coatings in this study. Coatings
C-high and C-low showed negative values of −2.90 and −8.40 mm3/MC, respectively.

4. Conclusions

Based on the results of the coatings tested in this work, some important conclusions were drawn.
First, the low-ion energy coatings generally exhibited a lower hardness and initially higher critical
load in scratch testing. High concentrations of impurities (higher O content and lower N content)
were associated with early reactions and/or dissolution of the coating, as shown by XPS compositional
analysis as well as multidirectional wear tests. During the wear tests coatings with lower or no apparent
O content did not fail and showed a low volumetric wear rate of UHMWPE pins. SiNx coatings of
high N content, low O content (e.g., N-high, Bias-medium, Bias-high, and Si Power-high) are needed for
the target–joint implant applications. Promising low wear rates were found for UHWMPE pins sliding
against these latter coatings in a multidirectional wear test.

5. Patents

Ionbond AG, where S.S. and M.T. are employees, owns patents related to similar coatings.
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Abstract: The potential use of fiber-reinforced based polycarbonate-urethanes (PCUs) as candidate
meniscal substitutes was investigated in this study. Mechanical test pieces were designed and
fabricated using a compression molding technique. Ultra-High Molecular Weight Polyethylene
(UHMWPE) fibers were impregnated into PCU matrices, and their mechanical and microstructural
properties evaluated. In particular, the tensile moduli of the PCUs were found unsuitable, since they
were comparatively lower than that of the meniscus, and may not be able to replicate the inherent
role of the meniscus effectively. However, the inclusion of fibers produced a substantial increment
in the tensile modulus, to a value within a close range measured for meniscus tissues. Increments
of up to 227% were calculated with a PCU fiber reinforcement composite. The embedded fibers in
the PCU composites enhanced the fracture mechanisms by preventing the brittle failure and plastic
deformation exhibited in fractured PCUs. The behavior of the composites in compression varied with
respect to the PCU matrix materials. The mechanical characteristics demonstrated by the developed
PCU composites suggest that fiber reinforcements have a considerable potential to duplicate the
distinct and multifaceted biomechanical roles of the meniscus.

Keywords: composite; fibers; polycarbonate-urethane; meniscal replacement; mechanical properties;
meniscus

1. Introduction

The meniscus is a complex and vital biomechanical fibrocartilaginous tissue in the knee joint.
The menisci are important structures, as they have a participatory role in shock absorption, joint
lubrication and joint congruency [1–4]. As a result of a large amount of force borne by the meniscus,
it is frequently subjected to tear, and it wears out with time. Meniscal tears have been extensively
reported as one of the most recurrent knee injuries [5–9]. Damage to the meniscus affects its load
sharing and distribution roles performed in the knee, which has been linked to the degeneration of the
articular cartilage and a high risk of the devastating disease, osteoarthritis [9–11].

Meniscus removal has considerable repercussions for the joint, as it causes abnormal contact
pressures, resulting in joint degeneration [12]. As a result of the consequences of meniscectomy,
alternative measures have involved the repair or replacement of the meniscus. However, limited
success has been achieved with available options owing to various limitations, such as repair only
being possible when the tear occurs in the vascularized area, which does not heal well due to shortage
of blood supply [13]. Allografts are alternatives for replacing the meniscus of younger patients with a
meniscectomized knee joint [14]. Although allografts have acceptable clinical outcomes, the long-term
examinations revealed debatable protective effects to the cartilage [15]. Besides, meniscal allografts
have difficulty with remodeling and lack adequate strength [12]. Consequently, allografts cannot
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be an absolute cure for post-meniscectomy pain [14]. On the other hand, meniscal replacements
are biomechanically suitable, and have a distinct advantage of acting as substitutes in the cases of
multifaceted tears, as well as alleviating the excruciating pain related to meniscus damage [16].

Different replacements have been sought for the meniscus using either synthetic scaffolds [17,18],
natural meniscal tissues or composite materials [19–24]. Amongst the first meniscus replacements
developed were permanent meniscal substitutes made from teflon and dacron [11,25,26].
These alternatives were found incompatible after in-vivo testing in rabbits as particles resulting
from wear were deposited on the implant. Besides, mechanical integrity was compromised. Similarly,
researchers have worked on scaffolds of poly(lactic-co-glycolic acid) embedded with polyglycolic acid
fiber [27]. Although the in-vivo studies showed that the scaffolds produced meniscus-resembling
tissue after ten weeks’ implantation, mechanically the modulus of the tissue was inadequate, as it was
not comparable with that of the native meniscus. Another development was a composite of hyaluronic
acid and the polycaprolactone matrix with poly-lactic acid reinforcement fibers. The in-vivo studies
established that the composite materials support meniscal tissue growth devoid of any adverse effect
on the cartilage after implantation, but there was failure resulting from implant extrusion [22,28].

Balint et al. [29] used a different approach in developing a total meniscal substitute where
a porous scaffold of collagen-hyaluronan matrix with degradable poly (desaminotyrosyl-tyrosine
dodecyl ester dodecanoate) reinforcement fibers was studied. These scaffolds proved to be successful,
with considerable mechanical properties suitable as meniscal substitutes; however, implant extrusion
remains a challenge [30,31]. The use of polyvinyl alcohol (PVA) hydrogel as a choice material for
permanent meniscus replacement has been investigated [32,33]. The study showed the inability of the
implant to protect the articular cartilage, and the authors concluded that the failure could be due to
size incongruity and inefficient fixation [34].

Studies have explored the possibility of incorporating Ultra High Molecular Weight Polyethylene
(UHMWPE) fibers into different matrices, such as poly (vinyl alcohol) hydrogels and polycarbonate-
urethane [35,36]. The former group fabricated meniscal substitutes that showed promising mechanical
properties and manufacturability. They reported limitations, including delamination and implant
extrusion [37,38]. In the latter study, the mechanical behavior of the meniscal prosthesis was determined
mathematically and experimentally using a knee model subjected to compressive loading. However, it
is indispensable to fully characterize the mechanical properties of the developed composite material
in-vitro. Moreover, the finite element model is an approximation of the numerical model [39].

Although several researchers have worked on the development of meniscal substitutes, most of
their attempts have been focused on investigating the biological characteristics of the implants
from a tissue engineering perspective. While these factors are critical for body replacement parts,
the mechanical properties of the developed implants are not given adequate consideration. This gap
is evident from the failure reported in literature [40–42]. As a result, there is a dearth of information
describing the mechanical requirements and functional performance of replacement for the meniscal
tissue. Due to the load-bearing capabilities of the meniscus and its exposure to millions of cycles on
an annual basis [43,44], the importance of evaluating the mechanical characteristics of the implant
material intended to replace the meniscus cannot be overemphasized, since this will provide critical
information, such as safety before implantation. Furthermore, current failures associated with existing
permanent synthetic meniscal implants, such as insufficient strength, durability, dislocation, wear and
fracture [40] further buttressed the need for assessing the mechanical behavior of a material proposed
to replace the meniscus. Thus, the choice of appropriate materials for design, the geometry and the
mechanical attributes, could produce a suitable candidate for replacing the meniscus.

The meniscus, being a bundle of cartilaginous tissue, has a complex make-up of material properties
which vary with location as well as direction [45]. Its peculiar and particular roles emanate from
its unique chemical, physical and biomechanical composition, as well as its distinctive structural
architecture [46].
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Therefore, in order to restore the biomechanical tasks of a worn-out meniscus, it is important to
circumspectly select a replacement material having biomechanical properties as close as possible to
those of a native meniscus. Though the meniscus demonstrates site-dependent properties, both in
tension and compression, it is anticipated that a composite material can be precisely fitted to duplicate
these properties, and hence replace the meniscus. Thus, an isotropic matrix material may not be able to
produce the inhomogeneous and anisotropic characteristics exhibited by the natural meniscus [45],
but fiber-reinforced polycarbonate-urethanes (PCU) could be customized and adapted based on a
suitable choice of reinforcement fiber and its orientation within the PCU matrix. Additionally, the use of
fiber-reinforced composite will enable the reinforcing fibers to act as a channel for attaching the implant
to the joint capsule to cater for dislocation during motion. Incorporating fibers with high strength into
soft polymeric matrices to engineer synthetic meniscal replacement has not been extensively explored.
Consequently, this work aimed at developing a structured, tailor-made, PCU-reinforced UHMWPE
(referred to as PE) composite as a meniscal substitute. Several surface engineering approaches have
been introduced in order to modify the surface structure of UHMWPE for improved biomedical
applications. These methods, which include plasma techniques [47], laser surface modification [48] and
incorporating particulate or fibrous reinforcements [49,50], have been used to enhance the mechanical,
tribological and biological properties of UHMWPE substrates.

Medical grade polyurethanes have been widely promoted for biomedical applications [51].
In particular, the use of PCU has drawn considerable attention in the orthopedic device industry as a
result of their excellent mechanical properties, biostability and biocompatibility [52]. PCUs have been
extensively utilized in vascular grafts, stents, catheters, pacemaker leads and artificial heart valves [53].
Specifically, bionate thermoplastic PCU, commercially produced by DSM PTG (Berkeley, CA, USA),
has been of great interest in the field of orthopedics, because of its outstanding load-bearing properties
and excellent wear resistance, which enables it to overcome the setback of osteolysis. Its superior
characteristics have made it an excellent material selected for hip and knee joint prostheses, prosthetic
spinal discs and the shoulder joint system [54]. Besides, they offer long term durability and resistance
to hydrolytic degradation, making them outstanding for in-vivo orthopedic applications [55]. The use
of PCU for meniscus replacement stemmed from its unique weight-bearing capabilities, the ability to
withstand intense forces within the knee joint [56], and an ease of lubrication due to its hydrophilic
nature. Moreover, it proffers low friction properties [57–59] to promote movement within the meniscal
compartment, while withstanding repeated stresses from the femoral condyle during flexion and
extension motions.

Therefore, the overall goal of this study was to develop a meniscal substitute with mechanical
properties closely matching those of the native meniscus. For that reason, test pieces of PCU-PE
composites were designed, fabricated and evaluated to determine their suitability as a replacement for
the meniscus capable of replicating the closest possible mechanical behavior of the native meniscal
tissue. The mechanical test pieces were made up of longitudinally-arranged fibers, such as to duplicate
the orientation of the circumferential collagen fiber existing in the human meniscus. The effects of
the reinforcing fibers on the mechanical properties of the PCU were investigated, and the composites
examined and appraised as meniscal implants. The fibers were able to provide a substantial increase
in the stiffness of the PCU matrix and enhance the fatigue and abrasion resistance for long term
implantation in the knee joint capsule.

2. Materials and Methods

2.1. Materials and Processing

Biomedical Bionate 80A and 90A polycarbonate urethane (PCU) from DSM (PTG, Berkeley,
CA, USA) were used as the matrices, and the reinforcing fibers were Ultra High Molecular Weight
Polyethylene (UHMWPE) continuous strand fibers, Dyneema Purity® UG from DSM (designated as
PE). Initial drying of the PCU pellets was done at 100 ◦C for 14 h in a vacuum oven, as stipulated by

105



Materials 2020, 13, 1886

the supplier and established by Geary et al. [55] as the optimal drying conditions for PCUs to reduce
the moisture content to about 0.01%. The intrinsic properties of the PCUs and the reinforcing fibers are
detailed in Table 1, as stated in the supplier’s data sheets.

Table 1. Characteristic properties of the polycarbonate-urethanes (PCUs) and PCU-reinforced
Ultra-High Molecular Weight Polyethylene (PE) fiber.

Material Property 80A 90A PE Fiber

Tear Strength (kN/m) 64.90 96.40 —
Ultimate Tensile Strength (MPa) 46.64 55.11 —

Density (kg/m3) 1190 1200 960
Elastic Modulus (MPa) 12 29 126,000

Melting temperature (◦C) — — 220
Diameter (mm) — — 0.31

Elongation at break (%) 531 406 —

2.2. Composite Preparation

A stainless-steel, tailor-made mold was fabricated to produce the composite mechanical test
samples (Figure 1). The mold, which encloses the fiber, consists of different parts that are assembled
to provide the facile removal of cured samples. The composite samples were formulated using a 5%
fiber volume fraction. The percentage of the various constituents was based on a computation of fiber
diameter, fiber length and the number of fibers, as discussed in our previous work [60]. The composite
material was prepared using the combinations of the different PCUs and the reinforcement fibers.
The specimen types and their constituents are described in Table 2.

Figure 1. The fabricated mold for the test pieces showing (a) The entire mold assemblage (b) The fiber
holes within the mold.

Table 2. Material constituents for the specimen types.

Matrix Fiber Specimen Type

Bionate 80A — MX1
PE MP1

Bionate 90A — MX2
PE MP2

The reinforcing fibers were arranged prior to the composite preparation and inflexibly gripped
within the mold, such that they were embedded equidistantly within the PCU matrix. After that,
the PCU pellets were dispersed to fill the mold. Subsequently, the test pieces were compacted in a
pre-heated, custom-built hot press at a pressure of 15 MPa. The PCU and their reinforced samples
were cured at 190 ◦C for MX1 and MP1 samples, and 200 ◦C for MX2 and MP2 samples for about
10 min. Preliminary experiments were performed to ascertain these molding temperatures, and the
amount of pellets required for optimal sample production, since the polymeric matrices and the fibers
have varying melting temperatures. The mold was then cooled to room temperature before taking out
the samples.
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2.3. Mechanical Evaluation

The mechanical test samples were tested for tensile, Ft, and compressive, Fc, properties (Figure 2)
using a Zwick/Roell 1484 Material Testing Machine (Zwick GmbH & Co. KG, Ulm, Germany).
Each rectangular cuboid tensile specimen of 70 × 19 × 6 mm, was tested at a crosshead speed of
12 mm/min (Figure 2a). Cubic specimens of 6 × 6 × 6 mm were tested for compression, Fc, at a
crosshead speed of 5 mm/min (Figure 2b). The moduli for the tensile and compressive tests were
calculated from the slope of the linear region of the stress–strain plots. The tensile modulus was taken
as the slope of a linear curve fit between 0% to 5% strain, while the compressive modulus was between
2% and 8% strain. These tests were also performed on 100% virgin PCU samples. Three specimens
were analyzed in each of the tests. All the results were computed as mean ± standard deviation, and
with Excel software (Microsoft, Washington, USA), the unpaired Student’s t-test was used to assess the
data statistically for significant difference at p < 0.05.

Figure 2. Graphical representation of the mechanical test pieces describing the fiber arrangement and
direction for (a) tensile testing, Ft and (b) compression testing, Fc. The diagrams are not drawn to scale.

2.4. Microstructural Analysis

The arrangements and alignments of the fibers in the matrices were studied using a Wild M400
photomacroscope (Wild Heerbrugg, Gais, Switzerland). In addition, the Nova NanoSem 230 scanning
electron microscope (SEM) (FEI, Holland, Netherlands) was used to examine the morphology of the
PCUs and their composites, and to investigate the fractured surfaces of the tested samples after failure
during the mechanical testing.

3. Results and Discussion

3.1. Microstructural Characterization

In order to study the distribution of fibers in polymeric matrices, a useful approach is to examine
their fractured surfaces after mechanical testing through scanning electron microscopy. An accurate
and detailed investigation of the fractured surfaces provides information on the nature of the interfacial
bonding existing within the fiber–matrix interface. It explains the phenomenon taking place during the
deformation process. Also, the knowledge of the failure mechanisms of the PCU and their composites
is crucial in evaluating their long-term mechanical reliability for the proposed applications.

Consequently, the surface morphology of the fabricated samples was microscopically viewed
to investigate the effects of the reinforcement fibers. The observed micrographs of the PCU
matrices and their reinforced composites from the light microscope are presented in Figure 3a–d.
The photomicrographs showed that the surface of the reinforced matrices appeared relatively smoother
and cleaner with minimal surface imperfections, compared to the as-molded polymeric matrices.
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Figure 3. Photomicrographs showing the molded samples of (a) MX1 (b) MX2 (c) MP1 (d) MP2.

The fibers were almost evenly distributed within the PCU matrix and at equal distances to one
another (Figure 4a). A micrograph of the cross-sectional view of the sample observed from the same
microscope corroborated the previous observation (Figure 4b).

Furthermore, the SEM examination, as indicated in Figure 4c, ascertained the uniform distribution
of the fiber orientation. The fiber holes, as seen in Figure 4c, were respectively arranged parallel to
one another. At higher magnification, the PE fiber was observed to be thoroughly embedded in the
polymeric PCU matrix with the surrounding formed ring of PCU-PE fiber interface (Figure 4d).

The fracture behavior of the as-molded PCU samples is shown in Figure 5a,b. The illustrative
SEM images showed a sharp, rough and angular fractured surface of the PCU polymer. This surface
is characterized by striations suggesting the direction of the crack propagation. The large surface
area characterized by smooth regions reveals fast brittle fracture, which is typical of elastomeric
PCUs [61,62]. The minimal protrusions disintegrating at the fractured side on the relatively smooth
surface (Figure 5b), suggest somewhat the plastic deformation of the PCU polymeric matrix.

On the other hand, PCU-PE composites showed a smooth surface with the fibers firmly held intact
in the matrix (Figure 5c,d). A magnified view of the fiber showed an irregular, well-bonded PCU-PE
surface. A comparison of the fiber arrangement in the PCU matrix before and after tensile loading
gives the information on what ensued when the tensile load was applied (Figures 4b and 5c). SEM
images showed the fractured surfaces of the composite material under tensile loading along the fiber
direction, with none of the fibers displaced from their average initial positions (Figure 5c).

The SEM images of the PCU-PE composites after the tensile loading showed no evidence of PE
fiber pull-out from the PCU matrix, as no void was observed on the microscopically examined surfaces
(Figure 5c,d). This observation suggests that there is a strong interfacial bonding that exists between the
PCU and the PE fibers. The strong adhesion transmits the applied load from the PCU matrix to the PE
fibers, producing a significant rise in the overall mechanical characteristics of the composite material.
The existence of the PCU matrix on the surface of the fiber shows there is a strong interaction between
the fibers and the PCU, as seen in Figure 5d. The interfacial bonding strength has a corresponding
positive effect on the mechanical properties of composite materials [63], hence the increased stiffness
observed in the reinforced PCU compared to the virgin PCUs.
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Figure 4. Representative photomicrographs showing (a) a transverse sectional view of the arrangement
and alignment of the fibers within the composite (b) a cross-sectional view of the arrangement and
alignment of the fibers within the composite. Scanning electron microscopy showing a cross-section of
(c) the distribution of the PE fibers within the PCU (d) a magnified view of the PE fiber embedded in
the PCU matrix.

Figure 5. Scanning electron microscopy (SEM) showing fractured surfaces of the samples under tensile
loading for (a) B8 matrix (b) cross-sectional view of the fractured surface of B8 matrix. (c) PE-PCU
composite along the fiber direction B8 composite (d) a closer view of the fractured PE fiber.
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3.2. Mechanical Properties

The stress–strain graphs for the average values of the tested samples for both tension and
compression tests were plotted in Figures 6 and 7, respectively. These curves exhibited a linear pattern
at low strains. Subsequently, a considerable change followed in the slope presenting a nonlinear
behavior that continued until the tested samples began to fail. Both MX1 and MX2 demonstrated
typical elastomeric stress–strain behavior [55,64]. The PCUs were not as stiff as their fiber-reinforced
composites, which indicates that the increase is a function of the stiffness of both the matrix and the
interspersed fibers.

Figure 6. Average tensile stress–strain plots for the PCUs and the PCU-PE composites.

Figure 7. Average compressive stress–strain plots for the PCUs and the PCU-PE composites.

A meniscal substitute must be able to perform similar functions as the natural weight-bearing
meniscal structure. To this end, the tensile and compressive properties of the PCUs and their
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fiber-reinforced composites have been evaluated relative to the meniscus tissue to optimize them
as potential meniscal replacements. The empirically calculated tensile moduli for the PCU matrices
were rather disparate to those of the supplier (Table 1). These discrepancies could be as a result
of the manufacturer’s test conducted at 37 ◦C conditioned in water, since PCU properties are
temperature-dependent (DSM-PTG). Besides, their samples were annealed for 24 h at 70 ◦C before
testing. Generally, the moduli of all reinforced specimens were higher than their unreinforced
counterparts. The tensile modulus of the meniscus is site-dependent, and hence varies relative to
the area and direction. The circumferential tensile modulus of the human meniscus varies between
approximately 58 MPa and 295 MPa, while the radial tensile modulus varies between approximately
3 MPa and 60 MPa [65–68]. Therefore, it is expedient that a meniscal device should possess a
circumferential tensile modulus of at least 58 MPa in order to prevent deformation, as well as implant
extrusion maximally. Both of the PCUs studied offer much lower stiffness (Figure 8). Thus, they
will not appropriately perform the rigorous tasks that the meniscal tissue is subjected to on a routine
basis. Reinforcing the soft polymeric matrices with durable, high-performance fibers such as PE could
therefore possibly construct a composite material which is biomechanically acceptable to replace the
worn-out meniscus.

Figure 8. Tensile and compressive properties of the PCU-PE composites compared with their
unreinforced matrices.

The tensile moduli of composites of MX1 and MX2 increased appreciably with the incorporation of
the PE fibers. MP1 and MP2 exhibited higher stiffness than the PCU matrices, as the fibers significantly
(p < 0.05) enhanced the tensile properties of the PCUs. Percentage increases of 227% and 148% were
obtained for MX1 and MX2, respectively. Interestingly, a similar trend was observed in the tensile
characteristics of the curves of the following pairs: MX1 and MX2, and also MP1 and MP2, which
revealed similar patterns (Figures 6 and 7). This suggests that the behavior of the fiber is similar,
irrespective of the matrix material, further establishing the role of the fibers in influencing the overall
performance of a composite material. The function of the fibers could be further understood by the
details seen in the micrographs (Figure 5c,d), where the fibers were oriented, and remained in their
original positions as they “fought” to withstand the applied tensile load.

The compression behavior of the implant device is pivotal to its overall performance, since the
meniscus provides support for knee joint stability [69]. In addition, the compressive modulus is of
great significance, as it resists the high stresses and transmits the compression loads exerted by the
femur on the tibia.
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Unlike the tensile moduli, there was a variation in the changes observed in the compressive moduli
with the inclusion of fibers in the PCUs compared to their unreinforced counterparts. All the specimen
types behave similarly in compression irrespective of their constituent’s composition. The menisci
are reported to transmit approximately 50%, and about 85%, of the compressive forces exerted in the
knee in extension and 90◦ in flexion, respectively [70,71]. This role is made possible by the distinctive
arrangement of the collagen fibers, which withstand the high stresses produced during the load-bearing.
Consequently, a meniscal replacement must be able to reproduce the aforementioned characteristics
and peculiarities associated with the native meniscus. An extensive range of compressive moduli
values has been published, in which the variation was controlled by strain and loading rates, as well as
the type of test conducted. The aggregate compressive modulus varying between 0.10 and 1.13 MPa
has been reported for the native meniscus [65,72–74]. In this study, the minimum compressive modulus
was recorded for MP1 composite with a 4% rise with the addition of fibers, while MP2 produced a
considerable 55% reduction with the inclusion of fibers. The addition of the PE fibers to MX2 were
found to be statistically significant in compression. The difference observed in the compressive moduli
of MX1 and MX2, and their composites, showed the influence of fiber reinforcements in the compressive
properties of the PCU matrices. Although the values obtained are not comparable to those reported for
the human meniscus, a higher compressive modulus will be tolerable and acceptable for a meniscal
substitute, since some polymers and metals whose compressive moduli are much higher have been
utilized as spacers in knee replacement devices [75]. The mechanical characteristics of composites
are ultimately determined by the interfacial bond strength between the fiber and the matrix, which
is dependent upon the type, shape, orientation and texture of the fiber surface. Consequently, the
PCU-reinforced composites can be customized to mimic the desired properties of the native meniscus.

While the PCU composites exhibited excellent mechanical properties in tension and compression,
MP1 produced a relatively high tensile modulus close to the natural meniscal range of values and
a lower desirable compressive modulus. This comparatively low stiffness could be attributed to a
drawback of the fibers encountered during the processing of the composite samples. The PE molecules
tend to exhibit some form of relaxation and reorientation, even below the melting point. Besides,
under rigorous loading conditions, the fiber molecules can slide, forming new arrangements, which
phenomenon in the long run elongates the fiber, thus causing a reduction in tension leading to
failure. These molecular changes may trigger a loss in the tensile properties depending on factors like
temperature, time and loading conditions (Dyneema Purity® UG, DSM). Therefore, it is anticipated
that PE fibers with a higher melting point than the MX1 will produce exceptional results, both in
tension and compression. During repetitive tensile stress, failure of the PCU composite can result from
fiber fracture or fiber-matrix interfacial debonding. In such a case, the fibers can be detached from the
matrix. When the applied tensile load extends the matrix beyond the fibers, the PCU composite will
withstand shear at the fiber–matrix interface, which could cause it to fracture [76].

When the meniscus is subjected to an axially compressive force, the load is distributed over its
surface area. Due to the meniscal structure, the transmitted force tends to cause the tissue to extrude
radially. This structural malalignment is opposed by the hoop stresses generated in the circumferential
collagen fibers [2,3]. These tensile stresses, developed within the meniscus during loading, control their
function, and are responsible for failure [67]. The ultimate tensile stress of the native meniscus varies
with respect to region. The average maximum stress has been reported to be 18.8 MPa, 17.6 MPa and
approximately 4 MPa for lateral, medial and radial meniscal tissue, respectively [66]. Consequently, an
average ultimate tensile stress of at least 18.8 MPa would be ideal for a meniscal substitute material.
Of the composites, the MP1 performs extremely well within this limit.

The ultimate tensile strengths of the PCUs were lower than those from the manufacturer’s data
sheets (Table 1 and Figure 9). This could be as a result of the disparities in the shape and size of the
tested samples, and also the testing technique employed. The average ultimate tensile strength of both
composites decreased with fiber reinforcement, and reductions of 36% and 70% were calculated for
both MP1 and MP2, respectively. These decreases could be because of the integral sample property,
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following that tensile strength is a characteristic of both the component materials and the composite
samples under examination. Moreover, the tensile properties of polymeric matrix composites are
considerably dependent on several factors like the matrix–fiber interface, geometry, distribution and
micromechanical deformation [77].

Figure 9. Elongation at break and ultimate tensile strength of the PCU-PE composites compared with
their unreinforced matrices.

The elongation at break decreased when the PE fibers were incorporated into the PCU matrices
(Figure 9). Elongation at break is a measure of the ductility of a polymeric material, and indicates
its ability to resist changes in shape without failing. With PE fibers-incorporated PCU composites,
the elongation at break for MX1 and MX2 were reduced by about 28.5% and 61.8%, respectively.
Fiber reinforcement of polymeric matrices increases the stiffness and toughness of composites. As the
stiffness increases (Figure 6), there is a decrease in the ductility of the composite material, and hence
the calculated elongation at break. Previous work has reported similar occurrences [78–80]. The value
reported in the manufacturer’s datasheet for the PCU suggests that it can attain percentage elongation
as high as 531%. At the same time, results from this study showed a higher maximum strain to failure
of 619%. The changes in the percentage fracture strains could be due to factors like better surface finish
and the firmness of the tensile grips. The wide-ranging tensile and compressive characteristics of the
native meniscus complicates the development of a comparable meniscal implant.

Since the functioning of the meniscus is critically reliant on its multiplex shape and structure, it is
anticipated that a “true” reflection of the mechanical properties of the fabricated composites could be
appropriately exhibited when the prosthesis is designed and manufactured to reproduce the structural
configuration of the normal meniscus.

4. Conclusions

The mechanical performance of the PCU matrices determined from this study for the PCU matrices
showed they are inadequate, and cannot replace nor sufficiently perform the load-bearing functions of
the meniscus. In general, the effect of the fiber reinforcement was favorable, as the tensile modulus
was significantly raised to a value within an acceptable tensile modulus of the human meniscus.
The results from this study demonstrate that the PCUs can be customized to fit that of the meniscal
tissue, by methodically implanting circumferential fibers into the PCU matrix to obtain a meniscal
device with desirable mechanical properties. These results visibly revealed the positive effects of the
reinforcing fibers.
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Furthermore, the microstructural analysis revealed the failure mechanisms during mechanical
testing. The embedded fibers in the PCU-PE composites prevented the brittle failure and plastic
deformation exhibited in the fractured PCUs. The excellent interfacial bonding strength within
the PCU-PE composites produced a corresponding positive effect on the mechanical properties of
composite materials. Hence the increased stiffness observed in the reinforced PCUs compared to the
virgin PCUs.

This work provides an insight into the mechanical and microstructural performance exhibited
by the PCUs and their composites, hence their suitability for artificial bearing surfaces. Further
characterization of the composite materials is required to determine their tribological behavior as a
meniscal replacement.
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Abstract: As shown in previous studies, the modification of conventional polyethylene (CPE) to
cross-linked polyethylene (XLPE) and the contribution of antioxidants result in a reduction in total
wear. The aim of this study was to evaluate XLPE inserts with vitamin E and CPE regarding
their resistance to the backside wear mechanism. A cementless hip cup system (Plasmafit® Plus 7,
Aesculap) was dynamically loaded using CPE and XLPE inserts. The backside wear was isolated,
generated and collected using the two-chamber principle. The chambers were filled with ultrapure
water. After 2 × 106 cycles, the fluids were examined for wear particles according to a particle analysis.
Using XLPE inserts, the backside wear was significantly reduced by 35%. While XLPE backside wear
particles are significantly larger than CPE particles, they do not differ in their morphology. This
study confirms the greater resistance to backside wear of XLPE compared to CPE. It can be assumed
that the improved fatigue resistance of the vitamin E-stabilized XLPE inserts demonstrates XLPE’s
effectiveness against micro-motion and the resulting changing tensions in interface areas like surface
breakdown, pitting and the release of very small particles.

Keywords: backside wear; cross-linked; total hip replacement; hip cup system

1. Introduction

The modification of conventional polyethylene (CPE) to cross-linked polyethylene (XLPE) and
the introduction of antioxidants results in a reduction in joint articular wear [1–3].

While CPE has been the gold standard in hip joint replacement for many years, it is being
increasingly replaced by XLPE at a rate of over 95% in hip arthroplasty [4,5]. There is a continuing
trend towards bearings with ceramic heads and XLPE inserts [4,5]. Polymer chains that are cross-linked
as a result of defined gamma or electron radiation in oxygen-free settings and subsequent thermal
treatment show a higher articular wear resistance compared to CPE [6]. In addition, antioxidants such
as vitamin E are used to bind free radicals in order to improve the mechanical stability, fatigue strength
and oxidation resistance of XLPE [7], which results in a further reduction in articular wear [1–3].
Furthermore, XLPE with vitamin E shows an effective prevention of oxidation even with long aging
and leads to more consistent wear behavior compared to CPE and XLPE [8].

Established and internationally standardized examination methods are frequently used to evaluate
the articular wear resistance of joint replacements. In addition, a new investigation method enables
the isolated quantitative measurement of polyethylene (PE) backside wear in modular acetabular
cups [9]. While the resistance to articular wear processes of XLPE has already been demonstrated in
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many experimental [1,10–13] and clinical studies [3,14,15], no quantitative evidence exists about the
supposed wear advantage of XLPE in terms of backside wear.

Therefore, the aim of this study was to compare the backside wear behavior of CPE and XLPE
inserts. The questions were defined as follows: Is less PE backside wear generated by using XLPE than
using CPE? Is there a difference in the size and morphology of the backside wear particles of XLPE
compared to those of CPE?

2. Materials and Methods

2.1. Experimental Groups

Two test groups were compared to each other (CPE versus XLPE). Each group included three
cups and three inserts, which were tested independently of each other under the same test conditions.

2.2. Analyzed Components

The cementless cup system Plasmafit® Plus 7 (Aesculap, Tuttlingen, Germany, Ref: NV352T) with
a cup size of 52 mm was used. The locking mechanism for fixing the PE inserts was based on a conical
width and rough striking surface (Ra = 3.7 μm, Rz = 24.7 μm). PE inserts with an inner diameter of
32 mm were used for all investigations. For the first group (CPE), conventional PE (Ref: NV203) in
accordance with ISO 5834-2 was used. Cross-linked PE Vitelene® (Aesculap, Tuttlingen, Germany, Ref:
NV203E) with vitamin E as the antioxidant was used for the second group (XLPE).

2.3. Test Setup

The method used for the quantitative measurement of PE backside wear has been validated and
described in detail [9].

The cup system (Figure 1(5)) was fixed in polyurethane and dynamically loaded with a frequency
of 3 Hz and a force of up to 2.5 kN. Simultaneously, a moment of about 5 Nm (Figure 1) was induced
in the cup system. The inclination of the cup was 30◦ to the load axis (Figure 1(1)). The test duration
was 2 × 106 cycles.

Figure 1. Test setup according to the two-chamber principle: (1) load axis, (2) artificial femoral head,
(3) backside wear particle, (4) articulation area, (5) cup system, (6) PE insert, (7) backside area [9].
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According to the two-chamber principle, the backside area (Figure 1(7)) was separated from the
articulation area (Figure 1(4)) and each area represented a chamber system. Both chambers were filled
with ultrapure water as the test fluid. However, the interface between the PE insert and the cup could
not be considered a reliable seal between the articulation area and the backside cup area. To ensure
an isolated generation of backside wear particles, the articulation of the sliding partners (head and
PE insert) and thus the articular wear must be prevented. Due to the rigid and resistant cohesive
connection (Loctite® 406/SF770, Henkel AG & Co. KGaA, Duesseldorf, Germany) (Figure 1) between
the articulation surfaces (femoral head and insert (Figure 1(2,6)), an isolated generation of insert
backside wear (Figure 1(3)) was provided. Thereby, backside-generated PE particles were collected
in the test fluid. The integrity of the rigid connection was checked and confirmed before and after
each test.

2.4. Wear Analysis

After the test was completed, the test fluid was removed from the chambers and analyzed for wear
particles. For this analysis, the test fluid was vacuum filtered (pore size: 0.02 μm) and the filters were
examined by a scanning electron microscope (SEM Leo 1530, Carl Zeiss AG, Oberkochen, Germany) at
a 20,000 times magnification (3 filters/3 SEM images per chamber). The SEM images created were then
analyzed using image processing software (ImageJ, version 1.48, public domain) and a particle analysis
was carried out in accordance with ASTM F1877-16 [16]. The wear particles were characterized in
terms of their size (ECD) and morphology (aspect ratio (AR) and roundness (R)). The particle shapes
were characterized as round, oval and fibril-like according to their AR [17]. In addition, the number of
analyzed particles was extrapolated to obtain a total number of particles (ETN) as a measure of PE
wear [9].

2.5. Statistics

Descriptive statistics with the mean and standard deviations of nine individual values were given
for all results. An independent t-test was used to compare all the mean parameters (ETN, ECD, AR and
R) of the particle analysis of the two groups. All the requirements for the implementation of statistical
procedures were confirmed. The software SPSS (Version 22, IBM, Amonk, NY, USA) was used for the
statistical evaluation. The level of significance was set at 5% (p < 0.05).

3. Results

Figure 2 shows an example of isolated backside PE wear particles. Figure 3 shows the mean
and standard deviations of the PE backside wear in a direct comparison between the use of CPE and
XLPE in the investigated cup system. The results of the CPE backside wear with the parameters ETN,
ECD, AR and R were partially published in a previous study [9]. In addition, the amounts of different
particle shapes and the median (max and min) are shown in Figure 3.

Figure 2. Filter images of the analyzed backside PE wear particles.
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Figure 3. Results of the particle analysis and comparison between the conventional polyethylene (CPE)
and cross-linked polyethylene (XLPE) backside wear.

Using the XLPE, about 35% less PE backside wear was generated compared to when the CPE was
used. This difference was statistically significant (ETN: p < 0.001).

The morphology parameters AR and R did not differ significantly between the CPE and XLPE (AR:
p = 0.465 and R: p = 0.126). The particles were predominantly characterized by a round morphology.
The XLPE tended to have a larger amount of round particles than the CPE. In addition, the XLPE
particles were slightly but significantly larger (p = 0.028). The PE backside wear particles were generally
nanoparticles in a size range of between 40 and 100 nm (Figure 4).

Figure 4. The size distribution of the analyzed particles from the CPE and XLPE inserts.

Figure 5 shows an example of the backside of the CPE and XLPE inserts. It seems that
micro-scratches are much more pronounced on the CPE inserts than on the XLPE inserts, whereas
the XLPE inserts show a higher proportion of pitting. However, the damage to the XLPE inserts is
generally less pronounced.
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Figure 5. Photographs (Digital Microscope VHX-5000, Keyence, Japan) of the backside of the tested
PE inserts.

4. Discussion

The use of XLPE generated significantly less PE backside wear than the use of CPE for the
investigated cup system. With the CPE and XLPE inserts, predominantly round particles (56–62%)
were generated on the backside and the XLPE particles were significant larger.

The particle analysis of the reported articular wear showed comparable results regarding the
morphology [10,12,18]. Illgen et al. described predominantly round particles from CPE (amount: 78%)
and from XLPE (amount: 87%) [10]. The amount of elongated fibrils was significantly higher for CPE
(14%) than for XLPE (6%). In addition, the CPE particles in published articular wear studies (approx.
196–710 nm) are significantly larger than the XLPE particles (approx. 110–260 nm) [10,12,13]. There
was a significant difference in the size of backside-generated particles in this study. The difference in
size between the CPE and XLPE particles was only around 3 nm. Considering the size distribution
(about 40–100 nm) of the analyzed PE particles, the difference seems negligibly small. However, this 3
nm was a difference of 4%. Fewer wear particles that are of a larger size could result in a higher volume
of wear. However, the significantly higher amount of wear particles generated by the CPE inserts (by
35%) seems to have been more relevant than the 4% larger size of the XLPE particles. In addition,
we only have two-dimensional images of the particles, which makes it impossible to determine the
volume of wear.

The reason for the comparable particle shape was probably the rough locking surface of the cup.
The rough peaks of the titanium locking surface engaged the soft PE insert. Due to the micro-motion
at this interface, the rough peaks plowed grooves into the soft surface layer of the PE. Therefore, the
resulting wear mechanism was dominated by scratching and micro-machining and thus produced
comparable wear particles in terms of size and shape. This could be confirmed by the similar type
of damage on the backside of the CPE and XLPE inserts. In addition, the permanent alternating
stress could cause material fatigue in the PE interface areas and could lead to the release of very
small particles.

The higher articular wear resistance of XLPE has not only already been demonstrated in some
experimental studies [1,10–13], but also in clinical trials [3,14,15,19,20], which examined the primary
wear process. In vitro wear simulating showed a great decrease in wear rate, significantly higher
fatigue resistance and improved mechanical properties for XLPE compared to CPE inserts [1,8,11]. In
this study, the XLPE also showed greater resistance to backside wear. An explanation for this might
be that the improved fatigue resistance of the vitamin E-stabilized inserts was effective against the
occurring micro-motions and resulting variations in stress in the PE interface areas (surface disruption,
pitting and release of very small particles).

In addition to lower total wear, previous studies have documented a significantly lower occurrence
of osteolysis and lower revision rate in patients with XLPE components [3,15,21]. Hanna et al. described
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a survival rate of 86% for CPE and 100% for XLPE after 13 years with revisions due to excessive
wear or osteolysis [15]. While osteolysis was identified in patients with CPE in up to 25% of cases,
osteolysis could only be detected in about 2% of cases in patients with XLPE [3,15,21]. According
to Fukui et al., patients with XLPE had no wear rate above the osteolysis threshold of 0.1 mm/year,
in contrast to 35% of cases in patients with CPE [3]. Cellular responses to the wear particles of XLPE are
controversial. While no cell responses [22] or significantly reduced functional biological activity [23]
were detected in patients with XLPE in some studies, other studies have shown a significantly larger
inflammatory response to XLPE particles [10,13,24,25] than to CPE particles. Illgen et al. showed a
concentration-dependent inflammatory response of macrophages against CPE and XLPE particles [10].
At low concentrations, no significant differences in the biological inflammatory response could be
observed between CPE and XLPE. However, a significantly higher response was shown to XLPE
particles at higher particle concentrations than to CPE wear particles [10]. This higher inflammatory
response with a high particle concentration could certainly play an important role with regards to pelvic
lysis behind the cups. A particle migration within the cup system [26] could lead to a local accumulation
of wear products in the area of screw holes on the bony acetabulum and thereby steadily increase
the concentration of PE particles. Therefore, the migration of articulating and backside-generated PE
particles should be avoided as far as possible [26].

5. Limitations

This study was an experimental investigation. Deviations from the clinical situation were
unavoidable. Therefore, the following limitations must be taken into account.

Instead of bovine serum or a similar lubricant used for in vitro wear studies in accordance with
ISO 14242, ultrapure water was used as the test fluid. However, the backside wear mechanism was
completely different to the articulation wear mechanism. On the backside, the rough peaks of the
harder inner surface of the cup plowed grooves into the surface of the softer PE. Therefore, the influence
of the lubricant on the backside wear mechanism was assumed to be negligible. In addition, ultrapure
water proved to be advantageous due to its simpler handling and lower risk of contamination by
proteins or other residues of biological substances. On the basis of the structure of the artificial cup
system, a reliable hermetic sealing of the articulation area from the backside of the PE insert could
hardly be achieved. Therefore, articulation between the head and PE insert was prevented (due to the
rigid connection). Subsequently, the usual articulation between the sliding bearings was not possible
and the applied force represented a simplified load condition compared to physiological hip loads.
However, together with the introduction of moments, the load situation approximated the clinical
situation in the cranial–caudal axis [27].

6. Conclusions

XLPE showed a significantly higher backside wear resistance compared to CPE. It can be assumed
that the improved fatigue resistance of the vitamin E-stabilized XLPE inserts demonstrated XLPE’s
effectiveness against the occurring micro-motion and resulting changing tensions in and below the
interface areas like surface breakdown, pitting and the release of very small particles. The detected
backside wear particles were smaller than the reported particles of articular wear, while the morphology
of the backside-generated CPE particles did not differ from those of the XLPE.
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Abstract: Adequate primary stability of the acetabular revision construct is necessary for long-term
implant survival. The difference in primary stability between tantalum and titanium components
is unclear. Six composite hemipelvises with an acetabular defect were implanted with a tantalum
augment and cup, using cement fixation between cup and augment. Relative motion was measured at
cup/bone, cup/augment and bone/augment interfaces at three load levels; the results were compared
to the relative motion measured at the same interfaces of a titanium cup/augment construct of identical
dimensions, also implanted into composite bone. The implants showed little relative motion at all
load levels between the augment and cup. At the bone/augment and bone/cup interfaces the titanium
implants showed less relative motion than tantalum at 30% load (p < 0.001), but more relative motion
at 50% (p= n.s.) and 100% (p< 0001) load. The load did not have a significant effect at the augment/cup
interface (p = 0.086); it did have a significant effect on relative motion of both implant materials at
bone/cup and bone/augment interfaces (p < 0.001). All interfaces of both constructs displayed relative
motion that should permit osseointegration. Tantalum, however, may provide a greater degree of
primary stability at higher loads than titanium. The clinical implication is yet to be seen

Keywords: porous implants; tantalum; titanium; acetabulum; hip arthroplasty; hip replacement;
revision hip arthroplasty; acetabular revision; primary stability

1. Introduction

Total hip arthroplasty (THA) is a highly successful surgical intervention that is being performed
with increasing frequency in cases of advanced osteoarthritis, and in patients of decreasing age [1].
The increased incidence of primary THA is accompanied by a corresponding increase in revision THA
with the associated concerns of diminished bone quality, bone loss and compromised soft tissue [2].
Earlier interventions that addressed these concerns included the use of large structural allografts that
had mixed results with loosening and migration rates of up to 70% [3]. Utilization of metal cages for
large defects reduced the loosening rate to 14% at 6 year follow up [3,4]. In addition, the recognition of
cement disease as a major cause of loosening and later failure in cemented constructs [5] led to the
increasing use of cementless porous metal components that allowed for bone ingrowth that facilitated
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stable fixation. The introduction of porous metal implants with a range of accessory porous metal
augments, buttresses and shims has led to a further improvement in revision THA outcome.

Currently, the most frequently used porous metal implants have either a tantalum or titanium
porous metal surface and with press-fit implantation they provide a stable mechanical surface between
implant and host bone in the short term (primary stability), and facilitate osseointegration in the mid
and long term [6,7]. Tantalum in the form of Trabecular Metal™ (TM) (Zimmer Biomet, Warsaw,
Indiana) is currently one of the more frequently used porous implants [8], and has been used to treat
very extensive acetabular defects [9] as well as for neoplastic periacetabular lesions [10].

Optimal primary stability and ultimately adequate osseointegration and successful outcome is
dependent on minimal relative motion at the component/bone interface. Prior experimental studies
have shown that successful osseointegration occurs with relative motion between surfaces of up to
40μm, and that fibrous attachment occurs at 150 μm [11]. In addition, increased relative motion between
components and bone can lead to particle generation and shedding that promotes later loosening and
failure [12]. The use of additional components such as augments and buttresses increases the number
of opposed surfaces and also the potential for increased relative motion in the construct as a whole,
with possible consequences for the stability of the construct [13].

The aim of this study was to utilize an experimental biomechanical set up to evaluate the primary
stability of a tantalum acetabular cup and augment construct as used in the treatment of larger
acetabular defects [14], and compare the results with those of a similar porous titanium construct and
augment that were published previously in an identical experimental set up [13].

2. Materials and Methods

Six Trabecular Metal™ acetabular cup components of 56 mm diameter and corresponding
Trabecular Metal™ augments of 54/56 × 1 cm size were utilized in our biomechanical set up (see
Figure 1). We also utilized six large fourth generation composite left hemipelvises (#3405 Sawbones;
Sawbones Europe AB, Malmo, Sweden) each with a created Paprosky 2b defect of 1 cm thickness that
was segmental and constituted less than one third of the acetabular circumference. Each defect was
created in an identical standardized manner at the postero-cranial aspect of each acetabulum, with the
edge of the defect adjacent to the antero-inferior iliac spine. To accomplish this, the periphery of the
defect was first marked on each hemipelvis and the central synthetic bone was reamed and burred
to the peripheral mark and to 1cm depth. This created defect was then completely covered with a
TM augment according to manufacturer’s instructions, and fixed to host bone with two 5.5 × 30 mm
screws. Prior to acetabular cup implantation, premixed cement was then applied to the aspect of
the augment that apposed the acetabular cup. A medium viscosity bone cement (Palacos R + G pro;
Heraeus Medical Gmbh, Wehrheim, Germany) was used at this interface. The cement was vacuum
mixed (Optivac Cement Mixing System; Zimmer Biomet, Warsaw, Indiana) and applied 120 s after the
start of mixing. The cement was dispensed with a cement gun and 1.5 cm3 was hand-modeled on the
augment surface. Excess cement was carefully removed from the multi-hole acetabular component.
All cementing was done under standardized conditions with the same mean room temperature and
humidity as in the prior experiment [13]. The acetabular cup component was then implanted according
to manufacturer’s directions, and attached to host composite bone with one each of 6.5 × 40 mm and
6.5 × 30 mm screws, with the screws directed towards the sacro-iliac joint. The acetabular cup was
press-fit as well as the rim defect would allow. All augments and cups were implanted by a single
experienced surgeon (R.G.B.).

128



Materials 2020, 13, 1783

Figure 1. Photograph of titanium Gription cup and augment (left) and tantalum Trabecular Metal
augment and cup (right) after implant explantation, demontrating the differences in their hole positions
and augment geometry.

Following implantation, the hemipelvises were secured along the sacral side of the ilium using
polyurethane foam (RenCast FC 53 A/B; Goessl + Pfaff Gmbh, Karlskron, Germany) in a containment
device [13]. The symphysis was also secured to a two-component casting resin block that had an
attached stainless-steel ball on the under-side that was placed on a metal plate. This constituted a
two-point pelvic fixation, with the pelvis fixed in only one degree of freedom to allow for multi-planar
movement and rotation of the symphysis that mimics a physiologic fixation, as described in prior
studies [13].

Optical markers of 0.8 mm diameter (uncoded passive white markers, GOM Item Number 21874;
GOM Gmbh, Braunschweig, Germany) were placed in adjacent rows along the rims of the acetabular
cup component, adjacent augment and the host bone [13]. These adjacent rows of markers were
detected in grey-scale by a stereo camera system that provided 3D discrimination and recording of
relative motion between components and bone during loading. This was achieved by using 3D point
triangulation to calculate the 3D marker position in the x, y and z axes of the defined coordinate
system [15]. The 3D relative motion in the x, y and z axes were measured simultaneously between the
acetabular component and bone, acetabular component and augment and augment and bone using an
optical measuring system (PONTOS, GOM Gmbh, Braunschweig, Germany).

We pre-tested the hemipelvis set-up using a materials testing machine (MTS Mini Bionix 359; MTS
Systems Corporation, Eden Prairie, Minnesota), with the load applied in the direction of the greatest
load that occurs during the normal gait cycle, as defined by Bergmann et al. [16]. The maximum
load during normal walking was found to be 233% of the individual’s body weight at 31 degrees of
rotation around the x axis and 5 degrees around the z axis relative to the acetabular component system
described by Bergmann et al. [17]. We arbitrarily chose a body weight of 80 kg for each specimen, as in
our prior study [13], that was equivalent to 1.8 kN at 100% load at the hip during normal gait.

Three load levels were chosen; 3–30% load (equal to 0.5 kN), 5–50% load (equal to 0.9 kN) and
10–100% load (equal to 1.8 kN) (see Figure 2). A total of 1000 cycles were applied sequentially in a
sinusoidal wave-form at 1 Hz at each of the three load levels. To ensure good force closure between
force plate and testing sample, 0.2 kN was applied prior to testing. The dependent variable (measured
in μm, with average and variance) was the relative motion between components and bone, measured
at the following groups of cycles; 1 to 50, 51 to 200, 201–500, 501–800, 801–995.
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The results of measurements obtained as described above were compared to results obtained in
an identical manner during a prior experimental set-up using Gription® titanium components instead
of tantalum components of the same diameter/size [13].

Figure 2. Schematic graph displaying the load applied for each sample over the 3000 test cycles.

3. Statistical Analysis

Statistical evaluation was carried out descriptively (arithmetic mean, standard deviation, minimum
and maximum). After confirmation of normal distribution using a Shapiro–Wilk test, a t-test of
independent variables was performed. To evaluate differences in both groups during the cyclic loading,
we performed an analysis of variance with repeated measures (ANOVA). The effects with regard to
implant type and time points were evaluated. A p-value of ≤0.05 was considered significant. Results
were presented using statistical graphics when necessary. Statistical evaluation was performed using
Microsoft Excel (Microsoft Corporation, Santa Rosa, CA, USA), and the analytical software SPSS 25
(IBM Inc., Armonk, New York, USA).

4. Results

One of the six samples was excluded, since the fixation of the hemipelvis in the containment
device failed. Table 1 shows the average relative motion between the tantalum augment/cup, tantalum
augment/bone and tantalum cup/bone interfaces at 30%, 50% and 100% load for the remaining samples
and compares it to the average relative motion between titanium cups/augment, titanium augment/bone
and titanium cup/bone interfaces.

The t-test revealed a statistically significant difference in the relative motion between titanium
augment/cup and tantalum augment/cup at all load levels (30% load: t(8) = −20.34, p < 0.001; 50% load:
t(8) = −30.06, p < 0.001; 100% load: t(8) = −14.32, p < 0.001) (see Figure 3).

The titanium augment/sawbone interface displayed less relative motion at 30% load than the
tantalum augment/sawbone interface (30% load: t(8) = −8.81, p < 0.001). At 50% (t(8) = 1.59, p = 0.151)
and 100% (t(8) = 15.47, p < 0.001) load there was an increased average relative motion of the titanium
augment/Sawbone interface when compared to the relative motion at the tantalum/Sawbone interface
(see Figure 4).

At 30% load, the titanium displayed significantly lower relative motion (t(8) = −13.00, p < 0.001)
at the bone/cup interface, while at 50% load (t(8) = −0.20, p = 0.843) and at 100% load (t(8) = 11.76,
p < 0.001) the tantalum displayed lower relative motion (see Figure 5).

No significant difference was noted at the augment/cup interface with regard to the load level
(F(2, 16) = 2.87, p = 0.086). The load level did, however, have a significant effect on the relative motion
at the bone/augment (F(2, 16) = 352.66, p < 0.001) and bone/cup (F(2, 16) = 331.96, p < 0.001) interfaces.
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Table 1. Table showing the mean and standard deviation (SD) of the relative motion (μm) of tantalum
(Trabecular Metal) and titanium (Gription) implants at the respective implant/bone interfaces and
load levels.

Interface Augment/Cup Bone/Augment Bone/Cup

Implant Material Titanium Tantalum Titanium Tantalum Titanium Tantalum

Load Mean (SD) Mean (SD) Mean (SD) Mean (SD) Mean (SD) Mean (SD)
30% 11.0 (1.9) 22.5 (6.1) 20.0 (7.3) 29.7 (8.1) 27.9 (8.0) 46.3 (18.6)
50% 10.9 (2.1) 24.7 (5.7) 38.7 (17.8) 31.7 (9.7) 50.2 (18.6) 51.4 (19.8)
100% 11.3 (4.2) 23.7 (6.6) 84.3 (40.2) 39.4 (15.0) 107.2 (44.0) 61.6 (20.5)

Figure 3. Graph displaying the average relative motion (μm) at the tantalum and titanium augment
and cup interfaces at the three tested load levels (30%, 50% and 100% load).

Figure 4. Graph shows the average relative motion (μm) between the tantalum and titanium augment
and adjacent composite bone at the three tested load levels (30%, 50% and 100% load).
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Figure 5. Graph showing the average relative motion (μm) between the tantalum and titanium cup
and composite bone at the three tested load levels (30%, 50% and 100% load).

5. Discussion

The incidence of revision total hip arthroplasty (RTHA) is continuing to increase, particularly in
younger patients [1,18] and is predicted to increase to 14.5% of all THAs and to increase by 174% from
2005 to 2030 [1].

Aseptic loosening has been reported to be the major reason for THA revision [2,18], and the
frequently associated osteolytic defects that result from particulate debris and component wear can
present a significant surgical challenge [2,19,20]. Revision THA consequently has a greater incidence of
failure than primary THA because of the compromised soft tissue, bone loss and increased complexity of
the procedure. This has prompted the ongoing search for improved components. Cemented acetabular
cups allow only bone ongrowth rather than bone ingrowth [21,22] and have been associated with poor
integration into the sclerotic host bone, increased rates of bone resorption and increased difficulty with
later revision procedures [23]. Porous coated uncemented acetabular implants depend upon press-fit
implantation to provide adequate primary stability during the surgical and early postoperative phase
and secondary stability from later adequate osseointegration [22].

Currently tantalum and titanium are the most frequently used metals in uncemented porous
components due to their biologically inert nature and their physical properties that are close to those
of cancellous bone [24–27]. In addition, a recent study by Brüggemann et al. has shown little systemic
response to tantalum implants, underscoring their safety in joint replacement procedures [28]. A large
body of literature documents the success of porous trabecular tantalum constructs in RTHA [4,29,30].
In contrast, there is a relatively small body of literature documenting outcome with titanium constructs
that vary in type and physical properties as a result of differing manufacturing processes [6,30].

The goal of our study was the evaluation of relative motion occurring at all interfaces of an
implanted TM acetabular/augment construct and comparison of the results with the previously
recorded relative motion occurring at the same interfaces of a porous titanium (Gription®)
acetabular cup/augment construct, implanted under identical technical and environmental conditions.
The inclusion of an augment in the construct added an additional interface (cup/augment) with
the potential for additional relative motion. In all our tantalum and titanium constructs we found
minimal relative motion at the cup/augment interface at all load levels, and we therefore interpreted
this interface as having no significant negative impact on the stability of the construct as a whole.
The tantalum and titanium constructs also displayed minimal relative motion of 30–50 μm at the
bone/cup and bone/augment interfaces at the 30% and 50% load level. At the 100% load only, the
Gription constructs displayed increased relative motion of the bone/cup and bone/augment interfaces
of 107 and 84 μm, respectively. This may be due to the properties of the materials and implants, and
their respective elastic modulus. Differences in the coefficient of friction alone have been shown in
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a prior study to have little impact on the primary stability of the acetabular component [31]. In all
instances these values are below the previously recorded levels of relative motion that are thought to
result in fibrous attachment. Prior in-vivo animal studies and studies on human autopsy bones have
shown that successful osseointegration occurs with up to 40 μm relative motion between implant and
bone, and fibrous attachment occurs with 150 μm relative motion [11,32]. It has also been shown that
successful osseointegration can occur with bony attachment that involves substantially less than 100%
of the bone/implant interface [33,34] and most of the osseointegration occurs around the acetabular rim,
and decreases towards the pole [34,35]. One study by Bondarenko et al. showed that osteoporotic bone
has worse osseointegration than healthy bone, and also that the implant can have a significant effect on
the osseointegration, or bone-implant-contact [36]. In their study the tantalum implant Trabecular
Metal® and the Trabecular Titanium® showed better osseointegration than the titanium implants
Stiktite®, titanium with Gription® coating or Tritanium® [36].

