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Summary   i 

Summary 

There are many situations where biological materials, such as the skin, come into 

contact with non-living materials, whether they are man-made or not. These contacts 

are particularly important when considering the functionality, health, and longevity 

of medical implants, prostheses, and orthoses, where the frictional behaviour plays 

a crucial role. 

There is an important difference in the use of these applications, namely whether 

they are applied in the body or on the body. For applications in the body, the contact 

situations consist, for example, of medical implants, such as knee or hip prostheses, 

which have to be attached to bone tissue. Another contact situation is, for example, 

replacing a damaged meniscus, with an artificial meniscus. Here, contact occurs 

between the artificial meniscus and the cartilage present in the joint.  

With orthoses and external prostheses, the contact takes place on the skin. A liner is 

often used for these cases. These are soft plastics such as polyurethane or silicone 

rubber, which distribute the pressure between the skin and the supporting parts of 

the prostheses and orthoses. The contact between the skin and the liner can lead to 

serious skin conditions due to the contact pressures and frictional forces that occur 

during use. 

In this thesis, five very different contact problems are described, analysed and 

investigated experimentally. 

Lubrication of polyurethane rubber with a synthetic synovial fluid. The use of a 

synthetic synovial fluid has the advantage that large volumes are available with 

constant quality. This research shows that the proteins present are an important factor 

in the lubrication behaviour. Large differences occur in frictional behaviour when 

using plastic or metal surfaces due to adsorption phenomena.  

Influence of the implant roughness in the compression of a knee prosthesis. Friction 

experiments using rough implant surfaces, moving against bone of different 

qualities, shows that the bone properties have little influence on the frictional 

behaviour. The measured coefficient of friction was well predicted by the numerical 

analysis of the biomedical interface, with respect to the implant roughness. 

Micro-displacement in the contact between bone and a rough implant surface. 

Displacements between an implant surface and bone during functional use can lead 

to poor fixation, which may result in revision arthroplasty. These displacements, also 

referred to as micromotions, were measured in this study, and were in the same range 
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as the elastic deformation of the bone tissue. Bone quality and implant roughness are 

found to affect the final displacement and contact stiffness. 

Influence of adhesion on skin contact under very low contact pressures. The 

influence of adhesion on the frictional behaviour, due to the surface free energy and 

surface tension of skin and fluids present in the contact, has been measured under 

low contact pressures. At these low pressures, the influence on the ultimate 

coefficient of friction is considerable, but consistent with the predicted theoretical 

behaviour. 

The effect of the roughness of linings on the frictional forces during use in prostheses 

and orthoses. The friction between skin and liners is an important parameter 

regarding the functionality and prevention of pressure ulcers. Due to the possibility 

of locally achieving higher or lower friction, liners can be adapted to relieve sensitive 

areas of the skin and to transfer the occurring pressures and frictional forces to less 

sensitive areas. 

The presented work contributes to better understanding of the tribological behaviour 

of biomechanical interfaces. The obtained results based on experimental evaluation 

at the laboratory scale, provided valuable insights into the friction mechanisms 

present in biomedical implants, prostheses, and orthoses, contributing to the 

applicability and longevity of these medical devices. 
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Samenvatting 

Wrijving in biomechanische contacten 

Er zijn veel situaties waarin biologische materialen, zoals de huid, in contact komen 

met niet-levende materialen, die al dan niet door de mens gemaakt zijn. Deze 

contacten zijn bijzonder belangrijk bij het overwegen van de functionaliteit, 

gezondheid en levensduur van medische implantaten, prothesen en orthopedische 

hulpmiddelen, waarbij het wrijvingsgedrag een cruciale rol speelt. 

Er is bij deze toepassingen een belangrijk verschil aanwezig, namelijk of deze in het 

lichaam of op het lichaam worden toegepast. Bij toepassingen in het lichaam bestaan 

de contactsituaties bijvoorbeeld uit medische implantaten, zoals knie of 

heupprotheses, die bevestigd moeten worden aan botweefsel. Een andere 

contactsituatie is bijvoorbeeld het vervangen van een beschadigde meniscus door 

een kunst meniscus. Hierbij treedt dan contact op tussen de kunst-meniscus en 

aanwezig kraakbeen in het gewricht. 

Bij ortheses en uitwendige protheses, vindt het contact plaats op de huid. Hierbij 

wordt vaak gebruik gemaakt van een voering. Dit zijn zachte kunststoffen zoals 

polyurethaan of siliconenrubber, die de druk tussen de huid en de ondersteunende 

delen van de protheses en ortheses verdeeld. Het contact tussen de huid en de voering 

kan leiden tot serieuze huidaandoeningen ten gevolge van de contactdrukken en 

wrijvingskrachten die plaatsvinden tijdens gebruik. 

In dit proefschrift worden vijf zeer verschillende contactproblemen beschreven, 

geanalyseerd en experimenteel onderzocht. 

Smering van polyurethaanrubber met een synthetische synoviaal vloeistof. De 

toepassing van een synthetische synoviaal vloeistof heeft als voordeel dat grote 

volumes beschikbaar zijn met constante kwaliteit. Uit het onderzoek blijkt dat de 

aanwezige proteïnen een belangrijke factor zijn in het smeringsgedrag. Een groot 

verschil treedt op bij het gebruik van kunststof of metalen oppervlakken door 

adsorptie verschijnselen.  

Invloed van de implantaat ruwheid bij de inklemming van een knieprothese. De 

experimentele benadering van een ruw implantaat oppervlak tegen verschillende 

kwaliteit bot, laat zien dat de bot eigenschappen weinig invloed hebben op het 

wrijvingsgedrag. De gemeten wrijvingscoëfficiënt blijkt goed te benaderen door de 

numerieke analyse van de biomechanische interface, met betrekking tot de ruwheid 

van het implantaat. 
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Microverplaatsing in het contact tussen bot en een ruw implantaat oppervlak. 

Verplaatsingen tussen het implantaat oppervlak en het bot, kunnen tijdens 

functioneel gebruik leiden tot een slechte inklemming, waardoor revisie nodig kan 

zijn. Deze verplaatsingen, ook wel micromotions genoemd, blijken in dit onderzoek 

in hetzelfde bereik als de elastische vervorming van het botweefsel te liggen. De 

botkwaliteit en implantaatruwheid zijn van invloed op de uiteindelijke verplaatsing 

en contactstijfheid. 

Invloed van adhesie bij contact met de huid onder zeer lage contactdrukken. De 

invloed van adhesie op de wrijving, ten gevolge van de oppervlaktevrije energie en 

oppervlakte spanning van huid en aanwezige vloeistoffen, is gemeten onder lage 

contact drukken. Bij deze lage drukken is de invloed op de uiteindelijke 

wrijvingscoëfficiënt aanzienlijk, maar blijkt wel het verwachtte theoretische gedrag 

te vertonen. 

Het effect van de ruwheid van voeringen op de wrijvingskrachten tijdens gebruik bij 

protheses en ortheses. De wrijving tussen de huid en de voering is een belangrijke 

parameter met betrekking tot de functionaliteit en de preventie van doorligwonden. 

Door de mogelijkheid om lokaal hogere of lagere wrijving te realiseren, kunnen 

voeringen aangepast worden om gevoelige gebieden van de huid te ontzien en de 

optredende drukken en wrijvingskrachten naar minder gevoelige gebieden over te 

brengen. 

Het gepresenteerde werk draagt bij aan een beter begrip van het tribologisch gedrag 

van biomechanische interfaces. De verkregen resultaten, gebaseerd op experimentele 

evaluatie op laboratoriumschaal, hebben waardevolle inzichten geboden in de 

wrijvingsmechanismen die aanwezig zijn in biomedische implantaten, protheses en 

orthopedische hulpmiddelen, en dragen bij aan de toepasbaarheid en levensduur van 

deze medische apparaten. 
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Roman symbols 
 

a Contact radius [m] 

A Area of contact [m2] 

Areal Real contact area [m2] 

Aapp Apparent contact area [m2] 

b Asperity radius [m] 

C Time constant [s-1] 

d Separation distance [m] 

Dapp Apparent bone density [kg/m3] 

Dmat Trabecular bone density [kg/m3] 

E Elasticity modulus [Pa] 

E* Combined elasticity modulus [Pa] 

Eeff Effective elasticity modulus [Pa] 

Fn Normal force [N] 

Ff Friction force [N] 

Fadh Adhesive force [N] 

Fcap Capillary force [N] 

H Hardness [Pa] 

h Film thickness [m] 

hc Central film thickness [m] 

ℒ Lubrication number [-] 

m Cross rate constant [-] 

N Number of summits per unit area [-] 

p Pressure [Pa] 

�̅� Mean pressure [Pa] 

R Radius  [m] 

Ra Center line average surface roughness [m] 

Rq RMS surface roughness [m] 

Rz Roughness peak-valley height [m] 

ss Summit height [m] 

u+ Total sum speed [m/s] 

ū Mean sum speed [m/s] 

W12 Work of adhesion [J/m2] 

z Surface height [m] 
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Greek symbols 
 

 Real contact area ratio [-] 

 Average summit radius [m] 

 Strain [-] 

 Surface tension [J/m2] 

�̇� Shear rate [s-1] 

 Summit density [m-2] 

 Viscosity  [Pas] 

 Coefficient of friction [-] 

a Adhesive component coefficient of friction [-] 

+ Plowing component coefficient of friction [-] 

s Coefficient of static friction [-] 

d Ccoefficient of dynamic friction [-] 

 Poisson’s ratio [-] 

 Stress [Pa] 

 Standard deviation of the surface heights [m] 

s Standard deviation of the summit heights [m] 

s Interfacial shear stress [Pa] 

tan δ Loss tangent [-] 

δl Limiting displacement [m] 

δt Tangential displacement [m] 

θ Contact angle [º] 

𝜂 Viscosity [Pa.s] 

𝜂0 Zero shear viscosity [Pas] 

𝜂∞ Infinite shear viscosity [Pas] 

Λ Film thickness parameter [-] 
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Abbreviations 

 

BEM Boundary element method 
(E)HL (Elasto-) hydrodynamic lubrication 

BL Boundary lubrication 

BS Bovine serum 

BSA Bovine serum albumin 

BSF Bovine synovial fluid 

BV Bone volume 

COF Coefficient of friction 

CU Cushioning 

DIC Digital image correlation 

EPD Elastic-permanent deformation displacement 

ERD Elastic recovery displacement 

FEM Finite element method 

GAG Glycosaminoglycan 

HA Hyaluronic acid 

ML Mixed lubrication 

PBS Phosphate buffered saline 

PRG Proteoglycan 

RS Ringer’s solution 

RSA Radio stereometric analysis 

SAL  Autocorrelation length 

SAPL Surface active phospholipids 

SC Stratum corneum 

SEM Scanning electron microscopy 

SF Synovial fluid 

SSF Synthetic synovial fluid 

Str Texture aspect ratio 

TJA Total joint arthroplasty 

TKA Total knee arthroplasty 

TV Total volume 
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Selected medical vocabulary for mechanical engineers 

 

• Arthritis - Generalized term for conditions affecting the joints or tissues around 

a joint. 

• Arthroplasty - Surgical procedure to restore the function of a joint. 

• Calluses - Area of thickened and sometimes hardened skin that forms as a 

response to repeated friction, pressure, or other irritation. 

• Corns - Cone-shaped and often painful inwardly directed callus of dead skin 

that forms at a pressure point near a bone. 

• Cortical bone – Also called compact bone, is the rigid outer layer of bones. 

• Trabecular bone – Also known as spongy or cancellous bone is the porous 

internal part of the bone. 

• Osteoarthritis – Inflammatory (swelling) bone disease due to increased pressure 

on the joints. 

• Osteoarthrosis – Non-inflammatory (non-swelling) bone disease due to 

biological factors. 

• Osteomyelitis - Bacterial bone infection. 

• Osteolysis – Resorption of the bone matrix, where bone lose minerals, mainly 

caused by reaction to artificial joint replacement. 

• Osteoporosis – Health condition leading to deterioration of bone tissue. 

• Osteosynthesis - Reconstructive surgery aimed at stabilising and joining the 

ends of a broken bone after a fracture. 

• Ulcer - Also known as pressure ulcer or bed sores, is damage to the skin and/or 

underlying tissue that usually occur over a bony prominence as a result of long-

term pressure and shear forces. 
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1 Introduction 

Research in healthcare has led to, and continues to lead to, remarkable advancements 

in diagnosing and treating illnesses and injuries. With the increasing average age and 

demanding lifestyle of the growing population, medicine, pharmacy, diagnostics, 

and surgery must keep pace. This presents exciting opportunities for engineers to 

make contributions to new inventions or improve existing designs, helping future 

patients, typically through optimizing the contact between living tissue and man-

made materials. By doing so, biomechanical interfaces can be optimized for their 

specific requirements with respect to forces and deformations by adjusting material 

and surface properties. 

Biomechanical interfaces refer to the point of contact between biological systems, 

such as human tissue or bone, and artificial surfaces present in biomedical implants, 

prostheses, or orthoses [1]. There are unfortunately many reasons why people might 

need those biomedical devices, like limb loss, increasing age, diseases, overweight, 

overactivity, clumsiness or just bad luck, resulting in failures like, bone fracture, 

dental loss, hart problems or problems with articular joints, where these devices for 

example can be applied to deliver medication, monitor body functions or for 

supporting or replacing the failing body parts [2]–[5]. This thesis focuses on the 

biomechanical contacts in the use of the orthopaedic implants, prostheses and 

orthoses, which can be found either in, or on the body (Figure 1.1). 

1.1 Orthopaedic implants, Prostheses and Orthoses 

Orthopaedic implants, are placed in the body and are intended to replace missing 

body parts like bones, cartilage or joints [3]. They are fixated to the bone, which can 

be achieved by screws, cementing or press-fits [6] . The most common orthopaedic 

implants are hip and knee joints [7], and have to be made of biocompatible materials, 

which according to Nature, can be defined as, materials "that are manufactured or 

processed to be suitable for use as medical devices (or components thereof) and that 

are usually intended to be in long-term contact with biological materials” [8], [9]. 
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Figure 1.1 Orthopaedic Implants, Prostheses and Orthoses. Location dependent optimalisation of 

contact situations between biological and engineering materials, occurring in and on the body. 
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Prostheses are man-made substitute body parts, such as artificial limbs that are used 

to replace limbs that have been amputated [10], and are applied on the body, where 

fixation can be achieved by clamping a socket to the stump of amputees, or in the 

body, by direct fixation to the skeletal system with a percutaneous implant system 

[11]. The socket is the interface between the residual limb and the prosthesis, and it 

is critical for the comfort and function of the prosthesis. The socket needs to be made 

of biocompatible material that is able to conform to the shape of the residual limb, 

which can be achieved by manufacturing processes such as hot forming, casting or 

3D manufacturing [10], [12], [13]. The socket design needs to be able to distribute 

the forces of the prosthesis evenly across the residual limb, which is commonly 

achieved by combining the socket with a soft liner, made from low elastic modulus 

materials (Figure 1.2). Preferably, the socket and liner should be made of materials 

that are able to dissipate heat and moisture [14]–[16].  

Many individuals with limb loss are able to effectively use prostheses, but this is also 

depending on factors such as skin condition and the amount of tissue to cushion the 

remaining bone. Transferring loads from the soft rubber linings of prosthetics or 

orthotics and the skin, might cause skin breakdown, starting with redness and pain 

but might also lead to blisters and ulcers, which in turn might cause osteomyelitis, a 

life-threatening bone infection (Figure 1.3). The four stages in the development of 

pressure ulcers are: 

• Stage 1: The skin appears red and may feel warm to the touch, but is not 

broken. This is considered a mild pressure injury. 

• Stage 2: The skin is broken and appears as a shallow open wound. The 

wound may be painful, and exudate may be present. 

Figure 1.2 Socket – Liner, lower limb prostheses 

(credit:Shutterstock.com). 
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• Stage 3: The wound is deeper and extends into the underlying tissue, 

appearing as a deep crater. Fat may be visible in the wound and there may be 

some tunnelling. 

• Stage 4: The wound is severe and extends through several layers of tissue, 

including muscle and bone. The wound may be infected and there may be 

significant tissue damage. 

Stages 1 and 2 are frequently related to moisture and friction. From Figure 1.4, it can 

be observed that the extent of damage is not related to the amount of cushioning 

(CU) in areas where skin covers soft organs or muscles, compared to regions of bony 

prominences (BP), where bone is close to the skin surface. Skin damage caused by 

friction can occur in both cases once the breakdown limit is reached [17]. Stages 3 

and 4 of pressure ulcers are linked to internal stress caused by shearing and pressure 

on the skin [18], and appeared to be more related to the presence of bony 

prominences. When external pressure surpasses the skin's capillary pressure, it 

blocks the blood vessels and deprives the surrounding skin of necessary nutrients 

[19]. 

Orthoses are externally applied devices, supporting the skeletal system, improving 

the rehabilitation and reduce pain of health disabilities or injuries. Orthoses can be 

divided in two categories, namely orthoses for immobilization, where the device 

Figure 1.3 Stages of Pressure Ulcer development. (credit:Shutterstock.com). 
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constrains movement and rigidly fixates a certain position of the body part and no 

moveable parts in the orthosis are present, and orthoses for mobilization, containing 

moveable components allowing for defined or restrained body motions. These 

devices can be made from a variety of materials, and are typically custom-made to 

fit the individuals needs [20]. Orthoses need to be able to move smoothly against the 

skin and underlying tissue and withstand the stresses of movement. Commonly the 

types of orthoses are named after the body part they are supporting. Divided over the 

human body one can find for example: Spine Orthoses, Head Orthoses, or for 

example combined Hip Knee Ankle Foot Orthoses, or Elbow Wrist Hand Finger 

orthosis. To avoid calluses, corns, and ulcers, caution should be taken when using 

orthoses, as they apply pressure to certain body regions. This can be achieved by 

optimizing the pressure and force at the skin-orthosis interface by modifying the 

friction and elasticity of the supporting surfaces [21], [22].  

1.2 Materials in biomedical engineering 

In biomechanical interfaces a wide range of materials are found, ranging from hard 

rigid metallic or ceramic implant materials, to softer, or more elastic, biomaterials 

like bone, skin, cartilage, and soft synthetic biocompatible polymers like; PEEK, 

UHMWPE, TPU and CPU. The materials used in biomedical implants need to have 

Figure 1.4 Influence of friction on skin damage under repetitive motion. Zones: green=safe, 

blue=slip, red is skin breakdown (Brkd) (data from [17]) (left). Example of repetitive motion at the 

skin interface using a prosthesis (credit:Shutterstock.com) (right). 
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reliable properties like, mechanical strength, corrosion resistance, tribological 

properties, non-toxicity, should be nonmagnetic and support osseointegration [23], 

[24]. Although this limits the selection of engineering materials it can be observed 

from Figure 1.5, materials are available covering a large range, with respect to 

strength and elasticity. 

 

Metallic implants, made from stainless steel, Cobalt-Chromium or Titanium-

Vanadium alloys, are biomaterials widely used in orthopaedics [25], [26], and are 

applied in both osteosynthesis and arthroplasty. The disadvantage with metallic 

implants is their high elastic modulus, which causes stress shielding. In case of stress 

shielding, bone in contact or proximity with the implant is not mechanically loaded 

on regular bases. As a result, bone resorption starts, and will lead to local weakening 

of the bone, mostly in areas where this is an important factor with respect to implant 

stability, and therefore implant loosening might occur [27]. 

Ceramic orthopaedic implants made from alumina (Al2O3) or zirconia (ZrO2), offer 

a long-term biocompatibility and were also found to reduce polyethylene wear rates 

[28], which can increase the longevity of prosthetic joints. The elastic modulus 

however is even higher than metals and their application will therefore also be 

susceptible to stress shielding. 

When implant materials with lower Young’s moduli like PEEK are used, larger 

relative displacements between the surfaces can be achieved before actual sliding 

occurs. When larger displacements are possible between the bone and implant, 

without actual sliding, frictional forces can be transferred over a larger contact area 

Figure 1.5 Typical materials in biomechanical interfaces. (Granta Edupack 2022). 
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without local stress fields absorbing all the loads. Therefore, more bone in contact 

with the implant will be continuously activated and will be less susceptible to stress-

shielding [29].  

Tibial inserts in knee implants or the liners for hip replacement, are commonly made 

from UHMWPE, reducing the friction and wear, although wear of the polyethylene 

is still an important reason for revision surgery [30], [31]. An example of recent 

developments in this field is the cross-linking of the polyethylene (XLPE) to improve 

the wear rate, thereby lowering the need for revision. 

Metal-on-metal implants, where both articular components are made from metal, 

have been used less the recent years due to metallic wear particles and corrosion, 

since this might result in adverse local tissue reaction or adverse reaction to metal 

debris, which in return might lead to pain, implant loosening, device failure, 

periprosthetic osteolysis, and the need for revision surgery [32]. 

Prosthetic liners can be made from TPE, silicone rubber or polyurethane. TPE liners, 

are very soft, leading to comfortable pressure distribution. Silicone liners are more 

durable and due to increased stiffness more suitable for active people. Polyurethane 

gel liners possess adaptive properties with respect to limb shape. This liner gradually 

compresses but does not immediately return to its original shape [12]. The liners can 

be connected to the socket by a pin-lock system or by generating a differential 

pressure (vacuum) between the socket and liner. 

Orthoses can be made from a variety of materials, such as engineering plastics, 

metals, or carbon fibre. The contact between the orthosis and skin often involve an 

extra textile layer from clothing or upholstery, where natural or synthetic fabrics, 

like wool, cotton, polyester or nylon are applied [33] 
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1.3 System approach of biomechanical interfaces  

Contact that exists in orthopaedic implants, prostheses and orthoses between skin or 

bone and a counter surface, can be described by the science of tribology. The 

biomechanical aspects of such a contact situation depends on parameters like, 

loading, velocity, environmental conditions, and mechanical and physical properties 

of the materials such as hardness and roughness. The relation between the 

operational conditions, including the normal force and velocity, and the output of the 

tribological system, being friction forces and wear, depending on the environmental 

properties, is depicted in Figure 1.6.  

In the actual application, the parameters affecting the tribological response during 

use, can commonly not be varied in a controlled way, and as such cannot directly be 

coupled to the tribological performance. Therefore, in this thesis, a different 

approach is selected that examines the tribological system at a smaller scale based 

on laboratory conditions, where environmental and operational conditions can be 

controlled systematically [34], [35]. In this way for example, the influence of 

Figure 1.6 Schematic illustration of a tribological system. The input of the system consists of load and 

speed. Within the system, environmental variables like temperature, humidity or contamination are 

variables, acting on the tribo-pair. The friction force and wear volume information, are the output 

values of the system, which are commonly divided by input parameters to obtain relative tribological 

parameters. 
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temperature or humidity, on the frictional behaviour, between skin and a polymer 

can be determined independently. 

Various physical and mechanical phenomena, influencing the friction mechanisms 

can be found at the interface. Adhesive forces, raising from the free surface energy 

of the different materials lead to attractive forces between the surfaces [36]. These 

forces can be the relatively weak long-range forces, like van der Waals, electrostatic 

or magnetic forces, or short-range forces due to chemical or metallic bonding [37]. 

The adhesive forces, present between two materials, will restrict actual motion 

between the two interacting surfaces. In a ‘static’ situation this means the static 

friction force at the interface is large enough to withstand forces leading to motion 

between the surfaces [38]. As soon as actual motion starts, the friction force at the 

interface is dependent on the kinetic coefficient of friction, which can be lower than 

the static situation [39]. 

Lubrication of the interface will alter the friction behaviour in the contact as well. 

Lubricants, or for example, interfacial layers like sebum and sweat, covering the 

human skin, often lead to sweaty and slippery hands [40]. Lubricants can reduce 

friction by forming boundary layers or even can separate the moving surfaces leading 

to low friction forces which are dependent on the lubricant viscosity. 

Roughness of contacting surfaces have a large influence on the frictional behaviour. 

Friction in smooth, very low roughness surfaces, mainly arises from adhesive forces, 

resulting in relatively high frictional forces. Creating a small roughness on the 

surface will lead to a reduction of contacting areas, and therefore a decrease in 

friction might occur. Increasing the surface roughness a little bit more, might lead to 

serious deformation of the surfaces by means of ploughing or cutting of the 

roughness peaks through the softer countersurface material, resulting in high 

frictional forces [41], [42]. With extreme surface roughness even mechanical 

interlocking will occur. In this case the roughness peaks will penetrate into the softer 

counter surface and will restrict actual motions between mating surfaces [43].  

Friction between surfaces is also depending on the mechanical properties of the 

surfaces. Hard surfaces commonly lead to surface interactions with low friction and 

wear, but also there are cases where materials with lower hardness or more compliant 

materials with a low Young’s modulus are favourable. With smooth materials, or 

materials with a low Young’s modulus, the contact between surfaces is large, due to 

their conforming behaviour, and the adhesive forces can become substantial [44]–

[48]. With increasing adhesive forces, the shear stress in the contact can actually 

exceed the shear strength of the weakest material. In this case, the shear strength, 
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which is directly linked to the yield strength will define the maximum resulting 

friction force.  

1.4 The objective of this research 

There are clear differences in the nature of friction depending on the whether the 

biomechanical interfaces are located inside or on the human body. When using 

orthopaedic implants and prostheses with percutaneous fixation, the biomechanical 

interface is inside the body, resulting in contact between bone, or body fluids and 

biocompatible engineering materials. When using orthoses and external prostheses, 

worn on the body, the interfacial forces will be acting between the skin and 

cushioning materials.  

Depending on the type of interface and the preferred tribological output conditions, 

different parameters can be altered with respect to material selection and surface 

morphology. 

The aim of this thesis is to gain insight on the tribological behaviour of 

biomechanical interfaces by experimental evaluation at laboratory scale. Five cases, 

contributing to the applicability and longevity of biomedical implants, prostheses 

and orthoses were selected;  

• Case 1 - The lubrication properties of a meniscus prosthesis in an experimental 

setup, using a synthetic synovial fluid. 

• Case 2 - Fixation properties of an orthopaedic knee implant by press-fit on 

trabecular bone. 

• Case 3 - Micromotions occurring at the knee-implant interface, in the 

preliminary post-operative period. 

• Case 4 - Low load adhesion and friction properties of human ex-vivo skin under 

lubricated and dry conditions.  

• Case 5 - Influence of the roughness of silicone rubber on the frictional 

behaviour of skin replica.  

These five cases represent a broad range of different tribological conditions with 

respect to hard/soft combinations, load, roughness, lubrication, and surface energy. 

Furthermore, the importance of adhesion, capillary pressure, ploughing & cutting 

mechanisms, and interlocking varies, similar to the presence of static or dynamic 

friction, see Table 1.1. 
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1.5 Structure of this thesis 

The thesis is structured as follows: 

Chapter 1: Provides an introduction to the research, a general overview of the 

application area and the objective of the work. 

Chapter 2: Orthopaedic implants. This chapter provides a detailed background on 

the simulation of friction of biomechanical interfaces in the human body by three 

cases: 

a) The effectiveness of synthetic synovial fluid in improving the lubrication 

properties of polyurethane in a knee simulator device, 

b) Improving the reliability of biomedical implants by examining the impact of 

roughness at the bone-implant interface, 

c) Examining the connection between the mechanical behaviour at the bone-

implant interface and loosening caused by micromotions. 

Tribology keywords case 1 case 2 case 3 case 4 case 5 

Hardness - hard-soft hard-soft - - 

Elastic modulus low-medium high-low high-low high-low low-low 

Load medium high high low low medium 

Adhesion x       x 

Capillary pressure       x   

Dynamic Friction x x   x   

Static Friction   x x   x 

Interlocking     x   x 

Lubrication x     x   

Ploughing/Cutting   x x     

Roughness   x x   x 

Surface Energy       x x 

Table 1.1 Case selection based on tribological behaviour. 
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Chapter 3: Orthoses and Prostheses. This chapter covers the simulation of friction of 

biomechanical interfaces on the human body by two cases: 

d) Modelling the adhesive behaviour of human skin under low loads in vitro, 

e) Investigating the effect of roughness and elasticity of silicone rubber on the 

frictional behaviour in contact with skin replicas. 

Chapter 4 outlines the tribological setups used in the thesis. Chapter 5 provides an 

overview of the results from the five cases. Finally, Chapter 6 presents the conclusion 

and suggestions for future research. 

Each chapter starts with an introduction to the biomedical background relevant to 

the case, followed by a research section that describes the solution approach for each 

case. 
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2 Orthopaedic implants 

2.1 Synovial joints 

The human body contains approximately 300 joints, where most of these joints are 

synovial joints. These joints are termed diarthroses, meaning they are freely mobile, 

such as knee, shoulder, and elbow. The space filled with synovial fluid, which is 

secreted by the synovial membrane, lies within the joint cavity between the surfaces 

of opposing bones. This area serves as the point where the articulating surfaces of 

the bones come into contact. The entire articulating surface of each bone is covered 

by hyaline cartilage, forming the articular cartilage. A few synovial joints of the 

body, like the spine and knee, have a fibrocartilage structure located between the 

articulating bones. This can be an articular disc, which is generally small and oval-

shaped, or a meniscus, such as can be seen in Figure 2.1,which is larger and C-shaped 

[49].  

The knee is the largest joint in the human body. The motion in the knee is complex, 

and includes a combination of rolling and sliding, defined by the interaction between 

ligaments, cartilage, meniscus, bone congruence and the active muscle forces [50]. 

Figure 2.1 Schematic illustration of a knee joint. (credit:Shutterstock.com). 
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Due to its complexity and high load rate, the knee is also the most susceptible joint 

to injuries, like meniscal tears, ligament rupture, osteoarthrosis, due to aging or other 

degenerative reasons, or osteoarthritis as result of overloading, sometimes caused 

indirectly by ligament or meniscal damage. As a result millions of surgical 

procedures are performed on the knee every year [51], [52].  

The most common injuries are meniscal tears, which can be treated by partial or total 

meniscectomy (Figure 2.2). With surgery, the tears can be sutured, depending on the 

location and size of the tears. If repair is expected to be nonviable, total meniscus 

replacements by allografts, or a meniscal implant can be performed.  

Figure 2.2 Meniscal tears (credit:Shutterstock.com). 
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If damage in the joint is severe and unrecoverable, the articular surfaces will be 

removed and replaced by an orthopaedic knee implant (Figure 2.3). In total knee 

arthroplasty (TKA), the implant can be cemented to the bone, or nowadays more 

commonly, fixated by a press-fit of the bone-implant interface. The disadvantage of 

cementing the implants in the bone, is the cement fragmentation leading to osteolysis 

[53]. Overall minor differences are found between cemented or press-fit implants 

regarding durability and revision arthroplasty, although future improved longevity is 

expected with press-fit fixation due to the development of biomaterials with better 

osteoconductive properties [54], and a common argument for press-fit implant 

application is the reduction of surgery costs [55]. 

2.2 Meniscus prosthesis 

The purpose of the research for this case was to evaluate the frictional behaviour of 

biocompatible polyurethanes, versus materials commonly used in biomedical 

implants, lubricated with a synthetic synovial fluid. This combination is used 

frequently in endurance testing of meniscal implants made from polyurethane.  

Figure 2.3 Degeneration of cartilage leading to total knee replacement. (credit:Shutterstock.com). 
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2.2.1 Introduction 

Failure of the meniscus is a very common injury. This most commonly occurs during 

sports, and can occur at any age, for example through a sudden twist of the knee, but 

at increasing age, people with arthritis are also more prone to a meniscus tear. 

Depending on the size of the tear, suturing might be needed since the inner region of 

the meniscus is not able to restore, due to the lack of blood supported nutrition. In 

some cases, in particular with persistent knee pain, meniscectomy, which is a 

procedure for partial or full replacement of the meniscus, might be needed. Due to 

the increase of peak contact stresses after meniscal removal [56]–[61], an increased 

risk of tibiofemoral osteoarthritis has been observed [62], [63]. The replacement after 

a full total meniscectomy, by a flexible meniscus prosthesis, significantly reduces 

the contact pressures [64], [65]. Polyurethane is found to be a promising material 

creating an artificial meniscus replacement, with good biocompatibility and anti-

wear properties [66]–[69]. It should however be noticed, that despite the fact that 

polyurethanes are among the most flexible materials possessing enough strength to 

withstand the forces occurring in the knee, the elastic modulus of polyurethanes is 

about 20 times higher than elasticity values found for the meniscus using dynamic 

testing [70], [71]. The aggregate modulus of meniscal cartilage was even found to 

be 10 times lower [72], [73], leading to stiffness differences of up to 200 times. 

Forces and resulting pressures acting on the meniscus found in literature are 

summarised in Table 2.1. As can be observed, meniscectomy leads to a reduction in 

pressure distribution and results in higher peak pressures on the articulating cartilage. 

From Table 2.1, it could be observed a maximum contact pressure of an intact 

meniscus at the tibial contact of ≈ 2 to 3 MPa could be expected, while average 

pressures around 0.5 MPa were found. 

 

 Tibiofemoral pressure  

Load Healthy Meniscectomy Remarks 

N MPa MPa 
 

1000 3 6 healthy versus meniscectomy [57] 

1000 1.5 2.5 meniscal allograft sizing. [58] 

slow squat 0.4/0.5 7.8/3.3 Medial/lateral [59] 

1200 2.4 3.4 influence improper implant sizing [64] 

1000 3 4.5-5.5 Avulsion posterior horn [74] 

1000 0.6 1.56 Reduced to 0.9 MPa after prosthesis [65] 

Table 2.1 Loading and resulting tibiofemoral pressure of the knee joint. 
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2.2.2 Friction mechanisms in synovial joints 

Although research of synovial joints is already ongoing for decades, there is no 

consensus of the mechanisms of lubrication in synovial joints. Various mechanisms 

have been proposed, which might actually all contribute to the exceptional frictional 

behaviour of synovial joints. Dowson proposed that the loads can be fully supported 

by a fluid film during motion, and significant thick squeeze films are present in joint 

contacts [75]. Another mechanism was proposed by McCutchen. He explained the 

low friction behaviour of cartilage, by the interstitial pressurization of the cartilage. 

The hydrophilic porous cartilage swells with water in unloaded state. During loading 

the SF flows out of the cartilage at increasingly slower rates. The pressurized 

cartilage will deform and the pressurized fluid film will support the load. [76], [77]. 

This mechanism was called ‘weeping lubrication.’ An extended squeeze film theory 

was proposed by Walker. An explanation for the low friction values in the articular 

joints was found by the entrapment of high concentration hyaluronic acid, due to the 

diffusion of the low molecular weight substances through the pores. These pools of 

high viscous SF were expected to result in very long squeezing times. This 

mechanism was called ‘boosted lubrication’ [78]. Also, boundary lubrication is 

assumed to be present in the contact at low velocities, during initial motion. But since 

joints are dynamically loaded, and the contact pressures are low, the generated 

squeeze films might be able to carry loads over a full gait.  

