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Abstract

Osteoarthritis (OA) is a common musculoskeletal disorder that degrades
articular cartilage and is a leading cause of disability worldwide. Over-
weight has been considered a major risk factor of knee OA, and it is
known that weight loss may reduce the risk of knee OA. The biomechan-
ical mechanisms of how weight loss affects knee cartilage are however
unknown. Evaluating the biomechanics of cartilage in-vivo is difficult,
but an option is provided by numerical modeling of the knee joint using
finite element (FE) modeling. FE modeling has proved to be effective in
simulating knee joint kinematics and is therefore in this thesis proposed
to estimate the effect of weight loss on cartilage biomechanics.

The first and main objective of this thesis was to estimate the effect
of weight loss on knee cartilage biomechanics using a subject-specific FE
knee joint model. The second objective was to investigate if modeling
bone as a deformable, isotropic, and heterogeneous material would affect
the cartilage biomechanics. The third objective was to investigate if the
addition of a subchondral bone cyst (SBC), a common symptom of
knee OA, in the tibia of the FE model would affect the biomechanics of
cartilage and bone.

To achieve these objectives, a 3D model of a knee was manually
segmented from magnetic resonance imaging (MRI) data of a partic-
ipant in a weight loss focused clinical trial. The knee segmentation
was meshed into a set of four different FE models and simulated using
subject-specific motion analysis data for three sets of weight during the
stance phase of gait.

The results of the FE analysis showed that as the subjects weight
decreased from 85 kg to 74 kg, contact pressure, Von Mises stress, and
maximum principal strain at the surface of the tibial cartilage decreased
by 6.2 %, 6.9 %, and 6.5 % respectively at peak load during the stance
phase of gait. Modeling the tibial bone as heterogeneous and deformable
led to a 10.7 % and 14.8 % reduction of Von Mises stress and maximum



principal strain in the tibial cartilage when compared to rigid bone. The
addition of a SBC led to a marginal decrease in contact pressure, Von
Mises stress, and maximum principal strain in the tibial cartilage, but
an increase in minimum principal stress and strain in the tibial bone.

In conclusion, this thesis has shown that weight loss simulated by
FE analysis leads to a quantifiable reduction of the biomechanical load
on knee tissues. Modeling bone as rigid also proved to be an effective
simplification to reduce computational time while maintaining accuracy
in the cartilage mechanics.

Further refinement of the models investigated in this thesis, for ex-
ample by the addition of ligaments or more complex material models,
may in the future provide an effective means of predicting cartilage
response to weight loss. This could result in a clinically viable compu-
tational method of suggesting the best possible preventative treatment

of OA.



List of acronyms &
abbreviations

ACL - anterior cruciate ligament
BLOKS - Boston Leeds osteoarthritis knee score

CAROT - Influence of Weight Loss or Exercise in Cartilage in Obese
Knee Osteoarthritis Patients Trial

CNN - convolutional neural network
DL - deep learning

FE - finite element

FEM - finite element method

GDP - gross domestic product

MRI - magnetic resonance imaging
NMYV - net magnetization vector
OA - osteoarthritis

SBC - subchondral bone cyst

TE - echo time

TKR - total knee replacement



TR - repetition time

VAS - visual analog scale
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Chapter 1

Introduction

Osteoarthritis (OA) is a common musculoskeletal disease affecting large
parts of the global population. In the US, 10 % of men and 13 % of
women over the age of 60 have knee OA, a figure that is increasing
every year due to an aging population, obesity, and traumatic injuries
[1]. The cost of OA to healthcare systems and society as a whole is large,
while the disease is difficult to prevent [2]. The disease is characterized
by the degradation of articular cartilage, and the progression of OA
may be accelerated by abnormal joint loading due to traumatic injury
or obesity. Obesity is a major risk factor for knee OA, increasing the
risk by five times in men and four times in women when compared
to normal-weight men and women [3]. It is known that weight loss
can reduce the risk of knee OA [4], but it is not known how weight
loss mechanically affects the knee cartilage. Answering this question is
problematic, since evaluating the mechanics of cartilage in-vivo poses
a risk of damage to the joint. Imaging methods such as radiography
and magnetic resonance imaging (MRI) can only be used to investigate
very simplified mechanical properties of cartilage [5]. A solution to this
problem is found in numerical modeling of the knee joint using finite
element (FE) analysis.

FE analysis of the mechanical behavior of human anatomy was at
its inception applied in structural analysis of bone [6]. Since then, the
application of FE analysis on the musculoskeletal system has broadened
to include fracture risk assessment, prosthetic design, and modeling of
soft tissues such as cartilage [7]. The kinematics of the knee joint and
cartilage have been investigated using FE analysis in several studies,
using different material models, geometry, and input data for the sim-
ulation [8, 9, 10, 11, 12]. By proposing mechanobiological algorithms,
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2 CHAPTER 1. INTRODUCTION

studies have also attempted to model the progression of OA [2]. The
effect of weight loss on the biomechanics of cartilage, menisci, and bone
using subject-specific geometry and gait data have however yet to be
investigated. This is of interest to acquire a better understanding of
how weight loss affects cartilage, bone, and the risk of OA.

1.1 Aim

The purpose of this thesis was to estimate the effects of weight loss on
cartilage biomechanics in a patient specific manner by developing a 3D
finite element model of the knee.

The main question to be answered was:

e What will the biomechanical response of the knee joint cartilage-
bone unit be after weight loss simulated by FEM?

The secondary objectives of the thesis were:

e Would modeling the tibial bone as a deformable, isotropic hetero-
geneous material affect the biomechanics of the cartilage?

e How would the inclusion of a subchondral bone cyst (SBC), a
common symptom of OA, in the tibial bone of the FE model
affect the biomechanics of cartilage and bone?

The main hypothesis was that stresses, strains, and contact pressure
in the cartilage would decrease as body weight is reduced. It was also hy-
pothesized that when modeling bone as an isotropic homogeneous solid,
treating the bone as rigid (non-deformable) in the simulation would be
a suitable simplification that could save computation time.

1.1.1 Design of the study

To meet these objectives, knee MRI data of one subject participating
in a research trial was obtained in collaboration with the University
of Copenhagen [13]. A 3D model of the knee was first created from
the MRI data by segmentation of cartilage, menisci, and bone. Four
different FE models implementing rigid bone, deformable bone, hetero-
geneous bone as well as heterogeneous bone incorporating a SBC would
then be developed by meshing the segmented geometry. These models
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were then simulated for the stance phase of gait using subject-specific
body weight and gait data acquired in the research trial. This method-
ology is described in Figure 1.1.

MRI segmentation FE mesh Simulation

Figure 1.1: The general methodology of producing and simulating the
3D FE knee models in this thesis.
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Chapter 2

Background

2.1 The knee

2.1.1 Anatomical directions

A guide to the anatomical directions and axes referred to throughout
this thesis is presented in Figure 2.1.
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Sagittal B
plane
Longitudinal
A

Figure 2.1: A) The anatomical planes. B) The six degrees of freedom
of the knee [14].
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2.1.2 Anatomy of the knee

The knee is the largest joint of the body and consists of two separate
joints, the tibiofemoral and the patellofemoral joint. It serves as the
hinge between the two largest lever arms of the body and therefore sus-
tains large forces and moments. Several muscles generate forces over the
knee joint, but the largest part of these originate from the quadriceps.
To manage these forces and facilitate locomotion, the knee includes sev-
eral ligaments that assist in stabilizing and restricting the possible range
of motion of the joint, seen in Figure 2.2. The number of connective
tissues critical to the function of the joint combined with the large forces
it transmits makes the knee particularly susceptible to injury [14].