The minimal levels of relative motion between porous implant and bone promote successful
osseointegration, secondary stability and good surgical outcome, as documented in clinical reports.
In RTHA in particular, tantalum components have been reported to have excellent results in complex
cases, even with large bone deficiencies [21,37,38]. The ancillary use of porous tantalum augments
as buttresses in cases of insufficient acetabular rim support has also been reported to have superior
results [2,39,40]. Konan et al. reported a 96% survivorship of the TM acetabular component and good
functional outcome at a mean 11 year follow up in patients with Paprosky 11 and 111 defects [41].
Morselized allograft was used in most cases, and no augments. Survivorships of 10 years for tantalum
cup/augment constructs have been reported by a number of authors as 91–97% [20,27,37]. There are very
few studies of porous titanium components in RTHA, and also little research of the titanium Gription
cup/augment constructs in RTHA. One study evaluating 146 Pinnacle Gription cups, 1 of which was
used in combination with an augment, showed good short-term results after RTHA [42]. In addition,
studies with Gription augments used with various other cup types have shown good functional
results [2]. However, there have been recent reports of studies that used other titanium components of
different composition and manufacture, such as Trabecular Titanium and Tritanium® [43]. Hosny in
2018 reported a 98.4% aseptic acetabular cup survivorship at mean follow up of 87.6 months using
Tritanium® revision cups in 62 patients with Paprosky 1–3 defects [6]. No augments were used.
Delanois reported a 97% aseptic acetabular cup survivorship in 35 patients with a mean 6 year follow
up, also using Tritanium® cups [23].

Our study has several limitations. Although the tantalum and titanium set-ups were done under
identical technical and environmental conditions with implantations performed by a single surgeon in
all cases (RGB), small differences in implantation technique cannot be ruled out.

Results for the Gription® samples cannot be extrapolated to other types of titanium implants
in biomechanical experiments or in the clinical scenario. There are currently several different
titanium product lines that differ in composition, architecture and manufacture, with differing
biophysical properties.

We chose to use synthetic composite bone (Sawbone®) rather than cadaveric bone because of
the uniformity in composition that is particularly important when working with a small sample,
although the biomechanical properties are not identical to bone. Our results therefore may not reflect
the clinical scenario.

Increasing loads were applied up to 100% of average normal body weight (80 kg), that was our best
estimate of the limited weight bearing experienced during the postoperative period. The maximum
load experienced during normal walking conditions is 233% of body weight [16,17]. Joint loading was
applied only in the direction of maximal load as defined by Bergmann, and did not reflect the cyclical
pattern of loading during normal walking conditions.
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6. Conclusions

The samples in our study showed minimal relative motion that should promote successful
osseointegration. The Gription construct showed more relative motion than TM at the cup/bone and
augment/bone interfaces at 100% load only, that was below the value thought to promote fibrous
attachment. Relative motion at the cup/augment interface of both TM and Gription constructs was of a
degree that should not negatively impact the stability of the construct as a whole. Our biomechanical
results are consistent with the positive clinical experience with TM components. There are too few
reports on Gription constructs to make any clinical correlation, but our test results suggest that they
should function satisfactorily.
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Abstract: Background: Uncemented implants are still associated with several major challenges,
especially with regard to their manufacturing and their osseointegration. In this study, a novel
manufacturing technique—an optimized form of precision casting—and a novel surface modification
to promote osseointegration—calcium and phosphorus ion implantation into the implant
surface—were tested in vivo. Methods: Cylindrical Ti6Al4V implants were inserted bilaterally
into the tibia of 110 rats. We compared two generations of cast Ti6Al4V implants (CAST 1st GEN,
n = 22, and CAST 2nd GEN, n = 22) as well as cast 2nd GEN Ti6Al4V implants with calcium (CAST
+ CA, n = 22) and phosphorus (CAST + P, n = 22) ion implantation to standard machined Ti6Al4V
implants (control, n = 22). After 4 and 12 weeks, maximal pull-out force and bone-to-implant contact
rate (BIC) were measured and compared between all five groups. Results: There was no significant
difference between all five groups after 4 weeks or 12 weeks with regard to pull-out force (p > 0.05,
Kruskal Wallis test). Histomorphometric analysis showed no significant difference of BIC after
4 weeks (p > 0.05, Kruskal–Wallis test), whereas there was a trend towards a higher BIC in the
CAST + P group (54.8% ± 15.2%), especially compared to the control group (38.6% ± 12.8%) after
12 weeks (p = 0.053, Kruskal–Wallis test). Conclusion: In this study, we found no indication of
inferiority of Ti6Al4V implants cast with the optimized centrifugal precision casting technique of the
second generation compared to standard Ti6Al4V implants. As the employed manufacturing process
holds considerable economic potential, mainly due to a significantly decreased material demand per
implant by casting near net-shape instead of milling away most of the starting ingot, its application
in manufacturing uncemented implants seems promising. However, no significant advantages of
calcium or phosphorus ion implantation could be observed in this study. Due to the promising results
of ion implantation in previous in vitro and in vivo studies, further in vivo studies with different ion
implantation conditions should be considered.

Keywords: ion implantation; precision casting; Ti6Al4V; calcium; phosphorus; centrifugal casting
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1. Introduction

Uncemented implants are widely used in arthroplasty, in primary total hip arthroplasty (THA),
up to 80% of implants are uncemented [1]. As the long-term stability of uncemented implants can
only be achieved by osseointegration—i.e., a stable connection between the implant surface and the
adjacent bone—titanium-based implants are preferred for uncemented implantation due to their high
biocompatibility [2,3].

However, the manufacturing process of titanium and its alloys is much more complex than
that of cobalt–chromium-based implants [4]. Due to the high melting point of titanium of >1700 ◦C,
its high reactivity to oxygen [5] and its unfavorable fluidity properties [6], precision casting of titanium
implants is challenging and currently not routinely used [7]. At present, standard manufacturing of
titanium implants involves machining blanks on a milling machine, which results in a high waste of
Ti6Al4V material and fabrication costs, as well as a limitation of titanium implants to comparatively
simple implant designs [8]. Recent innovations have led to the optimization of centrifugal casting
units, see Figure 1. By introducing a cold wall induction crucible and by improving casting conditions,
mould material and subsequent heat treatment, centrifugal precision casting has become feasible for
the manufacturing of titanium-based implants [9].

Figure 1. Schematic illustration of a centrifugal precision casting unit: The ingot-casting material is
melted (A) and the liquid melt is then pressed into the casting mould by rotating the casting arm
around a vertical shaft (B).

The technically demanding manufacturing process of titanium-based implants is not the only
challenge of uncemented implantation. Osseointegration of the uncemented implant still remains a
crucial issue, as the stability of the implantation depends on a strong connection between implant
surface and adjacent bone [10]. To enhance osseointegration, countless different methods of surface
modification have been developed. One of the most prominent surface modifications is hydroxyapatite
coating (HA-coating) [11], which has been widely used in uncemented THA. As, however, delamination
of the HA-coating and three-body-wear due to HA-molecules have been increasingly reported in the
literature [11–13], attempts have been made to implant calcium and phosphorus ions—the chemical
components of HA—directly into the implant surface [14], encouraging the formation of calcium
phosphate precipitates [15,16]. For complex implant shapes, the so-called plasma immersion ion
implantation is currently used [17], see Figure 2.
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Figure 2. Schematic illustration of plasma immersion ion implantation. In a vacuum chamber, calcium
ions are extracted from the plasma—i.e., ionized gas—and accelerated towards the negatively charged
implant surface by applying a high voltage direct current.

To improve both the manufacturing and osseointegration of uncemented titanium implants,
a novel manufacturing technique—an optimized form of centrifugal precision casting—and a novel
surface modification to promote osseointegration—calcium and phosphorus ion implantation into the
implant surface—were tested in vivo in this study.

2. Methods

2.1. Animals

110 adult female WISTAR rats were supplied by Charles River Laboratories (Kißlegg, Germany).
They were kept under climate-controlled conditions (21 ± 1.5 ◦C, 47.5% ± 7.5% humidity, light–dark
cycle 12/12 h). Access to food and tap water was ad libitum. Age at the time of surgery was ten weeks;
mean body weight was 277 ± 15 g. The animal trial was conducted according to relevant national and
international guidelines, such as the ARRIVE guidelines; the study was approved by the Regional
Administrative Council (registration number 1246).

2.2. Implants

The standard implants consisted of machined, aluminium-oxide-blasted Ti6AlV4 cylindrical rods
of 5.2 mm length with a diameter of 1.6 mm (provided by Peter Brehm GmbH, Weisendorf, Germany).
One end of the rod was threaded (length 1.2 mm) to enable biomechanical pull-out testing.

All other implants had identical dimensions compared to the standard implants and were
manufactured with the optimized centrifugal precision-casting technique, which had been developed
in cooperation between the Technical University Aachen (RWTH, Germany), the associated research
center Access technology e. V. (Aachen, Germany), and the implant manufacturer Peter Brehm GmbH
(Weisendorf, Germany). Implants were cast in a combined vacuum-induction centrifugal casting device
Leicomelt 5 TP (ALD Vacuum Technologie GmbH, Hanau, Germany). As the optimized centrifugal
precision casting technique is currently undergoing a patent grant procedure, only a general overview
of the manufacturing process is given here.

Casting moulds were made of multilayer ceramics with the lost wax technique, with the help of
3D-simulation programs for the casting and solidification process. The ingot-casting material Ti6Al4V
was melted in a cold wall induction crucible in a vacuum system with inert gas flushing. The liquid
melt was then pressed into the casting mould by rotating the casting arm around a vertical shaft,
see Figure 1.
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In contrast to other metals’ higher centrifugal forces and higher speed are required for titanium
implants to completely fill out the mould due to its low specific weight, high melting point and high
solidification speed. After solidification of the melt, the casting was revealed under the destruction of
the ceramic form, see Figure 3. The cast implants were separated from the feed channel with a cutting
disc. The implants were then submitted to hot isostatic pressing with 920 ± 10 ◦C at a pressure of
1000 ± 50 bar for 120 ± 30 min to reduce porosity, and subsequent heat treatment.

Figure 3. Cast cylindrical implants (→) before separation from the feed channel.

In cast Ti6Al4V implants of the first generation (CAST 1st GEN), the so-called alpha case layer—a
hardened brittle layer at the implant surface due to the reaction between the oxides of the mould
and the molten titanium, see Figure 4—had to be removed by acid etching at room temperature with
Ceramex® (Renfert GmbH, Hilzingen, Germany), i.e., a mixture of 3% hydrofluoric acid and10%
sulphuric acid (MediMet Precision Casting and Implants Technology GmbH, Stade, Germany).

6.54 m 
10.09 m 

Figure 4. Alpha case layer on the implant surface of cast Ti6Al4V implants of the first generation.
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By further optimizing the conditions of the casting process, the alpha case layer of cast Ti6Al4V
implants of the second generation (CAST 2nd GEN) was negligible, so acid etching could be dispensed
with. All cast implants were then submitted to identical aluminium-oxide-blasting to the standard
implants. Material analysis showed that the cast material met with the standard grade for Ti6Al4V
alloys [4].

Cast Ti6Al4V implants of the second generation were then submitted to plasma immersion ion
implantation (PIII) with calcium (CAST + CA group) or phosphorus (CAST + P group) in cooperation
with Helmholtz Center Dresden-Rossendorf in a 5-MV-Tandem EGP-10-1 (Efremov-Institut NIIEFA
Leningrad, St. Petersburg, Russia). As an ion source, H3P, and a calcium arc source, respectively,
were used. PIII was conducted at room temperature, ion energy was 30 keV, and ion current 2.4 μA
(calcium) and 3–500 μA (phosphorus), respectively, at a dose of 1 × 1016/cm2.

2.3. Experimental Design

The animals were randomly assigned 22 animals each to one of the following groups: (1) control
group, (2) CAST 1st GEN, (3) CAST 2nd GEN, (4) CAST + CA, or (5) CAST + P group. According to
which group they belonged to, one of the following implants was inserted:

1. Standard Ti6Al4V implants;
2. Cast Ti6Al4V implants of the first generation;
3. Cast Ti6Al4V implants of the second generation;
4. Cast Ti6Al4V implants of the second generation with calcium ion implantation;
5. Cast Ti6Al4V implants of the second generation with phosphorus ion implantation.

Eleven animals of each group were sacrificed after 4 weeks, and the remaining animals 12 weeks
after implant insertion. The right tibia was prepared for biomechanical testing and the left tibia for
histomorphometric analysis.

2.4. Surgical Procedure

The above-mentioned implants were inserted into the proximal tibia on both sides. Anaesthesia
was administered by means of an inhalation device (isoflurane 2%) and the subcutaneous injection of
analgetics (tramadolor 20 mg/kg) and buprenorphin (0.03 mg/kg). The surgical technique was identical
to previous studies conducted in our study group [18]: a 10 mm incision was made at the medial
aspect of the proximal tibia, and the periosteum was incised ventrally to the medial collateral ligament.
A 1.7 mm drill hole was made level with the insertion of the patella tendon ventrally to the medial
collateral ligament using hand-held drills held strictly perpendicular to the longitudinal axis of the tibia.
The implant was then inserted into the bone. The threaded part remained outside and was covered by
a 2 mm tube cut off from a venous catheter (fluorinated ethylene propylene, Vasofix® Braunüle® 18
G, Braun B., Melsungen, Germany) in order to prevent osseous overgrowth. Postoperative analgesia
was ensured by adding tramadolor to the drinking water (25 mg per litre). Antibiotics (clindamycine
45 mg/kg) were administered subcutaneously daily on the first three postoperative days.

2.5. Biomechanical Testing

For biomechanical testing, a specifically designed cylindrical device with a matching internal
thread was screwed onto the threaded part of the implant of the right tibia. This device was passed
through a perforated plate, which served as a mobile fixation of the implant, and then attached to
a 200 N load cell (HBM, Darmstadt) of a standard testing machine (Z010, Zwick, Ulm, Germany;
see Figure 1A). The surrounding soft tissue around the implant had been purposely left in place to
ensure an even contact between the specimen and the perforated plate. The implant was then aligned
straight—i.e., longitudinally to the tensile axis—by a low preload of 0.5 N. A force-displacement
diagram (test speed 10 mm/s, preload 0.5 N) was recorded by a testing software (testXpert II, Zwick,
Ulm, Germany) and the load occurring before the first sudden drop in the tensile force was defined as
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maximum pull-out force. To calculate the pull-out force per area, a Micro-CT scanning of the former
implant bed of the first 44 animals was conducted with a μCT system (Skyscan 1172, Kontich, Belgium).
As the correlation between pull-out force and pull-out force per area was found to be highly significant
and very strong (Pearson’s correlation coefficient R = 0.970, p < 0.001), pull-out force was used as the
only biomechanical parameter for the remaining animals.

2.6. Histomorphometric Analysis

The left tibia including the inserted implant was embedded in Technovit VLC7200 (Kulzer,
Germany) and ground down to sections of 100 μm along the longitudinal axis of the tibia.
Masson–Goldner staining of the sections was used to visualize the connective tissue surrounding the
implant. The sections were inspected and scanned with a fully automated inverted light microscope
(Leica DMI6000B, Wetzlar, Germany). To quantify the amount of bone surrounding the implant,
the following parameters were determined semi-automatically with the aid of an imaging analysis
software (MetaMorph®, Leica, Wetzlar, Germany). The bone-to-implant contact rate (BIC) was
calculated by dividing the total length of bone-to-implant contact by the total length around the implant
within the tibia. Histomorphometric analysis was conducted by two independent observers blinded to
the implant material used.

2.7. Statistical Analysis

Statistical advice, including an estimation of required sample size, was gained before the planning
of the study based on the only comparable study with a similar animal model and an identical location
of the implant insertion [19,20]. For statistical analysis, the Statistical Package for Social Sciences
(SPSS® Inc., IBM, version 24) was used. Continuous variables were summarized as mean ± standard
deviation. To compare the results of the five groups after 4 and 12 weeks, Kruskal–Wallis test was
used. Pearson’s correlation coefficient was used to calculate interobserver reliability and correlation
between pull-out force and pull-out force per area. A probability value of less than 0.05 was considered
to indicate statistical significance.

3. Results

With regard to maximum pull-out force, there was no significant difference between all five
groups after 4 weeks and after 12 weeks (p = 0.596 and p = 0.127 respectively, Kruskal–Wallis test).
After 12 weeks, cast Ti6Al4V implants of the first generation (CAST 1st GEN) showed a slightly lower
maximum pull-out force (78.4 ± 16.9 N) compared to the control group (99.8 ± 25.0 N), though this
difference did not reach statistical significance. However, no disadvantage of the cast Ti6Al4V implants
of the second generation could be observed (95.4 ± 23.0 N) after 12 weeks, see Figure 5.

Analysis of the histological sections showed a thin layer of osseous tissue covering a large part of
the implant surface on the section of all five groups. Examples of histologic sections of both cast and
machined Ti6Al4V implants are depicted in Figure 6.

Histomorphometric measurement revealed no significant difference in BIC after 4 weeks between
all five groups (p > 0.05, Kruskal–Wallis test), whereas there was a trend towards higher BIC in the
CAST + P group (54.8% ± 15.2%), especially when compared to the control group (38.6% ± 12.8%) after
12 weeks (p = 0.053, Kruskal–Wallis test), see Figure 7.
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Figure 5. Boxplot of maximum pull-out force after 4 and 12 weeks. The 25th and the 75th percentile as
well as the median are indicated by the box, while the whiskers depict maximum and minimum values.
No significant difference between all 5 groups was observed (p > 0.05, Kruskal–Wallis test).

Figure 6. Exemplary Masson–Goldner stains of cast (A) and standard (B) Ti6l4V implants after 12 weeks.
Mature osseous tissue is stained blue, while newly formed bone as well as connective tissue appears
red. In both sections, a thin layer of mature bone covers the implant surface.
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Figure 7. Boxplot of bone-to-implant contact rate (BIC) after 4 and 12 weeks. The 25th and the
75th percentile as well as the median are indicated by the box while the whiskers depict maximum and
minimum values. Outlies are plotted as individual dots. There was no significant difference between
all five groups after 4 weeks (p > 0.05), whereas there was a trend towards higher BIC in the CAST + P
group after 12 weeks (p = 0.053, Kruskal–Wallis test).

4. Discussion

The most important findings of this study were that no indication of the inferiority of the cast
Ti6Al4V implants of the second generation could be observed with regard to osseointegration when
compared to standard machined implants, and that no significant advantages after calcium and
phosphorus ion implantation could be seen.

4.1. Centrifugal Precision Casting

Precision casting of titanium-based implants is technically challenging due to the high melting
point of titanium of >1700 ◦C, its high reactivity to oxygen and its unfavorable fluidity properties.
Only in highly specialized centrifugal precision casting units are sufficient centrifugal forces and speed
reached to completely fill out the mould, due to the low specific weight and high solidification speed.
However, precision-casting of titanium implants holds vast potential economic advantages over the
standard milling process [21]. On the one hand, the process offers a significantly decreased material
demand per implant by directly casting near net-shape instead of milling away most of the starting
ingot, thus greatly lowering the base material demand and cost. Adding to this lower base demand is
the inherent improvement in sustainability. Milling waste must be recycled by complex reclaiming
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processes before it can be reused, while the direct reclamation of casting scrap is regular practice in
casting processes, given that constant cast part quality is proven. On the other hand, the centrifugal
casting process offers a great freedom of design, in particular by using custom-printed wax patterns in
the future, which will enable us to produce implants of complex geometrical shapes (especially those
involving undercuts) in large numbers.

Mechanical properties of cast and wrought titanium—the latter being the raw material from which
current standard titanium implants are machined—need not necessarily be identical, as the solidification
process and the exposure of molten titanium to oxygen varies between the two manufacturing
techniques. However, Nastac et al. conducted a review on investment casting of Ti6Al4V alloys and
found that almost all the static and dynamic mechanical properties of cast Ti6Al4V alloys are similar to
wrought Ti6Al4V. Only the fatigue strength—especially high-cycle fatigue—of cast Ti6Al4V alloys was
found to be inferior, which, however, can be improved by subsequent heat treatment [6]. To achieve
optimal mechanical properties of cast Ti6Al4V alloys, countless improvements in centrifugal precision
casting have been introduced in recent years, e.g., a vacuum system and inert gas flushing due to the
high reactivity of titanium with oxygen, high centrifugal forces to ensure complete filling of the mould,
or hot isostatic pressing to reduce porosity [6,21]. The alpha case layer—a hardened brittle layer at the
implant surface due to the reaction between the oxides of the mould and the molten titanium—still
remains a challenge for precision casting of Ti6Al4V [22]. This layer is most commonly removed by
acid etching, a technique which in itself bears the risk of hydrogen embrittlement of the implant surface
through hydrogen absorption and hydride formation [23]. In our study, we found slightly inferior
maximum pull-out force after 12 weeks in cast Ti6Al4V of the first generation, in which the alpha case
layer had been removed by acid etching (CAST 1st GEN). By further optimizing the conditions of the
casting process, the thickness of the alpha case layer was further reduced (CAST 2nd GEN), so that
acid etching could be dispensed with. In these cast Ti6Al4V implants of the second generation, we did
not observe any indication of inferiority in comparison to standard Ti6Al4V either on biomechanical
testing or on histomorphometric analysis. Standard material testing carried out by our project partners
before delivering the implants showed no deviation from standard implant requirements, but further
biomechanical studies will have to follow to prove the equivalence of the main mechanical properties
such as modulus of elasticity, hardness, toughness, fatigue strength, or tensile strength.

There are only a few in vivo studies comparing cast and machined implants with regard to
biocompatibility and osseointegration. Mohammadi et al. implanted cast and machined titanium
implants into the abdominal wall of rats so that part of the implant was located in the abdominal
wall and part in the peritoneal cavity. On light and electron microscopy they found no difference
in peri-implant tissue in the abdominal wall between the two groups. For intraperitoneal implants,
significantly more fibroblasts and macrophages were observed on the implant surface of cast implants
(in 6/8 implants) when compared to machined implants (in 1/9 implants) [24]. However, as there was a
significant difference between tissue response in muscular and peritoneal tissue, it seems doubtful that
these findings can predict tissue response in osseous tissue. Moreover, cast titanium implants in their
study—as opposed to implants cast with modern centrifugal precision casting units—received hardly
any post-processing treatment and showed a comparatively rough implant surface [24]. As this rough
implant surface is probably the main reason for the wash-out of titanium particles and the subsequent
heightened response of macrophages, their results cannot be compared with modern cast titanium
implants. In a more recent study, Mohammadi et al. implanted machined cast titanium implants
and standard machined titanium implants into the tibia of rabbits and found no significant difference
in bone–implant contact after 3 months (19% BIC in cast implants vs. 25% in machined implants)
and 6 months (45% in cast implants vs. 37% in machined implants) between both groups [7]. As in
their study cast titanium implants were machined after casting and 0.25 mm of the implant surface
were removed, again, their results cannot be compared to ours. There is only one study reporting the
application of cast titanium implants in humans: 15 patients received individualized cast titanium
implants for the reconstruction of bony skull defects using data from 3D computer tomography scans.
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There was no control group and mean follow-up was 16.6 months. With the exception of one case
of early infection which resulted in the removal of the implant, no complications were noted and
osseointegration was successful on clinical and radiological examination [25]. These findings agree
with our study, which showed no indication of the inferiority of cast Ti6Al4V implants of the second
generation compared to standard Ti6Al4V implants. However, given the small number of patients,
the short follow-up, the lack of a control group, and the location of the implants in a non-weight-bearing
part of the skeleton [23], evidence regarding the long-term equivalence of cast orthopedic titanium
implants when compared to today’s standard implants has yet to be provided. Thus, further in vivo
trials involving a large animal model in a biomechanically loaded position might be considered before
establishing centrifugal precision casting as a manufacturing technique of titanium orthopedic implants.

4.2. Calcium and Phosphorus Ion Implantation

The second part of this study was dedicated to calcium and phosphorus ion implantation into
the surface of cast Ti6Al4V implants of the second generation and its effects on osseointegration.
Ion implantation represents an ultra-clean process in which the concentration and depth distribution of
ions can be controlled with high accuracy [17]. Several in vitro studies have shown the advantageous
effects of calcium and phosphorus ion implantation on the mechanical properties of titanium. Corrosion
resistance, as measured by electrochemical methods in a simulated body fluid, was significantly
increased after calcium and phosphorus ion implantation (ion dose 1 × 1017/cm2) which is a very
important aspect of biocompatibility [26,27]. X-ray photoelectron spectroscopy of calcium and
phosphorus implanted titanium (ion dose 1.8 × 1017/cm2 and 9 × 1016/cm2 respectively) was conducted
to analyze the resulting chemical composition of the implant surface. It was shown that under
hydrothermal oxidation a three-step chemical reaction takes place with (1) oxidation of phosphorus
ions to P2O5, (2) hydrolysis resulting in Ca2+, PO4

3− und H+, followed by (3) the appearance of
needle-like crystallites of calcium phosphates such as hydroxyapatite on the implant surface [16].

The influence of calcium and phosphorus ion implantation on osteogenesis has been thoroughly
investigated in vitro by Nayab et al. [28–31] and Krupa et al. [14,26,27]. Nayab et al. seeded radioisotopically
tagged alveolar bone cells on calcium-implanted titanium and found that, although cell adhesion
was reduced on the calcium ion-implanted surface, cell spreading and subsequent cell growth of the
alveolar bone cells was significantly enhanced [28]. This effect seemed to be dependent on the ion
dose: in implants with a high calcium ion dose (1 × 1017/cm2), the adhesion of MG-63-cells, though
initially reduced, was substantially increased in time, and cell spreading was significantly enhanced.
In contrast, no marked differences were observed with regard to the adhesion and spreading of
MG-63-cells on titanium implanted with low (1 × 1015/cm2) or medium (1 × 1016/cm2) ion doses [29].
Gene expression analysis showed the up-regulation of key proteins of osteogenesis such as bone
sialoprotein, bone morphogenetic protein receptor-1B and osteopontin in MG-63 cells [30] as well
as increased markers of proliferation [31] on calcium-implanted titanium (ion dose 1 × 1017/cm2).
Krupa et al. seeded human mesenchymal stem cells on titanium implanted with calcium ions (ion
dose 1 × 1017/cm2) [26], phosphorus ions (ion dose 1 × 1017/cm2) [27] and calcium/phosphorus ions
combined (ion dose 1 × 1017/cm2) [14]. In contrast to Nayab et al., they found no positive effects of
calcium and/or phosphorus ion implantation on osteogenesis; there was no difference with regard to
the vitality of mesenchymal stem cells and the expression of alkaline phosphatase when compared
to the control group [14,26,27]. These findings agree with our study, which did not show significant
positive effects of either calcium or phosphorus ion implantation on osseointegration.

The effects of ion implantation on osseointegration has only been studied in vivo with
calcium-implanted titanium to date. Hanawa et al. investigated bone formation in rats around
a titanium implant which had been implanted with calcium ions (ion dose 1 × 1017/cm2) on one side
only; tetracycline and calcein were used as hard-tissue labels. They found more bone formation on the
calcium-implanted side of the implant compared to the other side after 2 and 8 days; 18 weeks after
surgery, no difference between both sides could be seen [32]. Jinno et al. performed THA in dogs with
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Ti6Al4V implants with and without calcium ion implantation; doxycycline and fluorescein were used
as labels to investigate new bone formation. Histomorphometric analysis showed significantly greater
new bone apposition in calcium-implanted stems compared to the control group; 6 and 12 months
after implantation no significant difference could be seen between both groups [33]. Cheng et al.
inserted cylindrical titanium implants with and without calcium ion implantation into the femur of rats.
After 4, 8, and 12 weeks they found significant advantages of calcium-implanted titanium implants on
histomorphometric analysis, computer tomographic assessment of the implant bed, and analysis of
new bone formation, as well as the biomechanical testing of the push-force when compared to the
control group [34]. The findings of these three in vivo studies did not concur with our study, in which
no positive effects of calcium ion implantation on osseointegration could be observed. Possibly, the ion
density used in our study (1 × 1016/cm2) was too low, or the ion implantation energy too high (30 keV)
to reach enough ion deposition close to the implant surface to allow for any noticeable effects on
osseointegration. Furthermore, the properties of the implant surface of the studies mentioned above
were not identical when compared to our study, as in some cases polished implants [32] and/or pure
titanium implants [32,34] were used. Additionally, the casting process itself may have influenced the
metallurgic properties of the implant surface, and thus the depth of ion implantation. As we did not
expect a relevant release of implanted ions, serum calcium or phosphorus levels were not determined.
This might be included in future studies on the effects of different dosages of ion implantation.

5. Conclusions

In this study, we found no indication of inferiority of Ti6Al4V implants cast with the optimized
centrifugal precision-casting technique of the second generation compared to standard Ti6Al4V
implants. As the employed manufacturing process holds considerable economic potential, mainly
due to a significantly decreased material demand per implant by casting near net-shape instead
of milling away most of the starting ingot, its application in manufacturing uncemented implants
seems promising.

However, no significant advantages of calcium or phosphorus ion implantation could be observed
in this study with the doses applied. Due to the promising results of ion implantation in previous
in vivo studies and its positive effect on the mechanical properties of titanium implants, further in vivo
studies with different ion implantation conditions (regarding ion density and implantation energy)
should be considered.
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Abstract: Model-based Roentgen stereophotogrammetric analysis (RSA) using elementary geometrical
shape (EGS) models allows migration measurement of implants without the necessity of additional
attached implant markers. The aims of this study were: (i) to assess the possibility of measuring
potential head–taper movement in THA in vivo using model-based RSA and (ii) to prove the validity
of measured head–taper migration data in vitro and in vivo. From a previous RSA study with a
10 years follow-up, retrospectively for n = 45 patients head–taper migration was calculated as the
relative migration between femoral ball head and taper of the femoral stem using model-based
RSA. A head–taper migration of 0.026 mm/year can be detected with available RSA technology.
In vitro validation showed a total migration of 268 ± 11 μm along the taper axis in a similar range to
what has been reported using the RSA method. In vivo, a proof for interchangeable applicability of
model-based RSA (EGS) and standard marker-based RSA methods was indicated by a significant
deviation within the migration result after 12-month follow-up for all translation measurements,
which was significantly correlated to the measured head–taper migration (r from 0.40 to 0.67; p < 0.05).
The results identified that model-based RSA (EGS) could be used to detect head–taper migration
in vivo and the measured movement could be validated in vitro and in vivo as well. Those findings
supported the possibility of applying RSA for helping evaluate the head–taper corrosion related
failure (trunnionosis).

Keywords: Roentgen stereophotogrammetric analysis; hip arthroplasty; elementary geometrical
shape model; interchangeability; head–taper junction; migration

1. Introduction

Modern total hip arthroplasty (THA), referred as the “surgery of the century”, shows survival
rates of >95% after 10 years and of >80% after 25 years [1]. One of the top five clinical challenges within
THA is aseptic loosening [2], which presents not only a question of wear [2]. However, implant-to-bone
movements, termed as migration, are considered as one the most important mechanical factors for
aseptic loosening [3]. Marker-based Roentgen stereophotogrammetric analysis (RSA) presents the
common gold standard to detect in vivo implant migration [4] (Figure 1A). However, additional implant
marking could be associated with increased production/recertification costs for implant manufacturer
as well as with an increased risk of cement cracking [5]. To overcome these disadvantages of standard
marker-based RSA, a model-based RSA method was introduced, using 3D surface models of the
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implant to match models projection contour on the implant contour with radiographic RSA image
pairs to calculate the 3D position of the implant [5]. Sourcing of the required surface models can be
achieved by reverse engineering (RE) or by computer aided design (CAD) method. Interchangeability
of model-based RSA approach using CAD/RE models to standard marker-based RSA could be
verified [5–7]. Model-based RSA using elementary geometrical shape (EGS) models is a further
RSA approach to measure migration of THA components [8]. The EGS approach using spheres and
cylinders or hemispheres, to represent femoral head or stem (Figure 1B) or acetabular cup component,
respectively. Bone markers are still required.

Figure 1. Same pair of Roentgen stereophotogrammetric analysis (RSA) radiographs analyzed by the
both RSA approaches (A) marker-based and (B) model-based RSA (EGS). Bone markers are represent
as green circles within the left and right X-ray of RSA image pair as well as green dots in their resulting
3D position (x, y, z coordinate) within the RSA analysis scene. Additional attached implant markers for
marker-based RSA approach are illustrated as yellow circles and dots, respectively. The EGS model for
model-based RSA approach is represented as red contours at the ball head, with the both X-rays and as
red cylinder, sphere with the RSA analysis scene.

In addition to articular wear, many clinical studies have indicated corrosion between the femoral
ball head component and the stem-taper as one of the sources of THA failure [9–12]. This phenomenon
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is also called trunnionosis, which is defined as the wear and corrosion that occurs at the junction
of the modular head–taper or neck-stem initialized by micromotion [13]. There are local corrosive
processes, but also mechanically induced processes taking place at that interface over the lifetime of
the implant. A subsequent head–taper migration respective to the seating of the ball head on the male
stem-taper is multifactorial, including the implant design (e.g., technical specification of male/female
tapers), the surgical technique (e.g., impaction force) or patient-related factors (e.g.,/ body mass index,
activity) [14]. In addition, the geometry and topography of both taper parts, the female ball head
and the male stem-taper, determine the local effects. In that context, it is important to know that
even though many tapers are called the same, e.g., a 12/14 standard taper—they are far from being
standardized and vary between manufacturers [15]. The same is true for the topography, which is
mainly characterized for the male stem-taper.

According to previous research, trunnionosis can cause clinical symptoms such as adverse local
tissue reactions (ALTRs), thigh pain and local swelling [16]. Instability and special gait patterns was
also observed in some cases [17]. The overall incidence of trunnionosis of primary THA cases was
reported at approximately 1–3% [18,19]. At present, laboratory investigations of trunnionosis are
limited to the detection of the metal ion in serum and joint capsule. Magnetic Resonance Imaging (MRI)
and ultrasound present good specificity and sensitivity on detecting pseudotumor and ALTRs [20,21].
Severe osteolysis caused by ALTRs can be viewed on plain radiographs. However the plain radiograph
is insufficient for the detection of head–taper micromotions. Sultan et al. [14] stated that the true
incidence rate of trunnionosis was underestimated as the release of metal debris can also cause
osteolysis and aseptic loosening.

To the authors’ knowledge, no clinical measurement tools commonly exists to measure or monitor
the possibility of head–taper migration in vivo. Model-based RSA or a combination with standard
marker-based RSA offers the opportunity to measure a possible motion within the head–taper junction.
However, this option is limited in application to hard-soft bearings only, while visibility of the ball
head’s contour is necessary within the RSA radiographic pairs.

Therefore, the purpose of this study is (i) to assess the feasibility to detect a possible head–taper
movement in THA in vivo using model-based RSA and (ii) to prove the validity of measured migration
data. The authors hypothesize thus a measurement of head–taper migration (if available within the
given clinical records) for hard-soft bearings is possible and thus the measured migration is valid.

2. Materials and Methods

Data presented was taken out of a previous RSA study [22] initiated in 1999 (ethical registration
number: 1.077). It offers the opportunity to study long-term implant migration as well as to measure it
by the both marker-based and model-based RSA (EGS) method, respectively.

2.1. Patient Cohort—Inclusion Criteria

All patients who were included had received a cemented femoral stem (Lubinus SP II, Waldemar
Link GmbH, Hamburg, Germany) with the three visible additional attached tantalum markers and a
cemented polyethylene acetabular cup (LINK® IP Acetabular Cup, Waldemar Link GmbH, Hamburg,
Germany) component. Each femoral stem has a caput–collum–diaphyseal angle of 126 degrees and is
combined with a ceramic ball head (BIOLOX®forte, Ceram Tec GmbH, Plochingen, Germany) diameter
of 28 mm. Three different sizes of head–neck length were used (S, M and L size, Tables A1 and A2). In
summary, n = 45 cases could be analyzed. To the authors’ knowledge, the full weight bearing of the
THA treated hip was first allowed within the rehabilitation period.

2.2. Image Acqusition and Analysis

All patients underwent the first reference RSA examination during the first postoperative week
and received follow-up RSA examinations at 1.5 months, 3 months, 6 months, 1 year, 2 years, 5 years,
and 10 years. In all RSA follow-ups, the same equipment and parameters were used. Patients were
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positioned in the supine position on the X-ray table. The X-ray table is placed within the uniplanar
RSA setup. The RSA setup consists of two X-ray sources, focused at the patient hip with an intersection
angle of 40 degrees directly above the patient. Underneath the X-ray table, a calibration box (Umeå 43,
RSA BioMedical Innovations AB, Umeå, Sweden) was placed, with both of the X-ray films in the lower
level of the calibration box. The X-ray film-focus distance was 140 cm.

All resulting RSA image pairs were analysed using model-based RSA method (MBRSA 4.1, RSA
Core, Leiden, The Netherlands). Migration was calculated based on a reference point, which is usually
represented by the center of gravity of the rigid body. For image analysis, the RSA standard thresholds
(calibration errors translation ≤ 0.05 mm, focus error ≤ 0.5 mm; condition number ≤ 100; rigid-body
error ≤ 0.35 mm) were applied to verify the quality of the image calibration procedure [23,24].

Migration results were represented with respect to a global coordinate system defined by the
calibration box: translation along the medial–lateral (x) and cranial–caudal (y) axes constitute in-plane
motion, and translation along the anterior-posterior-axis (z) out-of-plane motion; rotation around the
anterior-posterior axis (Rz) further described in-plane motion, and along the medial–lateral (Rx) and
cranial–caudal axes (Ry), and out-of-plane motion, respectively.

2.3. Head–Taper Migration Measurements

Using a model-based RSA approach (Figure 2) the head–taper migration was calculated between
the rigid body of the femoral stem component (defined by the three additional attached implant
markers) and the ball head (represented as a spherical EGS model). Migration results were calculated
according to the above-mentioned protocol and displayed by using the allocated coordinate system.

Figure 2. Coordinate system based on the long axis of the taper (by fitting a cone model to the contour
of taper) and the three implant markers (yellow circles) to present head–taper migrations. The Y-axis
was set on the long axis of the taper. The X-axis was orthogonal to Y-axis and parallel to a plane across
three implant markers (yellow plane). The Z-axis of the new coordinate system was orthogonal to the
X- and Y-axes.

To take into consideration that the femoral ball head can move mechanically along the long axis
of the taper, a new coordinate system based on the direction of the long axis of the taper and three
implant markers was set up to measure head–taper migration (Figure 2).
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The taper contour was matched with an EGS cone model to find the orientation of its central axis,
which became the Y-axis of this new coordinate system. The X-axis of the new coordinate system was
set orthogonal to Y-axis and parallel to a plane across three implant markers and pointing in a medial
direction. The Z-axis of the new coordinate system was orthogonal to the X- and Y-axes and pointing
in an anterior direction. Then the original head–taper migration results were transformed according
this new coordinate system.

2.4. Experimental Verification of Head–Taper Migration

Based on a previous study analyzing the taper geometry and topography of different
manufacturers [15], n = 5 CoCr sample tapers matched with the taper profile of the manufacturer of the
cemented femoral stems used in the RSA study (Link GmbH, Hamburg, Germany). The geometry of
the sample tapers has been verified by a coordinate measuring machine (Mahr Multisensor/MarVision
MS 222; Mahr, Göttingen, Germany; accuracy: ±2.3 μm) and the topography by a tactile roughness
measurement instrument (Perthometer M2; Mahr, Göttingen, Germany; accuracy: 12 nm). For the
experimental investigation of head–taper migration, ceramic ball heads (BIOLOX®delta, Ceram Tec
GmbH, Plochingen, Germany) of 28 cm diameter and head–neck length M have been used. The
length of the head sample taper assembly has been measured after assembly by hand (0 kN) and after
impaction at two load levels (2 kN and 4 kN) using a servo-hydraulic testing machine (MTS 858 Mini
Bionix II; MTS, Eden Prairie, MN, USA).

2.5. Clinical Verification of Potential in Vivo Head–Taper Migrations—Proving Interchangeable Applicability of
Marker and Model-Based RSA EGS Method

To prove data validity of the in vivo obtained migration results, a test of interchangeable
applicability of measured marker-based and model-based RSA (EGS) is necessary. In summary n = 18
cases from the above mentioned study cohort were identified, for which a complete set of the RSA
follow up examinations were available.

Each pair of RSA radiograph was analyzed three times (one week break for the observer is
predefined and respected) by both marker-based and model-based RSA EGS approach according to a
written protocol. Since both RSA methods calculate their implant-to-bone migration from the same
image data sets, the results need to be identical. However, according applied reference points for
migration detection, special attention has to be paid on (1) reference point correction and (2) EGS
model generation.

If the implant-to-bone migration including rotational motion, which is present within most of
clinical situations, the resulting translational migration results can be variant if different reference
points were used (Figure 3) [6]. To enable the comparison of migration results from marker- and
model-based RSA (EGS) approaches, a reference point correction described by Hurschler et al. [6] was
performed (Mathematica, Wolfram Research, Champaign, IL, USA). The reference point of model-based
RSA (EGS) was corrected to the same position as in marker-based RSA with a subsequent recalculation
of the translational results in all three axes (Figure 3).

In the model-based RSA (EGS) approach, the femoral stem component of a THA design was
displayed by a cylinder and a sphere for the migration measurement (Figure 4A). Three virtual markers
resulting out of the arrangement of both the EGS models. In comparing the marker-based RSA (where
the reference point is calculated from three rigidly fixed tantalum markers on the femoral stem) with the
model-based RSA (EGS) whose reference point could be variable, thus creating head–taper migration
(Figure 4B). Due to the reference point variability (in the model-based RSA (EGS) approach) and
its effect on the migration results: a head–taper migration can induce additional movement to the
migration results.
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Figure 3. Resulting reference points for migration measurement of the same femoral stem design using
(A) model-based RSA (red cross; R-model1) and (B) marker-based RSA (blue cross, R-marker2) approach.
(C) If a stem subsidence with a combined rotation (black arrows) around from the anterior–posterior
direction occurs, each reference point of the marker (blue cross and arrow) and model-based RSA (red
cross and arrow) indicate a different directions of migration (relative to grey crosses). (D) To compare
in vivo migration of the same RSA image pairs, a reference point correction is necessary. To enable
this mentioned comparison of migration results the reference point of model-based RSA (EGS) was
corrected to the reference point of marker-based RSA.

Figure 4. (A) An EGS model of a femoral stem component, consist out of three virtual markers (red
circles). First marker indicates the center of the femoral ball head (P1). Second marker indicates the
lowest point of the tip (P2). Last virtual marker (P3) is defined by the intersection of the horizontal
extension line of point P1 and the perpendicular (vertical) line, resulting out of the point P2 and
longitudinal axis of applied EGS cylinder model (gray cylinder with red contour). This determination
of the femoral stem as rigid body with three virtual markers requires a stable head–taper connection.
(B) Therefore, the three virtual markers are no longer a rigid body if the head center marker (P1 to P5)
and its projection marker (P3 to P4) may migrate relative to the tip marker (P2) during the follow-up
time period, and afterwards introduce a bias in the applied reference point (changing from R1 to R2)
measurement with EGS stem model.

156



Materials 2020, 13, 1543

The two above-mentioned details about reference point behavior, enable the clinical verification
of measured head–taper migration. If a head–taper movement exists, the virtual markers and the
reference point are changed respectively (from P1 to P5 and P3 to P4 as well as R1 to R2; Figure 4)
whilst using model-based RSA approach for migration detection. This indicated a deviating rigid
body representation in comparison to standard marker-based RSA, which use three additional fixed
tantalum markers to represent a monobloc of the femoral stem (Figure 3B). A marker movement cannot
occur, thus a change in the reference point is not possible.

2.6. Statistics

All statistical analyses were carried out by using R (R Foundation, Vienna, Austria). Head–taper
migration was presented by using descriptive statistics. Student’s t-test was performed to evaluate the
significance of head–taper migration over the 10 years follow up period.

All experimental data is given as a mean and a standard deviation for the n = 5 head-stem
samples tested.

To verify measured head–taper migration, interchangeable applicability of marker- and
model-based RSA EGS approaches were analysed in six degrees of freedom using the Bland–Altman
plots [25]. Bland–Altman plots were used as an unscaled method to calculate the mean inter method
difference and limit of agreement (LoA) between the both of the RSA approaches. According to the
literatures [26,27], the upper limit of RSA accuracy (0.5 mm for translation, 1.15 degrees for rotation) was
used as the upper threshold of LoA to determine whether the two RSA methods are interchangeable or
not. A one-sample student’s t-test (significance level = 0.05) was performed to evaluate the significance
of mean difference between two RSA methods. The Pearson correlation coefficient was used to assess a
linear correlation between intermethod difference and head–taper migration [28]. To test the working
hypothesis, a test based on Fisher’s Z transformation [29] was used to establish that the true correlation
coefficient is not equal to 0 with the significance level of 0.05.

3. Results

3.1. Head–Taper Migration

Migration of the femoral ball head is caused by a creeping embedment in the direction of the
taper throughout the follow-up period. The majority of the migration was discovered to occur in the 6-
to 4-month follow-up period (Figure 5B). A translation towards the taper along the longitudinal axis
(y-axis) from 0.028 to 0.115 mm (p < 0.01) was measured. The migration speed slowed down in 24 to
120 month follow-up period.

Additionally a continuous migration perpendicular to the long axis of the taper and in a
medial-posterior direction (x-axis translation: from 0.044 to 0.139 mm, p < 0.01; z-axis translation: from
−0.109 to −0.279 mm, p < 0.05) was also observed in the 6 to 24 month period, and then tended to
stabilize (Figure 5A,C). A mean head–taper migration of 0.026 mm per year, over the 10-year follow-up
period was identified.

A subgroup analysis using head–neck length, indicated a similar migration pattern for all three
groups. The L size group showed a trend of greater migration along medial-lateral (x-axis) direction
and in the anterior-posterior direction (z-axis) than the other head–neck length groups (Figure 6).
However, results of the student’s t-test showed that it was insufficient to demonstrate a significant
difference between any two groups.
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Figure 5. Head–taper migration depicted as mean ± SD (black line) for a ten-year follow-up time period
along (A) medial-lateral direction perpendicular to the taper (x-axis translation), (B) cranial–caudal
direction along the taper longitudinal axis (y-axis translation) and (C) anterior–posterior direction
perpendicular to the taper (z-axis translation). Blue lines indicate each individual data set. Gray
background indicate out-of-plane measurement.
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Figure 6. Head–taper migration depicted as mean ± SD for a ten-year follow-up time period along
(A) medio-lateral direction perpendicular to the taper (x-axis translation), (B) cranio–caudal direction
along the taper longitudinal axis (y-axis translation) and (C) anterior–posterior direction perpendicular
to the taper (z-axis translation), grouped by head–neck length: small (green line), medium (red line)
and large (blue line). Gray background indicate out-of-plane measurement.
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3.2. Experimental Verification of the Measured in Vivo Head–taper Movement

Male taper geometry and topography have been shown to be comparable to what has been
reported in the literature for the femoral stem investigated in this study (Table 1) [15]. As expected,
migration has been shown to be largest after initial impaction at 2 kN (162 ± 6 μm) and smaller after
subsequent impaction at 4 kN (106 ± 10 μm) (Table 2). In total, a head–taper migration of 268 ± 11 μm
was measured during the experimental investigation.

Table 1. Stem-taper geometry and topography.

Parameter Value

Taper angle 5.611 ± 0.004 deg
Ra 3.58 ± 0.06 μm
Rz 14.26 ± 0.29 μm

RSm 122.93 ± 0.20 μm
Rp 7.50 ± 0.19 μm
Rk 13.90 ± 0.34 μm

Table 2. Migration along the taper axis.

Head–Taper Junction 0 > 2 kN 2 > 4 kN Total

#1 160 μm 105 μm 265 μm
#2 155 μm 95 μm 250 μm
#3 160 μm 125 μm 285 μm
#4 173 μm 100 μm 273 μm
#5 160 μm 105 μm 265 μm

3.3. Clincial Verification—Proof Interchangeability between Marker-Based RSA and Model-based RSA (EGS)
Migration Results

A discrepancy between the marker and model-based RSA (EGS) approach, especially in
cranial-caudal axis from 12 to 120 months is observable (Figure 7). Mean translation along cranial–caudal
axis measured over all follow-ups (mean value from 3 to 120 months) by model-based RSA (EGS) was
−0.083 mm, which was much greater than that measured by marker-based RSA (−0.021 mm).

Figure 7. Cranial–caudal translation along follow-up time period analyzed by marker-based RSA (blue
solid line), model-based RSA (EGS) (red dotted line) and model-based RSA (EGS) after reference point
correction (green dashed line).
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The LoA between the both RSA methods were acceptable for in-plane migration (Figure A1),
less than 0.04 ± 0.34 mm on translation measurement, and less than 0.02 ± 0.39 degrees on rotation
measurement. For out-of-plane migration (Figure A2) LoA was greater than in-plane measurement.
Especially on rotational measurement around cranial–caudal axis, the LoA between two methods was
−0.47 ± 3.78 degrees, which was much greater than that of other directions (medial-lateral rotation:
−0.01 ± 0.88 degrees, anterior–posterior translation: 0.02 ± 0.53 mm).

After dividing all cases into two groups (3 to 6 months and 12 to 120 months), most of the
measurements showed a similar range of the LoA between the two groups (Figure 8, Figure A3).
Whereas, in all of translational measurements from 12 to 120 months, the mean difference between two
RSA methods was found to have a significant bias from 0 (p < 0.05) (Figure 8B,D,F).
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Figure 8. Bland–Altman plots presenting of the calculated average and difference between marker-based
RSA and model-based RSA (EGS) for translational migration measurements along medial-lateral (ML),
cranial–caudal (C-C) and anterior–posterior direction (AP). Solid line indicates the mean difference
with LoA (dashed line) for (A,C,E) 3 (square) and 6 month follow up (circle) as well as for (B,D,F)
12 (triangle), 24 (plus), 60 (cross) and 120 (square with cross) month follow up respectively. Gray
background indicate out-of-plane measurement. Mean difference equal to 0 mm: (A): p < 0.05; (B):
p < 0.05; (C): p = 0.20; (D): p < 0.05; (E): p = 0.60; (F): p < 0.05.

3.4. Correlation between Intermethod Difference and Head–Taper Migration

The intermethod difference and head–taper migration showed a strong linear correlation in all
three axes with r ranging from 0.40 to 0.67 (p ≤ 0.05) and correlated most in the cranial–caudal axis
(r = 0.67, p ≤ 0.01) (Figure 9). Analyses with each follow up points exhibited a strong correlation at
most of the follow-up time points (Table A3).
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Figure 9. Correlation of intermethod difference and head–taper translation along (A) medial-lateral
(B) cranial–caudal and (C): anterior–posterior direction. * p ≤ 0.05. Gray background indicate
out-of-plane measurement.

4. Discussion

Series of clinical complications can be caused by head–taper corrosion, including ALTRs,
pseudotumors and even the unacceptable gross taper failures [30]. Recently, MRI and ultrasound are
regards as best methods for detecting ALTRs and pseudotumors caused by metal debris [20,21]. To
the authors’ knowledge, there is no clinical measurement tool available to monitor the head–taper
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migration in vivo. For hard-soft bearings (MoP and CoP), model-based RSA method or a combination
with the standard marker-based RSA represents an approach that offers this option, and could be a
potential candidate for the evaluation of head–taper migration. Since this method uses rigid-body
kinematics to determine the relative motion between two rigid bodies, an in vivo assessment of the
head (using a spherical model of the ball head) and taper (using an EGS model of the stem component
or additionally attached implant markers) junction would be enabled. However, this application
requires the visibility of the femoral ball head contour within the resulting RSA radiographic pairs.

Head–taper migration could be detected using model-based RSA (EGS) method retrospectively
from the available previous clinical RSA images. Measured migration rates within the first 6 months
were low, while they increased continuously from 6 to 24 months post-op (along the taper: from 0.028
to 0.115 mm; perpendicular to the taper: from 0.118 to 0.312 mm). Migration slowed from 24 to 120
months. Therefore, the hypothesis (i), related to the in vivo assessment of head–taper movement
in THA using model-based RSA approach could be accepted. Benefited from the good accuracy of
RSA technology, it is possible to measure the submillimeter head–taper migration. Even for cases
with stable implants (no case included in this study failed during the 10 years of follow-up period),
model-based RSA (EGS) is able to detect the migration of head–taper junction within the necessity
of additional implant or bone marking. Therefore, the presented results validated the possibility of
RSA technology for head–taper migration measurement and enable a wider applicability. It is hoped
that this will improve the ability to evaluate further couplings within THA next to investigated metal-
ceramic coupling of head–taper stem.

The in vitro as well as an in vivo validation of measured head–taper migration supports the
findings of retrospective analyses. The experimental data shows a migration along the taper axis in a
similar range (up to approximately 250 μm) to what has been measured using the RSA approach. The
discrepancy between the in vitro and in vivo data may be related to different starting references. While
in the RSA group, the head had already been intra-operatively impacted and migration was measured
over time with more and more loading of the patient, the experiments started with a nonimpacted
status (manual assembly) and increased the impaction force without the investigation of any dynamic
loading. However, the findings indicate that the migration measured by the RSA method is in a very
reasonable range.

The clinical validation (in vivo) of measured head–taper migration could be confirmed by proving
interchangeable applicability of model-based RSA (EGS) approach next to standard marker-based
method. In the first 6 months follow up period, the results of individual measured migration by both
RSA methods, supported and demonstrated the interchangeable applicability of two methods (Figure 8,
Figure A3). The results of this study showed that the migration between investigated femoral stem and
applied femoral ball head occurs mostly take part between 6 to 24 months post-operatively, which lead
to the significant difference (p < 0.05) between the two RSA methods on all translational measurements
after 12 months follow up (Figure 8). Before head–taper migration accelerated (between 3 and 6 months
post-operation), the migration measurements with EGS model did not have significant difference
compared to the gold standard marker-based RSA on cranial–caudal and anterior–posterior translation
(p > 0.05). Migration and LoA from 12 to 120 months indicate a different behavior. The results of the
correlation analysis showed that there was a strong correlation between head–taper migration and
intermethod difference (r from 0.40 to 0.67; p < 0.05). As an additional factor, head–taper migration
could introduce a systematic error to the migration measurement of hip stem prosthesis when using
EGS model, or the continuous migration between head and taper can be regarded mistakenly as a
continuous instability of the hip stem. If the head–taper migration was extremely large and leads to an
obvious change of the relative marker position, the rigid body error would exceed the threshold of
0.35 mm and make the migration analysis meaningless in this situation. However, if the head–taper
migration was relatively small, its contribution to the measurement error could be negligible. Hence,
the results of EGS stem model need to be treated cautiously only when the head–taper migration was
relatively large but the rigid body error was still within the threshold.
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Based on this hypothesis, (ii) could be accepted. A measurement of head–taper migration for
hard-soft bearings is possible and thus the measured migration is valid. However, the measured
head–taper migration pattern can be different in other implant designs.

The presented results showed a migration along the taper axis with higher values after implantation
and a reduced migration speed over time. This phenomenon can be explained as follows: Insufficient
force applied during the impaction of the femoral head is one of the pathogenesis of head–taper
migration [31]. According to the presented in vitro experiment, after the femoral head has been impacted
with lower force (2 kN), increased force (4 kN) can cause further plastic deformation (seating) on the taper
even under noncorrosive conditions. From this it is speculated that in the early post-operative period,
the head–taper migration was dominated by reasons induced by mechanical/material deformation,
and showed a relatively high speed. In the later period, the corrosion dominated and resulted in a
relatively lower migration. However, exploring the causes of head–taper migration in each specific
period is beyond the scope of this study, and need to be further confirmed by clinical retrieval studies.
In general, high assembly forces generate the safest situation for the head–taper junction, resulting in
the greatest resistance to relative motion over time [32].

In addition to the migration along the longitudinal axis of the taper, the femoral head prosthesis
revealed also migration in other directions perpendicular to the taper. According to previous literature,
the authors believe that this type of migration was caused by the fretting corrosion in-between the
head–taper interface [33]. The periodic pressure during walking is transmitted from femoral head
prosthesis to the stem prosthesis through the taper, resulting in a long-term oscillatory slip at the
head–taper interface. The passive layer of material at the contact surface can be gradually destroyed by
this mechanical action and then corrosion is accelerated [34,35]. This phenomenon can be much worse
in metal-to-metal contact surfaces (e.g., titanium head vs CoCr taper). The released metal debris could
induce ALTRs and aseptic lymphocytic vasculitis associated lesion [36]. The inflammatory response to
the metal debris can also be related to the following bone resorption and aseptic loosening. While
ceramic head prosthesis can slow down the taper corrosion speed and also reduce the released metal
debris [37–40]. Besides the adverse reactions of metal debris, the material loss caused by corrosive and
mechanical abrasion can destroy the force-locking of the head–taper junction, further exacerbating
the wearing-out of taper material. The end phase of this process was gross stem-taper failure [30].
Monitoring of head–taper migration in context of corrosive processes is essential. It may be that
corrosive processes change the location of head-stem-taper, which is generally proximal for a ceramic
head. For a more distal contact over time, the risk of a ceramic head fracture may be increased [41].

Head–neck length is another factor that influences the corrosion speed [42]. A head with
larger head neck length correspondingly has a smaller head–taper contact area, resulting in a stress
concentration and more corrosion at the interface [32,43]. The results of this study showed that the large
head neck length group had slightly more corrosion than the other two groups. However, concerning
the aspect of head–neck length and interface corrosion, there was insufficient evidence to support the
statistical difference. The limiting factor being the small sample size in each group.

5. Conclusions

Overall, RSA is a reliable method for measuring in vivo implant migration. The results of this
study demonstrate that model-based RSA can be used to detect head–taper migration for hard-soft
bearings in THA and could be a potential candidate for the clinical evaluation of trunnionosis. In
addition, future diagnostic studies are essential for further understanding the effect measured by the
RSA method. For patients with high risk factors, more detailed tests should be performed during the
follow-ups to reduce the possibility of misdiagnosis in clinical.

