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INTRODUCTION

1. Introduction

The knee is a synovial joint formed by articulations between three main
components: the distal part of the femur, the proximal part of the tibia, and the
patella (Figure 1). The knee joint is one of the most complex joints in the human
body, undergoing very large forces under complex articulation conditions,
making it vulnerable to a variety of injuries.

The tibial plateau, femoral condyles and posterior surface of the patella are
covered with articular cartilage to facilitate smooth articulations. The primary
function of cartilage is to maintain a smooth surface allowing lubricated, near-
frictionless movement and to help transmit articular forces in the joint [1]. Passive
stabilization of the knee joint is provided by the ligaments, which restrain joint
motion. The main tibiofemoral ligaments are the medial (MCL) and lateral
collateral ligaments (LCL), and the anterior (ACL) and posterior cruciate
ligaments (PCL) in the center of the knee joint. These structures are responsible
for stabilizing the joint in the anterior-posterior (AP), medial-lateral (ML) and
proximal-distal (PD) directions, but also constrain internal-external (IE) and
valgus-varus (VV) rotations, while the knee can rotate around flexion-extension
(FE) axis in different daily activities. The menisci are fibrocartilaginous
structures that sit on the medial and lateral tibial plateau, deepening the
tibiofemoral articulating surfaces. The menisci improve stability, shock
absorption and smoothened load transmission within the knee.
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Figure 1: Anterior view of the osseous, ligamentous and fibrocartilaginous structures of the knee.
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The knee joint is susceptible to many injuries. The tibiofemoral articular cartilage
is of great interest, as osteoarthritis (OA) has a significant impact on quality of
life. Injuries involving knee ligaments (i.e. ACL rupture) can cause joint
instability, which may eventually lead to degenerative damage to other soft
tissues. Trauma and unusual loading mechanism are known as the causes for
meniscal injury, which is a common source of pain and functional impairment of
the knee joint [2]. These types of injuries may induce OA which has large
consequences for the individual and for the healthcare on a macro economical
level.

Computational biomechanics is a widely used tool to assess complex orthopedic
problems that remain elusive or difficult to understand. A common tool in
numerical simulation is the finite element method (FEM), which can provide
highly detailed information on the biomechanical response of knee structures.
The first application of FEM in biomechanics goes back to 1972 [3]. Only a
decade later, the first review on the application of FEM in orthopedic
biomechanics was published by Huiskes and Chao [4]. With the evolution of
computational power, a more complex representation of physiological tissues and
their interactions has been introduced in order to gain more realistic
biomechanical models and subsequent predictions.

Obviously, every FE model suffers from considerable simplifications that may
narrow its potential area of application. These simplifications are mostly due to a
number of physical and numerical constraints, such as lack of experimental data,
limitations in characterization of knee structures, numerical convergence
problems, and computationally expensive simulations, which can force FE
modelers to simplify their knee models. These simplifications include omission
of certain structures in the model (e.g. absence of menisci or ligaments), limited
detail in the representation of tissue (e.g. modeling ligaments as one dimensional
springs rather than with three dimensional continuum elements), simplified
boundary conditions (e.g. modeling simple axial loading versus a gait cycle),
incorporation of time (static or dynamic simulation), mathematical description of
material properties (e.g. cartilage as linear elastic, nonlinear hyperelastic, or
biphasic) and inclusion of time-dependent behavior (e.g. vicoelasticity,
remodeling, etc.).
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Due to the large variation in the anatomy and mechanical properties of knee joint
structures between subjects, efforts are being made to model the knee joint in a
more patient-specific manner. For developing patient-specific FE models, while
the geometries can be segmented from imaging data (i.e. MRI and CT), the
characterization of patient-specific properties in a non- or minimally invasive
manner remains a big challenge.

2. Thesis outline:

The aim of this thesis is to develop subject-specific finite element modeling of
human knee joint as a clinical surgery pre-planning tool. The dissertation is
divided into three main parts, as summarized in the following.

In the first part (Part I), fundamental aspects of an FE model of the human knee
joint with personalized ligamentous structures are assessed. Consequently, the
solution strategies and crucial considerations in enhancing the predictions of a
knee FE model are evaluated.

In the second part (Part II), two subject-specific clinical interventions are
evaluated using subject-specific FE modeling techniques. As a result, FE models
are implemented as surgical pre-planning tools to improve the outcomes of ACL-
reconstruction and meniscal implantation surgeries outcomes.

In the third part (Part 1), novel methods to non-invasively characterize the knee
ligament properties are investigated, in order to practically be implemented in in-
vivo FE modeling. A laxity-based approach, and an MRI-based technique are
introduced to estimate the mechanical properties of knee ligaments.

Finally, the separate studies in this thesis are summarized and the current state,
achieved improvements and future perspectives in knee FE modeling as a clinical
surgery pre-planning tool are discussed in the last chapter.
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2.1. Part 1: FE Model Development

A comparison between dynamic implicit and explicit finite element
simulations of the native knee joint

Time integration algorithms for dynamic problems in FE analysis can be
classified as either Implicit or Explicit. Although previously both static/dynamic
implicit and dynamic explicit methods have been used, a comparative study on
the outcomes of both methods is of high interest for the knee modeling
community. In chapter 2, the aim was to compare static, dynamic implicit and
dynamic explicit solutions in the analysis of a knee joint to assess the prediction
of dynamic effects, potential convergence problems, the accuracy and stability of
the calculations, the difference in computational time, and the influence of mass-
scaling in the explicit formulation. The heel-strike phase of fast, normal and slow
gait was simulated for two different body masses in a model of human native
knee joint.

The influence of ligament modelling strategies on the predictive capability
of finite element models of the human knee joint

In finite element models knee ligaments can be represented either by a group of
one-dimensional springs, or by three-dimensional continuum elements based on
segmentations. Continuum models closer approximate the anatomy, and facilitate
ligament wrapping, while spring models are computationally less expensive. In
addition, the mechanical properties of ligaments can be based on literature, or can
be adjusted specifically for the subject. In chapter 3, the effect of ligament
modelling strategy on the predictive capability of FE models of the human knee
joint was investigated. The effect of literature-based versus specimen-specific
optimized material parameters was evaluated. Experiments were performed on
three human cadaver knees, which were simulated in FE models with ligaments
modeled either using springs, or using continuum representations. In the spring
representation, the collateral ligaments were each modelled with three springs,
and the cruciate ligaments with two single-element bundles. Stiffness parameters
and pre-strains were optimized based on laxity tests for both approaches.
Validation experiments were conducted to evaluate the outcomes of the FE
models.
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The mechanical effects of ignoring the peripheral soft tissues in the finite
element models of the human knee joint

FE models of the knee joint generally incorporate soft tissue structures like the
tibiofemoral ligaments, but typically neglect tissues like skin, the peripheral knee
soft tissues, and the posterior capsule. It is, however, unknown how these
peripheral structures influence the biomechanical response of the knee. In chapter
4, the aim was to assess the significance of the peripheral soft tissues and posterior
capsule on the kinematics and laxities of human knee joint, based on experimental
tests on three human cadaveric specimens. Subsequently, a computational
approach to model the target tissues in FE modeling was developed.

2.2. Part2: Ligament Properties Characterization for FE Models

As a part of model development, a laxity-based technique was introduced and
implemented in chapter 3 to characterize the knee ligament properties. Using
cadaveric testing, a series of in-vitro laxity tests were performed, and accordingly,
the ligament parameters were calculated following optimization routines. The
experiments were designed in a way that they could be implemented under in-
vivo conditions.

Noninvasive ligament properties estimation from MRI

The laxity-based method introduced for characterization of the knee ligaments
properties, may not always be suitable or proof to be accurate for clinical
implementation. As an innovative alternative and/or additional assessment, an
MRI-based approach for the estimation of ligament properties was proposed in
chapter 5. In this chapter, the aim was to assess if mechanical properties of the
knee ligaments are correlated with their structural specifications (e.g. volume
cross-sectional area, etc.) and with MRI parameters.
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2.3. Part 3: Towards clinical Applications

A novel subject-specific ACL reconstruction workflow to optimize surgical
parameters: demonstration in a cadaveric setting

As a novel clinical application of the developed validated FE models of knee
joints, ACL-reconstruction treatments were targeted. According to the literature,
in many cases ACL reconstruction surgery does not reduce the OA risk [5]-[13].
A major reason is believed to be that the overall biomechanical behavior of the
knee is not restored contributing in OA progression. A non-optimal
reconstruction, as a result of improper graft positioning with a non-optimal
fixation force, can fail to restore the native knee biomechanics. In chapter 6, a
workflow based on the developed FE model of the cadaveric knee joint was
proposed and studied to minimize the variations between the biomechanical
outcomes of the reconstructed and the intact joint.

The Implications of Non-Anatomical Meniscus Implantations for Human
Knee Joint Biomechanics

A second clinical application of the FE models of the knee joint focused on
meniscus replacement surgery for patients with medial meniscus injury. At the
Orthopedic Research Lab of Radboudumc a meniscus implant was developed,
which has been studied extensively to optimize the geometry, material properties
and fixation of the implant [14]-[16]. One remaining issue, however, was the
positioning of the implant in the knee joint. In chapter 7, the aim was therefore to
assess the implications of non-anatomical positioning of the medial meniscus
implant. The outcomes of this study may provide insight into the possible
consequences of meniscus implant positioning errors for the biomechanical
behavior of the knee and implant.

2.4. Summary, Discussion and Future perspectives

In chapter 8, a summary of the main findings of the studies described in this thesis
is presented. This chapter also reflects on the strengths and limitations of the
developed FE models of the knee joints as clinical pre-planning tools. A
discussion on the results of each study is presented, which is followed by future
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perspectives in developing FE models of the knee joint for optimal patient-
specific treatment and surgery pre-planning.
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DYNAMIC SOLUTION STRATEGIES IN FINITE ELEMENT SIMULATIONS OF THE KNEE JOINT

1. Introduction

The finite element (FE) method has been widely used to investigate knee
biomechanics [1]. The general trend over the last decades is to develop more
realistic, reliable, accurate, and computationally effective models. As a result,
many sensitivity studies have been performed to identify the essential parameters.
Subsequently, these data can be used to generate a model that has adequate detail,
while avoiding unnecessary long calculation times. An important aspect in many
analyses of the knee joint is the omission of dynamic effects, due to the
difficulties and complexities involved with dynamic simulations (Tablel).

Time integration algorithms for dynamic problems in finite element analysis can
be classified as either Implicit or Explicit. In general, the implicit method defines
the state of the model at each time increment based on the information of that
same time increment and the previous time increment, while the explicit method
uses the data of the previous time increment to solve the motion equations during
the new time increment. The implicit algorithm requires iterative solutions for
each time increment, and the accuracy of the solution is dictated by the
convergence criterion, thereby ensuring that the errors of the updated results are
lower than a tolerance value. Finite element equations in the explicit algorithm
are formulated as being dynamic, and in this method they can be solved directly
without requiring iteration [2]. The explicit method is conditionally stable, and
the critical time step for the operator (without damping) is a function of the
material specification and the smallest element size in the system. In the explicit
method, the time increment must always be less than the critical time step.
Otherwise, the solution will be unstable and oscillations will occur in the model’s
response, what can lead to excessively distorted elements. To increase the critical
time step, and consequently decrease the computational time, a mass-scaling
option is available. In mass-scaling, the density of the system is increased
artificially to allow the solver to use larger time increments. However, it is
important to ensure that the added mass does not change the physics of the
problem. Some studies assessed the influence of mass-scaling option on the
outcomes of their models, and suggested a priori comparison of simulations with
and without mass scaling to confirm that the kinetic energy is insignificant
compared to the strain energy absorbed by the model [3]-[5].
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Table 1: The finite element studies targeted the knee joint.

Solution Strategy Joint type
Static Dynamic Intact Knee Implanted Knee
Implicit Explicit
[6]-[9], [11], [13]-{15], | [10], [16]-{20],
6119 71, [10]-[14 151122
[619] | [7).1101{14] | [151{22] 0L 21 21

The selection between implicit and explicit methods has been the subject of many
studies. Several studies have compared implicit and explicit finite element
simulations of sheet metal forming [23]-[30]. Some of them have utilized the
implicit algorithm to analyze the process quasi-statically, particularly for slower
dynamic problems with less nonlinearity (e.g. [26]), and some others have
suggested using the explicit method due to the high nonlinear contact conditions
[23], [28], [31]. Moreover, a few combined algorithms of implicit and explicit
time integration have been proposed [32], [33].

In the field of bioengineering, with a specific focus on knee joint simulations,
some dynamic explicit and dynamic implicit simulations have been reported, on
both intact and implanted knees (Tablel). Furthermore, a large number of implicit
(quasi-) static studies have been reported. However, a comparative study on the
outcomes of dynamic implicit and explicit methods to calculate outcome
parameters such as cartilage stress and meniscus deformation has not been
reported previously, yet is of high interest for the knee modeling community.

The aim of this study is therefore to compare static, dynamic implicit and
dynamic explicit solutions in the analysis of the knee joint in a case study. More
specifically, we compared the prediction of dynamic effects, potential
convergence problems, the accuracy and stability of the calculations, the
computational time between the two methods and furthermore assessed the
influence of mass-scaling in the explicit formulation.

2. Materials and Methods

To compare static, implicit dynamic and explicit dynamic analyses more
efficiently, a case study based on the Open-knee model [34] was performed
simulating heel strike of the stance phase. In this model, three different walking
speeds were analyzed: fast, normal and slow walking.
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The tibiofemoral joint of the left knee of a 77 kg-weight female cadaver was
segmented, including the tibia (proximal), femur (distal), cruciate ligaments
(ACL and PCL), collateral ligaments (MCL and LCL), femoral and tibial
cartilage, and the lateral and medial menisci (Figure 1).

Femur

Femoral Cartilage

ACL Medial Meniscus

PCL MCL
LCL

Lateral Meniscus Superior(+)

Inferior(-)
. ) Medial(+)
Tibial Cartilage Lateral(-)
Tibia — Posterior(+)
Anterior(-)

Figure 1: Finite element model of the tibiofemoral joint.

Bones were considered to behave as rigid bodies due to the high difference in
elasticity modulus with their surrounding soft tissues. Previously, it has been
shown in finite element solutions for rigid versus deformable bones that contact
variables such as maximum pressure, mean pressure, contact area, total contact
force and coordinates of the center of pressure did not change by more than 2%
[35]. The mass of the tibia and femur were represented by a concentrated mass
point at its center of rotation at full extension [8]. A previous study by Armstrong
et al. [36] indicated that for short-term responses the femoral and tibial cartilage
behaves in an elastic isotropic manner, with a Young’s modulus of 5 MPa and a
Poisson ratio of 0.46 [37], which were adopted for the current study. For the same
reason, the menisci were modeled as elastic isotropic with a Young’s modulus
and Poisson ration of 59 MPa and 0.49, respectively [8]. The collateral and
cruciate ligaments were modeled as Neo-Hookean hyperelastic isotropic, in
which the strain energy function i is described as a function of the first




CHAPTER 2

invariant of the left Cauchy-Green deformation tensor (/;) and the elastic volume

ratio (J):
Y = Crolly —3) + 55 ( — 1) (1)

Where C;y and D are the Neo-Hookean constant and the inverse of the bulk
modulus, respectively. The parameters for the different ligaments are given in
Table 2.

Table 2: Selected material parameters for ligaments [8].

Cro D
ACL 1.95 0.00683
PCL 3.25 0.0041
MCL 1.44 0.00126
LCL 1.44 0.00126

The tibia was constrained in all rotational and translational directions, while the
femur was completely unconstrained except for the flexion angle, which was
fixed in full extension. The load magnitude was based on Wang et al. [38],
whereas the time period was selected from Kito et al. [39]. From these data we
simulated an axial load of 1560N, which was applied in a ramp pattern at three
different loading times of 0.02, 0.1 and 1.0 seconds, representing fast, normal and
slow gait, respectively. With the assumption of no mal-alignment in the joint in
the frontal plane (valgus/varus conformity), the axial load was applied along the
mechanical axis of the femur [40]. Two different weights of 70 and 100 kg were
considered as the weight of the upper parts of the body located along the
mechanical axis of the femur.

All soft tissues in the model were meshed with 8-node three-dimensional solid
(continuum) elements (C3D8, Abaqus 6.13, Dassault Systemes). Based on a mesh
convergence study, an approximate element size of 0.5mm was chosen, with the
whole model containing about 64,000 nodes and 48,000 elements.

Although the Lagrangian multiplier method is available for implicit solution to
enforce the exact sticking conditions on contact surfaces, it may not be suitable
for high dynamic simulations as it may result in small time increments and
convergence problems [31]. In an exploratory study, the outcomes of analyses
with the penalty and lagrangian methods were compared. Both methods resulted
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in very comparable initial outcomes, although with the Lagrangian method the
simulation could not be fully completed due to the convergence errors.
Consequently, contact between the articular surfaces (femur, menisci and tibia)
was modeled by the penalty method in both solution strategies, with a friction
coefficient of 0.01 [41].

The standard and explicit solvers of Abaqus software v6.13 (Pawtucket, RI, USA)
were utilized in this study. In the explicit solver a bulk viscosity parameter is
available, which introduces damping associated with the volumetric straining to
improve the high speed simulations. The bulk viscosity parameter was set to 0.03
in this study, but for a single case (fast gait, mass: 70kg) we also assessed its
sensitivity by varying the bulk viscosity from 0.06 (default value) to 0.03 and 0.0.

To investigate the accuracy of the explicit with respect to the implicit method,
first, in the explicit solutions mass-scaling was disabled, and automatic
incrementation was used in both implicit and explicit solutions. To assess the
effect of mass-scaling in the explicit solutions, the simulations of slow, normal
and fast gaits were repeated, with scaled mass where the concentrated masses
were not scaled.

3. Results
3.1. Fast gait:

During fast gait the reaction force acting on the tibia reached about 2300N with
a mass of 70 kg, and 2500N with a mass of 100 kg (Figure 2). As expected, the
quasi-static case followed the applied load pattern, with a reaction force
increasing from zero to 1560N, and subsequently remaining constant.

For both masses, in the dynamic implicit and dynamic explicit solutions the
reaction force fluctuated around the quasi-static response in a damped manner
caused by the energy loss due to friction. More damping was seen in the explicit
simulation due to the viscosity parameter, which resulted in a lower peak value
as compared to the implicit solution. The explicit solution with scaled mass,
however, resulted in a less-oscillating tibial reaction force than non-scaled mass
explicit solution, due to the additional damping.
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While the reaction force response was quite similar for both formulations, in the
dynamic implicit analyses the femur experienced more posterior motion than in
the quasi-static analyses (Figure 2). The same trend was seen in femoral internal
rotation, for both masses.
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Figure 2: comparison between quasi-static, dynamic implicit and dynamic explicit with and without mass-
scaling outcomes in the fast gait case for both masses of 70kg and 100kg; (a) the reaction force of tibia, (b)
Anterior/posterior translational motion of femur and (c) Internal/external rotational motion of femur.
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Although the translations in the explicit and implicit analyses were comparable
in the medial and inferior direction, in the posterior direction the explicit analyses
resulted in less translation.

The largest differences were seen in the explicit analysis with mass scaling,
resulting even in anterior displacements and internal rotations, which were
opposite to those predicted by the quasi-static and dynamic implicit and explicit
analyses without mass-scaling.

The analyses of the tibial contact pressure at the end of the simulation
demonstrated that the contact pressures in the dynamic analyses were higher than
the quasi-static simulations, in particular in the medial cartilage. In turn, the
meniscus strain was similar in dynamic and quasi-static analyses, except for small
differences in the posterior horn attachments (Figure 3). The same trend, but with
larger differences, was seen at the point in time when the peak responses took
place.

In both mass cases, the explicit solution resulted in the same tibial contact
pressure and menisci strain as the implicit solution, in both distribution and value,
where it was more discrete in the explicit solution.

The meniscus displacement contours demonstrated higher displacement in the
posterior side of the medial and lateral menisci, confirming the higher posterior
translation and valgus rotation of the femur in dynamic simulations. However,
the explicit analysis resulted in the same menisci displacement as the implicit
solution.

The explicit simulations with mass-scaling, with both masses (70kg (Figure 3)
and 100kg), showed different tibial contact pressures, menisci strain and menisci
displacement, in which the anterior sides of the tibial cartilage and the menisci
experienced higher stresses and displacements.

In all outcomes, the distributions at the time of peak region (first peak) were
comparable with those at the end of simulation time, but with larger differences
in magnitude.
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Figure 3: comparison between the outcomes of quasi-static, dynamic implicit, dynamic explicit and dynamic
explicit with mass-scaling analyses in fast gait case with the mass of 70kg at the end of simulation time; (a)
contact pressure at tibial cartilages, (b) strain at menisci and (c) displacement of menisci.

3.2. Normal gait:

In normal gait, with a loading time of 0.1 second, the reaction force of the tibia
in the dynamic simulations showed small differences with quasi-static analyses,
where with the mass of 100kg small initial fluctuations around the quasi-static
solution were seen (Figure 4). The dynamic (implicit) and quasi-static analyses
resulted in the same femoral translations, except in posterior direction, where the
dynamic effect caused more posterior motion. The internal rotation was also
higher in the dynamic analyses.