Quadriceps

tendon

Infrapatellar

Anterior cruciate Patellar
fat body

Femoral ligament tendon
cartilage

Lateral tibial
cartilage

Patellar
cartilage

Medial tibial

Lateral cartilage
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Medial ligament
collateral
ligament Lateral
meniscus
Posterior
cruciate Anterior
ligament cruciate
ligament
Medial

Popliteus
tendon Medial

. Posterior cruciate Medial C'Ollateral

Fibula ligament meniscus ligament

meniscus

Figure 2.2: A schematic of knee joint anatomy [12].

2.1.3 Biomechanics of the knee

The knee joint is capable of motion in six degrees of freedom. The
greatest amount of motion is found in the sagittal plane where flexion
and extension of the knee typically permit 3° of extension to 155° of
flexion [14]. The range of flexion is usually limited by the calf coming
into contact with the thigh while the range of extension is limited by
the collateral and cruciate ligaments. Motion of the knee in the frontal
plane (abduction and adduction) is comparatively small and restricted
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by the collateral ligaments and the current degree of flexion in the knee.
Motion in the transverse plane (internal and external rotation) is small
as well and is restricted by the ligaments, the meniscii, and interlocking
of the femoral condyles with the tibia at different angles of flexion.
Translation of the tibia in relation to the femur does occur to a small
degree during physical activity but is highly restricted by the ligaments
[14].

2.2 Articular cartilage

Articular cartilage (or hyaline cartilage) is found in the freely movable
synovial joints of the body, such as the knee, hip, and elbow. It is a
tissue made up of cells known as chondrocytes in a matrix of several
components [15]. The composition of articular cartilage is 70-85 % wa-
ter while the remainder consists primarily of proteoglycans and type II
collagen. Of the solid components, collagen makes up 60-70 % of the
tissue while proteoglycans make up around 30 %. The structure of these
components and the interaction between them are what determine the
mechanical properties of the tissue [16]. Articular cartilage is divided
into four zones: the superficial zone, the middle zone, the deep zone,
and the calcified zone (see Figure 2.3). In the deep zone, collagen fibers
are oriented perpendicular to the surface and packed in bundles. In the
upper deep zone and the middle zone, the orientation of the collagen
fibers begins to diverge, forming a network around the chondrocytes. In
the superficial zone, collagen fibers form layers oriented tangentially to
the surface. The interaction between the charged proteoglycans in the
cartilage contributes to the compressive stiffness of the tissue. Proteo-
glycans are macromolecules composed of negatively charged molecules
called glycosaminoglycans (chondroitin sulfate and keratan sulfate) at-
tached to a protein chain [17]. Proteoglycans attach in turn to the
molecular chain of hyaluronic acid, forming a proteoglycan aggregate.
The high number of charges on the aggregate makes the molecule spread
out and occupy a large volume in an aqueous solution. Proteoglycan
content varies throughout the depth of articular cartilage and is highest
below the calcified zone near the subchondral bone. The distribution of
water in cartilage is reversed to that of proteoglycans, being highest in
the superficial zone and lowest in the calcified zone [16].

Because the mechanical behavior of cartilage is dependent on the
fluid as well as solid components of the tissue, it has been described
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Figure 2.3: Cross-section of articular cartilage depicting the structure
of the tissue [15].

using a biphasic model. This model puts the solid components of the
tissue (collagen, proteoglycans, cells, and lipids) into one phase and the
interstitial fluid of the cartilage in the other [15]. As cartilage is de-
formed, fluid flows through the tissue and the articular surface. For
high loading rates or impact scenarios, cartilage usually behaves as a
single-phase incompressible elastic material as there is not enough time
for the fluid to flow. In mechanical experiments or numerical modeling,
several material models of cartilage exist that more accurately take into
account one or more properties of the tissue [12]. The balance between
the solid components and the water content of cartilage is a major de-
termining factor of its mechanical properties. As glycosaminoglycan
content decreases, the compressive stiffness of the tissue decreases. As
water content increases, compressive stiffness further decreases while
the permeability of the tissue increases, allowing for a higher rate of
deformation [16]. These relations may help understand the mechanical
mode of failure of cartilage and how tissue degeneration such as OA
develops in the knee joint.

2.3 Osteoarthritis

Osteoarthritis (OA) is one of the most common joint disorders and a
leading cause of disability in the developed world. The impact of OA
on healthcare systems is high due to the cost and complexity of treat-
ment. For example in the US, the cost of medical care and earning
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losses attributable to OA was 1 % of GDP in 2013 and may be as high
as 2.5 % in some countries [18, 19]. This figure is likely to rise due to an
aging population and increasing prevalence of obesity [1]. The majority
of costs associated with OA treatment are due to total knee replace-
ment surgery (TKR) [19]. Demand for TKR in the US is expected to
increase by more than 600 % by 2030 [20], with a current estimate of
approximately 600 000 TKR procedures taking place annually [21].

The early stages of OA is characterized by fibrillation (fraying of
the collagen fibers) and cracking of the articular surface. Degradation
of the tissue may then proceed undetected for years until the main
symptoms of joint pain and limited range of motion present themselves.
Since cartilage is an aneural tissue, it is not possible for an individual
to sense onset of the condition. Therefore it is difficult to detect OA
before damage to the cartilage has occurred. Because blood supply and
nutrient exchange to cartilage is limited, its ability to heal is limited as
well.

There are several factors that increase susceptibility to OA. Systemic
ones include for example age, perhaps the most prominent risk factor,
as well as sex and genetics. The more direct factors are obesity, joint
injury, joint deformity, muscle weakness, and long-term sporting [1].
An injury to the anterior cruciate ligament (ACL) for example does not
directly affect the cartilage but leads to local alterations of the loading
conditions in the knee joint and subsequent initiation of damage to the
cartilage. Similarly, alterations in gait due to pain avoidance can also be
an initiator of OA in the knee. Studies have also shown that excessive
loading rate applied to cartilage is the main initiator of OA, for example
in impulse loading scenarios, rather than the magnitude of the load
[22, 16]. Diagnosis of OA is usually confirmed by patient history and
examination combined with radiography or magnetic resonance imaging
(MRI) to reveal the extent of damage to the cartilage.

2.4 Magnetic resonance imaging

Medical imaging systems have found a central role in diagnosis of OA
and determining the state of cartilage. The Kellgren-Lawrence system is
one of the more common classification systems based on imaging data.
It utilizes X-ray imaging to classify OA in grades of 0-4 in terms of
progression of the condition. The disadvantage of using radiography to
image cartilage is that X-rays are attenuated minimally by the tissue,
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which is mostly composed of water. Cartilage therefore produces low
if any contrast in radiography images, making it indistinguishable from
other tissues. This is why the Kellgren-Lawrence system relies on detect-
ing osteophytes, bony protrusions commonly seen in arthritic cartilage,
to determine the state of the tissue [23]. In contrast to radiography,
MRI is an excellent tool to image cartilage since it detects the magnetic
field of hydrogen atoms in the water of the cartilage, producing clear
images of the tissue.

As a radiofrequency pulse is emitted to the tissue in the magnetic
field of an MRI scanner, the net magnetization vector (NMV) of hydro-
gen nuclei in the tissue flips from the plane of the magnetic field to the
transverse plane, while the spinning hydrogen nuclei are all exactly in
phase. The time it takes for the NMV to realign with the equilibrium
field emitted by the scanner and the time it takes for the spinning nuclei
to dephase are referred to as longitudinal relaxation (T1) and transverse
relaxation (T2) respectively [24, 25].