Furthermore, clinical validation of measured head–taper migration could be confirmed,
thus demonstrating the interchangeable applicability of model-based RSA (EGS) to standard
marker-based RSA method. Observed deviation of the measurements between the two RSA methods
from 12 to 120 months postoperatively may be explained by head–taper migration, which may
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confirm the validity of the findings. It has been statistically shown that head–taper migration was
correlated to the deviation between methods. Thus, the results indicate that it is necessary to prove the
head–taper migration during the entire study period using model-based RSA EGS approach, so that
no misinterpretations are drawn from the resulting migration values happens.
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Appendix A

Table A1. Head–taper implant features and case number.

Group S Group M Group L

Head Material Ceramic Ceramic Ceramic
Taper Material CoCrMo CoCrMo CoCrMo
Head Diameter 28 mm 28 mm 28 mm

Head Neck Length S M L
Taper 12/14 12/14 12/14

CCD Angle 126 deg 126 deg 126 deg
Numbers 26 13 6 Sum: 45

Table A2. Case number in each follow up time.

Follow Up
Group

Sum
S M L

1.5 months 18 7 5 30
3 months 21 9 5 35
6 months 22 11 6 39
12 months 23 12 6 41
24 months 21 11 6 38
60 months 11 8 4 23

120 months 7 8 3 18

Table A3. Pearson correlation coefficient of intermethod difference and head–taper translation on each
follow up time. * Denote a significant correlation with a significance level of 0.05.

Medial-Lateral Cranial–Caudal Anterior–Posterior

Follow up [months]

3 0.42 * 0.66 * 0.58 *
6 0.49 * 0.74 * 0.52 *

12 0.39 * 0.68 * 0.60 *
24 0.27 0.55 * 0.45 *
60 0.44 * 0.65 * 0.58 *
120 0.28 0.61 * 0.44 *
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Figure A1. Bland–Altman plots presenting of the calculated average and difference
between marker-based RSA and model-based RSA (EGS) for translational measurements along
(A) Medial–Lateral, (B) Cranial–Caudal and (C) Anterior–Posterior direction. Solid line indicates the
mean difference with LoA (dashed line) for 3 (square), 6 (circle), 12 (triangle), 24 (plus), 60 (cross) and
120 (square with cross) months follow up.
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Figure A2. Bland–Altman plots presenting of the calculated average and difference between
marker-based RSA and model-based RSA (EGS) for rotational measurements along (A) medial–lateral,
(B) cranial–caudal and (C) anterior–posterior direction. Solid line indicates the mean difference with
LoA (dashed line) for 3 (square), 6 (circle), 12 (triangle), 24 (plus), 60 (cross) and 120 (square with cross)
months follow up.
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Figure A3. The difference between marker-based RSA and model-based RSA (EGS) showed by Bland
& Altman plots on three rotational measurements (M-L: medial–lateral, C-C: cranial–caudal, A-P:
anterior–posterior). The results were divided into two groups. (A,C,E): 3 and 6 months; (B,D,F): 12
to 120 months. (Mean difference equal to 0: (A): p < 0.05; (B): p = 0.12; (C): p < 0.05; (D): p < 0.05;
(E): p = 0.17); (F): p = 0.19.
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Abstract: Frequently occurring damage, as well as elevated blood metal ion levels, are reported in
relation to a tumor and revision system for total knee arthroplasty (TKA), which applies a rotating
hinge coupling with a metal-on-metal (MoM) articulation. As the patient collective for this specific
system is small, there is no data on wear generated from the couplings. In this study, wear volume and
influencing parameters were investigated at 44 retrieved TKAs with MoM couplings. A scoring system
rating frequently occurring abrasive wear between 0 (no wear) and 3 (distinct wear) was established.
The wear score was correlated to time in vivo, bone resection length, patient weight and polyethylene
inlay damage. Volumetric wear was estimated applying coordinate measurements. An elevated wear
score of two or higher was found in 43% of cases. The mean wear rate accounted to 7.8 mm3/year.
The main influencing coefficient for the extent of wear is time in vivo. We found a tendency for higher
wear scores with higher inlay degradation scores. Patient weight and bone resection length did not
impact coupling wear. Assessment of wear damage by a semi-quantitative scoring system has proven
to be a reliable option for non-destructive coupling evaluation. The generated wear volume is high.

Keywords: metal wear; retrieval study; metal-on-metal articulation; volumetric wear; megaendoprosthesis;
total knee arthroplasty; bone tumor

1. Introduction

Tumors in the distal femur or the proximal tibia often result in the resection of large bone segments.
To salvage the limb, the bone and knee joint are usually reconstructed by endoprosthesis systems [1,2].
Modern systems are constructed modularly in order to address different resection lengths and to
permit intra-operational flexibility [1]. As together with the bone also soft tissue and ligaments of the
leg are removed, a higher degree of constrain in the knee joint is necessary to ensure stability of the
joint. For that, tumor and revisions systems usually couple the distal femur and proximal tibia with a
hinge or a rotating hinge system. Generally, the outcome of a fully stabilized and hinged prosthesis
is worse than that of a less stabilized knee endoprosthesis [3,4]. Revision rates after five years rise
from 3.5% for minimally stabilized total knee arthroplasty (TKA) to 8.1% for the coupled systems, with
infection being the most common cause [5].
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Aside from infections, mechanical complications like aseptic loosening, structural failure and
instability are common reasons for a revision [2,6]. The high incidence of mechanical complications is
associated with the coupling, as substantial stresses are transmitted via the coupling mechanism [6,7]
and—for the hinged systems—these are further transmitted to the implant–bone interface.

As bone tumors often occur between the second and forth decade of life, the patient collective is
considerably younger than that of general primary total knee replacement, which has a mean age of
69 years [5]. It has been shown that the probability for a second complication increases after a first
complication requiring revision surgery [8]. Bone tumor patients are therefore very likely to have
multiple revision surgeries during the course of their life. Not seldom, the affected limb is sacrificed at
some point in the patient’s life [8,9].

The modular universal tumor and revision system (MUTARS®, Implantcast, Buxtehude,
Germany) is a commonly used endoprosthesis system for tumor patients with good functional
clinical results [7,9,10]. The femoral and tibial components of this system are joined by a rotating
hinge coupling mechanism, sometimes also referred to as bushing. Despite the satisfactory clinical
results of this system, structural complications are reported for up to 30% of the patients [7,9–11]. This
failure mode includes periprosthetic fracture, breakage of a prosthesis part and wear of the bushing,
all requiring a revision operation. The bushing design was changed several times since the introduction
of the system in 1995. The latest design uses a metal-on-metal (MoM) coupling mechanism made of
cobalt–chromium–molybdenum-alloy. Nevertheless, problems occurring with respect to the coupling
mechanism do not seem to be overcome. Bushing wear has still been reported, as well as elevated
blood cobalt and chromium levels related to the MoM coupling [9,12]. Even though exchange of
the bushing itself is a standard procedure not requiring other parts of the system to be replaced, it
affects the patient’s life as an additional surgery. Furthermore, the generated metal particles and ions
are released into the human body, where they can cause adverse biological reactions that, in turn,
can lead to clinical problems such as soft-tissue necrosis, pseudotumors and particle-induced implant
loosening [13–15].

In our in-house retrieval registry, we regularly observed (obvious) coupling failures like bushing
fracture. Apart from that we noticed marks of abrasive wear on retrieved MUTARS® total knee
replacements. As there is no data on wear generated at coupling mechanisms in constrained total knee
arthroplasty, we aimed to answer the following research questions in this retrospective study: (1) Is the
degree of wear at MoM couplings correlated to implant or patient specific factors? (2) How much wear
is actually generated, and can it be quantified?

2. Materials and Methods

2.1. Retrievals

We analyzed 44 retrieved MUTARS® prostheses (Implantcast, Buxtehude, Germany) with a
metal-on-metal coupling. Retrievals are from our in-house retrieval registry, which is approved by
an ethical committee. Implantation of the 44 prostheses was carried out between 1997 and 2018,
with explantation between 2001 and 2018. The mean time in vivo was 31.0 ± 38.7 months (median
17.6 months, range 0.4–172.1 months). The coupling is made of cobalt–chromium–molybdenum-alloy
(CoCrMo, as specified in DIN ISO 5832-4 [16]), and consists of a sleeve, inside which a piston with a
hemispherical head articulates. Among the retrieved couplings we identified four different designs, as
displayed in Figure 1a. In the oldest (design A), the piston is fixed within the tibia plateau by a thread.
All following designs connect the piston by a stuck bolt to the tibia plateau. Design B is characterized
by a bore in the piston stem. Designs C and D are characterized by a bore on top of the hemispherical
piston head instead of the one in the stem. Designs C and D further differ in the dimensions of sleeve
and piston. In the latest design from our cohort, design D, the piston stem and head are thicker, and
the sleeve is shorter as for the designs A, B and C.
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Figure 1. (a) Metal-on-metal (MoM) coupling mechanisms consisting of piston and sleeve. The four
design variations from our cohort are displayed. Design A refers to the oldest modification, while
design D is the most recent. (b) The sleeve after separation of the lid for quantitative wear analysis.
The arrow indicates the articulating counter face, which was investigated by a coordinate measuring
machine (CMM).

2.2. Semi-Quantitative Wear Analysis by Scoring System

Failure modes of these prostheses were classified by the Henderson classification. As wear of the
coupling occurs independently from the actual failure mechanism of the device, and appears to the
naked eye in almost all retrieved samples, we developed a semi-quantitative scoring system to rate
coupling wear. The scoring system is based on the Hood and Goldberg scoring systems, which both
are well established visual methods to assess damage of retrieved implant parts [17,18]. Arnholt et al.
applied a similar scoring system to assess damage of CoCr femoral condyles [19]. As both parts are
prone to wear, we rated them individually. Rating was accomplished on a scale between 0 (no wear)
and 3 (distinct wear), and the criteria for the point assignment and examples are displayed in Table 1.
For the cylindrical sleeve, the external surface was divided into four quadrants, which were rated
individually and subsequently averaged. The piston was divided in two zones, the hemispherical head
and the stem. Both zones were rated individually from 0 to 3, and subsequently averaged. The score
for the whole coupling was determined by averaging the sleeve and piston scores. Scoring was carried
out by two independent investigators in order to verify the assessment of wear by the developed
scoring scale. All data presented refer to the evaluation of investigator 1.

Table 1. Criteria for the determination of the coupling wear score.

Score Sleeve (Each Quadrant) Piston Head Piston Stem

0 No damage No damage No damage
1 Scratches and/or polishing < 10% of the surface Scratches visible Scratches visible
2 Polishing 10–50% of the surface Planar abrasion noticeable Planar abrasion < 10% of the surface

3 Polishing > 50% of the surface Planar abrasion with distinct
edge on the surface Planar abrasion > 10% of the surface

Couplings were ultrasonically cleaned in two steps prior to score determination. In the first
step, cleaning was carried out at 60 ◦C in a detergent-containing solution for one hour. Subsequently,
couplings were immersed in Ethanol for 10 min.

Pre-operative radiographs for metering the bone resection lengths of both the tibia and femur,
respectively, were available from 35 patients. In case of the resection of the distal femur and proximal
tibia, both values were totalized for further analysis.

Damage of polyethylene inlays was assessed on 40 inlays applying a modified Hood score [18].
We rated five damage mechanisms, i.e., delamination, pitting, scratching, burnishing and surface
deformation at a scale between 0 (no damage) and 3 (distinct damage) for seven zones of the inlay,
as shown in Figure 2. Achieved degradation scores were summed up, which results in a maximal
possible score of 105. Determination of the modified Hood score was done by two investigators. The
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mean difference of the degradation score of the PE-inlays between the two investigators referred to
4.78 ± 3.2. The data presented refers to the evaluation of investigator 1.

Figure 2. Polyethylene inlay with typical traces of wear. For the determination of the Hood score, the
inlay was divided into seven zones.

2.3. Quantitative Wear Analysis by Coordinate Measurements

In order to estimate the material loss over the period of implantation, we assessed the geometry
of the articulating surfaces of the coupling mechanism by a coordinate measuring machine (CMM;
MS222, Mahr, Göttingen, Germany). For that, the sleeve and piston were separated by cutting the
welding seam by which the lid was connected to the sleeve (see Figure 1b). Subsequently, the piston
head was cut from the piston stem. The articulating faces of the semispherical piston head and the
opposing counter face (Figure 1b) were scanned point wise in spherical coordinates with angle steps of
4◦ and 6◦ for theta (θ, polar angle) and phi (ϕ, azimuthal angle), respectively, as demonstrated for a cut
off piston head in Figure 3a. Point clouds were further processed by ImagewareTM (UGS Corporation,
Plano, TX, USA). As the original geometry of the measured parts is unknown, we did the analysis
applying a best-case scenario. For this, we considered as much as possible of the spherical cap as
un-worn and reasonable, and derived the referencing surface by fitting a sphere to these areas. Normal
distances between each point and the fitted surface were derived (illustrated in Figure 3b,c) and further
processed to determine the volumetric material loss. The latter was done using Matlab (Version 7.10.0,
The MathWorks, Inc., Natick, MA, USA).

Figure 3. (a) Piston head (cut from the piston stem) with point cloud measured by CMM. (b) Color plot
of linear wear, i.e., normal deviation between measured data and referencing surface. Gray areas refer
to linear wear < 3 μm, which can be considered as unworn. (c) Overlay of linear wear plot and piston
head image illustrates the unworn and most heavily abraded areas, respectively.
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2.4. Statistical Analysis

Correlations of wear score and volumetric material loss, respectively, and time in vivo, bone
resections length, patient weight and inlay degradation score, were assessed by Spearman’s rank
order-correlation. The correlation of derived coupling wear scores from two independent investigators
was assessed by the Pearson correlation coefficient. Differences in mean values ± standard deviation
were tested for statistical significance by student’s t-test on unpaired samples with a level of significance
of p ≤ 0.05. Statistical analyses were carried out applying SPSS software (IBM Corp., Version 22.0.,
Armonk, NY, USA).

3. Results

3.1. Failure Modes of Retrieved Implants

Figure 4 represents the classification of the reasons for revision according to Henderson et al. [6].
52% of the implants were revised because of infection (Henderson type IV). Aseptic loosening
(Henderson type II) caused revision in 27% of the cases. Structural failure (Henderson type III), like
breakage or joint instability due to worn couplings, occurred in 18% of the cases, while 2% were
revised because of soft tissue complications (Henderson type I). No revisions were necessary because
of local recurrences (Henderson type V). We found one case of piston breakage and four cases of sleeve
breakage (see Figure 5a) in our collective. Three out of four explants with broken sleeves were revised
for aseptic loosening. In one case, the piston was bent (see Figure 5b).

Figure 4. Distribution of failure modes according to the Henderson classification in our collective of
44 retrievals.

Figure 5. Damage occurring at couplings: (a) broken coupling sleeve, (b) bent piston with area of
abrasive wear at piston stem (encirculated area, arrow), (c) piston head with zones of planar abrasion,
the arrows mark the created edge between the worn and the unworn zones, (d) piston without noticeable
planar abrasion.
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3.2. Evaluation of Wear by Damage Score

Almost all retrieved MUTARS® coupling mechanisms exhibit abrasive wear to some extent.
The outside of the sleeves shows abrasion in the form of highly polished areas. Wear at the piston
appears in the form of brush marks at the stem and head, as demonstrated in Figure 5. At the heads,
abraded zones can be easily distinguished from unworn areas, as enough material is lost in the
articulating zone to create an edge that separates the worn from the unworn zones at the originally
semispherical surface (Figure 5c). According to the evaluation by damage score, 43% (n = 19) of the
couplings were rated with a score of two or higher; i.e., they showed clear signs of planar abrasion.
The mean wear score was 1.79 ± 0.62. The score increased with time in vivo (see Figure 6), with a
Spearman’s rank-order correlation of rs = 0.65, p < 0.01.

Figure 6. Coupling wear score increases with time in vivo.

We analyzed the correlation between the wear score of the coupling and patient weight, bone
resection length and inlay degradation (scatter plots are displayed in Figure 7). Patient weight or
bone resection length did not correlate with the damage score of the coupling (rs = −0.02, p = 0.9 and
rs = −0.32, p = 0.06, respectively). The coupling wear showed a trend to increase with the degradation
of the polyethylene inlay, as can be seen in Figure 7c; the Spearman’s rank-order correlation coefficient
rs amounted to 0.49 (p < 0.01).

Figure 7. Scatter plots of wear score over (a) patient weight, (b) bone resection length and (c) degradation
score of the polyethylene inlays.
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Assessment of coupling wear by the two investigators showed a high correlation (Pearson r = 0.89).
The mean difference in the coupling wear score of both investigators referred to 0.22 ± 0.19, while the
median difference referred to 0.13, the minimum to 0, and the maximum to 0.75.

3.3. Quantification of Wear by Coordinate Measurements

Quantitative wear analysis of 20 retrievals estimated the volumetric material loss of the articulating
surfaces of the coupling to range from 0.5 mm3 to 30 mm3. The total mean value accounted to
7.9 ± 8.1 mm3. The mean wear rate was 7.8 ± 8.6 mm3/year. Volumetric wear increased with time
in vivo (Figure 8a), with a Spearman’s-rank order correlation of rs = 0.69, p < 0.01. Wear score and
volumetric material loss are correlated, as illustrated in Figure 8b (rs = 0.867, p < 0.01).

Figure 8. (a) Volumetric material loss increases with time in vivo. (b) Relationship between wear score
and volumetric material loss.

Cases retrieved for joint infection showed 3.5 ± 3.2 mm3 of cumulated material loss, while the
material loss of aseptic cases amounted to 13.2 ± 9.2 mm3. This can be attributed to the significantly
shorter in-vivo periods of septic revisions, as shown in Table 2. Wear rates, i.e., volumetric material
loss per time in vivo of both groups, are similar.

Table 2. Total wear volume, time in vivo and wear rates of MoM couplings, subclassified into septic
and aseptic revisions.

Number of Cases
Time in Vivo

(months)
Total Wear Volume

(mm3)
Wear Rate

(mm3/year)

n mean (SD/range) mean (SD/range) mean (SD/range)

Septic revision 11 10.9 (10.1/0.4–33.2) 3.5 (3.2/0.8–10.0) 8.2 (10.7/0.6–39.1)
Aseptic revision 9 34.3 (30.0/1.4–70.2) 13.2 (9.2/0.5–30.0) 6.7 (6.1/0.6–20.6)

p − <0.05 <0.05 0.7
All cases 20 19.4 (18/0.4–70.2) 7.9 (8.1/0.5–30.0) 7.8 (8.6/0.6–39.1)

4. Discussion

The study investigated damage at a MoM rotating hinge mechanism due to abrasive wear with
two different techniques: A semi-quantitative examination by which a coupling wear score is visually
determined, and a CMM-based analysis that estimates actual volumetric wear. Quantitative measures
on wear volume showed a relevant mean wear rate of 7.8 mm3/year. Both applied methods showed a
clear relation between the extent of wear at the coupling and the time of in vivo service.

From Figure 6 it appears that the older designs (A and B) exhibited a better in vivo performance,
because they show the longest periods of implantation, and the inclination of the wear score over
in vivo service time seems to increase in the order of the design A, B, C and D. The shorter in vivo
service time is related to the more recent implantations of the newer designs. Design D is implanted
since 2015, design C was implanted between 2011 and 2014, design B between 2010 and 2012, and
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the retrievals with design A were implanted between 1997 and 2011. The available data, however,
does not allow us to compare the long-term performance of designs B, C and D with the performance
of design A, because there are no retrievals with coupling designs B, C or D that were implanted
for more than 80 months in the investigated retrieval collective. Also, we do not know the number
of well working implants that are currently implanted. A possible explanation for the difference in
inclination could be that the highest wear rate occurs in the beginning of the in-vivo service. However,
the quantitative analysis rather showed a linear relation, while the semi-quantitative correlation could
also be interpreted as a logarithmic relation. We believe that this is mainly related to the fact that the
semi-quantitative evaluation grades the extent of damage in finer steps in the beginning of the abrasive
process. Brush marks at the piston head can be seen and were rated with a score of 1, while the actual
volumetric material loss determined by the CMM evaluation can be still close to zero. As soon as the
abrasive process led to the formation of the distinct edge between worn and unworn areas, the piston
heads were rated with a score of 3, independent from the severity of the created edge.

The semi-quantitative analysis also rates those zones of the coupling that cannot be assessed
by coordinate measurements, such as the outside of the sleeve. Here, abrasion is noticed visually in
the form of areas with a highly polished appearance. Another advantage of the semi-quantitative
wear analysis is its non-destructiveness. Coordinate measurements as quantitative alternative require
dissociation of lid and bushing of the sleeve and of the piston head from stem.

It has been shown in simulator and retrieval studies, that wear and corrosion of metallic parts
does occur, even in conventional, i.e., minimally stabilized, total knee arthroplasty. Considerable levels
of metal ions are released during cyclic wear simulation [20]. Clinically, this leads to elevated metal
ion levels in the patient’s blood [21–23]. In addition, the released metal ions accumulate in tissue
surrounding the joint, and can lead to adverse local tissue reactions like metallosis [19,24]. This in turn
can lead to aseptic loosening, which is always followed by a revision operation. However, quantitative
data on metal wear from total knee arthroplasty is rare. Kretzer et al. report the total release of Co- Cr-
and Mo-ions to be about 2.5 mg after 5 million cycles [20]. The wear rate of 7.8 mm3/year determined
for the MoM couplings would correspond to a metal release into the human body of about 65 mg/year,
which would be at least about 50 times the metal release from the articulating parts. Generally, clinical
problems like adverse reactions to metallic debris (ARMD) or pseudotumor formation related to
wear of CoCr-articulating surfaces are well known from MoM total hip arthroplasty (THA) [15,16,25].
Volumetric wear of retrieved MoM THAs has been examined in several studies. Lord et al. analyzed
22 retrieved cup-head MoM pairs, whereof the majority of patients had been revised for ARMD. The
median of the determined wear rates was 9.4 mm3/year [25]. Glyn-Jones et al. found a significantly
increased mean volumetric wear rate of 3.3 and 2.5 mm3/year for femoral heads and acetabular cups,
respectively, in retrievals revised for pseudotumors compared to a no pseudotumor control group [26].

Grammatopoulos et al. confirmed these findings, which determined the total mean wear rate in
the pseudotumor group to be 5.5 mm3/year, whereas the control group exhibited 0.4 mm3/year [16].
Gascoyne et al. reported a total median rate for metal loss from joint articulation and head-stem taper
of 1.5 mm3/year in a retrieval study on 24 MoM hip replacements of a single design, with 16 of the
24 patients revised for MoM-related reasons, such as adverse reaction to metallic debris (ARMD) or
high blood metal ion levels. The mean wear rate from articulating parts only referred to 4.6 mm3/year
ranging from 0.01 to 66.4 mm3/year [27]. The mean amount of metallic wear of about 7.8 mm3/year
created at MoM couplings in the MUTARS prosthesis is thus in the same order of magnitude than
wear created from MoM hip TEPs that have been revised for metal-related causes. It is very likely
that the debris created in the rotating-hinge system leads to similar metal-related problems, as it has
been reported for failing MoM artificial hip joints. This hypothesis is supported by several studies
that show considerably elevated metal ion levels related to hinged TKA: Laitinen et al. reported
elevated Co- and Cr-ion levels of > 5 ppb in whole-blood samples of 19/22 patients with a MUTARS®

prosthesis applying a MoM coupling. In the control group with a MUTARS® prosthesis using a
metal-on-polyetheretherketone (PEEK) coupling, only 1 of 12 patients showed a similarly elevated
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Co-ion level [12]. Klasan et al. found > 5 ppb Co- and Cr-ions in the blood serum of 16/23 patients
with a MoM hinge knee design [28]. Friesenbichler et al. showed elevated Co- and Cr-ion levels in
serum blood for two hinged TKA systems (different from the MUTARS®-prosthesis), but not for a
standard rotating hinge TKA [29].

A difficulty in the determination of material loss from retrievals is that the original geometry
of the worn parts is unknown. Determining volumetric and linear wear therefore always requires
estimation of the original geometry by a referencing surface or volume. The MUTARS® rotating hinges
are based on a ball joint, so the articulating faces can be represented by a spherical cap. We chose the
referencing spherical face in such a way that as much of the measured articulation area as possible
could be considered unworn, so we analyzed the best possible case for the coupling in terms of wear.
In this way, resulting wear plots usually showed two unworn areas: The unworn, dorsally-oriented
face not in contact with the bushing and the opposing ventrally-oriented face. As the latter actually
is part of the joint articulation, it is very likely that it experienced abrasive wear to some extent, too.
In addition, we determined the quantitative wear volume just from the articulating surfaces. Visually,
we detected abrasion also on other parts of the hinge, such as the piston stem, the lid of the sleeve,
the outside of the sleeve and on the rims of the openings in the sleeve. The calculated wear volumes
therefore represent rather a minimum level of occurring metal abrasion.

In order to estimate how many revisions were caused by worn or broken bushings, we had a
closer look on the reasons for revision: Seven prostheses out of 8 revised for ‘structural failure’ were
explicitly revised for mechanical complications related to the coupling, such as instability due to
bushing wear and material breakage. From the 12 cases that were revised for aseptic loosening, three
cases showed broken coupling sleeves, and in four cases, metallosis was described in the operation
report. Two of the metallosis-annotated cases coincided with the broken coupling sleeves. In the case
of aseptic loosening with a diagnosed metallosis, we attributed implant loosening to the generated
metallic wear. This would sum up to 12 out of 44 revisions (27%), which were probably related to
the wear of the rotating hinge mechanism. In addition, five retrievals exhibited bushing or stem
breakage, which results in a fracture rate of 11% in the investigated retrieval collective. About half of
the investigated retrievals were revised due to an infection, which we did not consider to be related to
metal wear. However, there are studies that suggest that metallic debris might be able to promote joint
infections, as the tissue damaged by metallic wear products is an optimal environment for bacterial
growth [30,31]. It should be noted that after a bone tumor resection at the proximal tibia or distal femur,
which requires knee reconstruction by an endoprosthesis, musculature and soft tissue around the joint
must be removed, and are therefore missing to stabilize the knee. The tumor endoprostheses systems
are therefore subjected to much higher loads than the less stabilized TKA systems. The complications
with the rotating hinge mechanism therefore have their reason at least partially in the underlying
disease. However, an improved coupling design might be able to diminish occurring coupling wear
and damage to some extent.

The study has several limitations. First of all, it is a retrieval study, meaning that we draw our
conclusions only based on explants that clinically failed without any control group. Wear volume
was estimated on the basis of a fitted referencing spherical surface, as the actual geometry of the
measured parts is unknown. In addition, the spherical fit was done on rather small areas of the
measured spherical caps. However, the total wear volume we calculated can be considered a minimum
value, as we analyzed the measured parts under the estimation of a best-case scenario. Evaluation of
coupling wear by damage score instead of quantitative analysis is subjective, and thus to some extent
observer-dependent. Also, it does not scale linearly with the amount of abrasive wear.

5. Conclusions

This study investigated damage on the rotating hinge of a tumor and revision system (MUTARS®)
for total knee replacements. Pronounced wear on the coupling mechanism occurs frequently, and
was assessed by two different methods. Applying a scoring system has proven to be a reliable,

181



Materials 2020, 13, 1519

non-destructive option to rate the degree of wear. It was shown that the extent of damage increases
with time in vivo, but not with patient weight or bone resection length. Volumetric wear was estimated
using coordinate measurements, and revealed high wear rates of about 8 mm3/year.
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Abstract: Due to increasing rates of periprosthetic joint infections (PJI), new approaches are needed
to minimize the infection risk. The first goal of this study was to modify a well-established infection
model to test surface-active antimicrobial systems. The second goal was to evaluate the antimicrobial
activity of a silver multilayer (SML) coating. In vitro tests with SML items showed a >4 Log reduction
in a proliferation assay and a 2.2 Log reduction in an agar immersion test (7 d). In the in vivo
model blank and SML coated K-wires were seeded with ~2 × 104 CFU of a methicillin-sensitive
Staphylococcus epidermidis (MSSE) and inserted into the intramedullary tibial canal of rabbits.
After 7 days, the animals were sacrificed and a clinical, microbiological and histological analysis
was performed. Microbiology showed a 1.6 Log pathogen reduction on the surface of SML items
(p = 0.022) and in loosely attached tissue (p = 0.012). In the SML group 7 of 12 SML items were
completely free of pathogens (cure rate = 58%, p = 0.002), while only 1 of 12 blank items were free of
pathogens (cure rate = 8%, p = 0.110). No silver was detected in the blood or urine of the SML treated
animals and only scarcely in the liver or adjacent lymph nodes. In summary, an in vivo infection
model to test implants with bacterial pre-incubation was established and the antimicrobial activity of
the SML coating was successfully proven.

Keywords: periprosthetic joint infections; infection prophylaxis; Staphylococcus epidermidis; in vivo
osteomyelitis model

1. Introduction

Periprosthetic joints infection (PJI) is a severe complication for patients undergoing a joint
replacement procedure that can lead to a straining month-long treatment process of early implant
revision, multiple re-revisions or even an amputation of the infected limb. While infection rates after
primary implantation are relatively low (0.5% to 2%) [1–3], they increase dramatically in the case of an
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implant revision (>10%) [4,5]. If the implant is revised due to a previous infection, the risk to develop
a subsequent infection is even higher (~26%) [6]. Besides the high risk for the patient, PJI is also a
tremendous economic burden to the healthcare system. Kasch et al. found that in Germany the direct
hospital care costs for the management of a septic revision total knee arthroplasty (TKA) are about
twice as high as for an aseptic failure [7]. Other papers conclude that the costs for a septic revision are
3 to 4 times that of an primary implantation [8,9].

Early (<3 month after surgery) or delayed infections (3–24 month after surgery) are caused by
exogenic pathogens entering the surgical wound during surgery [4]. While there is a controversial
discussion on which pathogens are the most relevant to cause PJI, it is generally agreed that Staphylococci
species are predominant [4,10–14]. The main focus of scientific as well as public interest is given to
Staphylococcus aureus (S. aureus) due to its high virulence and an increased awareness of antibiotic
resistances that renders methicillin resistant Staphylococcus aureus (MRSA) the biggest threat to develop
PJI. Nevertheless, there are various papers and clinical case studies that highlight the importance of
coagulase-negative Staphylococci (Co-NS) e.g., Staphylococcus epidermidis (S. epi) to be the predominant
pathogens causing PJI [4,11–15].

While early infections are mostly caused by very virulent pathogens like S. aureus, Escherichia

Coli or Pseudomonas aeruginosa, delayed infection are caused by less virulent pathogens like Co-NS or
Propionibacterium species [16–19]. Early infections are relatively easy to detect by swelling, increased
temperature or pain. In contrast, delayed infections are mostly clinically unobtrusive, with delayed
and/or nonspecific signs [17,19,20]. If an infection is detected in less than three weeks after implantation,
there is a reasonable chance to treat it with the least invasive treatment option of debridement, antibiotic
treatment and implant retention [17]. In the case of delayed or chronic infections, the implant most
likely has to be revised. This means that delayed infections caused by Co-NS pathogens like a
Staphylococcus epidermidis are even more dangerous and harder to treat than early infections caused by
S. aureus [4,12–14,19,21].

Even though operations are carried out under strict hygiene measures, a perioperative
contamination from the air or the patients skin can occur [22–24]. The immune system is well
capable to address high loads of over 106 pathogens. However, in the presence of a foreign body
material like an implant, as little as 100 pathogens suffices to cause a severe infection [25]. This is
caused by the biofilm formation of pathogens on the artificial surface, which renders the bacteria
practically immune to host immune attacks or antibiotic treatment [22]. Therefore, it is of great interest
to prevent the biofilm formation on the implants surface. To minimize the infection risk, the thorough
implementation of prevention guidelines is essential [26]. In addition to that, technical solutions that
protect the implant surface against bacterial colonization should be developed and transferred into
clinical practice.

Many techniques and antimicrobial systems have been reported in literature, ranging from active
antibiotic release devices to contact killing surfaces [27–31]. Silver is a long known antimicrobial
substance, which is successfully applied in various clinically implemented and currently available
implant systems on the market [32].

The MUTARS® tumor prosthesis is galvanically silver coated (m(Ag) = 0.33–2.89 g) and is widely
used in Europe, Australia and various Asian countries [33,34]. Hardes et al. Donati et al. and Zajonz
et al. reported a successful treatment and a reduced infection rate with the silver coated MUTARS®

prosthesis compared to a standard implant [35–38]. The Agluna® technology dopes a titanium
surfaces with silver ions by an electrochemical process [39]. In a case control study with 170 patients,
Wafa et al. reported lower rates of early PJI when Agluna®-treated tumor implants were used [15].
The PorAg® coating is a dual layer system with a silver base layer (1 μm thick) and a rigid top layer of
TiAg20N (0.1 μm thick) [40]. Scoccianti et al. reported the successful use of PorAg® coated tumor
prosthesis in 33 patients without negative side-effects like argyria [41]. The AgPROTEX® coating is a
Hydroxyapatite/Ag2O system which is applied to metal surfaces by flame spraying (T = 2700 ◦C) [42].
The coating is approved for the use in primary total hip arthroplasty (THA) in Japan [43]. According to
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Eto et al. no adverse reactions were detected in the first clinical application of AgPROTEX® coated
primary THA implants (m(Ag) = 1.9 to 2.9 mg) with 20 patients [44]. However, all these silver-based
systems are only suitable for metal implants and cannot be applied to polymer surfaces. This leaves
the Polyethylene (PE) liner unprotected, even though it is known that the PE components are most
often affected by PJI and carry the highest bacterial load [45].

The silver multilayer coating (SML) (HyProtectTM, Bio-Gate, Nuernberg, Germany) can be applied
to both metal and polymer components. Silver clusters are embedded in a polysiloxane (SiOxCy) matrix
and act as a reservoir for the release of silver ions that are anti-microbially active on the coating surface.
Therefore, elementary silver itself is not in direct contact with the surrounding bone or tissue. Due to
its ultra-thin layer (~90 nm), SML maintains the porosity of nano-structured/porous surfaces intact and
does not seal them, which is important for osseointegration. The combination of osteoconductive and
osteoinductive biomaterials like calcium phosphate, hydroxyapatite, bisphosphonate and silicates in
combination with nanoscale therapeutics like BMP-2 have also shown to support bone regeneration,
which proves beneficial for secondary implant stability [46,47].

A paper by Khalilpour et al. reported on various successful tests of the SML coating like the
in vitro antimicrobial activity, no cytotoxicity according to ISO 10993-5 and ex vivo antimicrobial
activity [48]. In a recent case study, the SML coating was used in a successful knee arthrodesis after
recurrent periprosthetic knee infection, and silver levels in the drainage fluid and blood were evaluated.
Silver blood concentrations after 48 h remained under the detection limit of 2 ppb, whereas the silver
concentrations in the wound drainage fluid reached 170 and 57 ppb 24 and 48 h post-operatively,
respectively [49].

In most established in vivo osteomyelitis models, an implant is placed in the tibia medullary
canal, and a bacteria suspension is injected afterwards [27,28,42,50–52]. This leads to a localized high
concentration of pathogens with no uniform distribution along the tibia canal. In case of drug release
systems, this is of minor importance as the released drug is able to target present pathogens in a
larger vicinity of the implant. In contrast, surface-active coatings are unable to target these pathogens,
which can subsequently grow in the more distant tissues. Once an infection is established, high
numbers of pathogens are released into the surrounding tissues, which leads to an overpowering of
the surface-active system, and therefore, no antimicrobial activity can be proven with such models.

The objective of this study was (i) to establish a suitable in vivo osteomyelitis model in rabbits and
(ii) to evaluate the antimicrobial activity of a silver multilayer coating (SML) under realistic pre-clinical
conditions. We hypothesized that the SML coating can significantly reduce the CFU count on the
K-wire surface at explantation by a minimum of 1 Log reduction compared to the initial CFU count.

2. Materials and Methods

2.1. Implant Items

Gamma-sterilized pure titanium K-wires with a diameter of 2.0 mm (MEDE Technik GmbH,
Emmingen-Liptingen, Germany) and a length of 150 mm were used for the study. To provide an
inert surface, all K-wires were coated with the Advanced Surface® ceramic multilayer coating (AS®,
Aesculap AG, Tuttlingen, Germany) over a length of ~140 mm. [53,54] The test items were coated with
the SML coating by Bio-Gate AG (Nuremberg, Germany) (Figure 1).
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Figure 1. (a) Test item: SML-coated AS®/titanium K-wire, (a’) shows the two coatings in magnification.
SML = bronze, AS® = golden. (b) Blank item: AS®-coated titanium K-wire, (b’) shows the AS® coating
in magnification. The silver color at the blunt end of each K-wire shows the uncoated titanium surface.

SML Coating

Test items were coated with the SML coating in a three-step process. In a first step, a SiOxCy base
layer was deposited on the respective surface by chemical vapor deposition (CVD). In a second step,
silver clusters (~2.7 μg/cm2) were deposited on the base layer by physical vapor deposition (PVD),
and in a third step covered with a SiOxCy top layer. This resulted in a coating with a thickness of
~90 nm. The coated items were packed individually, and gamma sterilized (BBF Sterilisationsservice
GmbH, Kernen-Rommelshausen, Germany). Previous publications give more detail on the SML
coating [48,49].

Every SML coating batch was characterized after production by various test methods on planar
surface aluminum coated PET foil (dummy items). The chemical structure of the SML coating was
analyzed by FTIR spectrometry (Tensor 27; Bruker Optik GmbH, Ettlingen, Germany). The silver
content was determined by inductive coupled plasma-optical emission spectroscopy (ICP-OES)
according to EN ISO 11885 (Seibersdorf Labor GmbH, Seibersdorf, Austria). The coating thickness was
measured by spectral ellipsometry (IFAM Fraunhofer Institut, Bremen, Germany). Each of these tests
were performed in triplicate on non-sterilized dummy items. Additionally, titanium test plates were
coated simultaneously and analyzed according to ISO 10993-5 to prove non-cytotoxic behavior.

2.2. In Vitro Antimicrobial Activity

Prior to the in vivo tests various in vitro tests were performed to re-verify the antimicrobial activity
of the SML coating on surfaces relevant to orthopedic implants.

2.2.1. QualiScreen® Tests

The in vitro antimicrobial activity of blank and test items was evaluated using a proliferation
assay described previously [55,56]. In brief, four replicates of SML coated test items and 4 blank items
were incubated in 10% human plasma for 1 h and subsequently washed in 1 × phosphate buffered
saline (PBS) for 10 min. Afterwards, the items were incubated in a cell suspension of 5 × 106 culture
forming units (CFU)/mL MSSE (RKI 10-00621) at 37 ◦C for 1 h to allow bacterial cells to adhere to the
item surface. Loosely attached bacteria were then removed by rinsing. Subsequently, the remaining
cells were incubated for 18 h at 37 ◦C (challenge time). After removal of the test items, 50 μL of tryptic
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soy broth (TPS) was added to each well. The bacterial growth of the remaining daughter cells was
monitored with a microplate reader over a period of 48 h.

2.2.2. Agar Immersion Test

To mimic the in vivo situation, we subsequently tested the antimicrobial activity in an agar
immersion test. SML coated items and blank items (AS® coated titanium) were incubated with MSSE
(RKI 10-00621) as described in Section 2.3. The seeded K-wires were immersed in a pre-prepared
agar slurry (1% Agar and 0.1% TSB) and incubated for 24 and 72 h as well as 7 days. Afterwards,
the K-wires were sonicated (3 min) and vortexed (30 s) in PBS to detach adherent bacteria from the
item surface. The number of colonies was determined by agar plate count. Each measurement was
performed in triplicate.

2.3. In Vivo Study Design

To determine the antimicrobial activity of the SML an existing in vivo model published by Alt et al.
was adapted and an MSSE was used as contaminant [28]. The modification of this model consisted
of the us of pre-incubated implants with bacteria in order to assess the effect of the silver coating
on the implant surface compared to the inoculation of bacteria into the intramedullary canal after
implantation of the K-wire in the referenced model. SML coated and blank K-wires were used as
implants. Both implants were loaded with MSSE before implantation (see below). The studies were
approved by the German regional authority of Brandenburg (2347-A-4-10-2014) in compliance with
the EU principles for animal care.

2.3.1. Pilot Studies

In order to establish and validate the in vivo model, two pilot studies with 6 SPF New Zealand
White Rabbits (Envigo, 5800 Venray, The Netherlands) each with a body weight from 3.6 to 4.0 kg where
performed. Three animals were treated with a blank K-wire and three animals with an SML coated
K-wire. The operation procedure, microbial contamination and subsequent analysis were identical
with the one of the main study described below. The silver analysis in organs, blood and urine was
only performed in the main study.

2.3.2. Main Study

The study included 27 SPF New Zealand White Rabbits (Envigo, 5800 Venray, The Netherlands)
with a body weight from 3.7 to 4.4 kg. As the SML is only surface-active and has no widespread
release of antimicrobial substance, we seeded the implants directly with pathogens, instead of injecting
bacteria inoculum into the tibia canal. With this approach, we were able to guarantee a contact of
pathogens with SML and simultaneously avoid an uncontrolled distribution of bacteria in the tibia
canal, which might lead to false negative results.

The K-wires were contaminated in vitro with ~2 × 104 colony-forming units (CFUs) of MSSE
RKI 10-00621 and implanted into the intramedullary canal of the tibia in the rabbit. The method to
determine the bacterial load on the K-wire surface is described in Section 2.4.2.

The test group of twelve animals received a SML coated K-wire (test item), while the control
group received blank K-wires (blank item). Both were contaminated with identical loads of
bacteria. The remaining three animals were implanted with test items without any microbial load.
These three animals served as control to differentiate between implantation process-related and bacterial
contamination-related lesions in the histological examination.
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2.4. Bacteria

2.4.1. Bacterial Strains

MSSE RKI 10-00621 was used as a contaminant in this study. RKI 10-00621 is a clinical isolate from
a patient with PJI. It was obtained from the national reference center for Staphylococci and Enterococci
of the Robert Koch Institute (RKI) in Wernigerode, Germany.

2.4.2. Bacteria Cultivation and Pre-Incubation of Implants

The bacterium was grown in 20% Tryptic soy broth (TSB) for 4 h at 37 ◦C. Prior to implantation,
two SML K-wires (per test tube) were contaminated in a test tube over a length of 9 cm by incubation
in a bacterial solution of ~1 × 106 CFU/mL for 30 to 60 min under dynamic conditions. In pretests,
it was proven that the bacterial load level on the item surface can be preserved for this time period.
The bacteria were freshly prepared and in logarithmic phase for the controlled contamination of the
implant. No biofilm was present at the time of surgery. Subsequently to incubation, non-adherent
bacteria were removed by rinsing the test item in PBS for 10 min. One K-wire was implanted into the
tibia canal, and the other K-wire was used to determine the pathogen load on the surface at the time of
implantation. The pathogens were removed by sonication and vortexing, and the bacterial count was
determined by agar plate count.

2.5. Surgery

Intramuscular anesthesia was performed using ketamine (40 mg kg−1 body weight) and
xylazine (6 mg kg−1 body weight). Perioperative analgesia was applied subcutaneously (Butorphanol,
0.5 mg kg−1 body weight).

Surgery was carried out under aseptic conditions according to the model published by Alt et al.
and no systemic antibiotics were given [28]. The left hind leg was shaven, fixated, disinfected and
draped in sterile covering. The tibia was approached via an infrapatellar skin incision and subsequent
preparation of Ligamentum patellae and Tuberositas tibiae. The Tuberositas tibiae was sharply
penetrated and the medullary channel opened with a 2.0 mm K-wire. A template K-wire was inserted
along the medial cortical bone until the proximal part of Malleolus medialis for channel preparation.
After removal of the template, one implant per animal was applied. The implant was inserted into the
prefabricated channel at a length of approx. 10 cm and fixated in the proximal part of the Malleolus
medialis. The K-wires were contaminated over a length of 9 cm to make sure that no pathogens enter
the knee joint. Table 1 lists the group arrangement. Group 1 (test item) and Group 2 (blank item)
were seeded with 2 × 104 CFU MSSE. Group 3 (test item) served as a negative control for histology to
determine the lesions induced by the implantation process. The protruding part of the implant was
removed, and the implant site was rinsed with Octenisept® and NaCl 0.9%. Afterwards the wound
was closed, and post-operative X-ray control was performed (Figure 2).

Table 1. Main study-group setup.

Group Implant Contamination Animals
Time of Implantation

Post Operation

1 Test item (SML item)
K-wire (Titanium/AS®) + SML

2 × 104 CFU
MSSE

RKI 10-00621
12 7 days

2 Blank item
K-wire (Titanium/AS®)

2 × 104 CFU
MSSE

RKI 10-00621
12 7 days

3
Negative control:

Test item (SML item)
K-wire (Titanium/AS®) + SML

Without
contamination 3 7 days
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Figure 2. (a) Image of SML coated K-wire implanted in intramedullary canal, (b) Post-operative X-ray
image of the rabbit tibia with the K-wire placement.

After 7 days post operation, the animals were put under general anesthesia (ketamine
40 mg kg−1 body weight, xylazine 6 mg kg−1 body weight) prior to euthanasia (T61 intravenously).
The implantation site and the surrounding tissue were examined macroscopically, and samples
were harvested. For microbiological examination, the implant and bone marrow were collected.
The proximal tibia was transversally cut open for implant removal. Bone marrow was extracted from
the central tibial bone using sterile instruments. It was manually mixed and halved for microbiological
analysis and silver level measurements. For histological evaluation, the tibial bone was segmented
into three parts by two transversal cuts. The proximal cut was set distally to the Tuberositas tibiae, and
the distal cut was placed proximal to the Malleoli (Figure S1). Both proximal and distal segments were
immersed in neutral buffered formalin for subsequent histopathological examination.

2.6. Sample Collection for Silver Measurement

For pharmacokinetic examinations, samples of whole blood and urine were collected from groups
1 and 2 at defined time points. Samples for determination of zero levels were gathered 7 days
prior to surgery at maximum. Subsequently, samples were taken on days 1 and 7 post operation.
Approximately 1.5 mL whole blood was taken using a lithium-heparin-tube. Urine samples were
harvested as 24-h-samples prior to surgery and on day 1 post operation, whereas on day 7 post
operation, urine was favorable collected as punctate. For extended determination of silver levels, situs
associated lymph nodes (Lnn. poplitei and Lnn. inguinales), and liver were collected.

2.7. Evaluation Methods

2.7.1. Clinical Assessment for Infection

Before harvesting of the bone, the knee joint and the surrounding of the implantation site were
evaluated for clinical signs of inflammation or swelling. Therefore, areas surrounding the insertion site
being directly net to the knee joint, adjacent soft tissue as well as the external structure of the tibia were
examined regarding swelling, edema, excessive fluids and pus.

After implant removal and transversal opening of the tibia, the bone marrow was assessed for
signs of infection. The quality of the bone marrow was defined as follows. Physiological quality:
grey-white–pinkish–light red coloration, not washed-out, no watery phase, formed structure.
Inflamed quality: reddish–red–bright red–dark red coloration, washed-out, with aqueous phase
and unformed structure. In case of multiple findings, the most severe grade was taken into account for
evaluation. In order to standardize qualitative description, macroscopic evaluation was performed in
a blinded manner by the same investigator in all cases.
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2.7.2. Microbiological Assessment for Infection

At explantation, it was noted that varying amounts of bone marrow or tissue adhered to the
K-wires. To avoid a distortion of the CFU count, the implants were gently rinsed in phosphate buffered
saline (PBS) to remove the attached tissue (rinsing solution = “rinsing sol.”) Subsequently the K-wires
were sonicated (3 min) and vortexed (30 s) in PBS to detach adherent bacteria from the item surface
(“K-wire”). The bone marrow was collected as described in Section 2.5 and was sonicated in PBS to
harvest containing pathogens. Bacterial contamination in the bone marrow was standardized to 1 g
(“BMstd”). The three bacterial suspensions (K-wire, rinsing sol., BMstd) were diluted (1:1, 1:10), plated
out on agar plates (1000 μL) and incubated over night at 37 ◦C. The number of colonies was determined
by visual agar plate count.

2.7.3. Histological Evaluation

Tibia parts (proximal + distal) for histological examination were fixed in 4% phosphate-buffered
formaldehyde solution for 72 h. The formalin-fixed bones were cut with a band saw sagittally,
para-sagittally and longitudinally into a total of five ~3 mm slabs, according to Figure S1, 1 transverse
slab and 2 longitudinal slabs for the proximal segment and 2 longitudinal slabs for the distal segment.
The slabs were then demineralized for 1 to max 2 weeks in a solution containing formic acid (5% formic
acid in distilled water) and dehydrated and embedded in paraffin. Formalin-fixed paraffin-embedded
tissues were cut into 3 μm thick tissue sections and stained with haematoxylin and eosin (HE) or
Gram stain according to a method derived from Brown and Brenn [57]. In order to maximize the
chances to detect bacterial colonies and inflammatory lesions, step sections at least 50 μm apart
were prepared from each block. The presence or absence and if present, an evaluation of the extent
of osteomyelitis and bacterial colonies at the site of the contaminated K-wire insertion was carried
out at the proximal and distal ends of the tibia. A qualitative ordinal scoring approach (ordinal
non-continuous categorical response variables) (usually improperly referred to as “semi-quantitative
scoring”) was used for the histological evaluation following current animal disease model literature
and pharmaceutical development pathological safety/efficacy investigations, as well as Annex E of
DIN EN ISO 10993-6:2014-12 [58,59]. It was based on the presence or absence of a microscopic change,
finding or lesion and a scoring of extent and magnitude using a relative or absolute scale in a 6-category
system: none, minimal, slight (mild), moderate, marked and very marked (severe). No morphological
change quantification with digital section and image analysis was carried out, as most often the change
was no longer present in a majority of sections.

2.7.4. Silver Levels

For silver level analysis, samples collected according to Section 2.6 were used. The urine samples
were centrifuged, and an aliquot of each sample was diluted and measured with inductively coupled
plasma mass spectrometry (ICP-MS) according to ÖNORM EN ISO 17294-2 [60]. Blood, liver and
lymph nodes were digested in an UV-digestion apparatus by using nitric acid and hydrogen peroxide
and analyzed as described above. The detection limit of the ICP-MS depends on the sample quantity,
which is analyzed. The following detection limits apply: blood (d0, d1, d7) < 6 μg/kg; urine (d0, d1, d7)
< 0.6 μg/kg; liver < 3–6 μg/kg. Due to the varying sample quantity, the detection limit for the lymph
nodes fluctuated considerably.

2.7.5. Statistical Analysis

Statistical analysis was performed with Minitab R 17 (Minitab LLC, PA, USA). Due to a significant
deviation from a normal distribution of the SML group, a Mann–Whitney test was used to evaluate
whether there is a difference between the contamination at the beginning (implantation) and the
end (explantation) of the experiment. This was done for the three respective bacterial suspensions
(K-wire, rinsing sol., BMstd). We also compared the CFU count of SML coated and blank items after
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explantation. A Mann–Whitney test was used to evaluate whether there is a difference between the
bacterial counts in the bacterial suspensions K-wire and rinsing sol. Differences were considered as
significant for p < 0.05.

3. Results

3.1. In Vitro Antimicrobial Activity

Proliferation assay: The SML coated items and blank items were tested against MSSE (RKI
10-00621). The blank items showed a brutto Onset-OD of 10.3 ± 0.8 h, while the SML items showed a
brutto Onset-OD of 21.5 ± 11.0 h. This results in an average netto Onset-OD of 11.2 ± 7.3 h, which
relates to a >4 Log reduction [55,56] (Figure 3).

SMLBlank

35

30

25

20

15

10

5

0

O
n
s
e
t-

O
D

 [
h
] 

b
ru

tt
o

Blank
SML

Figure 3. Results of the proliferation assay. Brutto Onset-OD time and 95% confidence interval for
blank items and SML coated items. The netto Onset-OD of 11.2 h relates to a >4 Log reduction.

Agar immersion test: SML and blank items were challenged with MSSE (RKI 10-00621) and
incubated for 24, 72 and 168 h in agar slurry. At the respective times the SML coated items showed a
CFU reduction of 1.4 ± 0.2, 1.3 ± 0.3 and 2.2 ± 0.2 Log compared to uncoated blank items (Figure 4).

Figure 4. Results of the agar immersion test. Mean CFU count and 95% confidence interval for blank
and SML coated K-wires at time point t = 0 h (t0), t = 24 h (t24), t = 72 h (t72) and t = 168 h (t168).
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3.2. In Vivo Experiments

3.2.1. Clinical Assessment

In general, the established infection model was considered to be mild, as septic arthritis of the
knee joint was not detected by clinical observation in any case (Figure 5a,b). In 4 of 12 animals of the
SML group signs of osteomyelitis were found in the bone marrow. This was marked by an increased
red and/or washed-out coloration, as well as an unformed structure of the bone marrow and partial
presence of an aqueous phase. In the other 8 cases of the SML group, the bone marrow was evaluated
as physiological or “cured” (SML–cured 8/12 = 67%). On the contrary, bone marrow of animals from
the blank group showed signs of osteomyelitis in 11 of 12 cases and only one animal was documented
as physiologic or cured (Blank–cured 1/12 = 8%) (Figure 5).

Figure 5. (a,b) Exemplary images of the knee joint postmortem of animals treated with (a) SML item
and (b) blank item. (c,d) Exemplary images of bone marrow after explantation of (c) SML item and (d)
blank item. (c) Physiological bone marrow was found in 11 of 12 animals. This equals a cure rate =
8%. (d) Fragmented and hemorrhagic aspects indicating osteomyelitis were found in 4 of 12 animals.
This equals to a cure rate of 67%.

3.2.2. Microbiological Assessment for Infection

In the microbiological evaluation, 7 of 12 SML coated K-wires were free of pathogens and the
remaining 5 K-wires showed a distinct CFU reduction compared to implantation. This equals a cure
rate of 58% (p = 0.002). The mean pathogen count for the whole 12 SML K-wires was 353 ± 529 CFU.
In the control group, only 1 of 12 K-wires was free of pathogens and the CFU count on the whole
twelve blank K-wires was 9.282 ± 10.585 CFU (Figure 6). This equals a cure rate of 8% (p = 0.110).
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Figure 6. Individual value plot of CFU at d0 (implantation, ~2 × 104 CFU) and d7 (explantation).
(a) SML coated K-wires, mean CFU = 353 ± 529 CFU. This equals a cure rate of 58% (b) Blank K-wires,
mean CFU = 9.282 ± 10.585 CFU. This equals a cure rate of 8%. The black dots represent the mean
value of each group with a 95% confidence interval.

The results of the Mann–Whitney test for the three bacterial suspensions (K-wire, rinsing sol.,
BMstd) are listed in Table 2. A comparison of the CFU count at implantation and explantation showed
a decrease in all bacterial suspensions and the reduction is significant for both blank and SML coated
items (p < 0.05, Table 2). The CFU reduction was always higher for SML coated K-wires than for
blank K-wires.

Table 2. Results from the Mann–Whitney test of Log (Implantation) compared to Log (Explantation).

Type Response Mean
Difference from

Log (Implantation)
p-Value

Mann–Whitney Test

blank

Log(Implantation) 4.376
Log(K-wire) 2.670 −1.706 0.007

Log(rinsing sol.) 3.393 −0.983 0.069
Log(BMstd) 2.649 −1.727 0.112

SML Log(Implantation) 4.336
Log(K-wire) 1.073 −3.263 0.000

Log(rinsing sol.) 1.797 −2.539 0.000
Log(BMstd) 2.148 −2.188 0.001

Sol. is solution and BMstd is bone marrow standardized.

Comparing the CFU count at explantation for SML and blank group showed a 1.6 Log reduction
for the SML coated items on the K-wire surface (p = 0.022) and in the rinsing solution (p = 0.012,
Table 3). The bone marrow of the SML group also exhibited less pathogens than the blank group (0.5
Log), yet the effect was less pronounced (Figure 7).

Table 3. Results from the Mann–Whitney test of Blank and SML items after explantation.

Type Difference
p-Value

Mann–Whitney Test

Log(K-Wire) Blank vs. SML 1.597 0.022
Log(rinsing sol.) Blank vs. SML 1.596 0.012

Log(BMstd) Blank vs. SML 0.501 0.362

Sol. is solution and BMstd is bone marrow standardized.
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Figure 7. Mean values and 95% confidence interval of the CFU count of the in vivo study. (Implantation)
= CFU count at implantation on the K-wire surface. (K-wire) = Bacterial suspension derived from the
K-wire surface at explantation. (rinsing sol.) = Bacterial suspension derived from rising the K-wire
surface to remove attached tissue. (BMstd) = Bacterial suspension derived from the bone marrow
(normalized to 1 g). Light grey = Blank items, dark grey = SML items.