DYNAMIC SOLUTION STRATEGIES IN FINITE ELEMENT SIMULATIONS OF THE KNEE JOINT

(a)

1800 1 Mass: 70kg 1800 Mass: 100N
1600 - 1600 | . -
= = 1
Z 1400 £ 1400
L = " .
S 1200 - ) - & 1200 | Quasi Static
F s Dynamic Implicit
% 1000 B 1000 | )
8 ———— Dynamic Explicit ] ——a—— Dynamic Implicit
5 800 5 800
c £
S 600 - Quasi Static .% 600 —— Dynamic Explicit
g 400 3 400
& — = — Dynamic Explicit with Mass- =
200 scaling 200 — = = Dynamic Explicit with Mass-scaling
0 T T . v 0 T T r )
0 0.2 0.4 0.6 0.8 1 0 0.2 04 0.6 0<8T_ “1
Time(s) ime (s|
(L]
14 Mass: 70kg 1 Mass: 100kg
’-r‘v - 4
- 0.5
g 0.5
e
5 ¥ 0 T °F Time(s) ‘
i
% -‘.‘-C:, \ 0.5 Time(s) 1 Q.5. Post/Ant 9 \| 0.5 1
jol \ 05 -
“g E{).S 11 e Dyn.Imp. Post/Ant 0.3 ‘.
=z [} i
g \ . Dy, Exp. Pst/Ant 1
= \
1 |
\ = = = Dyn.ExpM.S. Post/Ant "‘
A mmmm == 1.5 ¢ T mmm e m == -
- ',
-1.5 \
2
-2
© 1 14
Mass:70kg Mass:100kg
! ‘ -
Q5. Int/Ext
— 0.5 4 0.5 A
i
5% ——a— Dyn.Imp. Int/Ext o
E 0 . ) : . . .
& E \ 05 Time (s) 1 , 02 o4 06 0‘311 l ’1
= st Dyn.Exp. Int/Ext me (s
2 . \
g ' Dyn.Exp. M.S. \
= = = Dyn.Exp.MS.
= \ Int/Ext 14
1 Vypmmm - \ _u’ N e e e e e e e o
\
’
-1.5 4
-1.5

Figure 4: comparison between quasi-static, dynamic implicit and dynamic explicit with and without mass-
scaling outcomes in the normal gait case for both masses of 70kg and 100kg; (a) the reaction force of tibia, (b)
translational anterior-posterior motion of femur and (c) internal-external rotational motion of femur.

In normal gait, the implicit and explicit solutions resulted in a similar tibial
reaction force (Figure 4). Although the explicit solution resulted in the same
femoral rotations as the implicit analyses, the femoral posterior translations in
explicit analyses were similar to the quasi-static solution. Applying mass scaling
in the dynamic solution resulted in a slightly higher tibial reaction force.
Moreover, when using mass scaling, the femoral translations in anterior-posterior
direction and femoral internal-external rotations increased oppositely to the
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translations and rotations predicted by quasi-static, dynamic implicit and dynamic
explicit solutions (Figure 4). Contact pressure on the tibial cartilage and the
meniscus strains were similar in the dynamic implicit and dynamic explicit
solutions. The posterior displacement of the menisci, however, was higher in the
implicit simulation.

3.3. Slow gait:

In the slow gait case, as expected, in both mass cases, the dynamic solutions
resulted in the same outcomes as the quasi-static simulation. A small initial
deviation in reaction force from quasi-static analyses was seen in the dynamic
implicit analyses (Figure 5-a). However, the femoral translation and rotation,
tibial cartilage contact pressure, meniscus strains and displacement as simulated
in the dynamic implicit analyses were more similar to the quasi-static analyses.

For both masses, the implicit and explicit simulations demonstrated similar
cartilage pressure distributions, and meniscus displacements and deformations,
with a negligible effect of mass scaling (Figure 5-b).
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Figure 5: comparison between the reaction force of tibia in quasi-static, dynamic implicit and dynamic explicit
with and without mass-scaling analyses in the slow gait case for both masses of 70kg and 100kg (a); comparison
between the contact pressure at tibial cartilages of quasi-static, dynamic implicit, dynamic explicit and dynamic
explicit with mass-scaling analyses in slow gait case with the mass of 70kg (b).
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Loading time had a significant effect on the computational time for the implicit
dynamic simulations, whereas this effect was much lower for the explicit analyses
(Table 3). In the fast gait case (loading time of 0.02s) the dynamic implicit
analyses took almost two times the dynamic explicit analyses. Mass-scaling in
the explicit simulations reduced the computational time by 11 hours for mass of
70kg and 13 hours for mass of 100 kg.

Table 3: Computational time in different dynamic solutions in this study (in hours).

Studied Case Mass: 70kg Mass: 100kg

Fast Gait |Normal Gait| Slow Gait | Fast Gait |Normal Gait| Slow Gait

Solution Type (h) (h) () (h) () (h)
Dynamic Implicit 87 54 33 94 56 35
Dynamic Explicit 49 52 48 51 51 53

Dynamic Explicit

; . 38 42 44 38 42 50
with Mass-scaling

The explicit method was stable when a bulk viscosity parameter of 0.03 was used,
which introduced some damping associated with the volumetric straining to
improve the high speed simulations. Without this parameter the damping in
explicit was less, and the results were more similar to the implicit results, but at
high speeds the simulations were stopped due to instability errors. In the specific
case of fast gait, the bulk viscosity parameter was varied from 0.0 to 0.06. The
results of these analyses indicated that increasing the bulk viscosity parameter
caused a reduction in the tibial reaction force, and an increase in the difference
with the implicit solutions (Table 4).

Table 4: Tibial reaction force in fast gait case at first peak region and end of simulation for three different bulk
viscosity parameters in explicit solutions (mass: 70kg).

- . Difference with Dynamic
Tibial Reaction Force (N)

Implicit (%)
Bulk Viscosity Parameter | 1% peak t=1 1% Peak t=1
0 2240 N/A 1.8 N/A
0.03 2190 1561 3.9 0.0
0.06 2130 1557 6.6 0.3
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4. Discussion

The aim of this study was to compare static, dynamic implicit and dynamic
explicit solutions for simulating the knee joint. In general, the implicit method is
more reliable for dynamic analysis due to its iterative approach, but obtaining
convergence remains an issue, in some cases forcing the user to apply unrealistic
simplifications in boundary and loading conditions, contact formulations,
material properties and geometries. Our results indicate that ignoring the dynamic
effect by analyzing the problem in a quasi-static manner, for walking, can result
in differences of up to 52% in joint forces, and altered joint motion. The tibial
reaction forces predicted in the current simulations (ranging from 2130 to 2240
N for a bodyweight of 70 kg in explicit solution) were also in good agreement
with the ground reaction force measured during the impact phase hopping (2400N
for a bodyweight of 80 kg) [42]. Although there is a difference in activity
(hopping vs. gait), the loading rate and joint position were very similar (loading
time t=0.02s).

Comparison between the outcomes of the mathematically reliable implicit and
the explicit methods in the three different cases revealed an acceptable agreement,
at the end of simulation time periods, in relative tibiofemoral translational and
rotational motions with the maximum deviations (from implicit outcomes) of
0.15mm in translations and 0.17deg. In rotations as well as contact pressure at
tibial cartilages, menisci displacement and strain at menisci. The differences
between the explicit and implicit solutions were mostly caused by the viscosity
parameter in explicit simulations.

Particularly for the fast gait case, the computational time was much less in the
explicit analysis than in the implicit analysis. The computational time in explicit
analyses remained constant, while in implicit analyses, it dropped substantially
with expanding the loading time and, consequently, with a reduced dynamic
effect. As a result, from a calculation time and accuracy perspective, the implicit
method seems to be more appropriate at lower speeds.

In explicit analyses, however, to reduce the computational time, the mass-scaling
option is available, which increases the stable time increment by artificially
adding mass to the system. Although in this study mass-scaling could decrease
the mean computational time, it resulted in unacceptable outcomes at higher
speeds, whereas in the slow gait in which the kinetic energy of the whole system
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was less than 4% of the strain energy, the outcomes were negligibly affected. This
is in agreement with Prior’s study [43], in which mass-scaling was suggested
when the proportion of kinetic energy to strain energy is less than 5%. In this case
the dynamic effect is negligible and problems can be solved with quasi-static
solution.

In this study, a relatively simple loading configuration was used to compare the
results of quasi-static, implicit and explicit dynamic simulations of the knee joint.
As a boundary condition, we chose the heel-strike phase of the gait cycle, since
this is the instance during which the largest change in axial load takes place.
Second, the viscoelastic properties of menisci, cartilages and ligaments were not
considered. These viscoelastic properties may provide additional damping of the
knee joint, which in turn may decrease the stable time increment in the dynamic
explicit analyses. Third, the menisci and cartilage were modeled as elastic
isotropic, where for menisci the higher elastic modulus in circumferential
direction could decrease the transverse translations of femur in this study.
Moreover, the nonhomogeneous bone properties, beside the nonlinearities
involved in cartilage modeling, can guide the modeler to a more realistic outcome
on both bone-cartilage and cartilage-cartilage articular surfaces, particularly at
activities with lower loading rates.

In conclusion, the current study illustrates that explicit analyses are suitable to
simulate dynamic loading of the knee joint. In high-speed simulations, explicit
analyses offer a substantial reduction of the required computational time with
similar cartilage stresses and meniscus strains. Hence, the computationally less
expensive explicit analyses can be used as a diagnostic tool to investigate the
effect of various orthopedic interventions in the knee joint. Although mass-
scaling can provide even more gain in computational time, it is not recommended
for high-speed activities, in which inertial forces play a significant role.
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KNEE LIGAMENTS MODELING STRATEGIES IN FINITE ELEMENT

1. Introduction

Ligaments have a large effect on knee joint kinematics and biomechanics, and
are therefore of interest in computational models. Ligaments are commonly
modelled as one-dimensional (1D) spring elements, or as three-dimensional (3D)
constitutive elements [1]. Springs are widely used in finite element (FE) models
[2]-[13]. The mechanical response of the ligaments is usually described by three
distinct regions, with zero compression during ligament shortening, and a tensile
response with an initial toe region and a final linear region. Blankevoort and
Huiskes (1991) developed a model based on tensile tests of Butler et al. (1986),
which is one the most often used models. Although a few studies implemented
wrapping of springs (i.e. [16]-[18]) in most spring models this phenomenon is
neglected [1]. An advantage of using springs is that they are computationally
inexpensive.

Alternatively, ligament geometries are modelled as 3D structures assigned with
constitutive material properties. Such an approach enables ligament wrapping,
and allows analysis of the regional biomechanical response, but is
computationally more expensive. The mathematical description of the material
properties in continuum models remains challenging [9]. Ligaments are
composed of a ground matrix (elastin), combined with fibres (collagen type I and
IIT) that are active in tension, making it a highly anisotropic material [19]. The
ground matrix is usually modelled as a hyperelastic material, while various
models are used to model the fibres [20], [21].

Beside the manner of implementation, there is also a spread in the reported
mechanical properties. Particularly experimental data from Butler et al. (1986)
and Blankevoort and Huiskes (1991) have often been used in computational
models [22]. Conversely, it is also possible to adjust the material properties
specifically for the subject [2], [23], [24], as literature values may not always be
appropriate for each specific case.

Although there are several options available for ligament modelling, the
implications of modelling strategies on joint biomechanics are unknown. The aim
of this study was therefore to evaluate the effects of:

a) The ligament modelling approach (non-linear springs (1D) vs. transversely
isotropic continuum (3D) models); and,
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b) The selection of the data used to describe the behaviour of ligaments (based
either on the literature, or on subject-specific optimization),

on the predictive abilities of FE models of human native knee joints, based on
cadaveric experiments. The outcome of this study can provide insight into knee
ligament modelling in FE simulations to achieve more realistic knee models for
clinical implementation.

2. Materials and Methods

The overall workflow of the study is schematically illustrated in Figure 1.

Geometries Geometries

Literature Segmentation Literature

{Ligaments Pre-strain (Ligaments Pre-strain
& Properties) &Properties)

| Laxity Tests I b
Literature-Based Literature-Based

Continuum Li Spring Lij FE
FE Model

Model

Optimization

Specimen-specific Specimen-specific
(Optimized) (Optimized) Spring
Continuum FE Model FE Model

Y A

—>| Validation I(—

Validation Tests

Figure 1: Schematic illustration of the current study methodology.

2.1.  Experimental tests:

Three fresh-frozen cadavers with no signs of injuries or surgery were scanned in
a 3T Philips Ingenia MRI scanner (Philips Healthcare, Best, The Netherlands),
with two proton density and proton density SPAIR sequences with a slice
thickness of 0.5mm.

After preparation the knees were positioned in a six-degree-of-freedom knee
testing apparatus, in which the femur was unconstrained only in flexion-
extension, and the tibia was unconstrained in all other translational and rotational
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directions (Figure 2-a). The knee testing apparatus was schematically described
in detail in Appendix A. Three groups of muscles were separated and subjected
to constant forces: rectus femoris (20N), vastus medialis (10N), and vastus
lateralis and vastus intermedius combined (10N) [25]-[27]. These loads were
applied via ropes to stabilize the patella, and were not meant to be representative
of quadriceps loads during in-vivo tasks.

Lateral
Meniseus

Figure 2: The experimental set-up, knee testing apparatus and Fastrak sensors (a); the pressure sensor film
inserted in the knee joint (b); digitization of ligament insertions using a calibrated pen-stylus (c); modelled
menisci attachments in FE model (d); a single specimen FE model with ligament continuum representations (e)
and spring representations (f).
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2.1.1. Laxity Tests:

The knees were subjected to a series of laxity tests, including internal-external
torque (0 to £5.2 Nm) and valgus-varus moments (0 to £12Nm) in five and four
equally spaced steps, respectively, based on previous studies [28]-[30] which
were used by Baldwin et al. (2012). The loads were applied to the tibia in 0°, 30°,
60° and 90° of flexion. Some laxity tests were randomly repeated to check
reproducibility and repeatability. An electromagnetic tracking system (3Space
Fastrak, Polhemus Incorporated, VT, USA) was used to track the position and
orientation of the femur, tibia and patella (Figure 2-a). In-house developed scripts
(MATLAB R2013a, Natick, MA) were used to convert the raw tracking data to
kinematics in the knee joint coordinate system [31].

2.1.2. Validation Tests:

After the laxity tests, three different loading regimes were applied: 1) unloaded
full extension to deep flexion (110°), 2) unloaded full extension to deep flexion
(110°) with a 106N axial load acting on the tibia, and 3) full extension to 90° of
flexion with a 100N anterior load applied to the tibia (~5cm below the plateau).
These loads were selected based on intended applications of the FE models in a
later stage (e.g. analysis of ACL reconstructions), and observed the force
magnitude limitations of the knee testing apparatus. Each loading condition was
repeated twice to check repeatability.

Contact pressure measurements were performed using pressure sensors (Type
4011, Tekscan Inc., Boston, MA, USA). Each sensor was calibrated using a
materials testing system (MMED, Materials Technology Corporation, La
Canada, CA, USA) and a custom calibration tool consisting of two Teflon plates.
The pressure sensor was inserted underneath the menisci from posteriorly, and
sutured anteriorly and posteriorly (Figure 2-b). Due to the small width of the tibial
plateau of the first cadaveric knee, the medial and lateral collateral ligaments had
to be excised before sensor insertion in this specimen. The pressure
measurements were repeated three times to check repeatability.

After the ligaments were excised, their insertion sites were digitized using a
electromagnetic stylus (Figure 2-c).



KNEE LIGAMENTS MODELING STRATEGIES IN FINITE ELEMENT

2.2. Finite Element Model:

Mimics v18.0 (Materialise, Leuven, Belgium) was used to segment the bones
(femur, tibia and patella), cartilage (tibial, femoral and patellar), menisci, cruciate
ligaments (ACL and PCL), collateral ligaments (MCL and LCL), patellar tendon
(PT), and the insertion sites of the medial and lateral patellofemoral ligaments
(MPFL and LPFL) and the patellar tendon from the MRI scans. Each
segmentation was performed by three different individuals to minimize
variability. The bones segmented from MRI were furthermore compared with
those segmented from CT to correct the interface between bone and cartilage. The
tibiofemoral ligament insertion sites were estimated from segmentation
(intersection of segmented ligament and cortical bone), and corrected using
registered digitized points recorded during the experiment.

All soft tissues were meshed using 10-node modified quadratic tetrahedron
(C3D10M) elements. Based on a mesh convergence study, an approximate
element size of ~1.0 mm was chosen (see Appendix A for the number of elements
in each segment). General contact with a frictionless penalty solution strategy
was implemented [32]. The explicit solver of Abaqus software v6.13 (Pawtucket,
RI, USA) was used. Based on a series of sensitivity analyses, a mass-scaling
factor (average: 70) and solver viscosity parameter (0.03) were selected,
consistent with an earlier study [32].

Bones were considered as rigid bodies. Cartilage was modelled as nonlinear Neo-
Hookean hyperelastic isotropic, in which the strain energy function v is described
as a function of the first invariant of the left Cauchy-Green deformation tensor
(1,) and the elastic volume ratio (J):

Y =Cro(ly = 3) +5-( — 1)? (1)

Cio and D are the Neo-Hookean constant and the inverse of the bulk modulus,
which were based on experimental compressive tests [33] (C;,=0.86 MPa;
D=0.048 MPa™).

Menisci were modelled as transversely isotropic implementing the Holzapfel-
Gesser-Ogden (HGO) hyperelastic model [20]. The strain energy function v is
described as a function of Neo-Hookean terms, representing the non-collagenous
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matrix, and 1_4(aa), pseudo-invariants of C and A, (directions of the fibres in the

reference configuration):

Y=Cro(h-3) + (“)Tl ~In (/)) + 3 (explley (Bl — 1) @)
With:
Eq = k(T; = 3) + (1 = 3 (Faaey — 1) 3

Constants k; and k, are material parameters and k (0 < k < g) describes the
level of dispersion in the fibre directions. When =0, all fibres are perfectly

aligned, and k = § describes an isotropic material [34].

Fibres were oriented in circumferential direction (k=0), similar to [35]. Using
curve fitting techniques, the HGO coefficients (k; and k) for the menisci were
based on [36]. The Neo-Hookean parameters were estimated based on [37] and
were assumed to equal for the medial and lateral menisci (Table 1).

Table 1: the HGO coefficients calculated for medial and lateral menisci based on the experimental data in the
literature (Tissakht and Ahmed, 1995).

Cio (MPa) | D (MPa™) k4 k, K
Medial Meniscus 1 0.005 5.04 0.889 0
Lateral Meniscus 1 0.005 8.48 1.559 0

Meniscus attachments were modelled as bundles of nonlinear no-compression
springs (Figure 2-d). The horn attachments were represented by four springs
(k=400N/mm), while the anterior transverse ligament was represented by three
springs, in accordance with Haut Donahue et al. (2003) and in the range reported
by Abraham et al. (2011). The anterior and posterior meniscofemoral ligaments
were modelled using a single spring, based on Kusayama et al. (1994)
(k=49N/mm).
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Lateral and medial patellofemoral ligaments were modelled as two no-
compression springs, based on Merican et al. (2009) (LPFL) and Kim et al. (2014)
(MPFL), in accordance with Criscenti et al. (2016).

The rectus femoris, vastus medialis and grouped vastus lateralis and intermedius
were modelled as membrane elements with passive properties from Robleto Jr
(1997). These elements were proximally subjected to constant line loads of 20,
10 and 10 N, respectively, consistent with the experiments.

For each cadaveric knee, two separate FE models were developed:

1) Ligament continuum model: In this model the ligaments were represented
as constitutive transversely isotropic materials (Figure 2-e). The HGO model
was implemented to model ligaments, as described previously. The orientation
of the fibres was modeled along with the ligament geometry in MCL, LCL,
PCL and PT. The ACL was split with two different fibre orientations assigned
to the anterior (aACL) and posterior ACL (pACL), estimated from ACL
anatomy [45],[46] and the segmented geometry. The coefficients were
calculated based on the experimental tensile tests [15] using curve fitting
techniques. The initial strain for the ACL, MCL and LCL was based on
Blankevoort and Huiskes (1991), similar to previous studies [47], [48]. The
curved profile of the segmented PCL was assumed to correspond to the
ligament pre-slackness [49], [50]. Thermal loading was applied to model the
initial strain, with a negative expansion coefficient assigned to the ligament.

2) Ligament spring model: In this model the tibiofemoral ligaments were
modelled using nonlinear no-compression springs (Figure 2-f). The ACL and
PCL were modelled with two springs, while the LCL and MCL were modelled
using three springs [14], estimating the insertion sites from the segmented
model and anatomy textbooks. The initial springs parameters and reference
lengths were based on Blankevoort and Huiskes (1991).

2.2.1. FE model optimization (FE fit to experimental laxity tests):

Besides using literature-based parameters, the spring (1D) and continuum (3D)
models were also separately optimized to tune the ligament material parameters
and initial strains, based on the experimental laxity tests. In the continuum
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models, the following parameters were optimized: the model coefficients (k; and
k,) for all tibiofemoral ligaments, initial strain of the collateral ligaments and
ACL, and the fibre distribution in ACL(k). In the spring-based models, for each
single spring, the spring coefficient and reference length (initial spring strain)
were optimized.

Since the knees were scanned in extended position, the curved PCL was assumed
to be representative for the initial slackness in the continuum model. The initial
PCL strain was therefore not included in the optimization process. In the spring
model, however, the initial slackness of the PCL was included in optimization.

In order to reduce the computational costs in the optimization procedure, motion-
controlled laxity simulations were performed in which all rotations were
prescribed, and reaction torques were calculated. The Nelder-Mead Downhill
Simplex optimization method [51] was applied using Isight (Simulia, Providence,
RI) to minimize the difference between the FE model calculated reaction torques
and the experimental values.

2.2.2. Validation (FE compared to validation tests):

The three validation experiments (see above) were simulated with the 1D (spring)
and 3D (continuum) ligament modelling approaches, with optimized values and
with the literature-based values.

In all three loading cases the translational (anterior-posterior, medial-lateral and
superior-inferior) and rotational (valgus-varus and internal-external) kinematics
of the joint were extracted, after which the root mean square (RMS) differences
with the experimental kinematics were calculated based on the values at 0, 30,
60, 90 and 110° (five points) in unloaded and axially loaded flexion, and at 0, 30,
60 and 90° (four points) in the anteriorly loaded flexion case. Eventually, for each
loading case, orientation, and direction the RMS difference with experimental
data was averaged for the three specimens. In the axially loaded case the contact
area and peak contact pressure at the medial and lateral tibial cartilage was
assessed. For the first cadaveric knee model (both continuum and spring models),
the collateral ligaments were removed before contact pressure and area
assessments, in order to replicate the experimental conditions for this specific
specimen. The average RMS differences between the model predictions and in-
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vitro Tekscan measurements for five different flexion angles (0, 30, 60, 90 and
110°) were calculated.