A number of different MR sequences are used to image cartilage.
These vary in terms of parameters such as repetition time (TR) and echo
time (TE), resulting in different T1 and T2 times, producing different
contrast between cartilage and surrounding tissues [26]. The imaging
resolution of an MRI system is highly dependent on the strength if the
magnetic field it generates. The stronger the magnetic field, the higher
the resolution, facilitating production of higher quality 3D models of
cartilage and the knee joint.

2.5 Segmentation

Image segmentation is the process of generating discrete groups of pixels
in an image that belong to specific objects. In medical applications,
segmentation is usually performed manually, semi-automatically, or by
fully automatic methods [20]. Manual methods (or interactive methods)
rely on directly delineating the relevant tissues or objects in an image
stack using image processing software. For medical image volumes,
this can be successful, but is highly dependent on the operator and is
labor-intensive as a rule. Therefore it is discouraged in many situations.
Semi-automatic methods make use of more conventional methods of
image processing such as separating tissues based on properties such as
pixel intensity and intensity gradients (edges in the image) [20]. This
can produce segments more effectively, but depending on the image
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quality, the segments may overlap with multiple tissues due to poor
contrast. This usually requires manual correction of the segmentation.
Fully automatic methods include ones based on deep learning (DL), such
as convolutional neural networks (CNN). These have recently achieved
high accuracy in segmenting medical image data and can drastically
reduce the amount of time needed to produce a segment. Accurate
segmentation is critical in establishing subject-specific anatomic models
and can independently be applied in the diagnosis of knee OA [20].

2.6 The finite element method

The finite element method (FEM) is one of the primary tools used to
simulate the mechanical behavior of materials and structures. Physi-
cal phenomena such as those encountered in mechanics are described
by differential equations. Solving differential equations for complex ge-
ometries using analytical methods is generally impossible. FEM tackles
this issue by converting the analytical problem into a numerical one that
is solved computationally. The numerical solution is not exact, but ap-
proximate [27]. Depending on the level of detail of the FE mesh, the nu-
merical solution converges toward the exact solution. FEM is applicable
not only for mechanical problems but on a range of physical phenomena
described by differential equations. The FE formulation of a problem is
obtained by first establishing what is known as the strong form. This
is followed by acquiring the weak form of the problem, making an el-
ementwise approximation over the body of the unknown function, and
then choosing the weight function by the Galerkin method. For a linear,
one-dimensional mechanical problem, this results in an equation on the
form

b b
( / BTAEBd:zc) a=—[NTA® + / N”bdx (2.1)

where A is the cross sectional area of the object, F is Young’s mod-
ulus, € the strain, b the body forces, a are the nodal displacements, N
is the global shape function matrix and B = %. We now define the
matrices
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K = / bBTAEde (2.2)

fi=—IN"Ad}, (2.3)
b

f, = / NTbdx (2.4)

where K is the stiffness matrix, f, is the boundary vector and f,; is
the load vector. Equation 2.1 can now be compactly written as

Ka:fb+fl (25)

If we further define the vector

F=rH+1 (2.6)

where f is the force vector, we obtain

Ka=f (2.7)

where K is the stiffness matrix, a is the nodal displacement vector
and f is the force vector describing the boundary conditions of the
problem. The solution to (2.7) is either displacement controlled where
the nodal displacements in a are known and the equation can be solved
directly, or load controlled where f is known and K must be inverted
to obtain the nodal displacements. For more detailed derivations of the
FE formulation, the reader is referred to relevant literature [27].

2.6.1 Non-linear finite element method

In the case of non-linear problems, the numerical solution is more com-
plex. In a materially linear problem, the stiffness matrix K only needs
to be calculated once to obtain the nodal forces or displacements in
question. For a non-linear problem, force or displacement is applied in
increments while K may need to be continually re-calculated using a
numerical algorithm in order to obtain a solution in equilibrium. One
widely used algorithm for solving non-linear problems is the Newton-
Raphson method. The Newton-Raphson method advances the numer-
ical solution iteratively until an equilibrium condition between the in-
ternal and external forces acting on the nodes of an element is fulfilled.
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For a load controlled problem with several degrees of freedom, we start
in a known state of displacement a denoted by the superscript @

Kgi)Aa = —r(a) (2.8)

where K is the tangent stiffness, Aa the iterative displacement
increment, and 7 is the residual given by

r(a) = fiu(a) = fo =0 (2.9)

where the external force is assumed to be independent of the dis-
placement. Solving (2.8) for Aa provides the next state of nodal dis-
placement ¢ 4+ 1

a™ =a + Aa (2.10)

This algorithm continues to incrementally increase the displacement
until the equilibrium defined by the residual (2.9) is small enough and
the current state of displacement a(¥ is accepted. Solving non-linear
systems is more computationally expensive than linear systems, taking
many times longer to solve. As many tissues of the knee exhibit non-
linear behavior, both in terms of constitutive relation and structure,
the Newton-Raphson method is a suitable solution for the models in-
vestigated in this thesis. For more details regarding derivations of the

Newton-Raphson method, the reader is referred to relevant literature
(28, 29].

2.6.2 Finite element meshing

For FE analysis of the knee joint, the segmented anatomy must be dis-
cretized into a mesh of polyhedral elements. Meshing using tetrahedral
or hexahedral elements are two of the most common approaches (see
Figure 2.4). Automatic tetrahedral meshing algorithms are used in sev-
eral commercial programs. They are robust and capable of meshing
arbitrary geometries and are therefore suitable for complex anatomical
geometry. In contrast, hexahedral meshing is more difficult to achieve
for complex geometries since most commercial tools are built around
meshing engineering components with more regular structure [7]. Cur-
rently, only one option for automatic hexahedral meshing of knee carti-
lage structures exists in literature [30]. Hexahedral elements are however
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the preferred option in many cases, as the volume of one hexahedral ele-
ment must be represented by at least five tetrahedral elements, resulting
in a model that is more expensive in terms of computation time [7]. In
addition to this, tetrahedral meshes may produce acceptable results for
the prediction of displacements but are less accurate when predicting
stresses [30].

tetd tet10

Figure 2.4: Linear (tet4, hex8) and quadratic (tet10, hex20) tetrahedral
and hexahedral elements. [31]
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Materials & Methods

3.1 Overview

The main work of establishing the FE models in this thesis can be
divided into three stages, presented in Figure 3.1. The first was pre-
processing, where the knee joint was segmented from MRI data and a
finite element mesh of the segments was generated. The second was
processing, where the models were simulated for subject specific weight
and gait data in Abaqus (Dassault Systémes Simulia Corp., Providence,
RI, USA). The third was post-processing, where the results of the sim-

ulations were compiled and analyzed.
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Figure 3.1: The general workflow of establishing and analysing the FE

models of the knee.
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3.2 Materials

The knee models in this thesis were created from a set of MR images of
the left knee of a 62 year old female participant in the study Influence
of Weight Loss or Exercise on Cartilage in Obese Knee Osteoarthritis
Patients Trial (CAROT) [13], performed at the Department of Rheuma-
tology, Frederiksberg Hospital, Denmark, and obtained in collaboration
with the University of Copenhagen. The CAROT trial examined obese
patients with knee OA and how their condition changed after 16 weeks
of intense weight loss followed up by one year of either dietary sup-
port, exercise, or no support (control group). The subject examined
in this thesis was in the group that received one year of dietary sup-
port. Weight data for the subject at three time points: baseline (85 kg),
16 weeks (74 kg), and 68 weeks (72 kg), and subject-specific gait data
captured only at baseline weight were also obtained from the CAROT
trial. The MR images were only of the knee at baseline weight. Partic-
ipants in the study gave written informed consent, which was approved
by the ethics committee of the Capital Region of Denmark [H-B-2007-
088]. The MR images were acquired using a Philips Medical Systems
Intera 1.5 Tesla MRI system. The imaging sequence used was Sagit-
tal 3D FLASH gradient-echo (repetition time = 21 ms, echo time =
3.5 ms, slice thickness = 3 mm, flip angle = 20°, reconstructed im-
age size = 512x512 pixels, number of slices = 80, voxel resolution =
0.3125x0.3125x1.5 mm) [32].