3.2.3. Histological Evaluation

Histology showed less heterophilic infiltration/pus and fibroplasia in the distal tibia of animals with
SML items, compared to the distal tibia of animals with blank items (Figures 8 and 9). Similar degrees
of inflammation and associated repair were noted in the proximal tibia of SML group and blank group
animals. In general, the induced inflammation was very mild and barely above the one induced by the
surgery alone. Very importantly, the new bone formation around the implant was very active in this
disease model and comparable for test item and blank item. The negative control group (SML item
with no bacterial contamination) showed no suppuration and excellent implant stabilization by means
of fibrous connective tissue and recent new bone formation (Figure 10).
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Figure 8. (a–c) Histology images of distal tibia of blank item animal. (a) There was a higher incidence
of mild focal ongoing osteomyelitis in the distal tibia of blank K-wire implanted animals (b). Green
arrows indicate new fibrous tissue (fibroplasia). Osteomyelitis was focal and showed evidence of
several days old pus (black arrows) at periphery of implant, in the bone marrow and more recent
exudate of intact and degenerated heterophils (red arrows and (c)) in the bone marrow immediately
adjacent to the implant imprint (*), indicating active suppurative inflammation.
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Figure 9. (a–c) Histology images of distal tibia of test item animal. No evidence of mild ongoing
osteomyelitis along the K-wire in most SML K-wire implanted animal and stabilization was often seen
to be more significant in the test item at tip of the K-wire imprint (*). Integration was by means of
fibroplasia (green arrows) and new fibrous bone formation at host-implant interface ((b), blue arrows),
devoid of any heterophilic infiltration (c).
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Figure 10. (a–c): Test item SML K-wire-implanted rabbits with no bacterial contamination, showing
lack of suppuration and excellent implant stabilization by means of fibrous connective tissue (green
arrows inset (b)) and recent new bone formation (see magenta arrows in insets (b,c)). Very recent new
fibrous bone formation at host-implant interface (see short magenta arrows in inset (b)), devoid of any
heterophilic infiltration, and more mature and older new fibrous bone (see longer magenta arrows in
panel (c) from adjacent step section in metaphysis region adjacent the epiphysis EP). At the interface
of the removed K-wire and the new connective tissue, there is limited red blood cell extravasation or
hemorrhage (red arrows in inset (b)).

3.2.4. Blood and Urine Analysis

No silver was detected in the blood and urine of all SML group animals at days 0, 1 and 7. In 1 of
12 animals, silver was detected in the liver (5 μg/kg), while in 11 of 12 animals, silver levels were below
the detection limit. In Lnn poplitei, silver was detectable in 3 of 12 animals and in Lnn inguinales in 6
of 12 animals while in all other cases silver levels were below the detection limit (Figure 11).
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Figure 11. Individual value plot of silver levels measured by inductively coupled plasma mass
spectrometry (ICP-MS) on day 7 (explantation) in blood, urine, liver and two lymph nodes. <LOD =
Silver concentration was below the detection limit; Value = Silver concentration could be measured.
The big symbols represent the mean value of each group with a 95% confidence interval.

4. Discussion

In the development of PJI, the initial step of bacteria adhering to the implant surface is of utmost
importance. It initiates the cascade of bacterial proliferation and subsequent biofilm formation, which
protects the bacteria from the host defense system. This contributes to inferior results in treatment
options, as the susceptibility to antibiotics is dramatically decreased at this location. Therefore,
the protection of the implant surface from bacterial colonization is potentially the most important step
to prevent PJI.

The objective of this study was (i) to establish a suitable in vivo osteomyelitis model with
pre-incubated implants with Staphyloccocus epidermidis in rabbits and (ii) to evaluate the antimicrobial
activity of a silver multilayer coating (SML) under realistic pre-clinical conditions. Our study has
some limitations that need to be taken into account when interpreting the results. Hischebeth et al.
showed that MRSE infections are more difficult to cure than MRSA infections [21]. However, in our
study, we used MSSE instead of MRSE due to safety aspects and to avoid unnecessary use of MRSE.
Aspects such as antibiotic resistance, no differences in several bacterial properties such as proliferation,
biofilm development and adherence are to be expected between MSSE and MRSE. The limitation
of a relatively short test period of 7 days when compared to the timeframe of delayed infections
(3–10 weeks) was accepted mainly for animal-welfare reasons. The test period was sufficient to identify
the microbiological significant difference in the infection course. To test for complete clearance of the
infection, further research with a longer test interval could be performed.

In literature, various models have been established to determine the antimicrobial activity of
antimicrobial coatings most of which use MRSA as contaminant [52]. Recent findings emphasize
that in clinical reality its “little brother” methicillin-resistant Staphyloccocus epidermidis (MRSE) is even
harder to cure and spreads around the globe undetected [21,61]. In our study design, we therefore
tested the antimicrobial activity of the SML coating against MSSE, which is associated with a strong
biofilm forming capacity [62].

Most of the mentioned animal models are designed to test active release systems that address
pathogens in the larger tissue region around the coated implant and therefore could actively treat
an infection [27,28,50,51]. For example, Suhardi et al. reported the successful treatment of a PJI
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with an antibiotic releasing PE [27]. However, this approach has a major drawback for cementless
endoprosthesis as they have the necessity of bone ingrowth which is essential to guaranty secondary
implant stability. Antimicrobial substances like antibiotics or silver can have a cytotoxic effect on
osteoblasts and thus may impair bone ingrowth around the implant [63,64]. Therefore, it is important
to minimize the exposure to these substances while still guaranteeing an antimicrobial activity.
Our measurements showed no silver in blood and urine and very low silver concentrations in the liver
and adjacent lymph nodes, which proves a very limited systemic silver exposure. These findings are in
line with the histopathological evaluation, which found very active new bone formation for both test
item and blank item.

Another relevant aspect to take into account is the clinical approach currently used to treat PJI.
The surgical techniques involve the thorough debridement of infected tissue, systemic antibiotic
therapy and wound irrigation to reduce the pathogen load in the wound as much as possible. In clinical
practice, an implant is never placed in an infected wound but in an environment with as little pathogens
as possible. However, a contamination of the implants’ surface with a few pathogens from whichever
source can always occur, and as little as 100 bacteria are enough to induce a periprosthetic infection [25].
An antimicrobial coating, which is surface active and capable to kill the bacteria trying to adhere to the
implant surface adds an additional safety characteristic to the implant while avoiding the potential
negative effects of high dose drug release. The remaining planktonic pathogens in the soft tissue can
be attacked by the host immune system.

To address the aspects mentioned above, we deviated from established animal models and
adapted ours to enable the testing of surface-active coatings without typical release properties and
drug efficacy of antibiotics.

The SML coating tested in this study showed a distinct activity against MSSE with a statistically
significant reduction of pathogens on the implants surface. Due to the missing or mild infection signs
in the clinical observation and histology as well as no systemic effects, the model was considered to be
mild, with only a minimal to mild impact on the animal health. The decrease in CFU count of both
blank and SML item shows that the immune system of the animals was able to fight the pathogen
concentration of ~2 × 104 CFU of MSSE. When compared with the initial pathogen dose, a statistically
significant CFU reduction of over 3 Log after explantation on the surface of SML coated items and an
over 2 Log reduction in the corresponding rinsing solution and bone marrow was detected. This also
significant CFU reduction on the AS® coated blank items was unexpected. Recent papers report similar
findings, yet to date, there is no explanation for this effect. This will need to be evaluated further [65].

Comparing the CFU count after explantation, the SML coated items showed a 1.6 Log reduction
on both the K-wire surface and the rinsing solution compared to the blank items. In the SML group, 7 of
12 test items were completely free of pathogens, which equals to a cure rate of 58% (p = 0.002). On the
contrary, only 1 of 12 blank items were free of pathogens, which equals a cure rate of 8% ((p = 0.110).
These results clearly prove the antimicrobial activity of the SML coating. In addition, the results
from the main study are backed up by the results from the two pilot studies, which also showed a
clear reduction of pathogens. As the difference in CFU count of blank and SML items was far less
pronounced in the bone marrow, this indicates the localized antimicrobial effect of the SML coating.

As no reference values exists that indicate how high the in vivo CFU reduction of an antimicrobial
system has to be to prove a certain and clinically relevant antimicrobial activity, it might be hard for the
reader to interpret the measured 1.6 Log CFU reduction. To put this into perspective, the clinical reality
is to be considered in this context. Each K-wire was implanted with a load of ~20,000 CFU on the K-wire
surface. This was done to induce an infection in the animals and subsequently detect a difference in
CFU count between SML and blank items. Lower contamination doses were quickly eradicated by
the animal’s immune system, and therefore, no effect of the antimicrobial coating could be detected.
A contamination of over 20,000 CFU per K-wire equals over 3500 CFUs per cm2, which is several orders
of magnitud higher than the contamination of a hospital toilet door handle (7.97 ± 0.68 CFU/cm2)
or a hospital washroom floor (20 CFU/cm2) [66,67]. In an orthopedic setting with adequate hygiene
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management, such high pathogen loads will enter the wound neither through the orthopedic implant,
which is delivered sterile, nor through the patient’s skin, which is disinfected and draped before
the operation.

At explantation, the mean pathogen count on the surface of a blank K-wire was 9.282 ± 10.585 CFU,
and only one of twelve K-wires was pathogen free. On the contrary, on SML coated items, the mean
pathogen count was 353 ± 529 CFU, and seven of twelve K-wires were pathogen free, which shows a
decrease in pathogen count by the SML coating of roughly 9000 CFU. This is over 3 times the pathogen
count that is present at the surface of an PE liner, which is explanted due to PJI (2768 CFUs) [45].
Therefore, the 1.6 Log reduction of pathogens when SML is used is considered to be a substantial
safety benefit.

To our knowledge, this is the first established mild osteomyelitis model that works with
pre-incubated implants. In this model, we successfully proved an antimicrobial activity of the
SML coating.

To date, various orthopedic implants with silver-based surface coatings are approved and used
successfully in clinical practice. Within the European Union, to date, these systems are limited to
large revision and tumor prosthesis and not used on primary or standard revision implants for total
joint arthroplasty. However, as they can only be applied to metal, the PE liner, which is most prone
to infection, remains unprotected. A technology that can be applied to both metal and polymer
surfaces and that has been proven to reduce adherent bacterial load broadens the possibilities to
fight PJI. The SML coating is not designed to be wear resistant, nor has it been tested for wear under
continuous loads in this study. In areas with high friction like the joint articulation, the SML coating
could be sheared off. It is therefore recommended that for orthopedic implants, the majority of the
surfaces be coated to protect against bacterial colonization, but that areas exposed to high wear remain
uncoated. Further studies should be conducted to address the osseointegration and wear behavior of
the SML coating.

5. Conclusions

There is a great need for new infection prophylaxis systems that can improve the safety of patients
undergoing joint replacement surgery. We have successfully (i) established a mild osteomyelitis model
in rabbits with pre-incubated implants and (ii) demonstrated excellent antimicrobial activity of the
presented SML coating. The performed in vitro and in vivo experiments both showed a statistically
significant CFU reduction in a clinically relevant scale. The local and systemic silver release remained
close to detection limits. Its broad applicability renders the SML coating a promising candidate as an
infection prophylaxis system for orthopedic applications.

Supplementary Materials: The following are available online at http://www.mdpi.com/1996-1944/13/6/1415/s1,
Figure S1: Schematics of band saw cutting of un-demineralized specimens for block preparation. From each of the
5 blocks depicted, 2 section levels spaced at least 50 μm were cut.
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Abstract: The resulting inflammatory reaction to polyethylene (PE) wear debris, which may result in
osteolysis, is still considered to be a main reason for aseptic loosening. In addition to the primary
wear in hip joint replacements caused by head-insert articulation, relative motions between the PE
liner and the metal cup may cause additional wear. In order to limit this motion, various locking
mechanisms were used. We investigated three different locking mechanisms (Aesculap, DePuy, and
Zimmer Biomet) to address the resulting relative motion between the acetabular cup and PE liner
and the maximum disassembly force. A standardized setting with increasing load levels was used
in combination with optically based three-dimensional measurements. In addition the maximum
disassembly forces were evaluated according to the ASTM F1820-13 standard. Our data showed
significant differences between the groups, with a maximum relative motion at the maximum load
level (3.5 kN) of 86.5 ± 32.7 μm. The maximum axial disassembly force was 473.8 ± 94.6 N. The
in vitro study showed that various locking mechanisms may influence cup-inlay stability.

Keywords: cup-inlay stability; total hip arthroplasty; disassembly forces; relative motion

1. Introduction

Total hip arthroplasty (THA) is one of the most successful orthopedic procedures in joint
replacement [1,2]. The THA shows survival rates between 82% and 96% after 10 years, depending on
the age of the patient and their physical functions [3]. However, the resulting inflammatory reaction to
polyethylene (PE) wear debris, which may result in osteolysis [4], is still considered to be a main reason
for aseptic loosening [5–7]. Therefore, wear debris production is thought to be the main factor limiting
long-term survival of THA. It is known that not only can primary wear processes at the articulation
sliding surfaces of hip cup and femoral head play an essential role, but in addition, secondary PE
wear also takes also place at the backside of the PE liners (backside wear) due to relative motion
between cup and insert [8–11]. A non-conforming fit between cup and PE liner, in combination with
increased relative motion, could lead to burnishing, gouging, scratching or third-body wear on the
PE backside surface [12]. In order to limit the motion between the metal shell and the liner, various

Materials 2020, 13, 1392; doi:10.3390/ma13061392 www.mdpi.com/journal/materials207



Materials 2020, 13, 1392

locking mechanisms are used. It is assumed that a firm connection of the components will reduce the
relative motion and the particle migration inside the cup system [13,14]. Another rather rare reason
for revision is the dislocation between cup and PE liner, which presumably can be attributed to the
acetabular locking mechanism.

The aim of this study was to evaluate specific locking mechanisms regarding the resulting relative
motion between the acetabular cup and the PE liner. In addition, the maximum dissembling forces
were investigated. For this purpose, three implant designs were tested, to determine if different types
of locking mechanisms affect the magnitude of relative motion and dissembling force.

2. Materials and Methods

2.1. Acetabular Hip Cup Systems

Three acetabular titanium hip cup designs, with different inner designs to fixate the PE
liner, were investigated (Figure 1): (A) Allofit®-S Alloclassic® with a cross-linked Durasul®-PE
liner (Zimmer Biomet, Warsaw, IN, USA), (B) Pinnacle®-Multihole combinates with a cross-linked
Marathon®-PE liner (DePuy Synthes, Warsaw, IN, USA), (C) Plasmafit® Plus7 with a conventional
ultra-high-molecular-weight polyethylene (UHMWPE) liner (Aesculap, Tuttlingen, BW, Germany). All
hip cup systems were non-cemented with an outer cup diameter of 52 mm and a corresponding 32 mm
PE liner. In each group, six acetabular hip cups with corresponding PE liners were used.

Figure 1. Acetabular titanium hip cup components. (a) Zimmer Biomet, (b) DePuy Synthes, (c) Aesculap.

The PE liner of the hip cup system Allofit®-S Alloclassic® is fixed by a circular press fit mechanism.
In addition, two spikes in the inner polar region of the cup on which the PE liner is inserted improve
rotational stability. The inner anchoring surface of the cup is spherical, and has a smooth surface
(Ra = 1 μm; Rz = 6–8 μm) [15].

The anchoring of the PE liner of the hip cup system Pinnacle®-Multihole is realised by a central
dome region and a taper lock mechanism. Additionally, 12 grooves are placed at the rim of the shell.
Corresponding to the grooves, six tabs on the liner were found to improve rotational stability. The
inner anchoring surface of the cup showed values of Ra = 0.2 μm and Rz = 1 μm.

The PE liner of the hip cup system Plasmafit® Plus7 is fixed by a conical locking mechanism. The
cup shows a rough inner surface (Ra = 4 μm, Rz = 25 μm) [9,15].

An overview of the locking mechanisms and the surface specifications of the different cup systems
are shown in Figure 2.
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Figure 2. Locking mechanisms and surface specifications of the different cup systems. (a) Zimmer
Biomet, (b) DePuy Synthes, (c) Aesculap.

2.2. Test Setup

In order to carry out a standardized PE liner stability test, the cups were fixed according to Braun
et al. in polyurethane (RenCast FC 53 A/B, Gößl & Pfaff GmbH, Karlskron, Germany) at an angle of
30 degrees to the vertical load axis [9]. A loading scenario was implemented using a uniaxial servo
hydraulic testing machine (Bosch Rexroth, Lohr am Main, Germany). The components were loaded
with an increasing dynamic load at a frequency of 1 Hz and a sinus shaped wave form. The initial load
level started at 0.5 kN and increased incrementally with each load level by 1 kN, up to the maximum
load of 3.5 kN. The cyclic load at each load level was maintained over 1000 cycles. The fixed acetabular
cups were integrated into the testing machine and mounted on a rocker (Figure 3b). The rocker was
placed on a free linear bearing to prevent transverse forces [9,15].

A rigid connection was generated between femoral head and PE liner. This, in combination
with a 2 mm offset (Figure 3b L) between the centre of the implant and the rotational axis (Figure 3b
green) of the rocker, initiated torque in the cup-system (Figure 3b) [9,15]. In combination with the axial
compression a theoretically torque of 1, 3, 5 and 7 Nm were applied.

Figure 3. (a) Arrangement of the optical marker; (b) Relative motion measurement setup; (c) Camera
coordinate system.

2.3. Determination of Relative Motion

The determination of relative motion was performed by placing optical markers (uncoded passive
white markers, diameter 0.8 mm, GOM Item Number: 21874; GOM Gmbh, Braunschweig, Germany)
along the rim of the hip cup and PE liner (Figure 3a). These markers were detected using a stereo
camera system and a triangulation algorithm to calculate the 3D marker position (x-, y-, and z-axes).
Based on the measured marker motion in the respective spatial direction (x, y and z direction), the
resulting vector was calculated using the equation XYZ =

√(X2 + Y2 + Z2
)
. In a next step, the cup

and PE liner markers were separated and the resultant relative motion XYZ between both components
was calculated. This calculation was carried out for every measurement time point. In a further step,
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the maximum of the resulting relative motion (XYZ) was determined for each individual load cycle in
order to calculate the mean value of the maximum resulting relative motion for each load level (0.5, 1.5,
2.5 and 3.5 kN) [16]. The coordinate system was defined as shown in Figure 3c. The relative motion
between the components was measured at cycles 10, 100, 300, 500, 800 and 995 for each load level.

2.4. Disassembly Test

In addition, the maximum disassembly force of the PE Liner was determined according to the
ASTM F1820-13 standard. The PE liners of the investigated cup designs were assembled in the shell
with a mean peak load of 2002.2 N ± 1.1 N using a material testing machine (Zwick Roell, Z005, Ulm,
Germany). Therefore, a displacement control rate of 0.04 mm/s was used. The force was applied by a
femoral head coincident with the polar axis of the liner. The assembled liner shell constructs were
placed in a fixture frame, with continuous support of the cup as shown in Figure 4. The axial force was
applied through the centre hole of the cup with a 6 mm rod and a rate of 51 mm/min. The maximum
disassembly force was recorded [17].

Figure 4. Test Setup Disassembly Test.

2.5. Statistical Analysis

A repeated measures analysis of variance (ANOVA) was conducted to test for significant differences
in relative motion depending on the load level for all investigated cup designs. Additionally, we
conducted a one-way ANOVA to assess the effect of cup design on the maximum pull out force and
relative motion. To identify which particular differences between pairs of means were significant, a
post hoc analysis was performed. We used a Bonferroni Test as post hoc analysis to explore differences
between the three group means while controlling the experiment wise error rate. Pre-analysis, the
normal distribution of the data was evaluated using a Shapiro–Wilk-test and the homogeneity of
variance was verified using the Levene-test. The results allowed for the use of the ANOVA test. For
the repeated measures ANOVA, a Greenhouse–Geisser adjustment was used to correct for violations
of sphericity.

Additionally, the data were evaluated descriptively using the arithmetic mean, standard deviation,
minimum and maximum. The data were analysed using SPSS 25 (IBM, Armonk, NY, USA) with a
significance level of p < 0.05.

3. Results

3.1. Relative Motion

The mean resulting maximum relative motion in XYZ-direction for each load level and all
investigated cup designs are shown in Table 1 and Figure 5.
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Table 1. Mean Relative Motion XYZ ± (μm).

Load Level (kN) Zimmer Biomet DePuy Aesculap

0.5 58.8 ± 32.6 15.2 ± 8.3 6.2 ± 1.1
1.5 74.3 ± 33.7 43.9 ± 14.5 12.5 ± 6.4
2.5 82.8 ± 33.5 66.3 ± 16.1 25.1 ± 8.8
3.5 86.5 ± 32.7 81.1 ± 18.5 38.2 ± 9.9

Figure 5. Resulting maximum relative motion, * showed significant difference.

For the load level of 0.5 kN the Bonferroni-adjusted post-hoc analysis revealed a significant
difference (p = 0.001) for mean resulting maximum relative motion of the Zimmer Biomet and the
Aesculap group (52.67, 95%-CI [82.85, 22.49]) and also between the Zimmer Biomet and DePuy group
(p = 0.004) (43.61, 95%-CI [13.43, 73.79]). There was no significant difference (p = 1.0) for the relative
motion between the Aesculap and DePuy groups. The load level of 1.5 kN showed a significant
difference (p < 0.001) for the relative motion between the Zimmer Biomet and the Aesculap group
(61.75, 95%-CI [28.31, 95.18]). There was no significant difference between the Zimmer Biomet and
DePuy groups (p = 0.082) or between the Aesculap and DePuy groups (p = 0.070). The load level of
2.5 kN showed a significant difference (p = 0.001) between the Zimmer Biomet and Aesculap groups
(56.85, 95%-CI [22.52, 91.18]) and between the Aesculap and DePuy groups (p = 0.017) (41.23, 95%-CI
[6.90, 75.56]). There was no statistically significant difference for the relative motion between the
Zimmer Biomet and DePuy groups (p = 0.718). For the load level of 3.5 kN, the Bonferroni-adjusted
post-hoc analysis revealed a significant difference (p = 0.006) for the mean resulting maximum relative
motion between the Zimmer Biomet and Aesculap groups (48.28, 95%-CI [13.41, 83.14]) and between
the Aesculap and DePuy groups (p = 0.014) (42.92, 95%-CI [8.06, 77.79]). There was no statistically
significant difference for the relative motion between the Zimmer Biomet and DePuy groups (p = 1.0).
The repeated measures ANOVA with a Greenhouse–Geisser correction determined that the load levels
showed a significant influence on the relative motion, F (1.264, 18.964) = 309.886, p < 0.001.

3.2. Disassembly Test

The mean maximum axial disassembling forces showed the highest values for the Aesculap group
at 473.7 ± 94.6 N, followed by the Zimmer Biomet group at 294.8 ± 48.2 N and the DePuy group at 146.8
± 49.8 N (Figure 6). The mean maximum force differed statistically significantly for the investigated
cup designs, F (2, 15) = 29.25, p < 0.001.

The Bonferroni-adjusted post-hoc analysis revealed a significant difference for the mean maximum
disassembling force between the Aesculap and Zimmer Biomet groups (p = 0.002), (178.90, 95%-CI
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[63.60, 294.20]) and between the Aesculap and DePuy groups (p < 0.001), (326.90, 95%-CI [211.60,
442.20]). There was also a significant difference between the Zimmer Biomet and DePuy groups
(p = 0.011), (148.00, 95%-CI [32.70, 263.30]).

Figure 6. Resulting maximum axial disassembling forces.

4. Discussion

Osteolysis-induced bone destruction and the following aseptic loosening is one of the major
complications of prosthetic hip replacement [5–7]. PE wear particles can cause osteolysis due to an
inflammatory reaction. Existing publications proved that, additionally to the PE wear due to the main
articulation, wear could be a consequence of the backside wear of the convex side of the PE liner [18].
The design and material could have an impact on the damage of the backside of polyethylene in modern
modular acetabular cups [19]. The motion between the PE liner and the cup of a modular acetabular
component exacerbated the polyethylene wear as well. This kind of micromotion, respectively, relative
motion between cup and liner, is influenced by several factors. Factors could include a reduced
conformity, screw holes, and different locking mechanisms and geometries [12,14,20,21].

Kurtz et al. determined the relative motion between cup and liner using a three-dimensional
finite element model [12]. The focus was on considering the influence of nonconforming between liner
and metal cup. Furthermore, the effects of rim and equatorial restraints were considered. The result
of the study stated that backside nonconformity and locking restraints have a relevant influence on
backside relative motion. Systems with a conforming cup exhibited an axial motion between 8.5 and
12.8 μm [12]. Nonconforming models offered up to 63% higher motion [12]. An in vitro study was
performed by Williams et al. to determine the fixation of PE liners in metal cups [14]. Therefore, the
rotational and axial motion was measured using linearly variable differential transducers. Axial loads
from 0.272 kN to 2.720 kN and torsional loads from ± 7.5 Nm over 10 million cycles were applied.
In the evaluation of the results, it could be derived that the rim, rotational and dome micromotion
decreased as the cycles increased. Additionally an influence of the different locking mechanisms was
identified. Williams et al. achieved micromotions between 3.35 ± 2.50 μm and 164.7 ± 112.5 μm after 1
million cycles [14].

Our data also showed considerable differences between cup and PE liner. Regardless of the
implant design and loading situation, the range was between 6.2 ± 1.1 μm and 86.5 ± 32.7 μm. The
Zimmer Biomet hip cup system with a circular snap-fit mechanism, in combination with two spikes in
the inner polar region of the cup, showed relative motion between 58.8 ± 32.6 μm and 86.5 ± 32.7 μm
(0.5 and 3.5 kN). The DePuy system with a central dome region and a taper lock mechanism plus
grooves at the rim of the shell showed relative motion between 15.2 ± 8.3 μm and 81.1 ± 18.5 μm (0.5
and 3.5 kN). For the Aesculap system with a conical locking mechanism and a locking free contact with
the base of the cup we found relative motion between 6.2 ± 1.1 μm and 38.2 ± 9.9 μm (0.5 and 3.5 kN).
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For the initial load level of 0.5 kN, the DePuy and the Aesculap cups showed no significant
differences (p = 1.0). The Zimmer Biomet cup showed significantly higher values compared to the
Aesculap and DePuy cups (p = 0.001, p = 0.004). At the highest load level of 3.5 kN, the Zimmer
Biomet group and DePuy system no longer showed any significant difference (p = 1.0). However,
the Aesculap system still showed significantly lower values compared to the Zimmer Biomet and
DePuy cups (p = 0.006, p = 0.014). The locking mechanism of the Aesculap system showed the lowest
relative motion between cup and PE liner for the investigated load levels compared to the Zimmer
Biomet and DePuy cup. A retrieval study conducted by Wasielewski et al. evaluated the backside
of 55 polyethylene liners [22]. At this juncture, a distinction was made between micromotion caused
by rotational instability of the insert in the shell and micromotion induced through elastic or plastic
deformation. A total of 52 of the 55 inserts showed polyethylene wear on the backside in varying
degrees. The most severe wear occurred in the posterior-superior and anterior-superior areas. In
addition, five of six patients with acetabular osteolysis showed a high grade of backside wear, which
was mainly attributed to elastic or plastic deformation related micromotion [22].

Another aspect besides the relative motion between cup and PE liner was the maximum
disassembly force with regard to the risk of dislocation. Therefore, the maximum disassembly
force was determined according to ASTM F1820-13 standard [17]. The maximum disassembling force
showed the highest values for the Aesculap group with 473.7 ± 94.6 N, followed by the Zimmer Biomet
with 294.8 ± 48.2 N and DePuy with 146.8 ± 49.8 N. In comparison, the Aesculap group showed
significantly higher forces compared to the Zimmer Biomet and DePuy groups (p = 0.002, p = 0.001).
There was also a significant difference between the Zimmer Biomet and DePuy groups (p = 0.011). In a
comparative study of eight different cup systems, Tradonsky et al. determined a disassembly force
between 129 N and 2950 N [23]. Our data are in the lower third compared to Tradosky et al. However,
acetabular liner dissociation is a rare complication following [24].

The results of our investigation showed that a tapered locking mechanism and non-locking contact
with the bottom of the cup (Aesculap) showed a significant improvement in relative motion and
disassembly force compared to a system with a central dome region and a taper lock mechanism
(smooth surface) plus grooves at the rim (DePuy) and a hip cup system with a circular snap-fit
mechanism in combination with two spikes in the inner polar region of the cup (Zimmer Biomet).

This relative motion between cup and PE liner could be a predictor of backside wear. However,
features such as the surface structure, specifically roughness of the inner geometry of the acetabular
cup, could also have a major impact on backside wear behaviour. Braun et al. showed 45% higher
backside wear particles for the Aesculap system (Plasmafit® Plus7) compared to the Zimmer Biomet
system (Allofit®-S Alloclassic®) using an identical experimental setup [9].

In addition, Braun et al. verified that backside wear particles can occur in clinically established cup
systems [15]. Furthermore, Reyna et al. was able to detect backside wear caused by micromotion and
poor conformity between cup and liner in an in vitro study [25]. As already mentioned, these particles
could increase the potential of a resulting inflammatory reaction, which may result in osteolysis.
Compared to the in vitro data from Braun et al. and Reyna et al., similar effects could be demonstrated
in an in vivo study from Long et al. [26]. In this study, a series of early aseptic loosenings of acetabular
cups were identified, an analysis of x-ray images was realized and an optical analysis of the inlays
was carried out. The osteolysis that occurred behind the cup could be attributed to backside wear
particles in conjunction with optical wear marks on the backside of the PE inlay [26]. Due to the fact
that backside wear particles are also significantly smaller than articulating wear particles, they may
additionally cause stronger biological responses [9].

However, experimental and clinical studies can show that backside wear in combination with
relative motion between the cup and PE liner may have an impact on the osseointegration of the
acetabular cup. Furthermore, subsequent studies have to show the characteristics (particle size,
roundness and aspect ratio) of the PE particles that may arise and prove their influence on the
human body.
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From these findings, and the measured results in our study, it could be concluded that there is
not a one dimensional relation between a tight fit of the inlay inside the cup, which is reflected in a
low relative motion and increased disassembly forces, and the amount of backside wear. In addition,
a closer look will be needed at the inner structure of the cup. It is necessary to distinguish between
a smooth and a rough surface. A smooth surface with a high rate of relative motion could generate
fewer backside wear particles than a rough surface with less motion.

Limitations

Initially, it should be noted that the fixation of the cups by fixating them in polyurethane does
not correspond to the physiological fixation in vivo. However, the advantage of this connection was
standardization of the fixation and the focus on the locking mechanisms of the cup systems. Other
influencing factors could be excluded. There was a defined impaction force applied on the inlay, but
no peak force as it occurs at the impaction by the surgeon.

In the analysis of motion, this work deals with relative motion. The relative motion between cup
and inlay, however, could be a combination of plastic and elastic deformation, migration, rotation,
creeping and many other factors.

5. Conclusions

This experimental study showed significant differences in relative motion at the cup–liner interface
and in the disassembly forces for the three investigated locking mechanisms. How relative motion and
assembly force affect backside wear in combination with different roughnesses should be analyzed in
more detail in a further investigation.

Author Contributions: Conceptualization, S.J., M.U. and S.B.; Data curation, S.J. and M.U.; Formal analysis, S.J.,
M.U., S.S. and N.A.B.; Methodology, S.B.; Project administration, S.J., M.U. and S.B.; Writing—original draft, S.J.
and M.U.; Writing—review & editing, S.J., M.U., S.S., N.A.B. and S.B. All authors have read and agreed to the
published version of the manuscript.

Funding: This research received no external funding.

Acknowledgments: We acknowledge financial support for publication by the Baden-Wuerttemberg Ministry of
Science, Research and the Arts and by Ruprecht-Karls-Universitaet Heidelberg.

Conflicts of Interest: The authors declare no pertinent conflict of interest. S.J. report grants from B Braun Aesculap,
Johnson & Johnson Depuy Synthes, Heraeus Medical, Waldemar Link, Peter Brehm and Zimmer Biomet that are
not related to the current study. M.U., S.S. and S.B. report no conflict of interest. N.A.B. reports research grants
from Johnson & Johnson DePuy Synthes that are not related to the current study.

References

1. Crawford, R.W.; Murray, D.W. Total hip replacement: Indications for surgery and risk factors for failure.
Ann. Rheum. Dis. 1997, 56, 455–457. [CrossRef] [PubMed]

2. Pivec, R.; Johnson, A.J.; Mears, S.C.; Mont, M.A. Hip arthroplasty. Lancet 2012, 380, 1768–1777. [CrossRef]
3. Makarewich, C.A.; Anderson, M.B.; Gililland, J.M.; Pelt, C.E.; Peters, C.L. Ten-year survivorship of primary

total hip arthroplasty in patients 30 years of age or younger. Bone Jt. J. 2018, 100-B, 867–874. [CrossRef]
[PubMed]

4. Hallab, N.J.; Jacobs, J.J. Biologic effects of implant debris. Bull. NYU Hosp. Jt. Dis. 2009, 67, 182–188.
5. Dumbleton, J.H.; Manley, M.T.; Edidin, A.A. A literature review of the association between wear rate and

osteolysis in total hip arthroplasty. J. Arthroplast. 2002, 17, 649–661. [CrossRef]
6. Harris, W.H. Wear and periprosthetic osteolysis: The problem. Clin. Orthop. Relat. Res. 2001, 393, 66–70.

[CrossRef]
7. Prokopovich, P. Interactions between mammalian cells and nano- or micro-sized wear particles:

Physico-chemical views against biological approaches. Adv. Colloid Interface Sci. 2014, 213, 36–47. [CrossRef]
8. Akbari, A.; Roy, M.E.; Whiteside, L.A.; Katerberg, B.J.; Schnettgoecke, D.J. Minimal backside surface changes

observed in retrieved acetabular liners. J. Arthroplast. 2011, 26, 686–692. [CrossRef]

214



Materials 2020, 13, 1392

9. Braun, S.; Sonntag, R.; Schroeder, S.; Mueller, U.; Jaeger, S.; Gotterbarm, T.; Kretzer, J.P. Backside wear in
acetabular hip joint replacement. Acta Biomater. 2019, 83, 467–476. [CrossRef]

10. Kretzer, J.P.; Zietz, C.; Schröder, C.; Reinders, J.; Middelborg, L.; Paulus, A.; Sonntag, R.; Bader, R.;
Utzschneider, S. Grundlagen zur tribologischen analyse von endoprothesen. Der Orthopäde 2012, 41, 844–852.
[CrossRef]

11. McKellop, H.A. The lexicon of polyethylene wear in artificial joints. Biomaterials 2007, 28, 5049–5057.
[CrossRef] [PubMed]

12. Kurtz, S.M.; Ochoa, J.A.; White, C.V.; Srivastav, S.; Cournoyer, J. Backside nonconformity and locking
restraints affect liner/shell load transfer mechanisms and relative motion in modular acetabular components
for total hip replacement. J. Biomech. 1998, 31, 431–437. [CrossRef]

13. Kyle, R.F.; Riddle, C.D.; Kyle, M.; Rockswold, S.; Bourgeault, C. Factors influencing the initial micromotion
between polyethylene acetabular cups and titanium alloy shells. J. Arthroplast. 2006, 21, 443–448. [CrossRef]

14. Williams, V.G., 2nd; Whiteside, L.A.; White, S.E.; McCarthy, D.S. Fixation of ultrahigh-molecular-weight
polyethylene liners to metal-backed acetabular cups. J. Arthroplast. 1997, 12, 25–31. [CrossRef]

15. Braun, S.; Vardag, S.; Mueller, U.; Schroeder, S.; Sonntag, R.; Bormann, T.; Gotterbarm, T.; Kretzer, J.P.
Backside wear, particle migration and effectiveness of screw hole plugs in acetabular hip joint replacement
with cross-linked polyethylene. Acta Biomater. 2019, 97, 239–246. [CrossRef]

16. Beckmann, N.A.; Bitsch, R.G.; Gondan, M.; Schonhoff, M.; Jaeger, S. Comparison of the stability of three
fixation techniques between porous metal acetabular components and augments. Bone Jt. Res. 2018, 7,
282–288. [CrossRef]

17. ASTM F1820-13. Standard Test Method for Determining the Forces for Disassembly of Modular Acetabular Devices;
ASTM International: West Conshohocken, PA, USA, 2013.

18. Barrack, R.L.; Folgueras, A.; Munn, B.; Tvetden, D.; Sharkey, P. Pelvic lysis and polyethylene wear at 5-8
years in an uncemented total hip. Clin. Orthop. Relat. Res. 1997, 335, 211–217. [CrossRef]

19. Bali, K.; McCalden, R.W.; Naudie, D.D.; MacDonald, S.J.; Teeter, M.G. Backside wear is not dependent on
the acetabular socket design in crosslinked polyethylene liners. Clin. Orthop. Relat. Res. 2016, 474, 374–382.
[CrossRef] [PubMed]

20. Kligman, M.; Furman, B.D.; Padgett, D.E.; Wright, T.M. Impingement contributes to backside wear and
screw-metallic shell fretting in modular acetabular cups. J. Arthroplast. 2007, 22, 258–264. [CrossRef]
[PubMed]

21. Lieberman, J.R.; Kay, R.M.; Hamlet, W.P.; Park, S.H.; Kabo, J.M. Wear of the polyethylene liner-metallic
shell interface in modular acetabular components. An in vitro analysis. J. Arthroplast. 1996, 11, 602–608.
[CrossRef]

22. Wasielewski, R.C.; Jacobs, J.J.; Arthurs, B.; Rubash, H.E. The acetabular insert-metal backing interface: An
additional source of polyethylene wear debris. J. Arthroplast. 2005, 20, 914–922. [CrossRef] [PubMed]

23. Tradonsky, S.; Postak, P.D.; Froimson, A.I.; Greenwald, A.S. A comparison of the disassociation strength of
modular acetabular components. Clin. Orthop. Relat. Res. 1993, 296, 154–160. [CrossRef]

24. O’Neill, C.K.; Napier, R.J.; Diamond, O.J.; O’Brien, S.; Beverland, D.E. Acetabular liner dissociation following
total hip arthroplasty: A rare but serious complication that may be easily misinterpreted in the emergency
department. Case Rep. Emerg. Med. 2015, 2015, 802753. [CrossRef] [PubMed]

25. Puente Reyna, A.L.; Jager, M.; Floerkemeier, T.; Frecher, S.; Delank, K.S.; Schilling, C.; Grupp, T.M. Backside
wear analysis of retrieved acetabular liners with a press-fit locking mechanism in comparison to wear
simulation in vitro. BioMed Res. Int. 2016, 2016, 8687131. [CrossRef] [PubMed]

26. Long, W.J.; Nayyar, S.; Chen, K.K.; Novikov, D.; Davidovitch, R.I.; Vigdorchik, J.M. Early aseptic loosening
of the tritanium primary acetabular component with screw fixation. Arthroplast. Today 2018, 4, 169–174.
[CrossRef]

© 2020 by the authors. Licensee MDPI, Basel, Switzerland. This article is an open access
article distributed under the terms and conditions of the Creative Commons Attribution
(CC BY) license (http://creativecommons.org/licenses/by/4.0/).

215





materials

Article

Influence of the Acetabular Cup Material on the Shell
Deformation and Strain Distribution in the Adjacent
Bone—A Finite Element Analysis

Danny Vogel * , Matthias Klimek, Michael Saemann and Rainer Bader

Biomechanics and Implant Technology Research Laboratory, Department of Orthopaedics, Rostock University
Medical Center, Doberaner Straße 142, 18057 Rostock, Germany; matthias.klimek@gmx.de (M.K.);
michael.saemann@med.uni-rostock.de (M.S.); rainer.bader@med.uni-rostock.de (R.B.)
* Correspondence: danny.vogel@med.uni-rostock.de; Tel.: +49-381-494-9375

Received: 16 January 2020; Accepted: 13 March 2020; Published: 18 March 2020
��������	
�������

Abstract: In total hip arthroplasty, excessive acetabular cup deformations and altered strain
distribution in the adjacent bone are potential risk factors for implant loosening. Materials with
reduced stiffness might alter the strain distribution less, whereas shell and liner deformations
might increase. The purpose of our current computational study was to evaluate whether carbon
fiber-reinforced poly-ether-ether-ketones with a Young´s modulus of 15 GPa (CFR-PEEK-15) and 23
GPa (CFR-PEEK-23) might be an alternative shell material compared to titanium in terms of shell and
liner deformation, as well as strain distribution in the adjacent bone. Using a finite element analysis,
the press-fit implantation of modular acetabular cups with shells made of titanium, CFR-PEEK-15
and CFR-PEEK-23 in a human hemi-pelvis model was simulated. Liners made of ceramic and
polyethylene were simulated. Radial shell and liner deformations as well as strain distributions
were analyzed. The shells made of CFR-PEEK-15 were deformed most (266.7 μm), followed by
CFR-PEEK-23 (136.5 μm) and titanium (54.0 μm). Subsequently, the ceramic liners were radially
deformed by up to 4.4 μm and the polyethylene liners up to 184.7 μm. The shell materials slightly
influenced the strain distribution in the adjacent bone with CFR-PEEK, resulting in less strain in
critical regions (<400 μm/m or >3000 μm/m) and more strain in bone building or sustaining regions
(400 to 3000 μm/m), while the liner material only had a minor impact. The superior biomechanical
properties of the acetabular shells made of CFR-PEEK could not be determined in our present study.

Keywords: modular acetabular cup; poly-ether-ether-ketone (PEEK); titanium; ceramics;
ultra-high-molecular-weight polyethylene (UHMW-PE); implant deformation; strain distribution;
bone stock

1. Introduction

The aseptic loosening of the acetabular cup due to stress shielding and altered strain distributions
within the adjacent bone stock is a common cause for the failure of a total hip replacement [1]. If the
modular cups are stiffer than the adjacent bone cavity, the strain distribution is altered, leading to high
strains in some regions and low strains in others. It results in a potential risk of bone fracture on the
one hand and bone atrophy on the other [2–4]. To avoid these effects, the stiffness of the acetabular cup
should be similar to the adjacent bone [5]. Dickinson et al. investigated the influence of the material of
monolithic acetabular cups on the pelvis cortex surface strains using a composite bone model. It was
shown that monolithic cups made of ultra-high molecular weight polyethylene (UHMWPE) have less
influence on the load transfer into the bone stock, when compared to metallic cups, as the reduced
elastic modulus of UHMWPE bears more similarity to the bone stock [2]. In terms of the liner material,
Kim et al. observed no significant differences in bone remodeling after five years postoperatively when
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ceramic and UHMWPE liners combined with structurally identical metallic shells were compared [6].
Therefore, the shell material of modular acetabular cups might have a stronger influence on the strain
distribution than the liner material and shells made of polymers might have a lower influence on
strain distribution.

Besides UHMWPE, poly-ether-ether-ketone (PEEK), often applied with carbon fibers for
reinforcement (CFR-PEEK), is a biocompatible polymer that has been introduced as a material
for monolithic cups and liners, but not as a material for acetabular shells [7–11].

However, PEEK and CFR-PEEK might be suitable alternatives to metal shells in modular acetabular
cups as well, in order to avoid adverse effects on stress and strain distribution within the bone stock.
However, it was shown that the reduced stiffness of shells made of PEEK and CFR-PEEK leads to
increased shell deformations in the case of press-fit fixation in a finite element analysis (FEA) [12].
In particular, shells made of pure PEEK without reinforcement were deformed excessively, resulting
in strong deformations of the liners, which might cause further problems in vivo. Excessive liner
deformations can lead to a reduced clearance between the liner and femoral ball head and subsequently
to increased frictional torques and increased wear rates [13–16]. Moreover, the seating of the liner
might be jeopardized by strong shell deformations [17,18], which might lead to increased peak stresses
within ceramic liners and, therefore, an increased risk of fracture [19–21]. Thus, shells made of PEEK
without carbon fiber reinforcement do not seem to be a suitable alternative, whereas the suitability of
shells made of CFR-PEEK needs to be further evaluated.

Hence, the aim of this computational study was to evaluate whether acetabular shells made of
CFR-PEEK can serve as suitable alternatives to shells made of titanium in terms of strain distribution
in the adjacent bone and whether the stiffness of such shells is sufficient to withstand adverse shell and
liner deformations when they are pushed into an under-reamed bone cavity.

2. Materials and Methods

In the present numerical study, the insertion of a modular acetabular cup into a hemi-pelvis was
simulated using ABAQUS/CAE (v 6.12-2, Dassault Systèmes Simulia Corp., Providence, RI, USA). The
modular cup was designed based on a commercially available cup consisting of a titanium shell for
press-fit fixation and a ceramic liner. The shell was flattened and spherical, with an outer diameter of
54 mm and a wall thickness of approximately 5.8 mm in the region of press-fit contact. The liner had
an inner diameter of 36 mm and a maximum wall thickness of approximately 3.9 mm. In terms of
simplification and comparability, the liner geometry was identical for both liner materials (ceramic
and polyethylene), even so the real parts would have geometric differences in the dependency of the
material. To apply realistic joint loads, a ceramic ball head was simulated in the form of an ideal sphere,
with a diameter of 36 mm.

The hemi-pelvis included an acetabulum, which was equipped with a bone cavity, which was
adapted to the shells outer diameter to simulate a diametric press-fit of 1 mm. The modular acetabular
cup was oriented at 45◦ of inclination and 15◦ of anteversion, relative to the pelvic plane.

Due to the complex geometry, the hemi-pelvis was meshed using tetrahedral elements (141,877
elements), while the shell, liner, and ball head were meshed with 5987, 6162, and 14,400 hexahedral
elements, respectively. To avoid excessive computational time, the components had to be meshed
using linear elements. The element length at the contact area of the hemi-pelvis was set to 1.0 mm
and the global element length of the acetabular shell, liner and head were set to 1.5 mm, 1.5 mm and
1.25 mm, respectively. A convergence analysis was carried out previously in order to determine the
sensitivity of the results in relation to the mesh density, the element length of each component was
varied between 1 mm and 4 mm. To exclude the influence of contact definitions on the results of the
convergence analysis, each component was evaluated separately by means of deformation analyses.
Thereby, the individual components were deformed by a defined amount and the deforming force was
evaluated. The deforming forces determined with the chosen mesh densities changed less than 6%
compared to the finest mesh.
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The shell material was varied between a titanium alloy and two different kinds of CFR-PEEK
(CFR-PEEK-15 and CFR-PEEK-23), while the liner material was varied between alumina toughened
zirconia (ATZ) ceramic and UHMWPE. All the chosen materials were defined to be homogenous and
isotropic (Table 1). As the yield strengths of the polymers were not exceeded, all the materials were
simulated to be linear elastic.

Table 1. Overview of the Young’s modulus and Poisson’s ratio defined for the various
simulated materials.

Part Material Young’s Modulus (MPa) Poisson’s Ratio

Acetabular shell
Titanium 110,000 0.40

Carbon fiber-reinforced
poly-ether-ether-ketone (CFR-PEEK-15) 15,000 0.40

Carbon fiber-reinforced
poly-ether-ether-ketone (CFR-PEEK-23) 23,000 0.40

Liner
Alumina toughened zirconia (ATZ) ceramic 261,000 0.27
Ultra-high-molecular-weight polyethylene

(UHMW-PE) [22] 945 0.45

Ball head Alumina toughened zirconia (ATZ) ceramic 261,000 0.27

The numerically simulated hemi-pelvis was reconstructed from computed tomography (CT) data
of a human cadaveric hemi-pelvis (Ethics Committee of the University of Rostock; Reg. No. A 2009
38), using an algorithm introduced by Kluess et al. [23]. The local X-ray attenuation from the CT
resulted in a distribution of Hounsfield units (HU) in the CT slices, which directly correlate with bone
density and were therefore mapped onto the FE mesh using a previously described approach [24].
For this, the HU of the CT dataset were treated as temperatures of a temperature-dependent material
model assigned to the FE nodes. This results in a realistic, heterogeneous distribution of material
characteristics throughout the bone geometry. To assign a corresponding Young’s modulus to the HU,
the HU from the CT were correlated with the local apparent densities, and the apparent densities were
correlated with the Young’s modulus. Due to the fact that the existing CT data provided no scanned
bone mineral density phantom, an apparent density of 1.8 g/cm3 was assigned to the maximal HU
value, as per Taddei et al. [25]. The HU values of the cancellous bone were averaged, and the averaged
value was assigned with an apparent density of 0.425 g/cm3, which represents a reasonable value for
cancellous pelvic bone [26]. A linear correlation between the HU and apparent density was assumed
using the following equation:

ρapp (g/cm3) = 0.0007918*HU + 0.4718988 (1)

To calculate the Young’s modulus from the apparent density, the following equation based on the
equation of Carter and Hayes was used [27]:

E (GPa) = 3.79e0.06ρapp
3 (2)

Forty equally spaced reference points were selected between the maximum and minimum HU,
at which the Young’s modulus was calculated and assigned. Between the reference points, a linear
interpolation was used. Moreover, a lower limit of 500 MPa and an upper limit of 20,000 MPa were
defined as thresholds to adequately represent the stiffness limits of the cancellous and cortical bones [28].
The mapping of the HU values and correlation to local stiffness was achieved with the self-developed
software script AbaCTMat, based on Python 2.6.2 and implemented as plug-in in ABAQUS/CAE.

The model included three sliding contact formulations, which were described by normal and
tangential contact. A penalty friction model with Coulomb friction formulation was chosen. The first
contact was defined between the outer surface of the shell and the hemi-pelvis. The friction coefficient
was set to 0.6, which represents a reasonable value for contacts between bones and porous coatings [29].
The second contact was defined between the shell and the liner, where a friction coefficient of 0.16
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was applied [30]. The third contact was defined between the liner and the ball head, with a friction
coefficient of 0.05 [13].

The simulation was executed in subsequent steps. Initially, the constraints for the hemi-pelvis
were applied at the sacroiliac joint and the pubic symphysis, whereby the translational degrees of
freedom at the sacroiliac joint were completely fixed (BC-1), while the motion in the sagittal plane
was enabled at the pubic symphysis (BC-2) [13] (Figure 1). In the first step, the acetabular shell was
pushed under displacement-control into the cavity, until a predefined shell overhang was reached
using a kinematic coupling definition (Figure 1b). In the following step no forces or displacements were
applied, to enable an elastic relaxation of the shell and cavity. Thereafter, the liner was also moved in a
displacement-controlled manner, until a first contact between the shell rim and the liner was achieved
(Figure 1c), followed by a force-controlled insertion with 500 N using a kinematic coupling definition
again (Figure 1d). The coupling was applied to the distal inner surface of the liner, to not bias the
radial deformation. Subsequently, the femoral ball head was inserted in a displacement-controlled
manner into the liner to initiate contact (Figure 1e), followed by the application of a realistic hip joint
load (Figure 1f). A load during normal walking (resulting load: 784.8 N) was chosen in accordance
with Bergmann et al. [31] and applied via a reference point to the ball head using a kinematic coupling,
again. The load was divided into the different load compounds in the x-, y-, and z-directions (Fx =

502.3 N, Fy = −78.5 N and Fz = 2048.3 N).

Figure 1. Depiction of the assembly (a) of the 3D finite element model consisting of a hemi-pelvis with
a prepared bone cavity (1), acetabular shell (2), liner (3) and femoral ball head (4). The simulation
was executed in several steps, consisting of the displacement-controlled insertion of the shell (b),
displacement-controlled motion of the liner until the first contact to the shell (c), force-controlled
insertion of the liner (d), displacement-controlled insertion of the femoral ball head (e) and the final
loading, by applying a realistic hip joint load in x-, y- and z-direction (Fx, Fy and Fz) via the femoral
ball head (f). During all simulation steps, the translational degrees of freedom at the sacroiliac joint
were completely fixed (BC-1) and the pubic symphysis was fixed in the y-direction (BC-2).
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The numerical simulations were performed as non-linear static calculations with incremental
loading conditions. The FEA was evaluated in terms of the maximum radial shell and liner deformation
after insertion and subsequent relaxation. Therefore, polar coordinate systems were created along the
rotational axis of the shell and liner, respectively, and circumferential node paths along the inner rim of
the acetabular shell (62 nodes) and liner (47 nodes) were defined and evaluated.

Moreover, the strain distribution over the full surface of the hemi-pelvis was investigated at a
total of 29,923 node points (Figure 2c). It should be noted that only the magnitudes of the strains were
considered and therefore no distinction was made between the compression and tensile strains.

Figure 2. Depiction of the node paths at the inner rim of the shell (a) and liner (b), consisting of 62 and
47 nodes, to analyze the radial deformation in polar coordinate systems. Moreover, the analyzed node
region in terms of strain distribution at the surface of the hemi-pelvis is depicted (c).

The determined logarithmic strains were divided into different strain regions, dependent on the
bone response, based on studies by Biewener [32] and Frost [33], as summarized in Table 2.

Table 2. Values set for bone thresholds and response to particular strain rates [32,33].

Strain (μm/m) Bone Response

<400 Atrophy
400–3000 Bone preserving and building

3000–20,000 Yielding
>20,000 Fracture
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3. Results

3.1. Shell and Liner Deformation

After the insertion into the hemi-pelvis and subsequent relaxation of the shells, the shell made of
CFR-PEEK-15 showed the highest deformation (266.7 μm), followed by the shell made of CFR-PEEK-23
(136.5 μm) and the shell made of titanium, which exhibited the smallest maximum deformation (54.0
μm). Therefore, the deformation of shells made of CFR-PEEK-15 was approx. two and five times the
deformation of shells made of CFR-PEEK-23 and titanium, respectively, while the deformation of a
shell made of CFR-PEEK-23 was approx. 2.5 times higher than the deformation of the titanium shell.
The shells made of CFR-PEEK were compressed in the region of the Os ilium and Os ischium and
expanded in the direction of the acetabular notch (Figure 3a).

Figure 3. Exaggerated radial deformation (mm) at the inner rim of the shell (a) and liners made of
ATZ ceramic (b) and UHMWPE (c) dependent on the chosen shell material and the orientation of the
hemi-pelvis (d). The deformations are depicted in a polar coordinate system and in relation to the
initial radii (Ri).
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The deformation of the shells influenced the radial deformation of the liners, with the largest liner
deformation resulting in combination with the shell made of CFR-PEEK-15, followed by CFR-PEEK-23.
The UHMWPE liners displayed greater deformation compared to ceramic liners. The maximum radial
liner deformations have been summarized in Table 3.

Table 3. Maximum radial liner deformations dependent on the acetabular shell and liner material.

Shell Material Titanium CFR-PEEK-23 CFR-PEEK-15

Liner material Ceramic UHMWPE Ceramic UHMWPE Ceramic UHMWPE
Maximum deformation (μm) 2.0 149.0 1.8 184.7 4.4 180.6

Like the shells, the liners were compressed in the region of the Os ilium and Os ischium and
expanded in the direction of the acetabular notch (Figure 3b,c).

3.2. Strain Distribution

The resulting strains in the hemi-pelvis were influenced by the shell material (Table 4). The
strongest influence could be seen for strains beneath 3000 μm/m. The percentage of nodes in the region
of expected bone loss (<400 μm/m) was higher in shells made of CFR-PEEK, while the percentage of
nodes in a region of bone preservation and building (400–3000 μm/m) was lower. On the other hand,
the percentage of nodes with strains above 20,000 μm/m was higher in shells made of titanium.

Table 4. Comparison of the percentage of analyzed nodes, categorized into the different strain regions
after shell relaxation and dependent on the shell material (Titanium, CFR-PEEK-23 or CFR-PEEK-15).

Strain Region (μm/m) Titanium CFR-PEEK-23 CFR-PEEK-15

<400
(Atrophy) 17.2% 18.2% 18.3%

400 < x < 3000
(Bone preserving and building) 40.6% 39.7% 39.5%

3000 < x < 20,000
(Yielding) 39.8% 40.2% 40.5%

>20,000
(Fracture) 2.4% 1.8% 1.7%

On the macroscopic scale, there were almost no differences of the visible strain distribution
(Figure 4). The strongest alteration of the strain was seen at the acetabular fossa, where the strain
increased when CFR-PEEK was used instead of titanium. Minor deviations were seen at the Os ischium
and Os pubis.

The liner material had a small influence on the strains in the hemi-pelvis after insertion and
subsequent relaxation, with more nodes with a strain beneath 400 μm/m and less nodes between
400 μm/m and 20,000 μm/m, when UHMWPE was used (Table 5). Due to the joint load, the overall
strains increased and the influence of the liner material was compensated (Table 5 and Figure 5). The
percentage of nodes with strains beneath 400 μm/m was reduced up to 73.0%, due to the hip load,
while the percentage of nodes with strains in the range from 400 μm/m to 3000 μm/m and from 3000
μm to 20,000 μm/m increased up to 21.0% and 19.8%, respectively.

After the insertion of the liner, no relevant differences in strain distribution in the dependency of
the shell or liner material were visible on the macroscopic scale. Only small areas near the acetabular
rim showed altered strain distribution due to the shell material (Figure 5a,b). After loading with a hip
joint load, the strains in the acetabulum and the wing of ilium increased strongly (Figure 5c,d). A small
effect of the shell material was seen in the same regions as in the unloaded condition. In Figure 5, only
the shells made of titanium and CFR-PEEK-15 with a liner made of UHMWPE were compared as an
example. The results of the other simulations showed similar strain patterns.
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Figure 4. Strain distribution in the adjacent bone of the hemi-pelvis after relaxation of the acetabular
shell, dependent on the chosen shell material (a) titanium, (b) CFR-PEEK-23 and (c) CFR-PEEK-15.
Differences visible on the macroscopic scale are highlighted in red.

Table 5. Comparison of the percentage of analyzed nodes, categorized into the different strain regions
after liner insertion and after loading in dependency of the acetabular shell and liner material.