2.2.3 Synovial fluids 

Synovial fluid acts as a lubricant in synovial joints. This is a viscous protein-rich 

liquid, which is also reflected in the name. The name 'synovial' comes from the Greek 

(syn-ovia) and literally means 'with egg'. Synovial fluid possesses a shear thinning 

behaviour. High viscosity values are found at low shear rates, whereas water-like 

viscosity values are found at shear-rates present in moving joints. The high initial 

viscosity is beneficial for boundary lubricating properties and shock absorption. The 

low viscosity values at high velocity, reduces the friction when the articular joints 

are separated by a lubrication film [79], [80] (Figure 2.4). Unlike common lubricants, 

such as engine oils, pressurizing the SF does not lead to increased viscosity [81]. 

The main components of synovial fluid are proteins (albumin, globulin), hyaluronate 

(HA), a high molecular weight glycosaminoglycan, responsible for the viscosity 

[82], a mucin like proteoglycan, termed lubricin (PRG4), improving boundary 

lubrication properties [83], and surface active phospholipids (SAPL) [84], [85]. 

Creating various solutions with BS, and using the proteins (albumin and γ-globulin) 

showed increased film formation in the boundary lubrication regime and reduced the 

friction in the joints depending on the A/G ratio [86]. A comparison of the influence 
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of the different components of SF is made in a phosphate buffered saline (PBS) 

solution, without lubricin, performing friction measurements of bovine femoral 

cartilage versus glass. On average the best results are found with a combination of 

HA, globulin, and phospholipids but surprisingly, differences are not significant. All 

components improve frictional properties over the PBS base solution [87]. Digesting 

the synovial fluid with hyaluronidase, breaking the HA into smaller chains, 

consequently reducing the viscosity, leads to an increase in friction compared to SF 

and HA. In spite of this, the coefficient of friction remains low. However, when the 

protein fraction of the synovial fluid is digested by trypsin, the synovial fluid fails to 

lubricate cartilage as effectively as before even though the viscosity is unchanged. 

From this it is concluded in literature that the protein acts as a boundary lubricant, 

and therefore boundary lubrication is the mechanism of human joint lubrication 

[88]–[90]. Contrary results with similar experiments using trypsin show no 

difference in the frictional behaviour due to the reduced protein content. These 

experiments are performed under dynamic loading [79], [91].  

A high rate of reduction in friction is ascribed to lubricin (PRG4) [85], [92]. A 

comparison with PRG4, HA and a surface-active phospholipid (POPC) was made by 

Damen. It appeared there was a small reduction in friction after adding PRG4 to the 

solutions at low velocity, and all additives showed an improvement to the final 

resulting coefficient of friction [84]. The presence of POPC was also claimed to be 

inevitable for good boundary lubrication properties [93]. From these, and many other 

Figure 2.4 Influence of health on human synovial fluid 

viscosity. Adapted from [80]. 
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results it seems that all ingredients contribute to the lubricating properties of synovial 

joints to some extent. The high molecular mass of molecules present in SF, 

Hyaluronic acid 0.3 - 4 MDa [94], [95], and PRG4 0.14-0.4 MDa [96], is expected 

to improve boundary lubrication. In 1922 Hardy already found a relation between 

increasing molecular weight and a decrease in the coefficient of friction in the 

boundary lubrication regime [97], [98]. Measurements on cartilage with SF proved 

this expected behaviour [99], [100]. 

Research on the properties of synovial fluids in combination with different non-

biological materials is important as was shown by Mazzucco [101]. It appeared the 

standard SF might not always act as a good lubricant. Using PE versus CoCr, a 

common combination in total joint arthroplasty, it was found that in some cases even 

water acted as a better lubricant. Phospholipids were found to be present in 

substantial quantities on retrieved implants, made from various implant materials 

[102]. Phospholipids are found to have a positive contribution to the surface 

properties due to their hydrophilic-hydrophobic structure, creating repulsive forces 

in rubbing components like articulating joints. [103]. 

2.2.4 Cartilage 

Articular cartilage, also known as hyaline cartilage, which is covering the femoral 

condyle and tibial plateau, is build up from collagen type II. Cartilage contains 

approximately 80% water. The remainder consist of collagen and proteoglycans. 

Proteoglycans can bind on a backbone of hyaluronic acid, which is a 

glycosaminoglycan (GAG) consisting of large chains of disaccharides. 

Proteoglycans are large negatively charged hydrophilic molecules and therefore 

easily entrain water up to fifty times their weight in free solution, which due to their 

structure, easily reduce compression. They are immobilized in the cartilage by a fine 

meshwork of strong collagen fibrils [104]–[106]. Failure of cartilage is found to be 

related to age, with limiting contact pressures decreasing from 30 to 15 MPa [105], 

[107]. 

The modulus of articular cartilage was measured from 1 to 40 Hz resulting in 

dynamic elasticity values of 33.4-39.1 MPa [108]. The instantaneous modulus of 

bovine cartilage found by McCutchen was 11.1MPa [76], and Hayes found values 

of 12 MPa after a delay of one second, on human femoral cartilage [109]. The one 

second measurement delay might be the reason of the small elasticity values, 

compared to the dynamic values of the elastic modulus. 
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2.2.5 Meniscus 

Menisci are crescent shaped wedges located between the femur and tibial plateau of 

the knee joint, and have an important contribution to the damping, friction, and load 

bearing capabilities of the knee joint. The fibrocartilage menisci are located on the 

medial and lateral of the knee joint. At the outer one-third border, also known as the 

‘red zone’, blood vessels are present enabling the restoration of damaged tissue. At 

the very thin innermost border, the ‘white zone’, no nutrition is available, and 

damage is irreversible. The superior faces of the menisci are concave, to conform 

with their opposing convex femoral condyle surfaces. The inferior faces of the 

menisci are flat, to improve alignment with the tibial plateau [110]. 

 

It was found that high dynamic loading increased the formation of 

glycosaminoglycans (GAG) in the cartilage and meniscus, indicating adaption to 

loading conditions and self restoral properties of the cartilage [111]. Damping, or 

shock absorption, during normal daily activities, is largely determined by the 

viscoelastic behaviour of the meniscus. This viscoelastic behaviour is mainly 

achieved by the porous structure, controlling the flow of the interstitial fluid. [71]. 

Shock absorption properties of the meniscus of 20%, was found in vivo by Voloshin, 

using accelerometers attached to various positions of the body, showing the 

difference between healthy patients and knees, and patients where one of the menisci 

was excised, either medial or lateral, and comparing acceleration data during normal 

loading of the knee [112].  

Due to the highly variable loading conditions of the knee, it seems dynamic 

measurements of the elasticity are more important than standard tensile and 

compression tests in calculating actual pressures and deformations. The elasticity 

with low velocity measurements will mainly be determined by the porous structure 

of cartilage and the flow of interstitial fluid, which will be squeezed out during 

compression, depending on the permeability of the structure. These compression 

measurements are commonly in the order of minutes, whereas the actual contact 

zones are loaded in fractions of seconds. With these measurements the elasticity 

values are defined as the aggregate modulus. This is the elastic modulus where a 

equilibrium is found between loading and fluid flow through the porous medium. 

The aggregate modulus of bovine cartilage, was found to be 0.5 to 0.9 MPa [105], 

which gives approximately a Youngs modulus of 0.45 to 0.8 MPa. Similar elasticity 

values of 0.7 MPa are found elsewhere [72], [113]. The aggregate modulus of 

meniscal cartilage is found to be 0.10 to 0.16 MPa [73], [114]. A strain dependent 

modulus of 0.05 to 0.15 MPa was found by Seitz [72]. Considering the permeability 

values found in literature, which are in the order of 10-16 to 10-15 m4/N.s for the 

meniscus and cartilage values respectively [104], [105], [113], this aggregate 
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modulus does not seem to play a significant role in knee lubrication. Since contact 

times are short, it seems more appropriate to use the dynamic values of cartilage in 

modelling the tribological behaviour of the knee joint. For the human meniscus, 

dynamic elasticity values were found ranging from 0.4 to 1.7 MPa at 1 Hz [70], [71]. 

Lower values in the range of 0.1 to 0.4 MPa were found for the bovine meniscus. 

These dynamic measurements up to 40Hz were performed at low loads and more 

important, at low strains. These results can be explained by the increasing elasticity 

of fibrous materials under increasing strain due to fibre alignment. The compressive 

modulus was found to be in the range of 0.5 to 1.5 MPa [71].  

2.2.6 Research case 1: The lubrication properties of a meniscus prosthesis in 

an experimental setup, using a synthetic synovial fluid. 

In this research, an alternative was sought for the lubrication of an artificial meniscus 

made from polyurethane, for use in a knee simulator setup. Harvesting animal 

synovial fluids, for example from bovine knees, would lead to fluid volumes of 5 to 

10 ml per joint. Since an experiment on a knee simulator needs much larger volumes 

in the order of litres, the lubrication property of a synthetic synovial fluid based on 

a recipe of Bortel [115] was investigated. An additional advantage of using a 

synthetic version is the improved reproducibility of the lubrication properties. It is 

found by others that common bovine serum-based lubricants are hardly comparable, 

due to for example, protein concentrations and composition. 

Figure 2.5 Representative example of the pressure distribution in the different conditions in a 

cadaveric knee joint (from [65] ). 
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Extensive in vitro testing is required for biomedical implants such as a polyurethane 

meniscus prosthesis. This testing involves simulations of knee kinematics using a 

knee simulator. Since a dissected knee joint would not retain its biological properties, 

standard knee implants are commonly used for these measurements. Therefore, the 

measurements were performed on various counter materials, like metals and 

polymers. 

To convert this contact problem to a simplified system approach, the parameters 

defining the tribological interface have to be translated to laboratory conditions. 

From Figure 2.5, it can be found that a large range of pressures is present in the 

contact between meniscus and tibia.  

 

The velocity of the knee during gait was derived from NEN-ISO 14243-3, where it 

can be observed that the full velocity range (0 - 150 mm/s) is covered with respect 

to time (Figure 2.6). 

A synthetic synovial fluid (SSF) was prepared, based on the recipe proposed by 

Bortel [115]. The developed SSF consists of, Hyaluronic acid (HA), bovine serum 

albumin (BSA), dissolved in a Ringer’s solution. 

With the expected tribological conditions, like normal load, sample shape, viscosity 

and velocity range, a Stribeck like behaviour of the friction is expected, where the 

behaviour of lubricated contacts is often characterized by the Stribeck curve. Here 

the coefficient of friction is plotted against a dimensionless lubrication number 𝐿, 

defined as [116]; 

Figure 2.6 Velocity profile and distribution during 1 knee cycle. 
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𝐿 =
𝜂. 𝑢+

�̅�. 𝑅𝑎
′  2.1 

 

with 𝜂 the dynamic viscosity of the lubricant, 𝑣+ is the sum velocity of the two 

surfaces, �̅� is the nominal contact pressure and 𝑅𝑎
′  the combined CLA average of the 

surfaces.  

In the Stribeck curve, three different lubrication regimes are found: Boundary 

Lubrication (BL), Mixed Lubrication (ML), and (E)HL (Elasto)hydrodynamic 

Lubrication. (Figure 2.7) 

 

 

Under boundary lubrication (BL) conditions, physical contact between the two 

surfaces occur, and therefore the applied load is fully carried by the interacting 

asperities. Shear takes place at the interfacial layer, or if absent, in the rubbing 

materials self. The boundary layers are formed by physical or chemical adsorption. 

The friction in the contact in this case, is defined by the shear strength of the 

interfacial layer, and commonly shows a constant behaviour, with a friction 

coefficient in the order of 0.1 to 0.25. The friction coefficient is not only depending 

on the physical properties of the layer, but also relate to the surface properties of the 

supporting materials and operational parameters. The value for the friction 

coefficient is commonly obtained by experiments, since the frictional forces might 

Figure 2.7 Stribeck curve with different lubrication regimes [116]. 
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be influenced by parameters like surface free energy, chemical and/or van der Waals 

bonding, capillary effects, material effects like strain hardening, or friction 

dependent (temperature) softening, oxidation, contamination, and roughness 

changes during frictional contact. In mixed lubrication (ML) conditions the load is 

partly carried by the contacting surfaces and with increasing lubrication number, a 

larger part of the load is carried by the lubricant, leading to a reduction of the 

coefficient of friction. In the (Elasto)hydrodynamic (EHL) region the load is entirely 

carried by the lubricant. In this region the coefficient of friction is fully dependent 

on shear strength of the lubricant, which is defined by the viscosity and shear rate. 

Defining the lubrication properties of polyurethane using a synovial fluid, can be 

done by measuring the Stribeck curve. With a defined roughness and contact load, 

the transitions in the Stribeck curve can be defined by varying the contact velocity.  

A transition from EHL to ML occurs when the roughness asperities of the rubbing 

surfaces come in contact. This transition is defined by the film thickness parameter 

(Λ). In here the film thickness is divided by the combined roughness values 𝑅𝑞1 and 

𝑅𝑞2 of the two surfaces: 

Λ = ℎ (𝑅𝑞1
2 + 𝑅𝑞2

2)0.5⁄  2.2 

When Λ <1 boundary lubrication prevails. When Λ >3 the contact film is fully 

lubricated. 

Roughness values for cartilage in a range of 0.37 to 1.3 µm are found in literature 

[117]–[120]. Assuming a roughness of 1 µm, this leads to a film thickness of 1.14 

and 4.2 µm for the transitions of BL-ML and ML-EHL respectively.  

The film thickness in the lubrication of point contacts are found to be higher in case 

of situations with materials of low elastic modulus like polyurethane compared to 

high modulus materials like metals [121]–[123] 

This research case was used to evaluate the frictional behaviour of biocompatible 

polyurethanes applying similar contact conditions as used in the calculations with 

various materials commonly used in biomedical implants, lubricated with a synthetic 

synovial fluid.  

Experimental conditions: 

A maximum load of 3 MPa (Table 2.1) was chosen for the experiments. With an 

elastic modulus of 22 MPa for polyurethane, this could be translated to spherical 

polyurethane samples with a radius of 5 mm and a normal load of 5 N. This results 

in an average and maximum pressure of 2 and 3 MPa respectively. 
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Using hot-pressed polyurethane hemispheres with a radius of 5 mm, ball-on-disk 

measurements have been performed on a CSEM pin-disk machine applying a load 

of 5N and a maximum velocity of 150 mm/s, lubricating the contact with bovine and 

synthetic synovial fluid. The disk were made from stainless steel 316 (SS), a medical 

grade Cobalt Chrome (CoCr), Epratone™, a Polyetheretherketon (PEEK), and 

Multilene PE-M™ an ultrahigh molecular weight polyethylene (UHMWPE). 

In orthopaedic knee implants, SS and CoCr are commonly applied in femoral 

components, whereas the UHMWPE is commonly used for the tibial component. 

Additionally PEEK is used in current research, since this is gaining interest as a new 

material for femoral components [124]. 

Reference measurements on bovine femoral cartilage, using the bovine synovial 

fluid, were performed on a UMT-Tribolab setup, with an amplitude of 7.5 mm at 

1Hz. These results were compared with similar measurements on the SS, PEEK and 

UHMWPE samples. 

2.3 Knee prosthesis 

This part of the thesis focusses on the influence of implant surface roughness with 

relation to the normal, or clamping force, on the friction force in the bone-implant 

contact. In total knee arthroplasty, the initial fixation of the femoral component is 

achieved by a press-fit. Since excessive motions at the bone - implant interface in 

the post operative period will inhibit bone ingrowth, the frictional properties at the 

interface have to be optimised. It is known that porous surfaces are needed to achieve 

successful osseointegration. The relation between the implant surface morphology 

and the coefficient of friction can be used in optimizing the implant to obtain the 

desired post operative stability. 
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2.3.1 Introduction 

Knee replacement surgery is usually necessary or patients suffering from arthritis, 

leading to severe pain from the damaged joint (Figure 2.8). Although successful 

revision rates are reported, results are hard to compare with respect to follow up 

times and reported complications [125], [126]. Loosening is found to be the most 

common failure of total knee arthroplasty (TKA), which is ascribed to the lack of 

initial primary fixation. A stable fixation can be achieved by optimizing the 

compressive forces acting on the bone-implant interface [127], [128].  

The clamping force with uncemented TKA implants is achieved by a press-fit 

between implant and bone using clearances of 1 to 2 mm, where the friction forces 

at the prosthesis-bone interface have to provide an effective load transfer from the 

implant to the bone. Increasing friction can be achieved by creating a rough surface 

texture, leading to mechanical interlocking. 

Up to this date, the only research measuring actual clamping forces of the femoral 

head, was performed by Burgers [129], who applied strain gauges on the femoral 

implant, which led to average contact pressures of 2.5 MPa. Other research mainly 

refer to FEM models for the expected clamping forces [130]–[133]. A common 

approach to verify the stability of biomedical implants, is a simulated surgical 

Figure 2.8  X-Ray of a knee implant (left), Model of a knee implant, showing femoral head, PE 

insert and tibial plateau (right). (credit:Shutterstock.com). 
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procedure using a material tester. [134]–[136]. In these cases, the clamping forces 

which can be achieved, depend on the preparation of the dissected knee bone. The 

disadvantage of simulating TKA procedures, however, is that the forces needed to 

press the implant on or into the bone, cannot be related with the applied normal load 

in the contact, whereas in a single orthopaedical implant, a large range of pressures 

and deformations can be expected due to; 

1) press-fit differences [129], [135], [137]–[139]. 

2) implant design [133]. 

3) cutting errors [138], [140]. 

4) mechanical properties of the implant material and femoral bone. [141]–[145]. 

It has been observed that a certain porosity is needed for optimal ingrowth over time. 

In previous research by others it is shown that a certain pore size (100-400µm) [146], 

[147] is needed to achieve the optimal ingrowth which occurs after a 8-10 weeks, 

although further increasing bead and pore size might have a negative effect on 

fixation strength. Other studies show that commonly a small portion of the pore 

volume is filled with bone and the majority of the porous coating is filled with fibrous 

tissue which nevertheless result in adequate implant fixation [148], [149]. 

2.3.2 Mechanical properties of the bone 

The knee is a synovial joint, connecting the femur (upper bone), with the tibia (lower 

bone). Bones are composite materials with an organic (collagen) part and an 

inorganic part (hydroxyapatite), known as mineral bone. The bone structure consists 

of two different parts; the cortical or compact outside of the bone is dense, with high 

mechanical properties, whereas the inner trabecular (or cancellous), porous 

structured bone, possess lower density and mechanical strength, and has a higher 

content of blood vessels compared to the cortical bone [150]. The cortical bone 

thickness is found to be 1-1.4 mm around the epiphysis (head and condyle), with 

values up to 8 mm at the diaphysis (shaft) [151]. Elastic values for the fibrous bone 

were found from 15 to 25 GPa. Trabecular bone has an apparent elastic modulus of 

1 to 5 GPa but this is highly dependent on the porosity of the bone. The density of 

trabecular bone [23], [152], and its relation to the mechanical properties is 

extensively described in literature, see for example [145], [153]–[155], resulting in 

polynomial relations between density versus yield stress and modulus. The yield 

strength of the trabecular bone is found in a range of 1 to 27 MPa [141], [142], [144], 

[145]. The yield strength of cortical bone, was found to be 20-30% higher than 

trabecular bone [143], [156], [157]. Also, a polymer like plastic deformation 
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behaviour of bone could occur. Due to large deformations, hydrogen bonds of the 

collagen break, but re-form after the applied load is removed. In collagen fibrils, 

intermolecular sliding will enable plastic strain before ‘brittle’ failure occurs. Aged 

collagen shows a higher cross-link density which reduce the ability to dissipate 

energy before breaking [158]. 

2.3.3 Research case 2: Fixation properties of an orthopaedic knee implant by 

press-fit on trabecular bone. 

Since the contact forces between implant and bone are not measurable with 

simulated TKA procedures, and only the compression and pull-off forces can be 

obtained, these measurements cannot be used to relate the friction or interlocking 

forces at the implant-bone interface, to the normal load.  

To measure the influence of surface roughness on the friction coefficient, flat 

biomedical implant replicas, treated with two different titanium-based coating 

techniques on a cobalt chrome base material were created (Figure 2.9).  

Bone cubes, retrieved from the femoral head of six different donors, were milled to 

1 mm protruding flat areas of 10 x 10 mm, and used as counter surfaces (Figure 

2.10).  

Figure 2.9 Implant surfaces with two different coatings. 
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At the interface between implant and bone two different fiction components are 

independently occurring in the contact: adhesion and deformation. As such, the total 

friction force can be described as: 

𝐹𝑓 = 𝐹𝑎𝑑ℎ + 𝐹𝑑𝑒𝑓 2.3 

Adhesion occurs at locations where two surfaces are in contact. At initial contact, 

depending on the materials properties, nominal stresses, and normal load, elastic or 

plastic deformation of the roughness peaks occurs, and at asperity level a real contact 

area is formed, which is independent of the apparent contact area, and is commonly 

much smaller than the real area [159]. With increasing load, the asperities will 

Figure 2.10 Milling protruding surfaces of bone cube. 

Figure 2.11 Ploughing of single asperity (left). Adhesion and ploughing contribution (right). 
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deform plastically, and the real contact area will be related to the hardness of the 

softest material. Also with elastic contact, a proportional relation between load and 

friction is found [160], [161]. If the roughness peaks of the surface area in contact 

with a much softer material, forces will arise due to the ploughing effect [162]–[164], 

leading to the deformation Fdef component of the friction force, where the softer 

material will be plastically deformed or abraded, which might lead to a large 

contribution to the total friction force. Consider a single spherically shaped rigid 

asperity which slides over a deformable body. Under influence of the normal and 

tangential loads, the asperity with radius (R), will penetrate over a certain depth (h) 

(Figure 2.11). Depending on the ratio h/R, the deformation will be initially elastic 

where the adhesion term is more important, and with larger ratios this leads to an 

increased ploughing and cutting term.  

To find a relation between the surface roughness of the orthopaedic implants and the 

COF of the implant-bone interface, experiments have been conducted on human 

femoral bone samples using contact pressures as are expected to occur in total knee 

arthroplasty (TKA). These results were compared with numerical analysis of the 

implant-bone contact. 

Experimental conditions: 

Bone cubes from six different human cadaveric femurs (age 47 to 60 years) were cut 

from the posterior and anterior regions of the distal femur. Using a UMT-Tribolab 

tribometer with reciprocating motion, the bone samples versus the two different 

implant surfaces and a polished reference sample, were tested with a load range of 

10 to 250 N, leading to contact pressures of 0.1 to 2.5 MPa. The amplitude was set 

at 0.5 and 1 mm, using a displacement frequency of 1 Hz. 

2.3.4 Research case 3: Micromotions occurring at the knee-implant interface, 

in the preliminary post-operative period. 

With uncemented fixation in total knee replacement, the last decades, large 

improvements have been made in improving the implant survival rate, due to better 

implant design and improved surface morphology at the bone implant contact 

surface. Nevertheless, in some cases aseptic loosening of the knee implant 

components occurs, which can be ascribed to bad ingrowth of the bone into the 

implant surface, resulting in revision arthroplasty. [165], [166]. One of the origins of 

loosening, is ascribed to micromotions. The definition ‘micromotion’ is commonly 

used to describe all post-operative relative displacements between implant and bone, 

when applying loads at an orthopaedic implant. It is found that micromotions 

exceeding a certain displacement value, inhibit bone ingrowth and lead to the 
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formation of fibrous tissue, which possesses a very low stiffness (0.5 to 2 kPa) [167], 

instead of the formation of healthy rigid bone, which is required to create a stable 

implant fixation on the long term. In vivo measurements, applying defined 

displacements at the implant, showed a decrease of interface stiffness with increasing 

amplitude. Histological analysis showed the presence of healthy bone with the 

smallest displacements of 20 µm, whereas the maximum displacement of 150µm 

showed the formation of fibrous tissue at the implant surface [168]. A significant 

decrease in attachment strength of 17 MPa to 0.17 MPa with fixed and unconstrained 

motions due to the formation of fibrous tissue was found in Cameron [169]. A similar 

result in soft tissue formation of fixed versus unconstrained displacement, leading to 

a reduction in the interface strength was found in Søballe [170]. Radio-stereo-

photogrammetric analysis (RSA) measurements found stable fixations in time when 

the micromotions were below the measurement resolution (< 100 µm) [171]. Other 

research showed that immediate loading does not necessarily lead to bad ingrowth 

results using amplitudes of 90 µm [172], [173]. From these mentioned measurements 

a limiting displacement value of 150 µm is commonly assumed in developing 

optimal implant designs.  

Ex-vivo measurements on hip and bone implants, showed a large variation of 

observed micromotions, when applying the relevant motions and forces (Figure 2.13, 

hip ([174]–[178]), knee ([135], [136], [138], [179])). Micromotions found in 

literature are commonly measured at a certain distance from the bone-implant 

interface, using displacement sensors mounted at the implant and at the bone, in close 

proximity to the implant-bone interface. Another applied technique is for example 

digital image correlation (DIC), with a pixel resolution of 7.4 µm2 [134]. Although 

these are reliable measurements, the relation between applied normal load and 

deflection cannot be derived. Low relative displacement values at the bone-implant 

interface are expected to be favourable to preventing loosening, but a high stiffness 

between the bone and implant might also lead to stress shielding, which in return 

will lead to bone resorption and therefore loosening of the implant. This indicates 

that achieving over-stiffness in the bone-implant contact does not necessarily lead to 

the most stable interface.  
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Nowadays, many different types of biomedical knee implants, with different 

clamping techniques are found available for arthroplasty. The types of implants can 

vary depending on the degree of freedom of the joint, be gender specific, the 

preservation of the cruciate ligaments, or can even be partial [180]–[183]. As a result, 

the loading conditions at a bone-implant interface depends not only on the applied 

body motions, but also on the type of implant which was applied. The relative 

displacement between a biomedical implant and bone can be measured in situ on 

dissected samples, using real implants, and apply loads and motions, simulating 

normal body motion conditions.  

 

 

However, in this way, no relation between the applied forces and the implant surface 

roughness can be found. Downscaling the problem to a single implant-bone contact 

situation, where a single cubic bone sample is compressed against a flat implant 

sample with similar surface coatings as used in real implants, the forces and 

interfacial displacement can be measured individually, and gives the opportunity to 

find the relation between clamping force and the relative lateral displacements 

between the implant and bone. 

Experimental conditions: 

Similar to the friction force measurements, bone cubes from six different donors, 

were milled to 1 mm protruding flat areas of 10 x 10 mm and measured on the UMT-

Tribolab with reciprocating motion. Accurate lateral displacement results, with 

respect to the normal load, were achieved by measurements closer to the interface, 

Figure 2.13 Micromotions observed ex-vivo for 

hip and knee implants.  
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Figure 2.12 UMT-compliance calibration. 

 

  

   

   

   

   

       

 
e 
e 
 
o
n
  
 
 
 

  ngen  l lo      



Orthopaedic implants  33 

 

using a capacitive sensor (S600-1, Micro Epsilon), measuring the relative 

displacement between the reciprocating stage and the force sensor (Figure 2.14). 

However, some residual displacements will be present, for example within the load 

cell and the shear displacement, of the protruding bone. The additional capacitive 

measurement sensor to measure the displacement, was found to be necessary due to 

the low system compliance of the UMT, from which the calibration values are shown 

in Figure 2.12.  

 

 

 

 

  

Figure 2.14 Schematic setup of the displacement measurement setup. 
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3 Protheses and orthoses – skin interaction 

3.1 Introduction 

The human skin covers an anatomical surface area of 1.5-2 m2, protecting the body 

against external influences, like temperature, sunlight and impact, and plays an 

important role in protection against bacteria and chemicals. A very important 

function is the regulation of the skin body temperature, by controlling the blood flow 

in the dermis, or activating the sweat glands, bringing water to the skin-surface to 

evaporate and decrease the skin and body temperature.  

There are two types of skin, hairy and glabrous skin. The glabrous skin is found at 

locations that are associated with interactions, like the soles, palms and fingers [184], 

[185]. The human skin is composed of three main layers. The epidermis is the outer 

layer composed of 4 or 5 different sub-layers (Figure 3.1). The top layer or stratum 

corneum (SC), which is the contact surface of the skin, and is composed of cornified 

cells, keratin, lipids and hygroscopic amino acids capturing water in dry 

environments. The cells of the stratum corneum are under continuous renovation, 

and lost cells are replaced by cells from the lower viable epidermis every few days. 

The epidermis is about 20 to 300 µm thick, where the thickest layers are found at the 

glabrous sites [186]. Here an extra layer is present, the stratum lucidum, which helps 

to reduce the friction and shear forces between the second and third sub-layer. The 

elastic modulus of the SC, is in the order of 10 MPa to 1 GPa, and is highly dependent 

on the hydration level [187]. No significant difference in stiffness has been reported 

between the stratum corneum and the viable epidermis. The humidity also plays an 

important role in the maximum elongation, which varied from 80-200% with 

increasing humidity [188], [189]. The increased water uptake might result in 

considerable changes of thickness and can swell to twice its normal thickness. In an 

in vitro situation the stratum corneum can swell op to 4 times its original thickness 

[190]. Therefore, external factors like direct hydration, or the application of 

moisturizers strongly modify the mechanical properties of the stratum corneum. The 

dermis is approximately 1 to 4 mm thick and possess an elastic modulus of 1-10 kPa 

[190]. Due to the thickness and viscoelastic properties, the dermis has a large 

influence on the tribomechanical behaviour of the skin.  
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The elastic modulus of the skin structure is dependent on the combined moduli and 

layer thickness of the skin layers. A four-layer model describing the elastic modulus 

of the skin was developed by van Kuilenburg [46], where the global elasticity (Eeff) 

was given by the reciprocal sum of the different skin layers: 

1

𝐸𝑒𝑓𝑓

= 2 ∑
𝑡𝑖

𝑓
𝑖
(𝑎)𝐸

𝑖

𝑛−1

𝑖

+
1

𝑓
𝑛

(𝑎)𝐸𝑛

 3.1 

 

Figure 3.1 Schematic illustration of the structure of skin (credit:Shutterstock.com). 
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The elastic modulus of the individual layers varies at different length scales 

according to the relation 𝐸∗
𝑗 = 𝐶𝑗. 𝑎

𝑗

(𝛾)𝑗
. It is found that in tribology-related research, 

especially the micro and meso scale are of importance. Van Kuilenburg found values 

for micro scale 𝛾=-0.96, and meso scale 𝛾=-0.64, with Cmicro =1000 N/m1.14 and 

Cmeso= 10 N/m1.36, respectively. The development of the elasticity versus normal load 

is shown in Figure 3.2, using a metal ball of r=5mm and 50 mm. 

 

Friction of the skin depends on the physical and mechanical properties of the 

contacting materials and applied loads, as well as on the physiological skin 

conditions. Also the possible interfacial layers, like sebum and sweat, expelled from 

the skin, or applied substances like cosmic products, define the tribological 

behaviour [45], [191], [192]. The friction is dependent on the adhesion between the 

contacting surfaces, where lipid films are found to increase the adhesion, which 

diminishes after removal of the lipid film [193].  

Figure 3.2 The influence of the length scale on the effective elastic modulus of 

skin, loaded with a steel ball of r=5 and 50 mm [46]. 
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3.2 Research Case 4: Low load adhesion and friction properties of 

human ex-vivo skin under lubricated and dry conditions. 

In low load contact with skin, the adhesion properties are the main contribution with 

respect to friction forces. Adhesion forces at low loads will for example contribute 

to the comfort of skin-liner contact where despite the low contact forces, fixation is 

preferred. At areas of low contact loads, release of the contact might reduce thermal 

discomfort and perspiration problems, where in other cases, where for example a 

prosthetic liner should maintain its position and prevent slipping off, adhesive 

contact might be preferred [15]. The effects of hydration, lipids, skin topography and 

elastic properties of the skin surface have been presented as the most relevant factors 

influencing skin friction. The increase of friction due to increased humidity is found 

in various research papers, see for example Table 3.1 and Figure 3.3, and can be 

ascribed to increased adhesion due to skin softening and variation in skin chemistry 

[194]. Natural moisturizing factors, found in the SC, are expected to regulate water 

uptake into the epidermis, however the exact physicochemical mechanisms are not 

yet fully understood [195].  

 

 

Figure 3.3 Increase of the coefficient of friction 

with increasing humidity of epidermal skin. 

Adapted from [240] 
Figure 3.4 Coefficient of friction versus skin 

surface lipid content. Data from [241]. 
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COF dry COF 

Hydrated 

Load Sample Location Remarks  Ref. 

0.65 3.7 20 mN 
Steel ball R = 

6.35 mm 

Volar 

arm 

5 minutes 

water 
[193] 

0.28 - 0.38 1 - 2.2 4 N 

Glass R=7.8 

mm 

Polypropylene 

R= 20 mm 

Volar 

arm 

Immersed  

hydrophilic - 

hydrophobic 

[196] 

x 
1.5x to 7x 

increase 
 various 

materials 
 review [197] 

0.2 0.2 - 4.5 
0.6 N   

200 kPa 
Al-PTFE disk 

Volar 

arm 

Corneometer 

38 to 82 AU 
[41] 

0.4 0.6 10 N Wool Finger dry - moist [198] 

0.4 1.6 1 N Stainless steel Finger 
5 minutes 

water 
[199] 

0.2 1.5 - 2.5 0.2 - 15 N 
polymers and 

metals 
Finger 

Corneometer 

90 AU 
[200] 

0.1 1.5 0.5 - 2 N 
polymers and 

metals 

Hand - 

Arm 

Corneometer 

38 to 82 AU 
[201] 

Table 3.1 Influence of humidity on the friction of human skin. 

The increased contact forces at the interface can be ascribed to adhesive forces 

originating from the surface free energy of the contact surfaces, as well as capillary 

effects due to liquid layers on the skin surface. Under lubricated conditions a 

meniscus at the contact roughness asperities - skin interface is formed, increasing the 

contact pressure due to the negative Kelvin pressure. The influence of adhesion on 

the total coefficient of friction on a smooth metal ball in contact with skin is shown 

in Figure 3.5. From this it shows that the contribution of the additional adhesive 

component is large at low loads, but becomes less significant at increasing normal 

load [202].  

The effect of sebum on skin was measured by Cua (Figure 3.4), using a Sebumeter 

to measure the lipid content. No relation between surface energy and lipid level was 

found. Without sebum the skin becomes hydrophobic and with sebum it becomes 

hydrophilic [203]. Creating synthetic lipid films did not significantly alter the 

friction response with increasing lipid concentration [204]. Some other researchers 

have performed measurements on synthetic lipid films [205], [206], but the measured 

results were more depending on the rheological properties of the related synthetic 

lipids. 
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In sliding friction, a quantifiable component in friction losses might occur when 

using viscoelastic materials. A loss factor (tan ) which is the ratio between the 

elastic and the viscous component in the materials stress-strain behaviour, can be 

used to calculate the losses due to retarded spring back of the material in the contact. 

The hysteresis of viscoelastic materials is dependent on the loading frequency and 

are therefore determined with a dynamic mechanical analyser (DMA), which 

measures the phase-shift (tan ) between the applied load and the resulting 

displacement. The damping energy (), is the ratio between the dissipated energy 

per cycle (∆𝑊) and the elastic storage energy (𝑊𝑠), and is defined by the ratio 

between the dissipated energy and the maximum storage energy: 

𝛼 =
∆𝑊

𝑊𝑠
= π tan 𝛿 3.2 

The hysteresis loss is therefore: 

𝜇𝑣𝑖𝑠𝑐 = 𝛼𝑄 3.3 

 

Where 𝑄 is a variable depending on the shape of the asperities (for circular contact 

𝑄 =
3

16

𝑎

𝑅
 ), the Young’s modulus and contact pressure [207], [208]. 