3.2.1 Subject specific gait data

Subject-specific reaction force and flexion-extension angle measured at
the knee during stance phase of the gait cycle was acquired in the
CAROT study using a motion analysis system and a musculoskeletal
model developed in OpenSim [32]. The data was shared by the Univer-
sity of Copenhagen and was not produced by the author. Knee axial
force and flexion-extension angle throughout the gait cycle (see Figure
3.2) were acquired from this model at baseline weight (85 kg) and used
as the input conditions in the FE models. The knee axial force at 16
and 68 weeks was obtained by scaling the baseline axial force by a factor
of 0.8706 for 16 weeks and a factor of 0.8470 for 68 weeks.
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Figure 3.2: Subject specific axial contact force and flexion-extension
angle acquired in the CAROT study.

3.2.2 Material models

The choice of material properties used in the models was based on a lit-
erature review of properties used in numerical models of the tibiofemoral
joint by Peters et al. [33], as well as other studies specified in Table 3.1.
Bone, menisci, and the cyst were modeled as homogeneous, isotropic
linear elastic materials, while cartilage was modeled as a homogeneous,
isotropic, Neo-Hookean hyperelastic material.

The hyperelastic parameters Cy and D; used in the Neo-Hookean
material definition in Abaqus [38] were calculated using equations

Cho = % (3.1)
and
3(1—2v)
D, =22 3.2
L ) (3-2)

where i is the initial shear modulus and it was assumed that py = G.
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Table 3.1: Material properties used in the models. E is Young’s modu-
lus, v is Poisson’s ratio and G is the shear modulus.

Model Parameters References

Andersson et al. 2008 [34]

Cortical bone E =17 GPa, v =10.3 Peters et al. 2018 [33]

Subchondral bone | E =3 GPa, v =0.3 Choi et al. 1990 [35]
Behrens, Walker
Trabecular bone | E = 160 MPa, v = 0.3 & Shoji 1974 [36]
Cyst wall E = 12 MPa, v = 0.45 | Sarrafpour et al. 2019 [37]
Menisci E =20 MPa, v =0.3 Mononen et al. 2016 [2]

Andersson et al. 2008 [34]

Cartilage G = 6.8 MPa, v = 0.45 Peters et al. 2018 [33]

3.3 Development of the finite element mod-
els

3.3.1 Pre-processing

The first stage of developing the FE knee model was pre-processing,
where an FE mesh of the knee was created from MRI data (see Figure

3.3).

3D Slicer Meshmixer Meshlab Matlab Abaqus
Segmentation Smoothing Save as STL STL to SAT Meshing

Figure 3.3: The workflow of the meshing process.

Segmentation of the knee joint

The femoral bone, femoral cartilage, menisci, tibial cartilage and tibial
bone of the model were segmented manually from the MRI data using
the open source software 3D Slicer. The segmentation was performed
by the author and was verified by the supervisor at the Department
of Biomedical Engineering at Lund University. The segmentation was
performed in the sagittal view of the MR data (see Figure 3.4) as the
other views provided lower resolution, less accurate segmentation, and
greater difficulty in discerning the tissues of the knee. The contrast
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and brightness of the image were adjusted differently when segmenting
cartilage, menisci and bone to improve discernibility of the tissues. Five
segmented volumes representing the femur, femoral cartilage, menisci,
tibial cartilage and tibia were exported from 3D Slicer.

Figure 3.4: A segmented slice of the MR data in the sagittal plane. Light
yellow depicts the femur, blue the femoral cartilage, red the menisci,
green the tibial cartilage and dark yellow the tibia.

Meshing

The first stage of producing a mesh of the knee joint segments was per-
formed in Meshmixer (Autodesk Inc, San Rafael, CA, USA). Objects
unconnected to the main segment were first removed. The segments
were then made solid using the maximum value of solid accuracy to
preserve as much as possible of the original segmented volume. The tri-
angle count of the mesh was then reduced using shape preservation to
approximately 1 500 triangles for the femoral and tibial bone, while the
femoral cartilage, tibial cartilage and menisci were reduced to approx-
imately 30 000 triangles. The segments were subsequently smoothed
using a smoothing factor of 0.5, a smoothing scale of 2 and shape preser-
vation (see Figure 3.5).

The smoothed segments were imported from Meshmixer into Mesh-
lab and then re-exported as STL files. The purpose of this was to avoid
an error when importing STL files from Meshmixer into Abaqus. To
enable meshing of the segments in Abaqus, the STL files generated in
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Figure 3.5: The smoothed femoral cartilage segment

Meshmixer were converted into the SAT format using a Matlab-script
[39].

The femoral cartilage, tibial cartilage and menisci were meshed in
Abaqus according to a guide by Bolcos [40]. For the femoral cartilage,
two datum planes were defined from which the edges of the femoral
cartilage geometry was cut using the Create Cut: Extrude option in
the Part module. The purpose of this was to create a regular edge
along the geometry of the cartilage that enabled hexahedral meshing.
This meant that a part of the segmented 3D volume of the cartilage
was removed, a simplification of the geometry deemed acceptable as
the loss of segmented cartilage volume would not drastically affect the
outcome of the simulation. The surface mesh generated in Meshmixer
was removed by using Virtual Topology: Combine Faces in the Mesh
module. The subchondral surface of the femoral cartilage was combined
into one face, while the edge surface and cartilage surface were combined
into respective faces.

For the tibial cartilage, a single datum plane was defined from which
a single cut was made to obtain a regular edge. The surface mesh
was then removed by combining the cartilage surface, edge surface and
subchondral surface into separate faces.

The edges of the menisci and parts of the segmented volume corre-
sponding to the meniscal horns were cut as well.

Using the tool Partition Cell: Use Datum Plane, the segments were
partitioned into cells to further facilitate hexahedral meshing. The
femoral cartilage was partitioned into 12 cells (see Figure 3.6), the me-
dial tibial cartilage into 12 cells, the lateral tibial cartilage into 10 cells,
the medial meniscus into 6 cells and the lateral meniscus into 10 cells.
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Figure 3.6: Cut and partitioned femoral cartilage.

Following Mononen et al. [2], to achieve good contact convergence,
seeding of the femoral cartilage was done using a global element size
of approximately 1.5 mm, while the menisci and tibial cartilage had an
element size of approximately 1.0 mm and 0.7 mm respectively. These
tissues were also assigned 3 depth-wise element layers with separate
edge seeds. The tissues had an edge seed bias ratio of 1.5 and 3 for the
femoral and tibial cartilage respectively in the direction of respective
cartilage surface, while the menisci had no edge seed bias. For the
menisci, the number of elements allowed for non-depthwise edges were
manually limited to between 4 and 20 elements to enable meshing of
the part.

In Mesh Controls, the soft tissues were assigned the Hex element
type (C3D8) using the Sweep mesh technique. 7 728, 13 155 and 4 836
elements were generated for the femoral cartilage, tibial cartilage and
menisci respectively.

Meshing the homogeneous bone models

When meshing the femoral and tibial bone, the surface mesh generated
in Meshmixer was kept when the SAT-files were imported into Abaqus.
For the homogeneous bone models, the parts were meshed without any
partitions using quadratic tetrahedral elements (C3D10). The femoral
and tibial bone was assigned an approximate element size of 20 mm and
meshed using the Free meshing technique in Mesh Controls. The femoral
mesh consisted of 16 758 elements while the tibial mesh consisted of 13
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692 elements. The complete knee mesh of 56169 elements can be seen
in Figure 3.7.