Strain Regions
(μm/m)

Load
Scenario

Titanium CFR-PEEK-23 CFR-PEEK-15

Ceramic UHMWPE Ceramic UHMWPE Ceramic UHMWPE

<400
(Atrophy)

Liner
Insertion 17.3% 19.3% 18.9% 20.2% 19.3% 20.6%

Loading 5.3% 5.3% 5.6% 5.5% 5.4% 5.6%

400 < x < 3000
(Bone preserving

and building)

Liner
Insertion 41.1% 39.1% 41.2% 39.9% 41.3% 40.8%

Loading 47.2% 47.3% 48.5% 48.1% 48.0% 48.5%

3000 < x < 20,000
(Yielding)

Liner
Insertion 39.3% 39.3% 38.1% 38.0% 37.7% 36.9%

Loading 45.2% 45.1% 44.1% 44.5% 44.7% 44.2%

>20,000
(Fractures)

Liner
Insertion 2.3% 2.3% 1.8% 1.9% 1.7% 1.7%

Loading 2.3% 2.3% 1.8% 1.9% 1.9% 1.8%
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Figure 5. Comparison of strain distribution in the adjacent bone of the hemi-pelvis after the UHMWPE
liner insertion into the titanium (a) and CFR-PEEK-15 (b) shell, followed by a relaxation. Additional
the alteration of strain distribution after the application of a hip joint load in dependency of the shell
material (c) titanium, (d) CFR-PEEK-15.

4. Discussion

In total hip arthroplasty, the stiffness of modular acetabular cups should be similiar to the adjacent
bone, to avoid stress and strain shielding, that could otherwise lead to subsequent atrophy in the
adjacent bone [5,34]. Compared to titanium, polymer materials are characterized by Young’s modulus
closer to bone and, therefore, might alter the stress and strain distribution to a lesser degree. Particularly,
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reinforced polymers, such as CFR-PEEK, might be a suitable alternative for acetabular cups, as their
material properties can be altered to fit the bones’ properties by varying the proportion of carbon fibers.
However, the reduced stiffness compared to titanium shells might lead to increased acetabular shell
and liner deformation, that can subsequently lead to a reduced clearance, possibly resulting in higher
frictional torques and wear rates [13–16,19,20].

CFR-PEEK has previously been tested in numerical, experimental and in vivo studies as a material
for monolithic cups and liners, but barely as a shell material [7–11,35,36]. Therefore, the purpose of our
current computational study was to evaluate whether the stiffness of two different CFR-PEEK materials
is sufficient to avoid excessive shell and liner deformation when they are used as shell materials for
modular acetabular cups and whether these shells may reduce the strains in the adjacent bone.

Our study is restricted by certain limitations. First of all, only one hemi-pelvis was used in the
current study and, thus, anatomical differences and differences in terms of age-related bone properties
could not be taken into account. In particular, the bone density might be crucial in terms of shell
deformation, even though previous studies concluded that altered bone properties do not influence the
stress distribution greatly [36]. Moreover, the hemi-pelvis was CT-scanned without an additional bone
mineral density phantom. Therefore, the equation to correlate the HU and apparent density had to be
set manually, using additional data from the literature [25,26]. To calculate the Young’s modulus from
the apparent density, an equation based on an equation by Carter and Hayes [27], which was originally
set up to calculate the compressive modulus depending on the apparent density and strain rate, was
used as this equation can be used for cancellous as well as cortical bones. The numerically simulated
hemi-pelvis showed unreasonably small HU in a region in the Os ilium; therefore, a minimum Young’s
modulus of 500 MPa was established, to avoid areas with excessively low modulus. The maximum
Young’s modulus of the cortical bone was set to 20,000 MPa, which is high compared to other studies,
in which the maximal Young’s modulus for cortical bones was set to between 8500 MPa and 18,000
MPa [20,23,36,37]. This is applicable, because the highest HU was defined as the point of maximum
stiffness, but this point still includes naturally occurring deviations in x-ray attenuation which, however,
are compensated over several HU. This still may lead to a slight overestimation of the bone stiffness,
but is favored in order to consider a disadvantageous scenario in terms of acetabular shell and liner
deformations. Moreover, these deformations were not experimentally validated in the current study, as
the simulated hemi-pelvis was not accessible for experimental analysis. It is assumed that a qualitative
comparison between the shells is legitimate, as the evaluated feature for shell and liner deformation, as
well as strain distribution, was the material definition of the shell. Additionally, the material behavior
of the CFR-PEEK was simplified. The CFR-PEEK was simulated as elastic with isotropic behavior,
despite CFR-PEEK being an anisotropic material with its mechanical properties depending on the
carbon fiber orientation. By adjusting the fiber orientation in the direction of strongly loaded areas, the
shell could be strengthened, possibly leading to reduced shell deformations in these areas. Hence, an
advanced material definition should be considered for future investigations. Moreover, it is known
that implants made of CFR-PEEK have to be coated to enable osseointegration in vivo [38–40]. Even
so, it was previously shown that the coating procedure can influence the mechanical properties (e.g.,
yield strength) of PEEK materials [41], the material properties of uncoated CFR-PEEK were used in the
current study in terms of simplification.

Despite these limitations, the current study was suitable for providing an insight into whether
CFR-PEEK can be used as an alternative shell material in the context of acetabular shell and liner
deformation, as well as strain distribution in the adjacent bone. In terms of shell deformation, a
correlation between the shell material stiffness and deformation value was determined, as shown
previously [12]. The determined maximum radial deformation of the titanium shell after insertion
into the bone cavity was 54.0 μm. When the shells made of CFR-PEEK-23 or CFR-PEEK-15 with a
reduced stiffness were simulated, the radial shell deformation increased by about 2.5 times and 5 times,
respectively. In a previous study, the same shell was numerically inserted into bone substitute cavities,
with a diametric press-fit of 2 mm. The deformation of the titanium shell in the present study is about
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three times, and the deformation of the shell made of CFR-PEEK-23 is still about 1.5 times higher
compared to the data of the previous study, even so the diametric press-fit was only 1 mm, indicating
that the simulated hemi-pelvis is stiffer compared to the bone substitute material used before [12]. In
another study, Everitt et al. inserted monolithic cups made of CFR-PEEK with a Young’s modulus of 15
GPa into cavities made of polyurethane foams (20 pcf or 30 pcf), with a diametric press-fit of 1 mm or 2
mm [42]. The monolithic cup was deformed by about 250 μm when inserted into a 1 mm under-reamed
cavity made of 20 pcf polyurethane foams, which is in good agreement with the present deformation
in the case of the shell made of CFR-PEEK-15. When the monolithic cups were inserted in 2 mm
under-reamed cavities or cavities made of 30 pcf polyurethane foams, the deformation doubled [42].
In case of modular cups, an increased shell deformation results in greater liner deformations and
stresses, harboring the risk of reduced clearance, increased frictional torques, incomplete seating and
misalignment, as well as higher wear rates at the articulating surfaces [13–16]. Therefore, a diametric
press-fit above 1 mm or the insertion of acetabular shells made of CFR-PEEK in young patients with
high bone mineral density could be critical in terms of deformation, and the applicability of CFR-PEEK
shells has to be cautiously questioned in these cases. In further investigations, the effect of an increased
press-fit and increased bone mineral density on the implant deformation should be considered. On
the other hand, one advantage of CFR-PEEK is the ability to adjust the material properties for a
specific application. For example, the orientation of the carbon fibers could be altered to create an
anisotropic material that can be used for acetabular shells. It would be conceivable to radially reinforce
the shell in order to avoid strong deformations, while remaining flexible in the direction of the load
application. Another opportunity to alter the mechanical properties of PEEK is by adding various
additives (like TiO2) to the PEEK powder before molding, which can increase the bioactivity and
therefore osseointegration at the same time [43].

The shells were mainly compressed in the contact area at the Os ilium and Os ischium, and
expanded in the direction of the Os pubis and acetabular notch. Therefore, the shell deformation
was consistent with the distribution of the bone density, as the deformation was initiated from the
stiffest region. This is also in line with previous studies, in which similar deformation patterns were
found [13,20,44]. In the present study, only the initial deformation of the shells was determined, even
though creep deformation over time is a well-known problem of polymers. The creep deformation of
shells made of polymers might lead to liner migration and, subsequently, to altered liner deformations
and stresses. In worst-case scenarios, this could lead to increased rates of ceramic liner fractures, as
reported for sandwich liners [45–51]. Therefore, the creep deformation of acetabular shells made of
CFR-PEEK should be considered in future long-term experimental investigations.

The radial liner deformation in the present study was in a range between 149.0 μm (titanium)
and 184.7 μm (CFR-PEEK-23) in case of the UHMWPE liner, and 1.8 μm (CFR-PEEK-23) and 4.4 mm
(CFR-PEEK-15) in case of the ceramic liner after the load-controlled insertion and subsequent relaxation.
Therefore, a linear correlation between shell and liner deformation was not shown, although previous
studies have shown that increased shell deformations lead to the increased deformation of the inserted
liners [12,13,46]. The non-uniform liner deformations might occur due to other factors, like the liner’s
initial seating depth after load-controlled insertion, and a varying bounce-back after the liner relief.

Compared to the above mentioned study [12] in which the same acetabular cups were numerically
inserted into bone substitute cavities, the deformation of the UHMWPE liner was deformed six
times more in case of the titanium shell and 1.5 times in case of the CFR-PEEK-23 shell during the
load-controlled liner insertion. After subsequent relaxation, the liner deformation decreased, but was
still three times and 1.5 times higher, respectively. However, when the determined liner deformations
are compared to typical radial clearance of 300 μm for hard-on-soft bearings [52], the articulation
between a femoral ball head and an UHMWPE liner would not be hampered in combination with
the simulated shell materials. The deformations of the ceramic liner were also influenced by the
chosen shell material, but were less critical regarding the clearance. The maximum radial deformation
of the ceramic liner ranged from 1.8–4.4 μm and, thus, was approximately 20% of a typical radial
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clearance for ceramic-on-ceramic bearings of 20 μm [53]. The maximum determined peak tensile
stress of the ceramic liner (129.9 MPa), arising during load-controlled liner insertion, was nowhere
near a critical value in terms of ceramic fracture as well [54]. However, under unfavorable conditions,
such as an increased press-fit, a decreased wall thickness of the shell, a high bone mineral density,
or increased loads, the radial deformation of the shell would increase, leading to increased liner
deformation, increased stresses and a further decrease of the clearance, especially in the case of the
UHMWPE liners [12–14,17,18,42,44,55–57]. Decreased clearances are known to increase the wear
rates [15] and frictional torques at the articulating surfaces and therefore, might hamper the initial
fixation of acetabular cups [16].

The magnitudes of the strains in the hemi-pelvis were slightly influenced by the stiffness of the
shell material. With the decreasing stiffness of the shells, the proportion of nodes with a strain of less
than 400 μm/m increased, indicating that more nodes are located in a bone resorbing range in the case
of shells made of CFR-PEEK as compared to titanium, with the most affected region detected at the
acetabular fossa. At the regions where the shell is in direct contact with the bone, the highest strains
occurred (overloading), indicating a possible risk of bone fracture during shell insertion. In these
regions, the strains were the lowest when the acetabular shell made of CFR-PEEK-15 was simulated.
However, it is assumed that the determined strains would be reduced in vivo over time, due to the
viscoelastic response of the adjacent bone stock, allowing the re-expansion of the shells [14,56].

Overall, only small effects of the shell material on the strains were determined, supporting the
conclusions of other studies that a simple change in material stiffness is not sufficient to avoid the loss
of acetabular bone [36,58]. The chosen liner material had nearly no impact on the strain distribution
under loading, which is also in line with the findings of other studies [6,59,60].

The strain distribution pattern at the surface of the bone cavity was similar to previous
studies [36,59]. The peak strains occurred at the rim of the reamed bone cavity, and there was
nearly no strain at the acetabular fossa, as shown previously [36,59,61]. In our present FE study, only
the magnitudes were evaluated. We found that the strains in the acetabulum were mainly tensile
strains, except for the surfaces in direct contact to the shell, where compressive strains arose.

In the present study, only three loading states were analyzed: either directly after the shell and
liner insertion with subsequent relaxation (no external loading), or at the peak load of a normal gait
cycle [31,62]. We showed that nodes in the bone sustaining or building region of 400–3000 μm/m
increased up to 21.0% during the loading, compared to the unloaded cup. Therefore, the loading
condition was crucial in terms of strain distribution, as expected, and more loading conditions, such as
stair-climbing, sitting down and standing up, or stumbling, with higher loads and altered loading
directions should be considered in further investigations [63].

5. Conclusions

In conclusion, the deformation of acetabular shells made of CFR-PEEK is more pronounced
as compared to titanium shells during intraoperative insertion, resulting in the increased radial
deformation of liners. However, liner deformations were not critical in terms of the radial clearance
in our present computational study. Particularly, the combination of shells made of CFR-PEEK and
liners made of ATZ ceramic showed only minor differences in implant deformations, as compared to
titanium shells. In terms of strain distribution, only small effects were observed to be dependent on the
shell and liner material, with a greater area of bone being in a bone-sustaining or building region when
CFR-PEEK was used. Therefore, clear advantages in terms of strain distribution were not seen in our
computational study. Acetabular shells made of CFR-PEEK are not likely to replace titanium shells in
case of standard THA. However, as the strain distribution was not impaired and the shell and liner
deformations were not critical, shells made of CFR-PEEK might be a possible alternative in special
cases. However, in our present study only shell and liner deformations as well as strain distribution in
the adjacent bone were considered, but even so, more parameters have to be taken into account before
a final statement can be made about the suitability of acetabular shells made of CFR-PEEK. Therefore,
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further experimental investigations are needed, e.g., to determine the creep and wear properties of
acetabular shells made of CFR-PEEK.
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Abstract: PEEK-OPTIMA™ is being considered as an alternative to cobalt chrome (CoCr) in the
femoral component of total knee replacements. To date, investigations of ultra-high molecular
weight polyethylene (UHMWPE)-on-PEEK have shown an equivalent wear rate to conventional
implant materials under standard conditions. In this study, the third body wear performance of
UHMWPE-on-PEEK was directly compared to UHMWPE-on-CoCr in a series of pin-on-plate studies
using two approaches for third body damage. Damage simulation with particles of bone cement
showed a significant (p < 0.001), four-fold increase in the mean surface roughness of PEEK plates
compared to CoCr. However, wear simulation against the damaged plates showed no significant
difference in the wear of UHMWPE pins against the different materials (p = 0.59), and a polishing
effect by the pin against the PEEK plates was observed. Scratching PEEK and CoCr counterfaces with
a diamond stylus to create scratches representative of severe third body damage (4 μm lip height)
resulted in a significantly higher (p = 0.01) wear of UHMWPE against CoCr compared to PEEK and
again, against PEEK plates, polishing by the UHMWPE pin led to a reduction in scratch lip height.
This study shows that in terms of its wear performance under third body wear/damage conditions,
UHMWPE-on-PEEK differs from conventional knee replacement materials.

Keywords: biomaterials; arthroplasty; orthopaedic tribology; experimental simulation; total knee
replacement; PEEK-OPTIMA™; UHMWPE; third body wear

1. Introduction

Total knee replacement (TKR) is a highly successful procedure with >90% survival at 10 years [1];
however, up to 20% of patients may be dissatisfied with their procedure [2]. When considering how to
improve patient satisfaction, the materials from which the implant is manufactured is one potential
variable to be considered. PEEK-OPTIMA™ (poly-ether-ether-ketone) has recently been investigated
as an alternative to cobalt chrome (CoCr) for use in the femoral component of TKR [3–5]. There are
a number of potential advantages of using PEEK in this application. For example, the Young’s modulus
of the PEEK femoral component (~3.7 GPa) is more similar to that of bone (0.001–20 GPa) than a CoCr
femoral component (~210 GPa), giving the potential for a reduction in stress shielding, which can lead
to bone resorption particularly behind the anterior flange of the implant and, hence, increase the risk of
implant loosening [6]. In addition, an all-polymer implant would be lighter weight than conventional
materials and more similar to the weight of the natural joint.

Several in vitro pin-on-plate and whole joint simulation studies have been carried out investigating
the wear performance of the PEEK-on-ultra-high molecular weight polyethylene (UHMWPE) bearing
couple and have demonstrated an equivalent rate of wear for this bearing couple compared to
CoCr-on-UHMWPE for a well-positioned implant tested in a clean environment under standard
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conditions [3,7,8]. In addition, an in vivo large animal study has also investigated the potential to use
PEEK in an all-polymer TKR [9,10]. Despite this animal study being relatively short-term, no problems
were encountered with fracture or fixation of the device; there was, however, an inflammatory response
but, due to the lack of a control group (metal-on-polyethylene implant), it is not known whether
a similar response would occur if conventional TKR materials were implanted in this animal model.
Having obtained promising initial results, prior to the clinical adoption of the device, it is important to
consider how the implant will respond under a wider envelope of clinically relevant conditions [11].
In this study, the influence of third body wear on UHMWPE-on-PEEK-OPTIMA™ in a simple geometry
pin-on-plate configuration has been considered.

Third body wear can occur when hard particles such as bone cement particles, bone fragments or
other particulate materials become trapped between the articulating surfaces of an implant causing
damage to the joint surfaces and accelerating implant wear. Two approaches have been taken for
the simulation of third body wear of arthroplasty bearing materials. One approach has been to
introduce clinically relevant particles such as polymethyl methacrylate (PMMA) cement into the
articulating interface [12]; an alternative approach has been to inflict third body damage directly
to the surface(s) either by scratching the surface of the implant directly using a diamond stylus,
which gives close control of the position and geometry of the scratches [13], or by abrading the
component bearing surface producing a random orientation of scratches [14]. There are advantages
and limitations to these approaches. Protocols using particles to replicate third body damage can
more closely represent the clinical situation; however, controlling the particles trapped between the
articulating surfaces can be difficult especially in the knee where the low conforming nature of the
articulating surfaces may lead to particles being ejected from the joint. In bearing couples containing
polymeric implant materials, if particles become embedded in the polymer, assessing wear of the
polymer gravimetrically can be unreliable. Scratching the surface of the implant directly can give more
consistent and reproducible damage. Controlling the lip height of the scratches, which is the variable
that most influences polyethylene wear in metal-on-UHMWPE configurations, using a method such as
a diamond stylus allows the scratch geometry to be optimised to more closely replicate observations of
retrieved implants [15]. However, this approach could be considered a less clinically relevant method
for simulating third body damage than using particles.

Whilst carrying out whole joint wear simulation studies is optimal, valuable information can
be gained from pin-on-plate studies. By simplifying component geometries and applied loads and
motions, the influence of individual variables can be investigated [15]. The aim of this study was
to investigate the influence of third body damage on the wear of UHMWPE-on-PEEK-OPTIMA™
in simple geometry pin-on-plate wear simulation. Third body damage was simulated using two
approaches: (1) using particles of PMMA cement and (2) scratching the implants directly using
a diamond stylus. When considered together, the outcomes of these two approaches can give a better
understanding both of how third body particles can damage the articulating surfaces, and how different
magnitudes of damage can influence wear. For all the studies, the wear of UHMWPE-on-PEEK was
directly compared to conventional knee implant materials, UHMWPE-on-CoCr, which were tested in
parallel. It was hypothesised that, because of the different material properties of PEEK compared to
CoCr, the third body wear behaviour of the two material combinations would differ.

2. Materials and Methods

The studies were split into two phases, first carrying out damage simulation (using each method)
before determining the wear factors of UHMWPE against the damaged surfaces. This two-phase
approach has been adopted in previous third body wear simulation studies [15,16].

2.1. Materials

The pins used were GUR 1020 UHMWPE (conventional, non-sterile) machined into a truncated
cone with either 3 mm or 8 mm flat contact face for damage or wear simulation, respectively. The plates
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were either injection moulded, implant grade, unfilled (natural) PEEK-OPTIMA™ (Invibio Ltd, UK),
initial surface roughness (Ra) ~0.02 μm or CoCr, polished to an initial Ra < 0.01 μm. To create damage
with particles, Palacos R + G PMMA cement (Heraeus, Germany) was mixed and cured in a block as
per the manufacturers’ instructions before turning and crushing with a mortar and pestle to create
particles, which were sieved within a size range of 500–1000 μm diameter. The particle size range used
was within a clinically relevant range [17].

2.2. Methods

2.2.1. Damage Simulation: Third Body Damage with PMMA Cement Particles

The protocol used for damage simulation with particles was adapted from previously described
studies [15,16]. In brief, the PEEK or CoCr plate was clamped onto a sliding table mounted on the
platen of an Instron materials testing machine (Instron, MA, USA). The PMMA cement particles
described above were trapped (in excess) between a UHMWPE pin (3 mm diameter contact face)
and the plate; before a load of 120 N was applied axially through the pin. Then, using the Instron
materials testing machine, the plate was pulled beneath the pin for 15 mm at a speed of 8 mm/s to
create third body damage. Five regions of damage were created on each plate with a spacing of 3 mm,
the particles were passed over the plate 5 times in each region of damage. Third body damage was
created perpendicular to the direction of the subsequent wear test (Figure 1a).

 

 

  

Figure 1. (a) Schematic showing the respective directions of the damage simulation and wear simulation;
(b) schematic showing the profile of a 1 μm scratch created with a diamond stylus and the lip height
measurement taken.

2.2.2. Damage Simulation: Third Body Damage Created Using a Diamond Stylus

To create a scratch in the plates with a reproducible geometry, the plate was set up on a sliding
table as described for the particle method, a stylus with a 200 μm radius diamond tip was axially
loaded and the plate pulled beneath the stylus to create scratches. On each plate, 5 scratches were
created running perpendicular to the direction of the wear study (Figure 1a). The lip height of the
scratches was adjusted to either 1, 2 or 4 μm by changing the load applied to the stylus (Table A1 in
Appendix A) [18].

2.2.3. Pin-on-Plate Wear Simulation

Wear simulation was carried out using a six-station multi-axial pin-on-plate reciprocating rig and
aimed to replicate the average contact pressure and cross-shear ratio in a total knee replacement [19].
The plate was mounted in a lubricant-containing bath, which reciprocated over a length of 20 mm
at 1Hz, and as the bath reciprocated, the UHMWPE pin rotated (±20◦) via a rack and pinion
mechanism. a constant axial load of 160 N was applied through the pin (8 mm flat contact face)
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to give an average contact pressure of 3.18 MPa consistent with previous wear simulation of the
UHMWPE-on-PEEK bearing couple [8]. All wear simulation studies were carried out using 25%
bovine serum supplemented with 0.03% sodium azide solution as a lubricant and were carried out
under rig running (room) temperature conditions as previously described and optimised for the
UHMWPE-on-PEEK bearing couple [8]. Prior to the start of the study, the UHMWPE pins were soaked
for a minimum of 2 weeks to maximise water uptake prior to cleaning and weighing using an XP26
digital microbalance (Mettler Toledo Inc., OH, USA) with a resolution of 1 μg. Measurements of
each pin were taken until 5 consecutive measurements were within ± 5 μg and an average of these 5
measurements taken. Studies were carried out for 1 million cycles (MC) with gravimetric analysis
of the UHMWPE pins every 0.3 MC. The weight loss of the pins was converted to a volume loss (V)
using two unloaded soak controls to compensate for the uptake of moisture by the polyethylene and
a density of 0.934 mg/mm3 for GUR 1020 UHMWPE. The wear factor (k) was calculated using the
sliding distance for the test (X) and the applied load (P) as shown in Equation (1).

k = V/PX, (1)

For both methods of damage simulation, the wear of the UHMWPE pins against the plates which
had undergone damage simulation was compared to that against undamaged, polished plates which
served as a control. In the second approach (scratching using a diamond stylus), these plates are
referred to as 0 μm lip height.

The surface topography of the plates was assessed pre- and post-test using a contacting Form
Talysurf (Taylor Hobson, Leicester, UK) with a 2 μm conical tipped stylus. To analyse the surface
roughness, a Gaussian filter was applied to the measurements and a 0.25 mm upper cut-off used
as described in the ISO standard [20]. The surface roughness parameter of interest was the mean
surface roughness (Ra). Measurements were taken both perpendicular to the direction of damage
simulation (A) and perpendicular to the direction of the wear test (B) as shown in Figure 1a. The lip
height (Figure 1b) of the scratches was also assessed by carrying out LS line form removal and primary
analysis. For third body damaged plates, the density of the scratches within a given lip height range
was calculated and expressed as the number of scratches per mm both after damage simulation and
after the subsequent wear test. For this analysis, a threshold was applied whereby scratches with a lip
height of <0.1 μm were not measured as they were considered too indistinct from the background
topography of the plate to be reliably measured. For the plates scratched with a diamond stylus, the lip
height of each scratch was measured at 5 points, scratches with a lip height less than 0.2 μm were
not measured.

At the conclusion of the studies, images of the wear scars on the PEEK and CoCr plates were
taken using an optical profiler, Alicona G5 IF (Graz, Austria) with 5×magnification.

A minimum of 3 sets of samples were used for each material configuration for each of the
two approaches. The mean wear factor of the UHMWPE pins, the mean surface roughness (Ra)
and the mean lip height of the scratches on the plates was determined with 95% confidence limits.
Statistical analysis was carried out using a one-way ANOVA to compare the two configurations of
UHMWPE-on-PEEK to UHMWPE-on-CoCr with significance taken at p < 0.05.

The data associated with this article is openly available from the University of Leeds Data
Repository [18].

3. Results

3.1. Third Body Damage with PMMA Cement Particles

Having carried out third body damage simulation with PMMA cement particles, on the surface of
all 3 PEEK plates, there was a high density of linear scratching visible in the region of damage; for CoCr,
on one plate, scratching was visible, and on the other plates, there was little evidence of damage
(Figure 2). Surface roughness measurements taken perpendicular to the direction of damage simulation
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(A) showed a significant increase of more than four-fold (p < 0.001) in mean surface roughness of
the PEEK plates compared to CoCr (Table 1). Inspection of the plates showed no evidence of PMMA
cement particles becoming embedded in the surface of the PEEK.

Figure 2. Representative images of the CoCr and PEEK plates following damage simulation with PMMA
cement particles and wear simulation taken using an Alicona G5 IF with 5×magnification. (a,b) CoCr
plates. In (b), scratches caused by the PMMA cement particles are more clearly visible; in both images,
isolated scratches from the wear simulation can be seen. (c) a PEEK plate. The polishing and scratching
from the wear simulation is visible running perpendicular to the direction of damage simulation.
Scale bars represent 2 mm, arrows denote directions of damage simulation and wear simulation.
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Table 1. Mean surface roughness (Ra), μm (± 95% confidence limits) of cobalt chrome and PEEK plates,
pre-test, after damage simulation with polymethyl methacrylate (PMMA) cement particles and after
wear simulation. Measurements were taken either perpendicular to or parallel to the direction of
damage simulation (N = 3). Statistical analysis to compare ultra-high molecular weight polyethylene
(UHMWPE)-on-PEEK to UHMWPE-on-CoCr, * denotes p < 0.05.

Direction
Cobalt Chrome PEEK-OPTIMA™

Pre-Test
After Damage

Simulation
with Particles

After Wear
Simulation

Pre-Test
After Damage

Simulation
with Particles

After Wear
Simulation

Control
test

Perpendicular to
damage simulation (A) 0.013 ± 0.001 0.014 ± 0.004 0.014 ± 0.001 * 0.019 ± 0.006

Perpendicular to wear
test (B) 0.013 ± 0.000 0.028 ± 0.030 0.019 ± 0.001 * 0.092 ± 0.159 *

Damage
simulation

Perpendicular to
damage simulation (A) 0.011 ± 0.014 0.012 ± 0.015 0.011 ± 0.009 0.006 ± 0.002 0.054 ± 0.006 * 0.018 ± 0.008

Perpendicular to wear
test (B) 0.011 ± 0.015 0.012 ± 0.016 0.014 ± 0.004 0.018 ± 0.001 0.023 ± 0.002 * 0.098 ± 0.164

In the control tests, after one MC wear simulation, the articulation of the pin against the polished
plates caused discrete linear scratches on the CoCr plates and a higher density of scratches on the PEEK
plates, resulting in a significantly higher post-test mean surface roughness of PEEK compared to CoCr
(p = 0.03) (Table 1). Following wear simulation against the damaged plates, burnishing could be seen
on the PEEK plates, where the scratches in the PEEK as a result of the damage simulation had been
polished out leaving a defined wear scar (Figure 2c). However, within the wear scar, there was evidence
of scratching from the articulation of the UHMWPE pin against the PEEK plate. On the CoCr plates,
some discrete scratching was evident as a result of the wear simulation. At the conclusion of the study,
there was no significant difference (p = 0.07) in the mean surface roughness of the PEEK and CoCr plates
when measured either perpendicular to the damage simulation (A) or perpendicular to the direction of
the wear test (B) (p = 0.09). However, despite there being no significant difference in the measurements,
when measured perpendicular to the wear simulation, the mean surface roughness of the PEEK was
much higher than that of CoCr (more than six-fold) with greater variability in the measurements.

In the control test, the mean wear factor with 95% confidence limits of the UHMWPE pins against
smooth CoCr and PEEK plates was similar (p = 0.84) at 1.88 × 10−7 ± 0.92 × 10−7 mm3/Nm and
1.97 × 10−7 ± 1.52 × 10−7 mm3/Nm, respectively (Figure 3). Against third body damaged CoCr plates,
the wear of the UHMWPE pins was 2.24 × 10−7 ± 1.41 × 10−7 mm3/Nm; against third body damaged
PEEK plates, wear was 1.93 × 10−7 ± 1.82 × 10−7 mm3/Nm. There was no significant difference (p = 0.59)
in the wear factors of the UHMWPE against the different material types and for all tests, the wear of
the UHMWPE pins was linear.
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Figure 3. Mean wear factor (mm3/Nm) of UHMWPE pins (± 95% confidence limits) against smooth
(control) CoCr and PEEK-OPTIMA™ plates and plates which had undergone damage simulation with
particles of PMMA cement (n = 3).

Analysis of the lip height of the scratches (Figure 4) showed that on the CoCr plates, lip heights
were primarily in the 0.1–0.2 μm range both before and after damage simulation. For the PEEK plates,
after damage simulation, most scratch lip heights were between 0.2 and 0.4 μm but some were as large
as 0.8 μm, then after wear simulation, scratch lip heights were smaller and predominantly in the range
of 0.1–0.2 μm.
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Figure 4. Mean number of scratches per mm (± 95 % confidence limits) within given lip height ranges
on cobalt chrome and PEEK plates. Measurements taken post damage simulation and post wear test,
(n = 3).

3.2. Third Body Damage Created Using a Diamond Stylus

To adjust the lip height of the scratches created, the load applied to the diamond stylus was varied.
To create scratches in the PEEK plates of the same magnitude as the CoCr, a lower load, approximately
one-quarter of that required to create scratches in the CoCr was applied to the stylus (Table A1 in
Appendix A) [18]. The magnitude of the lip heights created in the PEEK plates was more difficult to
control than in the CoCr so variability in the lip heights was greater (Figure 5 and Table 2).
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Figure 5. Mean wear factor (mm3/Nm) ± 95% confidence limits of UHMWPE pins tested against
PEEK-OPTIMA™ and cobalt chrome plates scratched with a diamond stylus as a function of pre-test
(initial) lip height, μm (± 95% confidence limits).

Table 2. Mean lip height, μm (± 95% confidence limits) of scratches on PEEK-OPTIMA™ and cobalt
chrome plates taken pre- and post- wear simulation (minimum N = 3). Statistical analysis to compare
PEEK to CoCr, * denotes p < 0.05.

Lip Height (μm)
Cobalt Chrome PEEK-OPTIMA™

Pre-Test Post-Test Pre-Test Post-Test

1 1.35 ± 0.09 1.23 ± 0.16 1.11 ± 0.38 0.66 ± 0.66 *
2 2.19 ± 0.15 1.99 ± 0.16 2.82 ± 0.57 * 1.31 ± 0.70 *
4 4.25 ± 0.59 4.13 ± 0.44 4.22 ± 1.12 1.79 ± 1.02 *

After 1 MC wear simulation, discrete scratches were visible in the wear scars on the CoCr plates;
whereas a polished region was evident and there was a visible reduction in the lip height of the
scratches in the PEEK plates (Figure 6).
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Figure 6. Representative images of CoCr (a) and PEEK (b) plates taken using an Alicona G5 IF with
5×magnification. The plates were scratched with a diamond stylus to create a scratch lip height of 4
μm, then 1 million cycles (MC) wear simulation was carried out perpendicular to the direction of the
scratches. Scale bar represents 1 mm.

The mean wear factors of the UHMWPE pins against the scratched plates are shown in
Figure 5. With no scratches on the plates (0 μm lip height), the wear of the UHMWPE against
CoCr (3.4 × 10−7 ± 8.2 × 10−7 mm3/Nm) and PEEK (3.9 × 10−7 ± 5.3 × 10−7 mm3/Nm) was similar
(p = 0.64); when scratches were created in the plates with a lip height of 4 μm, the wear of UHMWPE
was significantly higher (p = 0.01) against CoCr than against PEEK at 9.7 × 10−7 ± 4.3 × 10−7 mm3/Nm
and 3.8 × 10−7 ± 4.4 × 10−7 mm3/Nm, respectively, there were no significant differences (p > 0.05) in
wear factor for the 1 and 2 μm lip height conditions.

The lip heights of the scratches were assessed pre- and post-test. For the pre-test measurements,
there was no significant difference (p < 0.05) between the lip height of the scratches in PEEK and CoCr
for 1 or 4 μm. Post-test, the lip height of the scratches in the PEEK was significantly lower (p < 0.05)
than in the CoCr for all scratch lip heights investigated due to the polishing effect of the pin against the
plate (Table 2).

Surface roughness measurements taken perpendicular to the direction of wear simulation (B)
between the scratches created with a diamond stylus are shown in Table 3. Pre-test, the mean surface
roughness of the PEEK plates was significantly higher (p > 0.05) than the CoCr plates. After one MC
wear simulation, there was a high density of linear scratching on the PEEK plates, and discrete scratches
visible on the CoCr plates, resulting in a significantly higher (p < 0.05) mean surface roughness of the
PEEK plates compared to CoCr.
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Table 3. Mean surface roughness (Ra), μm (± 95% confidence limits) of PEEK-OPTIMA™ and cobalt
chrome plates taken perpendicular to the direction of wear simulation (B) pre- and post- wear testing.
Statistical analysis to compare PEEK to CoCr, * denotes p < 0.05.

Lip Height (μm)
Cobalt Chrome PEEK-OPTIMA™

Pre-Test Post-Test Pre-Test Post-Test

0 0.004 ± 0.001 0.027 ± 0.031 0.019 ± 0.004 * 0.540 ± 0.236 *
1 0.004 ± 0.001 0.008 ± 0.004 0.030 ± 0.012 * 0.729 ± 0.327 *
2 0.004 ± 0.001 0.019 ± 0.016 0.025 ± 0.007 * 0.616 ± 0.506 *
4 0.004 ± 0.001 0.019 ± 0.026 0.025 ± 0.008 * 0.839 ± 0.519 *

In both studies, the PEEK plates were weighed at each measurement point; however, despite
extensive pre-test soaking (>90 days in sterile water [21]), due to inconsistencies in moisture uptake by
the PEEK [22], it was not possible to assess wear and the data was considered unreliable.

4. Discussion

The aim of this study was to investigate the influence of third body damage on the wear of
UHMWPE-on-PEEK in a simple geometrical configuration. Two approaches were used to simulate
third body damage: using particles of PMMA cement to create damage and scratching the implant
surfaces directly with a diamond stylus prior to carrying out multi-directional pin-on-plate wear
simulation against the damaged counterfaces. The wear of UHMWPE-on-PEEK was compared to
UHMWPE-on-CoCr in studies carried out in parallel. It was hypothesised that the third body wear
performance of UHMWPE-on-PEEK would differ to that of UHMWPE-on-CoCr.

Simulating third body damage with particles of PMMA cement caused light scratching on one of
the three CoCr plates, which highlights the difficulty in controlling the particles trapped between the
pin and plate to create reproducible third body damage using a particle method. Following damage
simulation, the mean surface roughness of the plates was twice that reported by Cowie et al. [16] where
third body damage simulation was carried out using a similar method. This higher surface roughness
may be attributed to differences in the composition of the cement used. In the previous study, the cement
used contained 10% barium sulphate as a radiopacifier, whilst in this study, the cement contained
14.75% zirconium dioxide. Whilst both barium sulphate and zirconium dioxide are commonly used
additives to improve the visibility of bone cement under x-ray, previous third body wear simulation
studies have shown the harder zirconium dioxide agglomerates to cause more damage to metallic
counterfaces than barium sulphate [23]. This may account for the higher surface roughness of the
plates following damage simulation in this study compared to previous work. Simulating third body
wear with cement particles against PEEK plates gave a significantly higher mean surface roughness
of the PEEK plates, which, therefore, indicates a reduced scratch resistance of PEEK compared to
CoCr. Previous wear simulation studies of scratched metallic counterfaces have shown that it is
the lip height of scratches in the metal that influences the wear of UHMWPE and that, to increase
polyethylene wear, the scratch lip height must exceed a critical value [15,24]. When compared to
control tests carried out against smooth plates, the damage simulation protocol used in this study did
not generate scratches with a lip height of sufficient magnitude to influence the wear of UHMWPE
against either damaged PEEK or CoCr plates. The wear factor of the UHMWPE pins in the control
study was similar to that previously reported under comparable conditions [8]. It is interesting to
note that the variability in the data was consistently larger in the UHMWPE-on-PEEK bearing couple
compared to UHMWPE-on-CoCr and that following third body damage simulation, the variability in
the data was further increased for both material combinations. This higher variability suggests that
larger sample sizes and further testing under a wider range of conditions may need to be considered to
fully understand the wear performance of the bearing couple.

Scratching the counterfaces with a diamond stylus allowed the geometry of the scratches to be
more closely controlled. Previous studies have shown the lip height of scratches on retrieved hip and
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knee implants to be in the range of 0.01–4.1 μm [25,26] and experimental studies have shown larger
scratch lip heights, up to 4 μm, to increase the wear of both hip [27] and knee implants [28]. To create
a scratch of the same lip height in PEEK, a lower axial load was applied to the diamond stylus against
the PEEK plates compared to CoCr due to the lower hardness of the PEEK polymer (Table A1) [18].
For both materials, there was a linear relationship between the load applied to the stylus and the lip
height of the scratch created. Greater control of the lip height could be achieved in CoCr plates, where
the scratch lip heights also had a more consistent geometry.

Against polished plates, there was no significant difference in the wear of UHMWPE against
PEEK or CoCr. Scratches of 1 or 2 μm lip height in CoCr did not increase the wear of UHMWPE
compared to polished control plates; however, with lip heights of 4 μm, the wear of UHMWPE was
higher. This exponential relationship between scratch lip height and wear has previously been reported.
Minakawa et al. showed scratches with lip heights below 0.5 μm to have a wear factor similar to that
of polished plates; with larger lip heights (1 μm), a dramatic increase in wear factor was seen [15],
and Lancaster et al. showed a similar relationship between Ra and wear factor [24]. In this study,
a larger lip height (4 μm) was necessary to significantly increase the wear rate of the polyethylene,
perhaps due to the differences in the grade of polyethylene used. When investigating the influence of
scratch lip height in PEEK on the wear of UHMWPE, a different trend was seen. In the PEEK plates,
a polishing effect of the pin against the plate was seen and the wear factor of the UHMWPE did not
increase with lip height. When a 4 μm lip height was created in PEEK plates, the wear factor of the
UHMWPE was significantly lower (p < 0.05) than when a scratch of similar magnitude was created in
CoCr. This difference in wear performance can be attributed to the different hardness of the PEEK and
CoCr materials.

Independent control tests were carried out for each of the damage simulation methodologies
used and the different wear factors obtained may be attributable to the studies being carried out using
different experimental rigs, slight differences in the composition of the cobalt chrome, the polymers
used being from different batches and/or the studies being carried out by different researchers. It is,
however, a strength of the study that independent control tests were carried out for each method.

There were a number of limitations that should be considered in the interpretation of this study.
Firstly, this was a fundamental study carried out in a pin-on-plate configuration using simplified
geometries of components and whilst the input kinematics replicated the average cross-shear and contact
pressure in a total knee replacement [29]. The loading and motion profiles were simplified and consistent
with previous studies [8], and it is not known whether the results would be replicated in a clinical
setting. The components used were not sterilised or cross-linked; however, sterilisation by ethylene
oxide, which is commonly used for TKRs, has been shown not to influence mechanical properties or
induce crosslinking in polyethylene and, therefore, does not influence wear [30]. The sample size was
small. In some cases, three repeats were carried out; however, it was deemed that a sufficiently large
number of samples were tested to show the polishing effect of the UHMWPE pin against the PEEK
plates scratched either with particles or a diamond stylus. This polishing effect did not occur in the
UHMWPE-on-CoCr studies. It is also unclear whether the scratching on the PEEK plates after damage
simulation or the polishing of the scratched regions of the plate by UHMWPE pins would contribute
to an increase in PEEK wear or wear debris and whether in vivo this would accelerate osteolysis,
as the inconsistent moisture uptake of PEEK made gravimetric analysis unreliable [8,22]. It is also
likely that the relationship between scratch lip height and wear would be different for other grades
or compositions of UHMWPE, particularly when articulating against CoCr or with the introduction
of different kinematic conditions or geometries of components. Finally, this was a short-term study.
When investigating damage simulation with particles, the particles were passed over the plate five
times in each region of damage; and in the wear simulation, studies were limited to 1 MC.
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5. Conclusions

Simulating third body damage with PMMA particles did not influence mean surface roughness
enough to increase the wear of UHMWPE against either CoCr or PEEK. On the PEEK plates, a polishing
effect of the UHMWPE pin against the scratched plate was observed.

When scratches with a lip height of greater magnitude were created directly on PEEK and CoCr
plates, an exponential increase in UHMWPE wear factor was observed with increasing lip height
against CoCr plates; whereas against PEEK plates, increasing lip height did not have a similar influence
on the wear factor of UHMWPE.
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Appendix A

Table A1. Load applied to a 200 μm radius diamond stylus to create scratches of a known geometry in
PEEK and cobalt chrome plates.

Intended Lip Height of
Scratches

PEEK-OPTIMA™ Cobalt Chrome

Weight Applied to
Diamond Stylus (Kg)

Actual Lip Height
of Scratches (μm)

Weight Applied to
Diamond Stylus (Kg)

Actual Lip Height
of Scratches (μm)

1 μm 0.51 1.11 ± 0.38 2.08 1.35 ± 0.09
2 μm 0.71 2.82 ± 0.57 2.99 2.19 ± 0.15
4 μm 1.02 4.22 ± 1.12 4.90 4.25 ± 0.59
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Abstract: How to proceed with a clinically asymptomatic modular Metha®Ti alloy stem with dual
taper CoCr neck adapter in case of acetabular revision? To systematically answer this question
the status of research and appropriate diagnostic methods in context to clinically symptomatic and
asymptomatic dual taper stem-neck couplings has been evaluated based on a systematic literature
review. A retrieval analysis of thirteen Metha®modular dual taper CoCr/Ti alloy hip stems has
been performed and a rational decision making model as basis for a clinical recommendation was
developed. From our observations we propose that in cases of acetabular revision, that for patients
with a serum cobalt level of> 4μg/L and a Co/Cr ratio> 3.6, the revision of the modular dual taper stem
may be considered. Prior to acetabular revision surgery a systematic diagnostic evaluation should
be executed, using specific tests such as serum metal (Co, Cr) ion analysis, plain antero-posterior
and lateral radiographs and cross-sectional imaging modalities (Metal Artefact Reduction Sequence
Magnetic Resonance Imaging). For an asymptomatic Metha®dual taper Ti alloy/CoCr stem-neck
coupling at the stage of acetabular revision careful clinical decision making according to the proposed
model should be followed and overreliance on any single examination should be avoided, considering
the complete individual differential diagnosis and patient situation.

Keywords: total hip arthroplasty; dual taper modular hip stem; acetabular revision; asymptomatic
stem modularity; decision making model; threshold

1. Introduction

Failure of total hip arthroplasty (THA) is a relatively rare condition and the most common causes
for revision are aseptic loosening, dislocation, septic loosening and peri-prosthetic fractures [1,2]. For
a better adaptation to different diaphyseal and extra-diaphyseal anatomical conditions a modular
dual taper neck design was clinically introduced for primary THA by Toni et al. [3] in 1995. Using an
anatomic cementless stem design in combination with a modular rectangular tapered neck adapter in
a consecutive series of 216 hip arthroplasties they reported a survival rate of 98.6% at 5 years including
all implant related complications [3]. Clinical benefits of modular dual taper neck adapter hip stems
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are the restoration of the hip centre of rotation in combination with an adequate soft tissue balancing
in complex anatomical, muscular and ligamenteous patient situations [4–6]. For anatomic differences
between specific patients (e.g., dysplasia), as well as different hip morphologies in males and females
in regard to femur size, Caput-Collum-Diaphysis (CCD) angle, femoral offset and anteversion [7],
these designs allow to adjust the native femoral anteversion and offset to restore an adequate abductor
muscles lever arm [5], limb length [7] and patients’ original biomechanics [8], independently of the
stem size and femoral fixation [6,9]. In an exploratory study on 684 mono-bloc and 125 THAs with
a modular neck in patients dedicated to a rapid recovery programme based on selected cases with
primary arthritis in an otherwise anatomically normal hip joint, Gerhardt et al. [10] did not find a clear
benefit in restoring hip geometry and dislocation rate—only the abductor moment arm which is closely
correlated to the femoral offset was better reconstructed in the modular neck adapter cohort. For this
“straightforward“ THA the exclusion criteria were profound acetabular dysplasia, discrepancy in leg
length or anatomical deformities of the proximal femur [10].

The mid- to long-term clinical results for some modular dual taper stem designs are comparable
to the implant survivorship of mono-bloc cementless stem designs [7,9,11–15]. Examining the
effectiveness of neck modularity in THA considering sex differences in hip morphology, Traina et al. [7]
retrospectively reviewed the clinical results of 2131 modular stems implanted in 1051 men and 1080
women. They reported an estimated Kaplan-Meier survival rate at 11 years of 97.6% for men and
96.0% for women without any modular Ti neck failures [7]. In a series of demanding THA procedures
with developmental dysplasia of the hip in 47 patients with 61 modular neck stems with an average
follow-up of 117.2 months (range 57–167) Traina et al. [9] reported a cumulative survival of 97.5%
at 11 years (one ceramic liner fracture). Analysing the long-term survivorship and complication
rate of a cementless modular neck primary stem design in the data base of the Emilia-Romagna
registry of orthopaedic prosthetic implants, Fitch et al. [12] found for 692 modular THAs implanted in
26 orthopaedic units an overall Kaplan-Meier survivorship of 95.8% at 12 years follow-up, similar to
the 96.1% for all mono-bloc cementless stem designs implanted during the same period.

A major disadvantage of dual taper modular hip stems is the additional interface at the neck-stem
junction, increasing the risk for fatigue fracture, fretting, crevice corrosion and metal particle and ion
release [6,16–22]. For Ti alloy hip stem designs with Ti alloy neck adapters, the main implant-related
clinical failure mode is fatigue fracture of the neck taper in the highly stressed neck-stem junction
due to fretting corrosion, local stress concentration and crack initiation by multi-directional bending
and torsion [16,23–27]. For CoCr neck adapters only few fatigue failures have been reported clinically
for a Profemur Z titanium alloy stem (Profemur Hip System, Wright, Arlington, TN, USA) with long
8◦ varus type CoCr alloy modular necks in overweight or obese patients with considerable physical
activity [28–30]. For CoCr neck adapters, the main clinical failure mechanism is the generation of
particulate Co and Cr wear debris and metal ion release from the neck adapter due to tribo-corrosion, that
may cause adverse local tissue reactions (ALTR) [17,31–34] like osteolysis, metallosis and pseudo-tumor
formation in the surrounding tissue [19,35,36] as well as elevated serum ion levels [17,33,37–39] and
systemic toxicity [40,41]. This failure mode is predominantly occurs in mixed CoCr neck/Ti alloy stem
junctions [31,33,39,40,42–44], but has also been described for Ti alloy/Ti alloy dual taper stems [37,38]
and single alloy CoCr couplings [45,46].

In a previous study [16] clinical fatigue failures for a short modular Ti alloy stem in combination
with a Ti alloy neck adapter and the influence of the implant material on the endurance behaviour
have been described. The current study is focused on the evaluation of possible clinical failure modes
related to the effects of particulate debris and ion release due to mechanically assisted fretting and
crevice corrosion from the same stem in combination with a CoCr neck adapter in order to derive a
clinical decision making model.

2. Objectives

The objectives of our study therefore to attempt to answer the following questions:
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1) Which suggestions are given in literature how to proceed with clinically symptomatic
and asymptomatic dual taper stem-neck couplings?—Status of research and appropriate
diagnostic methods.

2) What are the relevant findings based on neck adapter retrievals of the Metha®dual taper CoCr/Ti
alloy hip stem design?

3) How to proceed with a clinically asymptomatic dual taper modular hip stem in case of acetabular
revision?—Definition of a rational decision making model as basis for a clinical recommendation.

3. Literature on Symptomatic and Asymptomatic Dual Taper Hip Stems

Searching for total hip arthroplasty with dual taper or bi-modular neck adapters in combination
with crevice or tribo-corrosion, particle release, metallosis or adverse local tissue reactions we performed
a systematic review in PubMed and EMBASE to present an actual literature overview (time frame
1 January 2006 to 31 January 2020). We found after removal of duplicates n = 281 publications, within
n = 166 are not related to the topic of dual taper hip stems. Undergoing a systematic full text
review based on n = 115 publications we found n = 75 suitable publications and identified additional
n = 20 publications (registry reports, conference proceedings, et al.) from our internal database
including in total n = 95 studies into the meta-analysis (Scheme 1).

Scheme 1. Systematic literature review (Embase n = 284 publications) and studies included in
meta-analysis (n = 95).

In a review, Mistry et al. [19] postulated etiologies like modular head-neck or neck-stem
junctions wear, corrosion damage and metal ion release as “trunnionosis”, a cause of failed total
hip arthroplasties [47]. They described the effects of the femoral head size as well as the trunnion
design and localized biological reactions associated with trunnionosis [19]. Jacobs et al. [17] described
a variety of factors, like head size, taper geometry, material composition, metallurgical processing,
surface finish, neck offset and length, design-related factors and a contamination of the taper interface
during assembly which may contribute to mechanically assisted crevice corrosion (MACC) in modular
junctions involving at least one CoCr component. They found adverse local tissue reactions (ALTR) with
clinically symptoms in eleven patients due to MACC with 19-fold elevated mean serum cobalt levels
for a beta-titanium alloy (TiMo12Zr6Fe2) modular stem with CoCr neck compared to well-functioning
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primary THA patients with metal-on-polyethylene articulations at a relatively early post-operative
period (mean 7.9 months) [17]. Dimitriou et al. [33] reported about the early outcomes of revision
surgery for taper corrosion of two dual taper THA designs (Rejuvenate & ABG II) with CoCr neck and
beta-titanium alloy stem based on 198 revision surgeries in 187 patients. They described a significant
decline of patients serum ion levels for cobalt from 5.3 μg/L (range 2.3 to 48.5 μg/L) to 1.4 μg/L
(range 0.2 to 8.8 μg/L) and for chromium from 2.6 μg/L (range 0.2 to 64 μg/L) to 0.7 μg/L (range 0.1 to
3.9 μg/L) after revision surgery, with a half-life of 3.2 months for cobalt and of 5 months for chromium.
The cobalt/chromium ratio also significantly decreased from 4.7 (range 2.1 to 35) to 2.2 (range 0.4 to
8.8) [33].

For the Rejuvenate dual taper modular neck stem consisting of a CoCr neck and a beta-titanium
alloy stem, Bernstein et al. [44] described a revision rate of 86% (63 of 73 hip stems) at a mean follow-up
of 4.2 years (range 3 to 5.5) with indications for revision surgery being a serum cobalt ion level > 4 μg/L,
persistent pain or abnormal MRI (Magnetic Resonance Imaging) findings. They reported mean serum
cobalt and chromium ion levels prior to revision of 10.0 μg/L (range 0.3 to 40.0 μg/L) and of 2.3 μg/L
(range 1.0 to 7.4 μg/L), respectively and found a substantial decrease of cobalt levels post-operatively.
The unrevised group had a serum cobalt level of 2.1 ± 2.0 μg/L and chromium of 1.2 ± 0.4 μg/L,
whereas the patients with abnormal MRI findings had 8.1 μg/L (0.3 to 28.9) and 2.0 μg/L (1.0 to 7.0),
respectively [44]. Meftah et al. [31] examined the rate of corrosion-related failure and survivorship of
the dual taper Rejuvenate stem (n = 97) and correlated implant and patient factors with serum cobalt
ion levels and revisions. The Kaplan-Meier survivorship was 40% at four years and the mean cobalt
and chromium levels related to metal corrosion in symptomatic patients were 8.1 μg/L (range 0.4 to
31 μg/L) and 2.5 μg/L (range 0.2 to 4.3 μg/L), respectively.

In contrast to that Vundelinckx et al. [39] described for the ABG II dual taper stem design, which
was also made of beta-titanium alloy with CoCr neck, only one revision out of a cohort of 306 THAs
consisting of a ceramic-on-polyethylene or a ceramic-on-ceramic bearing interface implanted between
2007 and 2011. The patient undergoing a revision developed intermittent pain in the trochanteric area
2 years post-operatively and showed after 4 years peri-prosthetic fluid accumulation and a soft tissue
mass around the proximal stem and neck region and an increased serum level of 7.4 μg/L for cobalt.
Taking a randomized sample of 19 asymptomatic patients, 9 patients presented a cobalt level > 4 μg/L
with a maximum of 7.5 μg/L.

Walsh et al. [48] studied 103 THA revision cases (78 Rejuvenate; 25 ABG II) with dual taper
modular neck at a mean time of 2.4 years (range 0.66 to 5) from index surgery to revision and found
a mean serum cobalt level of 7.6 μg/L (range 1.1 to 23 μg/L) and a mean serum chromium level of
1.8 μg/L (range 0.1 to 6.8 μg/L). They performed an aspiration of the hip for synovial fluid metal content
prior revision THA in 40 patients and found a mean cobalt level of 916 μg/L (range 12 to 3900 μg/L)
and a mean chromium level of 599 μg/L (range 3.4 to 3300 μg/L) in the synovial fluid [48].

Barlow et al. [49] reported about 54 patients undergoing revision surgery with 59 revised
Rejuvenate dual taper stems based on a cohort of 199 THAs implanted between 2010 and 2012 by
a senior surgeon. They analysed the serum ion levels prior to revision and the decline of serum
levels at 6 weeks and 12 weeks after revision surgery. For 49 patients with unilateral THA they found
a mean serum cobalt ion level of 8.19 ± 5.54 μg/L, which significantly decreased in all patients to
2.68 ± 2.67 μg/L at 6 weeks and to 1.58 ± 1.57 μg/L at 3 months. In five patients with bilateral modular
Rejuvenate hip arthroplasty they measured a pre-revision serum cobalt level of 13.33 ± 6.45 μg/L and
also a significant drop to 3.73 ± 2.19 μg/L at six weeks post-revision. An overview of additional studies
analyzing serum levels of cobalt, chromium and Ti alloy is given for modular dual taper hip designs
with TiAl6V4/TiAl6V4 and CoCr29Mo6/TiMo12Zr6Fe2 neck stem couplings [50–54] (Table 1).
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In addition, Hussey and McGrory [56] performed a ten years cross-sectional study including 1352
consecutive patients with metal-on-polyethylene THA combined with 12/14 trunnion Ti alloy stem
types and found symptomatic MACC present in 43 cases (3.2%). A dual taper Ti alloy neck and Ti
alloy stem design (M/L Taper) showed a higher prevalence (4.9%) of MACC than all other Ti alloy
stems combined (1.2%) of the same manufacturer. For these stem design (M/L Taper Kinectiv) with
a bi-modular Ti alloy neck on a Ti alloy stem and a CoCr 40 mm head, Canham et al. [57] described
in a case study a characteristic peri-prosthetic pseudo-tumor formation as an ALTR and an elevated
serum cobalt level of 12.3 μg/L and chromium of 1.8 μg/L whereby the only potential source was the
head-neck junction.

For symptomatic patients with dual taper hip arthroplasty Kwon et al. [58] propose a differential
diagnosis of the temporal onset, duration, severity and location of pain and recommend that also
additional symptoms as a swelling or feeling of fullness around the hip should be elicited. To evaluate
dual-taper modular implants with corrosion related metal debris contamination, the analysis of
serum inflammatory markers as erythrocyte sedimentation rate and C-reactive protein as well as hip
aspiration for synovial fluid counts are described to differentiate and exclude periprosthetic joint
infection [59]. The elevation of metal ion serum levels and an increase in the cobalt/chromium ratio is
also observed [18,40,59].

Adverse local tissue reactions associated with metal ion and debris released by a dual taper
Rejuvenate stem were identified in 36 revised stems out of a cohort of 118 THAs by Ghanem et al. [43].
The symptoms of the 36 THAs which were considered as failed began at a mean post-operative time
of 14.8 months (range 2.8–34.8) and the average time to revision was 24.1 months (range 8.8–50.2).
The authors described higher cobalt serum levels in the failed group of 9.5 ± 6.8 μg/L (range 1.9–24.7)
compared to the asymptomatic group of 4.9 ± 3.6 μg/L (range 0.1–15.7) and higher cobalt/chromium
ratios of 5.2 ± 3.2 for the failed compared to 3.6 ± 2.3 for the asymptomatic group. However, they
reported no correlation in diagnostic accuracy for ALTR, while MRI scan considering pseudo-tumor
size was more sensitive [43].