3. Results
3.1. Optimization using laxity tests:

For each FE model, on average 2,800 and 3,500 simulations were completed for
the spring and continuum model optimizations, respectively. The optimized
ligament material property coefficients and reference strains are presented in
Table 2 (spring model), and Table 3 (continuum model). As expected,
optimization of the spring and continuum models resulted in an acceptable

approximation of the experimental laxity (Figure 3).

6000 2000 6000

4000 15000 10000 15000

Internal (+) / External (-) Rotations (*)
Valgus (+) / Varus (-) Rotations (*)

—— Experimental (Flexion:0')
10 —— Optimized Spring Model (Flexion:0')
- - Experimental (Flexion:30))

15 + Optimized Spring Model (Flexi 7)

-— Experimental (Flexion:60) A0
20 —— Opti Spring Model (Flexi )

-— Experimental (Flexion:30 )
° —— Optimized Spring Model (Flexi )] 5,

Internal (+) / External (-} Torgue (N.mm) Valgus (+) / Varus (-) Moment (N.mm)

Figure 3: Single knee internal/external and varus/valgus experimental and optimized spring model laxity data
at four different flexion angles of 0, 30, 60 and 90°.

Table 2: Literature-based and optimized ligament stiffness and reference strain in the spring (1D) FE model.

aPCL |pPCL [aACL |pACL |aMCL|iMCL |pMCL|aLCL | sLCL |pLCL

Initial value| 9000 | 9000 | 5000 | 5000 | 2750 | 2750 | 2750 | 2000 | 2000 | 2000
~ Kneel 10879 | 9855 | 7354 | 5041 | 2101 | 2540 | 2764 | 1486 | 1621 | 1449
g Knee2 8990 | 1938 | 5457 | 5071 | 1476 | 944 | 2648 | 2349 | 2105 | 2309
Knee3 3988 | 3792 | 4493 | 4657 | 2121 | 2300 | 2415 | 1916 | 1809 | 1822

Ligament
stiffness

Initial value| -0.24 | -0.03 | 0.06 | 0.10 | 0.04 | 0.04 | 0.03 | -0.25| -0.05 | 0.08
Kneel -0.35 | -0.18 | -0.32| 0.02 | 0.11 |-0.02 | -0.12 | -0.32 | -0.19 | 0.00
Knee2 -0.34 | -0.23 | -0.01 | 0.09 | -0.03 | 0.26 | -0.07 | -0.23 | -0.11 | 0.00
Knee3 -0.24 | -0.12 | 0.06 | 0.08 | 0.02 | 0.04 | 0.03 |-0.14 | 0.00 | 0.05

strain

Reference
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3.2. Validation:
3.2.1. Kinematics validation:

The kinematics recorded in the three knees were quite repeatable, with maximum
deviations of 6% and 8% for translational and rotational kinematics, respectively.

Table 4 sums up the RMS differences between the experimental measurements
and the FE models. For unloaded and axially loaded deep flexion, the optimized
spring and continuum models improved the kinematics predictions. The
optimized continuum model resulted in the lowest valgus-varus (unloaded:
2.9£0.9° and axially loaded: 2.7+1.0°) and internal-external (unloaded: 1.8+0.2°
and axially loaded: 2.2+1.2°) rotational errors, while the optimized spring model
produced, in average, the best translations with a maximum translational error of
3.1+1.7mm (medial-lateral translation). Similar trends were observed for the
individual flexion angles (see Appendix A).

Table 3: Literature-based and optimized ligament HGO coefficients and reference strain (g,) in the continuum
(3D) FE models.

ACL (aACL&pACL) | PCL MCL LCL
Ki |k | x | P|x1 |k |x1 |k |® x|k |®
(%) (%) (%)

Initial value 52.27|5.789| 0 |8.046.18|2.758|41.21|5.351| 4.0 |41.21|5.351| 3.0
Kneel [52.52]| 5.86 [0.005| 8.1 [46.42]| 2.73 |41.01| 5.07 | 3.9 |14.57| 5.26 | 3.3
Optimized |Knee2(39.41| 3.14 {0.000( 3.0 {16.11]1.703]26.02(3.502| 1.0 [38.10|4.098| 2.0

value  |Knee3| 47.9 |3.075(0.003( 3.1 | 14.8 |1.814|31.74(1.491| 1.6 |31.33|1.418| 1.5

In the anteriorly loaded tibia, compared with literature-based continuum model,
no improvement was seen in varus-valgus rotations and medial-lateral
translations in the optimized continuum model, while internal-external rotations
(3.8£0.8°) and anterior-posterior translations (2.6+1.6mm) improved. In the
spring model, relative to the literature-based model, optimization resulted in a
decrease in rotational and translational errors, although the superior-inferior
translation error increased from 1.1£0.4mm to 1.9+1.1mm. Compared to the
optimized continuum model, the optimized spring model more closely resembled
the experimental rotational laxity, as well as anterior-posterior translations.
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average RMS difference between experimental validation tests kinematics and two spring and

Table 4

continuum ligament FE models with literature-based and optimized ligament parameters for three specimens;

the best predictions at each validation loading case were marked in bold.
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3.2.2. Contact variables validation:

Table 5 shows the average RMS differences of the tibiofemoral peak contact
pressure and contact area between the experimental measurements and FE
models. Due to a technical problem, no signal was recorded for the medial tibia
plateau of the first cadaveric knee, and as a result, the RMS could not be
calculated for this site.

Except for the lateral tibial cartilage of the second cadaveric knee spring model,
both the optimized spring and continuum models improved the peak contact
pressure with respect to the literature-based models. The optimized continuum
models more closely resembled the experimental measurements at the medial
tibial cartilage of the second and third specimens, and the lateral cartilage of the
first specimen. In two other cases (lateral cartilage of the second and third knee),
the optimized spring ligament models resulted in smaller peak contact pressure
errors (0.2040.16 and 0.13+0.41 MPa, respectively) than the continuum model
(0.39£0.29 and 0.19+£0.25 MPa, respectively).

Table 5: Average RMS difference between experimentally measured contact variables and two spring and
continuum ligament FE models with literature-based and optimized ligament parameters for three specimens,
during tibia axially loaded high flexion at 0, 30, 60, 90 and 110°; for each specimen; the best predictions were
marked in bold.

RMS=+Standard Deviation

Peak Contact Pressure (MPa) Contact Area (mm?)
o0 © © o0 © ©
Tz |E |22 -2 (8=|E |% 2|E
< < = < < =
S 3 & — | & E o £ |8 B|[& - |8 € |g E
1 = [} ! N 1 = [} T N
2 B 2 o g g & 2 B S |2 g[8 E
5 o0 N 2 5 2 = 2 5 | N 2|2 B |E 2
e = = & = B = B s = = & = B = B
= os g & g S g & £ | E S 5 | & E
o= . — o . — = . o .
£ & |2 2 £ £ |2 &|E |2 % £
= S = 8 3 |- S = 3 3

Lateral|2.56+2.08|0.47+1.13]0.51=1.16(0.46+1.17| 89+173 (163+223(141+263|132+255
Medial| N/A® N/A* N/A* N/A® N/A* | N/A® N/A™ | N/A”

Lateral|0.19+0.19|0.20+0.16]1.13+0.50(0.39+0.29] 279+£243(307+290| 131+217|102+172
Medial|1.12+0.67(0.50+0.46(0.96+0.66|0.34+0.42]| 107+280|126+201| 78+306 | 58+242
Lateral|0.33+0.44]0.13+0.41{0.20+0.33|0.19+0.25]163£190| 121497 | 150£70 | 143+66
Medial|0.74+0.41|0.37+0.38]0.51+0.43(0.36+0.35]284+302(175+266(106+277| 90+233

Kneel

Knee2

Knee3

"Due to a technical problem in sensor reader, the medial plateau pressure of the first knee was not recorded.
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Kneel

1.52MPa 1.20MPa 0.00MPa 1.40MPa

a) Experiment

Literature-based
spring model

b)

c) Optimized
spring model

d) Literature-
b ‘\L\l
continuum

e) Optimized

Anterior Anterior Anterior

Lateral Medial Lateral Medial Medial Lateral

Posterior Posterior Posterior

Figure 4. Contact pressure at medial and lateral tibial cartilages at a single flexion angle (90°) in tibia axially
loaded high flexion case, for all three specimens, in: a) experiment, b) literature-based spring model, c)
optimized spring model, d) literature-based continuum model, and ) optimized continuum model.

(* Due to a technical problem in sensor reader, pressure map on medial plateau of the first knee was not
recorded)

While the optimized continuum model decreased the contact area error, in two
knees the optimized spring models actually led to larger RMS values (first and
second knee). In one case only (lateral cartilage of the third knee), the optimized
spring ligament gave a better prediction of the contact area (RMS 12197 mm?)
than the continuum ligament model (RMS 143+£66 mm?).
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Figure 4 shows the experimental contact pressure maps at 90°, and those
simulated with the spring model with literature-based and optimized parameters,
and with the continuum model with literature-based and optimized coefficients.
The continuum models more closely approximated the experimental contact
pressure pattern than the spring models (see also Appendix A).

4. Discussion

In the current study we investigated the effect of modelling choices on the
predictive capability of FE models of the human knee joint. Knee ligaments were
represented either by using springs, or by using continuum models based on
ligament segmentations. Moreover, the effect of assigning material parameters
based either on literature, or based on specimen-specific optimization was
evaluated. Optimized material properties improved the kinematics and contact
parameters for both approaches. Literature-based parameters, particularly for the
spring models, led to relatively high errors in kinematics and contact pressures,
mainly for larger flexion angles (90 and 110°).

The sensitivity of literature-based spring models may be attributed to the
concentration of the actual ligament insertion area to a single point, or a few
points in some ligaments. Mommersteeg et al. (1996) found that models with
three or less line elements for knee ligaments can be very sensitive to geometrical
variations. The optimized spring and continuum models were generally
comparable in terms of joint kinematics, although the continuum and spring
models showed slightly better rotational and translational predictions,
respectively.

In the optimization process of both the spring and continuum ligament
representations, for some ligaments the parameters varied noticeably within the
defined bounds. The most notable differences between the three knees were seen
in the PCL stiffness, where the optimized stiffness parameters in the first knee
were consistently high, while in the third knee they were low. The optimized
parameters, however, were within the physiological range reported in the
literature [53]-[58]. On average, for a single knee model the optimization process
took approximately 400 and 600 hours for spring and continuum ligament
representations, respectively.
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Although the subject-specific models improved the kinematics compared with the
literature-based models, even these did not produce perfect predictions due to the
assumptions and inaccuracies involved (i.e. ligament fibre alignment, insertion
sites, segmentation errors, etc.). The implications of these errors should be
evaluated depending on the objectives through sensitivity analyses. For instance,
valgus-varus or internal-external rotation variations can lead to unacceptable
errors in contact pressure predictions [59][60][61]. In the current study, the
subject-specific spring and continuum models comparably predicted peak contact
pressures and contact areas, with an acceptable agreement with the experimental
measurements. However, based on the comparison of contact pressure patterns
for all three specimens models (presented in Appendix A), the continuum model
appears to provide slightly better predictions.

On average, the optimized spring model of the third knee showed the smallest
difference in ligament parameters (except for PCL) compared to the literature-
based spring model, which may explain the quite acceptable contact pressure
prediction of the literature-based spring model. However, in high flexion (110°),
where the maximum PCL tension occurs [50], the predictions of the literature-
based model diverged from the experimental outcome. Despite these differences,
in some cases the use of a spring model may be preferred, as this modelling
approach resulted in a ~30% reduction of the computational time as compared to
the continuum model.

It is worth mentioning that due to the discretization of the pressure distribution,
and due to its physical stiffness, the use of Tekscan film sensors can result in an
error of 1-4% for the peak pressure, and 3-9% for the contact area [62]—[64].
Nonetheless, the contact patterns measured in the experiments agreed well with
the study of Yao et al. (2008), in which tibiofemoral contact during high flexion
was estimated from MRI data. Despite the different loading conditions, the total
contact area measured in this study showed a similar pattern with those calculated
by Mesfar and Shirazi-Adl, (2006). The insertion of the Tekscan film may also
alter the joint behaviour, which could further enlarge the differences between the
physical measurements and FE predictions. However, comparison of the
kinematics before and after insertion of the pressure sensors was recorded, as for
instance shown in Figure 5 for a single case, which indicated the kinematic
behaviour was not considerably affected by the pressure sensor (differences in
translations and rotations were £2.0mm and £3°, respectively).
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Figure 5: translational (left) and rotational (right) kinematics pre- and post-pressure sensor insertion during
axially loaded high flexion for a single specimen.

In this study there were several limitations. First, comparing with physiological
loads, the loads applied during the validation experiments were reduced due to
structural limitations of the testing apparatus. Higher axial loads are expected
during daily activities, and more rigorous testing data is required to evaluate the
model representation in these ranges. However, for the current study we focused
on comparing two different ligament modelling approaches in FE. Second, the
depth-dependent material properties and inhomogeneity of the cartilage were not
included, which may play a role in the mechanical response of the cartilage [67],
[68]. Investigation of progression of osteoarthritis therefore probably requires a
more detailed description of the cartilage mechanics. However, using a simplified
material model, with a loading rate similar to this study (~0.5Hz) [69], may have
a less significant effect on the contact pressure, as shown by Mononen et al.
(2012) and Mootanah et al. (2012). The hyperelastic parameters of the cartilage
surfaces were based on experimental tests in the literature. Adopting the cartilage
coefficients in a subject-specific manner might improve the predictions, although
varying the cartilage stiffness by £10%, within the range reported by Shepherd
and Seedhom (1999), caused a change of less than 4% and 7% in contact pressure
and contact area, respectively. A homogenous circumferentially fiberic
hyperelastic definition was utilized to model menisci. Including inhomoginuity
and radial fibres of the menisci may increase the validity of the contact variables,
particularly when the absolute contact outcomes (i.e. contact stress) are of
interest. Bones were modelled as rigid body, which according to Donahue et al.
(2002) is a valid assumption under simple loads, but Venildinen et al. (2016)
showed that a non-rigid definition may be more realistic for more complex
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loading conditions. Only three knee specimens were used, due to the substantial
amount of time required for the experimental tests, model development, and
optimization analyses. Despite this restriction, the current results unanimously
showed the effect of the studied ligament modelling approaches. Finally, cruciate
ligaments were modelled each with two bundles based on Blankevoort et al.
(1991), which is a common approach [1]. As shown by Mommersteeg et al.
(1996), increasing the number of cruciate ligaments spring bundles, i.e. as by
Moglo and Shirazi-Adl ( 2003) and Baldwin et al. (2009), may improve the
accuracy of the model outcomes.

In summary, when modelling the native knee joint in FE, adopting subject-
specific material parameters affects and improves the quality of the model
predictions. Comparing with the ligament spring representations used in this
study, using a continuum modelling approach results in more accurate contact
outcome variables. However, when mainly the prediction of joint kinematics is
of interest, the spring ligament models provide a faster option. In this case, and
particularly in high flexion, representing the ligaments with multiple spring
elements covering the ligament insertion sites is recommended.

The method implemented in this study can be adapted to in-vivo patient-specific
FE modelling to assess biomechanical behaviour of the joint, as all the main
tibiofemoral ligament material properties were calculated based on the tests
which can be performed non-invasively. Future work could involve only crucial
(laxity) tests in order to reduce the required time for FE model creation, to be
more practically implementable in clinical applications.
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KNEE PERIPHERAL SOFT TISSUES IN FINITE ELEMENT MODELS

1. Introduction

The finite element (FE) method is being widely utilized as a research tool to
investigate knee biomechanics [1]. However, every FE model of either native or
implanted knees suffers from limitations and simplifications [2]. In even the most
comprehensive FE model of the knee, soft tissue structures like tendons and
ligaments are being incorporated, but usually skin, peripheral soft tissues and the
posterior capsule are ignored, mostly due to the lack of experimental data on their
influence on the joint kinematics and laxity [3, 4] (Figure 1). On the other hand,
only a few studies modeled posterior capsule in either native (i.e. Shin et al. [5])
or implanted (i.e. Baldwin et al. [6]) knee models, roughly approximating the
properties based on the limited experimental data of Brantigan and Voshell [7]
(Figure 1-c). The influence of these peripheral structures on the biomechanical
behavior of the knee joint is largely unknown, and usually assumed to be of minor
influence on the overall kinematics of the knee joint.

Quadriceps
tendon

Patellar

tendon ‘1 ’ !

Posterior
Capsule

b) q

Figure 1: a posterior view of a schematic human knee joint (reproduced from [8] Elsevier license permission
3932521102554) (a); a typical FE model of a native knee joint (reused from [39], the original image was
horizontally flipped and labeled) (b); and an FE model with posterior capsule inclusion (reproduced from [6]
Elsevier license permission 3981261251500) (c).
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Geiger et al. reviewed the posterolateral and posteromedial soft tissue structures
[8]. LaPrade et al. verified the quantitative anatomy of medial structures of the
knee joint including the posterior oblique ligament [9]. None of them, however,
assessed the properties of their target tissues. A few studies investigated the effect
of the lateral soft tissues, and more importantly of the popliteofibular ligament
and popliteal tendon, on varus and external rotational laxities under limited
loading conditions [10-13]. Their results indicated that the popliteofibular
ligament contributes to posterolateral stability [12] and prevents excessive
posterior translation and varus angulation [11], especially when the knee is flexed
[13]. Sugita et al. indicated that the popliteal tendon and popliteofibular ligaments
are equally important in posterolateral stability of the knee [10]. Griffith et al.
measured the oblique popliteal ligament (OPL) force at different loading
conditions and indicated that it takes part in the internal and valgus rotational
stiffness at low flexions [ 14]. Rachmat et al. estimated the mechanical properties
of posterior capsule based on isolated ex-situ uniaxial tensile tests [15]. Their
results showed asymmetrical mechanical properties in the medial, central and
lateral regions. However, the outcome based on the isolated ex-situ testing
condition could only be correlated to a limited knee gesture (hyper-extension).

The influence of the peripheral structures and posterior capsule on knee joint
laxity has not been completely described in the literature, but is of interest for
computational modelers. The aim of this study, therefore, was to assess the
significance of the peripheral soft tissues and posterior capsule on the kinematics
and laxity of the human knee joint. Accordingly, a computational approach to
model the target tissues in FE was sought.

2. Materials and Methods

2.1. Experimental Testing:

Three fresh-frozen cadavers with a mean age of 79+£21 years, with no signs of
hard and soft tissues injuries and no history of surgery were selected for the
current study. The specimens were received from the Anatomy Department of
Radboud University Medical Center with a permission statement for
experimental use. The knees were prepared following a standard protocol and
positioned in a knee testing apparatus that allows for six degree of freedom
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motions (Figure 2-a) [16-18]. Flexion-extension was applied to the femur,
whereas the valgus-varus and internal-external rotations and anterior-posterior
and medial-lateral translations were applied to the tibia.

The quadriceps muscles were subjected to constant forces provided by torsional
springs representing the vastus lateralis (20 N), rectus femoris (20 N), and the
grouped vastus medialis and intermedious (10 N) [16, 19, 20]. These loads were
selected based on the force magnitude limitations of the knee testing apparatus,
and applied in order to stabilize the patella, and as a result, were not meant to be
representative of quadriceps loads during in-vivo tasks.

An electromagnetic tracking system (3Space Fastrak, Polhemus Incorporated,
VT, USA) was used to track sensors that were rigidly attached to the femur, tibia,
and patella, using base-plates screwed onto the bone. Subsequently, the knees
with the base-plates in situ were CT-scanned (Toshiba Aquilion ONE, Otawara,
Japan) with a slice thickness of 0.5 mm and segmented using Mimics v18.0
(Materialise, Leuven, Belgium). The segmented three-dimensional models were
used to determine the relative position and orientation of sensors with respect to
the joint. In-house developed scripts (MATLAB R2013a, Natick, MA) were used
to calculate the knee joint centre (similar to [21]), and to convert the raw tracking
data to kinematics in the knee joint coordinate system [22], as described by Grood
and Suntay [23].

Six different loading conditions were applied to the intact knees (Figure 2-b) at
four different flexion angles (0, 30, 60 and 90°): internal and external torque of
5.16 Nm, a varus and valgus moment of 12 Nm, and an anterior and posterior
load of 100 N. These loads were based on the literature values and can provide
sufficient laxity motion to characterize the knee ligamentous structures without
damaging the cadaveric specimens [6, 23—25]. The loads were applied within the
physiological loading range (~1 second). The measurements were performed
after ~3 seconds of external loading, after which the biomechanical response of
the ligamentous structures of the knee joint would not considerably be influenced
by the tissue viscoelasticity [27].

Subsequently, the knee joints were dissected by an experienced knee surgeon to
remove the skin, peripheral soft tissues and posterior capsule, while preserving
the salient tibiofemoral ligaments such as the anterior and posterior cruciate
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ligaments, and the medial and lateral collateral ligaments (Figure 2-c).
Subsequently, the loading conditions as described above were repeated to
determine the effect of the dissection of the peripheral soft tissue structures. Each
of the loading conditions was repeated three times to check the repeatability of
the measurements, and their mean and standard deviation was calculated.

a)

Figure 2: The six-DOF knee testing apparatus (a); a single knee joint positioned in the testing apparatus with
the tracking sensors attached to bony segments: pre-dissection joint (b), and post-dissection joint (c).

2.2. Finite Element Modeling

Three validated subject-specific FE models of the three dissected knees were
developed in our earlier study [28]. Five structures were added to each FE model,
including oblique popliteal ligament (OPL), arcuate popliteal ligament (APL),
medial capsule (MCap), lateral capsule (LCap) and anterolateral ligament (ALL)
(Figure 3). The insertion sites were estimated from the segmented model and
anatomy textbooks. All the structures were modeled as no-compression linear
spring, and the initial stiffness was assigned from the literature [10, 11, 13, 28—
30]. The stiffness of each structure was varied within the specified range to obtain
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the closest laxity prediction to the experimentally measured laxity in the intact
knee, under the six loading regimes described previously. The same approach was
previously used by Baldwin et al. [6].