Figure 3.7: Mesh of the complete knee segmentation.

Meshing the heterogeneous bone model

To investigate if modeling bone as deformable and heterogeneous would
have any effect on cartilage biomechanics, a heterogeneous tibia model
was created, incorporating cortical, trabecular and subchondral bone.
A copy of the smoothed tibia segment was made in Meshmixer. The
volume of the copy was scaled by a factor of 0.95 in the Transform
module. The scaled model was then imported into Abaqus and the
same assembly as the original tibia model. The original tibia was given
a section assignment and material model corresponding to cortical bone
while the scaled tibia was assigned a section using a trabecular bone
material model. The models were then combined using Merge in the
assembly module to produce a part with an outer shell of cortical bone
approximately 1.5 mm thick, and an inner section of trabecular bone.
A single datum plane was defined approximately 1 mm below the tibial
plateau from which the part was partitioned. The resulting proximal
partition above the datum plane was assigned a material model for
subchondral bone, while the distal partition below retained the cortical
bone model. The resulting subchondral bone section was approximately
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1 mm thick. Keeping the surface mesh from Meshmixer, the model was
then assigned an approximate element of size of 3 mm and meshed using
quadratic tetrahedral elements (C3D10), resulting in a mesh consisting
of 44 882 elements.

The subchondral bone cyst model

To investigate a hypothetical scenario where the subject had a subchon-
dral bone cyst (SBC) and how it would affect the biomechanics of the
cartilage, another tibia model was created. A solid sphere part with a
diameter of 6 mm representing the cyst was created. This sphere was
assigned a material section corresponding to cyst wall and merged into
the heterogeneous tibia model. The SBC was placed centrally in the
medial tibial compartment, approximately 1 mm below the subchon-
dral bone plate. The position and dimension of the SBC was consistent
with clinical observations of position, size, and distance from the joint
line of SBC’s in the tibia [41]. The SBC was assigned an approximate el-
ement size of 0.6 mm while the rest of the tibia kept an element size of 3
mm. The part was meshed tetrahedrally (C3D10) resulting in a mesh of
59 309 elements. A comparison of the mesh between the heterogeneous
and SBC tibia models can be seen in Figure 3.8.

Figure 3.8: Cross section of A) the meshed heterogeneous tibia model
B) the meshed SBC tibia model.
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3.3.2 Processing
Assembly

The meshed knee parts were rotated in the Assembly module to make
the longitudinal axis of the parts correspond to the Y-axis, the coronal
axis to the Z-axis and the anterior-posterior axis to the X-axis. An
internal rotation of five degrees was applied to the femur and femoral
cartilage to improve contact with the tibial cartilage. To prevent initial
overlap between the parts, tibia and tibial cartilage was translated 2.5
mm in the negative Y-direction while the menisci were translated 2.0
mm in the same direction. The menisci were attached to the tibia by
using linear springs connecting the nodes of the cut meniscal horn edge
to a single node on the tibial mesh for each meniscal horn (see Figure
3.9). Each meniscal horn used a spring stiffness of 350 N/mm [42]. This
figure was divided by the number of springs attached to each node of
the meniscal horn edges to obtain the individual spring stiffness.

Figure 3.9: The edges of the menisci attached by spring elements to
nodes on the tibia. A) The femoral cartilage B) The lateral posterior
meniscus attachment C) The tibia D) The lateral posterior meniscal
horn E) The lateral tibial cartilage F) The medial posterior meniscal
horn.
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Interactions

Femoral and tibial cartilage were attached to respective bones by a Tie
condition. The contact interactions in the model were defined using the
"Hard contact” surface-to-surface contact definition. These are seen in
Figure 3.10. For the rigid bone models, a Rigid constraint was defined
from a reference point in the femur and tibia respectively. For the
deformable bone models, the constraint was defined as a Coupling from
the reference points to the femoral and tibial surfaces respectively.

Figure 3.10: The interactions and boundary conditions applied to the
knee models. A) Tie condition fixing the inner surface of the femoral
cartilage (green) to the femur (white). B) Hard contact between femoral
cartilage and menisci (red). C) Hard contact between menisci and tibial
cartilage (grey). D) Tie condition fixing the inner surface of the tibial
cartilage (grey) to the tibia (blue). E) Boundary condition restricting
all degrees of freedom for the nodes of the distal surface of the tibia. F)
Axial force defined from the reference point RP applied to the femur
and femoral cartilage. G) Hard contact between femoral and tibial
cartilage. R) Flexion-extension defined from the reference point RP
applied to the femur and femoral cartilage.

Boundary conditions

A single reference point (denoted RP in Figure 3.10) was defined cen-
trally in the femur, approximately at the midpoint between the condyles.
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The forces, displacements, and rotations of the subject-specific weight
and gait data applied to the knee were defined from this point (see
Figure 3.10) in three steps in Abaqus (see Table 3.2).

Table 3.2: The three steps used in the Abaqus simulation.

Step | Boundary condition Description
2.5 mm axial displacement of the
Step 0 Initial contact femur until femoral cartilage is

in contact with the tibial cartilage.

Axial knee contact force
Step 1 Body weight equivalent to body weight on one
knee while standing.

Subject specific axial knee contact
force and flexion-extension. The femur
Step 2 Gait is allowed unrestricted rotation
in the frontal plane to improve
contact with the tibial cartilage.

In the rigid bone models, all degrees of freedom in the tibia were set
to zero. For the deformable bone models, only the nodes of the distal
surface of the tibia were fixed, restricting all degrees of freedom.

3.3.3 Post-processing

From the completed simulations, contour plots were made of the femoral
cartilage, tibial cartilage and menisci, showing Von Mises stress, contact
pressure and maximum principal strain at the first force peak, midstance
and second force peak of the stance phase (see Figure 3.2). For the het-
erogeneous and SBC models, additional contour plots were made of the
tibial bone showing minimum principal stress and strain distribution.
In addition to this, for all models, a Matlab script was written to plot
Von Mises stress, contact pressure and maximum principal strain in all
surface nodes of the tibial cartilage exceeding a threshold of 0.1 MPa
in contact pressure, as was implemented by Halonen et al. [8]. The
average of all nodes passing the threshold as well as the node with the
highest value was plotted for each time increment of the gait step. The
average Von Mises stress and maximum principal strain for all nodes
in the SBC was also plotted for each time increment of the gait step.
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The PC used to run the simulations was equipped with an Intel Core
i5-4590 CPU and 32 GB of RAM.

3.4 Summary of the finite element models

In total, four FE models of the knee were created and nine simulations
were run for the three body weights.

e Model 1: Rigid homogeneous bones
First simulated for Step 0 (see Table 3.2 for step configuration)
and Step 1 at baseline weight for a comparison with Model 2.
Subsequently simulated for Step 2 at baseline, 16 weeks and 68
weeks.

e Model 2: Deformable homogeneous bones
Simulated for Step 0 and Step 1 at baseline weight for a compar-
ison with Model 1.

e Model 3: Heterogeneous tibia
Simulated for all steps at baseline and 16 weeks.

e Model 4: Heterogeneous tibia with SBC
Simulated for all steps at baseline and 16 weeks.

The results of models 1 and 2 were compared to determine if there
were differences in the resulting Von Mises stress, contact pressure, and
maximum principal strain in the tibial cartilage of the models, and
thereby conclude if modeling bone as rigid would be a suitable measure
to decrease the computation time of the model. The more suitable of
the two models would then be simulated for the three different sets of
body weight and subject specific gait data to meet the main objective
of the thesis.