Kwon et al. [35] evaluated 97 consecutive dual taper modular stem THAs in a retrospective study
by MARS-MRI and stratified 83 of these patients in pseudo-tumor absent (n = 53) and pseudo-tumor
present (n = 30). In the pseudo-tumor present group they found no substantial difference between
symptomatic (n = 21) and asymptomatic patients (n = 9) in the serum cobalt level (sympt.: 7.6 μg/L
(range 3.3–14.4) versus asympt. 6.2 μg/L (range 3.4–11.7)) or cobalt/chromium ratio (sympt.: 8.25 (range
4.5–68) versus asympt. 10.6 (range 4.8–29.5)). For the THA patient group with a pseudo-tumor the cobalt
serum level and cobalt/chromium ratio (8.0 μg/L; 10.3) were significantly higher than for those without a
pseudo-tumor (2.0 μg/L; 2.4) and based on this the authors suggest cross-sectional imaging (MARS-MRI)
for THA patients with elevated metal ion serum levels [35]. In a nano-analysis of wear particles
from retrieved peri-prosthetic tissue, Xia et al. [60] could clearly distinguish between metal-on-metal
(MoM) surface replacement (n = 12; implantation time 51.6 months), MoM large head THA (n = 18;
implantation time 59.9 months) and non-MoM dual modular neck hip arthroplasty (Rejuvenate)
(n = 23; implantation time 30.9 months). They found that the particle physical characteristics and
metal composition are consistent in each implant category and concluded that substantial differences
in size, shape and element composition of the metallic particles correlate with the histological features
of severity of ALTR and variability in implant performance, indicating that the immunogenicity
and toxicity of the released particles is a leading factor in the specific onset and severity of the
reaction [60,61].

4. Clinical Case Presentations and Retrieval Analysis

4.1. Metha®Dual Taper CoCr/Ti Alloy Couplings with Adverse Local Tissue Reactions

Data on all known cases (n = 5) with soft tissue reactions due to debris and metal ion release
following THA with the dual modular short stem hip prosthesis Metha®(Aesculap AG, Tuttlingen,
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Germany; Figure 1) with CoCr neck adapter in the period 2007 to 2019 (Table 2). In single cases
(#3 & #5) microbiology and histological analysis was performed and showed a wear particle induced
peri-prosthetic interface membrane type I according to the classification of Krenn and Morawietz [62,63].
Average duration between index procedure and revision was 92.6 months (61–128 months).

Figure 1. Modular Ti alloy short hip stem with a dual taper CoCr neck—Metha®modular.

All retrieved CoCr neck components were characterized by means of light microscopy (M165c,
Leica Microsystems GmbH, Wetzlar, Germany), scanning electron microscopy (SEM, EVO 50, Carl Zeiss
Microscopy GmbH, Jena, Germany) and energy dispersive X-ray analysis (EDS, X-Max 50, Oxford
Instruments plc, Abingdon, UK). Volumetric material loss of the neck adapters was quantified according
to a previously published algorithm by Buente et al. [64] using a tactile co-ordinate measurement
machine (Figures 2–4).

Figure 2. Macroscopic view (left) and volumetric material loss (right) of 5 symptomatic CoCr dual taper
neck adapter retrieved after 61–128 months in vivo. The absence of oxygen in the energy dispersive
X-ray measurements on characteristic taper surface points indicated that electrochemical processes due
to contact, crevice and fretting corrosion affected the ability of the CoCr alloy to form a passive oxide
layer in the physiological environment, resulting in increased material loss and metal ion release.
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Figure 3. SEM and EDS analysis of the medial contact area of one symptomatic retrieved CoCr neck
adapter (Case #3). The SEM and EDS-analysis indicated that the local damage of the protective oxide
layer and the suppressed repassivation process led to fretting wear and contact corrosion with metal
dissolution in the medio-proximally and latero-proximally contact area of the retrieved neck adapter.
Furthermore, local material deposition on the neck adapter with a high element concentration of
titanium was observed at the circular medial taper interface caused by local adhesion and cold welding
in the mixed CoCr/Ti neck-stem junction.

Figure 4. Macroscopic view (left) and volumetric material loss (right) of eight asymptomatic CoCr dual
taper neck adapter retrieved after 13–111 months in vivo..
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Statistics were performed with SPSS 24 (IBM Inc., Armonk, NY USA). Normality was checked
using Shapiro-Wilk test. The homogeneity of variances between the groups was checked using Levene’s
test. Univariate analysis of variance (ANOVA) was performed to compare the two cohorts linear
regression analysis to investigate the dependency of material loss with time in situ. The type 1 error
level was set to 5%.

Case 1 (exemplified):
In March 2011, a fifty-one years old woman underwent an uncomplicated total hip arthroplasty of

the right hip and received a Metha®(Ti6Al4V, stem size 2) with a CoCr neck adapter (CCD-angle of 135◦,
0◦ neutral version) and a 40 mm ceramic-on-ceramic articulation with a titanium sleeve (DeltaMotion®,
Finsbury Orthopaedics, Leatherhead, UK). At 61 months after this index procedure, she presented with
progressive pain and swelling localized to the right proximal thigh. The clinical and radiographical
evaluation showed no pathologic findings with regard to the range of motion, component position
and osseointegration. Magnetic resonance imaging (MRI) demonstrated a large heterogeneous fluid
collection (7 cm × 3 cm × 3.4 cm) in the ventral aspect of the iliopsoas muscle. Serum cobalt ion level
was elevated at 31.3 μg/L and chromium level was normal at 0.3 μg/L. The positive MRI findings and
the high Co/Cr-ratio (ratio = 104) were in keeping with adverse local tissue reactions and pseudo-tumor
formation and revision total hip arthroplasty was performed in April 2016. The retrieved modular
neck exhibited local surface changes and black deposits on the taper interface. Material analysis
showed characteristic fretting and corrosion wear patterns concentrated on the medial and lateral
contact region of the neck adapter (Figure 2, neck adapter #1). The largest amount of material loss
was observed proximal at the medial taper interface with a maximum wear depth of 37 μm. The total
volumetric material loss of the neck adapter was 2.6 mm3 (see also Table 2 cases #2–5 and Figure 2,
symptomatic neck adapter #2–5).

4.2. Retrieval Analysis of CoCr Neck Adapters Revised for Other Reasons than Adverse Local Tissue Reactions

A total of eight asymptomatic Metha®modular CoCr neck adapters revised in the period of 2007
to 2019 for other reasons than adverse local tissue reactions, listed in our database (Table 3).

The reasons for revision were insufficient osseointegration with migration, cup malpositioning,
patient discomfort, cup loosening, luxation, acetabular fracture and periprosthetic fracture. The mean
age at time of revision was 68.7 years (63 to 77 years) and the mean period of implantation was
62 months (13 to 111 months). The time to revision for the asymptomatic group is comparably shorter
than for the symptomatic group (92.6 months).
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Visual inspection of the modular neck adapters of the asymptomatic group (Figure 4) by light
microscopy and SEM/ EDS-analysis, demonstrated the same characteristic signs of corrosion and
debris concentrated on the medial and lateral surface of the neck/stem interface, but qualitatively less
pronounced than for the symptomatic group (Figure 2). One patient (Table 3, #4) with signs of a cup
loosening revised after 54 months in situ showed some local tissue reactions, which, however, were
classified as asymptomatic due to the low neck adapter wear and material loss (3.0 mm3) (Figure 4,
neck adapter #4).

Only minor traces of wear and corrosion were seen at the neck adapter of patient #8 (Table 3),
based on 111 months of implant in service. The maximum wear depth was 14 μm observed at the
proximal lateral taper interface, resulting in a very low total volumetric material loss of 0.3 mm3

(Figure 4, neck adapter #8). This may be related to parameters like a low demanding biomechanical
loading of the hip, low tribo-corrosion due to a less aggressive joint fluid composition or unknown
co-diseases or morbidity of the patient. The adapter was classified as an outlier and not included into
the analysis.

The volumetric material loss of the CoCr neck adapters increased for both cohorts with time in
situ (Figure 5; adjusted r2 = 0.73, p < 0.001). A strong trend for a lower wear rate for the asymptomatic
cohort compared to the symptomatic cohort was observed (p = 0.059). The total volume loss for
the symptomatic group was 7.16 ± 3.73 mm3 and for the asymptomatic 3.69 ± 2.52 mm3 (p = 0.082).
Time in situ tended to be longer for the symptomatic group (92.6 ± 24.2 months) compared to the
asymptomatic group (55.0 ± 32.4 months) (p = 0.054). The two cohorts did not differ with respect to
gender distribution or any other patient or implant specific variable shown in Tables 2 and 3 (p > 0.1
for all analysis).

Figure 5. The volumetric material loss versus time in situ of seven asymptomatic and five symptomatic
retrieved modular CoCr neck components. Note: asymptomatic neck adapter #8 was excluded from
the regression analysis.

Due to multiple factors of influence like the patient specific loading situation, weight, activity level,
implant orientation and muscular situation, as well as varying physiological surrounding lubricant
conditions the comparably low number of only thirteen neck adapters does not allow to estimate a
specific patient profile or phenotype. In a descriptive manner of the symptomatic and asymptomatic
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cases the patient age at revision was 57 to 79 years, their were 12 females and one male, BMI was
between 20.2 and 32 (unknown in 6 cases), neck adapter CCD angles were 130◦ and 135◦, and the head
material was ceramic in all cases (2/13 ceramic heads with Ti-Sleeve).

5. Decision Making Model for Asymptomatic Dual Taper Stems in Case of Acetabular Revision

In the present study, metal ion concentrations were not determined. Therefore the available data
from the literature were utilized to develop a decision making model for the case of acetabular revision
for pre- and intra-operative decision making, as an orientation how to decide whether to maintain or
revise an asymptomatic dual taper stem (Scheme 2).

Scheme 2. Practical guide how to proceed with an asymptomatic dual taper modular hip stem in case
of acetabular revision.

Cobalt and chromium ions are released from modular dual taper stem connections as consequence
of mechanically assisted crevice corrosion [17]. In several retrieval studies elevated cobalt ion levels
were associated with adverse local tissue reactions in THA patients with dual taper stems [18,39,45] and
a cobalt value of ≥ 8 μg/L serum concentration has been documented for patients having a symptomatic
dual taper stem and or a pseudo-tumor present [31,35,39,43,44,49,65,66]. An additional important
diagnostic parameter is differential elevation of cobalt relative to chromium [58,65], originated by a
predominant cobalt ion release at modular taper connections related to a chemical corrosion process
that involves more soluble cobalt dissipating as free ions [40,45,67].

In a series of 447 consecutive patients tested for serum levels Fillingham et al. [65] identified
64 patients with a metal-on-polyethylene THA bearing (12 with a dual taper modular neck), whereas
44 were positive for an adverse local tissue reaction. The diagnosic measures showed a mean serum
cobalt level of 8.58 μg/L and a Co/Cr ratio of 11.56. Kwon et al. [35] performed a retrospective study
of 97 consecutive patients with a dual taper femoral stem and found substantially elevated cobalt
levels of 8.0 μg/L (3.3–14.4) and an elevated Co/Cr ratio of 10.3 (4.5–68.0) in their pseudo-tumor present
group. Ghanem et al. [43] identified 107 patients who underwent 118 THAs (11 bilateral cases) with a
Rejuvenate dual taper femoral stem and proposed a decision tree to detect whether or not symptoms
were present. They found that patients with a serum cobalt level < 6.25 μg/L had a chance of 82% to
stay without symptoms, while those with ≥ 18.5 μg/L had a very high risk of failure. Patients in the
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failure group had a mean cobalt concentration of 9.5 μg/L and a mean Co/Cr ratio of 5.2, whereas the
asymptomatic group had a concentration of 4.9 μg/L and a ratio of 3.6.

In a recent study 148 patients with dual taper modular THA (110 Rejuvenate, 38 ABG II) were
examined for pseudo-tumors (n = 90) on MARS-MRI and the severity of intra-operative tissue reactions
was correlated with pre-operative cobalt ion levels [36]. The occurrence of pseudo-tumors was
associated with significantly elevated cobalt levels (5.0 mg/L vs 3.7 mg/L), a higher Co/Cr ratio (6.0
vs 3.7) and also higher intra-operative tissue damage grades demonstrated substantially elevated
Co/Cr ratios (8.6 vs 3.4). These findings on cobalt values and Co/Cr ratios were also underligned
by a comparison of cobalt and chromium level diagnostic measurements between positive and
negative ALTR groups for a specific metal-on-polyethylene head-neck modularity THA design without
dual-taper neck (cohort n = 62) [68]. In 43 THA patients with ALTR a mean cobalt level of 8.92 μg/L
and a Co/Cr ratio of 5.91 were found.

In a consensus statement of the American Association of Hip and Knee Surgeons, the American
Academy of Orthopaedic Surgeons and the Hip Society, Kwon et al. [58] defined a “high risk” group
stratification combining a serum cobalt level > 5 μg/L and a Co/Cr ratio > 5 as factors for diverse
modular taper junctions associated with adverse local tissue reactions.

Investigating a cohort of 123 Rejuvenate dual taper THAs, Meftah et al. [31] described a comparably
high revision free probability for patients with cobalt serum levels < 4 μg/L. In addition their patients
with a Co/Cr ratio of < 3.6 had a likelihood to stay within the asymptomatic group as it has been
similarly analysed by Ghanem et al. [43] and Kwon et al. [36].

Due to the fact that serum cobalt ion levels and Co/Cr ratio are confounded in patients having a
contra-lateral head-neck-trunnionosis, a bilateral dual taper stem, a metal-on-metal bearing or another
joint replacement (knee, shoulder, ankle), surgeons should not solely rely on ion serum concentration
factors to determine a clinical recommendation for stem revision [58,65].

An aspiration of the hip to rule out peri-prosthetic infection [69] and to perform intra-articular
synovial fluid collection for cobalt and chromium ion content analyses may be a considerable diagnostic
option to detect symptomatic MACC prior acetabular revision THA [48,70]. McGrory et al. [70]
examined the relationship between serum and intra-articular (IA) cobalt and chromium levels in a
cohort of 16 patients with symptomatic MACC undergoing hip revision and they concluded that
intra-articular joint fluid levels (IA cobalt 940 μg/L; IA chromium 491 μg/L) positively correlated
with serum levels (cobalt 5.1 μg/L; chromium 1.3 μg/L), but intra-articular levels were on average
100-fold higher.

As an important diagnostic tool in detection of adverse tissue reactions due to dual-taper fretting
wear and corrosion, cross sectional imaging modality by metal artifact reduction sequence magnetic
resonance imaging (MARS-MRI) [35,48,58,59,71–75] and musculoskeletal ultrasound (US) [76] have
been qualified.

Walsh et al. [75] described the incidence of different pathologies based on MARS-MRI images in
a retrospective cohort of 312 THAs in 272 patients with a dual taper CoCr neck and a beta-titanium
alloy stem implanted between 2007 and 2012. They noted synovitis in 167 hips (53.5%), osteolysis in 18
hips (5.8%) and an effusion or fluid collection in 194 hips (62.3%), whereas 52 (29.1%) of these fluid
collections were noted to contain debris. Solely intra-capsular effusion and fluid collection was found
in 127 hips (40.7%) and combined intra- and extra-capsular in 52 hips (16.7%) [48]. Tendinopathy of
one of the related muscle groups (glutaeus minimus, glutaeus medius, iliopsoas or hamstrings) was
seen in 250 (80.1%) of the hips and in 87 (27.9%) some tendon disruption occurred.

The presence of a thickened capsule in association with an effusion is a common MARS-MRI
abnormality often accompanied by findings like iliopsoas and abductor tendinopathy, peri-tendinous
collections and also the presence of metallic debris [59]. For the detection of adverse local tissue
reactions like solid or cystic pseudo-tumors MARS-MRI is a highly sensitive modality [59].

Barlow et al. [71] performed in a revised cohort of 90 THA patients with 98 Rejuvenate modular
femoral neck stems MRI and serum cobalt and chromium ion level analysis before revision and used
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histologic samples from revision surgery to score for synovial lining, inflammatory infiltrate and tissue
organization according to Campbell et al. [77]. They found that MRI enables to accurately describe
ALTR in dual taper modular neck THA patients and they predicted histologic severity particularly
based on maximal synovial thickness and synovitis volume.

To identify femoral osteolysis, loosening and erosions in trochanteric or calcar regions possibly
associated with taper corrosion, a focused review of a series of plain antero-posterior and lateral
radiographs is proposed [59,69].

Werner et al. [78] reported about adverse inflammatory soft tissue reactions as a consequence of
enhanced wear and corrosion of a dual taper neck-stem interface. At time of revision they describe
extensive debridement of pseudo-tumor and necrotic bursal and capsular tissue encapsulating the hip
joint, as well as corrosion at the neck-stem interface with significant black corrosive debris throughout
the modular neck and the soft tissues [78]. Walsh et al. [48] published a study on a cohort of 99 patients
including 103 revisions of a dual taper modular neck stem (78 Rejuvenate, 25 ABG II) at a mean time
of 2.4 years from primary surgery. They reported intra-operative findings of the 103 revised hips,
observing a black metallic sludge associated from corrosion and wear debris in all hips (100%), bony
calcar erosion in 88/103 (85.4%), pseudo-tumor formation in 26/103 (25.2%), peri-capsular necrosis in
84/103 (81.6%), tissue necrosis in 80/103 (77.7%) and synovitis in 101/103 (98.1%) of the cases.

Dimitriou et al. [33] evaluated 198 revision surgeries of a dual taper modular femoral stem in
187 THA patients, by an intra-operative tissue damage grading system and observed adverse tissue
reactions in 178 (89%), a large amount of fluid entering the capsule in 160 (81%) and particulate wear
debris in 103 (52%) of the hips, whereby in all cases a black metallic corrosion debris was found.

If a disassembling of the modular neck takes place intra-operatively during removal of the femoral
head within an acetabular revision procedure, the modular hip stem shall be considered for revision.
The reason for this is, that a not firmly fixed modular neck/stem taper connection is of high risk for
mechanically assisted crevice corrosion. A loosened neck/stem taper connection can be originated
during index surgery by an insufficient assembling force or can be caused by macroscopic visible
material loss at the medial neck taper interface due to corrosion resulting in a toggling of the modular
CoCr neck relatively to the Ti alloy stem [79].

During acetabular cup revision, it may be necessary to place the new cup in an anatomically
different position compared to index surgery and this may impact the necessary offset and neck length
of the femoral head. In addition, the restoration of the centre of rotation and related ligament balancing
during trial head reduction possibly requires a higher offset or longer neck length [4,7,80,81]. Increasing
the offset or neck length to adapt for a different cup orientation or sufficient soft tissue balancing may
create a more demanding biomechanical loading situation [7,16,32,82–84] for the so far asymptomatic
dual taper neck adapter, possibly triggering MACC [17,32,79]. Therefore an indication may be given
for revision of the modular stem.

6. Discussion

In an attempt to find an answer to the question—How to proceed with a clinically asymptomatic
modular Metha®stem with dual taper CoCr neck adapter in case of acetabular revision?—following
systematic methods have been applied:

1) The status of research and appropriate diagnostic methods in context to clinically symptomatic
and asymptomatic dual taper stem-neck couplings was evaluated based on a systematic
literature review.

2) A retrieval analysis of thirteen Metha®dual taper CoCr/ Ti alloy hip stems was performed.
3) A rational decision making model as basis for a clinical recommendation was developed.

A limitation may arise by the fact that the literature review about serum ion levels, radiographic
and clinical findings and the retrieval analysis was based in the vast majority on two recalled dual
taper stems in the material combination CoCr29Mo6 (neck) and TiMo12Zr6Fe2 (stem), and hence a
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generalization of the findings and transfer to other implant designs and materials of dual taper stems
may be limited [64,85,86]. Meftah et al. [31] used persistent pain and high cobalt levels as predictors
for revision surgery of the dual taper Rejuvenate stem and reported a Kaplan-Meier survivorship of
40% at four years with revision related to neck taper corrosion as the end point. They calculated a
revision-free probability of 93% for patients with cobalt levels of less than 4.0 μg/L compared with 45%
for those with cobalt levels of 4.0 μg/L and found that significantly higher metal ion levels correlated
with younger age and a higher femoral offset [31]. Bernstein et al. [44] described a corrosion-related
revision rate of 28% at a mean follow-up of 2.7 years in a cohort of 81 Rejuvenate modular hip stems.
They prospectively followed this cohort of patients with elevated serum cobalt ion levels (> 4 μg/L),
persistent pain, or abnormal MRI findings as indications for revision and observed a clinical failure
rate of 86% at a mean of 4.2 years [44]. Koziara et al. [87] reported a study group of 66 out of a cohort
of 156 patients who underwent modular Rejuvenate THA with an average follow-up of 55 months
(range 22–89) with a revision rate of 31.8% (21 of 66 THAs). They found in the non-revision group a
mean serum cobalt ion level of 3.48 μg/L and a Visual Analog Scale (VAS) pain score of 2.4, whereas for
the revision group a level of Co = 5.05 μg/L and a VAS pain score 5.1 was present. From the revised
group, 18 patients were undergoing MARS-MRI. The THA patients who did not have reactive tissue
showed a mean serum cobalt ion level of 4.15 μg/L and a VAS pain score 3.8 and in the group with
reactive tissue formation cobalt ion level was Co = 5.01 μg/L and a VAS pain score of 5.63 [87].

For a cohort of 36 patients who underwent uni-lateral primary THA with Profemur®Preserve
Ti6Al4V alloy femoral stems and ceramic-on-ceramic bearings, Barry et al. [88] determined the impact
of the modular neck material Ti alloy (n = 22) or CoCr (n = 14) with no patient being revised. With
a comparably short-term follow-up of 20 months (range 9–44), they observed significantly higher
cobalt ion serum concentrations in the CoCr neck group (0.46 vs 0.26 μg/L) and higher titanium ion
serum concentrations in the Ti alloy neck group (1.98 vs 1.59 μg/L), but on a comparably low level.
Laurencon et al. [89] reported serum and whole blood metal ion levels of a prospective cohort study
on 40 THA patients with a cementless anatomic SPS stem made of Ti6Al4V alloy with modular CoCr
necks with a mean follow-up of 23 months (range 12–28) and found in 6 of 40 (15%) serum cobalt
ion levels > 2 μg/L and in 3 of 40 (7.5%) values > 4 μg/L. Applying MARS-MRI in all THA patients
with a serum ion level > 2 μg/L, they detected a pseudo-tumor in one patient having a serum level of
5.21 μg/L for cobalt, 3.51 for chrome and 42 μg/L for titanium [89]. Using a nationwide retrospective
cohort of 324,108 THA patients from the French health insurance system, Colas et al. [90] described a
cumulative revision incidence of 6.5% for exchangeable neck THAs (n = 8,931) versus 4.7% for fixed
neck THAs (n = 315,177) and a significantly increased adjusted hazard ratio of revision of 1.26.

In the National Joint Replacement Registry Report 2018 of the Australian Orthopaedic Association
for exchangeable femoral neck adapters the cumulative percent revision for primary THA was reported
to be 4.9% at 5 years and 6.8% at 10 years for Ti alloy-Ti alloy stem-neck couplings [91]. For Ti
alloy-CoCr modular neck couplings they reported a cumulative percent revision of 9.6% at 5 years and
of 16.6% at 10 years [91].

In THA femoral stems with modular exchangeable neck components had significantly lower
10-year survival rates in literature reviews and in registry data compared to primary THA implant
survivorship for femoral mono-bloc stems [92,93].

Su et al. [94] performed a retrieval analysis for neck fretting and corrosion on 60 Rejuvenate
modular stem designs and compared those to 26 retrieved implants from seven other modular CoCr
and Ti alloy neck designs. For the Rejuvenate design they found significantly higher damage and
corrosion scores and a 20-fold increased likelihood to show ALVAL based on histologic samples, than
for the other designs. As a relevant parameter they stated—beyond design aspects—the lower Youngs
modulus of 80 GPa for the TiMo12Zr6Fe2 stem material (Ti6Al4V; 110 GPa), being responsible for
increased metal transfer and surface damage in coupling with a CoCr neck, which could account for
the higher ALVAL and corrosion scores [94].
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Somers et al. [95] stated for the market withdrawn Rejuvenate and ABG II hip systems that the
different design features and the stem material TiMo12Zr6Fe2 show more fretting corrosion and it is
possible that the different metal trace elements (molybdenum, zirconium and iron) might lead to a
more pronounced toxic local tissue reaction.

Lewinski and Floerkemeier [13] described their 10-year experience with short stem TH based
on 1953 Metha®short stem procedures with an overall aseptic stem revision rate of 1.3% and 1.9%
including 12 modular Ti alloy neck adapter failures based on 190 modular stems with Ti alloy necks
implanted before the product recall in November 2006 [16]. Schnurr et al. [14] recorded data for
1888 Metha®short stem implantations from 2004 to 2014 with three implanted versions: Modular
Ti6Al4V alloy stems with Ti alloy (n = 314) or CoCr (n = 230) neck adapters and mono-bloc Ti alloy
stems (n = 1090) with a mean follow-up of 6 years (range 1–11). They found a 7-year revision rate for
mono-bloc of 1.5%, for modular cobalt-chrome of 1.8% and for modular Ti alloy adapter stems of 5.3%,
including 15 modular Ti alloy neck fractures.

Apart of the promising 7 to 10 years clinical experiences with the modular Metha®short stem
with CoCr necks [13,14], a limitation of our retrieval analysis study is the small number of symptomatic
(n = 5) and asymptomatic (n = 8) retrieved CoCr neck adapters out of a cohort of 25,177 dual taper
modular stems with CoCr neck, implanted from January 2007 until January 2017. On the other hand
side compared to the mostly short-term follow-up in the literature [31,43,44,70,87–89] the retrievals in
our study have an average follow-up of 73.8 months and 6 of them have been in patients service for
more than 7 years (range 84–128 months).

7. Conclusions

Based on the analysis of the literature it is suggested that in case of required acetabular
revision in patients with a serum cobalt level of > 4 μg/L [31,33,35,36,43,44,58,87] and a Co/Cr
ratio > 3.6 [33,35,36,42,43,58] revision of the modular dual taper stem may be considered.

Prior acetabular revision surgery in patients with dual taper modular neck stem THA [59],
a systematic diagnostic evaluation has to be executed, using specific tests such as serum metal (Co,
Cr) ion analysis, plain antero-posterior and lateral radiographs [59,69] and cross-sectional imaging
modalities (MARS-MRI, US) [48,55,59,77]. The patient’s stated pain level (e.g., VAS pain score) should
also be included as an important factor and measurements of IA cobalt and chromium levels may be
meaningful [70].

For an asymptomatic Metha®dual taper Ti alloy/CoCr stem-neck coupling at stage of acetabular
revision, careful clinical decision making according to the proposed model should be followed and
overreliance on any single examination should be avoided, considering the complete individual
differential diagnosis and patient situation.
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Abstract: Metal particles and ions released from implants not only have a fundamental effect on the
longevity of total joint replacements, but can also be disseminated to remote organs. Periprosthetic
tissues harvested during revision surgeries mainly reflect end-stage failure but may not adequately
reveal initial biological reactions and systemic side effects. Therefore, primary reactions caused
by metal particles and ions were investigated in an established murine model. Left knee joints in
three groups, each consisting of ten female BALB/c mice, received injections of metal ions (MI),
metal particles (MP) and phosphate-buffered saline (PBS) (control). Seven days after the injection,
immunohistochemical analyses of the synovial layer were performed with respect to some biological
markers including Tumor necrosis factor -α (TNF-α), Interleukin-6 (IL-6), Interleukin-1β (IL-1β),
Cluster of Differentiation 45 (CD45), Cluster of Differentiation 68 (CD68) and Cluster of Differentiation
3(CD3). The MP group showed significantly enhanced proinflammatory cytokine expression (TNF-α,
IL-6 and IL-1β) compared with the other groups (p < 0.05). Interestingly, CD3, as a marker for T
lymphocytes, did not increase in any of the groups. The MI group showed a significantly increased
expression of CD45 compared with the control group (p < 0.05). Therefore, during the primary
process, metal particles have stronger pro-inflammatory potential than metal ions, and T lymphocytes
did not seem to be activated in our murine model. Systemic reactions caused by metal particles and
ions were found by observing the untreated right knees.

Keywords: inflammation; cytokines; metal particles; metal ions; synovium

1. Introduction

Medical cobalt-chromium-molybdenum (CoCrMo) alloys are mainly classified by the International
Organization for Standardization (ISO) or American Society for Testing and Materials (ASTM) [1]
and can be of a cast (ASTM F75, ISO 5832-4) or wrought content (ASTM F1537, ISO 5832-12) [2,3].
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Due to their excellent biocompatibility and mechanical properties, these alloys have been widely
employed in implant devices that replace hard tissue in the human body [4]. Since the mid-1980s,
over one million metal-on-metal (MoM) hip endoprostheses made from a CoCrMo alloy have been
implanted worldwide [5]. However, during the 2000s, issues of aseptic loosening due to the release
of metal particles and ions were found, and the use of MoM replacements was almost completely
stopped [6]. Subsequently, in joint arthroplasties, hybrid combinations were mainly recommended,
such as a polyethylene inserts and CoCrMo heads (MoP). Unfortunately, metal wear particles and
released metal ions have also been found in patients with MoP prostheses due to the mechanically
assisted crevice corrosion of modular taper junctions, including the head–neck and neck–stem taper
interfaces [7,8]. Some related studies have been conducted, and researchers have found that CoCrMo
particles in revision patients are quite small (< 60 nm) and numerous. In general, high levels of metal
ions are also generated from MoM implants [9]. Undoubtedly, the generation of degradation products
and the subsequent biological reactions to the metal particles and ions have a fundamental effect on
the longevity of total joint replacement [10]. However, to date, the effects of small wear particles and
metal ions on local or systemic biological reactions remain complex and are still not fully understood
in detail.

Commonly, metal debris, numerous inflammatory cells and increased proinflammatory mediators,
such as IL-1β, TNF-α and IL-6, are found in periprosthetic tissues from patients with aseptic
loosening [11]. Additionally, a synovial-like membrane with aggressive granulomatous lesions,
in which many macrophages are infiltrated, is usually observed around aseptically loosened MoM
implants [12]. Therefore, many researchers believe that small metal particles and high levels of metal
ions cause an aseptic inflammatory response, which probably leads to periprosthetic osteolysis and,
eventually, results in aseptic implant loosening [13]. However, most of the histological evidence for
aseptic inflammatory reactions in periprosthetic tissues is from tissues of revision surgeries [14,15],
which might not reflect the important initial reactions caused by metal particles and ions. Meanwhile,
in terms of metal particles and metal ions, it is still unclear which factor plays a more critical role in
aseptic inflammatory reactions.

In addition to aseptic inflammatory reactions, it has been speculated for a long time that type IV
hypersensitivity reactions via T lymphocyte activation could play a role in aseptic loosening [13,16].
The assumption is mainly based on the presence of T lymphocytes in periprosthetic tissues from some
studies and on the ability of metal ions to activate type-IV hypersensitivity by acting as haptens [17].
However, reactions against metal haptens are mainly determined by individual hereditary factors,
with only some patients being genetically susceptible to developing type IV hypersensitivity against
metals. Additionally, in some studies, patients with metal-on-metal implants displayed a significant
decrease in the number of T lymphocytes and a significant increase in the level of metal ions after the
hip replacement [18]. Therefore, it is still somewhat controversial whether type IV hypersensitivity
reactions contribute to the aseptic loosening induced by metal particles and metal ions, especially in
the short term after joint arthroplasties.

Primary biological reactions around periprosthetic tissues need to be precisely elucidated, not only
to improve diagnoses but also to provide valid evidence for subsequent treatment [19–21]. Therefore, the
objective of the present study was to evaluate and compare the primary aseptic inflammatory reactions
to metal ions and wear particles in an established murine model. In addition, to better understand
the role of type IV hypersensitivity reactions caused by degeneration products, T lymphocytes were
also evaluated in the established model. The first hypothesis is that the metal particle (MP) group and
metal ion (MI) group can both induce enhanced proinflammatory cytokine expression (TNF-α, IL-6
and IL-1β), and that T lymphocytes would be recruited when particles and ions were released in vivo.
The second hypothesis was that the MI group have a stronger pro-inflammatory potential and recruit
more T lymphocytes than the MP group.
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2. Materials and Methods

2.1. Metal Particle/Ion Generation

Standard wrought CoCrMo alloys (ISO 5832 -12, ASTM F1537) [20] for hip implants were used to
generate metal ions and wear particles in this study.

To obtain metal particles that were similar to clinically produced particles, a newly developed
pin-on-disc simulator was used to perform wear tests at a frequency of 1 Hz. The wear volume was
determined in the test medium by a high resolution inductively coupled plasma mass spectrometry
(HR-ICP-MS) instrument (Thermo Scientific, Bremen, Germany). After performing an analysis via
scanning electron microscopy (SEM; Zeiss EVO 50, Carl Zeiss NTS GmbH, Oberkochen, Germany), the
following parameters were recorded: the equivalent circular diameter (ECD), the aspect ratio (AR) and
the roundness (R) of wear particles.

To induce the release of metal ions, the CoCrMo alloys were anodized in a corrosion chamber
and phosphate-buffered saline (PBS) was used as the surrounding medium. Using an HR-ICP-MS
instrument (Thermo Scientific, Bremen, Germany), a total metal ion content (cobalt, chromium,
molybdenum and nickel) of 20.5 mg/L was determined, which was adjusted to the desired target
concentration of 200 μg/L using PBS. The target concentration of 200 μg/L was based on a study in
which the metal ion level of a joint puncture of patients was analyzed prior to revision surgery, which
showed average concentrations in the range of 200–250 μg/L in the joint fluid [22].

2.2. Elimination of Endotoxin

To avoid the influence of adherent endotoxins on the results, the generated particles and ions had
to be free of endotoxins. To remove endotoxins, metal particles were cleaned by an ethanol washing
process, and the metal ion solution was heat shocked. The elimination of endotoxins was proven by
the Limulus Amebocyte Lysate (LAL) test (Lonza, Cologne, Germany).

2.3. Animals and Intraarticular Injection

Forty female BALB/c mice (Charles River Wiga Company, Sulzbach, Germany), weighing
23.5 ± 1.9 g, were used to establish an animal model in which biological reactions could be evaluated.
These mice were randomly assigned to three groups: the PBS control group (n = 10), MP group (n = 10)
and MI group (n = 10). To exclude the possibility that the process of the intra-articular injection
itself produces an inflammation reaction in subsequent experiments, the remaining untreated mice
(n = 10) were regarded as the negative control (NC) group. All experimental steps involving animals
were performed according to the rules and regulations of the Animal Protection Laboratory Animal
Regulations (2013) and European Directive 2010/63/EU Act, which is in accordance with the National
Animal Protection Law (protocol number 55.2-1-54-2532-82.12, Government of Bavaria, Germany).

Prior to the intra-articular injection, all solutions were sonicated for at least 60 min to prevent
possible agglomeration and precipitation. Under sterile conditions, 50 μL PBS-suspension, 50 μL of
a 0.1 vol% CoCrMo particle suspension and 50 μL of 200 μg/L CoCrMo ions were injected into the
left knees of the mice. After a 7-day incubation period, animals were euthanized by an intracardial
pentobarbital injection (Merial GmbH, Hallbergmoos, Germany).

2.4. Immunohistochemistry

Both knees (left treated and right untreated) of all groups were removed and fixed in 4%
paraformaldehyde for 24 h. All knee joints were decalcified using Osteosoft solution (Merck KGaA,
Darmstadt, Germany) for four days at room temperature. Decalcification of the knees was followed by
dehydration in a Spin Tissue Processor-120 (Especialidades Médicas Myr, S.L., Tarragona, Spain) in an
ascending alcohol series (7%, 96%, 100%, and xylene) and, finally, a transfer to two successive paraffin
baths at 60 ◦C. After being embedded in paraffin, solidified blocks were cut into 2 μm thick sections.
Subsequently, the prepared tissue sections were immunochemically analyzed using six different
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monoclonal mouse antibodies: TNF-a (1: 200 dilution), IL -1b (1: 150 dilution), IL -6 (1: 200 dilution),
CD68 (1: 100 dilution), CD45 (1: 400 dilution) and CD3 (1: 100 dilution) (Biorbyt Ltd., Cambridge,
United Kingdom). Factors from the spleen (TNF-a), lung (IL -1β and IL-6) and tonsil (CD68, CD45 and
CD3), which always react positively with the corresponding antibodies, served as positive controls in
our study (data not shown).

As shown in many studies, the cytokines TNF-α, IL-1β and IL-6 are important inflammatory
triggers in peri-implant tissues and are even involved in subsequent prosthetic loosening [23,24].
Therefore, in this study, TNF-α, IL-1β and IL-6 were used as inflammatory markers. According to the
pro-inflammatory cytokine expression (TNF-α, IL-6 and IL-1β) in immunohistochemistry, we assessed
the degree of inflammatory response in each group.

CD45 can be expressed in various immunocompetent cells, including dendritic cells, T lymphocytes,
B lymphocytes, macrophages, etc. [25,26]. CD45 was used as a general marker of immunocompetent
cells in the synovial layer in this study. The CD3 antigen binds to the membranes of all T lymphocytes
and virtually no other cell types, which makes it a useful immunohistochemical marker of T lymphocytes
in tissue sections [27]. The CD68 antigen is mainly expressed by monocytes and macrophages. When
monocytes migrate into local tissues, they differentiate into macrophages [28,29]. Therefore, we used
CD68 as a marker of macrophages in this study. To analyze the systemic biological reactions caused by
metal particles and metal ions in our murine model, the immunohistochemical markers mentioned
above were analyzed in the right knees of all groups.

Images of the stained samples were collected under a light microscope at 200× magnification
(Carl Zeiss Micro Imaging GmbH, Oberkochen, Germany). Every image included the most synovial
tissue (region of interest) of each sample. If cells or tissues were stained from light yellow to brown,
positive immunostaining was recorded. Two observers independently performed manual counts of
the obtained images with the assistance of Image J software (National Institutes of Health, Bethesda,
MD, USA) (Ver.1.43, available at rsbweb.nih.gov/ij). Preceding manual counting, images were cropped,
scaled to μm and separated by a color channel, and artifacts were removed. An area tool was used
to select the synovial region and calculate the area. The Image J cell counter tool recorded mouse
clicks on cells that were labeled with colored dots. The results were saved to a spreadsheet and screen
shots were used to record the session. Positive cells from the synovial membrane were counted by
each observer. If the results were inconsistent, specific samples were collected and counted by both
observers for a third time.

2.5. Statistics

The data obtained from the immunohistochemical evaluation were evaluated using IBM
SPSS®Statistics 22 (IBM Deutschland GmbH, Ehningen, Germany). Statistical analyses were carried
out with the non-parametric Kruskal–Wallis test for independent samples. P-values below 0.05 were
considered statistically significant and were adjusted by Bonferroni correction. A graphical presentation
of the results was produced using box plots.

3. Results

3.1. Characterization of Metal Particles and Ions

For the generated metal particles, the mean size was in the nanometer range (ECD:
61.25 ± 18.47 nm). Meanwhile, their aspect ratio was 1.69 ± 0.66 and roundness was 0.64 ± 0.16
(Table 1). The particle shape was predominantly round and oval; in addition, a small proportion
of acicular particles were formed (shape: round, 44%; oval, 49%; needle, 7%). This size and
morphology of the particles were consistent with clinically found metal particles after a MoM total hip
replacement [30,31].
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Table 1. Morphological parameters of particles. The CoCr29Mo6 particle shape is predominantly oval
and round with a small proportion of acicular particles (shape: round, 44%; oval, 49%; needle, 7%).
Equivalent circular diameter (ECD).

Material ECD Aspect Ratio Roundness

CoCr29Mo6 alloy 61.25 ± 18.47nm 1.69 ± 0.66 0.64 ± 0.16

The CoCr29Mo6 particle shape was predominantly oval and round with a small proportion of acicular particles
(shape: round, 44%; oval, 49%; needle, 7%).

Using HR-ICP-MS, a total metal ion content (cobalt, chromium, nickel and molybdenum) of
20.5 mg/L was determined, which was adjusted to the desired target concentration of 200 μg/L using
PBS (Table 2) [32]. The target concentration of ions was based on the concentration measured in the
synovial fluid of patients with endoprosthesis during revision surgery [22].

Table 2. Total ion concentrations.

Content in Co Cr Mo Ni

stock solution 12.0 ± 2.4 mg/L 3.9 ± 0.6 mg/L 0.9 ± 0.1 mg/L 1.3 ± 0.6 mg/L
experimental solution 120 ± 24 μg/L 39 ± 5.7 μg/L 8.8 ± 1.1 μg/L 12.8 ± 6.0 μg/L

Total ion concentrations of the CoCrMo stock solution as well as in the experimental solution (200 μg/L in total)
according to Jonitz-Heincke et al. [32].

3.2. Results of the Left Knee Joints

3.2.1. Expression of TNF-α, IL-1β and IL-6

With regard to the staining results of TNF-α, IL-1β and IL-6, the MP group showed a significantly
increased number of positive cells compared with the PBS group (p < 0.05). However, the MI group
did not express significantly more TNF-α (p = 0.056), IL-1β (p = 0.420) and IL-6 (p = 0.124) than the
PBS group. Therefore, according to these results, the MP group had stronger inflammatory reactions in
the synovial layers of the left knees (Figure 1).
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Figure 1. Expression of inflammatory markers (IL-1β, IL-6 and TNF-α) in the synovial layer of left
murine knees. The staining results of TNF-α in the negative control (NC), phosphate-buffered saline
(PBS), metal ion (MI) and metal particles (MP) group. Both the strongest expression and a thickened
synovial layer are found in the MP group. (A) The expression of TNF-α in the synovial layer of left
murine knees. (B) The expression of IL-1β in the synovial layer of left murine knees. (C) The expression
of IL-6 in the synovial layer of left murine knees. The staining results of IL-1β, TNF-α and IL-6 are
consistent. The MP group had the strongest inflammatory reactions. (Magnification: 200x; * p < 0.05).

3.2.2. Expression of CD68, CD3 and CD45

The MP group showed a significantly higher number of CD45-positive cells compared with the
PBS group (p < 0.05). Likewise, the MI group had a significantly different number of CD45-positive
cells compared with the PBS group (p < 0.05). Interestingly, in terms of CD45, there was no significant
difference between the MP group and the MI group (Figure 2A).
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Figure 2. Expression of CD45, CD3 and CD68 in the synovial layer of left murine knees. The staining
results of CD45 in the NC, PBS, MI and MP group. Numerous CD45 positive cells were found in the
MP and MI group. MP and MI groups had significantly increased positive cells compared with the
PBS group (p < 0.05). (A) The expression of CD45 in the synovial layer of left murine knees. (B) The
expression of CD3 in the synovial layer of left murine knees. No significant difference was found in all
groups. (C) The expression of CD68 in the synovial layer of left murine knees. (Magnification: 200x;
* p < 0.05).

With respect to the expression of CD3 positive cells in our study, there was no statistically
significant difference among the three groups (p = 0.45) (Figure 2B).

The MP group showed a significantly increased number of CD68 positive cells compared with
the PBS group (p < 0.05), and the MI group (p < 0.05) in the synovial layer of the left knees. There
was no significant difference between the MI group and the PBS group (p = 1.0). Considering that
macrophages play an important role in inflammatory reactions, these results indicate that the MP
group had the strongest inflammatory reactions, which is consistent with the TNF-α, IL-1β and IL-6
results (Figure 2C).
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3.3. Results of the Right Knee Joints

3.3.1. Expression of TNF-α, IL-1β and IL-6

For TNF-α and IL-1β, the number of positive cells in the MP group was only significantly increased
compared with the PBS group (p < 0.05). There was no significant difference among all groups in the
expression of IL-6 in the synovial layer of the right murine knee joints, (p = 0.13) (Figure 3A–C).

Figure 3. Expression of all biological markers in the synovial layer of right murine knees. The aim of
examining the right knees was to evaluate systemic reactions caused by the dissemination of metal
particles and metal ions. (A) The expression of TNF-α in the synovial layer of right murine knees.
(B) The expression of IL-6 in the synovial layer of right murine knees. (C) The expression of IL-1β in
the synovial layer of right murine knees. (D) The expression of CD45 in the synovial layer of right
murine knees. The MI group exhibited a significant difference compared with the PBS groups (p < 0.05).
(E) The expression of CD3 in the synovial layer of right murine knees. (F) The expression of CD68 in
the synovial layer of right murine knees. (* p < 0.05).

3.3.2. Expression of CD68, CD3 and CD45

The expression of CD45-positive cells in the MI group was significantly increased compared with
all other groups (PBS: p < 0.05, MP: p < 0.05). No statistically significant difference was found in the
direct comparison of the PBS and MP groups (p = 1.0). Meanwhile, there was no significant difference
among all groups in the expression of CD68 and CD3 in the synovial layer of the right knees (CD68:
p = 0.55, CD3: p = 0.91) (Figure 3E–G).

4. Discussion

Our initial hypothesis for this study could not be proved. No increased T-lymphocyte markers
were found in either the MP or MI group. However, in terms of proinflammatory reactions (IL-1β, IL-6
and TNF-α), the MP group had stronger reactions than the MI group. In addition, in terms of systemic
reactions, the MP group and the MI group both had significantly increased biological reactions in the
synovial membrane of right-sided knee joints compared to the PBS (control) group.
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Histopathological studies can decisively contribute to the determination of the main cell
populations underlying the biological mechanisms of aseptic inflammation and osteolysis [33]. In
addition, the key protein molecules (such as IL-1β, IL-6 and TNF-α) involved in aseptic loosening can
also be precisely detected by immunohistochemistry [34,35]. Therefore, periprosthetic tissues harvested
during revision surgery, especially the bone–implant interface membrane and pseudo-synovial tissues,
are frequently examined via histological techniques in clinical work [14,36]. However, periprosthetic
tissues from revision surgeries mainly reflect end-stage failure and may not adequately reveal the
primary biological reactions caused by metal particles and ions released immediately after the initial
surgery. Nevertheless, the primary biological reactions caused by metal products in vivo may be
crucial to elucidate the evolution of the pathophysiological events that lead to prosthetic osteolysis. In
light of the limitations mentioned above, an established murine model was used in this study, which
mimics the initial biological reactions in the synovial-like tissues around prostheses caused by metal
particles and ions [35,37–39]. In contrast to various in vitro cell culture studies that focus on one cell
type [32,40], the murine model can not only reflect complex cellular and tissue interactions, but can
also mimic the dynamic process of joints. Additionally, compared with other models, such as hamsters’
skinfold-chamber models [41] and "air pouch" models [42], results from this model, as the suspensions
were injected intraarticularly, are easier to translate into a clinical scenario because the generated wear
debris primarily accumulates in the joint that has been replaced. In terms of the characteristics of metal
materials, the CoCrMo particles and ions used in our study were consistent with those found in some
clinical studies.

CD45 can be expressed on many types of cells in the immune system, such as lymphocytes,
natural killer cells, granulocytes, dendritic cells and monocytes/macrophages [26,43]. Therefore, CD45
was chosen as a general marker of immunocompetent cells in the synovial layer. For the left (treated)
mice knees, the MP group and MI group both showed significantly increased CD45-positive cells
compared with the PBS group, assuming that some immunocompetent cells were recruited to the
synovial layer as a result of the metal particles and metal ions. However, it is difficult to distinguish
specific immunocompetent cells and biological reactions solely from marking CD45. CD3 and CD68
were used as specific markers for T lymphocytes and macrophages [27], while IL-1β, IL-6 and TNF-α
were used as common inflammatory markers [16].

For the groups of left knees that received an intra-articular injection, the MP group’s inflammatory
reactions (IL-1β, TNF-α, IL-6 and CD68) increased considerably more than those of the other groups.
Considering the physical properties of CoCrMo particles, released nanometer-sized particles probably
cause physical harm, especially when the knee joint is in motion [21]. This may be one reason why
CoCrMo particles had very intensive inflammatory reactions in this in vivo study. Additionally,
via various released cellular mediators, damaged cells can lead to the activation and recruitment of
immunocompetent cells, especially macrophages. Subsequently, recruited macrophages phagocytize
some small CoCrMo particles, while foreign body multinucleated giant cells surround very large
particles [44]. Inside the cells, the particles are exposed to oxidative attacks, and consequently, high
levels of ions might be released during the chemical corrosion processes [45]. Therefore, CoCrMo
particles not only have a destructive effect because of their physical properties—the corrosion process
and the presence of metal ions can also cause some biological reactions in the surrounding tissues [46].
Furthermore, because of the presence of phagocytized debris, cellular necrosis can occur and many
mediators of inflammation are released by macrophages, which can recruit more macrophages,
amplifying the inflammatory cascade [20]. Numerous macrophages (CD68 positive cells) were found
in the MP group in this study. Although metal ions can also initiate oxidation-reduction reactions, the
metal ions were rapidly quenched, while metal particles offered a reservoir of redox-reactive metals for
continuous Reactive oxygen species (ROS) generation, which could further explain why metal particles
resulted in the strongest local inflammatory reactions in this study.

However, in contrast with the inflammatory reaction results in our murine model, some in vitro
studies have shown different results. Chamaon et al. indicated that the treatment of a human monocytic

279



Materials 2020, 13, 1044

cell line with ionic cobalt led to a decrease in metabolic activity [Water Soluble Tetrazolium-1(WST-1)
assay], while CoCrMo particles had no effect [47]. They explained that the rather large abrasive particles
(from 200 nm to several micrometers) used in their study might have resulted in the relatively low
impact of CoCrMo particles [47]. Because particle size is considered a critical parameter that influences
the biological reactions to wear particles, the majority of MoM-produced particles are usually from
40 to 60 nm [2,48]. One easily neglected factor should also be considered: the in vitro cell cultivation
process was static and could not reflect physical injury from metal particles in vivo. Moreover, Caicedo
et al. showed that similar increases of IL-1β, TNF-α and IL-6 were evoked by cobalt, molybdenum
ions, and Co-Cr-Mo alloy particles in human monocytes/macrophages [49]. Meanwhile, they found
that ions and cobalt alloy particles induced inflammasome activation in vitro in a dose-dependent
manner [50]. In our murine model, metal ions might be unavoidably systemically disseminated via
lymphatics and blood vessels and then circulated throughout the host body, probably leading to a
more general distribution than the metal particles. The gradually decreased metal ion level could
attenuate local inflammatory stimulation effects, which might be one important reason why the level
of inflammatory mediators (IL-1β, IL-6 and TNF-α) and the number of macrophages (CD68+ cells) did
not significantly increase in the MI group in our study.

According to the literature, a cell-mediated (type-IV delayed hypersensitivity) response, which
is mainly characterized by the activation of T lymphocytes, can be triggered by metal particles and
ions during the process of aseptic loosening [19,51]. At least theoretically, metal ions are able to
activate type-IV hypersensitivity by forming haptens with host proteins [16,52]. Compared with toxic
reactions, type-IV hypersensitivity reactions do not have a simple dose–response relationship, with
higher doses being more potent than lower doses, because even small amounts of antigens can cause
strong reactions [17]. In our study, we attempted to count T lymphocytes (CD3-positive cells) to verify
the existence of a type-IV hypersensitivity response. However, unexpectedly, regarding T lymphocytes,
there were no significant differences among the groups. A delayed hypersensitivity response typically
occurred between 24 and 48 h after exposure to an antigen [53]. One possibility was that a delayed-type
hypersensitivity response did not play an important role in aseptic implant loosening, and that T
lymphocytes were scarce in the primary process. Many researchers support this opinion, because
there is a relatively low revision rate related to “allergic” loosening [20]. Approximately 10% of the
population is hypersensitive to the materials found in jewelry and joint replacements [54]. If metallic
debris and ions can induce a serious hypersensitivity response in the periprosthetic tissues, then more
revision surgeries might have been performed as a result of “allergic osteolysis and aseptic loosening”;
however, this is not actually the case [20,54].

Some studies have indicated that small nanoparticles and high levels of metal ions from implants
can be detected in remote organs, including the liver, lung, spleen and kidney [55]. Whether the systemic
dissemination of wear particles and metal ions can cause side effects is a matter of debate [20,23].
As such, in our study, the synovial membrane of each right-sided knee joint after the intra-articular
particle or ion injection (left knee) was also analyzed for the presence of biological markers (IL-1β,
IL-6 TNF-α, CD45, CD68 and CD3). For IL-1β and TNF-α, only the right knees of the MP group had a
stronger response than the PBS group, which means that a systemic response caused by metal particles
occurred. By contrast, IL-6 was not significantly increased in the right knees of the MP group. One
possible explanation for this result is the presence of a temporal factor, because IL-6 secretion in the
periprosthetic membrane is preceded by the expression of TNF-α and IL-1β [56]. With regard to CD45,
the results of the right knees in the MI group were consistent with those of the left knees, indicating
that some immunocompetent cells (CD45-positive cells) were activated by metal ions, and that metal
ions also led to systemic reactions. In terms of CD3 and CD68, there were no significant differences in
the right knees of all groups, which means that no macrophages or T lymphocytes were recruited in
the right knees of all groups.

There are some limitations to this study. Although the murine model can reflect inflammatory
reactions caused by implant materials, it cannot imitate the osteolysis process around implants.
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Additionally, the single-injection murine model used in this study might not completely reflect the
chronic production of wear debris in patients with joint replacements. Some researchers have used
osmotic pumps in a murine model to achieve a continuous infusion of degeneration products [57]. This
model is more like the clinical scenario, but irritation from osmotic pumps might be an interference
factor. In a further study, we will aim to establish one continuous infusion model in combination
with existing techniques. To investigate the systemic reactions caused by particles and ions, we used
untreated knees. In the future, the impact of metal particles and ions on other organs, such as the
liver, spleen, heart and kidney, will also be evaluated, which would further reflect the overall reactions
caused by metal debris. Additionally, only one concentration of metal particles and ions was used,
referring to the national animal laws. In a future study, different metal particle and ion concentrations,
and the impact of different concentrations on aseptic inflammation, will be investigated.

5. Conclusions

The results of this study clearly demonstrate that the primary process which occurs after the release
of metal particle and ions, especially CoCrMo particles, can lead to an intensive proinflammatory
response in vivo. Metal ions can also cause the recruitment of immunocompetent cells but, in view of
local inflammatory reactions, macrophages and inflammatory mediators were scarce in vivo. During
the process by which metal particles and ions were released in present study, T lymphocytes were not
recruited in our murine model. Systemic reactions by metal particles and ions were found according to
the observation of untreated right knees.
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Abstract: (1) Background: The objective of the present study was to review the clinical and radiological
results of a small-head, MoM bearing in primary THA and to determine blood metal ion levels at
long-term follow-up. (2) Methods: We retrospectively evaluated the clinical and radiological results
of 284 small-diameter, MoM 28-mm Metasul THA at a mean follow-up of 14.5 years, and measured
blood metal ion concentrations in 174 of these patients. (3) Results: After 14 years, survival free for
revision due to any reason was 94%. Proximal femoral osteolysis was seen in 23% of hips, and MRI
demonstrated ARMD in 27 of the 66 investigated hips (41%). Mean cobalt, chromium, and titanium
ion concentrations were 0.82 μg/L (range 0.22–4.45), 1.51 μg/L (0.04–22.69), and 2.68 μg/L (0.26–19.56)
in patients with unilateral THA, and 2.59 μg/L (0.43–24.75), 2.50 μg/L (0.26–16.75), and 3.76 μg/L
(0.67–19.77), respectively in patients with bilateral THA. Twenty-nine percent of patients showed
cobalt or chromium ion levels > 2 μg/L. (4) Conclusions: Despite good clinical long-term results,
increased blood metal ion levels (cobalt or chromium > 2 μg/L) were found in approximately one-third
of asymptomatic patients, and proximal femoral osteolysis and ARMD were frequently seen in this
cohort. Blood metal ion analysis appears helpful in the long-term follow-up of these patients in order
to identify individuals at risk. In accordance with contemporary consensus statements, symptomatic
patients with elevated metal ion levels and/or progressive osteolysis should be considered for
additional CT or MARS MRI to determine the extent of soft tissue affection prior to revision surgery.
Further studies are necessary to investigate the clinical relevance of ARMD in asymptomatic patients
with small-head, MoM THA.

Keywords: Metasul; 28 mm small head; metal-on-metal THA; cobalt; chromium; titanium; blood
metal ions

1. Introduction

Second-generation, small-head, metal-on-metal (MoM) total hip replacements were reintroduced
in 1988 by Weber [1], and initiated the rise of metal-on-metal hip arthroplasties at the beginning of this
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century. Metal-on-metal bearings were commonly implanted in younger patients hoping to overcome
the polyethylene-wear-related complications of periprosthetic osteolysis and aseptic implant loosening.
In 2008, metal-on-metal articulations were used in approximately 35% of all hip replacements in
the United States [2]. High early failure rates, especially in large-diameter, metal-on-metal total hip
arthroplasties (THA), and the growing incidence of adverse local tissue reactions related to metal wear,
led to a swift decrease in the use of those implants in the subsequent years [3–6]. Accumulating metal
ions in the joint cavity, which are generated by corrosive degradation of metal wear products, are able
to influence both bone metabolism and the immune system through different pathways, contributing
to the pathogenesis of periprosthetic osteolysis and the formation of adverse local soft tissue reactions,
also referred to as ARMD (adverse reaction to metal debris). Although MoM bearings are rarely used
nowadays, the systematic follow-up of these patients will continue to be of clinical importance due to
the large number of metal-on-metal articulations that were implanted in past decades, especially in
younger patients [7]. Risk stratification algorithms for the management of patients with MoM bearings
have been provided by different regulatory authorities [8–10], and published guidelines suggest
that small-diameter (< 36 mm) MoM implants are at low risk of developing ARMD. In contrast to
large-diameter MoM articulations, a systematic long-term follow-up comparable to conventional THA
with routine follow-up intervals of 3 to 5 years in the long term is considered sufficient, and blood
metal ion analysis is not recommended in the follow-up routine of patients with small-diameter,
MoM articulations [10]. Although some authors have recently raised concerns about the late onset of
ARMD associated with increased metal wear of small-diameter, MoM implants [11–13], the results of
metal ion analyses in the long-term follow-up of these patients are not clear.