Figure 3: The validated subject-specific FE models of the three cadaveric knees (C1, C2 and C3) with five
springs added to be representative for the dissected tissues as oblique popliteal ligament (OPL), arcuate
popliteal ligament (APL), medial capsule (MCap), lateral capsule (LCap) and anterolateral ligament (ALL).

3. Results

In the following, the laxity outcomes of the specimens pre- and post-dissections
were compared separately for anterior-posterior translational, internal-external
rotational and valgus-varus rotational laxities. Despite the large inter-subject
variability in some directions, the average laxity changes following dissection
(+standard deviations) of the three specimens have been included in Table 1.
Subsequently, the peripheral soft tissue stiffness values were incorporated in the
FE models. Finally, the FE laxity predictions with and without these additional
structures were compared with the experimental measurement.
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Tablel: average laxity changes in the six loading conditions following the dissection (+ standard deviations)

for all three specimens.

Loading Regimes
Internal External Varus Valgus Anterior Load | Posterior Load
Torque Torque Moment Moment (100N) (100N)
(5.16Nm) | (5.16Nm) (12Nm) (12Nm)
Internal External Varus Valgus Anterior Posterior
Rotation (°)| Rotation (°) | Rotation (°) [ Rotation (°) | Translation(mm) |Translation(mm)
0| 0.5+0.6 0.5+0.2 0.3£1.0 0.5+0.8 0.0£0.8 0.2+1.3
g < [30] 1.5+08 0.2+0.8 0.2+1.0 0.9+1.2 0.1+0.5 0.1+1.8
E 'ia;n 60| 6.0+1.4 1.1+1.7 0.0£0.3 0.3£1.2 0.3+0.4 0.1+0.8
= <l90] 6335 0.9+2.1 0.1+0.6 0.3£1.7 0.2+0.6 0.4+0.8

3.1. Experimental Laxities

Anterior-posterior laxity: Figure 4 shows the anterior-posterior laxity in the three

specimens, for the pre- and post-dissection cases.
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Figure 4: Anterior-posterior laxity of the three cadaveric knees at four flexion angles indicating unloaded
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All dissected knees showed a slightly larger average tibial anterior translation
(1.0 to 2.1 mm at 30° and 0.4 to 1.3 mm at 60°). At 90°, the first two knees were
negligibly affected by the dissection of the peripheral tissues, while the difference
in the third knee was 1.9 mm. No considerable difference in anterior translation
was found between the three knees.

Surprisingly, the posterior laxity of the first knee was reduced after dissection,
although by less than 1.0 mm. In the second specimen, the posterior laxity
increased by 1.7 and 1.0 mm at 30° and 60°, respectively. The third knee was
more sensitive to peripheral soft tissues, as the posterior laxity at 0, 30, 60 and
90° increased by 1.5, 3.1, 1.6 and 3.1 mm, respectively.

Internal-external laxity: Internal-external rotations of the first and third
specimens were negligibly influenced by dissection during flexion, whereas the
second specimen maximally showed an external rotational perturbation of 2.9° at
90° (Figure 5).
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Internal rotation increased by less than 1.2° after peripheral soft tissue removal
for all specimens at full extension and 30° of flexion, except for the first knee
(2.6° increase at 30°). At larger flexion angles, the laxity increased up to 12.9°.

Upon application of external, rotation of the first and second knees increased
maximally by 1.7° after dissection, where in the third specimen it rotations
increased up to 5.7° at 60° flexion and 4.4° at 90° flexion.

Valgus-varus laxity: In unloaded flexion, the first specimen showed only a slight
valgus rotational increase at 90° by about 1.0° (Figure 6). The second and third
knee inclined to more varus rotation at 30° and 60° of flexion, by less than 1.0°
for the second knee and 2.9° (30° flexion) and 1.7° (60° flexion) for the third
specimen. In 90° of flexion, only the second knee was considerably influenced
by soft tissues removal (5.0° valgus).
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Upon applying a varus moment, the maximum increase in varus rotational laxity
occurred at 90° of flexion for the second specimen (3.0°), where for the first and
third knees it was less than 1.0° in all flexion angles.

3.2. Finite Element Models

Table 2 shows the estimated stiffness for the modeled structures (APL, OPL,
ALL, MCap and LCap), with which the closest intact knee laxity was obtained
for all three knee specimens. The laxity outcomes for FE models with and without
the additional structures were compared with the experimental laxity results in
Figure 7 (anterior-posterior), Figure 8 (internal-external) and Figure 9 (valgus-
varus).
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Table2: the spring stiffness of the five modeled structures to be representative for the dissected structures, in
three subject-specific FE models.

The stiffness of the representative spring
elements (N/mm)

APL OPL | ALL | MCap | LCap

Initial Value + Range 28+14 | 28+14| 42426 | 1510 | 15+10

C1 34 25 40 15 14
C2 40 30 45 19 17
C3 32 42 42 23 15

4. Discussion

In the current study the influence of the peripheral soft tissues and posterior
capsule on knee joint laxity was investigated based on laxity tests in three human
cadaveric specimens. Six different loading regimes were applied to each
specimen pre- and post-dissection, at four different flexion angles. Based on the
laxity outcomes additional structures were modelled in three validated specimen-
specific FE models to achieve the pre-dissection knee laxities.

Removal of the peripheral soft tissues only had a limited effect on the anterior-
posterior laxity, but it did effect the neutral (unloaded) position of the joint. At
larger flexion angles, the peripheral tissue provided substantial internal rotational
constraints, but it did not change the neutral rotational position in an unloaded
state. In lax knees, the peripheral tissues showed a limited influence on neutral
valgus-varus rotations and valgus rotational laxity.

The implication of omission of the peripheral and posterior capsular tissue in knee
models can therefore vary depending on the simulated task and the loading
conditions. Werner et al. showed that contact distribution and contact loads on
medial and tibial compartments significantly changed with a valgus-varus
variation as little as 3° in gait, based on the experiment on four cadaveric
implanted knees [32]. Similar findings of Engin et al. on human native knee joint
confirms the high sensitivity of knee contact biomechanics to valgus-varus
rotational configurations [33].
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Our results indicate a valgus-varus change beyond 3° at flexion angles of 60 and
90° with peripheral tissues and posterior capsule removal. The change in internal-
external laxity by ignoring the peripheral tissues can alter not only tibiofemoral
joint behavior, but also the biomechanics of patellafemoral joint. However,
patellar kinematics and patellofemoral contact pressure were shown to be slightly
more sensitive to internal rotation, where an internal rotational change of 5° can
alter the patellofemoral joint biomechanical behavior [34]. The alteration in the
posteriorly directed joint behavior by ignoring peripheral and capsular tissues can
also lead to different cruciate ligament forces [5, 28]. According to Yao et al. an
anterior-posterior perturbation of even 0.1 mm, which is less than what was
measured in the current experiment, can lead to a considerable difference in
tibiofemoral contact variables [36].

According to the study of Torzilli et al. the small difference between the intact
and dissected knees at varus and external rotational and posterior translational
mechanical loads could be attributed to the popliteofibular ligament [10]. They
also reported a limited static mechanical resistance of the popliteal tendon in
varus, more particularly at 30°, where the maximum varus difference occurred in
the current study. In the study of Griffith et al., with loading conditions similar to
the loads applied in the current study, a reduced internal and valgus rotational
stiffness at low flexion was reported, in the knees with the OPL dissected [14].

In the subject-specific FE models of the three cadaveric knees used in this study,
modeling only the main structures of the knee joint could not acceptably predict
the pre-dissected knee laxity in the experiment. Adding APL, OPL, ALL, MCap
and LCap as spring elements with adjusted stiffness in FE models, however,
improved the replication of the pre-dissected knee behavior.

The main limitation of this study was the low number of specimens, which makes
it impossible to draw general conclusions from the results, except demonstration
of the inter-specimen variation in the effect of peripheral soft tissue on joint
kinematics. A second limitation is the fact that the current in-vitro experiments
were performed statically, while the in-vivo dynamics may be different
specifically, as it has been proposed that the popliteal tendon mostly acts
dynamically to stabilize the knee joint [37]. A larger tensile force could be more
representative for the physiological patellar muscle force and might influence the
stability of the joint. However, it previously was shown that proportional larger
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quadriceps force would result in similar patellofemoral laxity patterns as the
quadriceps loads applied in the current study [38]. In the FE models, the stiffness
of the additional structures were manually adjusted, where following a more
robust optimization routine could improve the stiffness estimation further.
Nonetheless, even with the manual adjustment, the FE models revealed an
improvement in the laxity prediction of pre-dissected knees.

5. Conclusions

Our findings indicated that in lax knees, ignoring the posterior capsule and
peripheral soft tissues in computational models of the knee joint may lead to
higher anterior translations and limited alterations in valgus rotations at 90°
during unloaded flexion. Excluding these structures from the models may also
result in an increase in posterior translational and valgus and internal rotational
laxities when the knee is flexed. Consequently, if the simulation contains any
flexion under posterior, internal and valgus loads or unloaded deep flexion, it is
strongly recommended to incorporate the posterior capsule and peripheral tissues
representations, as for instance incorporated in this study.
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A NONINVASIVE APPROACH TO ESTIMATE THE KNEE LIGAMENTS PROPERTIES

1. Introduction

For computational modeling of the knee joint, assigning realistic material
properties is crucial. Among the knee tissues, the properties of the ligamentous
structures are of special importance, as they have a distinct effect on the joint
laxity [1], [2]. As shown previously, using the literature values for ligament
stiffness can lead to inaccurate outcomes due to the wide range in reported
properties [1]. By assigning personalized mechanical properties for knee
ligaments in computational models, errors in model predictions caused by large
inter-subject variability can be avoided [1].

In computational models with subject-specific ligament properties, usually
invasive tests are required on cadaveric specimens, making the test unsuitable for
in-vivo application [3]. Only few subject-specific studies have managed to
introduce non-invasive experiments for the characterization of knee ligaments for
FE modeling (i.e. [1], [4]).

We previously proposed a laxity-based workflow to estimate the mechanical
properties of the main tibiofemoral ligaments, namely anterior and posterior
cruciate ligaments (ACL and PCL) and medial and lateral collateral ligaments
(MCL and LCL), in intact cadaveric knee joints, which would allow for in-vivo
applications [1]. With a similar approach, Baldwin et al. (2009) also characterized
the collateral ligaments properties in a cadaveric TKA implanted knee joint [4].
However, the time required for completion of the complicated workflow in these
studies remains an obstacle for in-vivo (i.e. clinical) implementation.

In contrast with the invasive instruments used for the in-vivo characterization of
ligament properties as reviewed by Fleming et al. (2004) [5], imaging techniques
can be exploited to obtain information on ligament mechanical properties non-
invasively. Previously, Magnetic Resonance Imaging (MRI) has been used to
qualitatively assess knee ligaments. Only few studies tried to quantitatively use
MR imaging techniques to find a correlation with the mechanical properties of
the anterior cruciate ligament (ACL) [6]-[8]. Biercevicz et al. [8] showed that the
volume and signal intensity from high-resolution T,"-weighted MRI scans are
predictive of structural properties of ACL grafts in a porcine model. However,
the signal intensity of a single gradient echo sequence, like the one used in their
study, is more dependent to image acquisition parameters than to actual ligaments
properties. In order to generalize this approach, in a follow-up study the
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relaxation time T," was used instead of signal intensity in 15 Yucatan pigs [6].
Their later study, however, failed to find a significant prediction of human
biomechanical parameters using similar MR variables (T.") based on 15
cadaveric samples [9]. The echo time used in the previous studies could lead to
an overestimation of the T," relaxation time; for instance [6] used only two echo
times. Moreover, only the T, parameter was measured in the previous studies,
whereas T>" can directly be influenced by an MR artifact known as the magic
angle effect, which can lead to defective maximum values in T," [10], [11].
Including other parameters (T, and T,) may provide complementary
information; particularly Ti,, which is believed to be affected less by the magic
angle effect [12], [13]

In this study the aim was to assess if there is a correlation between quantitative
MRI parameters (T,", T1,, and T2 and structural properties, with the mechanical
properties of tibiofemoral ligaments (ACL, PCL, MCL and LCL). The outcomes
of this study may reveal the potential of utilizing MRI parameters, combined with
structural properties, for determining subject-specific mechanical properties of
ligaments.

2. Materials and Methods

Six fresh-frozen human cadavers with a mean age of 78+11 years and with no
obvious signs of injuries in the lower extremity were selected. The specimens
were received from the Anatomy Department of Radboud University Medical
Center with a permission statement for experimental use. From each cadaver one
leg was prepared for the purposes of this study as schematically illustrated in
Figure 1. Prior to MR scanning, the legs were cut approximately 15 cm above the
knee joint space. The proximal end of rectus femoris muscle was separated and
pulled by ~20 N in full extension using a rope through a block rigidly fixated to
the femoral shaft. The force was applied to stabilize the patella in passive full
extension and flexion [14].
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Figl. Schematic illustration of the study: the cadaveric knee (a) was MRI scanned (b), based on which the
ligaments were segmented to estimate their volume (g) and Ty,, T, & T," were calculated (h). After knee
dissection (c), the specimens were prepared for tensile test (d) where the cross-sectional area was measured by
ultrasound (e) and initial rupture force and stiffness of each specimen were extract (f). The cross-sectional area,
ligament volume and quantitative MR parameters were analyzed to find the best correlation with the mechanical
properties (i).

2.1. MR Imaging

The legs were placed in a 3T Philips Ingenia MRI scanner (Philips Health- care,
Best, The Netherlands) in full extension. As the MRI signal intensity of ligaments
can be influenced by tension in the ligaments [ 15] and the magic angle effect [13],
in addition to full extension, the knees were also scanned at 30° flexion, to
prevent slackness of the PCL [16]. The images in full extension were used to
study the ACL, MCL and LCL, and the images in flexed position were used for
analysis of the PCL. At each position the following sequences were acquired:

- proton density-weighted (3D Turbo Spin Echo, voxel size = 0.31 x 0.31 x 0.52 mm?,
matrix size = 720 x 720 x 250, TR = 1000 ms, TE =41 ms, NSA =2, acquisition time
=6 min 40 s);

- proton density-weighted with fat suppression (3D Turbo Spin Echo, SPAIR fat
suppression, voxel size = 0.31 x 0.31 x 0.63 mm?, matrix size = 720 x 720 x 206, TR
= 1300 ms, TE = 153 ms, NSA = 2, acquisition time = 12 min 35 s);
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- T, map (Bo and B compensated spin lock prepulse, 3D gradient echo readout, voxel
size = 0.6 x 0.6 x 2 mm?, matrix size = 320 x 320 x 131 , TR = 3.6 ms, TE = 2 ms,
flip angle = 15°, , spin lock time = 1, 5, 10, 20, 30, 40 ms, spin lock frequency = 500
Hz);

- T," (3D gradient echo, voxel size = 0.6 x 0.6 x 1 mm?, matrix size = 320 x 320 x 131
,TR=104 ms, TE=4.1, 8.1, 12.1, 16.1, 20.1, 24.1, 28.1, 32.1, 36.1, 40.1, 44.1, 48.1,
52.1,56.1, 60.1, 64.1 ms, flip angle = 15°);

- T, (multislice multiecho spin echo, voxel size = 0.7 x 0.7 x | mm?, matrix size = 320
x320x 131, TR=7000 ms, TE=12.1, 18.2, 24.2, 30.3, 36.3, 42.4, 48.4, 54.5, 60.5,
66.6, 72.6, 78.7, 84.8 ms).

2.2.  Image processing

The ligament geometries were segmented from either the proton density or proton
density SPAIR sequences using Mimics v18.0 (Materialise, Leuven, Belgium).
The ACL, MCL and LCL were segmented in full extension, and the PCL was
segmented in the flexed knee. Based on the segmentation the volume of each
ligament was measured in Mimics. Prior to data fitting of the MR data, the T» and
T," weighted scans were reformatted to the resolution of the Ty, scan. Ti,, T> and
T," maps were calculated on a pixel-by-pixel fashion for the ACL, MCL and LCL
in full extension, and the PCL in the flexed knee, using in-house developed
Mathematica scripts (v11.0, WolframResearch, Champaign, IL). The values were
averaged for the whole ligament using Image] 1.44 (NIH, Bethesda, MD,
www.nih.gov).

2.3.  Mechanical Tensile Tests

After completion of the MRI scans, the knees were dissected by an orthopedic
surgeon to excise the ACL, PCL, MCL, and LCL, preserving the proximal and
distal bone blocks (hence, 24 specimens in total). The Bone-ligament-bone
specimens were then prepared following a standard protocol, for positioning of
the specimens in a mechanical testing machine, while observing the anatomical
orientation of the ligament in the joint [17]. The set-up allowed for further self-
alignment during the tensile test in the remaining five degrees of freedom.
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Figure 2: The experimental testing set-up for in-vitro ligament tensile test.

Digital image correlation (DIC) was applied in order to track the superficial strain
of the ligament during the mechanical tensile test, while the in-depth strain of the
ligament was captured using ultrasound. In order to create a high contrasted
surface for DIC, each ligament was stained with a methylene blue
(Methylthioninium chloride) solution to obtain a dark background , after which
an oil-based paint was sprayed on the specimen surface to create a white speckle
pattern [18], [19]. The set-up was positioned in a tank filled with warm water (~
35°C), which kept the ligaments at a physiological temperature, and
simultaneously acted as conducting substance for the ultrasound measurements

(Figure 2).

Prior to the tensile test, the specimens were preloaded at 10 N to measure the
ligament reference length. To minimize the hysteresis behavior of the ligaments
without damaging the specimen, cyclic displacements of 5% (for ACL and PCL)
and 4% (for MCL and LCL) were repeated 30 times [19]. Subsequent to ligament
preconditioning, the ligament cross-sectional area (CSA) was measured using a
high-frequency ultrasound along the length of the ligament, as defined by the two
insertion sites. The cross-sectional area of the collateral ligaments (MCL and
LCL) were measured at five equidistant locations, whereas, due to the short
length of the cruciate ligaments, the cross-sectional area was measured at three
locations along the length of the ACL and PCL.

Eventually, a displacement-controlled tensile test with a strain rate of 0.1 s™! was
performed until total rupture occurred in the ligament. The strain rate was selected
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to be representative for an intermediate physiological loading condition [20].
Force-strain curves for each ligament were extracted as shown for a single
specimen in Figure 3. The stiffness (k) was calculated for each ligament based on
the model described by Blankevoort and Huiskes [21] for non-linear mechanical
properties as follows:

f(e)=0 when €¢<0
fle) = k%ez/sl when 0 < ¢ < 2¢g (1)
f(e) =k(e—¢) when > 2g

Where fis the tensile force in a line element, & is the ligament stiffness, ¢ is the
strain in the ligament and &; is a strain constant.

Initial rupture force for each specimen was also extracted from the force-strain
curve as for instance indicated in Figure 3 in a representative specimen. The
region of the specimen where the rupture occurred was also defined from DIC
and checked using ultrasound data. Among the multiple cross-sectional areas
measured by ultrasound at each ligament, the lowest value was selected as the
specimen cross-sectional area.

Force (N)

-
o)
S

100

Toe Region Linear Region Rupture Region

50

-

1] 0.02 0.04 0.06 0.08 0.1 0.12 0.14 0.16

Strain
Figure 3: A representative Force-Strain curve for a single specimen (LCL) with different regions, stiffness and
initial rupture force defined.
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2.4. Statistical analysis

Descriptive statistics were used to summarize the data. Continuous variables were
presented as mean values with their standard deviation/range.

Linear mixed models for repeated measures were used to examine the association
of MRI parameters and measurements with structural properties (k, rupture
force). MRI parameters (Tip, T2, T>") and measurements (cross-sectional area,
volume), with and without ligament type incorporation, were included as fixed
effects. Cadaver ID was included as a random effect. Conditional (fixed effects
only) and marginal (fixed plus random effects) coefficients of determination (R?)
were calculated to provide information on the goodness of fit of the models/as a
measure of model accuracy.

Statistical analyses were performed using R version 3.4.2 (R Foundation for
Statistical Computing, Vienna, Austria) with package "nlme" and "MuMIn". P-
values < 0.05 were considered statistically significant.

3. Results:

The DIC measurements and ultrasound data showed that most of the ligaments
were ruptured at their insertion sites. The MR parameters (T1,, T2 and T>") were
calculated with a good fitting (R?>0.99) as illustrated for a single representative
specimen in Figure 4.
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Figure 4: The curve fitting for calculating T, in a sample region (a), and T, mapped ACL in a single
cadaveric knee (b).
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Without putting the ligament type in perspective, both ligament stiffness (« ;
R2~0.48) and rupture force (F.,»; R>=0.50) showed similar correlations with T,
T,, and T," combined with the ligament volume. The predictive functions for
ligament stiffness and rupture force are presented in Table 1. The predicted
ligament stiffness and rupture force using volume and Ti,, T», and T," were
compared with the actual values in Figure 5.

In the second predictive model, based on the distribution of measured stiffness
and rupture force for different ligaments (Figure 6), the correlation function was
recalculated as shown in Table 2. With the ligament type incorporated in the
predictive function, somewhat stronger correlations were found between the
mechanical properties (stiffness and rupture force) and MR parameters (T1p, T2
and T,") combined with the volume (Figure 7).

The results of the statistical analysis showed that if cross-sectional area was used
instead of volume, the linear correlation between the mechanical properties and
MR parameters was weakened, either with or without ligament type inclusion.

Table 1: The predictive equations for knee ligament stiffness and rupture force as functions of ligament volume
and MR parameters (T}, T and T,").

T. | k=CyxT;+CyxVol+Cs Frup. = Cs X Ty + Cg X Vol + C;
Ci C2 Cs R? Cs Cs Cr R2?
Tip 12.3 1.3830 -199.0 | 0.48 0.8 0.2069 -160.7 0.53
T2 38.0 1.4072 -702.8 | 0.49 3.8 0.2082 -221.5 0.53
Ty 14.3 1.3899 -118.5 | 0.47 2.1 0.2051 -171.4 0.53
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Figure 5: Actual versus predicted ligament stiffness (left column) and specimen rupture force (right
column) determined using the predictive model based on the linear combination of ligament volume
and T, (first row) T2 (second row) and T2" (third row).
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Figure 6: The distribution of stiffness and rupture force for different specimen type.