To meet the secondary objectives of the thesis, models 3 and 4 were
analyzed to determine if the heterogeneous structure or the SBC would
have any impact on the Von Mises stress, contact pressure, or maximum
principal strain in the tibial cartilage.
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Chapter 4

Results

4.1 Comparing the rigid and deformable
bone models

To understand the importance of assuming bone to be either rigid or
deformable when modeling bone as an isotropic, homogeneous material,
a comparison was made of the resulting Von Mises stress, contact pres-
sure and maximum principal strain in the tibial cartilage of the rigid
bone model and the homogeneous, cortical, deformable bone model.
The simulations showed that these parameters varied by less than 1 %
between the models at peak load. The computation time of the rigid
bone model was 73 % less than that of the deformable homogeneous
bone model. The rigid bone model was therefore chosen to simulate the
effects of weight loss on cartilage in this thesis.

4.2 The effect of weight loss using rigid
bone

To estimate the effect of weight loss on cartilage biomechanics, the re-
sults of the gait simulation using rigid bone were analyzed for Von Mises
stress, contact pressure, and maximum principal strain using contour
plots and nodal values throughout the gait step. Contour plots of these
parameters were made for the first force peak, midstance, and the sec-
ond force peak of the stance phase for the three different body weights
of the subject: 85 kg at baseline, 74 kg at 16 weeks, and 72 kg at 68
weeks.

29
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4.2.1 Von Mises stress

Von Mises stress in the cartilage and menisci decreased as the weight
decreased from 85 kg at baseline to 74 kg at 16 weeks, particularly in
concentrated areas where the stress exceeds 5 MPa (see Figures 4.1-
4.3). The peak average Von Mises stress for nodes passing the contact
pressure threshold of 0.1 MPa in the lateral tibial cartilage decreased
by 6.9 % between baseline and 16 weeks. The peak average Von Mises
stress decreased by 1.6 % between 16 and 68 weeks (see Figure 4.4).
The maximum nodal Von Mises stress can be found in the appendix
(see Figure 7.1)

Von Mises stress (MPa)
1 MPa I s vipa [ 72 V0
\
5 ,
g
: /5/\ C
S
M
: |
5]
= .
© :
GB) | Qj
2 |
O

Figure 4.1: Von Mises stress at the first force peak (see Figure 3.2) of
the stance phase for the tibial cartilage, femoral cartilage and menisci.
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Figure 4.2: Von Mises stress at midstance (see Figure 3.2) of the stance
phase for the tibial cartilage, femoral cartilage and menisci.
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Figure 4.3: Von Mises stress at the second force peak (see Figure 3.2) of
the stance phase for the tibial cartilage, femoral cartilage and menisci.
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Figure 4.4: The average Von Mises stress of all nodes in the tibial
cartilage of the rigid model passing the threshold of 0.1 MPa in contact
pressure at each time increment of the gait step for A) baseline B) 16
weeks C) 68 weeks
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4.2.2 Contact pressure

Contact pressure decreased by the largest margin between baseline and
16 weeks, with peak averaged contact pressure for the nodes passing the
contact threshold decreasing by 6.2 % (see Figures 4.5-4.8). The contact
pressure in the menisci was small compared to the tibial and femoral
cartilage. The difference in peak contact pressure between 16 and 68
weeks was 1.9 %. Compared to the results for Von Mises stress (Figure
4.4), the difference in contact pressure between the medial and lateral
tibial cartilage is smaller throughout the gait cycle. The maximum
nodal contact pressure can be found in the appendix (see Figure 7.2).
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Figure 4.5: Contact pressure at the first force peak (see Figure 3.2) of
the stance phase for the tibial cartilage, femoral cartilage and menisci.
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Figure 4.6: Contact pressure at midstance (see Figure 3.2) of the stance
phase for the tibial cartilage, femoral cartilage and menisci.
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Figure 4.7: Contact pressure at the second force peak (see Figure 3.2) of
the stance phase for the tibial cartilage, femoral cartilage and menisci.
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Figure 4.8: The average contact pressure of all nodes in the tibial car-
tilage of the rigid model passing the threshold of 0.1 MPa in contact
pressure at each time increment of the gait step for A) baseline B) 16
weeks C) 68 weeks
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4.2.3 Maximum principal strain

Like Von Mises stress and contact pressure, the maximum principal
strain also decreased by the largest margin between baseline and 16
weeks (see Figures 4.9-4.11). Strain in the menisci is very high compared
to the tibial and femoral cartilage. The peak strain in the lateral tibial
cartilage decreased by 6.5 % between baseline and 16 weeks, while it
decreased by 1.4 % between 16 and 68 weeks (Figure 4.12). See the
appendix for the highest nodal maximum principal strain (Figure 7.3).
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Figure 4.9: Maximum principal strain at the first force peak (see Figure
3.2) of the stance phase for the tibial cartilage, femoral cartilage and
menisci.
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Figure 4.10: Maximum principal strain at midstance (see Figure 3.2) of
the stance phase for the tibial cartilage, femoral cartilage and menisci.
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Figure 4.11: Maximum principal strain at the second force peak (see
Figure 3.2) of the stance phase for the tibial cartilage, femoral cartilage
and menisci.
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Figure 4.12: The maximum principal strain of all nodes in the tibial
cartilage of the rigid model passing the threshold of 0.1 MPa in contact
pressure at each time increment of the gait step for A) baseline B) 16
weeks C) 68 weeks
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4.3 The heterogeneous bone model

In the model using a heterogeneous tibia, the peak averaged contact
pressure, Von Mises stress, and maximum principal strain of all nodes
in the tibial cartilage passing the contact pressure threshold of 0.1 MPa
was 1.8 %, 10.7 %, and 14.8 % less respectively than the rigid tibia
model at baseline weight (85 kg) (see Figure 4.13). Maximum nodal
values can be found in the appendix (Figure 7.4).
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Figure 4.13: For all nodes passing the contact pressure threshold of 0.1
MPa in the tibial cartilage at baseline weight, the averaged contact pres-
sure for A) the heterogeneous model B) the rigid model, the averaged
Von Mises stress for C) the heterogeneous model D) the rigid model,
the averaged maximum principal strain for E) the heterogeneous model
F) the rigid model.
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4.4 Comparing the heterogeneous and cyst
models

To examine the effect of the subchondral bone cyst on cartilage and
bone, the results of the SBC model were compared to the heterogeneous
model at baseline weight (85 kg) and 16 weeks (74 kg). The difference
in peak averaged contact pressure, Von Mises stress, and maximum
principal strain of the nodes passing the threshold in the lateral tibial
cartilage was less than 1 % between the heterogeneous and SBC models
at baseline weight (see Figure 4.14). The peak average contact pressure,
Von Mises stress, and maximum principal strain in the medial cartilage
were 2.7 %, 2.5 %, and 1.9 % lower respectively in the medial cartilage
of the SBC model at baseline weight.

Between baseline weight and at 16 weeks, peak averaged contact
pressure, Von Mises stress, and maximum principal strain decreased by
9.5 %, 8.8 %, and 7.7 % respectively in the lateral cartilage. The same
parameters decreased by 7.7 %, 4.5 %, and 2.3 % respectively from
baseline to 16 weeks in the medial cartilage. Inclusion of the SBC led
to an increase in the minimum principal stress and strain in the bone
in proximity to the SBC when compared to the heterogeneous tibia
(see Figure 4.16). Maximum principal stress and strain in the bone
changed by only a small margin due to the SBC. Both models display
higher strain in the medial side of the tibial bone than the lateral. At
peak load of the gait step, the average Von Mises stress and maximum
principal strain of all nodes in the SBC decreased by 13.7 percent and
12.2 percent respectively between baseline and 16 weeks (Figure 4.17).
The maximum nodal values can be seen in the appendix (Figure 7.5).
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Figure 4.14: For all nodes passing the contact pressure threshold of
0.1 MPa in the tibial cartilage of the heterogeneous and SBC models,
contact pressure at A) baseline B) 16 weeks, Von Mises stress at C)
baseline D) 16 weeks, maximum principal strain at E) baseline F) 16
weeks.
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Figure 4.15: Minimum principal stress in the tibia for the heterogeneous
and SBC bone models at the first force peak (see Figure 3.2).
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Figure 4.16: Minimum principal strain in the tibia for the heterogeneous
and SBC bone models at the first force peak (see Figure 3.2).
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Figure 4.17: Averaged Von Mises stress and maximum principal strain
for all nodes in the subchondral bone cyst over the course of the gait

step.