The objective of the present study was (i) to evaluate the clinical and radiological results of
small-head, MoM THA at long-term follow-up, (ii) to determine blood metal ion concentrations in
a large cohort of patients at a minimum follow-up of 10 years, and (iii) to investigate potential risk
factors associated with elevated blood metal ion levels in these patients.

2. Materials and Methods

2.1. Study Design and Patients

In this cross-sectional study, we retrospectively evaluated a consecutive series of 262 patients
(284 hips) following cementless THA with a 28-mm Metasul metal-on-metal articulation. The study was
approved by the ethics committee of the Heidelberg school of medicine (No. S-365/2013), and informed
written consent was obtained prior to inclusion of each patient. Surgery was performed consecutively
between April 1995 and November 2001 at Heidelberg University Hospital using either a modified
Watson-Jones or a transgluteal lateral approach. The indication for the use of a MoM bearing at that time
was young patient age and a high expected physical activity level. The mean age of patients at time of
surgery was 52 years (range 21 to 74 years). At a mean follow-up of 14.5 years, 44 patients (17%, 33 male,
11 female) had died and 14 (5%) were lost to follow-up, leaving 193 patients (211 hips) who were
available for review (Figure 1). Up to the latest follow-up, fourteen hips (5%) had undergone revision
surgery. Of the remaining cohort, 174 patients (189 hips) agreed to participate in blood metal ion
analysis, which was performed at a mean follow-up duration of 14.5 years (range 10.3 to 18.8 years) after
surgery. In order to eliminate other sources of cobalt or chromium ion release, eighteen patients (19 hips)
were excluded due to additional metal implants such as total knee replacements [14], and seventeen
patients (17 hips) had to be excluded because of femoral components made of cobalt-chromium-alloys.
Of the remaining cohort, 113 patients with unilateral THA and 26 patients with bilateral THA were
available for further statistical analysis.

286



Materials 2020, 13, 557

Figure 1. Flowchart summarizing clinical follow-up and patient selection for metal ion analysis.

A 28-mm Metasul (Zimmer, Winterthur, Switzerland) MoM articulation was used in all hips.
The acetabular component of this implant consists of a forged, high-carbide (0.2–0.25%) cobalt-chromium
alloy liner, which is embedded in a polyethylene insert. It was used in combination with a cementless,
press-fit titanium acetabular shell; 95 hips received an Allofit acetabular cup (Zimmer, Winterthur,
Switzerland) and 58 received a Fitmore acetabular component (Zimmer, Winterthur, Switzerland).
An uncemented straight-tapered titanium stem with a standard 12/14 mm Euro taper was used in
all hips for femoral reconstruction; 128 hips received a CLS Spotorno stem (Zimmer, Winterthur,
Switzerland) and 25 received a G2 stem (Depuy Orthopaedics, Warsaw, Poland).

2.2. Clinical and Radiographic Follow-up

Clinical examination was performed using the Harris Hip Score. Standard pelvis anteroposterior
and lateral radiographs of the hip were evaluated with regard to radiolucent lines and osteolysis. We
defined periprosthetic osteolysis as a lucent zone absent of trabecular bone, which was not visible on
the immediate postoperative radiograph [15]. Radiolucencies and osteolysis were evaluated according
to the zones established by Gruen et al. [16] and the classification system of DeLee and Charnley [17].
Cup inclination angles were determined using the TraumaCad software (TraumaCad®, Voyant Health,
Columbia, SC, USA), taking the inter-teardrop line as a fixed landmark [18]. In addition, cross-sectional
imaging with metal artifact reduction sequence magnetic resonance imaging (MARS MRI) was available
in 53 patients (66 hips) of the study cohort, which were retrospectively evaluated regarding ARMD
formation. The indication to perform MARS MRI in these patients was blood cobalt or chromium ion
level > 1 μg/L. A total of 107 patients in the study cohort fulfilled these inclusion criteria and were
invited for MRI as part of a previously published study [13].
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2.3. Metal Ion Analysis

Blood samples were taken using a blood collection system specific for trace metal ion analysis
(Sarstedt, Nuembrecht, Germany; Refs. 58.1162.600 and 01.1604.400). The first 5ml of blood were
discarded and blood samples were stored at −20 ◦C. Whole blood metal ion analysis was performed at
the Geochemical Laboratories at Heidelberg University using high-resolution, inductively-coupled,
plasma-mass spectrometry (HR-ICP-MS, Element 2, Thermo Fisher Scientific, Bremen, Germany).
ICP-MS is currently considered one of the preferred techniques for blood metal ion measurement [10].
All samples were analyzed at the same time in order to minimize calibration errors arising from the
spectrometer. Metal ion analysis was repeated three times in every sample and mean values were
calculated. Detection limits of 0.005 μg/L for cobalt, 0.02 μg/L for chromium, and 0.06 μg/L for titanium
were established for this method [19]. Additionally, the glomerular filtration rate (GFR) was calculated
using the CKD-EPI formula based on the serum creatinine values of each patient.

2.4. Statistical Methods

Statistical analysis was performed using the software SPSS® for Windows® (version 22.0; SPSS IBM
Corp., Chicago, IL, USA) and Graphpad Prism® (version 6.0, Graphpad Software, San Diego, CA,
USA). Data were evaluated descriptively as arithmetic mean, standard deviation, median, minimum,
and maximum. Demographic data and mean metal ion levels were compared between the bilateral and
the unilateral group using the student’s t-test. For comparison of categorical variables between the two
groups, the chi-square test was used. Kaplan-Meier survivorship analysis was performed with revision
for any reason as the endpoint. In the unilateral group, correlation analysis was performed using
Spearman correlation coefficient and multivariate linear regression analysis in order to investigate
the correlation between blood metal ion concentration and potential risk factors associated with
elevated cobalt ion levels, which were defined as gender, cup inclination angle, body mass index,
and follow-up length. Additionally, the relationship between periprosthetic osteolysis and blood
metal ion concentrations of cobalt, chromium, and titanium was assessed using logistic regression
analysis. Correlation was defined as poor (0.00 to 0.20), fair (0.21 to 0.40), moderate (0.41 to 0.60),
good (0.61 to 0.80), or excellent (0.81 to 1.00). All tests were two-sided and a p-value < 0.05 was
considered significant.

3. Results

3.1. Survival Analysis

The cumulative survival rate at 10 years, using revision for any reason as the endpoint, was 96%
(95% confidence interval (CI); 92–98%; 235 hips at risk) and 94% (95% CI; 90–96%; 112 hips at risk) at
a mean follow-up of 14 years (Figure 2). Of the 14 hips requiring revision surgery, four (1.4%) were
revised for adverse reaction to metal debris (ARMD) and four (1.4%) were revised for aseptic loosening
of either the femoral (n = 2) or acetabular component (n = 2). Another four hips (1.4%) were revised
for infection, and two were revised for late periprosthetic fracture (0.7%). The mean time to revision
surgery for ARMD was 10.5 years (range 7 to 15 years), and the mean time to revision surgery for
aseptic loosening was 6.2 years (range 3.5 to 11 years).
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Figure 2. Kaplan-Meier analysis showing the survival free of revision for any cause was 96% (95% CI
92–98%) at 10 years and 94% (95% CI; 90–96%) at a mean follow-up of 14 years.

3.2. Clinical and Radiographic Evaluation

The mean Harris Hip Score of the cohort was 90 points (range 40 to 100) at the time of follow-up.
The mean inclination angle of the acetabular component was 42 degrees (range 29–50 degrees).
No femoral component showed radiographic signs of loosening. Radiographs demonstrated femoral
osteolysis in 23% of the hips and radiolucent lines > 2 mm in 13% of hips. Osteolysis and radiolucent
lines were predominantly located in the proximal Gruen zones. Their distribution is illustrated in
Figure 3. Periacetabular osteolysis was rarely seen, with an overall frequency of 2%. MARS-MRI
demonstrated pseudotumor formation in 27 of the 66 investigated patients (41%). ARMD were
generally small and predominantly cystic in nature. More detailed results of this investigation were
previously published in another study of this research group [13].
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Figure 3. Results of the radiographic evaluation showing the distribution of radiolucent lines (RL) and
osteolysis (OL), as seen on anteroposterior and lateral radiographs according to Gruen zones at a mean
follow-up of 14 years.

3.3. Metal Ion Analysis

A total of 139 patients were eligible for blood metal ion analysis, with the Metasul bearing being
the only known source for cobalt or chromium ion release (Figure 1). The demographic data of the
study cohort are summarized in Table 1. The results of blood metal ion analysis are shown in Table 2
and Figure 4. Patients with bilateral THA showed higher mean cobalt and chromium levels; however,
this difference was not statistically significant. Forty-one patients (29%) had either cobalt or chromium
ion levels > 2 μg/L, and 23 (17%) showed cobalt or chromium ion levels > 3 μg/L. Ninety-four patients
(68%) demonstrated titanium ion levels > 2 μg/L and 26 (19%) had titanium ion levels > 4 μg/L.
Four patients showed radiological evidence of femoral neck impingement without disassociation of
the acetabular liner as a possible source for increased metal wear, which was visible as a little notch
at the femoral neck on the lateral radiograph. Three of the four patients were asymptomatic with
a mean HHS of 98 points. Mean cobalt, chromium, and titanium ion levels were 3.23 μg/L, 2.84 μg/L,
and 8.69 μg/L, respectively. All other patients with increased metal ion levels showed no evidence
of mechanical failure or component loosening on plain radiographs. No patient in the study cohort
showed severe chronic kidney disease (GFR < 30 ml/min). Univariate analysis revealed moderate
correlation between cobalt and chromium ion concentrations (� = 0.465, p < 0.001), and fair correlation
between chromium and titanium ion levels (� = 0.228, p = 0.015) and between body mass index and
cobalt ion levels (� = −0.224, p = 0.017). However, in multivariate analysis, none of the tested variables
was proven as a risk factor for elevated metal ion levels. Logistic regression analysis showed no
association between the presence of periprosthetic osteolysis and blood metal ion levels of cobalt (odds
ratio, 0.94; 95% CI, 0.50–1.77; p = 0.941), chromium (OR, 1.01; 95% CI, 0.85–1.21; p = 0.905), or titanium
(OR, 0.88; 95% CI, 0.66–1.16; p = 0.362).
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Table 1. Demographic data of the unilateral and bilateral group for metal ion analysis.

Unilateral Group (n = 113) Bilateral Group (n = 26) p-Value
Mean (Range) Mean (Range)

Age at follow-up (years) 67 (34–86) 64 (48–79) 0.117
Female gender (%) 35 50 0.167
Body mass index (kg/m2) 26 (17–40) 27 (18–39) 0.887
Time of follow-up (years) 14.3 (10.2–18.8) 14.4 (11.9–17.7) 0.960
GFR (ml/min) 72 (31–116) 81 (54–106) 0.021*
Cup Inclination (◦) 43 (25–62) 45 (27–62) 0.064
Harris Hip Score 91 (40–100) 90 (46–100) 0.765

* indicating statistically significant differences between the two groups

Table 2. Results of blood metal ion analysis.

Unilateral Group
(n = 113) μg/L

Bilateral Group
(n = 26) μg/L

p-Value

Cobalt Mean (SD) 0.82 (0.78) 2.59 (4.81) 0.082
Median 0.55 1.30
Range 0.22–4.45 0.43–24.75

Chromium Mean (SD) 1.51 (2.47) 2.50 (3.22) 0.092
Median 0.85 1.38
Range 0.04–22.69 0.26–16.75

Titanium Mean (SD) 2.68 (2.50) 3.76 (3.70) 0.079
Median 2.01 2.71
Range 0.26–19.56 0.67–19.77

Figure 4. Box-and-whisker plots showing whole blood ion concentrations of cobalt, chromium,
and titanium. The box marks the range between first and third quartile, with the band inside the box
indicating the median and whiskers indicating minimum and maximum data respectively.

4. Discussion

Small-diameter, metal-on-metal implants are supposed to be at low risk of developing ARMD,
and a systematic follow-up comparable to conventional THA is considered to be sufficient due to the
good clinical mid- and long-term results reported in the literature [10]. Current guidelines recommend
additional imaging using CT-scan or MARS-MRI to rule out potential ARMD in patients with blood
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cobalt ion levels > 2 μg/L [10]. However, little is known about the metal ion exposure in patients
with small-head, MoM THA at long-term follow-up. The aim of this study was to report clinical
and radiological results and to investigate blood metal ion levels in a large cohort of patients with
small-diameter, MoM THA at long-term follow-up. The results of this study show that despite
good clinical results, radiological findings of femoral osteolysis and ARMD were frequently seen in
this cohort of patients with well-functioning small-head, metal-on-metal THA, and 29% of patients
demonstrated elevated cobalt or chromium ion levels, i.e., > 2 μg/L, at long term follow-up.

To our knowledge, the present study represents the largest cohort of patients following small-head,
MoM THA investigated with blood metal ion analysis at long term follow-up. Metal ion levels
may vary significantly depending on the medium (e.g., whole blood, serum, or erythrocytes) and
the technique (AAS vs. ICP-MS) used for analysis, which limits comparison among published
studies [20]. Migaud et al. investigated whole blood metal ion concentrations in 26 patients following
small-diameter, Metasul, metal-on-metal THA at a mean follow-up of 12 years. They reported median
cobalt and chromium levels of 0.95 μg/L (range 0.4–4.8 μg/L) and 1.2 μg/L (range 0.1–5.6 μg/L),
respectively [21]. Comparable results were reported by Ayoub et al., with mean cobalt ion levels of
1.85 μg/L (range 0.35–13.6 μg/L) and chromium ion levels of 1.32 μg/L (range 0.1–7.9 μg/L) at a mean
follow-up of 15.9 years [22]. Our results of metal ion analysis at a mean follow-up period of 14 years
are consistent with these findings, with mean metal ion levels being within the range of < 2 μg/L.
However, approximately one-third of patients in our cohort demonstrated metal ion levels above 2 μg/L,
and therefore, should undergo further imaging with ultrasound, CT-scan, and/or MARS-MRI in order
to rule out ARMD, according to current guidelines [10]. In the study of Ayoub et al., only three patients
demonstrated cobalt ion levels > 3 μg/L, and no ARMD was seen in this group of 42 female patients
using ultrasound assessment. We presume that the higher proportion of patients with elevated cobalt
and chromium ion concentrations seen in our study might be attributed to the larger patient cohort.
The prevalence of ARMD in asymptomatic patients with small-diameter, MoM THA at long-term
follow-up still is not clear, and larger cohort studies using CT or MRI should be performed to address
that question. In accordance with our findings, a study by Hwang et al. investigated the prevalence
of ARMD in patients following 28-mm Metasul MoM THA using computed tomography, and found
ARMD to be present in 20% of the hips at a mean follow-up of 15 years [11].

For hip resurfacing and large-head, metal-on-metal THA, different risk factors for implant failure
and elevated metal ion levels could be identified, such as high cup inclination angles or female
sex [23,24]. Sidaginamale et al. [25] found a correlation between elevated ion levels and abnormal
wear patterns in retrievals of resurfacing components. Langton et al. [24] analyzed 278 asymptomatic
patients with hip resurfacing devices, and found elevated cobalt ion concentrations and female sex to be
associated with early implant failure secondary to ARMD. Hart et al. [26] showed that increased blood
metal ion concentrations were associated with implant failure in patients after hip resurfacing and
large-diameter, metal-on-metal THA. In accordance with the findings of Lass et al. [27], we could not
identify any risk factors associated with elevated blood metal ion levels in this cohort of patients with
small-head, metal-on-metal implants. Impingement between the femoral neck and the Metasul liner
is a known phenomenon, which can lead to increased metal wear or disassociation of the acetabular
liner [28,29]. Four patients in our cohort showed radiological signs of impingement, with a visible
notch at the femoral neck of the titanium stem on the lateral radiographs; titanium ion levels were
increased in these patients. Therefore, titanium ion analysis can be beneficial to detect excessive wear
due to impingement, in particular because it can be difficult to diagnose acetabular impingement on
plain radiographs in some cases.

We found an acceptable clinical outcome for this bearing type according to the NICE
recommendations [30], with a cumulative rate of implant survival of 96% with revision for any
reason as the end point at 10 years. The mean patient age of 52 years at time of surgery was relatively
young in this cohort. This was mainly attributed to the fact that the indication for THA in combination
with a small-head, metal-on-metal bearing at that time was advanced osteoarthritis in young patients
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with a high activity level, which can be considered a potential selection bias when comparing our data
to other reports on implant survival. Comparable long-term results for the Metasul bearing have been
reported by Lass et al. [27] (survival rate of 87% at 18.8 years) and Hwang et al. [31] (survival rate of
97.8% at 18.4 years for acetabular cup revision for any reason). However, there is concern about the
high rate of proximal femoral osteolysis and ARMD, as well as the high prevalence of elevated metal
ion concentrations found in this cohort. We abandoned the use of metal-on-metal articulations in favor
of alternative bearings such as ceramic on highly cross-linked polyethylene, as the local and systemic
long-term effects associated with metal debris and metal ion release are still not fully understood [15].

There are some limitations to our study. Five percent of patients were lost to follow-up and
a further 10% declined to participate in blood metal ion analysis. Also, no CT-scans were carried out in
order to avoid additional radiation exposure. As a consequence, the rate of osteolysis could have been
underestimated, especially around the acetabular components. Furthermore, MRI was only performed
in 66 of the 189 hips (35%) that were available for clinical and radiological assessment, which could
have resulted in a selection bias regarding the prevalence of ARMD. The fact that only 66 of the 107
advised patients with elevated metal ion levels agreed to participate in MRI assessment was mainly
attributed to long travel distances and/or the absence of symptoms [13]. Further studies with larger
patient cohorts using CT or MRI should be performed to investigate the prevalence of ARMD in
asymptomatic patients with small-diameter, MoM THA at long-term follow-up. In addition, due to
the cross-sectional study design, metal ion analysis was performed at a single time point, with a mean
follow-up of 14.4 years after surgery; no sequential analysis was performed for each patient. However,
longitudinal studies showed that blood metal ion levels in patients with well-functioning small-head,
metal-on-metal bearings did not tend to increase over time [32–34].

5. Conclusions

The present study demonstrates good clinical results for cementless, 28 mm, MoM, THA at
long-term follow-up, with a cumulative survival rate of 94% after 14 years. However, increased blood
metal ion levels (cobalt or chromium > 2 μg/L) were found in approximately one-third of asymptomatic
patients, and proximal femoral osteolysis and ARMD were frequently seen in this cohort. Blood metal
ion analysis appears helpful in the long-term follow-up of these patients in order to identify individuals
at risk. In accordance with contemporary consensus statements [10], symptomatic patients with
elevated metal ion levels and/or progressive osteolysis should be considered for additional CT or
MARS MRI to determine the extent of soft tissue affection prior to revision surgery. Further studies are
necessary to investigate the clinical relevance of ARMD in asymptomatic patients with small-head,
MoM THA.
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Abstract: Acetabular cup deformation may affect liner/cup congruency, clearance and/or
osseointegration. It is unclear, whether deformation of the acetabular components occurs during
load and to what extent. To evaluate this, revision multi-hole cups were implanted into six cadaver
hemipelvises in two scenarios: without acetabular defect (ND); with a large acetabular defect (LD)
that was treated with an augment. In the LD scenario, the cup and augment were attached to the
bone and each other with screws. Subsequently, the implanted hemipelvises were loaded under a
physiologic partial-weight-bearing modality. The deformation of the acetabular components was
determined using a best-fit algorithm. The statistical evaluation involved repeated-measures ANOVA.
The mean elastic distension of the ND cup was 292.9 μm (SD 12.2 μm); in the LD scenario, 43.7 μm (SD
11.2 μm); the mean maximal augment distension was 79.6 μm (SD 21.6 μm). A significant difference
between the maximal distension of the cups in both scenarios was noted (F(1, 10) = 11.404; p = 0.007).
No significant difference was noted between the compression of the ND and LD cups, nor between
LD cups and LD augments. The LD cup displayed significantly lower elastic distension than the ND
cup, most likely due to increased stiffness from the affixed augment and screw fixation.

Keywords: total hip arthroplasty; implant deformation; acetabulum

1. Introduction

Total hip arthroplasty (THA) is considered to be one of the most successful operations performed in
orthopedic surgery and the treatment of choice for end-stage osteoarthritis of the hip [1]. Consequently,
the frequency of hip joint arthroplasty continues to increase worldwide. In 2007 Kurtz et al. estimated
that the demand for primary total hip arthroplasty in the USA will increase by 174% to 572,000 by
2030 [2]. Concurrently they projected that the demand for revision THA would increase between 2005
and 2030 from 40,800 to 96,700 procedures representing an increase of 137% [2]. Generally, the longevity
of revision THA is less than that of primary THA [3]. Lie et al. in 2004 analyzed 4762 revisions reported
to the Norwegian Arthroplasty Register with a mean follow up of 3.2 years and found a 26% risk of
failure after 10 years for cases without prior infection [3].

Cementless acetabular components have achieved widespread acceptance in THA as a result of
their improved and reliable long-term results [4]. Primary stability is achieved through press-fit fixation

Materials 2020, 13, 52; doi:10.3390/ma13010052 www.mdpi.com/journal/materials297



Materials 2020, 13, 52

that requires 1–3 mm under-reaming of the acetabular cavity and forceful impaction [5]. The forces
utilized are substantial and generally result in some degree of deformation of the metal cup [6,7],
particularly when the cup is thin-walled and of large diameter [8]. Meding et al. have shown that
implant deformation resulting from the implantation process is non-uniform and results in diametrical
pinching close to the implant rim, which is ascribed to impact pressure against the ischial and ileal
columns of the acetabulum [8]. Prior studies have focused on assessing the pattern and degree of
deformation resulting from the implantation process [7,9–14]. A few studies have assessed deformation
after press-fit implantation and load application [15,16], however, these studies did not investigate cup
deformation during load on the cup, as would be the case once the patient moves his/her hip.

The goal of our study was to evaluate and compare the elastic deformation of in-vitro titanium
press-fit cups in two revision THA scenarios during subjection to cyclic gait loading for varying time
periods. One sample group consisted of cadaver bone implanted with only a revision Gription cup
(Pinnacle Multihole with Gription coating, Depuy/Synthes) (GC), whereas the second group was
implanted with a revision Gription cup (GCS) and Gription augment (GAS) construct (Depuy/Synthes)
both fixed to the pelvis with screws. We considered the diametrical change of the component rim
during cyclic loading to relate to and reflect elastic deformation of the component that could potentially
influence stable seating of the implant and the bone/implant apposition. This could contribute to
micromotion on the implant-bone interface and between the cup and modular liner, respectively,
which in turn might affect the osseointegration of the implant or influence the backside wear of the liner.

2. Materials and Methods

This study was approved by the local ethics committee (Ethikkommission Medizinische Fakultät
Heidelberg, S309/2011).

Six fresh frozen cadaver hemipelvises were thawed at room temperature, dissected free of soft
tissue. BMD measurements were done on attached femoral neck fragments prior to their removal
from the hemipelvises. BMD was evaluated using Dual X-ray Absorptiometry (DXA) (QDR-2000
DXA densitometer; Hologic Inc, Waltham, MA, USA) and AP radiographs were also obtained on all
specimens for pre-operative planning, and to exclude relevant pathology.

The average donor age was 78 years (range 51 to 96 years); the average donor mass was 66 kg
(range 49 to 86 kg); and the average donor height was 171 cm (range 147.3 to 177.8 cm) resulting in a
mean BMI of 23 kg/m2 (range 19.0 to 28.9 kg/m2). The mean bone mineral density, BMD, was 0.8 g/cm2

(range 0.641 to 0.924 g/cm2). Cadaver pelvises with a BMD below 0.6 g/cm2 were excluded.
We compared two component scenarios that are frequently used in revision surgery.

2.1. Scenario 1: Revision Cup without Substantial Bony Defect (ND)

In the first scenario, a revision Gription cup (GC) (Pinnacle® Multihole with Gription® coating,
DePuy Synthes Companies, Warsaw, IN, USA) was implanted press-fit in six hemipelvises without
bone defects according to manufacturer recommendations as described in previous studies [17,18].
The acetabula were reamed in a concentric fashion in 2 mm increments removing all cartilage. The last
reamer used was 1 mm smaller than the corresponding cup size, allowing a press-fit insertion of the
cup. The cups were implanted at 45◦ of inclination and 15◦ of anteversion. Cup sizes of 50, 52, 54,
56, and 58 mm (58 mm cup was implanted in two cases) were used to correspond to the respective
acetabular cavity. No additional screws were used as the press-fit allows instant stability of the cup in
the bone.

2.2. Scenario 2: Revision Cup with Large Bony Defect Treated Using an Augment (LD)

In the second scenario, the same six hemipelvises received a Paprosky 2b defect of 10 mm depth,
which was created in a standardized manner at the posterolateral aspect of the acetabulum. 30% of the
circumference of the rim was involved and the edge of the defect bordered on the anterior inferior
iliac spine. The defects were subsequently covered with a 10 mm Gription augment (GAS), which
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was fixed to the host bone with two 5.5 mm × 30 mm screws, the so-called “augment-first technique”.
A Gription cup (GCS, Gription Cup with Screws) was then fixed to the host bone using three 6.5 mm ×
30 mm screws and to the augment with one 6.5 mm × 15 mm screw. Cup diameters referred to 50,
52, 54, 56, 58 and 58 mm. No cement was used. Marathon® cross-linked polyethylene liners (DePuy
Synthes Companies, Warsaw, IN, USA) corresponding to the respective cup and a 28 mm diameter
metal head were used in all cases. THA’s were performed by a highly trained and experienced surgeon
(RGB). Post-operative radiographs were obtained and confirmed the positioning of the implants and
exclude fractures in all cases.

The implanted hemi-pelvises were fixated in a container using polyurethane foam (RenCast FC
53 A/B, Goessel + Pfaff GmbH, Karlskron/Brautlach, Germany) and integrated into a custom-made
multi-axial testing machine (TD, testing device). This customized multi-axial testing machine enabled
us to apply the changing loads and force vectors generated during a normal gait cycle as described in
prior studies [17,18].

Loads applied were taken from the Bergmann et al. OrthoLoad data set [19]. Bergmann et al. [20]
divided the gait cycle into phases and for each phase load components in the x, y and z axes were
given according to a defined coordinate system. Using the load data (Fx, Fy, Fz) and their respective
angles, the orientation of the resultant force vectors during normal gait could be replicated. Using this
data in our testing machine, the magnitude and direction of the force vectors were controlled by the
MTS regulator (MTS headquarters, 14000 Technology Drive, Eden Prairie, MN, USA).

Utilizing our TD, our specimens were subjected to our adjusted loads in a cyclic physiologic
manner that mimicked the normal gait cycle with the difference that we limited the applied load to
30% of that experienced in the normal gait cycle. We chose 30% of the normal load as an estimate of the
partial weight-bearing allowed in patients during the immediate postoperative phase of revision hip
arthroplasty. The loads we applied varied from a maximum of 69.93% to a minimum of 8.71% of body
weight compared to the respective values at 233.1% and 29.02%, which have been determined with full
weight bearing in the normal gait cycle [20,21]. One thousand load cycles were carried out at 1 Hz.

Marker points (size 0.8 mm, GOM Gmbh, Braunschweig, Germany) trackable by an optical
measuring system were placed around the circumference of the cup rim. They were also placed along
the rim of the augment that constituted 30% of the entire cup circumference (see Figure 1).

Figure 1. Photograph of acetabular cup, augment and liner. Note the attached optical marker points
along the rim of the cup and augment.

The measurements were taken at 0, 50, 100, 200, 400, 600, 800, and 1000 cycles using a frame rate of
15Hz. For each set of load cycles, we used the optical readings from the cup rim and augment marker
points, respectively, to calculate best-fit circles by utilizing the Best Fit Algorithm that then enabled us
to measure the maximal and minimal circle diameters at each set of load cycles (see Figure 2) [22,23].
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We considered elastic deformation to be the change in diameter of these “best-fit” circles from the circle
diameter measured initially after implantation without load, which was calculated from the positional
changes of the rim markers. Mean maximum and minimum diameter changes (mean maximum
and minimum deformation) were calculated for both GC (measurement 1), and for GCS and GAS
(measurement 2) construct groups for each of 0–1000 cycle sets. The results for the three groups were
then compared.

Figure 2. Representation of best-fit circle, denoted by the dotted lines around the rim of the acetabular
cup, which was calculated by the relative motion of the optical markers.

3. Statistics

The data were evaluated descriptively using the arithmetic mean, standard deviation, minimum
and maximum. A repeated-measures analysis of variance (ANOVA) was performed to test for
significant differences for the parameter of deformation (primary cup vs. cup with screws and cup
with screws vs. augment). Prior to data analysis, the normal distribution of the data was evaluated
using a Shapiro–Wilk test, which was chosen over other statistical tests of normal distribution since
a prior study has shown that this test provides more power given a known significance than other
tests of normal distribution [24]. Subsequently, the homogeneity of variance was verified using the
Levene test, which is a prerequisite for ANOVA. The results allowed for the use of the ANOVA test.
The Greenhouse–Geisser adjustment was used to correct for violations of sphericity. The data were
analyzed using SPSS 25 (IBM, Armonk, New York, NY, USA).

4. Results

The results are displayed below in Table 1 and Figure 3.

Table 1. Mean elastic deformation (μm) for scenario 1 (GC) and scenario 2 (GCS and GAS) during all
cycle sets.

Deformation (μm)
Scenario 1

without Defect
Scenario 2

with Paprosky 2b Defect
Cup (GC) Cup (GCS) Augment (GAS)

Mean Compression ± SD −182.4 ± 15.0 −79.9 ± 9.2 −73.2 ± 4.3
Mean Distension ± SD 292.9 ± 12.2 43.7 ± 11.2 79.6 ± 21.6
Overall Deformation 475.3 123.6 152.8
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Figure 3. Bar graph of mean elastic deformation (distension and distension) of GC (no bony defect;
scenario 1) and GCS and GAS (with bony defect; scenario 2).

Comparison of the compression and distension deformation between primary and revision cup:
The cyclical loading showed no statistically significant effect under the standardized loading

conditions with regards to the compression deformation, F(3.027, 30.266) = 0.484, p = 0.698. There was
no statistically significant difference for the compression cup deformation between the primary and
revision groups, F(1, 10) = 1.740, p = 0.217, yet a tendency for higher elastic deformation of the ND cup
(GC) can be found.

The duration of load (i.e., the later load cycles) had no significant influence on the
distension deformation, F(1.718, 17.176) = 0.368, p = 0.666. The repeated measures ANOVA with
Greenhouse-Geisser correction determined that the difference in distension deformation of the cups
in scenario 1 (No Defect) and scenario 2 (Large Defect) was statistically significant, F(1, 10) = 11.404,
p = 0.007.

Comparison of the compression and distension deformation between the revision cup and augment:
Under the standardized loading conditions the cyclical loading showed no statistically significant

effect with regards to the compression deformation, F(1.889, 18.892) = 1.048, p = 0.367. There was
no statistically significant difference for the compression deformation between the revision cup and
augment, F(1, 10) = 0.015, p = 0.904.

The duration of load (the later load cycles) had no significant influence on the distension
deformation, F(1.515, 15.152) = 1.104, p = 0.340. The repeated measures ANOVA with
Greenhouse-Geisser correction determined that there was no statistically significant difference between
LD cup (GCS) and augment (GAS) with regards to the distension deformation of each, F(1, 10) = 0.389,
p = 0.547.

The results are displayed in Table 1 and Figure 3.

5. Discussion

A large body of existing research has played an important role in the current success of both
primary and revision THA, and resulted in a steadily increasing number of procedures and a
decreasing age of patients [25,26]. Loosening and dislocation have been identified as the major
causes of implant failure [26–28] and have been the focus of most research. Micro-motion at the
bone/implant interface with subsequent particle production, tissue reaction, and osteolysis has been
well documented [17,29–32]. Primary stability of the implant is recognized as critically important for
ultimate surgical success [33–35]. Early osseointegration of all porous metal implants requires only
minimal relative motion between implant and host bone. Micro-motion or bone/implant gap size of up
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to 50 μm has been shown to result in successful osseointegration, but above 150 μm there is attachment
by fibrous tissue [33,36–38].

In contrast to studies of micromotion and other contributing factors leading to implant failure,
implant deformation has received relatively little research attention. Existing studies have focused
almost exclusively on deformation changes that occur during the process of implantation, and have
disregarded deformation occurring afterward. The deformation of press-fit acetabular cups into 1–3
mm under-reamed sockets has been documented in several prior studies [8,37]. Prior researchers
noted that the acetabular bone is most dense at the anterosuperior and posteroinferior margins (ileal
and ischial columns) and the pubic area, constituting 3-point support [28]. The ileal and ischial
columns are the most unyielding foci of the acetabular rim during the implantation process [12,28],
and post-implantation provide the most bone/implant contact, foci of greatest load transfer and
ultimately the most support for the implant [6,28]. Studies have shown that contact at the pelvic
rim/implant area constitutes 25–50% of the total host bone/ implant apposition [9,36]. The host
bone implant apposition decreases from rim to pole [39]. It has been found that even under ideal
circumstances, total bone/implant apposition is never achieved and is unnecessary for successful
osseointegration [9]. Cadaver studies of previously well-functioning components have shown that
bone/implant contact areas have varied widely in extent [36]. The pelvic rim is also the area of greatest
implant support during weight-bearing/gait loading [28].

During forceful press-fit implantation (previously measured at 400 N with porous titanium
acetabular cups in-vivo) [8,37], the ileal and ischial columns exert a pinching effect on the cup
component [7,9,12,14,35,37]. This causes the cup to assume a hemi-elliptical rather than a hemispherical
shape that can lead to incongruity, diminished apposition and increased gap areas at the bone/implant
interface [9,11,35]. These gaps, if excessive, can be associated with a number of negative consequences,
including improper depth and angle of implant seating with subsequent potential dislocation, increased
micro-motion at the bone/implant interface [35], facilitation of particle accumulation and increased
tissue fluid, impaired liner insertion secondary to distortion of the cup locking mechanism and
diminished clearance that adversely affects joint lubrication and liner wear [8,9,11,35,37,40]. Other
factors that have been shown to influence the degree of cup deformation are the reaming process
prior to implantation and the geometry of the acetabular cavity, characteristics of the implanted cup,
bone density/hardness, the force applied during implantation and the seating of the cup [8,9,37,41,42].
Prior studies have shown that manual reaming results in a cavity that is usually slightly larger than
the last reaming instrument and is hemi-elliptical in shape as a result of the varying degrees of
stiffness throughout the host acetabular cavity [7,9,14,42]. Lin et al. found large errors in hand-reamed
cavities [34]. Therefore, careful reaming of the acetabular cavity and accurate cup seating have been
identified as significant modifiable factors in reducing the degree of implant deformation [9] that
occurs during the implantation process, and we hypothesize that they may also influence the degree of
elastic deformation that is the focus of our study. Characteristics of the implant that have been found
to influence the potential to deform are the type of metal used, and diameter and thickness of the cup.
Meding et al. found that titanium cups deform more than those of CoCr, and increasing the diameter
and thinness of the wall are associated with increased potential to deform [8,35].

The focus and methodology of our current study differ in several respects from all prior
studies of deformation. Our study does not evaluate deformation occurring from the process
of implantation, but looks at elastic deformation occurring as a result of cyclic loading applied several
days post-implantation. We utilized cadaver bone rather than the synthetic bone to permit the most
realistic testing scenario, and measurements were made several days after implantation to minimize
the elliptical distortion of the implantation process since it has been demonstrated that for several days
post-implantation there is a visco-elastic relaxation of the pelvic bone and implant that reduces the
deformation of titanium components [7]. We focused on the rim since it has been shown to be the site
of the most bone/implant apposition and the region of maximal loading with gait [6,28]. Since our
methodology utilized the derivation of a “best-fit circle” based on an assumption of symmetry of the
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acetabular implant, our results are not direct measurements of implant deformation or of gap size and
can only be used for comparison of our two study groups.

Our results showed that all our study specimens displayed some elastic deformation during
cyclic loading, but there was a distinct difference between the two groups. We found statistically
significantly more elastic deformation in Scenario 1 (revision cup only, lack of bony defect) than in
Scenario 2 (revision cup plus augment and screws implanted into a Paprosky 2b defect). Values for the
revision cup with screws and values for the augment with screws were not significantly different from
each other, indicating that cup plus augment and screws tend to function as a unit.

For all specimens, maximal elastic deformation (compression and distension) was reached
after approximately 50 cycles of loading with no significant additional deformation noted with
increased cycles.

We hypothesize that the addition of screws and screws plus augment effectively increases the
rigidity of the construct, which is consistent with findings of prior studies on deformation that occurred
secondary to implantation, which showed that rigid CoCr cups deformed less than titanium cups [8].
Additionally, the compression of the cup and augment in scenario 2 proved more substantial than
the distension.

Our results are clinically significant in several ways. The use of ancillary screws decreased the
degree of elastic deformation of the implant rim, allowing better bone/implant apposition, reduced
gap areas, and potentially improved osseointegration. The presence of an augment did not negatively
impact the degree of elastic deformation, and the cup/augment construct effectively functioned as a unit.
Our findings also indicate that cyclic loading that mimics normal gait is associated with increased elastic
deformation and validates prior findings [9,35]. We propose that the elastic deformation we identified,
and the deformation of implantation may both be potential influencing factors in the occurrence
of backside wear of modular liners. Furthermore, acetabular component deformation during load
may affect clearance at the articulating interface and may play a role in the rare, albeit relevant
liner dislocation. One case series reported on 23 liner dissociations after Pinnacle implantation [43],
which may be a result of overly elastic cups.

Cup diameter and wall thickness have repeatedly been shown to affect cup deformation. Large
(jumbo) porous cups are an alternative option to cup/augment combination in revision THA associated
with deficient bone stock and acetabular defects, and their large diameter and thin walls predispose
to increased deformation, although ancillary screw fixation may limit this deformation. Oversized
porous cups have been reported to have an increased risk of dislocation of multifactorial cause [6,8,44].
Deformation of the cups has not been considered a contributing factor but may be worthy of
further consideration.

6. Limitations

Our study has several limitations. The cohorts were small, and only two revision constructs were
assessed, the first without substantial osseous defect, and the second using a substantial (Paprosky 2b)
bony defect.

The optical markers covered only half the implant rim, since the remaining rim was concealed from
the optical cameras by the moving prosthesis neck—we assumed that the cup rim was symmetrical.
Our methodology utilized the optical marker data to derive a “best-fit circle” and the change of circle
diameter was considered to reflect elastic deformation. Therefore, our results are not a direct measure
of deformation or bone/implant gap regions, but serve only as an indirect indicator, and can only be
used as a means of comparison between our two study groups. This is the first study to utilize this
methodology and evaluate deformation during loading, and there are therefore no currently existing
comparable data for verification.

We utilized cadaver bone since the polyurethane models were validated only for deformation
occurring during implantation [8] and we considered cadaver bone to be more physiologic. However,
it lacks some of the viscoelastic properties of live bone, and may not reflect the clinical scenario [12,36].
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There is tentative evidence that hardness of bone, related to BMD, necessitates increased
compressive force for implantation that may affect results. Our cadaver sample was from older
patients with a mean BMD of 0.8g/cm2 (range 0.641 to 0.924 g/cm2) and values beyond this range may
have different results.

In our experimental set-up, only Paprosky 2b defects were examined, and defects of other grades
may have different results.

Multi-hole cups have been shown to present more deformation than single-hole cups during
implantation [16], which allows one to assume that a similar effect may be seen under dynamic loading
after implantation. For the purpose of comparability, a multi-hole cup was used in both scenarios,
although this type of cup would tend not to be used clinically in a scenario without a bony defect.

Variations in surgical technique cannot be excluded although the same highly experienced surgeon
(RGB) performed all implantations with supplied manufacturers tools.

In conclusion, our in-vitro study utilizing revision constructs in cadaver bone is the first to
compare the elastic deformation occurring at the rim of two different implant constructs during cyclic
loading that replicates the limited loading of normal gait as experienced in the early postoperative
period. Our results show that the use of adjunctive screws significantly decreases the degree of elastic
deformation under these conditions, and the inclusion of an augment does not adversely impact the
degree of elastic deformation.
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Abstract: Bone graft substitutes in orthopedic applications have to fulfill various demanding
requirements. Most calcium phosphate (CaP) bone graft substitutes are highly porous to achieve bone
regeneration, but typically lack mechanical stability. This study presents a novel approach, in which a
scaffold structure with appropriate properties for bone regeneration emerges from the space between
specifically shaped granules. The granule types were tetrapods (TEPO) and pyramids (PYRA), which
were compared to porous CaP granules (CALC) and morselized bone chips (BC). Bulk materials
of the granules were mechanically loaded with a peak pressure of 4 MP; i.e., comparable to the
load occurring behind an acetabular cup. Mechanical loading reduced the volume of CALC and
BC considerably (89% and 85%, respectively), indicating a collapse of the macroporous structure.
Volumes of TEPO and PYRA remained almost constant (94% and 98%, respectively). After loading,
the porosity was highest for BC (46%), lowest for CALC (25%) and comparable for TEPO and PYRA
(37%). The pore spaces of TEPO and PYRA were highly interconnected in a way that a virtual object
with a diameter of 150 μm could access 34% of the TEPO volume and 36% of the PYRA volume.
This study shows that a bulk of dense CaP granules in form of tetrapods and pyramids can create a
scaffold structure with load capacities suitable for the regeneration of an acetabular bone defect.

Keywords: calcium phosphate; granules; biomechanics; bone graft substitutes

1. Introduction

Materials for bone defect treatment in orthopedic applications have to fulfill various demanding
requirements. In most cases the materials are subjected to a considerable mechanical load. Therefore
materials with high mechanical load capacities are required, such as metallic biomaterials, including
titanium or tantalum in the form of porous implants [1–3] or high strength acrylic bone cement
polymethylmethacrylate (PMMA) [4,5]. Since these materials are not degradable in vivo, only a
replacement of the anatomical function is achieved rather than a regeneration of the bone or the
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joint. Furthermore, due to a stress-shielding effect related to the high stiffness of the aforementioned
materials, additional bone in the periphery of these materials may be lost [6,7]. When the implant
has to be revised, the size of the bone defect further increases and the fixation of the revision implant
subsequently becomes more difficult [8,9]. Decreasing the extent of the bone defect is crucial to
obtaining better implant survival rates in revision joint replacement [10,11].

Common techniques to achieve the regeneration of bone defects involve the transplantation of
autografts or allografts, as well as the implantation of synthetic bone graft substitutes predominantly
based on calcium phosphate (CaP) [12,13]. CaP bone graft substitutes include grafts obtained by the
(hydro)thermal processing of native bone [14] and fully synthetic CaP, such as hydroxyapatite (HA) or
tricalcium phosphates (TCP) [15]. The bone graft substitutes are usually applied in form of putties [16],
granules [17], blocks [18], or self-setting calcium phosphate cements [19]. The material design is
predominantly focused on fast tissue ingrowth and bone regeneration rather than on mechanical
aspects, since the application site is either mechanically unloaded or additional mechanical support
is provided; for example, by plate osteosynthesis techniques [20,21]. Hence, such materials are
usually highly porous with an intrinsic microporosity and macropores for a fast ingrowth of bone
forming osteoblasts and material resorbing osteoclasts. A minimum macropore size of approximately
100 μm is required [22–25], whereby a structure with macropores and interconnections larger than
300 μm is recommended for enhanced new bone formation and the invasion of capillaries [15,26].
The beneficial effect of such porous scaffold structures on tissue ingrowth and bone regeneration has
been demonstrated in numerous in vitro and in vivo studies [27–32]. However, these highly porous
bone graft substitutes are unsuitable for a mechanically-loaded orthopedic application, due to the
well-known detrimental effect of porosity on mechanical integrity [33].

Previous approaches to increase the mechanical capacity of CaP were mainly focused on the
development of composites with an additional ductile and/or degradable phase [34]. This was
demonstrated by the fabrication of TCP–iron composites by either mechanical alloying [35] or
plasma-spark sintering [36], as well as by a combination with polymers, such as polylactic-co-glycolic
acid or polycaprolactone [37]. Although these approaches were successful to a certain extent at
achieving improved mechanical properties, they were associated with other complications, such as
the formation of acidic (polymers) or particulate (iron oxide) degradation products with potential
inflammation reactions at the implantation sites.

Therefore, the objectives of this study were to develop a novel approach of a “pure” CaP bone
graft substitute with load capacities and to compare this approach with commonly used materials
for bone defect filling in orthopedic applications. Dense granules in specific shapes were used as
bulk material in a way that (a) granules have contact to one another in order to provide mechanical
load capacity of the bulk material, and (b) the space between the granules is retained in order to
provide an appropriate scaffold structure for bone regeneration. It was hypothesized that with this
novel approach, the contradiction between porosity and mechanical integrity of CaP scaffolds could
be solved such that sufficient mechanical load capacity and scaffold structure (porosity, pore sizes,
and interconnectivity) are achieved. Two different granule designs, i.e., tetrapods and pyramids,
were chosen and fabricated either by powder injection molding techniques (tetrapods) or by additive
manufacturing techniques (pyramids). Tetrapods were made of β-tricalcium phosphate (β-TCP) and
pyramids of a biphasic material consisted of HA and β-TCP. The intra-granular space, i.e., the space
within the granule material itself, was minimized by an applied sintering regime, leading to mostly
dense ceramics with only marginal microporosity. Different granule designs, fabrication techniques,
and CaP formulations were chosen to consider different variations of the approach.

Commercially available, porous CaP granules and morselized bone chips were used as reference
materials. These reference materials represented two commonly used orthopedic treatment options for
bone defect regeneration. The commercial CaP granules are used as filling material for revision hip
surgery; e.g., for the reconstruction of the acetabulum and to fill the shaft [38]. Morselized bone chips
are used within the impaction bone grafting technique in revision joint replacements [39–42].
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These four materials were analyzed by physico-chemical (scanning electron microscopy and
X-ray diffraction), mechanical (impactions and cyclic compressions), and micro-computer tomography
(micro-CT) techniques. The obtained data were evaluated with a special focus on the mechanical
stability (i.e., changes in bulk height) and the scaffold structure after mechanical loading (i.e., bulk
porosity, pore size and interconnectivity).

2. Materials and Methods

2.1. Material Synthesis and Granule Fabrication

Four different bulk materials were tested in this study (Table 1). Shapes of tetrapods (TEPO)
and pyramids (PYRA) were inspired by previous studies on specifically-shaped granular bone graft
substitutes [43,44]. Screening tests revealed that the TEPO and PYRA shapes provide an optimal
compromise between mechanical stability and bulk porosity. More hollow shapes (e.g., hollow
tetrahedrons) provided higher porosity but not enough mechanical stability, whereas more spherical
shapes (e.g., cylinders) provided higher mechanical stability but not enough bulk porosity.

Table 1. Overview of the materials tested.

TEPO PYRA CALC BC

Shape tetrapods pyramids granules bone chips

Manufacturing
powder injection

molding
extrusion-based,
cement reaction cement reaction bone nibbler

Size 4–5 mm 3–4 mm 3–4 mm 5–8 mm
Material ß-TCP 68% HA; 32% ß-TCP nano-HA; Monetite HA

Tetrapods with an edge length of 3.3 mm were fabricated by the Fraunhofer Institute for
Manufacturing Technology and Advanced Materials (IFAM, Bremen, Germany) using powder injection
molding (BoyXS, Dr. BOY GmbH and Co. KG, Neustadt-Fernthal, Germany). Powder injection
molding allowed the usage of multiple tetrapod cavities in one mold, increasing the economic efficiency
of the manufacturing process. A commercially available β-TCP powder (Plasma Biotal, Derbyshire,
UK) and a polyethylene-based binder were used as feedstock. TCP is an inherently soluble CaP with
a higher solubility than HA. The β-phase is thermodynamically stable up to 1125 ◦C, while above
this temperature the α-phase occurs [45]. Debinding of the green parts was performed by ethanol
washing and sintering in air. The sintered specimens had a relative density of approximately 95%
of the theoretical density of 3.07 g/cm3. The overall crystallinity was about 93%, leaving a small
amorphous share.

Pyramids with an edge length of 3.5 mm were fabricated by INNOTERE (INNOTERE biomaterial,
Radebeul, Germany) using extrusion-based 3D printing at room temperature, followed by carrying out
the cement reaction and washing. The pyramids were manufactured using a specific CaP paste and a
custom-made printing protocol [46]. The density resulted from the material density of the cement paste
and was about 2 g/cm3. The shape was determined by the printing process on a flat surface, where the
contour tapered from the flat bottom to top without undercuts. This allowed high throughput using a
multichannel printer and high density. The green parts were sintered afterwards such that a biphasic
material consisting of HA and β-TCP resulted.

Commercially available, porous CaP granules (CALC; Calcibon; Zimmer Biomet, Warsaw, IN,
USA) with a size between 3 and 4 mm consisted of nanocrystalline HA and CaHPO4 (monetite) were
used as the first reference material. Morselized, cancellous bone chips (BC) with an edge length
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between 5 and 8 mm were prepared from three fresh frozen human femoral heads and were used as
the second reference material. The usage of human bone was approved by the Ethics Committee of the
University of Heidelberg (S-170/2016). According to the recommended clinical preparation procedure,
the femoral heads were first sawed into slices and the cortical bone was removed before the spongy
bone was manually morselized using a bone nibbler [41,47].

2.2. Material Characterization Techniques

Scanning electron microscopy (SEM) of CaP granules prior to mechanical loading was performed
with an ESEM Quanta 400 instrument (ThermorFisher Scientific, Waltham, MA, USA) with
gold/palladium-sputtered samples. SEM of bone chips was performed with a Zeiss Evo 50 instrument
with gold sputtered samples. X-ray powder diffraction (XRD) was performed on a Bruker D8 Advance
diffractometer (Bruker, Billerica, MA, USA) with Cu Kα radiation (1.54184 Å) in Bragg–Brentano
geometry on thoroughly ground sample on a silicon sample holder. The software TOPAS 4.2 (Bruker,
Billerica, MA, USA) was used for quantitative XRD analysis by Rietveld refinement analysis.

2.3. Mechanical Analysis

The mechanical analysis was designed to approximate the mechanical load that would occur
when the material is applied to reconstruct an acetabular bone defect during hip joint replacement.
Two different mechanical loads were applied (impaction and compression procedure) and three different
timepoints (t_0, t_1, and t_2) were considered (Figure 1a). The impaction procedure was designed to
simulate the load occurring during the impaction bone grafting technique. The compression procedure
was designed to simulate the load behind an acetabular cup occurring during daily activities after
patient remobilization. Timepoint t_0 represents the situation where the material is filled in the defect
without any load, timepoint t_1 represents the situation after the impaction procedure, and timepoint
t_2 represents the situation after impaction and compression procedure.

The materials were filled in a cylindrical container with a diameter of 23 mm and filling heights
of 14 mm for granules and 30 mm for bone chips. These heights were chosen such that a height of
approximately 13 mm resulted after the impaction and compression procedures. For the impaction
procedure, the containers were placed on a rubber pad, a metallic punch was placed on the materials
(22 mm diameter, 75 mm height), and ten impactions with an orthopedic hammer (30 cm, 410 g) were
applied [48–50]. For the compression procedure, a spherical punch with a diameter of 22 mm was
used to apply a load with a peak force of 1.52 kN (corresponding to a peak pressure of 4 MPa) in as
sinusoidal waveform with a frequency of 3 Hz. The chosen peak pressure of 4 MPa corresponds to
the estimated contact pressure of acetabular cartilage and the loads around acetabular cups [51–55].
Screening tests revealed a settling behavior of the materials before 100,000 load cycles, such that a
number of cycles was limited to 100,000. The compression procedure was conducted using a resonance
pulsator (Newline 10 kN, PneuSys software, SincoTec, Clausthal-Zellerfeld, Germany).

Six filled containers of each bulk material were tested. The height of each bulk material was
measured at each timepoint. The heights were normalized to that at t_1 at 100% in order to compare
the decrease in height between the materials from timepoint t_1 to t_2, which might be an indicator for
primary stability of the implant.

310



Materials 2019, 12, 3471

Figure 1. Workflow of the mechanical and morphological analyses. (a) The material, loosely filled in a
container (timepoint t_0), was loaded according to the impaction bone grafting technique (impaction
procedure). After the impaction procedure (timepoint t_1), the material was compressed by applying
the estimated loads behind an acetabular cup (compression procedure) resulting in a realistic load
scenario (timepoint t_2). (b) A cube with a 10 mm edge length in the center of the container was
analyzed with a micro-CT scanner. In a first analysis, dense material (shown in black) was separated
from the pore space (shown in white/colored) to obtain the porosity, the average pore size, and the pore
size distribution. In a second analysis, dense material was also separated from pore space but the cube
was additionally “closed” on five sides. By simulating the penetration of a virtual object with various
diameters into the porous system from the remaining “open” side, the interconnectivity in terms of
accessible volume (shown in orange) with respect to the virtual object size could be obtained.

2.4. Morphological Analysis

Morphological analysis (Figure 1b) was performed using a micro-CT system (phoenix v|tome|x,
General Electric, Boston, MA, USA). In total, eight scans per material were performed. For each bulk
material, a scan of one representative container at t_0 and t_1 and scans of all six containers at t_2 were
conducted. The containers were fixed in the micro-CT scanner by a custom-made device so that the
containers rotated exactly around their vertical axes. Images were taken at 120 kV, 140 mA, and 0.25◦

rotation steps. The focus was adjusted to cover a 15 mm × 15 mm × 15 mm cube in the center of the
container. 1000 images with 1000 × 1000 pixels were captured, resulting in a final voxel size of 15 μm.

Image processing was performed with the software ImageJ (Version 1.51k, National Institutes of
Health, Bethesda, MD, USA). Segmentation of dense material (i.e., CaP and trabecular bone) from the
pore system (i.e., inter-granular pores, intra-granular pores and trabecular spacing) was performed with
manually-defined global density thresholds. Inaccuracies at the image boundaries were eliminated by
cutting the image stack into 667 images with 667 × 667 pixels in the center of the container, resulting
in a “region of interest” (ROI) of 10 mm × 10 mm × 10 mm. A median filter with the radius of three
pixels was applied to reduce image noise. Porosity, pore size, and pore size distribution were analyzed
with the BoneJ functions “Volume Fraction,” “Thickness,” and “Histogram” in ImageJ [56,57]. Porosity
represents the volume fraction of pore volume with respect to the total volume in percentage. Pore
size represents the diameter of the greatest sphere that fits within the pore space. Pore size distribution
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represents the frequency of voxels dedicated to specific pore sizes. This is displayed as a histogram
in which the dedicated voxels were summarized in 100 μm intervals and plotted relative to all pore
voxels in percentages. Interconnectivity in terms of accessible volume was defined as the volume
accessible for a virtual object which penetrates the scaffold from one side, a method called “directional
shrink-wrap” [58,59]. It was calculated using the function “ROI Shrink-Wrap” in the CTAn software
(Version 1.18, Bruker, Kontich, Belgium). For different object diameters, the interconnectivity was
defined as the ratio of accessible volume with respect to the total volume in percent. The virtual object
diameter was chosen as 10 voxels, 30 voxels, and 50 voxels, representing diameters of 150 μm, 450 μm,
and 750 μm. Five surfaces of the ROI were closed such that only one surface was accessible for the
virtual object. The accessible surface was chosen to be at the opposite side of the force application,
since this side would be directed towards the native bone, and hence represents the side for potential
bone ingrowth (Figure 1b).

2.5. Statistical Analysis

All data results are presented as means ± standard deviations. Heights are shown at all timepoints,
whereas porosity, pore size, pore size distribution, and interconnectivity are only shown at timepoint
t_2. Statistical differences between the materials were analyzed by a Mann–Whitney U test with a level
of significance of p < 0.05 using the function ranksum in Matlab (The Mathworks, Natick, MA, USA).

3. Results

3.1. Material Characterization Results

Figure 2 shows SEM images of the three granule types and the bone chips. TEPO showed a slide
edge, as expected for the powder injection fabrication (Figure 2a). In contrast, PYRA showed signs
of the extrusion-based molding process where the pasty starting material was applied. At higher
magnification, both objects showed primary crystals after sintering with a diameter of a few μm.
In contrast, CALC showed an irregular porous structure wherein the rectangular/cubic pores were
obviously created by a leaching process. At higher magnification, primary crystallites in the sub-μm
range indicated a recrystallization in the presence of water. BC showed the irregular shape and the
open-porous structure of trabecular bone.

Figure 2. Scanning electron micrographs of granules and bone chips used in this study. (a) Tetrapods,
(b) pyramids, (c) Calcibon granules, and (d) morselized bone chips.
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The compositions of the objects prepared were assessed by X-ray powder diffraction after
grinding (Figure 3). TEPO consisted of phase-pure β-TCP. In contrast, PYRA contained both β-TCP
and hydroxyapatite in a weight ratio of about 68:32. CALC consisted of approximately 92 wt%
hydroxyapatite and 8 wt% monetite. Bone chips consist mainly of collagen and nanoscopic calcium
phosphate particles [12]. In the powder diffractogram of bone chips, only calcium phosphate particles
are visible (data not shown) [60].

Figure 3. X-ray diffraction patterns and quantitative phase composition according to Rietveld refinement
analysis of the granules. All peaks for tetrapods correspond to ß-tricalcium phosphate, the other peaks
result from hydroxyapatite (h) and monetite (m).