Table 2: The predictive equations for knee ligament stiffness and rupture force as functions of ligament volume,
MR parameters (Ty,, T» and T,") and specimen type.

Ti | Type [k =Cy X Ty + C; X Vol + C3 + Carypey | | Frup. = Cs X Ti + Cg X Vol + C; + Corryper
Ci C2 | C3 | Carpe | R? Cs Cs Cr Cs(Type) R2?
ACL 0 (Ref) 0 (Ref)
PCL 376.2 185.3
Tip 22.5 [1.0158(61.5 0.60 -0.1 |0.1183(-17.5 0.57
MCL -829.4 57.4
LCL 1099.4 60.3
ACL 0 (Ref) 0 (Ref)
PCL 290. 118.4 187.6
T2 23.1 (1.1175 0.60 1.6 |0.1194 (-63.3 0.57
MCL 0 -1210.7 -42.5
LCL 527.9 74.9
ACL 0 (Ref) 0 (Ref)
. | PCL 1093 119.7 184.1
T2 -10.4 (1.0947 0.60 -2.8 10.1215 27.1 0.57
MCL .8 -1453.7 -73.3
LCL 295.6 41.3
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Figure 7: Actual versus predicted ligament stiffness (left column) and specimen rupture force (right column)
determined using the predictive model based on the linear combination of ligament volume, specimen type
and T, (first row) T, (second row) and T,(third row).

4. Discussion

In this study the stiffness and rupture force of the tibiofemoral ligaments were
correlated to quantitative MRI parameters and geometrical specifications. The
results revealed a significant correlation between the mechanical properties
(stiffness and initial rupture force), and volume combined with the three MRI
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parameters (Ti,, T> and T,"). While the mechanical properties were mostly
correlated to the volume, inclusion of the MR parameters increased the
correlation strength. This is in agreement with previous work by Fleming et al.
(2011), who reported a significant correlation between the ACL stiffness and
rupture force and ligament volume [22].

Inclusion of ligament type in the statistical analysis enhanced the correlation of
mechanical properties with MR parameters and volume. The coefficient
representative for ligament type was found to be different for ACL, PCL, MCL
and LCL. This difference may be explained by the differences in the fractions of
collagen types I and III in these ligaments. In a study investigating collagen type
fractions in the ACL, PCL, MCL, and LCL, Wan et al. (2015) [23]found that
ligaments with more collagen type I are stiffer than those with more collagen type
III. The average proportion of collagen type I to type IIl, as an indication for
ligament stiffness, resulted in a similar order of knee ligaments as derived from
the statistical analysis in this study, based on the ligament-specific coefficients.

The model proposed by Blankevoort and Huiskes [21] for the description of
ligament stiffness could acceptably represent the toe region and linear region of
each specimen relative to the results of the tensile tests. In general, and as
expected, the largest stiffness and rupture force was found for the PCL for each
knee specimen.

The DIC and ultrasound measurements showed that almost all of the specimens
were ruptured at their insertion sites, which may be due to the relatively old age
of the tested specimens. Previously, it was shown that ligaments in aged donors
are more likely to rupture at the insertion sites, while in younger donors the
rupture may occur more frequently in the middle region [24].

The strains measured using ultrasound in the deep fibers of the collateral
ligaments during the cyclic preconditioning loads revealed a good agreement with
the surface strains measured using DIC (Figure 8), which gives confidence for
employing DIC for these ligaments. Unfortunately, out-of-plane motions in the
ultrasound measurements made such a comparison impossible for the more
complex cruciate ligaments, and particularly the ACL.
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Figure 8: Linear correlation (R*=0.93) between strain values derived from ultrasound data (deep fibers) and
DIC (superficial strain) for all LCL specimens.

Assessment of the deviations between the predicted and measured stiffness shows
that if Ty, or T, are utilized, the error in the ligament stiffness estimation rarely
exceeds 500 N in the ACL, MCL and LCL (Figure 9). The deviation for the PCL
of the fifth subject (S5) was considerably larger. Based on a series of sensitivity
analyses in FE, [25] showed that the anterior translation and internal rotation of
the knee joint is negligibly affected by variation of 500 N in ACL stiftness, during
a walking cycle. Similarly, with the largest error in ACL stiffness prediction in
this study (500 N), the average pressure at the tibial plateau changes maximally
by 8%, and affects the center of pressure by less than 2 mm anteriorly, during a
walking cycle. In the same study, the sensitivity of contact variables and the
translational and rotational motions of the knee joint to PCL stiffness variations
was shown to be negligible during a walking cycle. The changes in joint
biomechanics due to the maximum error caused by our predictive model in MCL
and LCL stiffness, also were concluded to be minor. However, it is important to
consider the influence of the combined stiffness errors in all ligaments. We
previously illustrated that a combined change in tibiofemoral ligament stiffness
and initial strain can lead to inaccurate outcomes [1]. As a result, a sensitivity
analysis, prior to implementation of the proposed predictive model, is
recommended to assess the possible consequences of the combined errors in the
estimation of all ligament stiffness values.
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Figure 9: The largest differences between the actual and predicted stiffness from the predictive model with
(right) and without (left) specimen type inclusion. The worse cases are from different subjects, as ACL (S1),
PCL (S5), MCL (S2) and LCL (S3).

There were several limitations to this study. First, the study was performed on
cadaveric specimens, which may lead to differences compared to the in-vivo
situation. It particularly can have an influence on MR parameters. However, in
order to characterize the mechanical properties of the ligaments, an in-vitro
experiment with the isolated ligaments was unavoidable. Second, the specimens
tested in the current study were selected from six cadavers. Increasing the number
of specimens may improve the power of the statistical analysis. As to the best of
Authors’ knowledge this is the first study assessing the correlation of mechanical
properties of all four tibiofemoral ligaments to MR parameters and structural
properties, the 24 specimens still can provide valuable data for a statistical
analysis. Another MR-related issue is the magic angle effect, which could lead to
an artificial increase in signal intensity. Particularly T, and T," are more sensitive
to this MR artifact. In this study, T, was also added as one of the MRI parameters,
as this parameter is believed to be less influenced by the magic angle effect. Also,
the PCL was assessed in a different position than full extension, to ensure
stretching of the bundles, and also to have more control over the orientation of
the specimen in the MRI scanner. Another limitation was that the specimens
tested in this study were from relatively old donors, due to the unavailability of
younger specimens. The parameters assessed in this study, and particularly the
mechanical properties of the ligaments can be different from younger tissues [24].
In average, the stiffness of the ligaments measured in this study were lower than
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the values reported by Butler et al. who tested the tissues from younger donors
[26]. The initial rupture force we measured for different ligaments were also
considerably lower than what expected for younger tissues. It was previously
shown that for instance the ACL rupture force in older donors as experimented in
this study (61-97 years) can be 30% of the rupture force of ACL in younger
donors (22-35 years) [17].

5. Conclusion

In conclusion, this study revealed the potentials in using quantitative MR
parameters, Tip, T and T2, combined with specimen volume to estimate the
essential mechanical properties of all main tibiofemoral ligaments required for
subject-specific FE modeling of human knee joint. T, might, however, be more
confidently used regardless of the inclusion or exclusion of the ligament type.
Although the errors in the prediction of the mechanical properties for the
individual ligaments may be acceptable, the effect of the combined errors of all
four ligaments on the outcomes of FE models of the knee joint needs prior
investigation in a sensitivity analysis.
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OPTIMAL ACL-RECONSTRUCTION USING FINITE ELEMENT MODELING

1. Introduction

Osteoarthritis (OA) development in the knee has been reported in both ACL-
deficient and ACL-reconstructed knees [1]-[9]. In ACL reconstructed patients
the post-operative knee biomechanics (i.e. laxity) may differ from the intact knee
biomechanical behavior. This altered mechanical behavior can alter knee
kinematics, which is believed to play an important role in the initiation or
progression of knee OA [10]-[14]. It can also lead to a change in knee kinetics
(forces), and as a result, tibiofemoral load transfer conditions (i.e. contact
pressure at the cartilage surfaces), which may also resultin OA [15]-[17]. Hence,
in order to reduce the chance of OA progression in an ACL deficient patient the
goal of the surgery should be to restore the kinematic and kinetic behavior of the
intact knee as best as possible and optimize the surgical parameters to reach this
goal.

A very important surgical parameter is the insertion site on the femur as well as
on the tibia. Some surgeons prefer an isometric positioning, whereas some others
aim for an anatomical placement of the graft [18]-[22]. Besides the variations in
graft positioning, another parameter that may affect the post-operative
mechanical behavior of the knee is the tension force applied to the graft at its
fixation (fixation tension). Different graft fixation tension forces, ranging from
15 N to 150 N, have been proposed in the literature [23]-[27].

Finally, there are different preferences among orthopedic surgeons in terms of
graft types and surgery technique (single bundle or double bundle) based on a
variety of graft selection criteria [28]-[33]. The graft type of choice may just be
aresult of personal preference of the surgeon or other criteria (i.e. level of activity
prior to surgery, sort of sport activity, etc.) or in some cases even based on the
patient’s special request [31]. The different graft types have different stiffnesses,
strengths, sizes, and fiber orientations than the native ACL. As a result, a different
mechanical response is expected for different graft choices. This means that
different surgical variables (e.g. insertion site and fixation tension) may need to
be applied for different graft choices in order to meet patient specific
requirements and recreate the original intact knee behavior as best as possible.
The surgeon that masters different techniques would be able to supply different
choices for patient- or sport-specific requirements.
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With the variations in insertion sites, fixation tension, graft type, and technique,
the surgeon has many options to consider when reconstructing the ACL. Finite
Element (FE) models can provide more insight on the implications of different
choices on knee biomechanical outcomes [34]-[36]. We postulate that using an
FE model of the knee joint as a pre-planning tool for ACL reconstructive surgery,
may assist in optimizing the post-operative kinematics and kinetics.

It is known that the mechanical behavior of knees differs considerably amongst
individuals. It has been shown previously that applying mechanical properties for
the knee ligaments from the literature does not lead to a good representation of
knee-specific mechanical behavior [37]. Hence, to enable simulation of a patient
specific knee one needs patient specific geometry as well as patient specific
fitting of the mechanical properties of the soft tissue structures. Patient specific
geometry can be discerned from CT or MRI images [38], [39]. We propose that
the mechanical properties of the soft tissues (i.e. ligaments) can be estimated from
multi-directional laxity measurements. We furthermore postulate that if an ACL-
deficient knee is reconstructed in a way such that the multi-directional knee laxity
is very similar to that of the intact knee, this knee will also function adequately
under weight-bearing conditions such as level walking.

The aim of this study was to demonstrate the potential of FE models to define the
optimal choices in surgical parameters in terms of optimal graft positioning
(insertion sites and fixation tension) in combination with graft type in order to
restore the kinematic and kinetic behavior of the knee as best as possible. For this
purpose we show 1) how ACL surgical parameters can be optimized to obtain
(close to) intact knee joint laxity and 2) how these optimized choices progress
into a more physiological behavior of the knee joint under level walking loading
conditions.

2. Materials and Methods

The workflows proposed in this study is schematically illustrated in Figure 1
(block-B), based on the validated FE model developed in an earlier study (Figure
1: block-A) [37]. The methods as describe below are separated in three parts. Part
I describes the anterior-posterior (AP) laxity tests in a cadaveric setting. The
laxity tests (AP only) were selected so that they could relatively easy be applied
under in-vivo patient conditions. Subsequently, Part II describes how a validated
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FE model was utilized to select the optimal surgical parameters in order to
generate a model of an ACL reconstruction that has a very similar biomechanical
behavior as an intact knee model in terms of knee joint laxity (in AP laxity tests).
In Part III we describe how the laxity-based optimization, as performed in Part
II, affects knee joint kinematics and kinetics at loading conditions generated
during level walking.

Part I: Cadaveric laxity tests

The specimens were received from the Anatomy Department of Radboud
University Medical Center with a permission statement for experimental use. AP
laxity tests (including Lachman and anterior drawer tests) were performed on the
cadaveric intact knee in which an anterior load of 100N was applied to the tibia
at approximately Scm below the joint line at 0, 30, 60 and 90° of flexion. All
translational and rotational motions of the joint were recorded during the tests
using an electromagnetic tracking system (3Space Fastrak, Polhemus
Incorporated, VT, USA).

To define the ACL footprint at femoral and tibial sites in the FE model, the ACL
was removed from the insertion sites by an orthopedic surgeon and the femoral
and tibial footprints were digitized using a calibrated pen-stylus. This information
was used to provide geometrical boundaries for the calculations to determine the
optimal insertion sites of the ACL reconstructions (see Part II).

Part II: Optimizing surgical parameters for ACL surgery

As shown in block-A in Figure 1, previously, based on imaging data, MRI and
CT (Figure 1-a), and a series of internal-external (IE) and valgus-varus (VV)
laxity tests on the human cadaveric specimen, a detailed computational (FE)
model of a human intact knee joint was developed (Figure 1-b). Subsequently,
the FE model was extensively validated against cadaveric measurements in a six-
degree-of-freedom knee testing apparatus, focusing on joint kinematics and tibial
cartilage contact pressures (Figure 1-c¢). This validated intact knee model
developed in an earlier study [37] was then used to follow the workflow proposed
in the current study as shown in block-B in Figure 1.
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Figure 1: The ACL reconstruction pre-planning workflow proposed in this study, based on a validated FE
model in an earlier study [37] (Block A), to recover intact knee biomechanics in an ACL-injured knee and
minimize mechanically induced progression of OA (Block B). Based on imaging data (a), and IE and V'V laxity
tests (b), on a human cadaveric knee joint, a detailed FE model of the knee joint was developed which was
validated against validation tests (c). In this study, based on the experimental AP laxity test, and implementing
numerical optimizations on the FE mode (d), the surgical graft insertion parameters (insertion sites and fixation
tension) were optimized. The kinetics and kinematics of the knee joint during a walking cycle simulation was
assessed with the optimized surgical parameters (f), in order to assess how these optimized choices progress
into a more physiological behavior of the knee joint under level walking loading conditions. The recommended
ACL-reconstruction insertion parameters can be created (g), in which the most optimal graft insertion
parameters (insertion site and fixation tension) is presented for different graft types and different reconstruction
technique (single bundle and double bundle).

The validated FE model was used to simulate various approaches for ACL
reconstruction. Single bundle ACL reconstruction surgery was simulated with
three different graft types: 1) bone-patellar tendon-bone (stiffness: 670 N/mm),
2) quadrupled hamstring tendon (stiffness: 776 N/mm) and 3) quadriceps tendon
(stiffness: 465 N/mm). According to [29], hamstring tendon is the most used graft
for double bundle reconstruction. Consequently, for the double bundle
reconstruction simulation, doubled gracilis (stiffness: 370 N/mm) and
semitendinosus (stiffness: 534 N/mm) grafts were utilized, respectively, as
posterolateral (PL) and anteromedial (AM) bundles. The mechanical properties
of all different graft types were based on the average stiffness values reported in
the literature [33], [40]-[43]. To describe the nonlinear behavior of the grafts, for
instance the negligible resistance in compression and toe- and linear regions in
tension, the widely used model described by Blankevoort and Huiskes (1991) for
ligament mechanical properties was used [44].
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Computer simulation of the operative procedure: We chose to position the
deficient knee joint in 30° of flexion to allow for graft fixation [45]. In single
bundle reconstructions, the graft was inserted and tensioned with a 40N force
before it was fixated at the centre of tibial and femoral footprints of the removed
ACL [46]. In the double bundle case, the AM and PL bundles were tensioned by
50N and 30N, respectively [47]. After graft placement, the joint was fully
extended again. The resulting models were representative for current standard
surgical approaches. These models also served as the basis for subsequent
optimization simulations to find the optimized surgical parameters.

Optimization of the insertion variables within the knee models: For each
simulated operative case, a numerical optimization was performed. In brief, this
optimization procedure aimed at mimicking the laxity of the intact joint as closely
as possible, by varying and optimizing the femoral and tibial graft insertion sites,
and the graft fixation tension. The laxity tests were simulating the experimental
AP laxity tests on the intact knee joint, as explained previously (Part I). The
insertion sites and fixation tension were optimized by sequentially running the
model with adapted insertion sites and fixation tension parameters (Isight,
Simulia, Providence, RI). The optimization model running continued until similar
rotations (valgus-varus and internal-external) and anterior motion, to what
measured experimentally (with the intact knee), were reached in the FE model of
the grafted knee joint. This typically required 3000 FE simulations for each graft

type.

During the optimization, the femoral and tibial insertion points were constrained
within the footprints of native ACL as digitized during the experiment (Part I).
The graft fixation tension was also constrained to be within the range of 0 to
150N.

After these optimizations three single bundle reconstructed knee models, using
patellar tendon, hamstring and quadriceps grafts, and one double bundle
reconstructed knee, with the optimized positioning parameters (insertion sites and
fixation tension) were created.

In order to assess the significance of inserting the grafts with optimal parameters
(insertion sites and fixation tension) as calculated in this study, the grafts in single
bundle reconstruction, were also positioned in the opposite sites than the optimal
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ones (with a fixation tension of 40 N) to be representative for a common non-
optimal reconstruction. Moreover, in the double bundle reconstruction, the AM
and PL bundles with common insertion sites (centers) and fixation tension was
used as a non-optimal double bundle reconstruction.

Hence, in total the following ten models were generated:

- ACL intact: The intact knee joint model;

- ACL ruptured: A knee model with the ACL total rupture;

- Optimal Patellar tendon: A knee model with a single bundle
reconstruction with optimized positioning (insertion sites and fixation tension)
of the Patellar tendon graft;

- Optimal Hamstring: A knee model with a single bundle reconstruction
with optimized positioning (insertion sites and fixation tension) of the
Hamstring graft;

- Optimal Quadriceps: A knee model with a single bundle reconstruction
with optimized positioning (insertion sites and fixation tension) of the
Quadriceps graft;

- Optimal double bundle: A knee model with a double bundle
reconstructed knee with optimized positioning (insertion sites and fixation
tension) of AM and PL bundles;

- Non-optimal Patellar tendon: A knee model with a single bundle
reconstruct with non-optimized positioning (opposite to the optimized sites) of
the Patellar tendon graft (fixation tension: 40 N);

- Non-optimal Hamstring: A knee model with a single bundle
reconstruction with non-optimized positioning (opposite to optimized sites) of
the Hamstring graft (fixation tension: 40 N);

- Non-optimal Quadriceps: A knee model with a single bundle
reconstruction with non-optimized positioning (opposite to optimized sites) of
the Quadriceps graft (fixation tension: 40 N); and,

- Non-optimal double bundle: A knee model with a non-optimized double
bundle reconstruction with AM (fixation tension: 50 N) and PL (fixation
tension: 30 N) bundles inserted at the centre of AM and PL regions.
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Part III: Demonstration of improved functional behavior of the ACL
reconstructed knee using optimized surgical parameters

To evaluate the results of the optimization of the insertion sites and fixation
tension, a full gait cycle was simulated with all ten models. The gait loads were
based on the normalized in-vivo loads produced from eight subjects, as listed in
the Orthoload database [48], and scaled to the weight of the cadaveric subject,
and following the ASTM International standard guide (F3141-15) [49]. The tibia
was fully constrained, and the loads and flexion were applied to femur,
respectively in tibial and femoral frames (Figure 2).
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Figure 2: The loads and boundary conditions applied to the ten models generated in this study. Loads simulated
a walking cycle, based on the normalized in-vivo loads in the Orthoload database [48].

As outcome parameters, the joint kinematics, contact pressure at tibial cartilage,
force in the graft bundles and force in tibiofemoral ligaments were calculated and
compared in the ten models. In order to compare the tibiofemoral articular
condition improvements, achieved by different reconstructions in this study, the
variations in peak contact pressure at tibial cartilage relative to the intact knee
joint were compared. Consequently, for the medial and lateral tibial plateau, the
averaged Root Mean Square (RMS) differences between the intact knee joint and
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all the optimized and non-optimal reconstructed knees, as well as the deficient
knee, during the stance and swing phases of a gait cycle, were compared.

3. Results

Graft insertion optimization: The optimization analyses revealed different
optimal insertion sites, dependent on the graft type. For the quadriceps tendon,
the intact knee laxity was best captured with the graft in the isometric regions,
while for the patellar tendon and hamstring grafts the anatomical regions were
calculated (Figure 3-a). Moreover, different fixation forces were calculated for
the different grafts (Table 1). The quadriceps tendon required a higher fixation
force (around 80N) than the patellar tendon and hamstring grafts (around 40N).

In the double bundle reconstruction case, the best fit with the intact knee laxity
was achieved when the AM and PL bundles were positioned at, posterior distal
and posterior proximal regions within the femoral footprint of the excised ACL,
respectively (Figure 3-b). For an optimal fit with the intact knee laxity, both AM
and PL bundles needed to be tensioned by about SON (Table 1).

<5

Anterior

undle
al Insertion)

le
al Insertion)

() (b)

Figure 3: Optimal calculated graft insertion sites for single bundle (a) and double bundle (b) reconstructions,

implementing the workflow of the current study.
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Tablel: Optimal Graft tension at 30 degrees of flexion prior to the fixation (fixation tension) in order to recover
the intact knee laxity during the AP laxity tests.

Single Bundle Reconstruction Double Bundle Reconstruction
Patellar Hamstring Quadriceps AM Bundle PL Bundle
Tendon  (quadrupled) tendon (Semitendinosus)  (Gracilis)
Optimal Graft
Fixation Tension 39N 41N 85N 49N 50N

Gait Simulation: The ACL deficient knee showed a considerable increase in
femoral posterior translation with a maximum of 14.3 mm at stance phase and
16.6 mm at swing phase (Figure 4). Moreover, ACL rupture led to an increase in
femoral lateral translation at stance phase, maximally by 3.9 mm.

The reconstructed knees (single bundle and double bundle) with the optimized
graft positioning and tension parameters, could recover the anterior-posterior
(AP) and medial-lateral (ML) translation during a full walking cycle. In case of a
non-optimal graft positioning (insertion sites and fixation tension) in single
bundle reconstruction with hamstring and patellar tendons, the translational
kinematics could not be recovered. The quadriceps tendon graft with non-optimal
positioning parameters, could better follow the intact knee AP translation,
whereas it over constrained the femoral lateral motion, particularly in swing
phase.