Chapter 5

Discussion

This thesis aimed to use a subject-specific finite element knee model to
investigate the effects of weight loss on cartilage biomechanics. Based
on MRI data of one subject participating in the CAROT trial [13], a 3D
volume of a left knee joint was segmented, meshed, and simulated for
subject-specific gait and three loading scenarios based on the altering
physical weight of the patient using four different FE models in Abaqus.
The results of the simulations showed that weight loss led to lower con-
tact pressure, Von Mises stress, and maximum principal strain in the
cartilage.

5.1 The rigid bone model

When modeling bone as a homogeneous material using a cortical bone
material model, the results of the simulations showed that treating the
geometry as rigid is an assumption that saves computation time without
major loss in accuracy in the predicted cartilage mechanics.

When the weight in the gait simulations decreased by 13 % between
baseline and 16 weeks, contact pressure, stress, and strain at peak load
in the tibial cartilage decreased by 6.2, 6.9, and 6.5 % respectively. This
suggests that the relationship between weight and mechanical load on
the tibial cartilage is not linear.

A study that implemented a fully deformable linear elastic knee
model reported a peak of approximately 2 MPa of Von Mises stress
in the femoral cartilage when applying 800 N of axial load in full exten-
sion of the knee [43]. In comparison, the axial load at the second force
peak of the gait simulation in this thesis was 1227 N, and the peak Von
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Mises stress was approximately 4 MPa in the femoral and tibial carti-
lage (see Figure 4.3). The stresses are however concentrated in different
areas of the femoral and tibial cartilage, while the stress concentrations
in the menisci are somewhat similar.

The high strain in proximity to the posterior medial meniscal horn
may indicate that this meniscal horn was modeled or attached incor-
rectly. Similarly, the anterior sections of the menisci show lower Von
Mises stress and maximum principal strain than the posterior sections.
This contradicts some theories and observations that the posterior sec-
tions of the menisci sustain higher loads [44]. The contact pressure,
Von Mises stress, and maximum principal strain in the inner surfaces of
the menisci do however indicate that these areas are where the menisci
provide the most support to the cartilage. Modeling the menisci as
isotropic may have contributed to the high strain. An alternative could
have been to model the menisci as transversely isotropic [8]. Dispersing
the spring attachments over a greater number of nodes may also have
been an approach to more accurately model the meniscal attachments.

A study investigating the effects of knee meniscal implants on carti-
lage contact pressure using FE modeling reported values of contact pres-
sure similar to those in this thesis [45]. Using a transversely isotropic,
nearly incompressible Neo-Hookean hyperelastic material model for the
menisci, the study reported peak contact pressures of 7.5 MPa in the
tibial and femoral cartilage for an axial load of 1200 N in full exten-
sion of the knee. The 1227 N of axial load at the second force peak of
the gait simulation resulted in maximum contact pressures of approxi-
mately 9 MPa in the femoral and tibial cartilage (see Figure 4.7), a 20
% difference in contact pressure for a similar load.

Of note in the model is that the average nodal stresses and strains
are higher in the lateral cartilage. This contradicts the fact that the
medial compartment of the tibiofemoral joint generally sustains higher
loads [46]. A possible reason for this could be that the free varus-valgus
rotation of the femur in the gait step of the simulations does not fully
account for the in-vivo loading conditions in the joint. The maximum
nodal stresses and strains in the tibial cartilage are however higher in
the medial compartment.

Clinical follow-up in the CAROT trial [32] of the subject investigated
in this thesis examined changes in the cartilage from baseline to 68
weeks. The cartilage was given a blind score by a radiologist using the

Boston-Leeds Osteoarthritis Knee Score (BLOKS) method [47]. This
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method gives the cartilage a score of 0, 1, 2, or 3 depending on the
severity of OA, 0 being no evidence of OA and 3 being severe OA.
The examination revealed that the subject had BLOKS grade 1 in the
lateral tibial cartilage at all time points. The medial tibial cartilage
had BLOKS grade 1 at baseline and 16 weeks, decreasing to BLOKS
grade 0 at 68 weeks [32]. The decrease in Von Mises stress, contact
pressure, or maximum principal strain between baseline and 68 weeks
could therefore be indicative of a threshold where the joint may possibly
recover. However, it may also be indicative of the low sensitivity of the
BLOKS score.

The clinical follow-up also examined joint pain experienced by the
subject using the visual analog scale (VAS). This grading system rates
pain from 0 as no pain, to 100 as severe pain. The subject reported 10
at baseline and 2 at 16 as well as 68 weeks. This could also be indicative
of mechanical thresholds for pain related to OA.

5.2 The heterogeneous tibia model

Using a deformable, heterogeneous tibia model in the gait simulation
led to lower contact pressure, Von Mises stress, and maximum principal
strain in the tibial cartilage. This was perhaps an expected result, as
the bone was allowed to deform. The load applied in the simulation
was generally transmitted only to the subchondral and cortical bone, as
the minimum principal stress of the trabecular bone was comparatively
low. In contrast to the higher average stress, strain, and contact pres-
sure in the tibial cartilage, the minimum principal stress in the medial
compartment is higher. A possible reason could be thinner subchondral
bone in the medial compartment of the model. Modeling the femur as
deformable and heterogeneous as well could have had an impact on the
loads sustained by the tibial cartilage, but remains to be investigated.

5.3 The subchondral bone cyst model

The addition of a subchondral bone cyst had an impact of less than
1 % on the Von Mises stress, maximum principal strain, and contact
pressure in the tibial cartilage when compared to the heterogeneous
tibia without a SBC. Despite the proximity of the cyst to the joint
line, the mechanical effect on the surface nodes of the tibial cartilage
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was small. The nodal average calculation in Figure 4.14 did however
only take into account surface nodes on the tibial cartilage. Expanding
the calculation to include the average Von Mises stress and maximum
principal strain of all nodes in the tibial cartilage may have produced
another picture of the stresses and strains, as the SBC could affect the
tibial cartilage closer to the subchondral bone. The effects were however
seen in the minimum principal stress and strain in the trabecular and
subchondral bone, similar to what was observed by Anwar et al. [41].
The increase in strain in the trabecular bone close to the cyst at baseline
weight (Figure 4.16) could indicate a volume of bone under high risk
of fracture, as the yield strain of trabecular bone is in the range of 2-4
% [14]. To more thoroughly assess the effects on cartilage and bone,
several SBCs could have been included, as well as SBCs in the lateral
side to rule out the possibility of variations in the subchondral bone
thickness of the two compartments.

Though the trial participant that was examined in this thesis did
not have a subchondral bone cyst, the decrease in Von Mises stress and
maximum principal strain in the SBC of 13.7 % and 12.2 % respectively,
as well as the reduction of minimum principal stress and strain in the
bone in the simulation could also be indicative of mechanical thresholds
for pain reduction in cases of OA where SBC’s are present.