3.2. Mechanical Results

Heights of the four bulk materials within the containers were used to characterize mechanical
stability after mechanical loading (Figure 4). The height of each sample was normalized to the height
of t_1 with 100%. The averaged normalized height of TEPO at t_0 was 113% ± 8% and decreased to
94% ± 1% at t_2; that of PYRA was 104% ± 1% and decreased to 98 ± 1%; that of CALC at t_0 was
147% ± 4% and decreased to 89% ± 1%; and that of BC was 138% ± 8% and decreased to 85% ± 3%.
Statistically significant differences at timepoint t_2 were observed between tetrapods and bone chips
(p < 0.05), between pyramids and Calcibon (p < 0.01), and between pyramids and bone chips (p < 0.01).

313



Materials 2019, 12, 3471

Figure 4. Heights of the four bulk materials before and after mechanical loading. The height of each
sample was normalized to that of timepoint t_1 at 100%. Shown are mean and standard deviation
values at t_0 and t_2. Statistically significant differences between the materials are shown for timepoint
t_2 with ∗ = p < 0.05 and ∗∗ = p < 0.01.

3.3. Morphological Results

Color-coded micro-CT images show the pore system of one typical example of each bulk material
at each timepoint (Figure 5). Dense material is shown in black (i.e., CaP or trabecular bone) and
pores are color-coded according to their size and the given color bar. TEPO and PYRA only showed
inter-granular pores (i.e., pores between the granules) and no intra-granular pores (i.e., pores within the
granules themselves). TEPO and PYRA remained mainly stable during the impaction and compression
procedures such that only few fragments were clogging the pore space. Therefore, inter-granular pore
space only slightly decreased due to mechanical loading. In contrast, CALC showed inter-granular
pores and intra-granular pores at t_0. After the impaction procedure (t_1), inter-granular pores
diminished due to granule crushing and only intra-granular pores remained. After the compression
procedure (t_2), a complete granule disruption led to an almost dense material without any pores.
BC showed inter-granular pores and intra-granular pores at t_0 and intra-granular pores at t_1. Since
the trabecular bone structure mainly withstood the mechanical loading, BC was the only material
which showed intra-granular pores after the mechanical loadings.
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Figure 5. Graphical representation of the pore space of one typical specimen of each bulk material at
each timepoint. The size of the pore space is color-coded according to the color bar. Dense material is
shown in black. With increasing pore size, the brightness increases, until pore size above 1500 μm is
shown in white.

These qualitative findings were confirmed by quantitative analyses at timepoint t_2 (Figure 6).
The mean porosity at t_2 was highest for BC (46% ± 10%), lowest for CALC (25% ± 2%), and similar for
TEPO and PYRA (37% ± 1% and 37% ± 2%, respectively) (Figure 6a). The mean pore size was highest
for TEPO (581 ± 15 μm) and PYRA (640 ± 30 μm), whereas the mean pore size was lower for BC (360 ±
140 μm) and CALC (141 ± 4 μm) (Figure 6b). The pore size distributions are shown as histograms
summarized in 100 μm intervals (Figure 6c). The pore space of CALC could be attributed to pore sizes
below 500 μm and the pore space of BC to pore sizes below 800 μm. For both materials, most pores
were around 200 μm. In contrast, the pores of TEPO and PYRA were more uniformly distributed and
could be attributed to pore sizes between 400 μm and 1000 μm.
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Figure 6. Porosity, pore size, and pore size distribution of tetrapods (TEPO), pyramids (PYRA), Calcibon
granules (CALC), and bone chips (BC) at timepoint t_2. (a) Porosities and (b) pore sizes as mean and
standard deviation values; statistically significant differences are indicated as ∗ = p < 0.05 and ∗∗ = p <

0.01. (c) Pore size distribution histogram summarized in 100 μm steps as mean values (solid lines) and
standard deviations (shaded areas).

The interconnectivity in terms of accessible volume was assessed using the “directional
shrink-wrap” transport pathway analysis (see Methods and Figure 7). The accessible volumes
for the virtual object diameters of 150 μm, 450 μm, and 750 μm revealed large differences between
the four materials (accessible volume is shown as brown structure within the ROI). A virtual object
with a diameter of 150 μm could access 34% of the overall volume of TEPO, 36% of PYRA, 0.1%
of CALC, and 35% of BC. The values of TEPO and PYRA are close to their porosity value of 37%,
indicating an open-porous system with interconnections larger than 150 μm in both materials. When
the virtual object diameter was increased to a diameter of 450 μm, a considerable amount of the TEPO
and PYRA volumes were still accessible (18% and 23%, respectively), whereas the accessible volume of
BC decreased to 4% and that of CALC completely diminished. With a further increase of virtual object
diameter to 750 μm, the accessible volumes of TEPO, PYRA, and BC were reduced to 2%, 4%, and
1%, respectively.
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Figure 7. Interconnectivity in terms of accessible volume of the four materials at timepoint t_2 for
the virtual object diameters of 150 μm, 450 μm, and 750 μm. (a) The accessible volumes of the four
materials and the virtual object diameters are graphically shown as brown structures within the regions
of interest (ROIs). (b) The accessible volumes of the four materials and the virtual object diameters
as the ratio between accessible volume, with respect to overall volume in percentage; statistically
significant differences are indicated as ∗ = p < 0.05 and ∗∗ = p < 0.01.
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4. Discussion and Conclusions

The objectives of this study were to develop a novel approach for CaP bone graft substitutes with
sufficient load capacity for orthopedic applications and to compare this approach with commonly used
bone grafts and a bone graft substitute. The comparison was based on physicochemical (scanning
electron microscopy and X-ray diffraction), mechanical (impaction and cyclic compression), and
morphological (micro-computer tomography) methods. The physicochemical characteristics were
analyzed as surface topology and phase composition; mechanical characteristics as decreases in height
at three timepoints; and morphological characteristics as porosity, pore size, pore size distribution, and
interconnectivity. Pore size and interconnectivity are independent measures of scaffold structure [58],
whereby pore size defines the diameter of the greatest sphere that fits within the pore space, and
interconnectivity defines the volume accessible for a virtual object with a certain diameter.

Most of the commonly used porous CaP bone graft substitutes are inherently brittle, which leads
to insufficient mechanical load capacities for orthopedic applications. Much effort has been made to
improve mechanical load capacities using different reinforcement strategies [15,61,62]. The strength
deficit of synthetic CaP scaffolds compared to human bone is mainly attributed the composite nature
of bone and the hierarchical bone architecture from nano-scale to macro-scale, which is very difficult
to replicate in a synthetic material [63–65]. Another important drawback of CaP scaffolds is that the
progress of an initiated crack will not be hindered by the deformation of the material ahead of the
crack (as would be the case in a ductile material), causing a complete disruption of the scaffold [15].

In the approach presented here, a bulk of tetrapods or pyramids created a network of interconnected
macropores by their inter-granular space, whereby the absent microporosity (intra-granular space)
enhanced the overall mechanical load capacity. The approach bypasses the above-described problem
of the inherent brittleness of bioceramic scaffolds in the way that a crack of one granule would not
lead to a catastrophic failure of the whole structure. It was shown that this scaffold structure is able
to withstand mechanical load in an impaction and compression model, suggesting its viability in
application, as an acetabular bone-defect-filling material. The load capacity could be seen by the
almost constant height of tetrapods and pyramids from timepoint t_1 (100%) to timepoint t_2 (94%
and 98% respectively; Figure 4). At the same time, the network of interconnected macropores with
pore sizes and interconnections larger than 450 μm remained intact, demonstrating the potential for
vascularization and bone remodeling, as proposed by several authors [15,26,31]. This was not the case
for commercially available, porous CaP granules, which collapsed under mechanical load, leading
to diminished porosity, pore size, and interconnectivity. Although bone chips showed a higher total
porosity compared to tetrapods or pyramids after dynamic loading (46% versus 37%), they had smaller
mean pore sizes and interconnectivity values for virtual object diameters above 450 μm. Even more
important was the decrease in height from t_1 (100%) to t_2 (85%) of BC, which might be a contributing
factor to the reduced survival rate of bone chips when applied in large or loaded acetabular bone
defects [47,66]. Changes in the bulk heights of tetrapods and pyramids after mechanical loading could
be mainly attributed to changes in granule morphology (i.e., a few distal parts of the granules were
broken, so the granules moved closer together) and not on the granule material itself. In contrast,
changes in bulk heights of porous CaP and bone chips could be attributed to changes in morphology
and material (i.e., also the intra-granular pore space decrease under mechanical loading).

Previous studies which already addressed the use of specifically-shaped CaP granules for bone
defect filling were mainly focused on scaffold structures rather than on mechanical aspects. These
granules were either not intended for load-bearing applications [44] or failed at a compressive load of
approximately 3–4 N for a single granule [43]. Studies considering mechanical aspects also compared
stacks of macroporous β-TCP granules with different porosities [22,67]. It was shown that a stack of
the high porosity granules resembles trabecular bone in its porous microarchitecture [67] and that
granules with 4 mm edge length could be used for impaction grafting technique [22]. However, in both
studies a single load of 3–5 MPa led to a large compression displacement. A CaP bone graft substitute
of dense granules which combines a mechanical load capacity up to 4 MPa with appropriate scaffold
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structure for bone ingrowth (porosity of 37%; accessible volumes for 150 μm for objects of 34% and
36%, and for a 450 μm objects, 18% and 23%) is novel to the best of our knowledge.

This study was focused on mechanical and morphological aspects and did not include biological
considerations. Even though the sintered materials consist of established β-TCP and HA, whose
biocompatibility was proven in numerous in vitro, in vivo and clinical studies [65,68], the next step
should include a basic cell-culture investigation (e.g., using MTT-assay). Furthermore, the approach
should be tested in a more advanced in vitro test setup with a realistic bone model and in combination
with the intended prosthesis and direction of load. A clinical application of the approach definitely
requires in vivo studies in large animal models with sufficient bone defect size and mechanical loading.
Such studies should not only consider the primary stability in vivo, but must also address the change
of mechanical stability due to bone tissue ingrowth and subsequent granule degradation.
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Abstract: Vertebral body replacement is well-established to stabilize vertebral injuries due to trauma
or cancer. Spinal implants are mainly manufactured by metallic alloys; which leads to artifacts in
radiological diagnostics; as well as in radiotherapy. The purpose of this study was to evaluate the
biomechanical data of a novel carbon fiber reinforced polyetheretherketone (CF/PEEK) vertebral body
replacement (VBR). Six thoracolumbar specimens were tested in a six degrees of freedom spine tester.
In all tested specimens CF/PEEK pedicle screws were used. Two different rods (CF/PEEK versus
titanium) with/without cross connectors and two different VBRs (CF/PEEK prototype versus titanium)
were tested. In lateral bending and flexion/extension; range of motion (ROM) was significantly
reduced in all instrumented states. In axial rotation; the CF/PEEK combination (rods and VBR)
resulted in the highest ROM; whereas titanium rods with titanium VBR resulted in the lowest ROM.
Two cross connectors reduced ROM in axial rotation for all instrumentations independently of VBR
or rod material. All instrumented states in all planes of motion showed a significantly reduced ROM.
No significant differences were detected between the VBR materials in all planes of motion. Less
rigid CF/PEEK rods in combination with the CF/PEEK VBR without cross connectors showed the
smallest reduction in ROM. Independently of VBR and rod material; two cross connectors significantly
reduced ROM in axial rotation. Compared to titanium rods; the use of CF/PEEK rods results in higher
ROM. The stiffness of rod material has more influence on the ROM than the stiffness of VBR material.

Keywords: Vertebral body replacement (VBR); non metallic; radiolucent; CF/PEEK; biomechanics;
tumor; vertebral fracture; spine

1. Introduction

Vertebral body replacement (VBR) combined with dorsal instrumentation is the preferred treatment
option to achieve decompression and restore stability of the spinal column either in patients with a
traumatic fracture (>AO Spine A3) [1–6] or major pathological instability due to infection [7–10], spinal
metastases [11–13] or primary malignancy [7,8,11–13]. Metastatic spinal lesions occur in 5%–10% of all
cancer patients while primary spinal tumors are a rare entity [12]. Most spinal metastases are located
anteriorly in the vertebral body and in the peridural space, while a dorsal location is rare [4,6,10–12,14].
The incidence of clinically apparent metastatic disease in the spine has increased since advances in
tumor treatment generally have improved the life expectancy of cancer patients [10,15]. Local tumor
progression can lead to vertebral body collapse with decompensation of the sagittal profile, causing pain
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and neurological deficits [10,15,16]. Surgical treatment options are mainly palliative and adapted to the
patients’ general condition, aiming for minimal peri- and postoperative morbidity [10,15]. However,
more radical treatment options with removal of spinal lesions showed better results in patients
with good prognosis [17–20]. A loss of correction [4,7,8] or implant failures due to loosening at the
implant–bone interface with recurrent instability [1,9,10,13,16] are well described after isolated posterior
instrumentation. 360◦ instrumentations provide the highest stiffness in biomechanical studies, where
a rotationally unstable corpectomy defect model is used [4,6,7,10]. Postoperative local radiotherapy
and chemotherapies may complicate the postoperative course by prolonged instability with wound
infections (threefold higher risk), hardware failure, or progressive implant loosening [21,22]. In tumor
patients, general condition and life expectancy have to be taken into account. Patients with prolonged
life expectancy (>12 months) are recommended to be treated with a 360◦ instrumentation [15,17–20].
To provide sufficient rotational stability and load-bearing capacity, the vast majority of common VBRs
are manufactured from different metallic alloys, preferably titanium. But imaging artifacts due to the
presence of metal components in CT or MRI imaging adversely complicates postoperative radiological
diagnostics in local tumor recurrence or local radiation therapy. High strength, non-metallic dorsal and
ventral implants made from carbon fiber reinforced polyetheretherketone (CF/PEEK) have recently
become available to avoid these artifacts [10]. Precise knowledge of biomechanical characteristics (VBR
combined with dorsal instrumentation) is essential for safe clinical application and long-term spinal
stability [10,11].

Various biomechanical [1,4–6,11,12] and clinical studies [2,3,23,24] have addressed spinal stability
after implantation of a metallic VBR, while biomechanical studies evaluating non-metallic VBR are
rare. The objective of the present study was to quantitatively analyze the biomechanical data of a
new, non-metallic CF/PEEK VBR in combination with a dorsal CF/PEEK screw and rod system, with
and without cross connectors. The implant combinations with the novel material were compared to a
common titanium VBR in combination with titanium rods. Construct stiffness and flexibility (range of
motion (ROM)) were tested in a six degrees of freedom spine simulator. To our best knowledge, this is
the first study to evaluate the biomechanical characteristics of an in-situ, expandable, non-metallic,
radiolucent VBR in combination with non-metallic, radiolucent posterior pedicle screw instrumentation.

2. Materials and Methods

Six (n = 6) fresh frozen human thoracolumbar spine units (Th11–L3) were tested with a mean age
at death of 59.2 years (ranging from 56 to 65 years). The bodies were donated by people who had given
their written informed consent prior to death to use their bodies for scientific and educational purposes.
For standardization and homogeneous study conditions, all tested vertebral bodies were analyzed via
pre-interventional CT scan (General Electrics, Lightspeed VCT 16, qCT including EFP calibration, GE
Medical Systems, USA). Trabecular bone mineral density (BMD) was measured between 66.8 mg/ccm
and 100.4 mg/ccm (mean BMD: 82.0 mg/ccm, SD: ± 27.6). Spinal specimens with deformities, previous
spinal surgery, structural disorders or post traumatic disorders were excluded. The vacuum sealed,
frozen specimens (minus 20 ◦C) were thawed overnight at 6 ◦C before all soft tissues were removed,
preserving supporting spinal ligaments and joint capsules.

For posterior instrumentation, pedicle entry points were identified according to the anatomical
landmarks and controlled using bi-planar fluoroscopy. Nonmetallic, radiolucent 6.5 × 45 mm CF/PEEK
pedicle screws (VADER®, icotec, Altstätten, Switzerland) were inserted in all specimens at the Th11/12
level, as well as at the L2/3 level for all investigated cases (Figure 1). Pedicle screws were combined
with two different rod types in the various cases tested: A nonmetallic and radiolucent 6 mm CF/PEEK
rod (icotec: VADER®, Altstatten, Switzerland) and a 6.0 mm standard titanium rod system (icotec
ag, Altstätten, Switzerland). Titanium cross connectors (icotec ag, Altstätten, Switzerland) completed
the setup.
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Figure 1. Non-metallic X-ray-translucent carbon fiber reinforced polyetheretherketone (CF/PEEK)
pedicle screws (icotec: VADER®, Altstätten, Switzerland).

The cranial (TH11) and the caudal vertebra (L3) were embedded in polymethylmethacrylate
(PMMA: Heraeus Kulzer GmbH, Technovit 3040, Wehrheim, Germany) with sufficient clearance for
pedicle instrumentation and with the midline of all five vertebrae aligned horizontally. Flanges in
the upper and lower PMMA blocks provided a rigid fixation to the spine simulator. To measure
intersegmental motion of the treated (Th12–L2) and adjacent segments (Th11/12 and L2/3), an
ultrasound-based 3D motion analysis system (Winbiomechanics, Zebris, Isny, Germany, resolution 0.1◦)
was fixed to the ventral side of the vertebrae (Figure 2). According to international standards, all tests
were carried out at room temperature and specimens were kept moist with isotonic saline solution for
the study period [25–28]. With respect to the recommendations for testing of spinal implants [25–28],
biomechanical testing was performed in a six degrees of freedom spine simulator as described by
Knop et al. [6] and Schmoelz et al. [29], equipped with a six-component load cell (Schunk FT Delta SI
660-60, Lauffen/Neckar, Germany) with feedback control and a connection to a stepper motor for load
application (Figure 2). For all tests, pure moments of ±7.5 Nm were applied in the three main motion
planes: Flexion/extension, lateral bending (left/right) and axial rotation (left/right).

Figure 2. Spine tester (Schunk FT Delta SI 660-60, Lauffen/Neckar, Germany) with six degrees of
freedom; three in translation (green) and three in rotation (orange). Specimen embedded in PMMA.

At first, the intact specimens (Th11-L3) were loaded with pure moments of 7.5 Nm to record a
baseline. Afterwards a corpectomy of the target vertebra L1 with removal of the cranial and caudal
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discs was conducted with standard surgical tools, according to clinical routine. For the reconstruction
of the anterior spinal column, either an expandable, nonmetallic radiolucent CF/PEEK VBR (prototype,
icotec Altstätten, Switzerland) (Figure 3) or an expandable titanium VBR (X-Core, Nuvasive, Bremen,
Germany) was implanted. Both VBRs consist of an in situ expandable centerpiece, to which modular
endplates can be attached. While the CF/PEEK VBR prototype is nonmetallic and radiolucent with
macrostructured endplates to prevent dislocation, the X-Core VBR is manufactured from titanium
alloy and its endplates are equipped with spikes to prevent dislocation. For both implants, height can
be adjusted continuously within a clinically relevant range by a gear wheel drive unit. The desired
height can be locked in position using a locking screw. The VBR endplate´s size was determined via
templates and the VBR was placed in typical technique.

Figure 3. Prototype of the non-metallic, X-ray-translucent CF/PEEK expandable VBR. icotec, Altstätten, Switzerland.

All surgical procedures were performed by the first author (experienced senior spine surgeon). Two
plane (anterior, posterior and lateral view) native radiographs were taken to control and document correct
positioning of pedicle screws and VBRs (Figure 4a,b). Final fixation of posterior rods to the pedicle screws
was carried out in a standardized fashion with an axial preload of the spine simulator of 100 N.

Figure 4. Lateral view native radiographs documenting correct positioning of the (a) prototype
non-metallic, X-ray-translucent CF/PEEK expandable vertebral body replacement (VBR) and the
expandable titanium VBR (b).

3. Study Protocol

For each specimen, the following states were tested with alternatives for the VBR (CF/PEEK or
titanium), the posterior rod material (CF/PEEK or titanium), and the application of cross connectors.
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(1) Flexibility test, Native (native): Corpectomy and instrumentation with VBR and pedicle fixation with

CF/PEEK rod.

(2) Flexibility test—CF/PEEK VBR instrumented with CF/PEEK rod (CF_CF): Change of posterior rod

fixation to titanium rod.

(3) Flexibility test—CF/PEEK VBR Instrumented with titanium rod, (CF_Ti): Change of VBR to titanium.

(4) Flexibility test—titanium VBR instrumented with titanium rod (Ti_Ti): Addition of two cross

connectors to the posterior rods dissecting the ligamentum supraspinale/interspinale.

(5) Flexibility test—titanium VBR instrumented with titanium rod and 2 cross connectors (Ti_Ti_cc):
Change to CF/PEEK VBR.

(6) Flexibility test—CF/PEEK VBR instrumented with titanium rod and 2 cross connectors (CF_Ti_cc):
Change rods to CF/PEEK.

(7) Flexibility test—CF/PEEK VBR Instrumented with CF/PEEK rod and 2 cross connectors (CF_CF_cc).

Statistical analysis of the ROM was performed using the SPSS software (Microsoft Windows
release 24, SPSS Inc., Chicago, IL, USA). Data and results of the ROM were evaluated for the three
motion directions, normalized and compared to the motion of the native segment. A general linear
model (GLM) with repeated measures was used for statistical comparison. p-values were calculated
with adjustment for multiple corrections.

4. Results

Results of the ROM are displayed in absolute metrics (Table 1) and as boxplot normalized to
non-instrumented native condition (Figure 5) in the three planes of motion for the index segments (Th12–L2).

Table 1. Results of the range of motion (ROM) test.

Lateral Bending Th12-L2 Flexion/Extension Th12-L2 Axial Rotation Th12-L2
Mean SD Mean SD Mean SD

Native 11.17 3.26 10.32 2,40 4.83 0.95
CF_CF 0.27 0.18 0.33 0.18 3.95 0.90

CF_CF_cc 0.30 0.21 0.30 0.20 2.74 0.46
CF_Ti 0.27 0.20 0.30 0.12 2.88 0.40

CF_Ti_cc 0.24 0.18 0.29 0.17 1.95 0.33
Ti_Ti 0.25 0.21 0.31 0.17 2.55 0.53

Ti_Ti_cc 0.24 0.21 0.35 0.22 1.84 0.33

Figure 5. Boxplot showing the median and quartiles of the index segment for all tested states in the
three motion directions normalized in percentage of the native state.
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4.1. Index Segments (Th12-L2)

All instrumented states in all planes of motion showed a significantly (p < 0.05) reduced ROM
compared to the native state.

In lateral bending, the mean ROM in the native state was 11.2◦ (SD 3.26). The various
instrumentations reduced ROM to 0.24◦–0.30◦ (SD 0.18–0.21). No significant differences (<0.1◦,
p = 1.0) in ROM were measured for the different VBR material (CF/PEEK versus titanium), posterior
rod material (CF/PEEK versus titanium) or additional cross connectors.

In flexion/extension, the mean ROM in the native state was 10.3◦ (SD 2.4). Varying instrumentations
reduced ROM to 0.29◦–0.35◦ (SD 0.12–0.31). No significant differences (<0.1◦, p = 1.0) in ROM were
measured for the different VBR material (CF/PEEK versus titanium), posterior rod material (CF/PEEK
versus titanium), or additional cross connectors.

In axial rotation the mean ROM in native state was 4.83◦ (SD 0.95). The various instrumentations
reduced ROM to 1.84◦–3.95◦ (SD 0.33–0.9). Less rigid CF/PEEK rods combined with CF/PEEK VBR
without the use of cross connectors showed the smallest ROM reduction to 3.95◦ (SD 0.9) in axial
rotation. Titanium rods with titanium VBR and the use of two cross connectors reduced ROM to 1.84◦

(SD 0.33). Independent of type of VBR or rod material (CF/PEEK or titanium), two additional cross
connectors reduced significantly, (p < 0.05) the ROM in axial rotation. Posterior rod material (CF/PEEK
or titanium) had greater effects to the ROM than VBR material (CF/PEEK or titanium) in axial rotation.

4.2. Caudal Adjacent Segment (L2/3)

Equally to the index level, all instrumented states showed in all planes of motion a significantly
(p < 0.05) reduced ROM compared to native state.

In lateral bending the mean ROM in native state was 7.9◦ (SD 2.64). The various instrumentations
reduced ROM to 1.38◦–1.76◦ (SD 0.66–1.02). No significant differences (<0.4◦, p > 0.78) in ROM were
measured for the different VBR materials (CF/PEEK versus titanium), posterior rod materials (CF/PEEK
versus titanium) or additional cross connectors. Similar to the index segment, mean ROM of the L2/3
segment in lateral bending was slightly higher (0.2◦) with the use of two cross connectors.

In flexion/extension the mean ROM in native state was 7.5◦ (SD 2.76). The various instrumentations
reduced ROM to 1.13◦–1.50◦ (SD 0.58–0.95). No significant differences in ROM were measured for the
different VBR material (CF/PEEK versus titanium), posterior rod material (CF/PEEK versus titanium)
or additional cross connectors. Similar to lateral bending mean ROM was slightly (0.2◦) higher with
the use of two cross connectors.

In axial rotation the mean ROM in native state was 3.88◦ (SD 2.33). The various instrumentations
reduced ROM to 1.27◦–1.96◦ (SD 0.48–0.85). Less rigid CF/PEEK rods combined with CF/PEEK VBR
without the use of cross connectors again showed smallest ROM reduction to 1.96◦ (SD 0.85) in axial
rotation. Titanium rods with titanium VBR and the use of two cross connectors reduced ROM to
1.27◦ (SD 0.48). Independently to VBR or rod material (CF/PEEK or titanium) two cross connectors
significantly reduced ROM in axial rotation (p < 0.05). Posterior rod material (CF/PEEK or titanium)
had greater effects to the ROM than VBR material (CF/PEEK or titanium) in axial rotation.

4.3. Cranial Adjacent Segment (Th11/12)

Equally to the index and caudal adjacent level, all instrumented states showed, in all planes of
motion, a significantly (p < 0.05) reduced ROM compared to native state.

In lateral bending the mean ROM in native state was 4.49◦ (SD 3.40). The various instrumentations
reduced ROM to 2.61◦–2.96◦ (SD 1.41–1.63). No significant differences in ROM were measured for the
different VBR material (CF/PEEK versus titanium), posterior rod material (CF/PEEK versus titanium)
or additional cross connectors. Similar to the index and caudal adjacent level mean ROM of Th11/12
segment was slightly (0.3◦) higher with the use of two cross connectors in lateral bending.

328



Materials 2019, 12, 2732

In flexion/extension the mean ROM in native state was 6.59◦ (SD 2.80). The various
instrumentations reduced ROM to 1.87◦–2.28◦ (SD 1.34–1.90). No significant differences in ROM were
measured for the different VBR material (CF/PEEK versus titanium), posterior rod material (CF/PEEK
versus titanium) or additional cross connectors. Similar to lateral bending the mean ROM was slightly
(0.3◦) higher with the use of two cross connectors in lateral bending.

In axial rotation the mean ROM in native state was 4.27◦ (SD 1.93). The various instrumentations
reduced ROM to 2.70◦–3.25◦ (SD 1.27–1.47). Less rigid CF/PEEK rods combined with CF/PEEK VBR
without the use of cross connectors again showed smallest ROM reduction to 3.25◦ (SD 1.45) in axial
rotation. Titanium rods with titanium VBR and the use of two cross connectors reduced ROM to 2.70◦

(SD 1.42). Independently to VBR or rod material (CF/PEEK or titanium) two cross connectors reduced
(p < 0.05) ROM in axial rotation slightly. Posterior rod material (CF/PEEK or titanium) had greater
effects on the ROM than VBR material (CF/PEEK or titanium) in axial rotation.

5. Discussion

This is the first report of a biomechanical testing series utilizing a novel, nonmetallic, radiolucent
and expandable CF/PEEK VBR for 360◦ instrumentation in combination with an established screw and
rod system (rod material CF/PEEK and titanium). For this purpose a human cadaveric corpectomy
defect model was tested in a spine tester with three-dimensional motion measurement of each segment.
The implants presented in this study were designed to reconstruct spinal stability after corpectomy
in traumatic or malignant vertebral fractures. Reconstruction was varied by anterior VBR material
(CF/PEEK versus titanium) and dorsal instrumentation’s material (CF/PEEK versus titanium) with or
without additional cross connectors.

Our results indicate the less rigid CF/PEEK rods combined with CF/PEEK VBR without the use of
cross connectors reduces the ROM in axial rotation by only 18% (γ = 3.95◦, SD 0.9) compared to an
intact specimen (γ = 4.83◦, SD 0.95). In all other modes (flexion/extension and lateral bending) the
CF/PEEK rods combined with CF/PEEK VBR provided comparable reduction in ROM when compared
to titanium rods in combination with a titanium VBR.

Titanium rods in combination with a titanium VBR and the use of two cross connectors demonstrated
significantly more stiffness in axial rotation with a decrease of ROM of 62% (γ = 1.84◦, SD 0.33).
Independently to VBR or rod material (CF/PEEK or titanium) two cross connectors significantly reduced
(p < 0.05) the ROM in axial rotation. Posterior rod material (CF/PEEK or titanium) had greater effects
on the ROM than VBR material (CF/PEEK or titanium) in axial rotation (Table 1, Figure 5). In lateral
bending and flexion/extension varying instrumentations significantly (p < 0.05) reduced mean ROM by
97% and 96% compared to the intact specimen, respectively. There were no significant differences between
different VBR and posterior rod system (CF/PEEK versus titanium).

Different studies [11,12,29–31] evaluated the biomechanical behavior of VBRs in combination
with screw and rod systems. The length of the posterior instrumentation was shown to be the major
determinant for the constructs’ stability/stiffness [30,31]. Longer posterior instrumentation (two adjacent
levels, cranial and caudal to the VBR) provided significant higher stiffness compared to bi-segmental
instrumentation even with an additional antero-lateral plate. Therefore, only posterior instrumentations
with two adjacent levels above and below the VBR were tested in this study. Further studies [4–8,13]
compared the stability of different in situ expandable VBRs and non-expandable VBRs in combination
with/without posterior screw and rod systems and/or anterior instrumentation with a locked angular
stable plate. Isolated anterior instrumentation (VBR and an antero-lateral plate) revealed a significantly
lower stiffness compared to intact specimens. A significant increase of stiffness in all motion planes
was detected after additional posterior screw and rod instrumentation [4–8,13]. Isolated anterior
instrumentation (VBR combined with an additional anterior polyaxial or angular stable plating) cannot
be recommended for stabilization of vertebral corpectomy defects [4–8,13]. In clinical routine, isolated
anterior spinal instrumentation in metastatic disease to the spine is inappropriate. Consistent with other
authors [4,6–8,12,23] we recommend either posterior instrumentation with/without decompression
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(patients with limited life expectancy or bad general condition) or a 360◦ instrumentation in patients
with adequate general condition and life expectancy.

Carbon fiber reinforced polymer intervertebral implants were already described by Brantigan
and Steffee in 1991 with excellent biomechanical results and fusion rates [32,33]. Schulte et al. [10]
described a vertebral body replacement with a bioglass-polyurethane spacer fixed with a ventral
plate of carbon-fiber reinforced polyethererherketone (CF-PEEK). Biomechanical testing detected a
significant reduction of ROM in all three motion planes. In the course of the study, one patient died 18
months post operation. After biopsy and biomechanical testing of the explanted spinal segments the
ROM in all motion planes demonstrated values comparable to the previous biomechanical testing with
cadavers. Early signs of osteointegration at the bone-endplate interface in combination with mechanical
interlocking by bony heterotypic ossifications resulted in an even improved stability. In comparison to
titanium implants this osseous integration might provide additional stability in CF/PEEK implants.

Various non-expandable and expandable VBRs were tested [8,34,35] on primary stiffness. In 360◦

instrumentations the material of VBR was shown to have a minor effect in the treated segment.
Anterior PMMA constructs [35], as well as titanium mesh cages [34], in combination with multilevel
posterior instrumentation provided higher stiffness than intact specimens. Consistent to these results
in the present study, no significant differences between the VBR materials (CF/PEEK versus titanium)
were detected.

360◦ instrumentations are proven to be biomechanically superior to isolated posterior
instrumentations regarding stability and stiffness in treated spinal segments [8,31,34,36]. But it
has to be kept in mind that an additional ventral stabilization increases surgical risk factors like an
enlarged surgical approach, higher blood loss, increased risk of infection, and prolonged operation
time [11]. Therefore, these procedures should be performed after carefully individualized decision
making depending on the patient’s general condition, and only in experienced spine centers [11,16].

Common limitations of biomechanical in vitro testing also apply to the present study. Due to the
lack of influence on biomechanical characteristics of vital spinal muscles, in vitro models are reduced
to bony and ligamentary structures [11,34,35]. Tissue healing and consolidation of the bone as in vivo
factors cannot be displayed and analyzed. Comparing the results with other studies is difficult, as
variable testing conditions, sequences, and specimen characteristics (level, BMD, age, and species) can
be found in the literature [11]. Another limitation is the relatively small sample size which was used to
investigate the various reconstruction options. However, common inter-individual variables found in
clinical routine can be excluded in the controlled laboratory environment. If the biomechanical effect
of an intervention is not provable in controlled laboratory standards with a limited size of samples it is
assumed rather unlikely to have clinical impact [37]. Conclusions concerning intermediate and long
term stability of spinal reconstructions cannot be drawn from the present study as no cyclic loading
was performed. Primary stability of the implants was determined with assessment of ROM using
pure moments in a six degrees of freedom spine tester. The use of pure moments has well described
limitations depending on the set-up features. Nevertheless, implant testing with pure moments is a
worldwide [25–27,38] accepted method to compare various types of spinal instrumentations.

6. Conclusions

Compared to the native state, all instrumented states showed a significantly (p < 0.05) reduced
ROM in all planes of motion. No significant differences were detected between the VBR materials
(CF/PEEK versus titanium) in all planes of motion. Less rigid CF/PEEK rods in combination with the
CF/PEEK VBR without cross connectors showed the smallest reduction in ROM. Independently of VBR
and rod material (CF/PEEK versus titanium), two cross connectors significantly reduced ROM in axial
rotation and are therefore highly recommended. Compared to titanium rods, the use of CF/PEEK rods
results in higher ROM. The stiffness of rod material has more influence on the ROM than the stiffness
of VBR material.
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Abstract: Instrumentation failure in the context of spine surgery is attributed to cyclic loading leading
to formation of fatigue cracks, which later propagate and result in rod fracture. A biomechanical
analysis of the potential impact of electrocautery on the fatigue life of spinal implants has not been
previously performed. The aim of this study was to assess the fatigue life of titanium (Ti) and
cobalt-chrome (CoCr) rod-screw constructs after being treated with electrocautery. Twelve spinal
constructs with CoCr and Ti rods were examined. Specimens were divided into four groups by rod
material (Ti and CoCr) and application of monopolar electrocautery on the rods’ surface (control-group
and electrocautery-group). Electrocautery was applied on each rod at three locations, then constructs
were cyclically tested. Outcome measures were load-to-failure, total number of cycles-to-failure, and
location of rod failure. Ti-rods treated with electrocautery demonstrated a significantly decreased
fatigue life compared to non-treated Ti-rods. Intergroup comparison of cycles-to-failure revealed a
significant mean decrease of almost 9 × 105 cycles (p = 0.03). No CoCr-rods failed in this experiment.
Electrocautery application on the surface of Ti-rods significantly reduces their fatigue life. Surgeons
should exercise caution when using electrocautery in the vicinity of Ti-rods to mitigate the risk of
rod failure.

Keywords: electrocautery; titanium alloy; cobalt-chrome alloy; fatigue behavior; biomechanical study

1. Introduction

Electrocautery and spinal implants are principal tools in the spine surgeon’s armamentarium.
These tools are utilized in complex surgeries to treat a multitude of spinal conditions and to ameliorate
patients’ disabilities [1,2].

Technological advancements in biomechanics and biomaterials have revolutionized the sphere
of spinal instrumentation, enabling surgeons to widen the indications for corrective surgery, and
broadened the array of surgical techniques. In this context, spinal fusion was first introduced by Hibbs
and Peltier to stabilize a spine affected by tuberculosis [3,4]. Albee used the tibia as graft material
for spine stabilization [5]. King [6] and Lange [7] attempted internal fixation [1,4]. Harrington [8]
introduced an innovative rod distraction system to correct coronal deformity [4], and Cotrel and
Dubousset metamorphosed the profession with their segmental instrumentation for simultaneous
correction of coronal and sagittal planes, thereby facilitating a three-dimensional (3D) approach to
treat a 3D spine deformity [9]. These surgeries demand sophisticated technical aptitude and hence
require meticulous preoperative planning. Consequently, one of the major preoperative decisions is
choosing the correct deformity-specific, pathology-appropriate, spinal fusion construct [1].
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Spinal implants must fulfil many criteria to be considered safe and efficient. Qualities such as
biocompatibility, osseointegration, high strength, low Young’s modulus, high corrosion, and wear
resistance are pivotal to implants’ long-term performance. Because no current material can fulfil all the
clinical and biomedical requirements, material scientists have endeavored to enhance these qualities
utilizing many surface modification techniques [10]. These processes include mechanical treatment,
sol-gel application, thermal spraying, chemical and electrochemical treatment, micro-arc oxidation,
laser surface modification, friction stir processing, and ion application [11,12].

Heating techniques and plasmochemical techniques occupy an important role in the sphere
of biomedical engineering and materials science. Heat treatment is utilized to increase the fatigue
strength of an alloy and to orchestrate an optimal balance of the material’s ductility, machinability, and
stability [10]. Plasma implementation is non-toxic because it is free of solvents [13]. Implementing
techniques such as plasma assisted microwave chemical vapor deposition, plasma etching, plasma
nitriding, and deposition of a-DLC (amorphous diamond-like carbon) layers inoculated with nitrogen
and silicon have been shown to have a significant impact on the microstructure and surface
characteristics of alloys [13].

Accurate and appropriate surface modification techniques diversify and optimize the clinical
use of alloys in surgical fields. However, spine surgeries are overburdened with post-operative
complications [2], including implant-related failure and rod fracture (RF) [1]. The overall complication
rates of surgical corrections of spine-deformity are reported to be 30% within two-years after surgery [14–
18]. An important source of complications remains the intrinsic limitation of the robustness of spinal
implants [15,19–24]. In a prospective multicenter assessment of risk factors for early RF following adult
spinal deformity (ASD) surgery with one-year follow-up, Smith et al. [16] identified that RF occurred
in as many as 9% of ASD patients, and up to 22% in patients who underwent pedicle subtraction
osteotomy (PSO), a powerful technique for the correction of sagittal spino-pelvic malalignment.
In another retrospective study, Smith et al. [23] found that most RF occurred within one year of
index surgery.

In the literature to date, several risk factors for RF have been analyzed. They could be
patient-related—e.g., higher Body Mass Index (BMI), patient age, history of spine surgery, development
of pseudarthrosis, and greater baseline sagittal spinopelvic malalignment (Sagittal Vertical Axis
(SVA), Pelvic Tilt (PT), and Pelvic Incidence-Lumbar Lordosis (PI-LL) mismatch), and a greater
need for sagittal correction—or implant-related (implant material, or in situ rod contouring in the
context of PSO) [16,21,23,24]. Notably, the arthroplasty literature provided a clue to an underlying
confounder camouflaged behind the subtleties of RF: the thermal damage of electrocautery to the
microstructure of implants. Huber et al. [25] were the first to document a case of shaft breakage of a hip
endoprosthesis secondary to contact with an electrocautery device. Subsequently, Konrads et al. [26]
reported on four similar cases which occurred after revision surgery. These authors argued that the
thermal microstructural disruption ensued from an intra-operative electric arc seen post-contact of the
electrosurgical electrode with the implant; this could have eventually led to breakage of the implant at
the contact point. In addition, Yuan et al. [27] examined 1859 explanted hip implants and concluded that
“iatrogenic arc melting” due to electrocautery was responsible for the color changes and corrosion on
the surface of the studied implants. Furthermore, via fatigue testing, metallurgic analysis, and electron
microscopy, Sonntag et al. [28] delineated a microstructural change in the Ti6A14V base material with
high-frequency electrosurgery on hip endoprosthesis, resulting in a decreased load-to-failure when the
electrocautery tip was applied to high-load areas of the stem during revision surgery.

Clinically speaking, it is difficult to avoid contact between the electrocautery tip and the
implant during spine surgery. Particularly in cases of revision surgery, these electrical arcs could be
deemed common.

To the best of our knowledge, this is the first biomechanical study that addresses this topic in
spine surgery. In concordance with the American Standard for Testing and Materials, our objective

336



Materials 2019, 12, 2471

was to assess the impact of electrocautery contact on the fatigue life of titanium (Ti) and cobalt-chrome
(CoCr) spinal implants.

2. Materials and Methods

2.1. Spinal Fusion Constructs and Vertebrectomy Models

Twelve unused specimens of CoCr and Ti implants were included (Expedium Spine, DePuy,
Raynham, MA, USA). All rods and pedicle screw constructs had the same diameter (5 mm) and were
cut to a length of 100 mm. Monoaxial pedicle screws (Ti6-Al4-V, 5.5 mm × 7 mm × 30 mm) and locking
screws (Ti6-Al4-V, 7 mm) were used to rigidly couple the rods on the vertebrectomy model according
to manufacturer-specific instructions using original instruments. Models were composed of dual
Polypoxymethylene (POM) with dimensions as described by the American Standard for Testing and
Materials (ASTM) F1717 [29]. This standard provides a uniform approach to conduct fatigue testing on
spinal implants. The two blocks comprising each vertebrectomy model simulate two adjacent vertebrae
fixed by posterior-instrumentation. The standard distance between the two blocks was 56 mm.

Specimens were divided into four groups by rod material and application of
monopolar-electrocautery device on the rods’ surface (Table 1).

Table 1. Specimen grouping matrix.

Group Description Samples

Ti-CG Titanium rods control group (without electrocautery application) n = 3
Ti-EG Titanium electrocautery group n = 3

CoCr-CG Cobalt-Chrome control group (without electrocautery application) n = 3
CoCr-EG Cobalt-chrome electrocautery group n = 3

Ti = titanium; CoCr = cobalt-chrome; CG = control group; EG = electrocautery group.

2.2. Electrocautery Contact

Electrocautery application (VIO-300, Erbe Elektromedizin, Tübingen, Germany) was performed by
an experienced spine surgeon. Analogous settings used in the operation room of our institution were
utilized (mode: swift-coag, 90 Watt, effect: 3, duration: ~4 s). High-frequency monopolar-electrocautery
was applied on the surface of each rod at three defined positions (Figure 1). Under these conditions
electric light arc was visible in all cases and discoloration of the rod surface was observed.

 

Figure 1. Electrocautery application. (a) Electric light arc, (b) sites, and (c) magnified view of the
surface impact post electrocautery application. The first site was approximately 5 mm from the cephalic
pedicle screw (#1). (#2 was at the center and #3 was analogous to #1 on the other side).
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2.3. Dynamic Mechanical Testing

Models were mounted in a servo-hydraulic uniaxial testing apparatus (HCE, Bosch-Rexroth, Lohr
a. Main, Germany) under dry conditions such that the rods were aligned in the direction of vertical
force application. The upper and lower vertebrae blocks were free to rotate in order to account for any
bending of the rods during dynamic testing. A multistep fatigue test was performed at a frequency of
12 Hz (Figure 2).

 

Figure 2. Frontal view of the fatigue testing setup.

Tests started at an initial maximum sinusoidal load of 100 N (minimal load: 10 N). After one
million cycles, the maximum load was increased by 50 N, and the load ratio R was kept constant at
0.1, until construct failure occurred. Based on the total number of steps and cycles completed, the
estimated load-to-failure was calculated using this formula:

FD = F−1 + 50N· n
1, 000, 000

(1)

where F−1 is the maximum force of the previous step before fracture, and n is the number of cycles in
the step where the specimen failed.

2.4. Outcome Measures

Primary outcomes estimated load-to-failure, total number of cycles to failure, and location of
rod failure.

2.5. Statistical Analysis

One-way analysis of variance (ANOVA) with post-hoc-test correction of least statistical difference
was used to compare continuous values of the outcome measures. All data are presented as mean
values ± standard deviation and 95% confidence interval. Statistical tests were computed using
statistical package (SPSS-v.24, IBM, Armonk, NY, USA). The threshold of statistical significance was set
at 0.05.

3. Results

Results of the biomechanical test are summarized in Tables 2 and 3.
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Table 2. Summary of the dynamic biomechanical test results.

Spinal
Construct

Electrocautery
Application

Completed
Load Level

Min/Max
Load at

Failure (N)

No. Cycles
to Failure

Failure Site
Fatigue

Strength (N)

Ti-CG1 No #4 30/300 4,473,034 Unilateral rod-screw junction 273.6
Ti-CG2 No #4 30/300 4,388,472 Bilateral rod-screw junction 269.4
Ti-CG3 No #3 25/250 3,995,938 Unilateral rod-screw junction 249.8
Ti-EG1 Yes #3 25/250 3,093,921 Bilateral peripheral rod fractures 204.7
Ti-EG2 Yes #3 25/250 3,328,583 Unilateral peripheral rod fracture * 216.4
Ti-EG3 Yes #3 25/250 3,770,073 Bilateral central rod fractures 238.5

CoCr-CG1 No #6 40/400 6,351,621 Bilateral pedicle screws ** 367.6
CoCr-CG2 No #7 40/400 7,000,000 Bilateral pedicle screws ** 400
CoCr-CG3 No #7 45/450 7,183,433 Bilateral pedicle screws ** 409.2
CoCr-EG1 Yes #7 45/450 7,079,071 Bilateral pedicle screws ** 403.9
CoCr-EG2 Yes #7 45/450 7,118,378 Bilateral pedicle screws ** 405.9189
CoCr-EG3 Yes #6 40/400 6,112,167 Bilateral pedicle screws ** 355.60835

CG = Control Group; EG = Electrocautery Group; N =Newton; Ti = Titanium; CoCr = Cobalt-Chrome. * Ti-EG2
fracture site occurred at the level of the locking screws, not at the site of electrocautery application. ** all pedicle
screws were made of titanium. No CoCr rods failed in this biomechanical investigation.

Table 3. Summary of load-to-failure and total number of cycles to failure for all tested groups.

Load to Failure (N) * 95% CI p No. Cycles to Failure * 95% CI p

Ti-CG 264.3 ± 12.7 [232.7–295.9]
p = 0.02

4.3 × 106 ± 25 × 103 [3.6 × 106–4.9 × 106]
p = 0.03

Ti-EG 219.8 ± 17.2 [177.2–262.5] 3.4 × 106 ± 34 × 103 [2.5 × 106–4.2 × 106]

CoCr-CG 392.2 ± 21.8 [338.1–446.5]
p > 0.05 6.8 × 106 ± 43 × 103 [5.7 × 106–7.9 × 106]

p > 0.05
CoCr-EG 388.5 ± 28.5 [317.7–459.3] 6.8 × 106 ± 57 × 103 [5.3 × 106–8.2 × 106]

* Mean ± standard deviation, CI = Confidence Interval, N = Newton, p: Bold denotes statistical significance,
Ti = Titanium, CoCr = Cobalt-Chrome, CG = Control Group, EG = Electrocautery Group.

3.1. Titanium Control Group (Ti-CG)

All specimens exhibited fatigue fracture of the rod at the rod-screw junction (Figure 3).

Figure 3. Sites of rod fracture of titanium control group (Ti-CG) post biomechanical testing and fatigue
fractures of the rods at the rod-screw junction.

3.2. Titanium Electrocautery Group (Ti-EG)

In two specimens (Ti-EG1 and Ti-EG3), failure sites corresponded to the sites of electrocautery
application (Figure 4).
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Figure 4. Sites of rod fracture of titanium electrocautery group (Ti-EG) post biomechanical testing.

Ti-EG revealed a significantly lower load-to-failure than Ti-CG (17% decrease, p= 0.023). Intergroup
comparison of cycles to failure revealed a significant mean decrease of almost 9 × 105 cycles (p = 0.03).
(Figure 5).

Figure 5. Boxplot representing the mean and 25% and 75% interquartile range of the total number of
cycles to failure among the four tested groups.

Fatigue failure was confirmed by microscopic analysis of the fractured surface (Figure 6).

Figure 6. Microscopic analysis of fractured titanium rod after electrocautery (VHX-5000, Keyence,
Osaka, Japan). (a) Post-fracture situation at the electrocautery mark. (b) Fracture surface with typical
signs of fatigue fracture (beach lines and forced fracture area). The circle shows the location of crack
initiation at the electrocautery mark.
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Notably, Ti-EG2 failed at the rod-screw junction similar to all of the Ti-CG rods.

3.3. CoCr Control Group (CoCr-CG) and Electrocautery Group (CoCr-EG)

In all tested constructs, the Ti pedicle screw failed. None of the CoCr-CG or CoCr-EG rods had
fractured, exhibiting an increased load-to-failure in comparison to their Ti counterparts.

Intergroup differences were insignificant across all outcome measures. This implies that, in these
tested constructs, the pedicle screw proved to be the weakest component under cyclic loading. In all
specimens of these two groups, fatigue fracture transpired at the first thread of the titanium pedicle
screw (Figures 7 and 8).

Figure 7. Sites of the titanium screw fracture of CoCr control group (CoCr-CG) post
biomechanical testing.

Figure 8. Magnified frontal (a) and lateral (b) views of the titanium screw fracture of one of CoCr
electrocautery group constructs (CoCr-EG 3).

4. Discussion

The human body is an intricate biomechanical composite that exerts cyclic loading on spinal
instrumentation, which could lead to their failure [21,30]. The predominant use of electrocautery in
operating-rooms mandates spine surgeons and implant engineers to contemplate the potential negative
impact of electrocautery on the long-term integrity of spinal fusion constructs. Thus, addressing
differences between the mechanical properties of these materials and studying the thermal effect of
electrocautery are essential to predict the in vivo behavior of implants.

The micro-architecture of Ti and CoCr materials dictates their biomechanical performance and
fatigue life [21,22,31]. Instrumentation failure is thought to be caused by recurring loading which
generates oscillating stresses that may be well below the yield stress of the material. Unfortunately,
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this process is unnoticeable, either by the patient during daily activities or by the surgeon throughout
follow-up visits, until final construct failure develops [21,32,33].

In vivo loading on spinal implants has been previously measured and reported to be 250 N in
the prone position, 400 N whilst walking, and up to 700 N during exercise [34–37]. Notably, Ti-EG
constructs failed at a maximum load of 250 N. This underlines the potential detrimental impact of
electrocautery on the safety of Ti constructs, even within daily physiological loading.

4.1. Thermal Damage and Notch Sensitivity: A Threat to Ti Biomechanical Integrity

Previous investigations have emphasized that the load-to-failure is contingent upon a material’s
resistance to surface alterations. Fatigue fractures almost always nucleate at the exact location of
notches or “discontinuity of geometrical structure” on the material’s surface [21,24,31,38,39]. This
is particularly important when the site of the notch corresponds to areas where maximal loading is
applied. Very small cracks relative to the dimensions of the micro-structure have been shown to cause
failure faster than a long crack [40,41]. Therefore, the radius of the notch is, as a geometrical function,
important [42]. Jang et al. demonstrated that thermal damage of laser etching on hip implants led to
their early fracture [43]. Huber et al. [25] and Konrads et al. [26] reported a decrease in the fatigue life of
Ti hip implants due to the thermal damage of electrocautery. In this context, Sonntag et al. [28] further
demonstrated that this thermal damage caused a significant alteration of Ti microstructure. Ti6Al4V
alloy has a bimodal microstructure consisting of a globular α-matrix phase, enveloped by the so-called
Widmannstätten structure (α + β) [32,44–46]. Thermal energy affects the internal kinetics of theses
phases and triggers a cascade of diffusion processes, as well as transforming the dimensions of the α
and β phases. Alteration of those dimensions correlates with their load-to-failure and susceptibility to
internal crack initiation. It could even be regarded as an internal notch [33,47–49].

In the light of these findings, the thermal energy applied on the tested Ti rods and the marks
seen on their surface, which may be due to a corrosive attack [27] could set the stage for premature
rod failure.

4.2. Pathogenesis of Ti Rod Fractures at the Rod-Screw Junction

Among all Ti-CG and one of the Ti-EG specimens, a crack nucleation site was visually detected
in the proximity of the locking screw. Tightening of the screw leaves surface marks on the rods and
could account for this failure (Figure 9). The presented results echo previously published findings:
Lindsey et al. and Ngyuen et al. [21,22] detected an increased trend of CoCr rod failure at the same
location of our tested constructs. Yamanaka et al. [40] described the same phenomenon on Ti rods.
Dick et al. [31] suggested that surgeons should avoid severe tightening of the screws as this would
lead to notch formation on the surface of Ti rods. Hence, a modification of the operating manual might
be indicated to avoid severe tightening of the screw. This, however, requires specific testing and is a
secondary outcome of this study.

Figure 9. Magnified lateral view of Ti-CG post biomechanical testing: fatigue fracture of the rod at the
rod-screw junction, illustrating surface marks of the tightened screws on the rod.
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4.3. CoCr Versus Ti Rods

CoCr exhibited a higher fatigue life than Ti, which is in line with previous investigations [23,50,51].
However, we are not aware of previous studies addressing spinal CoCr susceptibility to thermal
modification of electrocautery. Uniquely, our tested constructs were not affected by this thermal
modification as the pedicle screws failed. This could be explained by their superior rigidity, corrosion,
and wear resistance [52]. This biomechanical superiority is also the reason for their implementation in
demanding surgical techniques such as PSO. Paradoxically, in the context of PSO, CoCr constructs
were associated with higher rates of RF. This could be due to the notch effect of in situ bending inherent
within the PSOs, and the unusually high loading they need to withstand [16]. However, the superior
performance of CoCr comes at the expense of greater stiffness at both ends of the construct, resulting
in increased incidence of adjacent segment disease [53–55]. This could be attributed to the fact that
Ti-6Al-4V alloy has a much lower Young’s modulus (∼112 GPa) when compared to Co-Cr alloys
(∼210 GPa) [56,57].

One of the strengths of our study could be its clinical implications. Patient expectations of
surgical outcomes have reached unparalleled heights [58]. However, implant-related complications
have significant drawbacks on post-operative Health-Related Quality of Life (HRQoL) and were
associated with slower rates of improvement [1,23,59]. Moreover, the negative economic impact of
instrumentation failure and post-operative complications on the health-care system in the context of
spine surgery is high [60,61].

This study provides a biomechanical strongpoint by testing constructs under high sinusoidal
loading levels (n = 8, each 106 cycles) in which rod diameter was uniform, which makes the results
comparable. Previous biomechanical investigations have tested constructs with different rod diameters
and were tested under lower load levels [21,22]. Higher loading levels would give more confidence to
the conclusion of long-term fatigue endurance. Intuitively, the longer a spinal implant persists intact in
the body, the more cyclic loading it has to withstand. Testing constructs under short- and long-term
mechanical loading enabled the conclusion that CoCr rods, even under long-term cyclic loading
(8 × 106 cycles), proved unaffected by thermal damage. Furthermore, constructs were examined
according to a standard for spinal instrumentation testing [29]. The application of the ASTM F1717
standard enabled the delineation of electrocautery’s impact on the mechanical properties of materials
and efficiently eliminated potential confounding factors, such as implant design or donor variability in
the context of cadaver studies.

On the other hand, intrinsic to in vitro biomechanical investigations, this study was conducted
within a scaffold of limitations and simplifying premises that are important to discuss. First, severity
of the electrocautery attack cannot be fully controlled during manual application which could lead to
heterogeneity of thermal damage on the tested rods. This could explain why the Ti-EG specimens
fractured at different locations. Second, the use of only one cautery mode precludes conclusions on
other electrocautery modes. Third, in vivo clinical translation of the findings is impeded by the dry
conditions of these experiments which were conducted at room temperature; fatigue life could differ
when implants are at body temperature and surrounded by body fluids [39]. Fourth, the application of
the ASTM F1717 sinusoidal testing environment represents a “worst case scenario”; constructs alone
bore the burden of the axial loading which does not fully represent the in vivo state where the load is
also shared by the spine and neighboring soft tissue. However, physiological stresses on implants
could be as high as 700 N which permits us to draw our conclusions, as Ti rods failed in the range of
250 N. Fifth, tested constructs underwent only axial loading, resulting in a bending moment which
mimics one modality of human movement, flexion-extension, and does not take into account lateral
bending and axial rotation. Finally, we did not perform a power analysis prior to conducting this study
to determine the minimum sample size required for the CI of 95%. Also, the wide CI is attributed to
the small sample size. However, this limitation means that the impact of electrocautery could have
been underestimated in our results. Subsequently, a larger sample size would enable calculation
of a statistically significant hazard ratio to quantify the negative impact of thermal damage on the
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fatigue life of Ti rods. Future biomechanical studies with a larger sample size are merited to analyze
different settings of coagulation and cutting modes, and to assess loadings exerted by bending and
axial rotation of vertebrae. Randomized controlled studies are required to determine the absolute
effect of electrocautery on spinal implants. Nevertheless, our findings disentangle a potential culprit
underlying post-operative Ti rod fracture.

5. Conclusions

This biomechanical study showed that the impact of electrocautery on Ti rods could have
significant clinical and biomechanical repercussions for patient safety and satisfaction, surgical training,
and implant design. Ti rods exhibited decreased fatigue life and failed at the site of electrocautery
application. Spine surgeons should exercise caution in the vicinity of spinal implants, especially during
revisions. Similarly, it is also reasonable for manufacturers to devise strategies against thermal damage
and explore methods to increase the long-term structural integrity of Ti rods.
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