The loss-factor  can also be determined from spherical indentations (Figure 3.6). 

Here the total elastic strain energy W from an indentation can be calculated with; 
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Figure 3.5 Influence of adhesion and capillary effect on the coefficient of friction in metal-skin 

contact, assuming a constant shear strength () in the contact. W12=22 mN/m,  lv=72 mN/m Metal 

ball R=5mm. Hertz is without additional adhesion forces (values normalised to Hertz).
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𝑊 = ∫ 𝐹𝑛 𝑑𝛿 3.4 

In here W is equal to the elastic energy We plus the hysteresis loss W. The energy 

loss  during an indentation cycle is defined as [205], [207], 

𝛼 =
∆𝑊

𝑊𝑒 + ∆𝑊
 3.5 

  

In the human body, viscoelastic behaviour is important for shock absorption and 

adaption to high impact loads. Due to the biological structure of skin, containing 

molecules like glycosaminoglycans, water, lipids and elastin, hysteresis is expected 

to occur. Values for the loss factor of skin in vivo are reported in the range 0.17 to 

0.78 in literature (Table 3.2). 

Location  Ref. 

Uv/Ue volar arm 0.36 [209] 

Dry inner forearm 0.24 [205] 

Forearm 0.17/0.38 [210] 

Forearm, decreasing with age from 18-70 0.78/0.4 [211] 

Forearm 0.17/0.34 [212] 

Table 3.2 Energy loss factor of skin. 

 

Figure 3.6 Viscoelastic indentation. 
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Experimental conditions: 

Due to the low expected forces which demand a stable environment, it is not possible 

to robustly measure the adhesion properties by pull-off measurements on human skin 

in-vivo. Therefore, measurements have been performed on dissected abdominal 

tissue, using an adhesion and friction test setup (Figure 4.3). When a small, smooth 

spherical ball is pressed against human skin, the real contact area is close to the 

apparent contact area. In this case, the effect of skin roughness on friction can be 

neglected and the friction force due to adhesion can be evaluated by means of the 

surface condition of the skin. A Chrome steel ball (AISI-52100) of 3 mm radius was 

used for indentation and adhesion measurements with a load range of 1 to 50 mN, 

and an indentation velocity of 50 µm/s. The adhesive forces with untreated skin, and 

skin samples on which a water or rapeseed oil layer was applied, were measured. 

From the maximum pull-off data the adhesive energy between the ball and the skin 

samples could be calculated. The same setup was used to perform friction 

measurements with normal loads up to 80 mN at a velocity of 10 µm/s. 

3.3 Research case 5: Influence of the roughness of silicone rubber on 

the frictional behaviour of skin replica. 

Preserving the soft tissues of residual limbs for lower limb amputees can be 

improved by optimising liner materials and surface texture. While foam liners are 

still utilized, modern liners are commonly crafted from silicone or other flexible 

materials and are applied by rolling onto the residual limb. Roll-on liners are 

considered to provide improved suspension, longevity, and cushioning compared to 

foam liners [213]. Liners made from silicone rubber provide improved stress 

distribution and closer connection between the liner and the socket.  

Friction plays a crucial role in both supporting the weight of the amputee's body and 

preventing the prosthesis from slipping off. Slip occurs due to insufficient skin 

friction, which can result from either a lack of local pressure or a low coefficient of 

friction, or both. To prevent slipping, increasing pre-pressure may cause pain for the 

patient, indicating the need for a high coefficient of friction [214]. High friction 

forces can increase local stresses from skin pre-stretching when donning the limb 

into the socket.  

Applying an excessive or prolonged force, or repeating the same force repeatedly, 

can result in damage to functions and structures of the skin. Forces on the skin 

surface create stresses and deformations within the skin and underlying tissues. 

These changes affect cellular functions and other biophysical processes in the 

tissues. A large force may even result in a direct rupture of the skin [15]. 
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Additionally, it is believed that shear forces primarily impact the outermost layers of 

the skin, whereas pressure has a greater influence on the underlying tissue layers 

around bony protrusions. [215]. A balance between friction and pressure is essential 

to achieve the desired result [10], [216]. The frictional behaviour between skin and 

a counter surface is strongly influenced by the surface roughness of the counter 

surface. While the effect has been extensively studied for hard surfaces, there is 

limited research on soft, or compliant, materials. An impression of contact pressures 

at the skin versus orthosis or prosthesis interfaces is given in Table 3.3. 

 

 Experimental conditions: 

Experiments were conducted using artificial skin and tin-based silicone compounds. 

The use of a mechanical skin equivalent eliminates the need for testing on volunteers 

and improves the repeatability of results by reducing variability. The goal of the 

study is to gain a better understanding of the impact of surface roughness and 

hardness on the frictional behaviour between skin and soft counter surfaces.  

In the conducted research, silicone rubber samples were moulded to hemispheres 

with a radius of 4 mm, and different roughness values in the range of Rq=0.5 to 8 

µm. Three different silicone compounds were used, which resulted in Young’s 

moduli of 0.45, 0.6 and 0.91 MPa, respectively. Experiments were performed on an 

UMT Tribolab system under room conditions at six normal loads, ranging between 

0.04 N and 1.28 N, resulting in Hertz mean contact pressures of approximately 27 

kPa to 210 kPa. The sliding velocity was set at 100 µm/s. 

  

Location Pressure [kPa] Remarks Ref. 

Hand orthosis, different locations 0-70 Peak pressure [217]  

Insoles 281-315 Peak pressure [218] 

Bed, Max supine position under the sacrum 7.7 Peak pressure [219] 

Lower limb prosthesis 130 – 270 Peak pressure [214] 

Lower limb prosthesis 21-81 Mean pressure [220] 

Wheelchair cushion 46-200 Peak pressure [21] 

Table 3.3 Contact pressure at the orthosis, prosthesis - skin interface. 
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4 Tribological setups 

The experimental work for four cases was performed on commercially available 

tribometers, and an in-house build setup have been used for the remaining case, i.e. 

Case 4. The selected tribological configurations for the measurements were either 

flat-on-flat or ball-on-flat. 

 UMT-Tribolab CSEM Pin-disk Ploughing and Asperity 

Tester 

Case 1 x x  

Case 2 x   

Case 3 x   

Case 4   x 

Case 5 x   

Table 4.1 Tribological setups. 

For Case-1, polyurethane lubricated with synovial fluids, spherical samples were 

used for the static sample and flat samples for the moving counterparts. Due to the 

long running distance at constant load, the measurements were performed on a 

CSEM-pin disk setup, which was positioned in a climate chamber.  

For the reference measurements, using bovine cartilage versus polyurethane, which 

were used to compare the measurement results with the measurements on the 

engineering materials, the samples did not fulfil the required dimensions for ball-on-

disk measurements, and these measurements were performed on a UMT-Tribolab 

system using a reciprocating stage. No significant differences with respect to the 

tribological behaviour were assumed to occur comparing rotational motion from the 

pin disk setup and the reciprocating stage. 

Due to the size of the samples and contact areas in Case 2 and 3 and the need for 

linear reciprocal motion, the measurements between bone and implant defining the 

friction and displacement properties, were performed on a UMT-Tribolab system.  

In Case 4, the adhesion and friction of a 6 mm CoCr ball on dissected skin was 

measured on a Vacuum Ploughing and Asperity Tester. The applied normal loads 

and expected adhesion forces required a highly sensitive force detection and motion 

control. The skin samples were glued inside a Petri dish with Loctite (Loctite, 

Germany). The Petri dish was fixed on the horizontal piezo stage and loaded with a 

6 mm CoCr ball which was fixed in the ball holder. 
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The static friction measurements for Case 5 were measured on a UMT using a linear 

stage, since the load range of 0.1 to 1.5 N and low velocities required for these 

measurements fit within the specifications of the setup. 

 

UMT-Tribolab 

Friction and wear measurements have been performed on a universal material tester 

(UMT-Tribolab, Bruker, USA) (Figure 4.1). The moving samples were mounted 

either on a rotating, or reciprocating stage, which are driven by a central servo motor. 

The force and position of the static upper sample were controlled by stepper motor 

driven feed screws. The forces in the contact are measured with two-dimensional 

strain gauge load sensors, which simultaneously measure normal and friction forces. 

The low load sensor used was a DFM-2G, with a range of 0.2 to 20N, and a resolution 

of 1.0 mN. The high force load cell DHG-100G, has a range of 10 to 1000N with a 

resolution of 50 mN. The reciprocating stage is adjustable via an eccentric system, 

with amplitudes of 0 to 12.5mm. The displacement is measured with a linear variable 

Figure 4.1 UMT Tribolab (Bruker). 
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differential transformer (LVDT), at a resolution of 1µm. The rotary drive has a 

rotational velocity range of 0.1 to 5000 rpm with a maximum load of 2000N. 

 

 

CSEM Pin-disk 

Pin-disk measurements have been performed on a CSEM pin-disk machine (Anton 

Paar, Austria) which was positioned in a climate chamber (Figure 4.2). The velocity 

can be adjusted from 3 to 500 rpm. The load was applied by a dead weight up to 

20N, and the friction force is defined by the elastic deflection of the measuring arm, 

which was measured by two linear variable differential transformers (LVDTs), and 

translated into a friction force with a range of 0 to 20N. 

 

  

Figure 4.2 Pin-disk setup (CSEM). 
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Vacuum Ploughing and Asperity Tester 

An in house build setup was used for the low load adhesion and friction experiments 

on skin [221]. The forces in two directions are defined by measuring the deflection 

of an elastic hinge construction, by means of two capacitive sensors with a 

measurement range of 50µm. The total deflection of the hinges result in a maximum 

load range of 100 mN in normal and frictional direction with a resolution smaller 

than 10 µN. The sample and load stages are driven with PI piezo stepper motors 

(Figure 4.3).  

 

 

 

 

  

Figure 4.3 Friction and adhesion tester. 
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5 Results  

5.1 Case 1: Tribological behaviour of a synthetic synovial fluid and 

polyurethane in biomedical implants. 

Lubricated friction measurements using PU hemispheres with a radius of 5 mm, have 

been performed on a CSEM pin-disk machine applying a load of 5N and a maximum 

velocity of 150 mm/s, where the counter materials were made from SS, CoCr, PEEK 

and UHMWPE. For the measurements a synthetic synovial fluid was used consisting 

of HA and BSA, dissolved in a Ringer’s solution. Reference measurements on 

bovine femoral cartilage, using bovine synovial fluid, were performed on a UMT-

Tribolab setup, and were compared with similar measurements on the SS, PEEK and 

UHMWPE samples. Since a viscosity of ≈ 1 cP at high shear rates is commonly 

observed for synovial fluids [79], the tribological measurements were also performed 

with water lubrication. The applied material combination in this research, with 

materials of low elastic modulus, led to contact situations commonly described as 

‘soft-EHL’ lubrication [121]. From research it was found that in case of soft-EHL, 

film thickness was significantly higher than lubrication of rigid contacts using metals 

[122], [123]. Experimental research showed that, in case of synovial fluids, the 

aggregation of proteins at the inlet of the contact, led to film thickness values of close 

to 50 nm at low velocity, where theoretical values would approach zero film 

thickness [222]. The reference measurements on cartilage led to a friction coefficient 

of 0.06 at 5 N normal load. Although this value is low, still a significant contribution 

of the force can be ascribed to viscous losses due to the viscoelastic properties and 

interstitial flow in the cartilage. The friction measurements on the different counter 

materials with both synthetic and bovine synovial fluids, showed a large difference 

between metallic and polymer samples. With SS and CoCr samples, it was found 

that the proteins in the synovial fluid adhered to the surfaces, and the remaining layer 

appeared to be firmly attached to the surfaces after drying, which was verified with 

a tape peel test. As a result, the coefficient of friction remained stable over the full 

velocity range when lubricating with synovial fluids. The polymers PEEK and 

UHMWPE did not seem to be susceptible to protein adsorption since no residual 

layers were observed, and the measured coefficient of friction appeared to be 

dependent on the velocity showing a Stribeck like behaviour. A SEM photograph of 

the dried SSF, gives an indication of the molecular chain formation of Albumin, HA 

and RS, which resulted in continuous macromolecular chains (Figure 5.1).  
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Comparing the results of the measurements with synovial fluids and water lubricated 

contacts showed that at low velocities the COF of synovial fluids was found to be 

lower than water, whereas at maximum velocity the COF was found to be higher 

than water lubricated contacts. As a result, the modelling of a Stribeck curve obeyed 

the expected behaviour with water lubrication, whereas no transitions with synovial 

fluids were observed (Figure 5.2). 

 

  

 

Figure 5.1 SEM image of the SSF residue on the CoCr sample. Large chained network of HA and BSA 

was formed. (scale bar = 80µm). 

Figure 5.2 Measurement data of water lubrication and SSF, and calculated Stribeck curves 

according to de Vincente and Marx, with a viscosity of 1cP. 
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Applying the measurement results on the behaviour of a PU meniscus in an actual 

knee-simulator setup, the measured difference in the coefficient of friction might 

influence the behaviour of the polyurethane meniscus when simulating actual motion 

in a knee simulator, since the femoral head is commonly made from metals like SS 

or CoCr, and the tibial plateau is commonly made from UHMWPE. In a healthy knee 

joint, a meniscus prosthesis replacing a damaged meniscus would result in 

polyurethane-cartilage contact with low COF values (Figure 5.3), and even more 

important, similar frictional behaviour between the upper contact between the femur 

and meniscus and the lower contact between tibial and meniscus. However, the usage 

of a polyurethane prosthesis in a simulator setup leads to an upper femoral contact 

with a metal like SS or CoCr, whereas the lower tibial cartilage is replaced with a 

polymer like UHMWPE. Due to the frictional differences the meniscus might not be 

following the anteposterior displacement of the femur or might even be dragged into 

the contact due to high frictional forces. 

 

With respect to the measured viscosity of the used synthetic synovial fluid it was 

found that this was in the range of osteoarthrosic joints, which does not necessarily 

have to be present in patients with a damaged meniscus [4], [80], and a more healthy 

synovial fluid can be expected. 

Overall, it can be concluded that the usage of a synthetic synovial fluid would 

perform well in a knee simulator setup, although a comparison should be made with 

the current simplified synovial fluid, and creating a synthetic synovial fluid using 

glycoproteins and phospholipids, as were originally present in the recipe proposed 

Figure 5.3 Contact zones (green) between femur-meniscus and tibia-meniscus. 
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by Bortel [115], with respect to the reduction of the COF against the various counter 

materials. 

5.2 Case 2: Predicting friction at the bone – Implant interface in 

cementless total knee arthroplasty. 

This research focusses on the influence of implant surface roughness with relation 

to the normal, or clamping force, on the friction force in the bone-implant contact. 

Two implant specimens (40×43×5 mm) with different surface coatings, hereafter 

called coating A and coating B, were used for the displacement experiments. Both 

samples were made from a medical grade cobalt chrome substrate, coated with a 

porous biocompatible titanium-based plasma-spray coating. A polished titanium 

sample was used for reference measurements. The trabecular human bone samples 

were cut from six human cadaveric knees with an age range of 47 to 60 years. The 

bones differed in properties from healthy, osteoporotic to arthritis, which led to 

different bone densities and mechanical properties. Using an UMT-Tribolab 

tribometer with reciprocating motion, the six different bone samples versus the 

different implant surfaces were tested with a load range of 10 to 250 N, leading to 

contact pressures of 0.1 to 2.5 MPa. The amplitude was set at 0.5 and 1 mm, using a 

displacement frequency of 1 Hz. Initial measurements have been performed on a 

bovine knee (age 6 months) using the same experimental settings and are compared 

with the human knee samples. 

Figure 5.4 UMT friction setup measuring the bone implant interface (left). Coating A after friction 

measurement (right). 
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From the measurement results it was found that increasing surface roughness led to 

increased friction forces. With surface roughness values of Ra= 0.1, 41 and 53 µm, 

this led to COF values of 0.4, 0.82 and 0.86 respectively, at a maximum normal 

pressure of 2.5 MPa. With the rough implant surface coatings A and B, the high 

friction value was ascribed to a ploughing/cutting component, which led to 

continuous abrasion of the bone surface, whereas with the polished sample the main 

contribution to the friction was ascribed to the adhesive component (Figure 5.6). 

Although the achieved friction values with polished samples are about 50 % of the 

rough samples, polished surfaces cannot be used in implants due to the lack of 

osseointegration properties.  

Measurements show that increasing the roughness has a positive influence on the 

tangential forces, which are needed to create a stable interference fit, although the 

Figure 5.6 Surface topography of bovine bone after friction measurements, using a polished implant 

surface, friction direction vertical (left), and a rough implant surface B, friction direction horizontal 

(right). 
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Figure 5.5 COF versus normal pressure. 1) Dammak (1997), 2) Hashemi (1996), 3) Rancourt (1990), 

4)Bovine bone (unpublished results), 5) Case 2. 
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COF does not necessarily need to vary with increasing normal load and reached 

stable values at a normal pressure of 0.5 MPa. Results of the measurements relating 

the normal pressure with the COF values of the six human bone samples and the 

bovine knee bone are combined and compared with measurements results available 

in literature [223]–[225] (Figure 5.5). 

The relation between friction and roughness shows an increase in the COF with 

respect to rough samples compared to polished samples (Figure 5.7). This figure 

shows the average result of the six different human knee samples, and the initial 

measurements, which were performed using cancellous bone of a fresh bovine knee 

with similar implant specimens. The figure is completed with values found in 

literature [226], [227].  

 

A prediction of the frictional behaviour was made by measuring the surface 

morphology of the rough implant coatings. With this approach the total frictional 

force was assumed to be originating from the ploughing component of the friction 

force, and the adhesive contribution could be neglected. In this case the flow pressure 

or indentation hardness of the bone samples can be used to calculate the contacting 

areas of the implant roughness asperities in normal and tangential direction [228], 

[229]. The ratio between the tangential contact area and the normal contact area is 

therefore equal to the COF, which is also dependent on the density of the asperities 

and the bone porosity. An impression of the expected frictional behaviour can be 

obtained from the model of Xie, relating the surface roughness of a hard surface 

against a softer, smooth (non-porous) counter surface [230]. The following 

parameters were used; elastic modulus of Ebone= 8 GPa and hardness of Hbone= 400 

MPa for the bone material, and implant parameters of Eimpl= 400 GPa and roughness 

 

   

   

   

   

 

       

 
 
  
  
 

R      

 

 

 

 

Figure 5.7 COF versus roughness. 1) Damm (2015), 2) Shirazi_Adl (1993), 

3) Bovine bone (unpublished results), 4) Case 2. 
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parameters: R= 50 µm (asperity radius), N= 70 1/mm2 (asperity density), and s= 70 

µm. (standard deviation asperity height) for the implant surface. Assuming load of 2 

MPa, a maximum interference of elastic contacts in the order of 4 nm was found. 

Using this model, the attack angle defining the transition to cutting starts at 4.3°, 

with a maximum of 28°. From Figure 5.8 it can be observed that these attack angles 

will not only be exceeded, but even can be larger than 90°. The peak-valley height 

of coating A shown in Figure 5.8, was measured at 357 µm. As a result, cutting is 

assumed to be the main contribution to the friction between bone and implant. 

With the numerical approach the maximum attack angle was limited to 90°, since 

the surface roughness was measured with optical confocal microscope, and 

undercuts leading to larger attack angles could not be measured. It was assumed 

that due to the porosity of the bone sample the flow pressure could reduce from 

hardness values ≈ 3Y to a lower value of 1Y. Since this would only lead to larger 

indentation depths, this did not lead to significant differences in the COF. From the 

calculated results which are combined with the experimental research, shown in 

Figure 5.9, it can be observed that the approach of calculating the friction based on 

the area ratios of the asperities gives reliable results. It is also very clear that the 

measured high standard deviation of the surface roughness of coating B is found 

back in the calculations and experiments, whereas surface A shows a much more 

stable signal in roughness deviation and COF results. A confirmation of the 

reliability of the flow pressure approach could also be observed from the 

comparison of the human and bovine bone samples. The human bone samples were 

dissected from aged people with various medical conditions, where the bone series 

2 clearly showed osteoporosis related anomalies with respect to porosity and 

brittleness during milling of the protruding surfaces. The young and fresh bovine 

samples however were more dense and rigid during preparation of the samples 

Figure 5.8 Trabecular bone - implant interface. Titanium implant overlay is 

coloured red for contrast (coating A) [1.5  x 0.7 mm].  



56  Results 

before experimenting. The friction results as shown in Figure 5.5 and Figure 5.7 

however, give overlapping results for human and bovine bone samples and 

therefore seemed to be only dependent on the surface implant roughness.  

From the measurement results it can be concluded that with the applied plasma-

spray coating surfaces, the COF appeared to remain constant at larger contact 

pressures. Taking the ratio between the contact areas in normal and tangential 

direction as a value for the COF, appeared to be a valid approach, although it 

should be mentioned that with the used surface roughness of both coatings no 

adhesive contribution to the friction force was included. The roughness values (Ra, 

Rq) gave an indication of the expected increase in friction when a similar surface 

topography is used, but with different surface topography equally comparable 

roughness values can be achieved with different normal/friction contact area ratios 

and will therefore lead to a different COF. 

5.3 Case 3: Implant-bone interface mechanics of press-fit total knee 

arthroplasty. 

With the bone samples from the cadaveric knee bones, and implant replicas with the 

different plasma-spray coatings A and B and a polished reference, as have been used 

in Case 2, force-displacement measurements have been performed on a UMT-

Tribolab. The bone samples were machined to 10x10 mm flat surfaces, making the 

bone smaller than the implant specimens, which led to a well-defined contact area 

for all tests.  

Figure 5.9 A) Comparison of the predicted and experimentally determined coefficient of friction 

for surface A, compared to the values found for the polished surface. B) Comparison of the 

predicted and experimentally determined coefficient of friction for surface B. 
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The bone samples were mounted on a reciprocating stage after which the implant 

samples, which were mounted to a fixed force sensor, were pressed against the bone 

surface. Two different bi-directional motions have been applied (Figure 5.10). For 

the first measurement series an amplitude of 1 mm was used, which exceeded the 

elastic deformations at the bone-implant interface, and the implant started to slide 

over the bone surface. At this point permanent deformation of the bone occurred, 

and the bone surface was continuously abraded. The distance, from starting the 

motion up to the point where the elastic - permanent deformation is exceeded and 

continuous motion starts with a constant frictional behaviour, is called the elastic – 

permanent deformation displacement (EPD). At the returning point of the stroke, 

Figure 5.10 Left side: Schematic force-displacement loop, in which EPD = elastic permanent 

displacement, ERD =elastic recovery displacement, and S = contact stiffness. Right: Schematic 

for a small amplitude, resulting in a fully reversable (elastic) force-displacement. 

Figure 5.11 Bone 4, contact pressure 0.5 MPa, EPD analysis from 1st derivative (left) and ERD from 

maximum displacement to zero crossing of the frcition force. 
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first an initial elastic recovery will occur up to the point of zero friction force, which 

is called the elastic recovery displacement (ERD) (Figure 5.10 - left). For the second 

measurement series, healthy bone (bone sample 1) was used to apply oscillating 

motions with increasing displacements starting from 6 up to 350 µm. The 

deformation at the interface therefore started in the elastic region and was increased 

until permanent deformation occurred (Figure 5.10 - right).  

 

All measurements were performed with contact pressures of 0.1 to 1.0 MPa, at a 

constant oscillating frequency of 1 Hz. The analysis of the measurement data was 

performed with a Labview script, where the ERD value was determined from the 

 
Stiffness 

ERD  

[MPa/mm] 

SE 

95% 
r2 

ERD 

(CI) 

[µm] 

Stiffness 

EPD 

[MPa/mm] 

SE 

95% 
r2 

EPD 

(CI) 

[µm] 

Coating A 
10.8 0.19 0.69 84 - 77 2.9 0.07 0.66 311 - 278 

Coating B 
7.4 0.10 0.89 134 - 122 1.2 0.06 0.88 904 - 721 

Polished 

surface 12.7 0.33 0.75 38 - 33 3.1 0.17 0.12 169 - 127 

 P<0.004  P<0.008  

Table 5.1 Interface stiffness and elastic recovery displacement at a contact pressure of 1.0 MPa. 

SE=standard error. Confidence interval (CI)= (95%). 
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Figure 5.12 ERD stiffness values for the individual bone samples versus 

coating A and B, from reciprocating friction measurements. (p=0.036). 
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distance at maximum displacement of the stroke up to the point of zero-crossing of 

the friction force. The EPD was defined by the first derivative of the friction force 

signal, where the detection limit of all measurements was set at 0.04 N/ms, which 

was found to be valid for all measurements, although in many cases still an increase 

of the friction force and therefore the maximum EPD value was observed (Figure 

5.11). The displacement values are given in Table 5.1.  

From the individual stiffness measurements of the six different bone types it can be 

observed that with increasing roughness, the stiffness values decreases, since in 

almost all cases a higher stiffness was found for coating A compared to coating B 

(Figure 5.12). An explanation for these results can be found by assuming that an 

implant surface with a larger roughness will lead to bone contact with fewer 

roughness peaks and larger indentation depths in the bone, resulting in larger bone 

deformations around the surface peaks of the coating. This would explain why the 

elastic recovery displacement of coating B (Ra=53µm) was larger than coating A 

(Ra=41 µm). Similarly, a larger roughness will lead to a lower contact stiffness. The 

polished surface therefore had the largest contact area between coating and bone, 

resulting in an evenly distributed load transfer and the largest interface stiffness (and 

smallest ERD). Also, a small influence of the bone properties on the measurement 

was observed. Correlation analysis on the measured bone stiffness versus the 

measured bone properties showed that the bone density had the largest impact on the 

stiffness (Table 5.2). This observation is explained by the fact that low BV/TV values 

leads to a lower effective elastic modulus, and additionally lead to a reduced contact 

area as well, which is also expected to reduce the contact stiffness. Furthermore, the 

influence of hardness and elastic modulus was less significant, with a negative 

correlation for the hardness. This might be explained by the fact that a high hardness 

leads to a reduced contact area, and as such reduces the contact stiffness. 

 

 

 

 

 

 

 

 

  Stiffness BV/TV Hardness 
Elastic 

modulus 

Stiffness 1 
   

BV/TV 0.597014 1 
  

Hardness -0.21143 0.024711 1 
 

Elastic modulus 0.171371 0.434293 0.815897 1 

Table 5.2 Correlation coefficients of ERD versus the 6 bone specimen. 
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The oscillating measurements with increasing displacement amplitudes of 6 to 350 

µm, with the healthy bone sample, were used to calculate the contact stiffness using 

the ERD data. This oscillating behaviour is expected to occur in actual bone-implant 

interfaces, using medical implants. From the measurements it was found, that 

increasing the amplitude led to larger deformations at the interface, resulting in lower 

stiffness of the interface (Figure 5.13). Displacement amplitudes remaining in the 

elastic deformation region led to contact stiffness of approximately 32.9 MPa/mm 

for surface A and 27.8 MPa/mm for surface B at a contact pressure of 1 MPa (Table 

5.3). A stiffness of 15.6 MPa/mm for the polished surface was found, which was 

only measured with a contact pressure of 0.5 MPa. The measured stiffness values 

appeared to be lower than the zero amplitude in-vivo measurements of Bragdon 

[168], but appeared to be in between the measurement amplitudes of 20 and 40µm. 

This indicates that ingrowth does not significantly increase contact stiffness for 

bone-implant interfaces compared to the in-vitro measurements, when displacement 

amplitudes remain in the elastic region.  

 

  

Figure 5.13 Contact stiffness versus interfacial shear stress. Coating A and polished 

surface(left), Coating B (right). 
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Wear of the bone surface was the main limitation for endurance measurements. High 

wear was observed for all measurements, which limited the total measurement time, 

since the 1 mm protruding surfaces had to be maintained with respect to the loading 

pressure and relative displacement accuracy (Figure 5.14). A reduction of the height 

due to wear was inevitable, but with comparative measurements no difference in 

stiffness was found between the initial height and the residual height at the end of 

the measurements of the bone. The wear debris consisted of small particles and was 

easily absorbed within the bone cavities and rinsing with water and pressurized air 

was sufficient to remove most of the residue. This was consistent with the 

Contact 

pressure 

0.5 MPA 1.0 MPa 

 
Stiffness 

[MPa/mm] 

SE r2 ERD (CI) 

[µm] 

Stiffness  

[MPa/mm] 

SE r2 ERD (CI) [µm] 

Coating A 25.24 0.13 0.92 35  - 33 32.96 0.13 0.99 27  - 26 

Coating B 20.50 0.15 0.93 48  - 45 27.31 0.29 0.91 36  - 34 

 P=0.006      P=0.001     

Table 5.3 Contact stiffness data oscillating displacements of bone 1. S=shear stiffness.  

ERD=calculated elastic displacement. SE=standard error. Confidence interval (CI)= (95%). 

Figure 5.14 Wear debris on bone 1 after reciprocating measurement versus 

coating B. Darker parts are wear particles from the coating (5x3.75 mm). 
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observation that no influence of the occurring wear was found, with respect to a 

reduction of frictional forces and displacement values. 

Wear of the coating was observed as well. A relation between the hardness of 

materials and the wear of asperities was found by Kayaba [231]. With the measured 

hardness ratios between bone and asperity, wear of the implant will not occur unless 

the cross-sectional shear areas of the asperities decrease with increasing penetration 

depth. Wear would only occur when smaller shear areas are present in the implant 

coating, like the implants used in current research or beaded implants. Wear of the 

coating will start when the flow pressure on a single bead exceeds the critical shear 

stress ka in the contact area between individual beads. The projected area of a bead 

will have to resist the flow pressure of the bone which is equal to the bone hardness 

Hb. The critical shear stress in the beaded contacts can be related to the hardness of 

the coating Ha using the Tresca criterion. In case of pure shear between the contacting 

asperities the ratio between the bead diameter da and the limiting shear contact 

diameter dc between beads can be approximated by (eq.5.1); 

𝑑𝑐

𝑑𝑎
= (

6∗𝐻𝑏

𝐻𝑎
)

0.5
≈ 0.5  5.1 

  

It should be noticed that in this approximation it is assumed that there is just one 

contact area between adjacent grains. 

Due to the high peak density and large indentation depths the observed wear of the 

implants is not found back in the friction force for both implants. Failure of beaded 

porous coatings on implants is observed in earlier research [232]–[235] which has 

been attributed to micromotions at the bone implant interface. Health implications 

of the implant wear particles are so far unknown. In the search for the origin of the 

relation between micromotions and the loosening of the bone-implant interfaces, due 

to the formation of fibrous tissue, force displacement measurements have been 

performed between cancellous human knee bone samples and orthopaedic implant 

replicas. Two different displacement modes were applied, where with the large 

displacements the bone surface was continuously abraded, and with oscillating 

displacements the motion remained elastic upon a limiting displacement. With large 

displacements the ERD was found to be larger compared to the oscillating 

measurements. This was ascribed to the ‘digging in’ of the roughness asperities 

during oscillations, whereas with large displacements the bone surface was 

continuously renewed due to wear. As a result, the small oscillating measurements 

led to higher interfacial stiffness values, which however, also resulted in smaller 

elastic limiting displacements. The measured limiting displacement values were in 



Results  63 

the range of the expected transition from healthy bone to the formation of fibrous 

tissues at the interface. This indicates that relative motion between implant and bone 

surfaces might be the source of fibrous tissue formation and the resulting implant 

loosening. 

 

5.4 Case 4: On the role of adhesive forces in the tribo-mechanical 

performance of ex vivo human skin. 

The adhesion between abdominal skin and a chromium steel ball (AISI 52100) of 6 

mm diameter, was measured by applying a series of indentations with a loading rate 

of 50 µm/s and a normal load ranging from 1 to 50 mN. With the same skin specimen, 

the friction was measured under different lubrication conditions; dry, water and 

rapeseed oil. The normal load was varied from 1 to 80 mN, and a velocity of 10 µm/s 

was used. This resulted in a range of contact pressures between 0.5 and 20 kPa, a 

value which is found in different orthosis (Table 3.3). 

From the load curves, the hysteresis loss and the pull-off forces can be determined 

(Figure 5.15). According to JKR [236] the pull-off force in presence of a vapour is 

given by 𝐹𝑎𝑑ℎ = 3 2⁄ 𝜋𝑅𝑊 where the work of adhesion 𝑊 can be approximated 

from the surface energy of the two surfaces 𝑊 = 2√𝛾1𝛾2, whilst in the presence of 

a liquid meniscus in the contact an additional adhesive capillary force occurs at 

𝐹𝑐𝑎𝑝 = 4𝜋𝑅𝛾𝑙𝑣 where 𝛾𝑙𝑣 is the surface energy of the applied liquid [202].  

Figure 5.15 Load curve versus time v=50µm/s (left). Friction loop v=10 µm/s (right). 
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Pull-off forces from the different samples are shown in Figure 5.16. As can be 

observed from the measurement data, where individual differences between the pull-

off forces after indentation measurements can be found, which can be ascribed to the 

still present surface layers and viscoelastic modulus differences. At the right side of 

Figure 5.16 the pull-off forces at the end of the friction measurements are shown. In 

case of the water lubricated friction measurements, the pull-off forces in the same 

range as the dry samples were found. This was explained by Christenson, who found 

that in the high vapor pressure regime, where the ratio vapor pressure / saturation 

pressure (p/ps) ≈ 0.7 to 1, the surfaces come apart with zero contact diameter, and the 

pull-off force is given mainly by the Laplace pressure [237]. The work of adhesion 

can be calculated from the JKR formula to get a mean value of 42 (± 17) mJ/m2 from 

the indentation measurements, and 80 (± 32) mJ/m2 after the friction adhesion. The 

main expected reason for higher work values after friction measurements, is the 

larger contact area due to the visco-elastic behaviour of the skin. The adhesive forces, 

rising from the capillary pressure can be found from; 

𝐹𝑐𝑎𝑝 = 2𝜋𝛾𝑙(cos(𝜃1) + cos(𝜃2)) 5.2 

When taking the surface tension of water l=72 mJ/m2 and using wetting angles 𝜃 of 

88.9° and 55°, this leads to a value of 𝐹𝑐𝑎𝑝 = 0.8 𝑚𝑁 for water. For rapeseed oil, 

values of l=43 mJ/m2 and 𝜃 = 90.5° and 81.9° were found, leading to a force of 

𝐹𝑐𝑎𝑝 = 0.13 𝑚𝑁.  

Figure 5.16 pull-off force: from indentations (left), after friction measurement (right). 
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The areas representing the amount of work resulting from the indentation curves, 

according to Figure 3.6, were used to calculate the hysteresis losses of the different 

skin samples (Figure 5.17). An average loss factor  of 0.34 was calculated, which 

is a common value found in literature (Table 3.2). The influence of the contact time 

with respect to the loss ratio was measured by Geerligs [238]. Applying rotational 

shear on human skin in vitro, where the skin was obtained from patients undergoing 

abdominoplastic surgery, it was found that that the loss angle did not significantly 

vary with frequency up to 30 Hz, and therefore the loss factor was assumed to be 

constant with the applied velocity and load range during the friction measurements. 