5.4 Limitations

In this thesis, segmentation of the knee joint was performed manually
on MRI data. This proved difficult due to the limited contrast and
resolution of the image stack. Combined with large slice thickness, this
led to low detail in some features of the segmentation, particularly of
the bone and menisci.

Furthermore, the boundary conditions of the simulations applied
only axial force and flexion-extension in the knee. Factoring in the
subject-specific varus-valgus and internal-external rotation of the knee
in the input data would have yielded a simulation closer to in-vivo load-
ing conditions, despite those rotations being small in comparison to
flexion-extension. Varus-valgus rotation was unrestricted in the gait
step of the simulation, but how it compared to the true varus-valgus
rotation of the subject or generic gait data was not investigated. Ad-
dition of the collateral and cruciate ligaments to the model, either in
segmented form or represented by springs, would also have contributed
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to boundary conditions closer to in-vivo loading conditions, and would
have naturally restricted varus-valgus and internal-external rotation.
The models that were explored in this thesis restricted all other de-
grees of freedom to zero, limiting the similarity of the simulations to
the in-vivo knee kinematics of gait.

The models simulated in this thesis also implemented a Neo-Hookean
hyperelastic material model for cartilage. While this material model can
account for more of the mechanical behavior of cartilage than for exam-
ple a linear elastic material model, other alternatives such as poroelas-
tic and fibril-reinforced models can be superior when modeling cartilage
[12], although also being more computationally demanding.

The muscle tissue of the knee was not segmented and therefore not
included in the 3D model. The mechanical effect of the muscles were
however taken into account in the gait data acquired in the CAROT
study through motion analysis and use of an OpenSIM-model. There-
fore the principal effect of the muscles on the mechanics of the knee
model is accounted for but not explicitly included in the FE mesh.

In this thesis, no convergence analysis of the mesh was performed.
The approximate element size for the cartilage and menisci in the models
were however derived from another study [2]. As for the tetrahedral
bone mesh used in the heterogeneous and SBC models, it is not known
if a finer mesh would have resulted in different minimum principal stress
and strain values. Using quadratic hexahedral elements (C3D20) for
the cartilage and menisci could have produced more accurate contact
interaction between the soft tissues, but would also have increased the
computation time.

5.5 Future perspective

The work of this thesis showed that stresses, strains, and contact pres-
sure in knee cartilage change as body weight decreases. With more time,
several improvements to the models could have been implemented. Lig-
ament representations could be added for more anatomically accurate
restriction of the degrees of freedom of the knee joint. A model using
a deformable heterogeneous femur as well as tibia would be of interest
to simulate to observe any possible effects on the cartilage. The nodal
analysis of stresses, strains, and contact pressure in the tibial cartilage
could be extended to the femoral cartilage as well for a more thorough
analysis of all cartilage structures of the knee.
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In this thesis, all FE models used gait data measured at baseline
weight (85 kg). The results of this thesis would have been of interest
to compare to models based on gait data from 16 weeks (74 kg) and 68
weeks (72 kg), to see if changes in gait pattern affect the cartilage along
with the decrease in weight.

With further validation of the models simulated in this thesis, im-
provements in computational power, or suitable simplification of the
models, assessing the risk OA on a subject-specific basis using numeri-
cal modeling could in the future become a powerful tool in healthcare.
An effective simulation of the biomechanics of knee cartilage could pro-
vide more options for preventative treatment of a disease that is difficult
to treat after symptoms begin to manifest.

5.6 Ethical aspects

To create the knee FE models in this thesis, MRI images of the left
knee from a participant in the CAROT study were used. Participation
in the study was voluntary, the data was rendered anonymous, and
the participants gave written informed consent approved by the ethics
committee of the Capital Region of Denmark [H-B-2007-088] [13].

Numerical modeling of the knee joint as done in this thesis has impli-
cations for the treatment of OA. If the biomechanical impact of weight
loss on knee cartilage using FE analysis can be quantified and validated,
the method could be applied in the clinic to determine the best possi-
ble way to treat OA. From a beneficence ethics perspective, this would
be very positive as it presents a new alternative of determining treat-
ment of a complex disease. The method could reduce the cost of OA to
healthcare systems by providing improved preventative treatment that
avoids the scenario where patients must undergo expensive procedures
such as TKR.

Using numerical modeling to assess the risk subject-specific of OA
is however a technology intense procedure. A future clinical application
would require access to MRI scanners, computational resources, motion
analysis systems, and likely a significant amount of labor to produce
and simulate the model. Using this method would be very expensive
and likely only available in developed countries with access to advanced
healthcare. From the point of view of justice ethics, this would be
negative as the method would likely not be available to the majority
of the global population. Patients with magnetic implants would also
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be excluded from the procedure. Ways of automating the creation of
numerical models of the knee joint and reducing the time it takes is an
ongoing field of research [9] but is as yet a labor-intensive process.

In the future, development of the method may reach a point where an
algorithm segments imaging data, runs a number of simulations and in-
dependently suggests the best course of treatment automatically. Clini-
cal personnel would then be needed to analyse and confirm the suggested
course of action to avoid shifting responsibility for the treatment to an
algorithm.
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Chapter 6

Conclusions

This thesis set out to estimate the effects of weight loss on cartilage
biomechanics using a subject-specific 3D finite element knee model.
Simulation of four different FE models for altering weight scenarios have
led to the following conclusions.

e Weight loss simulated by FE analysis using subject-specific data
lead to a reduction in contact pressure, Von Mises stress, and
maximum principal strain in the tibial cartilage, femoral cartilage
and menisci of the knee.

e Treating bone as rigid in the knee model provides a negligible loss
of accuracy for cartilage mechanics compared to a homogeneous,
cortical, and deformable bone model while substantially reducing
computation time.

e Modeling the tibial bone as isotropic, heterogeneous, and de-
formable resulted in reduced Von Mises stress and maximum prin-
cipal strain in the tibial cartilage when compared to the rigid
model.

e Simulating a hypothetical scenario where the subject had a sub-
chondral bone cyst in the medial compartment of an isotropic,
heterogeneous, deformable tibia resulted in reduced contact pres-
sure, Von Mises stress, and maximum principal strain when com-
pared to the rigid model, but also a marginal decrease in these
parameters when compared to a heterogeneous model without a
cyst. The cyst did however contribute to altered minimum princi-
pal stress distribution and increased minimum principal strain in
the trabecular bone in proximity to the cyst.

For future investigations, the knee FE models simulated in this thesis
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can be expanded in terms of analysis, material models and addition of
ligaments for a more in-depth analysis of the effect of weight loss in
cartilage biomechanics. With further refinement of the FE models and
workflow, numerical modeling of knee joint biomechanics could become
a useful tool in the prediction and prevention of OA.
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Figure 7.1: The maximum nodal Von Mises stress in the tibial cartilage
at each time increment of the gait step for A) baseline (85 kg) B) 16
weeks (74 kg) C) 68 weeks (72 kg)
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Contact pressure [MPa]

Contact pressure [MPa]

Contact pressure [MPa]

Fraction of stance [%]

Figure 7.2: The maximum nodal contact pressure in the tibial cartilage
at each time increment of the gait step for A) baseline (85 kg) B) 16
weeks (74 kg) C) 68 weeks (72 kg)
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Figure 7.3: The highest nodal maximum principal strain in the tibial
cartilage at each time increment of the gait step for A) baseline (85 kg)
B) 16 weeks (74 kg) C) 68 weeks (72 kg)
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Figure 7.4: The maximum nodal contact pressure for A) the heteroge-
neous model B) the rigid model. The maximum nodal Von Mises stress
for C) the heterogeneous model D) the rigid model. The highest nodal
maximum principal strain for E) the heterogeneous model F) the rigid

model.
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