Similarly to the translational kinematics, the intact knee rotational kinematics
could be recovered using the optimized positioning variables in all three
optimized single bundle reconstructions. The optimized double bundle
reconstructed knee, revealed even a better improvement in the joint rotational
kinematics recovery during the swing phase (Figure 5).
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for the ten models.

ACL rupture increased the peak contact pressure at the lateral tibial cartilage
during the stance phase and particularly at mid-stance phase (20% of the gait
cycle) where the increase in peak contact pressure was up to 2.3 MPa (37%), as
shown in Figure 6. Not only in contact pressure magnitude, but also the contact
pressure distribution pattern was influenced considerably by ACL rupture.
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Figure 6: Contact pressure at tibial cartilage at 20% of a gait cycle for the intact knee, ACL-ruptured knee,
three single-bundle and the double-bundle reconstructed knees with optimized grafting parameters, and three
reconstructed knees with non-optimal common graft positioning.

The averaged Root Mean Square (RMS) differences between the peak contact
pressure in the intact knee joint and all the optimized and non-optimal
reconstructed knees, as well as the deficient knee, during the stance and swing
phases of a gait cycle were presented in Table 2, separately for the medial and
lateral tibial plateaus. As also the heat map illustrates, the lower values in Table
2 would mean that the reconstructed knee could better recover the intact knee
peak contact pressure at tibial cartilage.

The results of the grafts biomechanics comparison indicated that the graft force
in the optimized reconstructed cases was larger than the force in the native ACL.
The force in the non-optimally positioned hamstring and patellar tendon grafts
showed a drop to zero at some regions, more particularly in stance phase,
revealing the graft slackness. In general, the quadriceps tendon graft, showed a
larger force if non-optimal positioning applied.
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Table2: The color-scaled averaged RMS difference between the intact knee and different reconstructed knees,
for peak contact pressure at medial and lateral tibial cartilage, during the stance and swing phases of a gait cycle.

Average RMS difference + standard deviation (MPa)
Positioning Stance Phase Swing Phase
Medial Plateau | Lateral Plateau | Medial Plateau | Lateral Plateau
ACL-
ruptured
Patell;
atetlar Non-optimal
Tendon
Optimal ‘
Hamstring .
- 1 - +0.
Tendon Non-optima 0.81+£0.94
Optimal 0.50+0.37 0.52+0.41 \ 0.65+0.65
Quadriceps 0.53+0.42 0.56+0.66
Tendon
Optimal 0.60+0.61 0.54+0.50 0.5340.60
Doubl
ouble 0.7720.75 0.60£0.44
Bundle
Optimal

The tensile force in the PCL (at stance phase) and LCL (whole gait) increased
dramatically in the model simulating an ACL rupture (Figure 7). All the grafted
knees show similar PCL force and LCL force to intact knee joint. However, the
non-optimal grafted knees with patellar tendon and hamstring tendon showed
lower MCL force at stance phase and larger MCL force at swing phase.
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Figure 7: Force in PCL, LCL and MCL during a full gait cycle, for the intact knee, ACL-ruptured knee, single-
bundle and double-bundle reconstructed knees with optimized positioning variables and the reconstructed knees
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4. Discussion

In this study a workflow was proposed in order to recover the biomechanical
behavior of the injured knee as physiological as possible. For this purpose,
femoral and tibial graft insertion sites and graft fixation tension were optimized
to obtain similar intact knee laxity, for three common single bundle
reconstruction grafts (Hamstring, Quadriceps and Patellar tendons), as well as for
a common double bundle reconstruction. Eventually, to verify the success of the
surgery with the variables calculated with the proposed workflow, a full walking
cycle was simulated with the intact, ACL-ruptured, optimal ACL reconstructed
and non-optimal reconstructed knees to demonstrate that these optimized surgical
parameters do indeed lead to more physiological knee biomechanics.

Implementing the proposed workflow to find the most optimal graft positioning
parameters (insertion sites and fixation tension), in order to gain the intact knee
laxity, for all three single bundle graft types and the double bundle grafts, did
indeed improve the knee kinematics. The non-optimal, yet clinically applied,
graft positioning protocol led to large deviations from intact knee kinematics and
tibiofemoral articular behavior. We, furthermore, found clear biomechanical
indications (instability and aberrant cartilage stresses) that ACL deficient knee
may stimulate the onset or progression of OA (due to instability and aberrant
cartilage stresses). This concurs with findings in the literature indicating a
correlation between ACL injury and OA [11]-[14], [50].

The changes in the knee joint laxity due to the ACL deficiency observed in our
simulations have been confirmed by the studies of Beynnon et al. (2002) and Liu-
barbara et al. (2007) who also reported an increase in tibial anterior and medial
laxities and knee external rotational laxity [51], [52]. The kinematics prediction
of the intact and ACL-deficient knee models during a full gait cycle is also in a
good agreement with previous studies [50], [S3]-[57]. Our calculated alterations
in knee kinetics and force in tibiofemoral ligaments (PCL, LCL and MCL) due
to the ACL rupture, were similar to the findings of Shelburne et al. (2004) [50].

Previously, studies reported an increased risk of OA development in untreated
ACL rupture. For instance, Louboutin et al. reported a 60% increase risk of OA
(after 10 years) for ACL-ruptured knees [4]. Our result indicates that, not only
the untreated ACL-ruptured knee, but also non-optimally reconstructed knees,
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can undergo larger contact pressure and also different contact pressure patterns
than the intact knee joint. The larger contact pressure at tibial cartilage are shown
to have a direct influence on OA development [11]. Moreover, the change in
contact pressure pattern and as a result in peak contact pressure location can bring
regions of tibial cartilage with a smaller thickness into contact, which is also
believed to influence the OA development [58], [59].

For an optimal single bundle reconstruction, similar graft positioning parameters
(insertion sites and graft fixation tension) were found for hamstring and patellar
tendon grafts. [sometric positioning with a graft fixation tension of 40 N revealed
the best kinematic (laxity) recovery for hamstring and patellar tendon grafts. With
a quadriceps graft, anatomical positioning with 80 N graft fixation tension was
required for the best outcomes. The reason for such differences might be sought
in the larger stiffness of hamstring and patellar tendon, comparing with
quadriceps tendon. Although both optimal single and double bundle
reconstructions improved the knee joint biomechanics during gait cycle, optimal
double bundle grafted knee indicated even better rotational improvement than the
optimal single bundle reconstructions.

There were several limitations to this study. First, in-vitro cadaveric experiments
were performed in this study, with no muscle activation involvement. Hence, the
compensation mechanism of the quadriceps activation in ACL deficient patients
was not considered. Therefore, in this respect the loading conditions divert from
reality. However, as ACL-reconstruction is meant to recover a passive structure
(ligament) function, passive experiments can sufficiently provide a realistic
insight for assessing the biomechanical differences in different cases. Hence, we
assume that if we are able to recover the soft-tissue stability envelope by
optimizing ACL reconstruction, patients do not require to apply any muscle
activation compensation strategies.

Another limitation was the fact that the detailed computational model was
developed, validated and utilized based on a single cadaveric specimen. It is,
however, emphasized that this is a methodological study as a novel approach to
treat the ACL-ruptured knees in also a subject-specific manner. Consequently,
for each patient, the proposed workflow can be followed. It is worth mentioning
that the completion of this workflow for each patient requires almost one month.
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Currently, investigations are underway to generate and optimize patient specific
models in a much faster manner.

In this study, in order to simulate the ACL reconstruction procedure, the knee
was positioned in 30° of flexion which was shown to have limited advantages
over other flexions [45]. The workflow proposed in the current study is capable
of implementing other flexion angles rather than 30° for graft insertion. In that
case, a different graft fixation force combined with flexion might be expected as
shown by Arnold et al. (2005) [60].

5. Conclusion

In conclusion, our results suggest that based on the surgeon’s selected graft type
(hamstring tendon, patellar tendon or quadriceps tendon) or surgery technique
(single bundle vs. double bundle) numerical optimizations can be implemented
prior to the surgery to find the most optimal graft positioning surgical parameters
(graft insertion sites and fixation tension). For this purpose AP laxity tests (i.e.
Lachman and Drawer tests) are required on the healthy knee (contralateral joint)
as the control and on the deficient knee as the target joint for the optimization.
With optimal graft positioning parameters, following the proposed workflow in
this study, any of the single bundle graft types and surgical techniques (single vs.
double-bundle) may be used to acceptably recover the intact knee joint
biomechanical behavior.
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IMPLICATIONS OF NON-ANATOMICAL POSITIONING OF A MENISCUS PROSTHESIS

1. Introduction

Medial meniscus injuries are among the most common knee-related injuries.
When the medial meniscus cannot function properly due to severe damage or
degeneration it might be partially resected (partial meniscectomy). The more
meniscus tissue is resected the higher the chance on OA [1]. This increase of OA
may lead to pain and functional impairment. When most of the meniscus is
absent, replacement with a meniscal allograft may be an option. After
transplantation the pain is reduced and patients typically have an improved
quality of life [2]. However, problems related to the availability and sizing of
allografts has driven the search for an alternative treatment [3]-[5]. An on-the-
shelf meniscus prosthesis may overcome the shortcomings of meniscal allografts.

For a meniscus prosthesis, the geometry, material properties, fixation type, and
prosthesis positioning are crucial factors, which need to be assessed thoroughly
before clinical implementation. The influence of geometrical specifications of the
medial meniscus prosthesis [6]—[8] and the material properties of the prosthesis
[9]-[11] on the knee biomechanics have previously been studied, as have
different meniscus prosthesis fixation types [12], [13].

In our lab, a novel anatomically shaped, polycarbonate urethane total meniscus
prosthesis was recently developed using statistical shape modelling based on 35
subjects [14]. The composite structure of the meniscus prosthesis allows for
flexible articulations, while simultaneously constraining excessive prosthesis
deformation. Several studies have been performed to improve the geometry,
material properties, and fixation technique of the meniscus prosthesis [14]-[16].

In analogy with meniscus allograft transplantation, positioning of a meniscus
prosthesis may influence the biomechanical behaviour in the knee[17]. In clinical
practise the success of the prosthesis, therefore, will depend on surgical factors
such as the intra-operative positioning of the prosthesis. Wajsfisz et al. introduced
a new arthroscopic technique for meniscal transplantation [18]. With their
technique they could achieve a placement accuracy of about £2mm in anterior-
posterior and +4mm in medial-lateral directions. However, the influence of the
implantation offset on joint biomechanics was not reported in their study. Sekaran
et al. assessed the impact of posterior attachment dislocation of autografts on the
contact pressure on the medial tibia plateau in a cadaveric study [19]. Their results
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revealed an alteration in contact pressures in a simplified loading condition, when
the posterior horn of the native meniscus was fixated posteriorly. While the
influence of the shifted placement of an allograft has previously been investigated
[18], [19], a study on the significance of accurate meniscus prosthesis positioning
on knee joint biomechanics is still missing.

The aim of this study was therefore to assess the implications of positional
changes of the medial meniscus prosthesis. The outcome of this study may
provide a better insight into the possible consequences of meniscus prosthesis
positioning errors for the patient and the prosthesis functionality. This study may
also open a discussion for possible risks of OA due to the mechanical factors
induced by implantation errors.

2. Methods

All methods were carried out in accordance with the relevant guidelines and
regulations. A pair of fresh frozen cadaveric knees, with no sign of injury and
surgery was selected to follow the workflow of this study, as schematically
illustrated in Figure 1. The specimens were received from the Anatomy
Department of Radboud University Medical Centre with a permission statement
for experimental use. After checking the symmetry of the knees (Appendix B),
the left knee was used for in-vitro implantation experiment. The contralateral
right knee was used for developing a detailed validated FE model [20]. The in-
vitro experiment on the left knee was simulated with the validated FE model of
the right knee, and the FE model predictions were further validated against
experimental measurements. In addition to the anatomically positioned meniscus
prosthesis, different non-anatomical prosthesis positioning was applied in the FE
model. Eventually, a stance gait cycle was simulated with the intact knee model,
anatomically positioned and non-anatomically positioned prostheses, to assess
the influence of different implantations on the biomechanics of the joint and
prosthesis.



IMPLICATIONS OF NON-ANATOMICAL POSITIONING OF A MENISCUS PROSTHESIS

Cadaveric knee Pair

|

Symmetry Check :
le—
(Supplementary data) nght Knee

Model Verification Validated FE Model

Left Knee

o Native Meniscus

In-vitro Axial

y : o Meniscectomized samm Axial Loading Simulation
Loading Experiment

o Implanted
(Anatomically Positioned)

Evaluation of Meniscus Prosthesis Positioning

o Native Meniscus
o Meniscectomized

o Implanted wmm Gait Stance Simulation
(Anatomically Positioned)

o Implanted (4X)
(Non-anatomically Positioned)

Figure 1: Schematic illustration of the workflow of the current study

2.1. In-vitro axial loading experiment:

The left knee was used for in-vitro implantation experiments (Figure 2-a). First,
small tantalum markers (diameter: 1mm) were injected into the femur (three
markers) and tibia (three markers). Next, the joint with the markers injected were
CT-scanned in order to define the relative position of the markers with respect to
the bony segment. Tantalum beads (diameter: 0.5 mm) were also injected into the
native meniscus and the meniscus prosthesis in the anterior, posterior and middle
region (Figure 2-b). During the experiment, the positions of the markers were
captured using Roentgen Stereophotogrammetric Analysis (RSA; Figure 2-a) and
in-house developed scripts (MATLAB R2013a, Natick, MA).

The joint was prepared to be positioned in a mechanical testing machine (MTS,
MTS Systems Corporation, Eden Prairie, MN, USA) in an extended position. A
calibrated pressure sensitive film (Type 4011, Tekscan Inc., Boston, MA, USA)
was inserted from the anterior side underneath the medial meniscus by an
experienced knee surgeon. An axial load of 1000 N was applied to the femur, and




CHAPTER 7

the pressure map was recorded after 30s of applying the load. The medial
meniscus was removed by the surgeon to replicate the total medial meniscectomy,
and the same loading condition was applied to the joint. Eventually the meniscus
prosthesis was inserted in the joint space using bone screw fixations at the centre
of the anterior and posterior attachments of the excised native meniscus. The load
was re-applied to the implanted knee while the contact pressure was recorded.

Based on the RSA techniques the medial-lateral (ML) and anterior-posterior (AP)
motions of the injected titanium beads were calculated using in-house developed
MATLAB scripts as indications for the native meniscus and meniscus prosthesis
deformation at different regions. Eventually, the implanted joint was CT-scanned
after the experiment for an accurate prosthesis positioning in the FE model,
following the fixation screw holes in tibia.

2.2.Axial loading simulation (Finite FElement Modelling of in-vitro
experiment):

A detailed FE model of the right knee was developed in Abaqus v6.13
(Pawtucket, RI, USA) based on the laxity experiments. The FE model was
subsequently validated based on validation tests against measured kinematics and
contact pressure at tibiofemoral articular surfaces (Figure 2-d) [20], [21].

In the FE model, cartilage was modelled as nonlinear Neo-Hookean hyperelastic
isotropic, in which the strain energy function 1 is described as a function of the
first invariant of the left Cauchy-Green deformation tensor (/) and the elastic
volume ratio (J):

Y =Cro(l —3) +5-( — 1)? (1)

In this equation, C;y and D are the Neo-Hookean constant and the inverse of the
bulk modulus, respectively, which were calculated based on experimental
compressive tests on 11 cadaveric knees [22] (C10=0.86 MPa and D=0.048 MPa-

I).

Menisci were modeled as transversely isotropic with circumferentially oriented
fibers, implementing the Holzapfel-Gasser-Ogden (HGO) hyperelastic model
[23]. The strain energy function 1 is described as a function of Neo-Hookean
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terms, representing the non-collagenous matrix, and f4(aa), pseudo-invariants of

C and A, (directions of the fibers in the reference configuration):

Y=ol —3) + —(L ~n (I)> + 3 {explka(Ee)?) - 1) @)
With:
Eo = k(5= 3) + (1= 30) (aaay — 1) 3

Constants k, and k, are material parameters and k (0 < k < %) describes the
level of dispersion in the fiber directions. When =0, all fibers are perfectly
aligned, and k = % describes an isotropic material [24]. The meniscus prosthesis

materials (polycarbonate urethane, Bionates grade Il 80A and 75D, DSM
Biomedical, Geleen, Netherlands) were modeled as isotropic neo-Hookean
materials for the prosthesis body (C;,=1.93 MPa and D=0.001 MPa™) and elastic
material (E=71 MPa, v=0.48) for the stiff meniscus core, based on the material
specifications.

The in-vitro experimental condition was replicated in the FE model of the right
knee, following the initial joint orientation measured using RSA. In order to
validate the prediction of the FE model, the contact pressure and contact area at
the medial tibia plateau was compared with the experimentally measured values
in three cases (native, meniscectomy, implanted). Moreover, the motions of the
native meniscus and the meniscal prosthesis were compared in the FE model
(Figure 2-c).
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Figure 2: In-vitro experimental set-up (axial loading) to assess the biomechanical response of the cadaveric left
knee (a), and the motion of the injected titanium beads could be quantified using RSA techniques in the native
meniscus and meniscal prosthesis (b) which were compared with the representative nodes (c) in the detailed
validated FE model (d) of the contralateral knee (right knee).
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2.3. Gait stance simulation with different meniscus prosthesis positioning:

To investigate the effect of prosthesis malpositiong, prosthesis was then
positioned 2mm anteriorly, 2mm posteriorly, 4mm laterally and 4mm medially,
according to the reported positioning errors [18]. A full stance phase of straight
walking cycle was simulated with the knee model with native meniscus (intact
knee), the meniscectomized knee, the anatomically positioned prosthesis, and the
four different shifted non-anatomical implantations (anterior, posterior, medial
and lateral), with a dynamic explicit solver [25]. The loads were adjusted based
on the normalized in-vivo loads produced from eight subjects, in the Orthoload
database [26], and the weight of the cadaveric subject, following the ASTM
International standard guide (F3141-15) [27]. The knee kinematics, the
displacement of the native meniscus and meniscal prosthesis, the contact
variables at tibial plateau, and the force at the attachment of the meniscal
prosthesis were compared to assess the influence of prosthesis positioning on the
knee joint biomechanics.

3. Results

3.1. Model verification (In-vitro experiment versus Finite element simulation:

In the axial loading case, the computational (FE) model could predict the changes
in the contact pressure pattern comparable to the experimental measurement at
the medial tibial plateau (Figure 3). As Figure 4 illustrates, a similar trend was
seen between the experimental measurement and computational prediction for
contact area at the medial tibial cartilage.

The motion of the native meniscus and meniscal prosthesis under axial loading,
as measured during the experiment and calculated in the FE model, are shown in
Table 1. The FE model could predict the motions of the markers in both medial
and anterior directions, with a reasonable agreement with experimental
measurements, for both the native meniscus and the prosthesis.
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Table 1: The medial and anterior displacements of the injected tantalum markers in native meniscus and

meniscus prosthesis and in the FE model, under axial loading.

Medial displacement Anterior displacement
[mm] [mm]
Anterior | Middle | Posterior | Averag | Anterior | Middle | Posterior | Averag
marker |marker | marker e marker |marker | marker e
Native | Experiment 1.02 1.40 0.61 1.01 -0.89 -1.30 -0.86 -1.02
Meniscus | FE Model 0.64 0.67 1.07 0.79 -0.43 -0.85 -1.89 -1.06
Meniscus | Experiment| 0.60 0.63 0.27 0.50 0.63 0.38 0.31 0.44
Prosthesis | FE Model 0.49 1.66 0.39 0.85 2.80 1.85 0.48 1.71
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Figure 3: The contact pressure at tibial cartilage predicted by the FE model of the right knee (top) and measured
during axial loading experiment (bottom) on the left knee, for the knees with native meniscus, total medial
meniscectomy and meniscus prosthesis. In order to facilitate the comparison, the experimental pressure maps

were horizontally flipped.
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3.2. Evaluation of meniscus prosthesis positioning (Computational
outcomes)

Knee kinematics: The FE model demonstrated that the meniscectomized knee
joint had an increased medial-lateral translation (max. 4 mm) and anterior-
posterior translation (max. 11 mm), both at the load acceptance phase (Figure 5).
Valgus rotation was reduced by meniscectomy, as shown in Figure 6.
Implantation at the anatomical position could partially recover the intact knee
joint kinematics (Figure 5 and 6). A non-anatomical positioned prosthesis
influenced the anterior-posterior motions by less than 3.5 mm, and the medial-
lateral translations by less than 4 mm during the stance phase. A maximum
alteration of 2° in valgus-varus and 6° in internal-external knee rotations was
illustrated by non-anatomical positioning of the prosthesis.
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Figure 4: Articular contact area on tibial plateau (medial) during the axial loading experiment (left), and the
calculated contact area in the FE model on both medial and lateral tibial plateaus in axial loading simulation.
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Meniscal prosthesis motion: Comparing the meniscal prosthesis displacement in
coronal plane (ML), the non-anatomical lateral positioning caused the largest
prosthesis motion during the whole stance phase (Figure 7). The posteriorly
positioned prosthesis increased the displacement in the coronal plane, in the
anterior region (30% to 60% of gait cycle) and posterior region (14% to 30% of
gait cycle). The anteriorly positioned prosthesis resulted in a large motion in the
coronal plane in the posterior region in the early stance (0% to 16% of gait cycle).
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The medially positioned prosthesis showed the largest prosthesis motion in the
sagital plane (AP) at the end of the stance phase (30% to 50% of the gait cycle),
maximally by ~4mm (Figure 7).