Friction measurements have been performed at a velocity of 10 µm/s (Figure 5.15, 

right), where from equation 3.3, it can be found, that with the applied contact 

situation, with respect to load, modulus and sample size, the viscous losses are 

negligible. The influence of lubrication on the COF, was measured using water and 

rapeseed oil (Figure 5.18). An expected increase of the COF at low loads can be 

observed when a water film is present in the contact where the additional 

contribution of the capillary pressure on the normal load will lead to higher COF 

values. At a normal load of 1 mN, two measurements have been performed where 

the water layer was relatively thick, and the measurement started when the ball was 

already submerged in the water before the measurement started. This data is labelled 

‘Immersed’ in the graph. In this case the capillary force was bypassed, which led to 

the same COF as the dry contact situation, as expected. Lubricating the contact with 

rapeseed oil led to a total reduction of the COF due to reduced adhesion and shear 

forces in the contact. The highest values were found with water lubrication at low 

loads. In this case not only the capillary effect, but also a large reduction of the elastic 

modulus in the presence of water is found [187], which leads to larger contact areas, 

Figure 5.17 Hysteresis loss skin samples versus normal load. 
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and therefore increased shear forces in the contact. The observed results match the 

values found in literature (Table 3.1). 

When applying the measured work of adhesion and capillary forces, with an elastic 

modulus according to Equation 3.1 [46], the data have been fitted leading to contact 

shear stresses of 6, 4 and 1 kPa for dry, water and oil respectively. Similar contact 

shear stresses have been found in literature [41], [196]. The friction results are 

consistent with the expected behaviour. The same elastic modulus was applied for 

all three cases. 

Figure 5.18 Friction data from JKR fit (lines) and measurement data (points). 
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5.5 Case 5: Friction in the contact between skin and a soft counter 

material: Effects of hardness and surface finish. 

The main function of prosthetic liners is the protection of the residual limb from high 

contact pressures and shear stresses. A typical material used for liners is silicone 

rubber, which provides good wearing comfort and stress distribution. To measure 

the influence of the surface roughness on the static COF of silicone rubber versus 

skin, the rubber samples were moulded to hemispheres with a radius of 4 mm, with 

roughness values of Ra= 0.5 to 8 µm. Three different silicone compounds were used 

(Mold Max series, Smooth-on), which resulted in Young’s moduli of 0.45, 0.60 and 

0.91 MPa. With a normal load from 0.04 N to 1.28 N, this resulted in a mean Hertzian 

contact pressure of approximately 27 kPa to 210 kPa, covering a large range of 

pressures which can be found in prosthesis and orthosis (Table 3.3). A low sliding 

velocity of 100 µm/s was used to be able to detect the onset of sliding. To limit the 

biological influences of the skin between test subjects, a skin mimic was applied 

(Lorica Soft, Italy). The elastic modulus E= 1.8 MPa of the Lorica sample was 

measured through spherical indentation and a roughness of Ra= 22.4 µm was found 

by confocal measurements. 

To get an impression of the tribological conditions in the current research, one base 

roughness measurement, matching the specifications of the rough silicon sample, 

was used to create six surfaces in the range of Ra= 0.5 to 7.0 µm by downscaling the 

height to preserve wavelength properties. A single counter surface roughness 

Figure 5.19 BEM calculations Silicone versus Lorica. 
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measurement of Ra= 22 µm for the Lorica sample was used. Using a MATLAB 

boundary element (BEM) code, the deformation and contact area, can be calculated 

[239]. A load range of 0.1 to 1.5 N was applied for the contact calculations, and only 

elastic deformation without viscous behaviour was assumed (Figure 5.19). The 

maximum shear stress at the interface was taken at the maximum contact area and 

was matched with the maximum values from the measurements. This led to an 

interfacial shear strength between the silicone rubber and the Lorica of s= 0.18 

N/mm2. Assuming the COF is linearly dependent on the real contact area, an 

expected decrease in friction values follows from an increase of roughness and an 

increase of Young’s modulus, since both will lead to smaller contact areas, and 

therefore to a lower COF (Figure 5.20). From the modelled results it was found that 

the static friction reduces with normal load, depending on the surface roughness, but 

the variation in the COF seemed to be smaller than the experimental values, 

especially at low normal forces.  

 

The larger spread in the measured friction result can for example be explained by the 

autocorrelation length (ACL) of surface. Using the same input surface as used for 

Figure 5.20  BEM: COF versus normal force (left). Friction force versus roughness (right). 
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the initial model, the surface ACL was adapted to 7, 35 and 70 µm, and calculated 

for the hard silicone rubber surface (E = 0.91 MPa). This resulted in a much higher 

deviation of the COF at lower ACL values, closer to the values found with the 

experiments (Figure 5.21).  

 

Overall friction force values, with respect to the roughness, show a declining trend 

and a local minimum could not be achieved by the BEM model, as was observed 

with experiments. A reason might be found in the elastic modulus of the Lorica, 

which is assumed to be isotropic. It might be that the modulus differs at ridges and 

valleys due to the production process, leading to interlocking behaviour at specific 

pressure-roughness ratios. Except from the slightly increasing friction force at higher 

loads which was observed during experimental research, it seems that modelling the 

surface, and assuming a constant shear stress at the surface, gives a reliable 

estimation of the expected frictional behaviour. 

 

Figure 5.21 Influence ACL on friction with hard Silicone ( E=0.91MPa). 
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6 Conclusions and recommendations 

Five case were selected, representing a broad range of tribological conditions 

occurring for biomechanical interfaces at and in the human body. For each case the 

conclusions and recommendations are summarised below: 

Case 1 - The lubrication properties of a meniscus prosthesis in an experimental 

setup, using a synthetic synovial fluid. 

• From the measurement results, it is concluded that lubrication with water led 

to lower COF values at higher velocities compared to the SSF lubrication. 

At low velocities the COF of SSF was found to be lower compared to the 

water lubrication.  

• Due to the adsorption of proteins to the metal surfaces, the COF remained 

constant over the full velocity range in case of SSF. Reference 

measurements using BSF, led to lower COF values over the full velocity 

range, but in case of metal countersurfaces, the COF even increased at higher 

loads.  

• Viscosity measurements showed that the SSF possessed a shear thinning 

behaviour commonly found in synovial fluids, albeit in the range of 

osteoarthrosic joints, starting at viscosity values of 20 to 30 cP at zero shear.  

• From the measurement results, it is concluded that the expected transitions 

of the lubrication regimes were not present in the contact, especially for the 

combination of metal counter surfaces. The transition of EHL to ML was 

close to the predicted values, using the film thickness equation of Marx. 

• Wear rates of the polyurethane samples reduced significantly when 

lubricating with SSF compared to lubrication with water. 

Overall, it is be concluded that using a SSF might be a good alternative compared to 

harvested animal synovial fluids. To bypass the excessive protein adsorption to the 

metal surfaces, which alters the frictional properties, it is probably advantageous to 

use a PEEK femoral component in the knee simulator, leading to a behaviour closer 

the actual situation. In case of premature failure of the meniscus implant in the knee 

simulator setup, additional improvements can be made with optimizing the SSF, 

adding the proposed ingredients like proteoglycans and phospholipids. 
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Case 2 - Fixation properties of an orthopaedic knee implant by press-fit on 

trabecular bone. 

Two different implant coatings, coating A and B, and a polished reference sample 

were used to measure the friction force at various contact pressures in a range of 0.1 

to 2.5 MPa, which are relevant values with regard to actual knee implants. The 

implant coatings were tested against six different grades of cancellous femoral bone 

samples, which were cut from human cadaveric knees. In case of rough implant 

surfaces the friction force is determined by the deformation component in the 

roughness asperity – bone contact, whereas with polished surfaces, the friction force 

is fully determined by the adhesive component or friction. Numerical modelling of 

the surface roughness showed that there is a clear relation between the surface 

morphology and the resulting friction values. The porosity of the bone would result 

in larger indentation depths of the coating asperities into the bone, but due to the 

high coating roughness this did not led to a difference in COF.  

• Comparing the predicted and measured COF values for the rough implant 

coatings, this resulted in COF values for the measurements of 0.82 and 0.86, 

whereas values of 0.75 and 0.88 were predicted from numerical analysis, for 

coating A (Ra = 41.2 µm) and B (Ra = 51.2 µm) respectively. The polished 

reference sample resulted in a COF value of 0.42, which was fully ascribed 

to adhesion between the bone and implant surface. 

• Initial measurements using the same implant samples on healthy bovine 

bone, harvested from a calf (age ≈ 6 months), resulted in very comparable 

results with respect to friction values, indicating that the bone quality is 

insignificant with respect to the resulting friction forces, which endorse the 

assumption that the friction is mainly dependent on the loading and 

ploughing area ratios of the implant coatings as was assumed in the 

calculations. 

In future research, verification of this approach could be done creating significantly 

different surface morphologies, like beaded implants with different bead sizes, and 

surfaces with predefined designed textures.  
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Case 3 - Micromotions occurring at the knee-implant interface, in the 

preliminary post-operative period. 

The implant coatings of Case 2, with bone samples from the same human cadaveric 

femurs, were used to perform lateral displacement measurements, at the bone – 

implant interface with varying normal loads ranging from 0.1 to 1 MPa.  

• It was observed that the elastic displacement values found during reciprocal 

measurements are in the same range of the micromotions found in literature, 

which are assumed to lead to the formation of fibrous tissue. Exceeding these 

displacements led to permanent deformation of the bone and continuous 

abrasion of the bone samples occurred. 

A distinction was made between elastic recovery displacement (ERD) at reversing 

motion and a combined elastic and permanent deformation displacement (EPD) at 

the start of a new motion. Since the ERD values which were measured only consist 

of an elastic component, it can be assumed that these values will be closest to the 

limiting displacement before fibrous tissue will form. 

• From the measurements it could be observed that increasing the roughness 

of the implant coatings led to larger displacement values at the bone implant 

interface. This is also directly found back in the stiffness measurements of 

the contact, where coating A (Ra = 41.2 µm) showed a higher stiffness 

compared to coating B (Ra = 51.2 µm). This was ascribed to the amount of 

roughness asperities of the implant coating, in contact with the bone. A 

polished reference coating showed the highest stiffness, since the contact 

area between bone and implant surface was relatively large. 

• The relation between bone porosity and the contact stiffness showed an 

increasing stiffness with higher bone density, which is expected to have a 

higher effective elastic modulus. At the maximum contact pressure of 1 MPa 

the stiffness of the coatings was in the range of values measured in literature, 

where the bone was fully grown into the implant surface, indicating the 

validity of current measurements.  

• The higher values of coating B for the limiting displacement are found to be 

advantageous over coating A and the polished surface, since larger 

deformations are allowed before the formation of fibrous tissue would occur. 

Increased clamping forces therefore, are also beneficial for a reliable bone - 

implant interface. 
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Case 4 - Low load adhesion and friction properties of human ex-vivo skin under 

lubricated and dry conditions.  

Ex vivo human skin samples from abdominal surgery of an anonymous donor were 

used to perform indentation and friction experiments in a load range of 1 to 80 mN. 

A chromium steel ball of 6 mm diameter was used as counter material, leading to 

contact pressures of 0.5 to 20 kPa, which are pressures found in low loaded orthoses 

and prostheses versus skin contact, like face masks and hand orthoses. Water and 

rapeseed oil were used as alternative for the biological liquid surface films.  

• On the dry skin samples adhesion experiments were performed leading to an 

average work of adhesion between the steel ball and the skin of 42 (± 17) 

mJ/m2. After the adhesion measurements, friction measurements have been 

performed with dry, water and oil lubricated skin samples. For the dry skin, 

a maximum COF of 2.5 was found, which reduced to around 0.45 as the 

force increased. Additional capillary forces were expected to occur at the 

interface, where the calculated forces were 0.8 mN and 0.13 mN for water 

and rapeseed oil respectively. 

• In case of water lubrication, these forces led to a significant increase of the 

COF of 5.5 at low loads, which diminished at loads of 80 mN to a value of 

about 1. Experiments on oily-covered skin resulted in a lower coefficient of 

friction with values between 0.65 and 0.35 in the range of applied forces. 

When fitting the measured data including Hertz, JKR and capillary forces, 

this led to contact shear stresses of 6, 4 and 1 kPa, for dry, water and oil 

lubricated contacts respectively.  

The current research was performed using a metal ball on dissected abdominal skin. 

Orthoses and prostheses, however, commonly involve contact with compliant 

materials like elastomers. Therefore, it would be interesting involving these 

materials, to measure the influence of capillary forces and adhesion using the single 

asperity approach. This approach could then be extended to larger, well-defined 

textured contact areas. 
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Case 5 - Influence of the roughness of silicone rubber on the frictional behaviour 

of skin replica.  

In the current research, experiments were conducted using artificial skin and tin-

based silicone compounds. Silicone rubber samples with a radius of 4 mm, and 

different roughness values in the range of Rq=0.5 to 8 µm were moulded. Three 

different silicone compounds were used, which resulted in Young’s moduli of 0.45, 

0.6 and 0.91 MPa, respectively. Friction experiments using a Lorica skin mimic, 

were performed on an UMT Tribolab system under room conditions at six normal 

loads, ranging between 0.04 N and 1.28 N, resulting in Hertz mean contact pressures 

of approximately 27 kPa to a pressure of 210 kPa, which is close to maximum values 

found in literature.  

• From the measurements it could be observed, that with increasing normal 

load the static COF reduced with increasing surface roughness and to a lesser 

extend with increasing elastic modulus. With the hard silicone the COF was 

lower at high roughness values but appeared to be higher at low roughness 

values. Comparing the results with the modelled roughness, it appeared that 

more variation was found in the friction results compared to the 

measurements. 

• Reducing the ACL, which was done by reducing the pixel size of the basic 

roughness model, to preserve the roughness statistics, led to a larger 

variation in the modelled result, which could be expected from elastic 

theories. 

• A relation between the roughness and the frictional forces was found to give 

a minimum friction force at roughness values of Ra ≈ 4 µm. In these results, 

it was assumed that with this surface roughness a minimum was found with 

respect to adhesion and interlocking. Increasing the roughness would lead to 

increased interlocking at the surface, whereas the influence of adhesion due 

to a relative contact area contribution would be smaller. Interlocking was not 

included in the BEM model and only the adhesive component with a shear 

stress of s= 0.18 N/mm2 was calculated.  

A next step in this research, could be the improvement of the BEM model with JKR 

type of adhesion, leading to larger contact areas and compare these results with 

measurements with for example, using transparent counter surfaces with frustrated 

internal reflection. 
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In conclusion, this thesis has contributed to better understanding of the tribological 

behaviour of biomechanical interfaces through experimental evaluation at the 

laboratory scale. The obtained results have provided valuable insights into the 

friction mechanisms present in biomedical implants, prostheses, and orthoses, 

contributing to the applicability and longevity of these medical devices. 
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Case 1. Tribological behaviour of a synthetic synovial 

fluid and polyurethane in biomedical implants. 

 

1. Abstract 

The purpose of this research is to evaluate the lubrication properties of a synthetic 

synovial fluid in combination with biocompatible polyurethanes, versus materials 

commonly used in biomedical implants. This combination is found in endurance 

testing of meniscal implants made from polyurethane.  

Two different polyurethanes were used for friction measurements, applying a 

synthetic lubricant, containing a Ringer’s solution, hyaluronic acid and bovine serum 

albumin. The results were compared with friction measurements, using a 

polyurethane sphere against bovine cartilage, lubricated with bovine synovial fluid. 

The influence of the lubricants was tested by comparing water, synthetic- and bovine 

synovial fluids with the various material combinations, found in existing knee 

implants. From the measurements it was shown that the friction pairs including metal 

surfaces did not show the common Stribeck behaviour, with respect to transitions 

from the boundary regime to full film lubrication, and friction remained relatively 

constant over the whole velocity range. Friction pairs including the polymer counter 

surfaces and the water lubricated contacts, showed the expected transitions from 

boundary to mixed lubrication. From this it was concluded that protein adsorption 

mainly defined the frictional behaviour when using metal surfaces, leading to a 

coefficient of friction (COF)≈0.2 using synthetic synovial fluid, and COF≈0.15 when 

using bovine synovial fluid. PEEK samples showed higher values in the boundary 

lubrication region, which decreased to values of COF≈0.1 at higher velocities. 

Polyethylene samples showed higher friction results, which was attributed  to the 

surface roughness. From the observed friction results and wear tracks it was 

concluded that a synthetic synovial lubricant performs very well with all material 

combinations, when more attention is paid to the polyethylene surface finish.  

2. Introduction 

Failure of the meniscus is a very common injury. This most commonly occurs during 

sports, and can occur at any age, for example through a sudden twist of the knee, but 

at increasing age, people with arthritis are also more prone to a meniscus tear. Actual 

treatment of the injury depends on the location and size of the tear. In the outer one-

third of the meniscus enough blood supply is present, and natural healing with the 
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standard RICE routine (rest-ice-compression-elevation) can be enough to restore the 

usage of the meniscus [1], [2]. Depending on the size of the tear, suturing might be 

needed since the inner region of the meniscus is not able to restore due to the lack of 

blood supported nutrition. In some cases, in particular with persistent knee pain, 

meniscectomy, which is a procedure for partial or full replacement of the meniscus, 

might be needed. Due to the increase of peak contact stresses after meniscal removal  

[3]–[8], an increased risk of tibiofemoral osteoarthritis has been observed [9], [10]. 

From the aforementioned research, a maximum contact pressure of an intact 

meniscus at the tibial contact of ≈2 to 3 MPa could be expected, while average 

pressures around 0.5 MPa were found. The replacement after a full total 

meniscectomy, by a flexible meniscus prosthesis, significantly reduces the contact 

pressures [11], [12]. Polyurethane was found to be a promising material creating an 

artificial meniscus replacement, with good biocompatibility and anti-wear properties 

[13]–[16]. It should however be noticed, that despite the fact that polyurethanes are 

among the most flexible materials possessing enough strength to withstand the forces 

occurring in the knee, the elastic modulus of polyurethanes is about 20 times higher 

than elasticity values found for the meniscus using dynamic testing [17], [18]. The 

aggregate modulus of meniscal cartilage was even found to be 10 times lower [19], 

[20], leading to stiffness differences of up to 200 times. Synovial joints, like the knee, 

are encapsulated by a membrane and filled with a lubricant called synovial fluid. 

Synovial fluid possesses a shear thinning behaviour. High viscosity values are found 

at low shear rates, whereas water-like viscosity values are found at shear-rates 

present in moving joints [21]. The high initial viscosity is beneficial for low velocity 

lubricating properties, squeeze film formation and shock absorption. The low 

viscosity values at high velocity are expected to reduce the friction when the articular 

joints are separated by a lubrication film (Figure 51) [22], but with multiphase fluids, 

due to for example, the presence of high molecular weight proteins, this assumption 

is questionable.  

The main components of synovial fluid are proteins (albumin, globulin), hyaluronate 

(HA), a high molecular weight glycosaminoglycan, responsible for the viscosity 

[23], a mucin like proteoglycan, termed lubricin (PRG4), improving boundary 

lubrication properties [24], and surface active phospholipids (SAPL) [25], [26]. 

Creating various solutions with BS, and using the proteins (albumin and γ-globulin) 

showed increased film formation in the boundary lubrication regime and reduced the 

friction in the joints depending on the A/G ratio [27]. The effect of the molecular 

weight of HA on the friction properties, showed a stable COF when adding HA, but 

resulted in improved buffering properties with increasing molecular weight. A 

decrease in friction was observed by the addition of PRG4 [28]. A comparison of the 
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influence of the different components of SF was made in a BPS solution, without 

lubricin, performing friction measurements of bovine FC versus glass. On average, 

the best results were found with a combination of HA, globulin, and phospholipids, 

but differences were not significant. All components improved frictional properties 

over the PBS base solution [29][30]. Digesting the synovial fluid with hyaluronidase, 

breaking the HA into smaller chains, consequently reducing the viscosity, led to an 

increase in friction compared to SF and HA. In spite of this, the coefficient of friction 

remained low. However, when the protein fraction of the synovial fluid was digested 

by Trypsin, the synovial fluid failed to lubricate cartilage as effectively as before, 

even though the viscosity was unchanged. From this the authors concluded that the 

protein acted as a boundary lubricant, and that this was the mechanism of human 

joint lubrication [31]–[33]. Contrary results with similar experiments using Trypsin 

showed no difference in the frictional behaviour due to the reduced protein content. 

These experiments were performed under dynamic loading [22], [34].  Research on 

the properties of synovial fluids in combination with different non-biological 

materials is important as was shown by Mazzucco. It appeared the standard SF might 

not always act as a well performing lubricant. Using PE versus CoCr, a common 

combination in TJA, it was found that in some cases water acted as a better lubricant 

[35]. 

Figure 51 Influence of health on human synovial fluid 

viscosity. Adapted from [81]. 
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Since biomedical implants, like a polyurethane meniscus prosthesis have to be 

extensively tested in vitro and in vivo, experiments simulating the knee kinematics 

like a knee-simulator will be needed. As a result, copious amounts of synovial fluids 

in the order of several litres will be needed for these experiments. To motivate 

standardization in synovial implant experimenting, a synthetic synovial fluid was 

developed by Bortel [36], and used in this research.  

 

A common approach, giving an estimation of the forces and velocities in the knee 

joint, is applying the standardized loading and displacement data from NEN-ISO 

14243-3 [37]–[40], where one cycle has a duration of 1 second during walking [41]. 

The surface velocity of the femur is dependent on the condyle radius, which was 

assumed to decrease linearly with flexion, from 32 to 22 mm [42]. From the analysed 

data, shown in Figure 52, it is clear that the motion of the knee is not straight forward, 

and the tibiofemoral contact during the initial loading, mainly shows a rolling 

behaviour [43]–[45]. This is shown by the differential velocity in Figure 52 (E). This 

rolling will result in low frictional forces. Although there is a difference between the 

relative displacements between the femur and tibia, at the medial and lateral side of 

the knee [42], [46], the meniscus is, to a large extent, moving along with the relative 

anteposterior displacement of the knee to maintain a congruent joint contact (Figure 

53) [47], [48]. As a result, there will be no rolling motion between the menisci and 

the femur or tibia (Figure 53 B - Green zones).  

Figure 52 Force, displacements and velocity during gait. A) Gait %, B) Axial load, C) Displacement, 

D) velocity, and E) sum- and  differential speed, according to NEN-ISO 14243-3. 
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The aim of this study was to investigate the tribological properties of a synthetic 

synovial fluid in combination with a polyurethane, which can be used to create a 

flexible meniscus prosthesis, for use in a knee simulator. A dissected knee-joint 

would not maintain its biological properties, since for example cartilage 

degeneration will occur. Standard counter materials as used in common knee 

prostheses, were used in this research. For the polyurethane two different comparable 

materials were chosen; Pearlthane™ 11T80 and Bionate® II 80A. The counter 

materials are stainless steel 316 (SS), a medical grade Cobalt Chrome (CoCr), 

Epratone™, a Polyetheretherketon (PEEK), and Multilene™ PE-M, an ultrahigh 

molecular weight polyethylene (UHMWPE). The synovial fluid used for lubrication 

was made according to the synthetic lubricant developed by Bortel. 

3. Materials and Methods 

3.1. Lubricant solutions 

A synthetic synovial fluid (SSF) was prepared, based on the recipe proposed by 

Bortel [36].  

The developed SSF consists of, Hyaluronic acid (HA), bovine serum albumin (BSA), 

immunoglobulin G (IgG) and the phospholipid lecithin (PL). The IgG, which are 

known as antibodies, are glycoproteins acting as a critical part of the immune system, 

binding to antigens like bacteria and viruses. For short time experiments this did not 

seem to be an important additive with respect to friction. Also the PL was left out 

for these experiments, since a small contribution was expected with respect to the 

Figure 53 Movement of the lateral meniscus, in (A) extension, in (B) 40° of flexion, and in (C) 75° of 

flexion. In B the regions are shown where direct articular cartilage contact occurs between femur and 

tibia (red), and the regions where the load is carried by the meniscus (green zones).  Adapted from CT-

scans [47]. 
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frictional behaviour [29]. HA is a negatively charged linear glycosaminoglycan 

interacting with BSA mainly via attractive electrostatic interactions, forming a dense 

network depending on the applied ratios HA/BSA [49]–[52]. 

The materials Hyaluronic acid (HA) (Pure Bulk Inc., Roseburg, OR, USA, Mw = 1.3 

× 106 Da), Bovine Serum Albumin (BSA) and Ringer’s solution (RS) (Sigma 

Aldrich, Zwijndrecht, the Netherlands) were mixed according to the suggested ratios 

in RS: 3g/L HA and 19 g/L BSA. 

For reference measurements, cartilage samples were harvested from fresh bovine 

knee joints obtained from the local butcher. Bovine synovial fluid (BSF) was 

harvested from the same joints before the cartilage slices were obtained. The BSF 

was used for reference PCU-cartilage measurements and as lubricant for single 

experiments with the SS, CoCr, PEEK and UHMWPE disks.  

3.2. Polyurethane 

Two polyurethane materials with similar mechanical specifications were used for the 

experiments. Pearlthane™ 11T80 (TPU) (Lubrizol Advanced Materials, Inc. 

Europe) a polycaprolactone co-polyester thermoplastic polyurethane and secondly, 

Bionate® II 80A (PCU) (DSM Biomedical, Berkeley, CA, USA) a thermoplastic 

polycarbonate-urethane. Hemispheres were made by compression moulding using a 

Fontijne press (Fontijne, the Netherlands). Dried samples were heated to a 

temperature of 100° C with 8 kN compression, after 2 minutes the temperature was 

increased to 205° C at 12 kN compression. After 5 minutes at 205° C, the plates were 

cooled with forced cooling, to prevent crystallization and maintain an amorphous 

structure, like would be expected in a process like extrusion moulding (Figure ). 

After preparation the samples were immersed in water (Millipore) for a week upon 

experimenting. 

Figure 4  PU compression-moulded samples (ball diameter = 10 mm). 
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3.3. Counter materials 

Samples for the friction measurements were made from four different counter 

materials, as commonly used for biomedical implants and knee-simulator devices. 

The used materials were stainless steel 316 (SS), a medical grade Cobalt Chrome 

(CoCr), Epratone™, a Polyetheretherketon (PEEK), and Multilene PE-M™, an 

ultrahigh molecular weight polyethylene (UHMWPE). The metals were on stock, 

and the polymers were obtained from Eriks b.v., Alkmaar, The Netherlands. To 

prevent excessive wear of the polyurethane, and obtain the lowest friction values, it 

is important to polish the counter materials. The SS and CoCr samples were pre-

polished with 25 µm diamond suspension and shine polished with 6µm diamond 

suspension using cloth on a polishing machine (Kemet Europe, Bergen op Zoom, the 

Netherlands). Since polishing with diamond is not possible for polymers due to the 

embedding of diamond particles, the PEEK and UHMWPE samples were polished 

using 4000 grid sandpaper at 5N for 10minutes (final step), using a Struers Tegramin 

30 (Struers GmbH, Willich, Germany). For reference measurements, cartilage 

samples were harvested from fresh bovine knee joints obtained from the local 

butcher. The cartilage slices were scraped from the knees using a razor blade. The 

samples were immediately frozen packed in RS, and prepared for experiments within 

a week. After thawing, the slices were glued on stainless steel disks using a standard 

acrylate glue (Figure 54). The samples were softly pressed against the disk to prevent 

cartilage damage. After gluing, the articulating surfaces of the samples were rinsed 

with RS and without further treatment immediately used for friction experiments.  

 

Figure 54 Bovine femoral cartilage samples glued on stainless steel disks (cartilage sample size ≈ 15 x 

30 mm). 



114 Case 1 

3.4. Measurement setups 

- Pin-disk for rotational friction measurements. 

A CSEM pin-disk machine (Anton Paar, Graz, Austria) was used for friction 

measurements except for the measurements involving cartilage. A dead weight has 

to be applied for the normal load, and the static polyurethane spherical samples can 

be loaded on rotating disks, made from the four testing materials SS, CoCr, PEEK 

and UHMWPE. The velocity was controlled from 3 to 250 rpm, and the testing 

radius was adjusted between 15 and 22 mm. The setup was placed in a climate 

chamber and during the experiments the temperature was kept at 37° C. To correct 

for evaporation of the SSF, the level was kept constant by dropwise adding Millipore 

water during the time of experiments. 

- UMT for reciprocating friction measurements. 

Since the cartilage samples were too small to do reliable pin on disk measurements, 

The PCU-cartilage and the related reference measurements using PCU, lubricated 

with BSF and SSF, on SS, PEEK and UHMWPE were measured on an UMT-

Tribolab, applying reciprocating motion measurements (Bruker, USA). The 

oscillating displacement amplitude was adjusted to 7.5 mm with an oscillating 

frequency of 1 Hz. The forces were controlled and measured with 2-dimensional 

strain-gauge based load cells. The loadcell used had a measurement range of 20 N.  

- Confocal microscope Roughness. 

All roughness measurements of the samples, measured before and after experiments 

were performed on a Sneox confocal microscope (Sensofar-tech, Terrassa, Spain). 

With the used 20x magnification a lateral optical resolution of 0.31µm and a vertical 

resolution of 8 nm can be achieved. 

- Haake RheoStress 6000 viscometer. 

The viscosity of both BSF and SSF, was measured using a Haake RheoStress 6000 

viscometer (Thermo Fisher Scientific, USA). The measurement rotor was a Z41 Ti 

S in a Z43 cup. The measurement volumes needed for this combination are 14 ml, 

and have the specified measurement shear rate, ranging from 1E-06 to 1E-03 s-1. 

- OCA 20 contact angle system. 

The values of static contact angles were measured with Millipore water, ethylene 

glycol and glycerol as probes liquid by using a contact angle microscope (OCA 

120plus, Data Physics, Filderstadt, Germany). Contact angles were determined at 
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room temperature and ambient humidity. A set of five different locations were taken 

for each sample. The measurements were analysed using the OWKR [53] theory to 

obtain the polar and dispersive contributions of the surface free energy. 

3.5. Tribological Testing 

3.5.1. Boundary Lubrication 

The lubrication regime in which the system will operate, depends on shape of the 

contact, the applied normal load, the roughness of the contacting surfaces, and the 

viscosity of the lubricant. In the boundary lubrication condition (BL) physical 

contact between the two surfaces occur, and the applied load is fully carried by the 

interacting asperities. The friction is dependent on the real contact area, and under 

boundary conditions can be calculated from:  

𝐹𝑎𝑑ℎ =  𝜏. 𝐴𝑟𝑒𝑎𝑙   1 

 

In which 𝜏 is the shear strength at the interface, and 𝐴𝑟𝑒𝑎𝑙 is the real contact area. 

The contact area of a smooth ball against a flat surface follows from the Hertzian 

equation [54]. 

𝑟𝑐 = (
3. 𝐹. 𝑅′

4. 𝐸′
)

1
3⁄

 2 

Where 𝑟𝑐 is the contact radius, 𝐹 is the normal load, 𝑅′ is the equivalent radius, and 

𝐸′ is the reduced elastic modulus, defined as; 

Where R1 and R2 are the radii of the two contacting spheres, and for 𝐸′ , 

1

𝐸′
=

1 − 𝑣1
2

𝐸1
+

1 − 𝑣2
2

𝐸2
 4 

with 𝐸1and 𝐸2 the elastic moduli and 𝑣1and 𝑣2 the Poisson ratios of the contacting 

materials.  

The resulting apparent contact area is therefore: 

𝐴𝑎𝑝𝑝 = 𝜋. 𝑟𝑐2 5 

Leading to contact pressures of: 

𝑅′ = (𝑅1
−1. 𝑅2

−1)−1 3 
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𝑃𝑚𝑒𝑎𝑛 = 𝐹/𝐴𝑎𝑝𝑝    &     𝑃𝑚𝑎𝑥 = 1.5 . 𝑃𝑚𝑒𝑎𝑛 6 

 With a normal load of 5 N, and using spherical polyurethane samples with a radius 

of 5 mm, a mean contact pressure of 2 MPa, and a maximum contact pressure of 3 

MPa, was expected (Table 4). These were found to be similar for all material 

combinations, according to the Hertzian equations, since the counter materials 

possess much higher elastic moduli [55].   

Similar peak pressures occurred at meniscal-tibial contact areas, but it should be 

noticed that the areas observed, were in the range of 300 to over 1000 mm2 [3], [4], 

[11], [12]. The contact area achieved with the current experiments, using a 

polyurethane (R=5 mm) ball, with a 22 MPa Young’s modulus, was about 2.5 mm2. 

The modulus for the PCU was taken from literature [56]. For TPU no modulus was 

available in literature or supplier. The moduli of TPU and PCU were expected to be 

almost similar, since these are related to the Shore A hardness [57], [58]. 

3.5.2. Full film lubrication 

Low contact pressures in synovial joints, combined with high viscosity at low shear 

rates of the synovial fluids, are expected to lead to (elasto)hydrodynamic lubrication 

(EHL), where the 2 moving bodies are separated by a lubrication film. Extensive 

research has been done on modelling the film thickness for line and point contacts 

in case of rigid, commonly metal-oil, contacts [59]–[61]. These formulas, however, 

do not apply for contacts with low loads and low elasticity like human joints. For the 

‘soft EHL’ regime, a formula based on the theory of Hamrock-Dowson [60] for the 

for the central film thickness ℎ𝑐 in a soft point contact, was presented by de Vincente 

[62], using a silicone disk and a reduced elastic modulus of 10 MPa, resulting in 

larger film thickness results than previous theories; 

 

E  

[GPa] 

P max  

[MPa] 

P mean 

[MPa] 

PCU/TPU 0.022   

SS 210 3.1 2.1 

CoCr 240 3.1 2.1 

PEEK 3.6 3 2 

UHMWPE 0.8 3 2 

Table 4 Nominal Contact Pressure as result of the elastic 

 modulus of the applied materials. 
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ℎ𝑐

𝑅𝑥
= 3.33𝑈0.60𝑊−0.14 7 

Using the standard dimensionless parameters: 

𝑈 =
𝜂0�̅�

𝐸∗𝑅𝑥
 ,   𝑊 =

𝐹𝑛

𝐸∗𝑅𝑥
2 

Here 𝑈 is the velocity parameter, and 𝑊 the load parameter. Later measurements, 

performed by Marx [63] using optical interferometry with a PU ball, led to even 

higher film thickness results. 

ℎ𝑐

𝑅𝑥
= 2.7 

𝑈2

𝑊2
𝑔𝑒

0.725 8 

 Where the elastic parameter 𝑔𝑒 is defined as: 

𝑔𝑒 =
𝑊8/3

𝑈2
 

Interferometric measurements 

performed by Myant [64], using a 

bovine calf serum based solution, 

showed that the film thickness at 

low velocities up to 50 mm/s, was 

stable at approximately 35 nm, 

which was ascribed to the 

aggregation of large molecules 

like proteins at the inlet zone. 

From these results it can be 

expected that with the currently 

performed experiments, the lowest 

film thickness would be around 

the values measured by Myant 

when using a synovial fluid. The 

difference  between the three film-

thickness formulas, and including the interferometric results of Myant, is depicted in 

Figure 55. In here a PU ball of R=5 mm, at a load of 5 N, and a viscosity of h=0.001 

Pa.s was applied. 

Figure 55 Film thickness, PU bal (R=5mm) against 

PEEK with a normal load of 5N and =0.001Pa.s. 

Results from Hamrock & Dowson (H&D), [121] de 

Vincente[122], Marx[123] and Myant[222]. 
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Due to the shear thinning behaviour of synovial fluids, the viscosity in the contact 

was expected to decrease. A common way to model the shear thinning, is using the 

Cross model [65], given as; 

𝜂 = 𝜂∞ + (𝜂0 − 𝜂∞) (1 + (𝐶 �̇�)𝑚)⁄  9 

 

With a zero-shear viscosity 𝜂0,and infinite shear viscosity 𝜂∞, a time constant C and 

the Cross rate constant m. In case of standard lubricants the time constant at which 

the shear thinning starts is much lower, thus at higher shear rates, than the measured 

time constants measured for SF [35], [66] which are in the order of seconds. The 

influence of shear-thinning of synovial fluids on the film thickness, like proposed by 

Bair [67], would directly lead to results using the infinite viscosity 𝜂∞. This  was 

also shown by Wang [68]. Using the Reynolds equation, the shear thinning effect in 

EHL in a hip joint, using a SF viscosity model and applying mediate pressures, Wang 

showed that accurate predictions of the film thickness in EHL, were close to the 

results found by taking the 𝜂∞ viscosity as the inlet (zero) viscosity.  

4. Results and discussion 

4.1. Viscosity 

The viscosity of both SSF and BSF were measured with a Couette viscometer using 

14 ml of liquid, and shear rates from 0 – 2000 [s-1]. The temperature was set at 20 

and 37 degrees Celsius respectively. High ‘start up’ values for the viscosity were 

observed for all curves, whereas the returning curves at low shear, result in lower 

Figure 56 Viscosity measurements of SSF (left) and BSF (right) at 20 and 37 °C. (N=2). 
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viscosity values due to the alignment of the large molecular chains present in both 

fluids after a full shear-sweep (Figure 56). The SSF showed low initial shear thinning 

behaviour whereas the BSF immediately decreased significantly. Remarkably the 

viscosity of the BSF was higher with low shear rates, at higher temperatures. The 

instable behaviour of SSF at shear rates up to 1 s-1 could not be explained, since 

glycerol reference measurements showed normal ‘flat’ behaviour, and are expected 

to relate to the large molecular weight of the SSF ingredients. The viscosity data of 

both SSF and BSF was fitted on the returning curve according to the Cross equation, 

using a fit range from 0.1 to 1000 s-1 [65]. 

 

𝜂 = 𝜂∞ + (𝜂0 − 𝜂∞) (1 + (𝐶 �̇�)𝑚)⁄  10 

 

With a zero shear viscosity 𝜂0, an infinite shear viscosity 𝜂∞, a time constant C, 

defining the critical shear rate at the onset of shear thinning, and the Cross rate 

constant m, indicating the shear thinning ratio. Values are summarized in Table 5. 

 

A large variation of viscosities is found in literature, the measured values fall within 

the range of healthy (for the BSF), and osteoarthrosic (for the SSF) joints [66], [69], 

[70]. 

 
SSF 

 
BSF 

 
Temperature °C 20 37 20 37 

C  [s-1] 0.003 0.002 5.568 445.200 

n 0.786 0.755 0.691 0.568 

𝜂∞ [Pa.s] 0.001 0.005 0.001 0.003 

𝜂0  [Pa.s] 0.029 0.018 1.038 60.785 

r2 1.00E+00 9.98E-01 1.00E+00 1.00E+00 

St.dev. 1.09E-04 1.06E-04 1.07E-03 2.81E-03 

Table 5 Cross fit data of SSF and BSF at 20 and 37 °C. 
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4.2. Surface energy 

The surface energy is a measure of the adhesive attraction between the samples, and 

was measured using a contact angle setup with three liquids; water (Q2) , Ethylene 

glycol and Glycerol. The data was fitted using OWKR and is summarised in Table 

6. 

 

 

4.3. Roughness 

The roughness of the samples was measured using a Sneox confocal microscope, 

The resulting roughness values are found in Table 7.  

Despite the polished counter surfaces of the mould (Ra≈ 0.01 µm), achieving low 

roughness of the polyurethane samples appeared to be more difficult and resulted in 

relatively high roughness values. 

The true contact area between surfaces is largely defined by the surface roughness. 

Using a BEM model [71] to verify the real contact area between PCU and PEEK 

showed that 99.8 % of the area was found to be in contact at a normal load of 5 N, 

and roughness asperities were flattened, which is convincing considering the low 

elastic modulus of PCU. The remaining 0.2% could be ascribed to the few small 

holes in the PCU surface.  

 
.tot [mJ/m2] .disp  [mJ/m2] .pol [mJ/m2] R2 

SS 33.2 6.52 26.67 0.97 

CoCr 28.71 6.34 22.37 0.87 

PEEK 27.19 10.97 16.22 0.99 

UHMWPE 30.38 8.95 21.44 0.64 

PCU 20.42 0 20.42 0.92 

Table 6 Surface energy of the samples using OWKR (N=5). 
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The surfaces were analysed using a MATLAB script, using a 9-point summit model 

as developed by de Rooij [72], to obtain the asperity height information and radius. 

This information can be used to calculate the transitions from EHL, to ML and BL. 

For this model, according to Greenwood and Williamson [73], the asperities were 

assumed to have equal radii b, and have a Gaussian height distribution ss.  

4.4. Cartilage reference measurements. 

The goal of this research is to define the applicability and reliability of a synthetic 

synovial fluid, combined with various knee replicate materials in a knee simulator 

testing device, for endurance testing of an artificial polyurethane meniscus. After 

meniscectomy the failing meniscus can be replaced by a polyurethane meniscus, 

which will be in contact with femoral and tibial cartilage. As an indication of the 

frictional behaviour of PU against cartilage, experiments with a PCU sphere were 

performed on a UMT reciprocating tribometer. The six bovine cartilage samples 

were glued on stainless steel support plates, and were lubricated with the 

simultaneously harvested BSF. The displacement amplitude was set at 7.5 mm and 

the oscillation frequency was 1Hz, leading to an average velocity of 30 mm/s and a 

peak velocity of 47 mm/s. The load was varied from 0.1 to 5 N, with 50 strokes per 

load, at a temperature of 21 ° C. Due to the non-flatness of the cartilage surface the 

 
Ra [nm] Rq [nm] N [mm-1] Sa [µm] ss [µm] b [µm] 

SS 
12.0 (0.6) 17.4 (2.1) 

3.3E+04 

(7.1E+01) 

1.28E-02 

(2.5E-04) 

1.65E-

02(2.3E-03) 

2.38E+02 

(2.1) 

CoCr 
12.0 (0.9) 22.0 (7.5) 

3.3E+04 

(6.9E+02) 

1.15E-02 

(7.5E-04) 

1.53E-02 

(1.0E-03) 

2.94E+02 

(8.6) 

PEEK 
67.6 (6.1) 113.5 (27.4) 

2.4E+04 

(3.5E+02) 

6.27E-02 

(3.5E-03) 

8.63E-02 

(3.1E-02) 

9.52E+01 

(7.1) 

UHMWP

E 
131.7 (32.8) 203.3 (40.2) 

2.6E+04 

(6.4E+02) 

1.15E-01 

(2.7E-02) 

1.63E-

01(2.2E-02) 

3.87E+01 

(8.5) 

PCU 
130.7 (65.1) 287.1 (99.5) 

2.3E+04 

(2.4E+03) 

1.46E-01 

(3.2E-02) 

5.34E-01 

(1.2E-01) 

5.42E+01 

(8.2) 

TPU 
128.0 (60.8) 316.6 (93.1) 

2.2E+04 

(1.3E+03) 

1.24E-01 

(3.6E-02) 

6.79E-01 

(2.9E-01) 

6.27E+01 

(6.0) 

Table 7 Surface roughness of the polished and new samples (SD) (ISO 25178)  Ra= average surface roughness, 

Rq= surface standard deviation.  Statistical values from surface asperity analysis; N= Asperities mm-2, 
Sa=distance surface mean to asperity mean. ss=standard deviation of the asperities. b mean radius of the 

asperities. N=3, value (Standard Deviation). 
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resulting COF varied with climbing and descending motion, and were averaged over 

the full reciprocating stroke (Figure 57-left). 

A decrease in COF was found with an increasing load of 0.1 to 5 N, leading to a 

COF of 0.06 (SD=± 0.027) at a load of 5N. Similar values were found in literature 

for articular cartilage [25], [39], [74] and the meniscus [38]. Experiments of PCU 

against cartilage showed significantly higher results of 0.25 to 0.4 after a few hours 

of reciprocal motion [14]. The cartilage surface roughness was measured using a 

confocal microscope (Figure 57-right). 

 From this it could be found that the cartilage surface was relatively rough (Ra=1.7 

µm, Rq=2.4 µm, n=3), compared to the engineering materials used in this study, and 

contains pockets of approximately 5-10 µm depth with diameters of approximately 

50 µm. Roughness values found in this research, were higher than values found in 

literature (maximum Ra=1.06 µm) [75]–[77].  After the experiments no visible wear 

was observed on the cartilage. Indentation measurements using a metal ball, led to 

moduli of 0.1 to 0.5 MPa depending on the indentation velocity of 0.1 and 0.5 mm/s 

respectively. Attempts to model the viscous behaviour of the indentation according 

to Oyen [78], did not lead to a mathematical solution, which can be explained by the 

porosity of the cartilage and the resulting interstitial flow behaviour, which is 

dependent on, for example, cartilage thickness, and shape of the contacting surfaces 

[77], [79], [80]. As a result the current experiments were conducted with relative low 

contact pressures.  

Figure 57 Left: Friction measurements PCU-Cartilage using BSF with Load 0.1 to 1N (n=4) and a 

load from 0.1 to 5 N(n=6). Solid line is fit (dashed± SD). Right: roughness measurement cartilage 

(Ra=1.6µm (n=3) ; area:980x740µm). 
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4.5. BSF-SSF reciprocating measurements. 

Similar experiments using a PCU sphere and SS, PEEK and UHMWPE samples 

were performed using the SSF as well as the BSF (Figure 58). The experiments were 

repeated three times with loads of 1, 2 and 5 N. Since full elastic contact was 

expected  (Areal ≈ Aapp),  the friction force was divided by the Hertzian contact area 

to obtain the load independent shear stress in the contact. From these results it was 

found that the average shear stress in the contact using SS increased with the use of 

BSF compared to SSF from 0.41 to 0.46 MPa (p = 0.55). With PEEK a significant 

drop in the shear stress was found from 0.42 to 0.19 MPa (p = 0.003) and to a lesser 

extend with UHMWPE from 0.56 to 0.31 MPa (p= 0.009) when using BSF compared 

to SSF. The higher COF of UHMWPE could be explained by the relatively high 

surface roughness.  

 

Figure 58. PCU versus SS, PEEK and UHMWPE (v= 47 mm/s). COF with loads of 1,2 and 5 N, 

lubricated with BSF (top-left) and SSF (top-right) with reciprocal amplitude of 7.5mm at 1Hz (n=3). 

The resulting shear stress in the contact is shown for, BSF (bottom-left) and SSF (bottom-right) (error 

bar=± SD). 
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4.6. BSF-SSF Stribeck curve 

Using the polished disks from the four counter materials, single velocity sweeps, 

from high to low velocity of 250 to 3 mm/s, were performed using a PCU sphere and 

lubricating the contact with SSF and BSF, applying a normal load of 5 N. The 

measurements were done on separate tracks, to prevent running in, and repeated 3 

times (Figure 60). 

From these results it could be observed that the metal surfaces, with both lubricants, 

did not show an increase of COF with decreasing velocity due to a reduced film 

thickness and the resulting transition from mixed to boundary lubrication. These 

results with the metal samples could be explained by the absorption of proteins on 

the surfaces, creating a protective layer which prevented solid-solid contact and 

acted as a lubrication film, with increasing COF due to the entanglement of the 

continuous macromolecular proteins [35], [81], [82]. 

Both PEEK and UHMWPE showed the expected frictional behaviour of the mixed 

lubrication regime, and appeared to be less susceptible to the adhesion of the SSF to 

the surface. The differences in friction results between BSF and SSF, as observed in 

Figure 58 at a velocity of 47 mm/s seemed to show similar behaviour as observed in 

Figure 60 at the same velocity. Protein absorption was accounted for the frictional 

behaviour in case of the metal counter faces. An explanation for the lower frictional 

values of BSF compared to SSF could be found in the absence of g-Globulin [27], 

[83], PRG4 [30], [84] and SAPL [25], which were not present in SSF, although with 

current SSF no reduction in the COF was observed when applying SAPL [36]. 

Figure 60 Velocity-COF curve using with 5N   

load using SSF and BSF lubrication. 

Figure 59 Firmly attached dried droplet of SSF on SS, 

after peel test. 
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Samples which were removed after experiments and air dried, showed that the dried 

layer, self-released from the surface with both polymers, whereas at the metal 

surfaces the layer was firmly attached. These measurements were confirmed with a 

tape (Scotch®) peel test. Five droplets were placed on the four different samples. 

After a drying for a day, tape was placed over the droplets and removed directly 

afterwards. The droplets were completely adhered to the SS and CoCr metal 

surfaces, whereas for the PEEK and UHMWPE surfaces, the droplets adhered to the 

tape and no traces of synovial fluid were found on the polymer surfaces (Figure 59).  

Measurements with FTIR did not show traceable amounts of the synovial fluid on 

the polymers. Results from literature showed the same behaviour, regarding 

adsorption on the metal surfaces and a lack of adsorption on UHMWPE [85], [86]. 

Adsorption measurements of BSF on UHMWPE showed that traces of proteins could 

be found on the sample, but it should be mentioned that the samples were carefully 

rinsed, to ensure proteins remained attached to the surfaces prior to testing [87], [88].  

Boundary lubrication experiments with SSF using loads of 1, 2 and 5 N at a velocity 

of 10 mm/s, showed the expected reduction in COF with increasing load, due to the 

Hertzian increase in contact area (Figure 61). Verifying the results with the 

previously performed velocity sweeps, it appeared the velocity of 10 mm/s, was in 

fact acting in the mixed lubrication regime, and therefore final COF values might 

still increase at lower velocity values for the measurements using polymer counter 

surfaces, whereas the measurements against metal counter surfaces, appeared to 

remain constant at lower velocities. 

Figure 61 COF with increasing load of 1, 2 and 5 N at 10mm/s,  using SSF (left) and resulting shear 

stress (right) (n=3). (errorbar= ± SD). 
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4.7. SSF and water Stribeck curve 

Extensive testing of an artificial polyurethane meniscus in a knee simulator is a 

prerequisite to achieve a reliable product. To obtain tribological properties of the 

polyurethane over a longer period, pin-disk measurements using TPU and PCU 

spheres, with a load of 5 N and 10 velocity sweeps of 1 to 250 mm/s, have been 

performed against the 4 different disk materials at a temperature of 37 ° C. Each 

sweep consists of 600 velocity steps with a delay of 2 seconds to achieve stable 

friction signals. These measurements were performed to verify the running-in 

properties of the various combinations. The contacts were lubricated with water and 

SSF (Figure 62). Using the SSF as a lubricant, the frictional behaviour of the 

different material combinations is observed to be comparable. A relatively high 

COF, at initial running-in was found for PCU-UHMWPE but in time reduced to a 

stable lower COF. The combination PCU-PEEK resulted in the lowest COF. The 

thinner data points in Figure 62-left show the running-in COF results, whereas the 

thicker lines show the final stabilized COF after 10 velocity sweeps.  

Figure 62 Velocity-COF curve using with 5N load using SSF lubrication (left), and water lubrication 

(right). Smaller datapoints are running-in data. Solid line is last sweep. 
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A similar set of experiments was performed using water as a lubricant at 21°C and 

the results are show in Figure 14-right . 

 

The differences between water and SSF, clearly show that the lubrication mechanism 

is different for both cases. The water lubricated measurements show that under the 

applied conditions, the expected BL-ML-EHL transitions could be observed. 

Comparing these results with the SSF lubricated experiments it was found that only 

the PEEK surface, which is less susceptible to protein adsorption [89], [90] showed 

a similar behaviour. Images of the wear tracks, using a TPU sphere, after water and 

SSF lubrication, show the difference between the two lubrication systems (Figure 

63).  

The samples were removed after experimenting and only rinsed with water to 

remove the excessive SSF from the surface. After the TPU-water-SS experiments a 

transition of TPU to the SS disk was observed. With the TPU-SSF-SS experiments 

it could be concluded that the SSF forms a protective layer on the metal surfaces, 

preventing material transfer to the metal counter surface. At the left side of the SSF 

lubricated wear track (Figure 63-Right), a small region of adsorbed proteins is 

shown. The COF of UHMWPE appeared to be constant over the full velocity range, 

whereas a decrease in friction was observed when lubricated with BSF (Figure 60). 

From this it can be concluded that both combinations of PCU-SSF-UHMWPE and 

PCU-water-UHMWPE operate in the BL-ML regime. Roughness measurements of 

the UHMWPE, before and after the friction measurements, showed that in some 

regions of the UHMWPE disks, persistent bumps were present which were 

unfortunately not observed before experimenting. Due to the fact that the counter 

Figure 63 Left: TPU transition to SS disk after 10 velocity sweeps 2-250 mm/s (1.5km) with a normal 

load of 5N and water lubrication. Right: Wear track of a TPU sphere using SSF with same settings. At 

the left edge an adhered protein layer could be observed (light region) (2mm x 1.5mm). 
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surface consists of a relatively low elastic modulus polyurethane, which will deform 

easily when running into surface irregularities, the wearing-off of these bumps, is a 

time-consuming process (Figure 64) and the contact will remain in the BL-ML 

regime for a long time. In knee implants, the combination of materials commonly 

consists of SS or CoCr against UHMWPE, and the observed bumps would have 

flattened due to plastic deformation. 

 

4.8. Dry friction 

Extreme values for the COF can be expected in dry conditions. To get an estimation 

of the maximum possible values, experiments with PCU at a normal load of 1, 2 and 

5 N and a velocity of 1 mm/s, on the four counter materials without lubrication was 

performed (Figure 65). The values shown are the initial COF values averaged over 

the first 10 revolutions. It should be mentioned that stick-slip occurred during the 

friction measurements, which might alter the final results. From the normalised  

measured data also can be observed that even in dry conditions almost full elastic 

contact was achieved. Only in the case of Perthane-CoCr an increase in shear stress 

was observed, indicating that the contact area did not reach full Hertzian contact. 

This observation is supported by the roughness results discussed previously.  

Figure 64 Roughness of UHMWPE surface. New area (left) and TPU-water - with 5N load running in 

for 500m at 10 mm/s (right). 
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4.9. Stribeck Curve calculation 

With the information about elasticity, roughness and viscosity, a Stribeck curve can 

be generated. A basic approach was used, to study the frictional behaviour related to 

the velocity [91]. The Greenwood and Williamson [73] theory of rough surfaces was 

combined with the elastohydrodynamic (EHL) film thickness formula of Marx, 

using the load sharing approach of Johnson [92], the transition region from boundary 

lubrication (BL) to EHL, which is called the mixed lubrication regime (ML), was 

modelled. With this approach, the two different contributions of hydrodynamic load 

bearing of the pressurized lubrication film, and the load bearing due to deformation 

of the surface roughness, were combined [93].  In the ML regime, the contact 

pressure is partially carried by the lubrication film, and partially by the contacting 

asperities. Therefore equation (eq. 8), must be adapted for a load bearing component 

g. As such, the load and elastic modulus become FN /g, and E’/g respectively [91], 

hence the film thickness becomes: 

ℎ𝑐

𝑅𝑥
= 2.7 

(𝑈. 𝛾)2

𝑊2
(𝛾

3
8⁄ 𝑔𝑒)0.725   11 

 

Figure 65  COF of PU with loads of 1,2 and 5N without lubrication (n=1) (left), and resulting contact 

shear stress (right). 
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A COF of ≈ 1 in boundary regime was 

used (Figure 65), since water does not 

possess boundary lubrication 

properties. The roughness values, 

asperity density, and asperity radius, 

were obtained from the roughness 

measurements (Table 7). Due to the 

shear thinning behaviour of the 

synovial fluids, the viscosity of the 

lubricant was taken as 1 cP . The 

results were calculated using 

Mathcad (PTC, Needham, MA, USA) 

and are shown in Figure 66.  From 

these calculations it was found that 

the performed measurements were 

expected to take place in the mixed 

lubrication regime, and only at the 

highest velocities, a transition to EHL 

might occur. The transition from 

EHL to ML occurs when the roughness asperities of the rubbing surfaces come in 

contact. This transition is defined by the film thickness parameter (𝛬). In here the 

film thickness is divided by the combined roughness values 𝑅𝑞1 and 𝑅𝑞2 of the two 

surfaces: 

𝛬 = ℎ (𝑅𝑞1
2 + 𝑅𝑞2

2)0.5⁄  12 

  

When  𝛬 <1 boundary lubrication prevails. When  𝛬 >3 the contact film is fully 

lubricated. Bongaerts found different film thickness parameters for soft lubrication 

contacts, where the transition from EHL to mixed lubrication occurred at a film 

thickness parameter of 𝛬=11, and 𝛬=0.7 for smooth and rough surfaces, respectively. 

As a result, the transition to boundary lubrication occurs at much lower velocities 

than expected. This was explained by the deformation of the surfaces asperities and 

therefore reduced roughness [94]. Since in the case of Bongaerts the film thickness 

equation of de Vincente was used, the difference in transition might also well be 

explained by the higher film thickness obtained by Marx, as can be observed from 

Figure 66. Since the lubrication behaviour of BSF and SSF does not show a Stribeck 

like behaviour (Figure 60), and the film thickness at low velocities is fairly unknown 

as described by Myant [64] and is expected to vary depending on the molecular 

Figure 66 Measurement data of water 

lubrication and SSF, and calculated Stribeck 

curves according to de Vincente and Marx, with 

a viscosity of 1cP. 
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weight and concentration of the Albumin and HA, the currently used Stribeck model 

cannot be applied for synovial fluids. 

4.10. Wear measurements 

Volumetric wear results from the previous experiments, applying a normal load of 5 

N and a velocity of 1 to 250 mm/s, with TPU and PCU spheres against the four 

counter materials using water and SSF as lubricant were obtained. A total of 10 

velocity sweeps was performed, leading to a total travelling distance of 1.5 km. This 

is approximately equal to 2.5*10^4 gait cycles, which is still relatively low compared 

to the amount of cycles commonly used in wear experiments which are in the order 

of 5M [16]. 

The wear of the PU samples was measured from the confocal height data after pin-

disk experiments, at a total travel distance of 1.5 km. The original sphere was 

subtracted from the wear area, leading to a concave wear profile (Figure 67). The 

resulting wear of the total area was calculated with a MATLAB script.  Due to the 

combination of water, SSF,TPU and PCU samples and 4 different (SS, CoCr, PEEK, 

UHMWPE) counter surfaces, the experiments took a long time, and therefore wear 

measurements were not repeated, but will give a reliable impression of the expected 

wear rates. The wear rates of the PCU spheres against the metal surfaces was too 

small to be measured, and therefore do not show in the graph (Figure 69-left). With 

PEEK and UHMWPE, using water and SSF lubrication, the wear observed with 

UHMWPE was an order of magnitude lower, and for the combination PCU- PEEK, 

the wear was unmeasurably low for both lubricants (Figure 69-right). It should be 

mentioned that the low wear rates can partially explained by the fact that the 

experiments are performed in the mixed lubrication regime, whereas the wear rate in 

the boundary regime is assumed to be significantly higher. 

Figure 67 Wear profile TPU- water -CoCr 1.5km at 5N. Wear 

diameter ≈ 2mm. Original ball curvature was subtracted from 

measured surface. 
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After a distance of 1.5 km, no wear of the disks was observed for SS, CoCr and 

PEEK. For UHMWPE, the surface structure was found to change in the wear track, 

for both water lubrication and SSF. A picture at the side of a PCU-water-UHMWPE 

wear track was made, to show the influence of the running-in at UHMWPE (Figure 

68-right). The upper half shows the original surface and at the lower half shows a 

part of the wear track, where smoothening is clearly visible. The resulting surfaces 

appear to smoothen in the wear tracks, but this did not result in a reduction of the 

surface roughness (Figure 68-left). As such, it could be concluded that using SSF 

significantly reduced the wear of the polyurethane surfaces. This was attributed to 

the protein adsorption on the metal surfaces, but additionally the increased thickness 

Figure 68 Left: roughness in PCU-water-UHMWPE  (Ra=0.16µm) Load 5N, distance 500mm, velocity 

10mm/s  Right:Photo on the edge of a wear track upper half original and lower half, wear track (scale 

bar 100µm). 

Figure 69 Wear rates after velocity sweeps TPU/PCU – water/SSF  -SS/CoCr (left)  TPU/PCU – 

water/SSF - PEEK/UHMWPE after 1.5km at 5N. 
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of the lubrication film due to protein and HA aggregation at the inlet of the contact, 

was expected to contribute to the wear reduction. 

 

5. Conclusions 

Friction and wear measurements were performed using materials commonly used in 

biomedical knee implants versus biocompatible polyurethanes, lubricated with a 

synthetic synovial fluid. The goal was to verify the applicability and reliability of a 

synthetic synovial fluid as an alternative for organic synovial fluids, which were 

found to show large variation with respect to constituents and lubrication properties, 

and is commonly not available in large volumes. Using a synthetic synovial fluid 

with known ingredients and solution ratios, would therefore increase the tribological 

reproducibility. 

Based on the recipe of Bortel, a synthetic synovial fluid was created which consisted 

of HA and BSA, dissolved in a Ringer’s solution. This resulted in a high shear 

thinning, viscous lubricant which was comparable with synovial fluids found in 

literature of osteoarthrosic joints.  

Assuming a viscosity of ≈ 1 cP for synovial fluids due to shear-thinning in lubricated 

contacts, as commonly accepted in literature,  appeared to be wrong, since a higher 

film thickness in the contact was found when lubricating with synovial fluids, 

compared to measurements with water, resulting in a lower COF at low velocities 

whereas a relatively high friction value was found at high velocities. 

Measurements on cartilage resulted in low COF values, and when converted to a 

shear stress in the contact, the values found were in the range of 70 to 10 kPa at 1 

and 5 N normal load respectively. These shear stress values were much lower than 

any material combination tested afterwards, using the engineering materials as used 

in a knee simulator.  

The values of UHMWPE were high as a result of the surface roughness. With 

velocity sweeps on the pin-disk setup, the results between BSF and SSF were found 

to be dependent on the adsorption on the metal surfaces.  From the results it was 

found, that lubricating with both BSF, and SSF, would  create adsorbed boundary 

layers on the metal counter surfaces, leading to a constant COF over the full velocity 

range, with a small reduction in friction when using SSF. On average the BSF 

possessed better friction reducing properties, with values of COF=0.15 using BSF, 

versus COF=0.2 using SSF.  This layer formation was not found on the polymer 
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PEEK and UHMWPE surfaces after peel tests and FTIR analysis. As a result the 

COF decreased with increasing velocity as a result of increasing film thickness.  

Constant velocity measurements at 10 mm/s, on the pin-disk setup using normal 

loads of 1,2 and 5 N, and lubricating with SSF, showed that the resulting shear stress 

in the contact was independent of the applied normal load and varied from ts=0.35-

0.4 for the metal surfaces and ts=0.45-0.55 for PEEK. The current measurements 

were performed with polyurethane hemispheres with a radius of 5 mm, leading to a 

contact area of approximately 2.5 mm2. The contact area between an artificial 

meniscus and the tibia and/or femur is found to be much bigger, with similar contact 

pressures as applied in the current study, and is therefore expected to result in lower 

COF values, when applied in combination with polymer counter surfaces like PEEK 

and UHMWPE, due to a higher film thickness in moving contacts and is therefore 

acting closer to the EHL regime.  

In combination with metal countersurfaces the COF was found to remain more or 

less constant over the full velocity range. The increase in contact area when applying 

a polyurethane meniscus in a knee simulator, is expected to lead to similar friction 

force results, when assuming a load independent constant shear stress is present in 

the contact, as observed in current study, since the expected load-area ratios are 

comparable for the meniscus and the PU combination used in current study.  

Repeated velocity sweeps showed that the observed COF did not change due to 

running in behaviour except for the UHMWPE. Lubricating the contact with SSF 

resulted in unmeasurable wear rates with performed velocity sweeps, and longer 

distance measurements will be needed to observe measurable wear of the PU. 

Taken together, these results contribute to the deeper understanding of the frictional 

behaviour and testing of biomaterials intended for application in future patients who 

undergo a full meniscectomy. 

6. Limitations of the study 

With the decision on the usage of a synthetic synovial fluid, which will have to be 

available in large quantities of several litres, but should nevertheless be affordable 

and reproducible, limitations with respect of lubrication optimalisation were found. 

For this synovial fluid no g-globulin, PRG4 and SAPL were applied, which, when 

applied might have resulted in lower overall friction results.  
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Case 2. Predicting friction at the bone – Implant interface 

in cementless total knee arthroplasty. 

 

1. Abstract 

Cementless total knee arthroplasty (TKA) components have rough and porous 

surface coatings which can enhance bone ingrowth and stability at the bone-implant. 

To achieve primary stability in the postoperative period where no apposition is 

formed, the resistance against motions between bone and implant is optimized by 

increasing the friction at the interface. This is necessary, as excessive relative 

motions can inhibit bone ingrowth, which might result in loosening and pain. In this 

research, it was found that the friction can be predicted by measuring the surface 

morphology of rough implants, and calculating the corresponding perpendicular and 

lateral contact area parameters. The ratio between these areas, is used to predict the 

resulting coefficient of friction (COF). This is validated experimentally, by analysing 

the tribological behaviour of 2 porous and rough titanium coatings against human 

cadaveric knee bones using reciprocal friction tests with varying normal loads. The 

results for 2 different coatings showed similar findings for the predicted COF (0.75 

and 0.88) versus the calculated values based on the measurement (0.82 and 0.86) 

proving the feasibility of the approach. 
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2. Introduction 

Total knee arthroplasty (TKA) is a frequently performed orthopaedic surgical 

procedure (Wood, 2007). While a stable interface between TKA implants and bone 

can be achieved by using bone cement (PMMA), several disadvantages have been 

found including cement fatigue, generation of particulate debris, and progressive 

bone loss (Goodman et al., 1988; Hirschmann and Becker, 2015; Hofmann et al., 

2001; Kamath et al., 2021; Peters and Rosenberg, 1994; Ritter and Meneghini, 2010). 

An alternative solution is the use of uncemented TKA implants, based on biological 

fixation of porous coated implants. However, the long-term success of uncemented 

implants after total knee arthroplasty (TKA) is dependent upon the initial stability of 

the fixation. Excessive motions at the interface can result in pain and are recognized 

to inhibit bone ingrowth due to wear of the bone and the formation of fibrous tissue 

at the implant interface, resulting in loosening in the long term (Britton et al., 2004; 

Cameron et al., 1973; Dammak et al., 1997; Han et al., 2007; Hungerford, 1991; 

Keaveny and Bartel, 1993; Pilliar et al., 1986; Schwarz et al., 2009). 

Figure 1 Schematic drawing of a femoral TKA implant. A) Compression due press-fit  B) Roughness 

at bone -implant interface. C) Stresses in the bone at individual surface peaks due to tribo-mechanical 

load. 
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From a mechanical point of view, a stable fixation can be achieved by optimizing 

the compressive and frictional forces acting on the bone-implant interface that is 

created by a press-fit. This is achieved by the difference in dimensions between 

implant and bone. Oversize of the bone cuts, compared to the inner implant 

dimensions results in a desired compressive force at the bone-implant interface 

(Figure 1 A). During and after implantation of TKA femoral components, friction 

occurs at the interface of posterior and anterior contact planes where motion will be 

constrained by the distal plane. Stability can be achieved by frictional forces. In case 

of a smooth polished implant surface, the friction will be limited, as is than 

dominated by the interfacial shear strength which in turn results from adhesion forces 

and chemical bonds (Norris et al., 2008). Increase of the total friction can be achieved 

by creating hard, rough surfaces where the roughness peaks will scratch through the 

soft bone surface. In this case the shear strength of the bone, which is commonly 

larger than the interfacial shear strength, will define the resulting friction force 

(Goddard and Wilman, 1961; Sin et al., 1979; Xie and Williams, 1996) Increasing 

the surface roughness of the implant will therefore be beneficial, as it is expected to 

increase the friction at the interface with the bone. Asperities at the implant surface 

will be pressed into the bone and relative motion will be restrained by the stress in 

front of the asperities (Figure 1 B,C). When loading forces are small, the deformation 

will remain elastic. However, with increasing load, yielding will occur and the bone 

will deform permanently, with the risk of increasing bone wear. Currently, the tribo-

mechanical behaviour at the bone-implant interface can only be measured 

experimentally as bone-implant contact mechanics at the scale of asperities is yet 

only poorly understood (Voutat et al., 2019). The aim of the current work is to 

contribute to modelling of the bone-implant interface interactions, focussing on 

predicting the dynamic coefficient of friction (COF). For that, a numerical friction 

model was developed and validated experimentally. The experiments were carried 

out with two different rough, porous implant coatings and a polished titanium 

reference sample against six different cancellous bone samples which were dissected 

from human cadaver femoral knee bones. Texture and hardness of the bone samples 

and of the two implant coatings were measured with confocal microscopy and nano 

indentation. 

3. Ploughing friction for a rough hard surface in sliding 

contact with human bone 

Friction is generally considered to consist of an adhesion term and of a ploughing 

term (Blau, 1992). Expressed in the friction coefficient (𝜇) this gives Eq. (4), in 

which 𝜇𝑎 is the adhesion component and 𝜇𝑝.the ploughing term. 
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𝜇 = 𝜇𝑎 + 𝜇𝑝 (4) 

The adhesion term can be written as given by Eq. (5), where 𝐹𝑛 is the normal load, 

𝜏𝑠ℎ is the interfacial shear strength and 𝐴𝑠ℎ is the real contact area. 

𝜇𝑎 =
𝜏𝑠ℎ . 𝐴𝑠ℎ

𝐹𝑛
⁄  

(5) 

As the product of interfacial shear stress and real area of contact, the denominator of 

Eq. 2, quickly reaches a maximum due to the limited resistance to elastic deformation 

of the soft surface, a characteristic trend is explained for soft elastic materials in 

sliding contact with a smooth rigid counter surface. For those sliding contacts where 

the adhesive component is dominant, the coefficient of friction decreases with 

increasing normal load (Pascoe and Tabor, 1956). Since surface peaks all possess 

different ratios of height and tip rounding, the ploughing term will be approached as 

the summation of individual asperities. The pressure needed to deform the surface 

plastically equals the yield pressure 𝑝𝛾, which is assumed to be similar to the 

hardness of the softer material (Bhushan, 2000; Bowden et al., 1943). The 

deformation pressure in sliding direction 𝜎𝛾 equals the yielding pressure 𝑝𝛾 in case 

of non-work-hardening materials. In this work it was assumed that the same 

approach can be applied to human bone, using the bone hardness for H and a 

pressure 𝑝𝛾, that permanently deforms the bone surface locally.  