Contact variables: In comparison with the intact knee, total meniscectomy
increased the peak contact pressure at medial and lateral plateau, respectively, by
1.4 MPa and 0.3 MPa, during the stance phase simulation. With the anatomically
positioned meniscal prosthesis, the peak contact pressure decreased with an
average difference of 0.04 MPa (medial plateau) and 0.03 MPa (lateral plateau)
relative to the intact knee. While the peak contact pressure was revealed to be less
sensitive to an anterior or posterior prosthesis position, a lateral or medial position
led to a slightly larger peak contact pressure, respectively, at both the lateral and
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Figure 7: The displacements of native medial meniscus and medial meniscal prosthesis with the anatomical
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Figure 8: Contact pressure at tibial cartilages at loading response phase (20%) of a gait cycle for the knees with
the native meniscus, total meniscectomy, anatomically positioned meniscus prosthesis, and four non-anatomical
positioning of the meniscus prosthesis.

Meniscectomy predictably decreased the contact area at the affected plateau
(medial plateau), while at the lateral plateau the influence was negligible (Figure
9). All the anatomical and non-anatomical implantation cases slightly increased
the contact area at the medial plateau, although amongst the implantations the
non-anatomical laterally positioned prosthesis showed the smallest contact area
in this region.

Force at prosthesis horns: In the laterally and posteriorly positioned implantation
cases, the force at the anterior attachment of the prosthesis increased considerably
in heel strike phase and also after the heel-off phase (30% of gait cycle; Figure
10). Comparing with the anatomically positioned prosthesis, all the non-
anatomically positioned prosthesiss displayed a larger force at the posterior
attachment, of which the laterally positioned prosthesis underwent the largest
force.
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4. Discussion

In the current study the influence of a non-anatomical positioning of a meniscus
prosthesis on the knee biomechanics was assessed during a complete gait stance
phase. For this purpose, the right knee of a symmetrical cadaveric pair was used
to develop a validated FE model, while the left knee was utilized for an in-vitro
implantation experiment (axial loading) for further verification of the model
outcomes validity (including the implanted knee model). Different non-
anatomical prosthesis positions were applied in the FE model, and the
biomechanical response during the stance phase of gait compared with an
anatomically positioned prosthesis, as well as with the intact knee model.

The FE model was capable of predicting the motion of the native and meniscal
prosthesis with an acceptable agreement with the in-vitro experimental results.
The simulated contact pressure and area at the tibial medial plateau were
comparable with the experimental measurements. However, the contact areas
measured during the experiments were smaller than those in the FE models,
which may be due to limitations in the pressure sensitive films of covering the
joint contact surface. It is worth mentioning, that for in-vitro axial loading
simulation the joint was constrained in valgus-varus direction to replicate the in-
vitro loading condition for validation purposes. It should therefore be noted that
the outcomes of the in-vitro loading simulation may not reflect the in-vivo knee
re-alignment conditions. Re-alignment after implantation was considered,
however, for gait simulations.

The kinematic predictions of the FE model during the stance phase of gait for the
intact knee well agreed with the literature in both knee translations and rotations
[28]-31]. The results of our gait simulation showed an increase in tibial internal
and varus rotations and posterior motion due to total medial meniscectomy. This
is in agreement with the findings of Netravali et al (2010), in which similar
changes were reported in 10 patients with medial meniscectomy comparing with
their healthy contralateral knees [32].

The outcomes of the simulation of the stance phase of gait showed that an
anatomically positioned meniscal prosthesis could improve the knee joint
biomechanics, although it could not fully recover the intact knee joint function.
Non-anatomical positioning of the meniscal prosthesis could lead to a limited
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alteration in the joint kinematics. Werner et al. showed that contact distribution
and contact loads on medial and tibial compartments significantly changed with
a valgus-varus variation as little as 3° in gait, based on cadaveric experiments
[33]. Similar findings of Engin et al. on human native knee joint confirm the high
sensitivity of knee contact biomechanics to valgus-varus rotational configurations
[34]. However, none of the non-anatomical prosthesis positionings led to a
valgus-varus alteration beyond 2°, with respect to the anatomical positioning. The
change in internal-external rotations during the gait simulation by non-anatomical
prosthesis positioning, can alter not only tibiofemoral joint behavior, but also the
biomechanics of patellafemoral joint. Patellar kinematics and patellofemoral
contact pressure were shown to be slightly more sensitive to femoral internal
rotation where an internal rotational change of 5° can alter the patellofemoral
joint biomechanical behavior [35]. In anteriorly and laterally non-anatomical
positioning cases, similar internal-external rotational change was reached. The
alteration in the posteriorly directed joint behavior by non-anatomical posterior
and lateral positioning, can also lead to different cruciate ligament forces [36],
[37].

In our study we found that, in comparison with an anatomical prosthesis position,
a non-anatomical position mostly resulted in a larger contact area at the medial
tibial plateau. Sekaran et al. also reported an increase in contact area at the medial
plateau when an allograft is positioned posteriorly or medially to the anatomical
location [19].

When the meniscus prosthesis was fixated more laterally or posteriorly, the force
at the fixations changed dramatically in both magnitude and trend. This may
increase the risk of prosthesis loosening at fixations, and more particularly at the
anterior fixation where the force fluctuation is larger [38]-[40]. The calculated
forces at the fixations can be applied to another FE model with a non-rigid bone
representation in order to assess the aseptic loosening risk due to the fatigue
failure [39].

The large prosthesis motion in the coronal plane due to the lateral positioning of
the prosthesis can be a result of the adoption of the prosthesis to femoral condyle.
This may also be an indication for an increase in shear stress at medial tibial
cartilage as a result of sliding of the prosthesis. This increase in shear stress at the
tibial cartilage is a key factor in the progress of OA [41]. Despite the differences
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in strain behaviour of meniscus prosthesis in different positioning, none of them
reached beyond the failure strain of the materials implemented in the prosthesis.

There were several limitations in the current study. First, the computational FE
model was developed and validated against an in-vitro experiment on cadaveric
specimen, while an in-vivo model may give a more realistic insight into actual
joint kinematics. However, due to the invasiveness of the measurements (contact
pressure measurement, laxity measurement, RSA measurements, CT scanning),
a cadaveric specimen-based computational modelling was unavoidable.
Therefore, a cadaveric specimen-based detailed FE model was used which was
intensively validated against in-vitro experiments in our earlier study [20].
Second, the bones were modelled as rigid bodies, which was shown to be an
acceptable assumption when contact variables are of interest. A more realistic
inhomogeneous modelling of bones could enrich the model with more details of
the screw-bone interface. Third, the boundary conditions for the simulation of
gait were assumed to be similar for all cases, whereas in the meniscectomized
case the gait pattern might be different due to the lack of the meniscus, or due to
pain. However, this model was force-controlled, meaning that loads were applied
to the knee joint while allowing for free joint adjustment during gait. As a result,
and in contrast with motion-controlled models, similar loading for different cases
might acceptably be applied.

Despite the variations in the prosthesis mechanical properties and geometry, from
the native meniscus, the anatomical placement of the meniscus prosthesis could
better restore the intact knee biomechanics, comparing with all non-anatomical
prosthesis positioning. An optimized subject-specific meniscus prosthesis
positioning may improve the implantation outcomes furthermore. To achieve
this, the developed FE model in the current study could be combined with
optimization algorithms, in order to optimize the meniscus prosthesis position in
the injured knee based on the intact knee joint (contralateral knee) biomechanical
outcomes. Subsequently, the calculated optimal meniscus prosthesis placement
can be applied, for instance, using 3D printed surgical guides.




CHAPTER 7

5. Conclusion

This study showed that an anatomical positioning of the medial meniscus
prosthesis could better recover the intact knee biomechanics, while a non-
anatomical positioning of the meniscus prosthesis to a limited extent alters the
knee kinematics, and increases the risk of implantation failure. Our results
indicate that a medial or anterior positioning of the meniscus prosthesis may be
more forgiving than a posteriorly or laterally positioned prosthesis.
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SUMMARY, GENERAL DISCUSSION AND FUTURE PERSPECTIVES

1. Summary

The knee joint can be analyzed by using finite element model in a static or
dynamic way, either using implicit or explicit methods. In general, the implicit
method gives more accurate outcomes, due to the iterative solution in which the
numerical errors must meet a tolerance value. However, convergence problems
may require substantial simplifications to the FE models. In contrast, the direct
forward explicit method allows for the inclusion of more complex features in the
models. The explicit algorithm is conditionally stable, and can be quite time
consuming. Although the computational time can be reduced by using mass-
scaling, it may alter the outcomes if it is inappropriately implemented. In chapter
2 it was illustrated that ignoring dynamic effects in a simulation of a daily activity
can result in unacceptable results. However, it was also shown that explicit
analyses can be suitably used to simulate dynamic loading of the knee joint in
high-speed activities, as this method offers a substantial reduction of
computational time, while predicting similar cartilage contact pressures and
meniscus strains as in a (time consuming) implicit simulation. Although mass-
scaling can reduce computational time even more, it is not recommended for
high-speed activities, in which inertial forces play a significant role.

In FE models of the knee joint, different material models have been used to
capture the mechanical response of the tissues. Particularly, material models for
knee ligaments have a large effect on the joint laxity, kinematics and, as a result,
joint biomechanics (e.g. contact stresses). Traditionally, tibiofemoral ligaments
have been modeled as one-dimensional spring elements, which reduces the
computational costs. Only in a few FE models of either native or implanted knees
(i.e. TKA, meniscus prosthesis, etc.), the geometry of the ligaments were
physically represented, which enables modeling of ligament wrapping. In most
models, the geometrical representation of the ligaments and the mechanical
properties are based on data reported in literature, while only in a limited number
of models the properties were adjusted specifically for the studied subject. In
chapter 3, FE models were created based on in-vitro experiments with three
cadaveric specimens. That study revealed that, for a more reliable FE simulation,
both in models using springs or continuum elements to represent the ligaments,
the material parameters need to be determined based on subject-specific
properties. Although both the continuum and spring-based subject-specific FE
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models improved the knee kinematics predictions, with ligaments modeled using
continuum elements the contact pressure at the tibial cartilages was enhanced
most.

In addition to the main tibiofemoral ligaments, there are other ligamentous
structures that may influence the knee joint kinematics, particularly at the
posterior side of the knee joint. In most FE models of the knee joint these
structures are ignored, mostly because their influence has not been well-described
and considered to be of minor effect for the overall biomechanical behavior of
the knee. In chapter 4, a comparative study based on in-vitro experiments on three
cadaveric knee joints demonstrated the importance of including the peripheral
soft tissue envelope. According to the results, modeling the knee joint with only
main tibiofemoral ligaments may not be a realistic representation for an intact
knee joint, particularly, when the joint is under a (tibial) posterior load, internal
torque, or valgus moment. Modeling the anterolateral ligament and posterior
capsule improves the laxity prediction.

One of the biggest challenges in developing a patient-specific FE model is
characterization of the patient’s tissues. In this thesis, and as explained in chapter
3, based on laxity tests, and implementing parallel optimizations, the ligament
properties could be calculated for three individuals. The laxity tests were selected
such that they could also be implemented in-vivo. To the best of the author’s
knowledge, this was the first time an FE model of an intact knee was developed
in subject-specific manner based on laxity tests. The main obstacle in
implementing the same methodology for in-vivo applications, is the time required
for model development (almost one month), mostly due to the laxity-based
optimization. To address this obstacle, in chapter 5, it was assessed whether the
mechanical properties of the knee joint ligaments can be estimated from
quantitative MRI parameters, (T1,, T2 and T>") and structural specifications (i.e.
volume or cross-sectional area). For this purpose, the MR relaxation times (T},
T, and T,") of all four main tibiofemoral ligaments (ACL, PCL, MCL and LCL)
of six cadaveric knees were determined. Subsequently, the volume (based on
segmentation of the MRI data) and cross-sectional area (based on ultrasound
measurements) were measured. Eventually, in-vitro tensile tests were performed
to measure the stiffness and rupture force. The results illustrated that if selected
MR parameters are used in combination with ligament volume, the mechanical
properties can be estimated acceptably, with an R? of 0.53 for the rupture force,
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and 0.48 for ligament stiffness. If the ligament type (ACL, PCL, MCL and LCL)
is also included in the predictive model, the correlation was further improved
(R?=0.57 for initial rupture force, and 0.60 for stiffness).

In order to demonstrate the capability of the developed FE models of the native
knee joint, the models were used as surgical pre-planning tools for two common
orthopedic procedures. Consequently, ACL reconstruction and meniscal
implantation surgeries were studied in chapter 6 and chapter 7, respectively.

In patients with an ACL reconstruction the post-operative situation may differ
from the intact situation, which can lead to changes in knee kinematics and
kinetics, which is believed to play an important role in the initiation or
progression of knee OA after an ACL injury. The aim of the study as described
in chapter 6 was to demonstrate the potential of FE models to define the optimal
surgical parameters in terms of graft positioning (insertion sites and fixation
tension) in combination with graft type of choice, in order to restore the kinematic
and kinetic behavior of the knee as good as possible.

A workflow was proposed based on cadaveric experiments to reconstruct the
biomechanical behavior of the injured knee as physiologically as possible.
Femoral and tibial graft insertion sites and the graft fixation tension were
optimized to obtain a similar intact knee laxity, for three common single-bundle
reconstruction grafts (hamstring, and quadriceps and patellar tendons), and for a
common double-bundle reconstruction. Eventually, to verify the success of the
surgery with the optimized parameters, a full walking cycle was simulated with
the intact, the ACL-deficient, and the optimal and non-optimal reconstructed
knees, to demonstrate that these optimized surgical parameters do indeed lead to
more physiological knee biomechanics.

It was demonstrated that, based on the selected graft type (hamstring tendon,
patellar tendon or quadriceps tendon) or surgical technique (single-bundle vs.
double-bundle), numerical optimizations can be implemented prior to the surgery
to find the most optimal graft positioning parameters (insertion sites and fixation
tension) to replicate the intact knee behavior.

Despite efforts to optimize a meniscus prosthesis system (geometry, material and
fixation type), the clinical success will depend on surgical factors, such as intra-
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operative positioning of the meniscus prosthesis. In the study described in chapter
7, the aim was therefore to assess the implications of positional changes of the
medial meniscus prosthesis for knee biomechanics.

A detailed validated FE model of intact and meniscal implanted knees was
developed based on a series of in-vitro experiments. Different non-anatomical
prosthesis positions were applied in the FE model, and the biomechanical
response during the stance phase of gait was compared with an anatomically
positioned prosthesis, and with the intact knee model.

The results showed that an anatomical positioning of the medial meniscus
prosthesis could better replicate the intact knee biomechanics, while a non-
anatomical positioning of the prosthesis to a limited extent altered the knee
kinematics, and increased the failure risk of the meniscus prosthesis. The
outcomes indicate that a medial or anterior positioning of the meniscus prosthesis
may be more forgiving than a posteriorly or laterally positioned prosthesis. The
outcome of this study may provide a better insight into the possible consequences
of meniscus prosthesis positioning errors for the patient and the prosthesis
functionality.

2. General Discussion and Future Perspectives

In this thesis the aim was to develop FE models of human knee joint, as a surgical
pre-planning tool in order to improve the orthopedic surgical outcomes. For this
purpose, first the essence of some modeling aspects were assessed. Subsequently,
two approaches to develop knee models with personalized ligament properties
were investigated. Eventually, the FE models were utilized as surgical pre-
planning tools to improve the outcome of two common orthopedic surgeries;
ACL reconstruction and meniscus implantation. As a part of the BioMechTools
project, all the methodologies were designed in a way that they are expandable to
an in-vivo application as a diagnostic, surgery pre-operative planning and
decision tool for knee surgeons. This means that all the steps to build up an FE
model should be able to be performed minimal- or non-invasively.

Figure 1 illustrates the developed workflow with the adjustments needed for
modeling a knee of a patient. In order to measure the laxity in-vivo an MR-
compatible device can be used inside the MRI-scanner, and static MR data pre-



SUMMARY, GENERAL DISCUSSION AND FUTURE PERSPECTIVES

and post-loading can be acquired (Figure 1-a, 1-b &1-c). By implementing
registration techniques, the tibiofemoral laxity can be calculated and transferred
to the knee joint coordinate system, which can be used to tune the patient-specific
soft tissue envelope (Figure 1-d). In addition, the motion of the joint can be
estimated using dynamic MRI, as for instance implemented by Mazzoli et al.
(2017) [1].

To build the FE model of a patient’s knee, first, the geometries of the hard and
soft tissues are extracted from MRI (Figure 1-¢c &1-e). Compared with manual
segmentation, automatic segmentation or statistical shape modeling can
substantially reduce the time needed for extracting the geometries [2]-{4]. After
geometry extraction, realistic material properties need to be assigned to each
segment (hard and soft tissues).

In this FE-based framework, modeling the bones as rigid bodies can be an
acceptable assumption when simplified contact variables (e.g. contact pressure)
are investigated, or when more sophisticated variables (e.g. cartilage stress) are
assessed in comparative studies [5], [6]. As a result, with rigid bodies
representing the bones, the FE model predictions for cartilage contact pressures
are suitable for comparative studies, as presented in chapter 6 (ACL-deficiency)
and chapter 7 (meniscectomy). If the biomechanical response of the bones (e.g.
due to cartilage degeneration) is of interest, a more realistic material definition is
essential. Bone remodeling around cementless and cemented prosthetic knees
(e.g. TKA), micro-motion analysis at the interface, or stress shielding of the
prosthesis are some examples where a more sophisticated representation of bone
is needed. In these cases, the bone material properties can be estimated from CT
[7]. However, this increases the computational costs substantially. As a result, the
majority of the studies with a realistic mechanical description of bone typically
explore only a limited set of loading conditions, focusing on peak forces (e.g.
stance phase of gait), which is the main drawback of these FE models [8].
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Figure 1: The studied workflow for developing FE models as surgery pre-planning and diagnostic tools, with
the adjustments for implementation in clinic (BioMechTools projects). Based on simple laxity tests (a), inside
the MR-scanner (b), the geometries can be extracted (c), and the laxity data can be calculated using image
registration techniques (d). The properties of the soft tissues (e) are calculated following optimization routines
(f), to develop a patient-specific FE model of the knee (g). The patient is asked to perform some activities (h),
during which the kinematics is measured using motion capture techniques (i), e.g. with A-mode ultrasound. The
kinematics (j) is used to validate the FE predictions. It is also utilized in a musculoskeletal model (k) to estimate
muscle forces (1) as the input loads for the patient-specific FE model. Using ultrasound (m), strain in soft tissues
(n) (e.g. in collateral ligaments) is measured to further validate the patient-specific FE model (0). The validated
FE model is implemented in clinics as an surgeon assistive tool for surgery pre-planning (p).

In order to determine the loading conditions on the FE models one could combine
them with musculoskeletal (MS) models (Figure 1-1). These models can also be
generated from MRI scans and are able to calculate forces in the joints (as shown
for example by Marra et al. [22]). The output (muscle and joint forces) can be
applied to FE models in order to simulate more realistic boundary conditions.
This multi-model (or multi-scale) approach is rather time-consuming, but it can
be expected that in the future model generation and analysis will be greatly
accelerated.

Articular cartilage biomechanics is of importance in the FE models of the knee
joint, as it can give an insight into the risk of OA-development in the knee joint
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[9]. In the current thesis, due to the rather simple mechanical description of the
cartilage, the results on the actual cartilage stress levels should be interpreted with
care. Although we used a rather simple model, the contact pressures appeared to
be very similar to what has been reported previously [10], [11]. In a more
sophisticated FE model, Wilson et al. (2003) demonstrated that the local stress
and strain response of the cartilage also depends on the local architecture of the
collagen network [12], [13], which can be incorporated with a multi-scale
modeling approach. The resultant force or contact pressure at the cartilage
articular surfaces from the current model can be applied to a more detailed
representation of cartilage such as modeled by Wilson et al. (2003). Hence, using
a combined approach of a ‘macroscopic’ model, that captures the overall, subject-
specific knee kinematics and kinetics, with a ‘microscopic’ model capturing the
mechanically induced collagen degeneration would be a powerful way to quantify
the OA-risk in an individualized manner.

The dynamic explicit algorithm can be used with suitable simulation parameters,
such as the viscosity parameter and the mass-scaling factor, and meshing
properties following from sensitivity analyses . The comparative study in chapter
2 can be an example of how a proper solution strategy in FE analysis of the knee
joint should be selected. The solution parameters found in this chapter cannot
simply be adopted in other knee FE models built in a different manner (i.e.
different material models or number or type of elements, etc.). However, any FE
model of the knee joint can follow a similar methodology to that presented in
chapter 2 for an efficient gain in terms of computational time and outcome
accuracy. For instance, only the heel strike phase was simulated in chapter 2, in
which the largest variation in the major axial load occurs. Depending on the
biomechanical outcomes of interest (e.g. center of contact pressure) the swing
phase of the gait cycle, which involves the joint with larger flexions and rotations,
may also be required to simulate.

Relative to the soft tissue biomechanics around the knee joint, the exact
representation required in the FE model depends on the research question.
Particularly the descriptive model for ligaments should be selected with care, as
it can considerably influence the knee laxity and biomechanics (chapter 3). The
personalized coefficients in the mathematical description can be obtained through
model optimization based on a series of laxity test (e.g. IE and VV rotational
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laxity). One of the most time-consuming steps in the whole workflow was the
optimization of the ligament coefficients based on the laxity data (Figure 1-f). To
shorten the time required for the optimization, a more efficient sampling (on
ligament coefficients) can be achieved using a generic probabilistic study based
on a series of sensitivity analyses on the input variables [14], [15]. A similar
approach can be implemented for calculating patient-specific surgical parameters
based on laxity data, for instance in ACL-ruptured patients. For this purpose, the
distribution of the surgical variables and of the variables required to characterize
the patients’ knee joint (i.e. geometry and mechanical properties) is sampled. As
a result of the probabilistic analysis, the distribution in performance metrics (i.e.
laxity data and/or cartilage contact pressure) and the sensitivity factors are
determined.