Now assume that the normal load ∆𝐹𝑛 is supported by the projected area ∆𝐴𝐿 and 

take the vertical projected area, ∆𝐴𝑃 of the groove as the area that supports the 

friction force ∆𝐹𝑓 as shown Figure 2, than the resulting ploughing term of friction in 

sliding contact for a single implant surface asperity can be derived as in Eq.(8) 

Figure 2 Schematic drawing of an asperity ploughing 

through bone. 
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∆𝐹𝑛 = 𝑝𝛾∆𝐴𝐿 (15) 

 And  

∆𝐹𝑓 = 𝜎𝛾∆𝐴𝑃 (16) 

 Thus: 

 𝜇𝑝 =
∫ 𝜎𝛾𝑑𝐴𝑃

∫ 𝑝𝛾𝑑𝐴𝐿

 
(8) 

 

The total projected area of all implant surface asperities in contact with the bone is 

related to the applied loading pressure and the hardness of the bone. The static 

loading pressure 𝑃𝐿, see Eq. (18), depends on the porosity of the bone, which will 

significantly reduce the load carrying area and increase the local contact pressure 

rapidly to the maximum pressure i.e. the bone hardness at the macroscale. 

𝑃𝐿 =
𝐹𝑛

𝐴𝐴𝑝𝑝 ∗ 𝑐𝑑
 

(18) 

 

Where AApp  is the apparent contact area, defined as the total area at the implant bone 

interface that is available for contact and 𝑐𝑑 is the bone contact area density.  

The final ratio 𝑅𝑎𝑟 of the area in contact between the implant asperities and the bone 

on sliding changes to the ratio between real contact pressure PL and the bone 

hardness H/2, since only the front part of the moving asperities are carrying the 

normal load (19). 

𝑅𝑎𝑟 =
𝑃𝐿

𝐻
2⁄

 
(19) 

When the size of the asperities are in the same range as the trabecular thickness a 

significant reduction in the load bearing capacity can be expected. 

As a result of these ratios, a transition from α to β slip-lines can be expected, leading 

to a significant reduction of load bearing capacity as is shown in Figure 3, where the 

left side shows full support and the right side shows loading close to the edge.  
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At the left side normal indentation behaviour is expected, and the contact pressure 

approaches 𝜎𝑦 ≅ 3 ∙ 𝑌 ,where 𝑌 is yield stress (Johnson, 1985). At the right hand 

side, the slip-line will meet the vertical surface at 45° and the hydrostatic pressure is 

almost constant along the slip-line, and therefore the contact pressure is close to the 

yield stress 𝜎𝑦 ≅ 𝑌. This figure shows a simplified 2D case whereas the real case is 

far more complicated due to the elasticity and 3 dimensional behaviour. 

 

4. Materials and Methods 

4.1. Bone samples 

Trabecular human femoral bone samples were cut from six human cadaveric knees 

(age 47 to 60 yr.). The bone samples were selected from posterior and anterior 

regions of the bone and stored hydrated, in sealed bags at -20 °C upon experimenting. 

The bones differed in properties from healthy, osteoporotic to arthritis leading to 

different bone densities and mechanical properties.  

Before friction measurements, the contact surfaces of the bones were prepared by 

milling the bone to protruding flat surfaces of 10 x 10 mm at 1 mm height to reduce 

bulk shear deformation. The bones were kept hydrated with a saline solution 

continuously during preparation and friction experiments. The preparation time 

before friction experiments well exceeded the thawing time of the bone.  

Figure 3 Transition of slip lines with full support (left)  and 

edge support (right) with spherical indentation, (adapted 

from Johnson, 1985). 
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During friction experiments the load transfer in normal and tangential direction is 

related to the yielding properties of the bone and the real contact area between 

implant and bone. The yield strength of the bone is directly related to the hardness 

of the trabeculae, which varies with mineralization and density. The measured bone 

properties are given in detail in the next section. 

4.1.1. Bone density and trabecular thickness 

The density of trabecular bone (Adams et al., 2018; Cowin, and Telega, 2003) and 

its relation to the mechanical properties is extensively described see for example 

(Keller, 1994; Kopperdahl and Keaveny, 1998; Sanyal et al., 2012; Zioupos et al., 

2008) resulting in polynomial relations between density versus yield stress and 

modulus. 

The density 𝐷 of the bone is defined as: 

𝐷𝑎𝑝𝑝 = 𝐵𝑜𝑛𝑒 𝑚𝑎𝑠𝑠 𝑇𝑜𝑡𝑎𝑙 𝑣𝑜𝑙𝑢𝑚𝑒⁄  (20) 

𝐷𝑚𝑎𝑡 =  𝐵𝑜𝑛𝑒 𝑚𝑎𝑠𝑠 𝐵𝑜𝑛𝑒 𝑣𝑜𝑙𝑢𝑚𝑒⁄  (21) 

𝐵𝑉/𝑇𝑉 = 𝐷𝑎𝑝𝑝 𝐷𝑚𝑎𝑡⁄  (22) 

In which 𝐷𝑎𝑝𝑝 is the apparent mass density over the total volume, and 𝐷𝑚𝑎𝑡 is the 

material density at trabecular level. Furthermore, 𝐵𝑉 is the bone volume and 𝑇𝑉 is 

the total volume. In these cases, a power law relation of the Youngs modulus and the 

apparent or ash density was found.  

The density measurements were conducted by measuring polished bone surfaces 

with a confocal microscope (Sensofar SNEOX, Terassa, Spain), see Figure 4. After 

applying a height cut-off filter of 20 µm, the stitched areas of 6.4 x 4.8 mm with a 

resolution of 1.3 µm/pixel were analysed in LABVIEW (National Instruments 

Corporation, Austin, TX) to obtain the area densities of the surfaces (Beck et al., 

Figure 4 Cross section of the bones used for area density and hardness measurements. [6.4 x 4.8 mm]  

(A) bone 1. Osteoporotic cd=25%, (B) bone 4. Arthritis cd=56%, (C) bone 6. Arthritis cd=40%. 
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1997). Digitizing the image with LABVIEW and calculating the area ratios gave the 

contact area density (cd) of the bone samples. Additionally, the average trabecular 

thickness (Tb.th) was derived by calculating short side of the equivalent rectangle 

from the perimeter/area ratio of the trabeculae leading to an average thickness value 

per area. Detailed measurements were performed by measuring the local thickness 

maxima of the individual trabeculae. With the same resolution of 1.3 µm/pixel, a 

Matlab script (Mathworks, USA) was used to calculate the distribution of the 

trabecular thickness of each bone type.  

4.1.2. Bone Hardness 

The mechanical properties of the trabeculae were measured using a nano-indenter 

(Anton Paar, NHT2). The bone was cut using a precision diamond saw (Struers, 

Accutom-2), and the cross-sections were polished with 4000 grit abrasive paper. 

Additional actions needed were dabbing the surface layer with tissue to remove 

excessive moisture without the need to dry the bone, which would significantly 

influence the mechanical properties (Bayraktar et al., 2004; Zysset et al., 1999). The 

indentation load used was 10 mN with an indentation speed of 20 mN/min and a 

holding time at maximum load of 10 sec using a Berkovitch indenter probe. The 

holding time of 10 sec. was chosen with respect to the viscoelastic behaviour. 

Measurement results were fit in MATLAB using the Oliver-Pharr method (Oliver 

and Pharr, 1992) with a geometric constant of  ε=0.73, a modulus of  𝐸𝑑𝑖𝑎𝑚𝑜𝑛𝑑=1141 

GPa and Poisson’s ratios  𝜈𝑑𝑖𝑎𝑚 = 0.07 and 𝜈𝑏𝑜𝑛𝑒=0.3, in combination with a 

viscous correction obtained by the hold curve at maximum load (Ngan et al., 2005). 

The apparent contact area at the onset of unloading was used to define the reduced 

modulus (Er). From this the Young’s modulus of the bone could be derived (23). 

𝐸𝑏𝑜𝑛𝑒 = 𝐸𝑟 (1 − 𝜗𝑏𝑜𝑛𝑒
2) (23) 

4.2. Implant surface properties 

 

Two implant specimens (40×43×5 mm) with different coatings, hereafter called 

surface A and surface B, were used for the tribological experiments. Both samples 

were made from a medical grade cobalt chrome substrate, coated with a porous 

biocompatible titanium-based coating. These two surfaces are chosen for their heigh 

roughness and porosity properties which are known to improve ingrowth over time 

(BOBYN et al., 1980a, 1980b; Hulbert et al., 1974; Kienapfel et al., 1999; Peters and 

Rosenberg, 1994). Photos made with a Scanning Electron Microscope (JEOL, JSM-
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6400), reveal the differences between the two coatings. (Figure 5 A/B). Digitized 

polished cross-sections of the implants give an impression of the porosity of both 

textures. (Figure 5 C-D). surface A had a smaller grain size with sharp, loosely 

stacked particles and high peak density, whereas surface B had larger rounded 

particles and lower peak density. A polished titanium sample created from surface 

B, was used for reference in the friction measurements. The coating thickness was 

thick enough at the cobalt chrome interface to realise a smooth titanium surface.  

 

4.2.1. Implant roughness 

The roughness of surface A and B as well as the roughness of a polished reference 

sample were measured with a confocal microscope (Sensofar SNEOX, Terassa, 

Spain) using a 10x magnification with a lateral and vertical resolution of 1.29 µm 

and 25 nm leading to height arrays of 1024x1360 pixels (Figure 6). These height 

arrays were later on analysed in Matlab to obtain the contact area ratios. 

Figure 5 (A) scanning electron microscope (SEM) image of implant surface A  (B) SEM image implant 

surface B (C) cross-section implant-A (D) cross-section implant-B. (same length scale). 
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4.2.2. Implant surface hardness 

The hardness of the coatings was measured with a nano-indenter (NHT2, Anton 

Paar, Austria) using a Berkovich indenter probe. The polished samples were indented 

with a load of 5 mN and an indentation speed of 10 mN/min. Low indentation loads 

were chosen with respect to the asperity dimensions. 

 

5. Friction measurements 

Reciprocating friction measurements were performed to measure the frictional 

forces at the bone-implant interface using a Universal Mechanical Tester (UMT, 

Bruker, United States). The principle of the device is schematically presented in 

Figure 7. 

Implant surface samples were loaded on a moving bone sample. Load and 

displacement were controlled, while friction forces were measured. The bone 

samples were machined to 10 x 10 mm flat surfaces to create a defined contact area. 

Figure 6 Confocal roughness measurements surface-A (left) and surface-B (right). 

Figure 7 Schematic drawing of the friction measurement setup. 
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Due to the morphology and mechanical properties of the bone and implant, a large 

range of contact pressures can be expected at the interface during and after 

implantation. Normal loads in the contact were varied from 10 to 250 N, leading to 

contact pressures of 0.1 to 2.5 MPa similar to the press-fit contact pressures at the 

bone and implant interface during TKA (Burgers et al., 2009). For every experiment, 

a constant load was applied at the contact for 60 seconds to reduce viscoelastic creep 

during the friction measurements. The dynamic COF was measured using a 

reciprocating drive, with amplitudes from 0.5 to 1 mm to ensure constant dynamic 

friction forces. During the reciprocal motions the displacement frequency was kept 

constant at 1 Hz, leading to maximum velocities of 0.5 to 1 mm/s. The relative 

displacement between bone and implant was measured with a capacitive sensor.  

6. Results and discussion 

6.1. Bone properties. 

Bone density, trabecular thickness and hardness were measured on the cross sections 

of the 6 different bone samples using confocal microscopy. A Labview program was 

used to analyse the trabecular thickness and area density of the different bones. A 

more detailed measurement on trabecular thickness was done using a Matlab script 

leading to trabecular thickness results as shown in Figure 8.  

The measured values appeared to be significantly lower than values found in 

literature (Touraine et al., 2015; Yorkston et al., 2019; Zhang et al., 2010), which are 

in the range of the maximum measured values. The results are shown in Table 5.  

Figure 8 Histogram local trabecular thickness of 

bones 1 to 6. 



156 Case 2 

Hardness measurements, on the cross sections of the bones, with a load of 10 mN 

using a NHT2 nano-indenter, were analysed using a Matlab script. The results are 

summarised in Table 5 as well. The measured values for moduli and hardness are 

comparable to values of trabecular bone found in literature (Engelke et al., 2016; 

Tomanik et al., 2016). 

 

6.2. Implant properties 

The roughness of the implant surfaces was measured with a Sensofar confocal 

microscope at a magnification of 10x. The peak-valley (Rz) of both surfaces was 

high and appeared to have a large standard deviation. The autocorrelation length 

(Sal) represents the profile length above which the roughness values do not increase 

anymore and is therefore related to the asperity peak distance, which showed that the 

peak distribution was much lower on implant surface B as is also clearly visible on 

the SEM pictures in (Figure 5 C-D). The results of the measurements are listed in 

Table 6. 

The hardness of surface A appeared to be lower than surface B, which probably 

resulted from the higher degree of porosity in surface A, such as can be seen from 

Sample 1 (hlt) 2 (op) 3 (op) 4 (art) 5 (art) 6 (art) 

Hardness  [MPa] 
598 

(107) 

524 

(112) 
482 (78) 540 (91) 348 (100) 

268 

(69) 

Young’s Modulus [GPa] 9.5 (1.4) 8.5 (1.5) 7.4 (1.1) 10.1 (1.7) 7.1 (1.7) 
7.1 

(1.9) 

N 19 24 22 17 21 14 

Area Density [%] 43 (10) 25 (4) 36 (7) 56 (8) 44 (2) 40 (7) 

Trabecular thickness 

[µm] 
65 (7) 45 (2) 49 (5) 53 (4) 58 (6) 58 (2) 

Table 5 Measured bone properties of the 6 different human bone samples. Value (standard deviation 

[SD]) (hlt= healthy, op= osteoporosis, art= arthritis ). N=6 for area and trabecular thickness 

measurements. 

 
Ra [µm] Rq [µm] Rz [µm] Sal [µm] Str [-] 

Surface A 41.2 (1.4) 51.2 (1.6) 357.7 (35.2) 83.3 (9.2) 0.9 (0.1) 

Surface B 53.0 (6.2) 66.3 (7.8) 518.2 (83.6) 132.1 (15.2) 0.7 (0.2) 

Polished 0.1 (0.0) 0.2 (0.0) 2.4 (0.5) 9.7 (0.3) 0.8 (0.1) 

Table 6. N=15, Ra= CLA roughness, Rq= RMS roughness , Rz= peak-valley, Sal= autocorrelation 

length, Str=Texture aspect ratio. Value (SD). 
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(Figure 5 C-D). For reference, the results of the Cobalt Chrome base material is 

added to the results as well. The results are summarised in Table 7.  

6.3. Application of the friction model to the TKA implant surfaces 

Due to the fully random surface morphology, with high surface peaks and different 

radii of curvatures on asperity level, of both coated implant surfaces A and B, a 

numerical approach was used to calculate the expected friction coefficients, see 

Figure 9 for an overview of the approach.  

 

 

The roughness data of surface A and B were used to predict the ploughing term of 

friction in sliding contact with the bone surfaces. Starting from the highest peak of 

the implant surfaces, with increasing depth, the projected areas of the individual peak 

 
CoCr Surface A Surface B 

Hardness  [GPa] 10.3 (1.0) 3.2 (0.4) 4.8 (0.5) 

Young’s Modulus [GPa] 297 (30) 137 (22) 133 (15) 

N 8 20 18 

Table 7. Hardness implant materials; CoCr=base material, surface A , surface B. Value (SD). 

 

Figure 9 Flow chart of the approach 
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areas AL, for the normal load, and a 2-directional average area AP, for the friction 

force, of the individual peaks were calculated, see Figure 10 and Figure 11. 

From these calculations, the equivalent contact diameters of the individual asperities 

were derived for both surfaces (Figure 12). From the Tb.th values measured from the 

different bones (Table 5), it appeared that asperity contact diameters and the average 

Tb.th dimensions were in the same range at indentation depths of 100 µm. With the 

measured hardness and density values of the bone samples, see Table 5 and using 

Figure 10 surface -A; peaks in contact at 20% 

of the total bearing area. Figure 11 Bearing area (AL) and ploughing 

area (AP) with increasing indentation depth to 

20% bearing area for surface A and B 

(average 15 measurements). 

Figure 12 Equivalent contact diameters of the 

individual peaks with increasing depth for surfaces A 

and B (average 15 measurements). 
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Eq.(18) and (19), a maximum contact area between the coated implant surfaces and 

bone of 2%, with healthy bone 1 was found, at the maximum pressure of 2.5 MPa. 

Since the contact size of the asperities of the surfaces are in the same range as the 

thickness of the trabeculae, a significant increase in indentation depth can be 

expected. With increasing indentation depths, the yield stress, instead of the hardness 

of the trabeculae will define the limiting contact area and therefore the contact area 

is expected to end at 6% of the total implant surface with healthy bone. When using 

lower cd and hardness values from the other bone samples, the expected contact area 

reached a maximum value of 14% with bone 6.  

 

Simplified normalised plane-strain FE calculations in COMSOL showed the 

difference between a centrally loaded, fully supported asperity and an asperity in the 

same size range of the trabeculae. In the simulation the Young’s modulus versus 

yield stress ratio of 100 was used (Wang et al., 2015) . The ball was indented to a 

distance r/2. This resulted in load ratios between solid and edge support of 2.7 at 

maximum depth (Figure 13). This was consistent with the statement in Section 2 

where the contact pressure reduced to the yield stress. From these calculations it is 

assumed that the final contacting implant surface area does not exceed 20% and 

therefore this value was used for surface analyses. 

With the calculated areas (Figure 10) and the measured bone properties, the 

ploughing component of the friction 𝜇𝑝 can be predicted for both textured implant 

surfaces using Eq. (8). The resulting calculated friction coefficients reached values 

of 0.75 (SD = 0.06) and 0.88 (SD= 0.21) at maximum load for surface A and B 

Figure 13 Plastic deformation of A) full support and B) edge support 

indentations with similar indentation depths. Normalised FE 

simulation. 
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respectively (Figure 14) Differences in the roughness of implant surface B (SD) 

resulted in larger variations of the calculated COF. The peak densities of both 

surfaces are shown in Figure 15.. The peak density of 70 peaks/mm2 led to individual 

asperity distances of 120 µm. The measured Sal (Table 6) of surface A was smaller 

with a value of 80 µm indicating a saturation in the peak determination, which is 

visible in the figure from depths of 115 µm. From this depth the asperities could not 

be individually determined and merged to single bigger peaks. The ploughing 

component 𝜇𝑝 of the polished sample was calculated as well and found to be < 0.05, 

indicating the friction component of polished surfaces is mainly formed by adhesive 

forces.  

 

 

6.4. Friction measurements 

The numerical results were summarized and compared to the measured values in 

Figure 18 (A-B) for surface A and B respectively. The experimentally determined 

COF of surface B exhibited a large scatter, which could be explained from the high 

roughness deviations in the surfaces. With the variation in implant contact area, the 

COF changed over a large range using the same bone material, which was consistent 

with the large variations in roughness. For surface A, the COF converges to 0.82, 

Figure 14 Calculated COF for surface A and 

B, for bone 1 to 6. Different colours indicate 

different bone types. 

Figure 15 Peaks in contact with increasing 

penetration depth for surface A and B up to a 

contact area of 20%. (average 15 

measurements). 
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whereas surface B shows a similar trend with a final COF of 0.86 at a normal 

pressure of 2.5 MPa.  

For the polished sample, the COF converges to 0.42 at 1MPa with increasing load. 

This is consistent with the remarks made in Section 2 on the adhesive component of 

friction, as the COF reduces in magnitude with increasing normal force. An 

indication of the adhesive component can be obtained by using the shear friction 

component of 0.42 MPa at 1 MPa normal stress with full implant - bone  contact. 

When using the maximal calculated contact area of 20% of the porous bone area, a 

maximum adhesive component of the shear at asperity level of 0.084 MPa was 

found. Also from literature it followed that the adhesive component for surfaces 

possessing sharp asperities, like the surfaces used in the experiments, appeared to 

have a less significant contribution to the overall friction coefficient (Briscoe et al., 

1996; Ducret et al., 2003; Komvopoulos et al., 1985). Therefore, the contribution of 

the adhesive component at asperity level was regarded to be small compared to the 

ploughing components for the rough surfaces. 

The measured friction values were in good agreement with the values found from 

literature.(Biemond et al., 2011; Damm et al., 2015; Dammak et al., 1997; Hashemi 

et al., 1996; Rancourt et al., 1990; Shirazi-Adl et al., 1993; Voutat et al., 2019). Here 

a highest COF of 0.86 with beaded surfaces is reported, and only surfaces with very 

sharp asperities exceeded a COF of 1. This results could be expected from the ratio 

AP/AL with the applied surfaces (Goddard and Wilman, 1961; Komvopoulos, 1991). 

A maximum friction force could be achieved when the surface roughness was high 

Figure 17 Surface A after friction 

experiment against bone 5. 

Figure 16 Bone 5 after friction measurement 

with 20N normal load against surface A. 

Greyish wear particles of the coating are 

visible scattered over the surface. Overall area 

is 10x10 [mm]. 
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enough to prevent full penetration of the surface asperities. Exceeding the maximum 

peak-valley distance, by increasing normal loads or reduce asperity density, would 

reduce the final COF (Hammerström and Jacobson, 2008). 

From the results, it is clear that friction can be increased effectively at the interface, 

by adding roughness to the implant surface. Compared to the polished surface, 

friction increases by more than a factor 2 with surface A at 1 MPa normal stress and 

even more for surface B. Figure 18 also shows that the application of the numerical 

method underestimates the actual frictional response at the interface for surface A. 

This cannot be explained from the neglected adhesion term only, as the difference 

between the numerical and experimental results is rather similar for surface B. A 

possible explanation of the higher experimental values could be found in Figure 15, 

showing the peak count versus depth. It appeared that individual peaks are merging 

and therefore a large load bearing area per peak AL was found, whereas only the 

largest peak was used in calculating the area for the ploughing component Ap.  

 

6.5. Results with respect to TKA 

Increasing the roughness of femoral knee implant surfaces and applying a press-fit, 

is a necessity to improve the implant stability in the early post operative period. In 

Figure 18  A) Comparison of the predicted and experimentally determined coefficient of friction for 

surface A, compared to the values found for the polished surface. B) Comparison of the predicted and 

experimentally determined coefficient of friction for surface B. 
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previous researches, it was shown that ingrowth over time was found to increase the 

shear strength to values of 15 to 17 MPa, but formation of soft tissue, due to 

micromotions at the interface, resulted in a decrease of shear strength down to values 

of 0.17 MPa. (BOBYN et al., 1980a, 1980b; Bragdon et al., 1996; Cameron et al., 

1973; Hulbert et al., 1973; Kienapfel et al., 1999; Peters and Rosenberg, 1994). In 

here, the results were related to the implant surface porosity. The influence of 

implant roughness on the interfacial shear strength was also shown in Svehla (Svehla 

et al., 2000), leading to a similar trend in shear strength increase over time.  From 

the current friction measurements it was found that the shear stress at the interface is 

linearly increasing from 0.5 to 2.5 MPa contact pressure. The maximum achieved 

shear strength at the interface was therefore approximately 2.1 MPa. Although this 

value might seem to be relatively low, it appears to be a good starting point for newly 

placed implants (Gao et al., 2019). Considering maximum gait conditions of 2.5*BW 

(Shelburne et al., 2006; Zhao et al., 2007) and an average body weight of 80 kg, this 

led to a maximum load of approximately 2 kN. Depending on the type of implant, a 

desired contact shear stress could be calculated. Using the anterior and posterior 

contact area dimensions of an Easculap E.Motion femoral component, which was 

close to 1000 mm2, and ignoring any stem contact, a shear stress at the interface of 

2 MPa was expected. Since micromotions were found in ex-vivo TKA measurements 

(Berahmani et al., 2017; Sánchez et al., 2021), it seems not all conditions with respect 

to contact pressure and friction are easily met. Motions and forces applied at the 

femoral cup in superior direction will be constrained by the distal plane of the 

femoral cup. Therefore designing the optimal interface will not just rely on achieving 

a maximum interfacial stress resistance (Quevedo González et al., 2019). Optimizing 

the press-fit can be done by modifying the shape and roughness of the femoral 

implant and adjust the press-fit dimensions and angle of the bone cuts. It should be 

mentioned that, with current research, the contact load was kept constant during the 

friction measurements, but during knee arthroplasty, wear of the bone and implant 

will result in a reduction of the press-fit dimensions, and therefore the actual contact 

pressure at the interface will reduce. With respect to implant roughness, many 

different designs are possible, depending on peak-valley height, asperity shape and 

density (Baril et al., 2011). It seems beneficial to use sharp spiked surfaces with high 

roughness, which possess good loading versus ploughing area ratios. Beaded 

surfaces show a different behaviour with respect to indentation depth versus loading 

area. Larger indentation depths with respect to bead diameter will be needed to reach 

beneficial friction results. From the results in Table 5, average values for bone area 

density of 40% and a trabecular thickness of 55 µm were found. This led to average 

trabecular distances of 80 µm. Since the maximum friction resistance will be defined 

by the shear distance over 1 trabecula, in case of shearing over the shortest trabecular 
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thickness, it seems to be advantageous to limit the bead size to approximately 80 µm. 

Increasing the bead size would lead to shared normal loading over multiple 

trabeculae, whereas there would be no increase in ploughing area. In all cases it 

should be noticed that forces occurring at the single asperities during press-fit will 

be significant, and wear of asperities at the implant surface might easily occur. Since 

the average femoral medial-lateral distances are around 70 mm (Hitt et al., 2003), 

and the cortical bone thickness at the condyle epiphysis is found to be around 1.4 

mm (Wenjing Du, Jinhuan Zhang, 2018), the contribution of cortical bone, to the 

overall interfacial stress components seems to be insignificant. As a result of the 

increased yield strength of cortical bone, which is found to be 20-30% higher than 

cancellous bone (Bayraktar et al., 2004), the expected indentation depth of roughness 

peaks will be slightly smaller. Since the coefficient of friction at the interface is 

depending on the ratio of loading and ploughing areas (Figure 14), this might lead to 

a minor reduction or increase in the final coefficient of friction, depending on the 

implant surface roughness. 

 

  

7. Conclusions 

 

1) A basic approach in predicting the COF has been applied on 2 different types of 

rough surfaces. Measuring the surface topography with a confocal microscope 

gives a 3D representation of the surface morphology. With a MATLAB script, 

the ratio between the perpendicular and the lateral surfaces in the implant-bone 

contact have been calculated. This ratio is a size of the COF which can be 

achieved with these implant surface morphologies. 

This approach is valid when the deformations in the contact are permanent, 

which is plausible taking the mechanical properties of the bone and the shape of 

the asperities of the surfaces in account. Average values for the COF were found 

to be 0.75 and 0.88 for surface A and B respectively.  

2) From friction measurements the COF in the contact between implant and bone 

appears to be independent of the applied normal load and the very different bone 

properties, like hardness and porosity, in case of rough implant textures. Mean 

values for the COF of 0.82 and 0.86 were found for surface A and B respectively 

and a COF of 0.42 for a polished reference sample.  

3) It appears the predicted values for the COF are close to the measured friction 

results. This proves that the assumptions of ignoring the adhesion component at 
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asperity level and assume permanent deformation in case of sliding motion in 

the contact can safely be made.  
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Case 3. Implant-bone interface mechanics of press-fit total 

knee arthroplasty. 

 

1. Abstract 

Successful osseointegration of press-fit implants depends on the initial stability, 

often measured by the micromotions between the implant and bone. A good primary 

stability can be achieved by optimizing the compressive and frictional forces acting 

at the bone-implant interface. The frictional properties of the implant-bone interface, 

which depends on the roughness and porosity of the implant surface coating, can 

affect the primary stability. Several reversible (elastic) and non-reversible 

(permanent) deformation processes take place during frictional loading of the 

implant-bone interface.  In case of a rough coating, the asperities of the implant 

surface are compressed into the bone leading to mechanical interlocking. To 

optimize fixation of orthopaedic implants it is crucial to understand these complex 

interactions between coating and bone. The objective of the current study was to gain 

more insight into the reversible and non-reversible processes acting at the implant-

bone interface. Tribological experiments were performed with two types of porous 

coatings against human cadaveric bone. The results indicated that the coefficient of 

friction depended on the coating roughness. Larger elastic and permanent 

displacements were found for the rougher coating, resulting in a lower interface 

stiffness. The experiments furthermore revealed that relative displacements of up to 

35 µm can occur without sliding at the interface. These findings have implications 

for micromotion thresholds that currently are assumed for osseointegration, and 

suggest that bone ingrowth actually occurs in the absence of relative sliding at the 

implant-bone interface. 

 

2. Introduction 

Cementless total knee arthroplasty (TKA) is a frequently performed orthopedic 

surgical procedure (Kamath et al., 2021). In cementless TKA implant fixation is 

based on the growth of bone on- and into the porous coating of the implant surface, 

also referred to as osseointegration. Successful osseointegration depends on the 

initial stability, which is measured by the relative displacement of the implant with 

respect to the bone, also referred to as interface micromotions. Animal studies have 

demonstrated that when micromotions remain below 40 µm bone will grow into the 
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implant surface, leading to a good primary stability and facilitating long-term 

fixation. When micromotions exceed 150 µm a layer of fibrous tissue is formed that 

inhibits bone ingrowth and causes implant loosening implant (Dammak et al., 1997; 

Keaveny and Bartel, 1993; Pilliar et al., 1986).  

A good primary stability can be achieved by optimizing the compressive and 

frictional forces acting at the bone-implant interface. The frictional properties of the 

implant-bone interface depend on the roughness and porosity of the implant surface 

coating, which can affect the primary stability. Previous studies have shown that 

increasing the roughness and porosity has a positive influence on increasing the 

frictional forces, with reduced interface micromotions (Bobyn et al., 1999; Bragdon 

et al., 1996; Hashemi et al., 1996).  

Several reversible (elastic) and non-reversible (permanent) processes take place 

during frictional loading of the implant-bone interface. In case of a smooth polished 

implant surface, friction is limited to the interfacial shear strength, resulting from 

adhesion forces and chemical bonds (Norris et al., 2008). However, for rougher 

coatings the asperities of the implant surface will be compressed into the bone, and 

the relative interfacial displacement will be restrained by the stress built up in front 

of the asperities. This results in mechanical interlocking, and the friction is 

dominated by the ploughing component and permanent deformation of the bone. 

Hence, for a rough surface coating, the load transfer is related to the yielding 

properties and hardness of the bone, and the real contact area between implant and 

bone. Moreover, the response may vary with normal load, with an increasing normal 

load often leading to a decrease of friction for soft elastic materials sliding against a 

smooth surface (Pascoe and Tabor, 1956). In order to optimize fixation of 

orthopaedic implants it is crucial to understand the complex interactions between the 

implant coating and host bone. 

The objective of the current study therefore was to gain more insight into the 

reversible and non-reversible processes acting at the implant-bone interface. For this 

purpose, tribological experiments were performed with two types of porous coated 

specimens against human cadaveric bone to elucidate the frictional properties of the 

implant-bone interface. Prior to testing the bone and implant materials were 

characterized to investigate the effects of material parameters on the frictional 

behaviour.  
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3. Materials and methods 

Force-displacement experiments were carried out with two different rough and 

porous implant coatings and a polished titanium reference sample, against cancellous 

bone samples. The measurements were performed to show the relation between 

displacement, contact pressure and implant roughness at the bone-implant interface. 

The mechanical behavior of the bone-implant interface depends on the physical and 

mechanical parameters of both the bone and the implant coating. Therefore, prior to 

testing, the texture and hardness of the bone and the roughness of the implant coating 

samples were characterized. 

 

3.1. Bone characterization 

Bone cubes from six different human cadaveric femurs (age 47 to 60 years) were cut 

from the posterior and anterior regions of the distal femur. The specimens were 

stored hydrated in sealed bags at -20°C before experiments. The bone was cut using 

a precision diamond saw (Struers, Accutom-2) and polished with 4000 grit abrasive 

paper. The bone samples were kept hydrated with a saline solution during 

experimental testing. Prior to testing, the density, contact area, hardness and modulus 

of the bone were measured.  

Bone density was measured at the bone surface using a confocal microscope 

(Sensofar SNEOX, Terassa, Spain). After applying a height cut-off filter of 20 µm, 

stitched areas of 6.2 x 4.6 mm with a resolution of 1.3 µm/pixel were analyzed in 

LABVIEW (National Instruments Corporation, Austin, TX) to obtain the area 

densities of the surfaces (Beck et al., 1997). The contact area density (CD) of the 

bone samples was determined based on the digitized images by calculating the area 

ratios in LABVIEW. 

The hardness and elastic modulus of the bone were measured using a nano-indenter 

(Anton Paar, NHT2). An indentation load of 10 mN was applied at a rate 20 mN/min 

and a holding time at maximum load of 10 seconds using a diamond Berkovitch 

indenter probe. Measurement results were fit in MATLAB (Mathworks, USA) using 

the Oliver-Pharr indentation method (Oliver and Pharr, 1992) with a geometric 

constant of ε=0.73, a modulus of 1141 GPa and Poisson’s ratios of 0.07 for the 

diamond tip, and 0.3 for the bone. A viscous correction was obtained by the hold 

curve at maximum load (Ngan et al., 2005).  
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3.2. Implant coating roughness 

Two implant specimens (40×43×5mm) with different surface coatings, hereafter 

called coating A and coating B, were used for the displacement experiments. Both 

samples were made from a medical grade cobalt chrome substrate, coated with a 

porous biocompatible titanium-based plasmaspray coating. A polished titanium 

sample was used as a reference for later force-displacement measurements. The 

roughness of both surfaces and the polished reference sample was measured using a 

confocal microscope (Sensofar SNEOX, Terassa, Spain), at a 10x magnification, 

with a lateral and vertical resolution of 1.29 µm and 25 nm. Measurements were 

repeated 5 times at 3 different samples per coating. 

 

4. Frictional properties of the implant-bone interface 

Friction experiments were performed using a tribometer (UMT, Universal 

Mechanical Tester, Bruker, United States). First, the contact surfaces of the bones 

were prepared by milling the bone to protruding flat surfaces of 10x10mm at 1mm 

height, making the bone smaller than the implant specimens to ensure a well-defined 

contact area for all tests.  

The bone samples were mounted on a reciprocating stage, after which the implant 

samples, mounted to a fixed force sensor, were pressed against the bone surface. The 

relative sinusoidal displacement was measured using a capacitive displacement 

sensor (Figure 1) to avoid compliance errors occurring due to the high normal and 
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frictional loads and the low frame stiffness of the UMT. The ratio of the shear and 

normal force was used to calculate the coefficient of friction. 

 

4.1. Reciprocating friction experiments 

During the first series of experiments, the bone samples were pressed against the 

implant coating samples with a constant contact pressure of 0.1, 0.2, 0.5 and 1.0 MPa 

respectively. At every contact pressure a displacement of 1 mm was applied at an 

oscillating frequency of 1Hz, leading to a maximum velocity of 6.2 mm/s and an 

acceleration of 39.5 mm/s2. With progressing lateral displacement an increasing 

friction force was assumed due to adhesive contacts and the ploughing of the surface 

peaks of the coating through the softer bone surface. Figure 2 (left image) gives a 

schematic representation of the expected behavior of the bone-coating interface 

experiments. Due to the combination of indentation depth and the contact situation 

of the individual peaks, permanent deformation may occur in an early stage of 

motion, resulting in an elastic-permanent deformation displacement (EPD). When 

Figure 1: Tribometer setup. 
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reversing the motion back to the starting point, only an elastic recovery deformation 

(ERD) will contribute to the force-displacement behavior. Continuing the reversed 

motion, however, will result in an EPD in the opposite direction, with negative 

friction forces. The force-displacement loops were used to derive the EPD, ERD, 

and the interface shear stiffness S derived as the ratio of the (change in) friction force 

and the displacement. A LABVIEW script (National Instruments Corporation, 

Austin, TX) was used to determine the ERD and EPD values automatically. The 

derivative of the displacement-friction force signal was used to detect the transition 

distance of EPD to full sliding. At this point the friction force stopped to increase 

and remained more or less constant during the remaining stroke. A detection value 

of 0.04 N/mm was defined as the onset of sliding. The ERD value was determined 

from the distance at maximum displacement of the stroke to the distance at zero-

crossing (Figure 2). 

For every measurement a minimum of 2 bone cubes was used. For each load series 

the cubes were re-milled to achieve the same initial contact situation. Every load 

sequence was repeated twice with 3 loops per measurement, except for the maximum 

load of 100 N, since wear was too severe in this case. For each measurement a new 

implant coating area was used. 
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4.2. Oscillating displacements with increasing amplitude 

Secondly, oscillating experiments were performed with an increasing amplitude at 

constant contact pressure. The experiments started with motions within the elastic 

region (Figure 2, right), and were gradually increased until permanent deformation 

was observed. At low amplitudes unloading would restore the displacement to the 

original position, with some hysteresis losses. Conversely, increasing the 

displacement amplitude would result in bone yielding and permanent displacement 

and wear. The applied displacements ranged from 6 to 350 µm, using a constant 

frequency of 1 Hz. Two bone samples were measured twice with 10 loops per 

displacement amplitude, where the bone cube was not replaced when increasing the 

amplitude, to achieve the same bone-implant interfacial contact. As a result, the 

velocity and acceleration during the measurements ranged from 0.04-2.1 mm/s,  and 

0.2-14 mm/s2, respectively. 

 

Figure 2 Left side: Schematic force-displacement loop, in which EPD = elastic permanent 

displacement, ERD =elastic recovery displacement, and S = contact stiffness. Right: Schematic for a 

small amplitude, resulting in a fully reversable (elastic) force-displacement loop. 
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5. Results 

5.1. Bone characterization 

The bone density (BV/TV) varied from 16.9 to 37.1% quite substantially (Table 1, 

Figure 4). Density was not related to the hardness or Young’s modulus, but a 

correlation was found between hardness and Young’s modulus (E= 3.8+0.0095*H; 

(R2=0.51, p<0.001) (Figure 3). 

 

 

SAMPLE 1 2 3 4 5 6 

BV/TV [%] 28.7 

(6.5) 

16.9 

(2.4) 

23.9 (4.4) 37.1 

(5.2) 

29.4 

(1.6) 

26.8 

(4.6) 

Contact area density [%] 43  

(10) 

25  

(4) 

36  

(7) 

56 

(8) 

44 

(2) 

40 

(7) 

Hardness [MPa] 598 

(107) 

524 

(112) 

482  

(78) 

540 

(91) 

348 

(100) 

268 

(69) 

Young’s Modulus [GPa] 9.5 (1.4) 8.5 

(1.5) 

7.4 

(1.1) 

10.1 

(1.7) 

7.1 (1.7) 7.1 

(1.9) 

Table 1 Measured properties of the 6 different human bone samples. [Value (SD); N=14]. 

Figure 4 Roughness (Ra) of coating A, B and 

Polished surface. 

Figure 3 Hardness versus Elastic modulus of 

the 6 different bone samples. 
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5.2. Implant coating roughness 

 

Scanning electron microscopy (JEOL, JCM-7000) indicated that coating A had a 

smaller particle size with sharp, loosely stacked particles and a high peak density, 

while coating B had larger, more rounded particles, and a lower peak density (Figure 

4). Although the particles visually appeared to be sharper in coating A, the largest 

roughness was seen for coating B for all roughness measures (Table 2). Coating B 

also had the largest auto-correlation length (Sal), which is a measure of the roughness 

peak distance (visible in Figure 5). A significant difference was found between the 

two coatings and the polished surface in texture aspect ratio (Str), a measure for the 

directionality of roughness (p<0.001; Table 2). 

 

 

 
RA [µM] RQ [µM] RZ [µM] SAL [µM] STR [-] 

COATING A 41.2 (1.4) 51.2 (1.6) 357.7 (35.2) 83.3 (9.2) 0.9 (0.1) 

COATING B 53.0 (6.2) 66.3 (7.8) 518.2 (83.6) 132.1 (15.2) 0.7 (0.2) 

POLISHED 

SURFACE 

0.1 (0.0) 0.2 (0.0) 2.4 (0.5) 9.7 (0.3) 0.8 (0.1) 

Table 2 Roughness measures (value (SD)) for the two coatings and polished reference 

surface (N=15 for A and B.  N=5 for polished surface). Ra= arithmetic average 

roughness, Rq= root mean squared roughness , Rz= maximum peak-valley, Sal= auto-

correlation length, Str=texture aspect ratio. 

Figure 5: Scanning electron microscope image of coating A (left) and coating B (right). 
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5.3. Frictional properties of the implant-bone interface 

 

5.3.1. Coefficient of friction 

The highest coefficient of friction was found for coating B, while the polished 

control had the lowest coefficient (Figure 6; Table 3). 

 

 

 

 

  

 
COF SD R2 

COATING A 0.86 0.08 0.98 

COATING B 0.95 0.18 0.93 

POLISHED SURFACE 0.45 0.07 0.94 

Table 3 Friction values for the different implant surfaces N=48 per bone 

sample.( P<0.01). 

Figure 6. Contact pressure plotted against the shear stress of 

coating A and B, and the polished surface against the 6 bone 

specimens. N=48 per bone sample. 
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5.3.2. Interface displacements and stiffness from reciprocating 

experiments 

Larger displacements (both ERD and EPD) were found for coating B than for coating 

A, while the polished reference displayed the smallest displacements (Figure 7). Due 

to the high roughness and large standard deviation of the porous surfaces, a large 

scatter was found in the displacement values of the two coated specimens.  

 

 

Regression analysis in MATLAB was used to fit the shear stress against the elastic 

recovery displacement to calculate the interface stiffness. Coating B had the lowest 

stiffness, while the polished specimen had the highest contact stiffness. The resulting 

ERD and EPD displacements, when applying a 1.0MPa normal load and using the 

COF values of table 2 are shown in table 4. The measurements on the polished 

surface were only performed with one bone type since this was just a reference 

measurement. 

 

Figure 7 The ERD and EPD displacements versus the interfacial shear stress, of 6 different bones 

against coatings A and B and the polished surface. Contact pressures were 0.1, 0.2, 0.5 and 1.0 MPa. 
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5.3.3. Oscillating experiments with increasing amplitude 

By increasing the displacement amplitude a distinction was made between elastic 

force-displacement loops and situations in which permanent deformation started. In 

Figure 8 an amplitude of 33 µm resulted in a fully elastic force-displacement loop, 

while beyond an amplitude of 100 µm sliding occurred at the interface. With 

increasing amplitudes a small distortion of the previous smaller amplitude was 

present in the frictional behavior, which disappeared by wearing off the bone within 

the 10 performed oscillations (inlay figure 8). The force-displacement values 

obtained from this measurement varied within the successive loops, with an increase 

in maximum load after the initial low amplitude measurements. However, with 

 
STIFFNESS 

ERD 

[MPA/M] 

SE 

95% 
R2 

ERD (CI) 

[µM] 

STIFFNESS 

EPD 

[MPA/MM] 

SE 

95% 
R2 

EPD 

(CI) 

[µM] 

COATING A 
10.8 0.19 

0.6

9 
84 - 77 2.9 0.07 0.66 311 - 278 

COATING B 
7.4 0.10 

0.8
9 

134 - 122 1.2 0.06 0.88 904 - 721 

POLISHED 

SURFACE 
12.7 0.33 

0.7

5 
38 - 33 3.1 0.17 0.12 169 - 127 

 P<0.004  P<0.008  

Table 4 Interface stiffness and accompanying elastic recovery displacement at a contact pressure of 

1.0 MPa. SE=standard error. Confidence interval (CI)= (95%).   

Figure 9 ERD of bone 1 at different 

displacement amplitudes and contact 

pressures.  

Figure 8 Increasing oscillation measurements 

with a normal load of 50N. Coating B versus bone 

1. Inlay: influence of previous amplitude. 
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increasing amplitude even a decrease in maximum load and displacement could be 

observed in some cases. These values increased linearly with the contact stiffness 

values. 

In the oscillating experiments the ERD increased with the contact pressure, and was 

dependent on the coating type (Figure 9) . Consequently, the contact stiffness 

increased with the contact pressure, with coating A having the highest contact 

stiffness. At a contact pressure of 1.0 MPa, this could lead to an elastic displacement 

of up to 35 µm without relative slip occurring (Table 5). 

 

CONTACT 

PRESSURE 

0.5 MPA 1.0 MPA 

 
Stiffness 

[MPa/mm] 

SE r2 ERD (CI) 

[µm] 

Stiffness  

[MPa/mm] 

SE r2 ERD (CI) 

[µm] 

COATING A 25.24 0.13 0.92 35  - 33 32.96 0.13 0.99 27  - 26 

COATING B 20.50 0.15 0.93 48  - 45 27.31 0.29 0.91 36  - 34 

 P=0.006      P=0.001     

Table 5 Contact stiffness data oscillating displacements of bone 1. S=shear stiffness. ERD=calculated 

elastic displacement. SE=standard error. Confidence interval (CI)= (95%).   

 

6. Discussion 

This study focused on the interaction of rough implant surfaces with trabecular knee 

bone samples, to gain more insight into the reversible and non-reversible processes 

acting at the implant-bone interface. These processes influence the micromotions at 

the interface, which affect the long term development of fixation of press-fit implants 

through osseointegration. 

The coefficient of friction was quite similar between the two different coatings that 

were tested, and seemed not to be dependent on the contact pressure considering the 

linear relation between contact stress and shear stress. The friction coefficient of the 

polished surface resulted mainly from adhesion at the contact interface, and was 

more than twice as small as the rough surfaces. This underlines the importance of a 

rough coating for obtaining sufficient friction for press-fit implants. 
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The results of the oscillating experiments with the rough coatings highlighted the 

permanent and elastic deformations taking place at the interface. When applying 

small displacements, zones of elastic compression and elastic recovery are present 

in the contact (Figure 10a). When continuing the displacement, the bone will start to 

deform permanently resulting in wear. In this situation, new contact between the 

bone and coating is formed while previously formed bonds are broken (Figure 10b). 

When the displacements remain elastic, reversing the displacement will show a 

similar behavior as the forward displacement. However, the force-displacement 

behavior will not be exactly the same due to the change of contact situations (Figure 

10c). 

 

According to this model, an implant surface with a larger roughness will lead to bone 

contact with fewer roughness peaks and larger indentation depths in the bone, 

resulting in larger bone deformations around the surface peaks of the coating. This 

would explain why the elastic recovery displacement of rougher coating B was larger 

than coating A. Similarly, a larger roughness will lead to a lower contact stiffness. 

The polished surface therefore had the largest contact area between coating and bone, 

resulting in an evenly distributed load transfer and the largest interface stiffness (and 

smallest ERD).  

Figure 10 a) Initial displacement of the implant-bone interface. b) Large displacement leads to wear 

of the bone and creates a new interfacial contact. c) small displacements remain elastic and 

displacements are reversable without wear. 
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Shirazi-Adl et al. (Shirazi-Adl et al., 1993) found an interface stiffness of 0.8 to 3 

MPa/mm for rough surfaces, and 3.6 MPa/mm for polished surfaces, at a normal 

pressure of 0.25 MPa. These measured values are lower than the stiffness values of 

the coatings in this study, which likely is due to the additional frame deformations 

in the study of Shirazi-Adl et al.. 

The high roughness of the coating surfaces resulted in significant yielding and 

elastic-permanent displacements (EPD), which varied up to 400 µm for coating A 

and 520 µm for coating B. These values are similar to those found by Dammak et al. 

(Dammak et al., 1997) and Hashemi et al. (Hashemi et al., 1996), who performed 

tests in the same force-displacement range. Polished samples were more stable with 

maximum values of 180 µm at 0.5 MPa. In the oscillating experiments, the highest 

friction force was observed at the end of the strokes, which can be ascribed to the 

build-up of slopes at the end of the stroke at asperity level, due to wear, permanent 

deformation, and compacting of the bone sample (Hintikka et al., 2016; Jin et al., 

2016; Mulvihill et al., 2011). With larger oscillation amplitudes, hysteresis was 

observed similar as shown by Yu et al. (Yu et al., 2005). At larger amplitudes this 

led to a relative displacement at the interface with the coating sliding over the bone 

sample. 

In light of micromotion measurements that are performed to evaluate the primary 

fixation of press-fit implants, elastic deformations occurring at the interface have a 

significant impact on the interpretation of the results. At a contact pressure and shear 

stress of 1.0 MPa, a maximum elastic displacement of  25µm for coating A and  36 

µm for coating B was observed. Since this elastic deformation is available in both 

directions with oscillating loading conditions, a total deformation of 51 and 72 µm 

can be assumed before relative sliding will occur at the interface. Considering the 

previously mentioned thresholds for osseointegration (<40 µm for bone ingrowth 

and >150 µm for fibrous tissue formation (Dammak et al., 1997; Keaveny and Bartel, 

1993; Pilliar et al., 1986)), the elastic deformations found in the current study are 

quite substantial, and may suggest that bone ingrowth actually occurs in the absence 

of relative sliding at the implant-bone interface. In addition, the current study had a 

detailed focus on the interface, whereas in most experimental set-ups micromotions 

are measured at a larger distance from the actual interface (Anijs et al., 2022; Conlisk 

et al., 2018; Yang et al., 2020), with likely a larger contribution of elastic 

deformations in the measured micromotions. This may also explain the rather large 

range that was found in a systematic review of tolerable micromotion values for 

osseointegration (Kohli et al., 2021). The current results furthermore provide 

valuable information for computational models investigating the primary fixation of 

press-fit components (Berahmani et al., 2017; Taylor et al., 2012; Yang et al., 2022). 
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One of the limitations of the current study is that the bone specimens were obtained 

from donors within a relatively narrow age range (47 to 60 years), with relatively 

good quality bone (7.1-9.5 GPa). This age range was chosen intentionally, as it 

represents the typical age category of patients undergoing primary total knee and hip 

arthroplasty. However, the mechanical response of the implant-bone interface likely 

depends on the bone quality, and may therefore behave differently for osteoporotic 

patients. An additional limitation is that only two different coating types were used 

for the current study, with polished specimens that were included as a baseline 

reference.  

In conclusion, the current study quantified the elastic and permanent mechanical 

response of the implant-bone interface of two surface coatings, and demonstrated 

significant elastic deformations occurring at the interface that may have implications 

for the quantification of interface micromotions and the analysis of osseointegration 

of press-fit implants. 
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Case 4. On the role of adhesive forces in the tribo-

mechanical performance of ex vivo human skin. 

 

1. Abstract 

The frictional performance of ex vivo skin was studied in a range of pressures 

between 0.5 and 20 kPa. Modifications in the coefficient of friction under different 

conditions stressed the important role of adhesion. The friction coefficient of 

“untreated” skin was obtained between 2.3–0.5, between 5.5 and 0.65 for wet skin 

and in a range between 0.65 and 0.35 for oil-covered skin. The contribution of 

capillary adhesion under wet conditions was analysed by the Hertzian and JKR 

contact models. The high coefficient of friction obtained under wet conditions could 

not be explained by the softening effect of the stratum corneum and capillary 

adhesion only. The results suggested a further influence of water in the 

physicochemical properties of the stratum corneum with a subsequent effect on 

friction.  

2. Introduction 

Human skin is a multi-layered structure whose outermost layer, the so-called Stratum 

Corneum (SC), plays an important role in the adhesive properties of the skin because 

of its specific composition. The stratum corneum is usually referred to as “brick and 

mortar”, a biphasic layer of “brick” regions surrounded by the “mortar”. The 

“bricks” are tightly packed flattened anucleated cells (corneocytes) full of keratin, 

which is mainly responsible for the hydration properties of this layer. The “mortar” 

is an organized lamellar periodic bilayer of fatty acids, ceramides, cholesterol and 

water phases [1,2]. On top of the stratum corneum there is a film composed of sebum, 

secreted by the exocrine glands, and other lipids which form the Skin Surface Lipid 

Film (SSLF) [2–4]. This natural lubricant layer is fundamental to understanding the 

tribological performance of the skin at the meso level and it plays an essential role 

in hydration control of the skin [3,5,6]. The application of creams and moistures, 

which are emulsions of oil in water or water in oil, affects the adhesive properties of 

the stratum corneum and subsequently has an effect on the frictional response of the 

skin. The tribo-mechanical behaviour of the human skin has been extensively 

reviewed in connection with different applications [7–11]. 

In previous research the effects of hydration, skin topography and elastic properties 

as well as the role of sebum or other components on the skin surface have been 
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presented as the most relevant factors influencing skin friction [12–18]. As has been 

demonstrated before, adhesion has a major role in the tribological performance of 

the skin and therefore changes in friction due to viscoelastic skin deformation can be 

neglected [11,12,14]. When a smooth spherical ball contacts a flat slice of human 

skin under certain pressure, already, at very low forces, the true area of contact 

reaches the nominal one due to the strong differences in the elasticity of the 

contacting materials. In this case, the effect of skin roughness on friction can be 

ignored and the friction force due to adhesion can be evaluated by means of the 

surface condition of the skin. If the skin is “untreated”, friction would occur mainly 

because of the properties of its Skin Surface Lipid Film (SSLF), whereas if the skin 

is “treated” the role of the adhesion forces needs to be approached according to the 

likely physicochemical changes emerging on the surface. Under dry conditions, the 

skin shows a coefficient of friction typically between 0.25 and 0.5 depending on the 

body location, the contacting material, and the age of the individual or indenter size, 

among other things [12]. Conversely, in the hydrated case, the coefficient of friction 

increases as a consequence of the softening effect of the stratum corneum and the 

changes in adhesion [12,19–21]. When the skin is subjected to substances such as 

oils, creams or moisturizers, a similar effect occurs with a subsequent modification 

in the adhesive properties of the skin. Although the increase in friction with 

hydration either by the direct application of water or by the moisturizing effect of 

creams has been extensively analysed [14,21–25], the mechanism behind the high 

friction has not yet been completely understood. For normal skin, Hertz's theory 

gives a correct approximation as regards the contact area between the skin and a 

spherical ball. However, it has been extensively shown in previous research that an 

increase in the friction force under hydrated conditions cannot be explained based 

only on the Hertzian approach [26]. Thus, other mechanisms have been proposed to 

explain the increase in the coefficient of friction. To include the effect of the adhesive 

forces due to Van der Waals interactions between the contacting materials, a 

modified Hertz's model was proposed by Johnson, Kendall and Roberts [27]. Further, 

a hypothesis put forward by Persson [28,29] suggested the role of the capillary forces 

in the contact between a hard surface and a smooth soft face under wet conditions. 

According to this reference, the softening effect of water causes a decrease in the 

elastic modulus linked to an increase in the capillary adhesion, which addresses the 

issue of the increase in the area of contact and, therefore, the increase in the friction 

force. It has been suggested in previous research that capillary adhesion affects the 

frictional performance of the skin, especially under hydrated conditions 

[14,18,30,31]. However, its effect has not yet been introduced in the models to 

predict skin friction. Hence, to enhance understanding of the mechanisms behind the 

changes of friction due to the application of substances, and particularly under 
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hydrated conditions, an evaluation of the adhesive forces arising on the skin is 

addressed in this work. This is why the main focus of this work was to evaluate the 

role of the adhesive forces in the tribo-mechanical performance of human skin – 

object interactions by means of an experimental and a theoretical approach using 

untreated, wet and oil-covered ex vivo human skin. Three samples taken from the 

abdomen of one individual were evaluated at the meso scale (that is, in a range of 

forces between 1 mN to 80 mN). The measurements were performed on ex vivo 

human skin to avoid both the effect of pre-stretching the skin and the influence of 

the underlying tissue of in vivo skin in the results. Modifications in the elastic 

properties of ex vivo skin can occur as a consequence of the effect of ageing, yet, for 

fresh ex vivo skin, these changes should be minimal compared to the effect of pre-

stretching on in vivo skin. Furthermore, although the results on ex vivo tissue are 

subject to similar variables as in vivo skin, no roughness effects on friction were 

taken into consideration since all the samples came from the same individual. 

Consequently, the number of parameters possibly affecting skin friction were 

minimized in order to evaluate the role of the adhesive properties of the skin under 

different conditions.  

 

3. Theoretical models  

According to the “Two-term friction model” [14,22,33], the friction force is defined 

by the contribution of two non-interacting parts: the adhesive and the deformation 

components. Adhesion is generally considered the main constituent of the friction of 

human skin, whereas the deformation component seems to have a minor influence 

on it [11,14]. The deformation component is proportional to the viscoelastic loss 

fraction, β, due to the viscoelastic behaviour of the skin, the applied force, F, and the 

relative indentation into the skin, 
𝑎

𝑅
: 

𝐹𝜇,𝑑𝑒𝑓 =
3

16
𝛽

𝑎

𝑅
𝐹𝑛 (1) 

 The adhesive component of friction is defined as a function of the area of contact, 

Areal, and the interfacial shear strength, τ, between the contacting surfaces: 

𝐹𝜇,𝑎𝑑ℎ = 𝜏𝐴𝑟𝑒𝑎𝑙 (2) 

Commonly, the total friction force is described as a power law of the normal force, 

as indicated by Eq. (3), with an exponent, m, that varies with the applied conditions. 

Thus, m includes information about the relative contribution of each component to 

the total friction. 
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𝐹𝜇 = 𝑘𝐹𝑛
𝑚 (3) 

When m approaches values close to 1, friction is defined according to Amontons’ 

law. Typically, values between 0.6 and 1.1 can be obtained from the literature in the 

case of the human skin [14,34–38]. To determine the area of contact, A0, for the case 

of the contact between a spherical ball and a flat surface representing the skin, Hertz's 

theory can be used [36,39,40]. Based on Hertz's theory, the contact radius, aH, is a 

function of the applied force, F , the radius of the probe, R, and the Effective Elastic 

modulus, E*, a combination of the elasticity of the contacting materials.  

𝑎𝐻 =
3𝑅𝐹𝑛

4𝐸∗
 (4) 

However, Hertz's theory does not account for the adhesive forces on the contact area 

[41,42] due to the attractive forces between solids. Certainly, the adhesive 

phenomena appear as a consequence of dispersive Van der Waal forces between two 

contacting surfaces. Thus, to evaluate the adhesive behaviour of the skin it might be 

required to include these forces in the contact model. Johnson- Kendall-Roberts 

[27,43,44] proposed a modified Hertz model which includes the force of adhesion 

due to Van der Waals interactions between the contacting materials. Then, the 

apparent force acting on the material's surface is: 

𝐹𝑎𝑝𝑝 = 𝐹𝑛 + 2𝐹𝑎𝑑ℎ + 2√𝐹𝑎𝑑ℎ(𝐹𝑛 + 𝐹𝑎𝑑ℎ) (5) 

  

With Fadh the adhesive force defined as: 

𝐹𝑎𝑑ℎ =
3

2
𝜋𝑅𝑊12 (6) 

where W12 is the work of adhesion between the two contacting surfaces, see 

[41,45,46]. 

Additionally, it has also been proposed that the role of capillary forces which act on 

the contact surface could influence the frictional behaviour of the skin [29]. The 

capillary force can be derived from the capillary pressure given by the Young-

Laplace [44] as indicated in Eq. (7): 

𝐹𝑐𝑎𝑝 = −2𝜋𝑅𝛾𝑙(𝑐𝑜𝑠𝜃1 + 𝑐𝑜𝑠𝜃2) (7) 

  

here R, is the radius of the sphere, 𝛾𝑙, the surface tension of liquid and 𝜃1,2  the 

contact angles of the surfaces. 
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The influence of this force on the frictional performance of the skin has not yet been 

analysed for object – skin interactions. The introduction of these forces in the friction 

model would increase the area of contact, especially at low forces, and it might be a 

better approach to describe the frictional performance of the skin. The negative sign 

of Eq. (7) shows that the force is attractive, so that to include the capillary force in 

the JKR model the sign would be positive and the apparent normal force would be 

given by: 

𝐹𝑎𝑝𝑝
𝑐𝑎𝑝𝑝

= (𝐹𝑛 + 𝐹𝑐𝑎𝑝) + 2𝐹𝑎𝑑ℎ + 2√𝐹𝑎𝑑ℎ((𝐹𝑛 + 𝐹𝑐𝑎𝑝) + 𝐹𝑎𝑑ℎ) (8) 

 

4. Material and methods 

4.1. Ex vivo human skin samples 

Ex vivo human skin samples from abdominal surgery of an anonymous donor were 

used to perform indentation and friction experiments. The samples, provided by the 

Radboud Hospital of Nijmegen, were taken with the consent of the patient and the 

corresponding agreements of the Ethical Committees of the Hospital and the 

University of Twente. The adipose tissue was completely removed from the samples, 

so that the friction data corresponded to the response of Epidermis and Dermis only. 

The average thickness of the samples was 1.2 mm. In general, the source of skin 

samples is subject to availability; it is expected that differences associated with the 

anatomical location fall within deviations among donors, which are consistent 

according to the results of Lewis et al. [47]. In this case, all the measurements were 

performed using abdominal samples from one individual so no roughness effects on 

friction were taken into consideration. In previous research, the contact between the 

fingertip and a counter surface was modelled with a ratio of 1:1 between the apparent 

to the real contact area with an apparent contact area between 45% and 55% of the 

nominal contact area [48,49]. Therefore, in this research the real area of contact was 

considered as 80% of the nominal area of contact with a ratio of 1:1 between the 

apparent and the real contact areas.  

 

5. Experimental methods 

5.1. Surface characterization 

 The surface of the ex vivo skin was analysed with a laser confocal microscope VK 

9700 from Keyence at a magnification of 10x and z-axis resolution of 1 nm. The 
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samples were cut into square shapes of 20×20 mm and they were glued in a Petri 

dish. The surface characterization of the skin was done as received; that is, only in 

the dry condition. 2D and 3D confocal images of one of the ex vivo samples are 

presented in Fig. 1. Additionally, as indicative value, the average surface roughness 

of the 3 ex vivo human skin samples is given in Table 1. Tribo-mechanical 

performance A series of pull-off and friction measurements were carried out by a 

Vacuum Adhesive and Friction Tester (VAFT) created at the University of Twente 

[50]. Indentation tests were performed with a relatively large indenter made of 

Chrome Steel AISI-52100 of 6 mm diameter to ensure that the contact area was 

larger than the diameter of the individual cells of the stratum corneum [32]. The 

forces applied during the measurements ranged from 1 up to 50 mN and they were 

selected to ensure values between 0.5 and 20 kPa; that is, within the range of the 

applications on which our study focuses [7–10]. 

The indentation measurements were performed at a velocity of 50 μm/s. and the 

results corresponded to indentation depths between 3 and 350 μm, which is in the 

meso scale, to assess the layered structure of the skin. Thus, using this type of 

indenter the overall performance of the skin could be evaluated and the influence of 

the holder's material was avoided. The adhesive forces of “untreated” and “treated” 

skin with water and rapeseed oil were obtained from pull-off experiments at z=z0 

during an indentation test. Subsequently, the work of adhesion was calculated based 

on the JKR model as defined in Eq. (6). These measurements were performed on 

“untreated” skin and “treated” skin with deionized water (DW) and rapeseed oil from 

Grease Factory of Lanzhou (China). Moreover, the adhesive forces obtained from 

the experimental results were compared to the capillary forces calculated for the skin 

treated with water and rapeseed oil. Furthermore, friction measurements were 

performed with a Vacuum Adhesive and Friction Tester (VAFT) in a load range of 

1– 80 mN at a velocity of 10 μm/s and a sliding distance of 400–2000 μm. The skin 

samples were glued inside a Petri dish with Loctite (Loctite, Germany). Friction 

measurements were conducted on untreated skin and after applying between 3 and 4 

drops of water and oil onto the skin surface. The fluids were spread on the surface 

and the excess was removed with a paper tissue after 2 min to ensure a boundary 

lubrication regime. Next, the coefficient of friction was obtained and compared to 

the average friction obtained previously on normal skin.  

Rpv (μm) Ra (μm) Rq (μm) Rsk (μm) 

74.03 ± 3 46.20 ± 4 57.67 ± 3 −0.53 ± 0.05 

Table 1 Summary of the average roughness parameters of the ex vivo skin samples. 
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5.2. Theoretical methods 

 

The results of the coefficient of friction under different conditions were compared to 

the results obtained from the theoretical models described in the “Theoretical 

models” section. To better understand the role of the adhesive forces in skin friction, 

the Hertzian and the JKR models were applied to describe the contact situation of 

“untreated” and wet skin. In addition, although it was previously mentioned that the 

capillary force had a role in the increased coefficient of friction under hydrated 

conditions, it has not yet been completely proved whether it has a role or not [51]. 

The effect of the capillary force on the adhesive forces of the skin can cause an 

increase in the area of contact at low forces, which might affect the interfacial shear 

strength as well and, in turn, the coefficient of friction. Thus, the effect of the 

capillary forces was included in both models according to Eqs. (7) and (8) to evaluate 

its likely effect on skin friction. The resulting contact parameters were introduced 

later in the “Two-term friction model” to predict the coefficient of friction under 

each condition. Lastly, the theoretical coefficient of friction was given as a power 

law function of the applied force and the role of the obtained m exponents was 

analysed in relation to the role of adhesion and capillarity in skin friction. The 

parameters used to obtain the capillary forces under normal and dry conditions are 

presented in Table 2. 

Figure 1 Confocal microscope images of excised human skin. At the left is presented a 2D image of 

the skin and at the right a 3D image with a depth scale (size: 1 mm×1.4 mm).
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6. Results and discussion 

6.1. Adhesive .properties of ex vivo human skin  

The adhesive properties of the skin samples obtained from pull-off measurements 

are presented in Fig. 2 for a range of forces from 1 to 50 mN. From the data of these 

measurements the work of adhesion was calculated according to Eq. (6) based on the 

JKR model as a function of the applied force.  

These results, presented in Fig. 3 point out a lower work of adhesion at low normal 

forces, whereas from 10 mN it rises to values around −60 mN and slightly higher at 

50 mN of normal force. This might be owing to the increase in the area of contact at 

higher forces due to Van der Waals interactions, whereas at lower forces it is likely 

 Rapeseed oil 
 

water 
 

Surface tension (mN/m) 43 
 

72 
 

 NORMAL SKIN  WET SKIN  

Contact angle (°) Skin-sebum 90.5 Skin-water 88.8 

 Steel-sebum 81.9 Steel-water 55 

Table 2 Surface tensions for normal skin, water and rapeseed oil. The contact angles between the 

skin and sebum, water  and oil as well as the corresponding values for steel in contact with those 
substances are also given in the table. 

Figure 2 Pull-off forces obtained after pull-off measurements on human skin: figure (a) displays the 

results of two of the tested samples as a function of the force; figure (b) presents the average values 

for the adhesion at forces of 10 and 50 mN. 
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that the adhesion is only due to capillary forces. The higher pull-off forces could also 

be related to the viscoelastic increase in the contact area due to the increase in load 

and longer contact times. The average work of adhesion was 47.5 ± 4 N m−1 which 

is in accordance with previous research on in vivo skin [26].  

 

 

6.2. Frictional performance of ex vivo human skin  

6.2.1. Experimental results  

The frictional performance of 3 ex vivo skin samples is presented in Fig. 4 over a 

range of forces between 1 and 80 mN. The average friction obtained from the given 

results is also presented in the figure. The coefficient of friction at 1 mN was about 

2.3 ± 1 and it decreased according to a power law to values of 0.5 ± 0.1 from 30 mN 

onwards. The standard deviation of the average friction was large, mainly at low 

forces, as a consequence of the variability of the human samples and the low number 

of samples studied. This fact can be seen as a limitation of the experimental part of 

this research, yet it also reveals that the existing differences in the coefficient of 

friction at low forces cannot be explained only by means of roughness or other 

intrinsic surface properties of the skin since all the samples were taken from the same 

individual and the same anatomical location. Thus, external factors might have an 

influence on the surface properties of the skin, which, especially at low applied 

forces, would explain the scattered results for the coefficient of friction. In addition, 

the high standard deviation at low normal forces could also be due to the error 

introduced by the equipment, which is much more relevant at low forces. The 

Figure 3 Work of adhesion of human skin as a 

function of the force for 3 ex vivo samples (square 

markers in red, blue and green); the black line 

represents the average values of three samples 

with the corresponding standard deviation at 

each force.

Figure 4 Evolution of the friction coefficient of the 

excised human samples at the mesoscale, 

evaluated from 1 to 80 mN. In the figure, the 

values of three samples are presented with black 

markers whereas the average friction is indicated 

with a dashed red line.
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adhesive properties of the skin in sliding friction have been found to be influenced 

mainly by the properties of the SSLF or, in general, by the condition of the skin's 

surface [12– 14,25,26,42,43,52,53]. The frictional results at the meso scale are 

displayed in Fig. 5 as a function of the normal force for “untreated” skin and 

“treated” skin with water and oil. 