Simple FE models can be used to study any isolated structure of the knee joint
under simplified loading conditions. However, for an enhanced clinical
application, modeling of only the salient structures of the knee, as modelled in
most of the knee FE models, may not be acceptable, as patient’s laxity and/or
kinematics data are dealt with as inputs and outputs for the FE model. The altered
laxity by ignoring the peripheral tissues, as shown in chapter 4, can result in
inaccurate kinematics predictions in the force-controlled FE models. In some FE
models complex loading patterns, such as gait, have been implemented using
displacement-controlled simulations [6], [16]—[18]. Thus, in a sense, the effect of
these soft tissues has already been taken into account in the kinematics. However,
even in the models with prescribed kinematics, excluding the peripheral tissues
can lead to inaccurate joint reaction forces and moments, and hence to inaccurate
results at even salient structures (e.g. tibiofemoral ligament forces). More
importantly, when any clinical condition (i.e. ligament deficiency,
meniscectomy, etc.) needs to be simulated with an FE model, only the force-
driven model can capture the changes in kinematics and laxity.

In order to implement the workflow more practically in-vivo, the quantitative
MRI parameters of the patient (T, T>" or Ti,) and also the ligament volume can
be calculated, and based on the method presented in chapter 5 the ligament
mechanical properties could be estimated. Moreover, the force within the
ligaments in different patients might be different, which also may influence the
quantitative MR parameters. The results of chapter 5 illustrated the potential of
utilizing MR parameters combined with ligament volume to estimate the stiffness
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and partial rupture force. The data may not be directly applicable for in-vivo use
due to the limitations and deviations of the sample conditions from in-vivo, as
explained in chapter 5. A library containing the MR quantitative parameters (T,
T," or Ty,) and specimen volume (from segmentation) for patients’ ligaments, and
the mechanical properties, as for instance calculated by laxity-based
optimization, can be created. Based on such a library, by including subjects from
different ages, genders, etc., the correlative model can be extracted. Furthermore,
it can be expected that new MRI sequences or ultrasound techniques or other
multi-modal imaging techniques may reveal correlations with the mechanical
properties of the soft tissues in the future.

Eventually, validation tests need to be performed to compare the joint kinematics
predictions of the FE model with the actual in vivo kinematics. In this thesis, the
resultant force at the tibiofemoral joint was applied in the simulations (i.e.gait)
based on the Orthoload database [19]. Applying patient-specific muscle forces
calculated by a musculoskeletal model to the FE model can give a more realistic
replication of the in-vivo condition (Figure 1-1). It should be noted, however, that
most of the musculoskeletal models lack some crucial knee soft tissues (e.g.
menisci), or model those tissues unrealistically (e.g. rigid body). The influence of
such unrealistic representations needs to be studied beforehand. One manner to
represent soft tissue mechanics in rigid body models may be the implementation
of a surrogate model. This surrogate model can be based on a more detailed FE
model as for instance proposed by Lin et al. (2010), and also implemented by
Marra et al. (2017) [20], [21].

A musculoskeletal model (e.g. [22]) usually calculates the muscle forces based
on the imposed kinematics (Figure 1-k). Hence, these models are sensitive to the
accuracy of the applied kinematics. Different approaches were implemented to
measure the in-vivo kinematics (Figure 1-1). Comparing with traditional skin
markers tracking, an ultrasound tracking system (Figure 1-h), as a novel
technique, revealed to be a promising method to measure the knee kinematics in
six degree of freedom [23]. These measured kinematics, can also be compared
with the FE model predictions for validation purposes (Figure 1-j).

As demonstrated in this thesis, even with fitting of the kinematics of the knee
joint by tuning the ligament properties, a correct prediction of non-kinematics
variables (e.g. contact pressure) is not guaranteed. Therefore, any data on the
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behavior of soft tissues can be used for further validation of the FE model (Figure
1-n). For this purpose, strains in the collateral ligaments (Figure 1-m), for
instance measured by ultrasound (e.g. [24], [25]), or meniscus deformation and
contact pressure distributions estimated from overlapping MR images pre- and
post-loading (e.g. [26]-[28]) are methods to further improve patient-specific
finite element models.

Currently, FE models are widely used for luxation simulations and cartilage stress
estimations in the hip joint. For the knee joint, accurate predictions are more
challenging. FE models of the knee suffer from many simplifications, and are
often only suitable for a very limited application area. In this thesis we developed
an FE model of the knee joint with personalized properties for a wider range of
clinical applications. With collaborative platforms, such as BioMechTools or
Open-knee, the modeling community makes rapid progress, and by networking
efforts an accelerated progress can be obtained, allowing the introduction of
patient-specific modeling techniques in clinical practice. Whether these modeling
techniques have clinical benefits requires long term clinical studies. In any case,
the most effective way to enhance modeling capabilities seems to be the better
coordination of the imaging, modeling and clinical communities, working
together to obtain true patient-specific predictions of the effects of surgical
decisions, which will aid in selecting the best treatment in an individualized
manner.
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Het kniegewricht kan worden geanalyseerd met behulp van eindige elementen
methode (EEM) modellen op een statische of dynamische manier, met impliciete
of expliciete methoden. In het algemeen geeft de impliciete methode meer
nauwkeurige resultaten, vanwege de iteratieve oplossing waarin de numerieke
fouten aan een tolerantiewaarde moeten voldoen. Om convergentieproblemen te
voorkomen zijn soms echter aanzienlijke vereenvoudigingen van de FE-modellen
nodig. De direct forward expliciete methode maakt het daarentegen mogelijk om
meer complexe kenmerken in de modellen op te nemen. Het expliciete algoritme
is voorwaardelijk stabiel en kan behoorlijk tijdrovend zijn. Hoewel de
computertijd kan worden verminderd door massa te schalen, kan dit de
uitkomsten beinvloeden als dit verkeerd wordt geimplementeerd. In hoofdstuk 2
is aangetoond dat het negeren van dynamische effecten in een simulatie van een
dagelijkse activiteit kan leiden tot onaanvaardbare resultaten. Er werd echter ook
aangetoond dat expliciete analyses geschikt zijn om dynamische belastingen van
het kniegewricht tijdens hoge snelheidsactiviteiten te simuleren, omdat deze
methode een aanzienlijke vermindering van de computertijd oplevert, terwijl
vergelijkbare kraakbeencontactdrukken en rekken in de meniscus worden
voorspeld als in een (tijdrovende) impliciete simulatie. Hoewel massa schaling
de computertijd nog meer kan verkorten, is het niet geschikt voor activiteiten met
hoge snelheid, waarbij traagheidskrachten een belangrijke rol spelen.

In EEM-modellen van het kniegewricht zijn verschillende materiaalmodellen
gebruikt om het mechanische gedrag van de weefsels te simuleren. Deze
materiaalmodellen hebben een groot effect op de laxiteit, kinematica en als een
resultaat, de biomechanische respons in het gewricht (bijvoorbeeld
contactspanningen). Traditioneel worden tibiofemorale ligamenten gemodelleerd
als eendimensionale veerelementen, wat de computerkosten verlaagt. Slechts in
een paar EEM-modellen van intacte of geimplanteerde knieén (d.w.z. TKA,
meniscusprothese, enz.), is de geometrie van de ligamenten fysiek meegenomen,
wat het mogelijk maakt om ‘wrapping’ van de ligamenten te simuleren. In de
meeste modellen zijn de geometrie en de mechanische eigenschappen van de
ligamenten gebaseerd op literatuur, terwijl slechts in een beperkt aantal modellen
de eigenschappen subject-specifiek werden aangepast. In hoofdstuk 3 zijn EEM-
modellen gemaakt op basis van in vitro experimenten met drie humane knieén.
Deze studie toonde aan dat subject-specifieke materiaalparameters leiden tot
betere resultaten, zowel in modellen die veren gebruiken als in modellen die
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continu-elementen gebruiken om de ligamenten weer te geven. Beide typen
modellen zorgen voor een betere simulatie van de kinematica van de knie. De
tibiale contactdrukken kunnen echter het meest nauwkeurig gesimuleerd worden
in modellen waarin ligamenten gemodelleerd worden met behulp van continu-
elementen.

Naast de belangrijkste tibiofemorale ligamenten zijn er andere structuren die de
kinematica van het kniegewricht kunnen beinvloeden, vooral aan de achterkant
van het kniegewricht. In de meeste EEM-modellen van het kniegewricht worden
deze genegeerd, voornamelijk omdat hun invloed niet goed beschreven is en
daarom beschouwd als structuren die weinig invloed hebben op het algehele
biomechanische gedrag van de knie. In hoofdstuk 4 zijn in vitro experimenten
uitgevoerd met drie knie€n, waarin het belang van de perifere zachte weefsels
aangetoond werd. De resultaten lieten zien dat het modelleren van het
kniegewricht met alleen de belangrijkste tibiofemorale ligamenten geen
realistische weergave geeft van het intacte kniegewricht, vooral wanneer het
gewricht belast wordt met een posterieure belasting, een intern moment, of een
valgusmoment. Het includeren van het anterolaterale ligament en de achterste
gewrichtskapsel verbetert de voorspelling van de laxiteit.

Een van de grootste uitdagingen bij het ontwikkelen van een patiént-specifiek
EEM-model is de karakterisering van de weefsels. In dit proefschrift, en zoals
uitgelegd in hoofdstuk 3, zijn op basis van laxiteitstesten en het implementeren
van optimalisatie de ligament eigenschappen voor drie knieén worden berekend.
De laxiteitstesten werden zodanig gekozen dat ze ook in vivo kunnen worden
geimplementeerd. Het belangrijkste obstakel bij het implementeren van dezelfde
methodologie voor in-vivo-toepassingen, is de tijd die nodig is voor
modelontwikkeling (bijna een maand), voornamelijk vanwege de op laxiteit
gebaseerde optimalisatie. Om dit te verbeteren, werd in hoofdstuk 5 onderzocht
of de mechanische eigenschappen van ligamenten kunnen worden bepaald op
basis van kwantitatieve MRI-parameters (Tlp, T2 en T2*) en structurele
specificaties (volume of dwarsdoorsnede). Voor dit doel werden de MR-
relaxatietijden (T1p, T2 en T2 *) van de vier belangrijkste tibiofemorale
ligamenten (ACL, PCL, MCL en LCL) van zes kadaverknieén bepaald.
Vervolgens werden het volume (op basis van segmentatie van de MRI-gegevens)
en de dwarsdoorsnede (op basis van ultrasound metingen) gemeten. Uiteindelijk
werden in-vitro experimenten uitgevoerd om de stijftheid en de treksterkte te
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meten. De resultaten laten zien dat als geselecteerde MR-parameters worden
gebruikt in combinatie met ligament volume, de mechanische eigenschappen
redelijk kunnen worden geschat, met een R2 van 0,53 voor de treksterkte en 0,48
voor stijtheid. Als het ligament type (ACL, PCL, MCL en LCL) ook wordt
meegenomen in het model, wordt de correlatie verder verbeterd (R2 = 0,57 voor
treksterkte en 0,60 voor stijtheid).

Om de klinische toepassing van de ontwikkelde EEM-modellen te demonstreren,
werden de modellen gebruikt als chirurgische pre-planningstools voor twee
veelvoorkomende orthopedische procedures. In hoofdstukken 6 en 7 is de
methodologie gebruikt voor ACL-reconstructies en voor een meniscus-
vervangend implantaat.

Bij patiénten met een ACL-reconstructie kan de postoperatieve situatie
verschillen van de intacte situatie, wat kan leiden tot veranderingen in de
kinematica, waarvan wordt aangenomen dat het een belangrijke rol speelt bij de
initiatie of progressie van artrose na een ACL-ruptuur. Het doel van de studie in
hoofdstuk 6 was om het potenticel van EEM-modellen om de optimale
chirurgische parameters te defini€ren te demonstreren, in termen van plaatsing
van het transplantaat (insertieplaatsen en fixatiespanning), in combinatie met
transplantaattype, om het kinematische gedrag van de knie zo goed mogelijk te
herstellen.

Een workflow werd voorgesteld op basis van kadaverexperimenten om het
biomechanische gedrag van de aangedane knie zo fysiologisch mogelijk te
reconstrueren. Plaatsing van femorale en tibiale transplantaten en de spanning
van de transplantaatfixatie werden geoptimaliseerd om een vergelijkbare intacte
knielaxiteit te verkrijgen. Hierbij werd gebruik gemaakt van drie gebruikelijke
reconstructie-transplantaten met een enkele bundeltechniek (hamstring en
quadriceps en patellapezen) en voor een reconstructic met een dubbele
bundeltechniek. Uiteindelijk, om het succes van de operatie met de
geoptimaliseerde parameters te verifiéren, werd een volledige loopcyclus
gesimuleerd met de intacte, de ACL-deficiénte, de geoptimaliseerde en niet-
geoptimaliseerde knie€n, om aan te tonen dat deze geoptimaliseerde chirurgische
parameters inderdaad leiden tot een meer fysiologische kniebiomechanica.
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Er werd aangetoond dat, athankelijk van het geselecteerde transplantaattype en
de chirurgische techniek, numericke optimalisaties kunnen worden
geimplementeerd om de optimale positie en fixatiespanning te vinden om het
intacte kniegedrag te reconstrueren.

Ondanks pogingen om een meniscusprothesesysteem (geometrie, materiaal en
fixatietype) te optimaliseren, zal het klinische succes afhangen van chirurgische
factoren, zoals intra-operatieve positionering van de meniscusprothese. In de
studie beschreven in hoofdstuk 7 was het doel daarom om de implicaties van
positieveranderingen van de mediale meniscusprothese voor kniebiomechanica
te beoordelen.

Een gedetailleerd gevalideerd EEM-model van de intacte en met meniscus
geimplanteerde knieén werd ontwikkeld op basis van een reeks in vitro
experimenten. Verschillende niet-anatomische prothese-posities werden
gesimuleerd in het EEM-model, waarna de biomechanische respons tijdens de
standfase van het lopen werd vergeleken met een anatomisch geplaatste prothese
en met het intacte kniemodel.

De resultaten toonden aan dat een anatomische positionering van de mediale
meniscusprothese de intacte kniebiomechanica beter kon repliceren, terwijl een
niet-anatomische positionering van de prothese de knie-kinematica veranderde
en het faalrisico van de meniscusprothese verhoogde. De uitkomsten wijzen erop
dat een mediale of anterieure positionering van de meniscusprothese meer
vergevingsgezind kan zijn dan een posterieure of lateraal gepositioneerde
prothese. De uitkomst van dit onderzoek geeft inzicht in de mogelijke gevolgen
van positioneringsfouten van de meniscusprothese.
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Appendixes

Appendix A and Appendix B, respectively, provide the supplementary data for
chapter 3 and chapter 7.

Appendix A

The knee testing apparatus described in chapter 3 and chapter 4 of in this thesis
was schematically shown in Figure Al. Also, the number of elements each knee
segment contains in FE model is presented for all three knee joints in Table Al.

The average RMS differences in experimental measured and computationally
predicted rotational (Table A2 & A3) and translational (Table A4 — A6)
kinematics during validation simulations were presented separately for different
flexion angles.

The contact area at both medial and lateral plateaus calculated from experiment,
spring models with literature and optimized properties and continuum models
with literature and optimized properties for one sample (third knee) was presented
in Figure A2.

The contact pressure at tibial cartilage predicted by four different developed FE
models (for each specimen) in this study were compared with experimental
measurements of the knees loaded axially (outlined with the model after
registration), as illustrated in Figure A3, Figure A4, Figure AS and Figure A6 at
flexion angles of 0, 30, 60 and 110°, respectively. Figure 4 in chapter 3 presented
the same outcomes for flexion of 90°.

Table Al: the number of elements in each FE model segment for three knee joints.

Cartilages Menisci Ligaments (in Continuum models)
Tibial | Femoral | Patellar | Medial | Lateral | ACL | PCL MCL LCL
Knee 1 |32231| 117951 | 15936 | 8479 8881 | 5991 | 15076 | 9044 7247
Knee 2 |58119| 126063 | 36410 | 18028 | 13246 | 8641 | 19218 | 14609 8876
Knee 3 [ 44967 | 120300 | 32394 | 10264 | 11775 | 6200 | 17003 | 6449 5400
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Figure Al: Knee joint testing rig. The femur was placed in a bracket (A), and the tibia was placed in the bracket
D through sliding block C, allowing for medial-lateral translation (T1). Bracket A could be rotated around centre
of rotation x, allowing knee flexion and extension (R1). Block B, which was also connected to bracket A, could
slide within bracket E, to allow proximal-distal movement of the femur (T2) in additional to tibial shaft
movement in block C. Block C could rotate to allow for varus—valgus rotation (R3) and internal-external
rotation (R2). Bracket D could rotate around Y, to allow for an anterior and posterior movement (T3). (Figure
was reused with minor changes from H. H. Rachmat, D. Janssen, G. J. Verkerke, R. L. Diercks, and N.
Verdonschot, “In-situ mechanical behavior and slackness of the anterior cruciate ligament at multiple knee
flexion angles,” Med. Eng. Phys., vol. 38, no. 3, pp. 209-215, 2016; under permission number of
4134150889417.)
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Figure A2: Contact area at both medial and lateral plateaus calculated from experiment, spring models with
literature and optimized properties and continuum models with literature and optimized properties for one
sample (third knee).
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Average RMS difference in internal/external rotations between experimental validation tests and two

Table A2

spring and continuum ligament FE models with literature-based and optimized ligament parameters for three

specimens at different flexion angles; the best predictions at each validation loading case were marked in bold.
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Average RMS difference in valgus/varus rotations between experimental validation tests and two

Table A3

spring and continuum ligament FE models with literature-based and optimized ligament parameters for three

specimens at different flexion angles; the best predictions at each validation loading case were marked in bold.
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Average RMS difference in anterior/posterior translations between experimental validation tests and

Table A4

two spring and continuum ligament FE models with literature-based and optimized ligament parameters for

three specimens at different flexion angles; the best predictions at each validation loading case were marked in

bold.
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Average RMS difference in lateral/medial translations between experimental validation tests and

Table A5

two spring and continuum ligament FE models with literature-based and optimized ligament parameters for

three specimens at different flexion angles; the best predictions at each validation loading case were marked in

bold.
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Average RMS difference in superior/inferior translations between experimental validation tests and

Table A6

two spring and continuum ligament FE models with literature-based and optimized ligament parameters for

three specimens at different flexion angles; the best predictions at each validation loading case were marked in

bold.
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Figure A3: Contact pressure at medial and lateral tibial cartilages at a single flexion angle (0°) in tibia axially
loaded high flexion case, for all three specimens, in: a) experiment, b) literature-based spring model, c¢)
optimized spring model, d) literature-based continuum model, and e) optimized continuum model. (* Due to a
technical problem in sensor reader, pressure map on medial plateau of the first knee was not recorded.)
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Figure A4: Contact pressure at medial and lateral tibial cartilages at a single flexion angle (30°) in tibia axially
loaded high flexion case, for all three specimens, in: a) experiment, b) literature-based spring model, c)
optimized spring model, d) literature-based continuum model, and e) optimized continuum model. (* Due to a
technical problem in sensor reader, pressure map on medial plateau of the first knee was not recorded.)
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Figure A5: Contact pressure at medial and lateral tibial cartilages at a single flexion angle (60°) in tibia axially
loaded high flexion case, for all three specimens, in: a) experiment, b) literature-based spring model, c¢)
optimized spring model, d) literature-based continuum model, and ¢) optimized continuum model.

(* Due to a technical problem in sensor reader, pressure map on medial plateau of the first knee was not
recorded.)
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Figure A6: Contact pressure at medial and lateral tibial cartilages at a single flexion angle (110°) in tibia axially
loaded high flexion case, for all three specimens, in: a) experiment, b) literature-based spring model, c)
optimized spring model, d) literature-based continuum model, and e) optimized continuum model.

(* Due to a technical problem in sensor reader, pressure map on medial plateau of the first knee was not
recorded.)
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Appendix B

In order to check the geometrical symmetry of the contralateral knees used in
chapter 7, the knees were scanned with proton density sequence, in a 3T Philips
Ingenia MRI scanner (Philips Healthcare, Best, The Netherlands), with a slice
thickness of 0.5mm. The knees were segmented using Mimics v18.0 (Materialise,
Leuven, Belgium) to determine the bones and menisci. The bones geometry was
then corrected based on the segmentation from CT data (Toshiba Aquilion ONE,
Otawara, Japan). Total width of the medial meniscus (AP) and the width of the
femur and tibial plateau were compared between the right and left knee.

To check the similarity in knee laxity, the left and right knee were prepared
following a standard protocol and tested in a knee testing apparatus that allows
for six degree of freedom motions [16-18]. Flexion-extension was applied to the
femur, whereas the valgus-varus and internal-external rotations and anterior-
posterior and medial-lateral translations were applied to the tibia. A series of
laxity tests was applied to the knees while the position of the bony segments was
recorded by an electromagnetic tracking system (3Space Fastrak, Polhemus
Incorporated, VT, USA). In-house developed scripts (MATLAB R2013a, Natick,
MA) were used to calculate the knee joint centre (similar to [1]), and to convert
the raw tracking data to kinematics in the knee joint coordinate system [2], as
described by Grood and Suntay [3].

Six different loading conditions were applied, at four different flexion angles (0,
30, 60 and 90°): an internal and external torque of 5.2 Nm, a varus and valgus
moment of 12 Nm, and an anterior and posterior load of 100 N. These loads were
based on literature values and provided sufficient laxity motion to characterize
the knee ligaments without damaging the cadaveric specimens [4]—[7]. Each of
the loading conditions was repeated three times to check the repeatability of the
measurements. The joint laxity of the right and left knees were compared for the
six loading regimes.

Symmetry results: The dimensional comparison of the contralateral knees
confirmed their geometrical symmetry in, for instance, femoral epicondylar width
(~90 mm), tibial plateau width (~80 mm) and AP distance of medial meniscus
horns (~ 50 mm). The knees showed comparable laxity in all directions (Figure
B1-a), with a maximum difference of 1.8 mm in anterior and 2.1 mm in posterior
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translation (Figure B1-b), and 1.7° in valgus, 1.2° in varus (Figure B1-c), 2.7° in
internal and 3.3° in external rotation (Figure B1-d).
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Figure B1: The results of the laxity comparison between the cadaveric right and left knee specimens in order
to check their symmetry: a) different knee laxities indication in the FE model; b) anterior/posterior laxities
against an anterior/posterior load of 100N; ¢) Valgus/varus rotational laxities while a valgus/varus moment of
12 N.m was applied; and d) Internal/external rotational laxities against an internal/external torque of 5.2 N.m.
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