 

 Wet skin indicated a higher coefficient of friction than “untreated” skin, whereas 

the skin coated with oil presented a lower coefficient of friction than “untreated” 

skin. Further, at low forces, the coefficient of friction presented higher values than 

those obtained at higher forces for “untreated” and “treated” skin. Since the samples 

measured were all taken from the same person, from the same body site and they 

were not pre-stretched, the role of roughness in the measured friction should have 

the same impact. The higher coefficient of friction indicated by the sample treated 

with water could, in part, be explained based on the effect of capillary adhesion on 

the surface and/or a modification in the interfacial shear strength, which, according 

to Persson [28,29], is also related to the changes due to capillary effects. Besides, the 

effect of water causes a decrease in the stratum corneum stiffness and a subsequent 

increase in the area of contact. This interpretation has extensively been used to 

explain the higher coefficient of friction of the skin under hydrated conditions, albeit 

the larger area of contact cannot solely justify the friction values observed 

experimentally. Therefore, other mechanisms might also contribute to the increase 

in skin friction under hydrated conditions. In fact, the effect of water causes 

structural modifications in the stratum corneum, such as replacement of lipid 

covalent bonds by weak hydrogen bonds [54], with a likely effect on the 

physicochemical properties of the skin surface, such as the surface tension or the 

dielectrical properties. Changes in the resistance and capacitance of the human skin 

have been measured after the application of water [55], which reveal an effect of 

water on the electrical properties of the skin. In the same article, a decrease in the 

output voltage with the time when the skin was immersed in water and, subsequently, 

exposed to environmental conditions, is presented. Thus, the specific composition 

and surface properties of the skin are altered when they are in contact with water in 

such a way that, according to these results, the dielectric properties of the stratum 

corneum are modified [56]. Then, the interaction with a counter surface might be 

affected by the electrical changes occurring on the skin surface after the application 

of water. Additionally, the analysis of similar and dissimilar metal contacts in sliding 

friction have demonstrated the role of ploughing and debris in the frictional 

performance of these systems [57]. According to the previous reference, a hard metal 

sliding on a soft metal is influenced by both the ploughing effect and the generated 



Case 4  201 

debris, with a subsequent effect on the coefficient of friction. Skin abrasion has been 

pointed out by frictional and immunohistological analysis when contacting natural 

and artificial turf surfaces [58]. This debris from the stratum corneum might also 

influence the coefficient of friction as in the case of metals. Moreover, segregation 

of compounds and roughness modifications in the stratum corneum were observed 

in our previous research after sliding contact of several materials on ex vivo skin 

[59]. Consequently, during the sliding contact between the skin and a steel ball a 

transfer of debris (stratum corneum removal and sebum) from the skin surface to the 

ball might also cause an increase in friction which, under hydrated conditions, would 

be higher due to the increase in adhesion. Therefore, the increase in the coefficient 

of friction under hydrated conditions might be explained based on the sum of several 

suppositions: 

1. Modification in the physicochemical properties of the stratum corneum with a 

subsequent contribution of other adhesive mechanisms beyond the dispersive 

forces (such as hydrogen bonding). 

2. Increase in the area of contact due to the softening of the stratum corneum. 

3. Effect of the capillary force and capillary pressure at each contact point. 

4. Effect of the electrostatic forces at the contact due to the presence of water ions 

(hydroxide and hydronium) and the molecular changes in the stratum corneum 

due to hydration. 

5. Increase in debris due to a higher adhesion and sticky performance of the 

hydrated stratum corneum.  

Therefore the noticeable differences in the coefficient of friction presented in Fig. 5 

have to be influenced by the aspects listed above. Additionally, the viscoelastic loss 

fraction, β, was also obtained from the indentation measurements. The average value 

was 0.35 ± 0.01, which showed a good agreement with the values from the literature 

[22,35,60,61], and it was used to calculate the deformation component of friction. 

Moreover, the elastic modulus for dry skin was considered 120 kPa whereas for wet 

skin the modulus was 50 kPa. A summary of the input parameters used in the model 

is presented in Table 3. 
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6.2.2. Theoretical analysis 

A fit of the experimental coefficient of friction of normal, wet and oil-covered skin 

is presented in Fig. 5 as a power law of the normal force. The differences in the m 

exponent for the three cases revealed the influence of adhesion in the prediction of 

friction. Further, Fig. 6(a) and (b) presents the contact radius obtained as a function 

of the normal force under dry and wet conditions, respectively, according to the 

theoretical models described in the “Theoretical methods” section. Thus, a 

comparison of the theoretical models with the experimental data under dry and wet 

 
DRY CONDITIONS WET CONDITIONS 

Elastic modulus [kPa] 120 50 

Interfacial shear strength [kPa] E/28 E/18 

Viscoelastic loss fraction β 0.35  

Table 3 Parameters used in the friction model. The elastic modulus at dry and wet conditions was 

obtained according to ref. [57] for a skin model composed of stratum corneum, viable epidermis 

and dermis. The interfacial shear strength, τ, was the fitting parameter in this model.  

Figure 5 Coefficient of friction of human skin as a function of the applied force for 

“untreated” skin (black circles), wet skin (black crosses) and oil-covered skin (black 

stars). The lines correspond to the fit of the experimental data according to a power law 

of the force as is also presented in the figure: normal skin (red dashed line), wet skin 

(blue dashed line) and oil-covered skin (yellow dashed line).
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conditions was done to evaluate the possible role of the capillary forces in predicting 

friction, especially under wet conditions.  

 

 

Therefore, Fig. 7(a) and (b) displays the results of the coefficient of friction under 

both dry and wet conditions, respectively, in comparison with the theoretical results 

from the Hertzian and the JKR models and their modified versions which include the 

capillary effect. From these figures it is noticeable that the coefficient of friction at 

low forces was only approached by the JKR and the modified JKR model already 

under dry conditions. Similarly, under wet conditions the results showed the same 

disposition with coefficient of friction values especially high at low forces, only 

reached by the aforementioned models. To determine which model estimates better 

the experimental result under each condition, the corresponding power law functions 

were calculated for the cases presented in Fig. 7 and they are presented in Table 4. 

This table also shows the standard error (SE) when estimating the experimental 

results. Thus, according to the results presented above, the JKR model, which 

includes the capillary force, exhibits the lowest error for both dry and wet conditions. 

The error for the best cases is still considerably high since it is 13% and 16% for the 

dry and wet conditions, respectively. Therefore, as mentioned previously in the 

discussion, this suggests the necessity of considering other mechanisms to explain 

Figure 6 Evolution of the contact area calculated according to the Hertzian and JKR cases with and 

without considering the capillary forces: (a) dry conditions; (b) wet conditions.
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the interaction between the human skin and other surfaces, particularly under 

hydrated conditions, where the coefficient of friction yields especially high values. 

Moreover, the differences with respect to the experimental data can also be due to 

deviations in the values of some applied parameters, such as the elastic modulus. 

Additionally, the theoretical coefficient of friction presented as a function of the 

normal force decreases according to a power law function, whereas at a certain load 

the experimental coefficient of friction keeps steady at around 0.4 by suggesting a 

different regime at higher forces. So the error of 13.3% and 16.2% for the modified 

JKR model was mainly due to the differences with respect to the experimental data 

at the highest forces. Furthermore, the m exponent obtained for the experimental data 

presented high values under both dry and wet conditions, which indicated an 

important contribution from the adhesive forces to the coefficient of friction. A value 

of −0.53 for the experimental data was properly assessed under dry conditions by the 

JKR model, which presented an m exponent of −0.52. The value of the m exponent 

for the experimental data indicated an increase in the adhesive forces under wet 

conditions, in comparison to the dry case. Under wet conditions, the experimental 

results addressed the issue of an increase in the m exponent, which reached −0.87. 

The theoretical m exponents for the Hertzian and JKR models were −0.32 and −0.57 

which were too low compared to the experimental result. Thus, the Hertzian and the 

JKR models were inadequate to simulate the high adhesion displayed on ex vivo skin 

under wet conditions. The comparison of the function fits, including the capillary 

force, showed a better agreement of the experimental results with the modified JKR 

Figure 7 Coefficient of friction as a function of the normal force for ex vivo skin at normal (a) and 

wet (b) conditions. The experimental data is presented by black circular markers. The coefficient of 

friction based on the models is presented with a green line for the Hertzian case, blue line for the 

JKR, violet dashed line for the modified Hertzian case and red dashed line for the modified JKR case. 
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model given by Eq. (8). The modified version of the JKR model presented an m 

exponent of −0.62, still lower than that obtained from the experimental results. 

Consequently, the contribution of the adhesive forces at low normal loads and in 

particular under wet conditions requires the consideration of adhesive and capillary 

forces to approach the frictional performance of the skin. Hence, this analysis 

suggests that both adhesive and capillary forces need to be taken into consideration 

for the frictional performance of the skin under wet conditions, whereas the JKR 

model represented properly the tribological behaviour of the skin under dry 

conditions. Thus, the increase in the adhesion at the meso scale under wet conditions 

can be explained in terms of capillary forces due to condensation of water molecules, 

the effect of creams, moisturizers or other lubricants or as a consequence of 

modifications in the SSLF of skin. 

7.  Conclusions 

The adhesive properties of ex vivo human skin have been analysed in relation to their 

frictional performance. Pull-off measurements in a range of pressures between 0.5 

and 20 kPa indicated an average work of adhesion of 43 ± 15 mN/m which is 

consistent with the literature. The high standard deviation of these results is due to 

the scattered results of the pull-off forces. Further, the analysis of the frictional 

performance of “untreated” and wet skin showed similar values for the coefficient 

of friction to those observed in previous research. A considerable increase in friction 

was observed under wet conditions with a maximum coefficient of friction of 5.5 

decreasing to about 1 as the force was raised. For “untreated” skin, a maximum 

coefficient of friction of 2.5 decreased to around 0.45 as the force increased. 

Experiments on oily-covered skin indicated a steadier coefficient of friction with 

DRY 

CONDITIONS 

 
SE [%] WET 

CONDITIONS 

 
SE [%] 

Experimental µ=0.05∙F−0.53 
 

Experimental µ=0.05∙F−0.53 
 

Hertz m=0.11∙F−0.32 42.6 Hertz µ=0.11∙F−0.32 55.5 

Hertz + cap µ=0.11∙F−0.33 42.6 Hertz + cap µ=0.11∙F−0.33 49.7 

JKR µ=0.06∙F−0.51 17.3 JKR µ=0.06∙F−0.51 17.3 

JKR + cap µ=0.06∙F−0.52 13.30 JKR + cap µ=0.06∙F−0.52 16.2 

Table 4 Summary of the coefficient of friction as a power law function of the normal force at dry and 

wet conditions according to each of the cases investigated: Hertz, JKR and the modified version of 

those two models. 
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values between 0.65 and 0.35 in the range of applied forces. Based on these results, 

the coefficient of friction was described as a power law of the normal force with 

variations in the m exponent, which confirmed the role of adhesion in skin friction. 

The analysis of the frictional models indicated a good agreement of the experimental 

results with the JRK model under dry conditions. The introduction of the capillary 

forces in the JKR model caused a slight increase in the coefficient of friction, which 

indicated a better agreement with the experimental results under wet conditions. 

Nevertheless, a larger coefficient of friction needs to be obtained under wet 

conditions to resemble the experimental results. Thus, the contribution of other 

mechanisms to the total adhesion force must be considered. The influence of debris 

from the stratum corneum removal, the ploughing effect, a higher contribution of 

deformation or an effect of the electrical potential associated with the 

physicochemical properties of the contacting materials, especially at low forces, can 

introduce modifications in the total friction force that are not currently taken into 

consideration. Moreover, modifications in the interfacial shear strength as a function 

of the force must also be studied, especially because of the layered structure of the 

skin. Besides, changes in the skin surface lipid film (SSLF) could also introduce 

alterations in the location of the shear, with a subsequent effect on friction.  
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Case 5. Friction in the contact between skin and a soft 

counter material: Effects of hardness and surface finish. 

 

1. Abstract 

 

The interaction behaviour of skin with a counter surface depends strongly on the 

surface roughness of the counter surface. For relatively hard surfaces this effect is 

described in various literature, but for soft, or compliant, materials this is much less 

studied. Inside the contact, the protuberances on the surface will deform 

substantially. In order to gain insights into the effect of surface roughness and 

hardness on the frictional behaviour between skin and a soft counter surface a range 

of experiments were performed using artificial skin and various silicone compounds 

which are commonly used in medical devices that interact with the human skin. 

Using these results, a ‘friction map’ was created that shows the friction behaviour as 

a function of the elastic modulus and the surface roughness. When the surface 

roughness is increased the friction coefficient decreases due to the reduction in the 

real area of contact, which weakens the adhesion between the two surfaces. A 

minimum coefficient of friction was observed at a surface roughness of 

approximately 4 µm. For the softest compounds tested there was minimal effect of 

surface roughness on friction because the roughness protuberances inside the contact 

will be flattened. Silicone compounds with increased hardness showed a larger 

sensitivity of the friction to the surface roughness, because these harder surface 

roughness protuberances are more resistant against deformation. The friction map 

provides a tool when designing products that require certain frictional properties: for 

products that are required to adhere to skin a smooth and soft material is 

recommended, whereas for products that require a low coefficient of friction a harder 

compound with a surface roughness of approximately 4 µm is recommended. 
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2. Introduction 

Many medical devices that are designed to interact with human skin or other soft 

biological tissue employ a soft polysiloxane ('silicone') material to act as the interface 

with the skin. Examples include face masks, such as for continuous positive airway 

pressure therapy, medical tubing, prosthetic liners as well as soft tissue implants 

(Sanders et al., 2004; Sanders et al., 1992; Bałazy et al., 2006; Barr and Bayat, 2011). 

The compliance of the silicone material increases the contact area between the skin 

and the counter surface and thus reduces the contact pressure and as a result may 

provide a perception of increased comfort. However, the large area of contact 

combined with the tackiness of the silicone, particularly at elevated levels of 

temperature and moisture due to occlusion inside the contact, may create a harsh 

environment for the skin in which elevated levels of shear can easily lead to irritation 

and damage in the form of wounds, blisters or ulceration (Laszczak et al., 2016; De 

Wert et al., 2015; Guerra and Schwartz, 2011; Derler et al., 2012; Klaassen et al., 

2016; Bader et al., 2005). 

The work presented in this paper is based on the concept that tissue damage caused 

by the severity of the contact during interaction with silicone-based medical devices 

may be reduced by reducing the shear stresses acting on the tissue (De Wert et al., 

2015; Derler et al., 2012; Linder-Ganz and Gefen, 2007). This can be done either 

globally, i.e. by reducing the overall level of shear in the contact or, in cases where a 

certain amount of shear is required for appropriate function, by transferring the shear 

loading to skin sites that are more tolerant to loading and thus unloading more 

sensitive skin sites. For example for a transtibial amputation the sensitive areas of 

the skin that should not be loaded include the patella, tibial crest and bony 

prominences such as the fibular head (Lee et al., 2005). In this work, we study the 

effects of changing the surface roughness and the hardness of silicone surfaces that 

are in contact with the skin. This leads to a set of 'design criteria' for applications 

where friction is important when two soft bodies are in contact. 

3. Contact and friction in skin contacts 

It is well known that for skin-object interactions, just like most other tribological 

contacts, both the material properties and the surface finish will affect the friction, see 

e.g. Zum Gahr (1987). Typically, the friction observed in skin contacts shows an 

inverse relationship with the surface roughness of the counter body. Hendriks et al. 

showed that the coefficient of friction for skin interacting with a metal surface 

reduced by approximately an order of magnitude when the metal’s roughness 

increased from 0.1 µm to 10 µm (Hendriks and Franklin, 2009). Masen observed a 
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similar trend for the dry index finger against stainless steel, with the coefficient of 

friction steadily decreasing from 0.9 for a surface with an Rq of 0.004 µm to 0.4 for 

an Rq of 1.8 µm (Masen, 2011). However, for wet skin an increased coefficient of 

friction was found for intermediate surface roughness values, which was attributed 

to the combined effects of adhesion and deformation. Derler et al. compared the 

coefficient of friction for smooth and rough glass against the ulnar side of the hand 

and observed lower coefficients of friction for the rougher counter surface (Derler et 

al., 2009). Baum et al. studied the effect of surface roughness between a snake skin 

replica and a glass counter surface and observed a decrease in coefficient of friction 

for increasing roughness up to a Ra of 9 µm, after which the coefficient of friction 

increases with increasing roughness (Baum et al., 2014). This means that controlled 

local variations of the friction, and thus the resulting shear stress acting on the skin 

may be achieved by developing surfaces with local variations of material properties 

and/or surface finishing. However, at present, one of the limiting factors in 

developing such products is that the contact between skin and silicone is a com- 

bination of two compliant materials, whereas the majority of studies investigating 

the tribology of skin have focused on the interaction of skin with materials that have 

a significantly higher stiffness. This means that in most studies the deformation of 

the counter surface can be ignored and only the deformation of the skin is taken into 

account. In the case of a contact between the skin and a compliant silicone product, 

such as a prosthetic liner or a face mask, this assumption cannot be made as both the 

skin and the counter surface have comparable stiffness. The objective of the current 

work is to investigate the frictional forces in the contact between skin and a soft 

counter body, and how they relate to the stiffness (or compliance) and the surface 

roughness of the silicone surface. 

4. Methods 

4.1. Skin mimic 

The frictional behaviour of in-vivo skin has been studied by various researchers, 

recent examples include Klaassen et al., 2016; Klaassen et al., 2017; Hendriks and 

Franklin, 2009; Masen, 2011; Derler et al., 2009; Adams et al., 2007; Tomlinson et 

al., 2009; Zahouani et al., 2009; Leyva-Mendivil et al., 2017; van Kuilenburg et al., 

2013; Veijgen et al., 2013. Although many of the underlying mechanisms are still 

not understood to a level that predictive quantitative models can be developed, a 

common conclusion is that whilst measurement results obtained on healthy subjects 

show a large spread as a result of both inter- and intra-subject variability (Cua et al., 

1990; Veijgen et al., 2012), discernible qualitative trends can be obtained. To limit 

the dependence on test subjects and facilitate investigating trends, various studies 
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have reported on the development of tribological mimics for skin. Such mimics range 

from fairly simple elastomers to complex multi-layered structures with tailored bulk- 

and surface properties (Nachman and Franklin, 2016; Morales Hurtado et al., 2016). 

Derler and co-workers (Derler et al., 2007; Cottenden and Cottenden, 2013; Falloon 

and Cottenden, 2016) investigated the use of an 'artificial leather' (Lorica Soft, Italy) 

as a tribological skin mimic and concluded that this material provides friction results 

that are representative for data obtained in-vivo. 

For the current study, the availability of a suitable skin mimic eliminates the need 

for performing experiments on volunteers, and indeed testing on a skin mimic is 

preferred as it will reduce variability and thus improve the repeatability of the results, 

which enables distinguishing trends that would not be discernible from results 

obtained on life subjects. Fig. 1 shows confocal microscopy images of a 

representative in-vivo skin specimen, measured on the volar forearm and the Lorica 

Soft skin mimic used in this study. The measured roughness value (Ra) of the two 

specimens are similar, and both surfaces show somewhat comparable texture, 

although the micro relief on the skin shows a larger number of furrows, which 

are also more strongly defined. This can be observed by the triangular pattern on the 

real skin surface which are separated by sharp edges. The artificial skin also contains 

furrows, but these have smoother edges and the microrelief features are larger. 
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The reduced Young's modulus E* = E/(1-n2) of the skin mimic, as determined 

by fitting a Hertz (elastic) contact model through spherical indentation data, is 1.8 

MPa. This value corresponds well with the elastic modulus of 1.5 MPa for the 

epidermis as reported in the review paper by van Kuilenburg et al. (2012). 

4.2. Silicone specimens 

Silicone test specimens were produced using tin-cured silicone compounds (Smooth-

On, Pennsylvania, USA) by casting into hemispherical moulds. The specimens are 

hemispheres with a diameter of 8.0 mm, which were glued onto aluminium sample 

holders. Specimens with different compliances are obtained by using three different 

silicone compounds. The Young's moduli for the specimens were determined by 

performing indentation experiments on a UMT Tribolab system (Bruker, USA). 

Additionally, Shore A Hardness values were measured using a hardness tester 

(Zwick, Germany).  

The viscoelastic characteristic of the materials, as represented by the ratio between 

storage and loss modulus, tan(d) was determined by performing dynamic-

mechanical analysis (DMA) measurements on a Metravib VA2000 system 

(Metravib, France). The obtained mechanical values are reported in Table 1. For each 

silicone compound, seven samples are produced with Ra roughness values ranging 

between 0.5 µm and 7.8 µm, as measured using a confocal microscope (Keyence, 

Figure 1 Confocal microscopy images of in-vivo skin (left) as well as the skin mimic employed in this 

study (right). 
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Japan). The range of roughness values was achieved using moulds with varying 

surface roughness. As the surface roughness of a moulded specimen is not simply a 

mirror-copy of the mould but also depends on material properties such as the 

viscosity of the silicone compound, the specimens of the different compounds 

made in the same mould have a comparable, but not 100% identical, surface 

roughness. Fig. 2 shows images of three representative silicone specimens, 'smooth', 

'medium' and ‘rough’ used in this study. 

 

Contact angle measurements were performed using three liquids; n- hexane, glycerol 

and water, from which the surface free energy was calculated using the method of 

Owens and Wendt (1969). The surface free energy of the three compounds was 

between 26 and 27 mJ/m2 and did not significantly differ between the three 

compounds. Therefore, it may be assumed that the interaction of all three silicone 

materials in terms of the interfacial shear strength is constant and any observed 

differences in contact behaviour follow from differences in the real contact area 

between the two interacting surfaces. The characteristics of the various specimens 

are summarised in Table 1. 

  

Figure 2 Microscope images of the smooth (Ra = 0.7 µm), medium (Ra = 2.3 µm) and rough (Ra = 7.8 

µm) silicone specimens. The bar represents 100 µm, each image shown at the same scale. 
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Table 1 Properties of the silicone specimens 

 
Soft 

compound 

Medium 

compound 

Hard 

compound 

Specimen shape Hemisphere 

Specimen radius of curvature [mm] 4.0   

E-Modulus [MPa] 0.45 0.60 0.91 

Approximate Shore Hardness [Shore A] 3.6 10.4 19.2 

Viscoelastic loss tangent, tan(δ) [-] 0.08 0.04 0.04 

Surface Free Energy [mJ/m2] 26.9 26.2 27.1 

Roughness Ra [µm] 

Specimen A 

('smooth') 
0.7 0.5 0.7 

Specimen B 0.9 1.1 1.0 

Specimen C 1.0 1.2 1.3 

Specimen D 

('medium') 
2.3 1.9 2.3 

Specimen E 2.8 3.3 4.2 

Specimen F 3.9 5.9 5.9 

Specimen G  

('rough') 
7.0 6.6 7.8 

 

 

5. Friction measurements 

Friction measurements are performed on an UMT Tribolab system (Bruker, USA). 

A spherical silicone pin is used as the upper specimen, whilst the flat skin mimic is 

the bottom specimen. Contact is initiated by lowering the spindle-driven vertical 

stage that contains the silicone specimen at a speed of 10 µm s−1. The skin specimen 
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is mounted on a horizontal linear drive that, after contact is established, starts moving 

at a speed of 100 µm s−1 to create a sliding contact. Both the applied normal force 

and the resulting friction force are measured using the Bruker DFM-2.0 two-

directional force transducer. The resolution of this force transducer in both 

normal and lateral direction is 1.0 mN. Force readings are recorded at 1000 Hz and 

filtered using a moving average filter with a width of 10 samples. 

Experiments were performed under room conditions (22 °C, 60% RH) at six normal 

loads, ranging between 0.04 N and 1.28 N, resulting in Hertz mean contact pressures 

of approximately 27 kPa to 210 kPa. These values are clinically relevant as they 

represent typical pressures found at the interface of a lower limb stump and a 

prosthetic liner, and are somewhat lower than the peak pressures reported in 

(Lee et al., 2004). A stroke length of 10 mm was sufficient to initiate full 

macroscopic sliding even for the most compliant compound at the highest 

applied load. The skin-product interface for most silicone-based pro- ducts, 

such as face masks and prosthetic liners, is stationary or static contact 

meaning that macroscopic sliding does not occur. The maximum static 

coefficient of friction (µs,max ) is therefore an important factor determining the shear 

forces that may occur in the skin, and is the parameter of interest in this study. It 

defines the transition between sticking (i.e. static friction) and rubbing (i.e. dynamic 

friction) in the contact between the silicone and the skin. Experimentally, moving 

the specimens at a speed of 100 µm/s facilitates observing a clear transition between 

the static and dynamic friction regimes. 

Each measurement consists of two back-and-forth reciprocating motions and each 

measurement is performed three times, resulting in a total of 12 values for µs,max 

measured around the reciprocation points per experimental condition. Typical 

measured force signals are shown in Fig. 3: the dark green line shows the applied 

normal force, whilst the dark blue line shows the measured friction force Ff . The 

graph also shows the second time derivative of the average filtered friction force, Ff 

, which can be used to identify the onset of full macroscopic sliding. It is 

interesting to note that the obtained friction force signal is quite 'square' and 

no static friction peak at the reciprocal point is observed. The maximum 

static friction force is therefore defined as the maximum friction force 

measured within the first 100 µm after initiation of full sliding. Both the 

static coefficient of friction (calculated as the peak static friction force divided by 

the normal load) and the absolute peak static friction force are used for further 

analysis. 
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6. Results 

Fig. 4(a)–(c) and 5(a)–(c) show the combined results from the friction 

measurements. The three different graphs represent (a) the soft, (b) the 

medium and (c) the hard compound. 

6.1. Normal load effects 

The coefficient of friction decreases strongly with increasing normal load. The 

dashed lines indicate the trends observed for the highest and lowest friction values, 

these represent the smoothest and roughest specimen respectively. Particularly at the 

lower end of the applied loads, there is a substantial difference between the maximum 

and minimum measured coefficients of friction. This difference in coefficient of 

friction at low loads is already quite pronounced for the softer silicone and is even 

larger for the with silicone compounds with higher stiffness or shore hardness. At 

increased loads the difference between the various rough specimens reduces for all 

compounds. A logical explanation is that at low loads the in-contact, or deformed 

Figure 3 A typical force measurement. The dark green line shows the applied load, which is fairly constant 

at 0.64 N. The dark blue line shows the resulting friction force, alternating between 0.4 N and -0.4N with 

each reciprocating motion. The second time derivative of the friction force is shown in light blue. A local 

extreme in this calculated signal indicates indicates the transition to full macroscopic sliding. (For 

interpretation of the references to color in this figure legend, the reader is referred to the web version of 

this article.). 
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roughness of the silicone surface persists, particularly for the harder compounds, 

whilst at the higher loads the roughness asperities on all the silicone surface are 

deformed, creating what is, in essence, a smooth contact.  

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 4 The maximum static coefficient of friction 

as a function of the normal load for the A) soft, B) 

medium and C) hard silicone specimens. The 

legend shows the Ra surface roughness values. 
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6.2. Roughness effects 

The graphs in Fig. 5 show the same data as Fig. 4, but now re- presented as a function 

of the surface roughness of the specimens. To enable differentiation between the 

curves for the various applied loads in these graphs, the data is represented in terms 

of the maximum static friction force and not the coefficient of friction, whilst the y-

axis has a logarithmic scale. Particularly for the harder silicone compound the 

roughness of the silicone has a major effect on the maximum friction in the contact, 

and therefore at the stresses at the onset of sliding. The friction forces are relatively 

high at both the smooth and rough-end of the range, with a minimum friction 

observed for intermediate roughness values. This is particularly evident for the 

Figure 5 The peak static friction force as a 

function of the surface roughness for different 

normal loads for A) the softest compound, B) 

medium compound and c) hardest compound. 
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medium and harder silicone compounds and is clearly shown by the dotted lines in 

the graphs, which are second order polynomial fits through the data points. These 

curves indicate that a minimum friction occurs at a roughness Ra between 4 and 5 

µm. Additionally, the curvature of the fitted curves increases with compound 

stiffness, indicating that stiffer or harder materials show a more pronounced effect 

of surface roughness on friction. 

7. Discussion 

From the obtained experimental results some general trends can be deduced which 

allows to hypothesize on the predominant mechanisms underlying the interaction 

behaviour. In the following discussion one needs to keep in mind that, even though 

terms such as 'compliant' and 'stiff' are used, these refer to silicone surfaces with 

Shore A hardness values ranging between 3 and 20, meaning all materials in this 

study are rather soft or compliant in comparison to the stratum corneum and the skin 

mimic used in this study. 

Fig. 6 shows a schematic overview in which all previously presented results are 

superimposed. The figure shows that the static friction values obtained between the 

skin mimic and silicone materials are high, ranging from 1 to 3. Additionally: 

• The static coefficient of friction measured at low loads is much 

higher than for higher loads 

• For rough surfaces a lower static friction is found than for smooth surfaces. 

• For stiff materials the static friction values are strongly sensitive to the 

surface roughness. This roughness effect is particularly pronounced at low 

loads. In contrast, the static friction for compliant materials is fairly 

insensitive to the surface roughness. 

• For smooth surfaces the effect of stiffness of the material is fairly small: the 

static friction obtained with the smooth compliant silicones is at a similar 

level as the smooth stiff silicones. With increasing loads this trend continues: 

the compliant silicone contacts have a friction level similar to the smooth 

stiffer materials, but at increased loads the size of the 'envelope' in which all 

results fit is strongly reduced, and the coefficient of friction appears to 

approach a single asymptotic value of about μ ≈ 1. 

 

The static friction in the contact between two compliant bodies, such as the silicone 

component and the skin surrogate used in the present study, follows from 

combination of adhesive friction and roughness interlocking mechanisms. The 
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adhesion results from shearing of physical bonds, such as Van der Waals forces 

and is the product of the interfacial shear strength of the sliding interface and the 

area of contact between the two materials. The observed reduction of the coefficient 

of friction with increasing applied force is commonly linked to adhesion being the 

dominating friction mechanism. 

In the presented results, however, because the difference in surface free energy 

between the silicone specimens employed in this study is negligible, the shear 

strength of the skin-silicone interface can be assumed to be identical for all 

specimens and any differences in adhesive friction force are only determined by the 

area of contact between the two materials. The implication of this would be that, if 

the frictional behaviour of the contact was only determined by adhesion, the friction 

of the compliant material should be higher than that of the stiff material. This is not 

the case, indicating that adhesion is not the sole mechanism and that interlocking of 

roughness asperities also plays an important role. Indeed, for smooth surfaces 

the observed friction for the compliant and the stiff material are similar. 

For surfaces with increased roughness, the roughness protuberances for a compliant 

material are more easily deformed and compressed than those on a stiff surface, 

causing a significant difference in friction at the lower end of the loading scale. At 

Figure 6 Schematic overview of all results, superimposed. 
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increased loads the surface roughness for all specimens is compressed and we obtain 

a 'smooth contact' where the measured coefficient of friction for all specimens 

appears to converge. 

Fig. 6 showed that for smooth surfaces, the friction force decreases with increasing 

roughness, while for rough surfaces the friction in- creases with increasing 

roughness. For the surfaces with a fairly high elastic modulus, a minimum friction 

was obtained for surface roughness values of approximately Ra ≈ 4 µm whilst for 

the more compliant surfaces the minimum friction occurs at Ra ≈ 6 µm. Depending 

on the stiffness of the silicone, roughness protuberances or asperities inside the 

contact will be compressed to a certain degree and it is hypothesized that a surface 

roughness of approximately 5 µm is large enough to not be fully compressed in the 

contact. This means that friction reaches a minimum because of the combination of 

a reduced real area of contact between the silicone specimen and the skin mimic in 

combination with minimal effects of roughness interlocking. This agrees with 

previous findings, see e.g. Hendriks and Franklin (2009) and Gee et al. (2005). For 

skin in contact with a range of engineering materials, i.e. materials with a Young's 

modulus at least an order of magnitude higher, Hendriks suggests that the surface 

roughness at which the minimum dynamic coefficient of friction occurs is expected 

to increase with increasing Young's modulus. Gee et al. reported the minimum 

friction coefficient for a finger sliding against steel to occur at a surface roughness 

of 3.2 µm. However, next to skin against hard surfaces, these studies relate to 

dynamic friction where viscoelastic effects may also play a role. In addition, the 

friction ridges on the finger might introduce a further effect of ploughing or 

mechanical interlocking, meaning that these results cannot simply be translated to 

the current situation under study. It should be noted that the silicone compounds used 

in the present study only covered three different stiffness values, meaning there is 

insufficient detail to determine whether there is a true significant effect of the elastic 

modulus on the surface roughness at which the friction force shows a minimum. The 

results obtained in the present paper can be diagrammatically summarised into a 

design graph for soft-skin contacts, shown in Fig. 7. 
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This diagram shows the coefficient of friction as a function of both the surface 

roughness and the elastic modulus, taking into account the boundaries of the present 

study, i.e. three different elastic moduli, between 0.45 and 0.9 MPa were employed 

in this study, with roughness values ranging between 0.7 µm and 8 µm and 

contact pressures between 27 and 210 kPa. These boundaries cover the range 

of practically relevant materials, roughness values and conditions. The figure is 

composed by combining the second order polynomial fits that were presented in Fig. 

4(a)–(c) into one figure, interpolating between the three stiffnesses. The colours in 

the diagram indicate the value of the coefficient of friction. The diagram provides an 

overview of the combined effects of surface roughness and elastic modulus (or shore 

hardness) and indicates which properties to focus on or select when designing a 

material and surface with a certain desired friction behaviour. This graph clearly 

shows that there is a combination of a surface roughness and a Young's modulus 

where the shear forces acting on the skin will be minimal. 

 

 

Figure 7 Friction coefficient map for surface roughness and elastic modulus. 
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8. Conclusions 

 

This paper discussed the effects of the surface roughness and the compliance 

(quantified in terms of elastic modulus or shore hardness) of soft silicone compounds 

in contact with a mimic material for human skin. In such systems, friction is relatively 

high for both smooth surfaces (i.e. a roughness Ra < 1 µm) and rough surfaces (Ra > 

6 µm), with a minimum friction found for surfaces with a roughness Ra ≈ 5 µm. The 

initial reduction of the coefficient of friction when increasing the surface roughness 

for smooth surfaces is attributed to a reduction of the real area of contact, whereas 

the subsequent increase of the friction with further increasing surface roughness is 

attributed to the inter- locking of roughness asperities. Soft materials only show a 

minor effect of surface roughness as the roughness asperities are easily compressed 

and the in-contact surface roughness is smooth, whereas for the stiffer silicone 

compound the in-contact surface roughness is more persistent, although this 

persistence strongly depends on the applied load. 

For the studied contact between a skin mimic and silicone materials, the relative 

sensitivity of the friction to the roughness and the stiffness of the silicone is: 

• At low surface roughness the effect of changing the surface rough- ness is 

large: the friction decreases with increasing roughness. For these roughness 

values the effect of changing the elastic modulus is almost negligible. 

• For intermediate surface roughness values the friction becomes much 

more sensitive to the elastic modulus. At roughness values between 3 and 

6 µm the friction is only affected by the elastic modulus of the silicone 

material. Increasing the elastic modulus reduces the friction in the contact.  

• At the higher end of the surface roughness the sensitivity changes again, 

showing the friction is affected strongly by the surface roughness and 

only to a minor degree by the elastic modulus of the material. An increasing 

roughness results in increasing friction, with an elevated friction for the 

softer materials. 

 

When designing a product that has soft surfaces intended to interact with the skin and 

where shear forces resulting from (static) friction plays an important role, these 

guidelines can help selecting a combination of surface roughness and material to 

optimise the product. For a product this could mean that skin areas that are prone to 

overloading or damage by shear forces can be relieved by choosing a surface 
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roughness that is close to 4 µm, or by locally using a less compliant material. Skin 

areas that are sensitive to irritation or damage due to rubbing (dynamic friction) 

would benefit from locally using a softer material to ensure sticking. This would 

enable optimisation of the local friction condition using a combination of surface 

techniques. 
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