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ENGLISH SUMMARY

This PhD study was part of a greater collaborative effort, funded by the EU within an
initial training network called KNEEMO; which worked towards a step change in
early detection of knee osteoarthritis (OA) and non-pharmacological management of
the disease through personalized interventions. This dissertation focused on
personalized musculoskeletal modeling, with emphasis on bone morphing, knee joint
modeling, and clinical applications. The main aims of the PhD project were to (1)
develop and validate a computationally efficient novel knee joint model, while
capturing the subject-specific kinematics and bone geometries. (2) To establish a
subject-specific multi-scale model, ultimately allowing clinicians to investigate how
varying biomechanics and orthoses interventions can affect the internal loads of the
body and influence the stresses/strains on anatomical features. (3) Determine if
treatment outcomes, based on individual patients and a patient group as a whole are
influenced by different musculoskeletal model scaling techniques.

First, an introduction chapter outlines the general information and state-of-the-art
studies relevant to the dissertation. Here, the epidemiology of knee osteoarthritis
(KOA) is described, including current diagnosis procedures and common treatment
methods for early and late stage KOA. Next, computational modeling, with an
emphasis on lower limb and knee joint anatomy, is introduced; focusing on
musculoskeletal and finite element modeling genres. Then, various model validation
approaches are discussed that (1) have already been established and (2) should be
considered more in the future in regard to computational modeling. Finally, the
importance of personalized models is considered, covering how these models are
typically developed, and what they can be used for with respect to model application.

In the second chapter, subject-specific moving-axis tibiofemoral joint models using
MRI and EOS imaging during a quasi-static lunge are developed and validated. In the
literature, musculoskeletal tibiofemoral joint models can range from simple generic
(hinge) to complex subject-specific (multi-body contact models) depending on their
generic qualities and computational time. The main aims of this study were to create
a novel subject-specific tibiofemoral joint model that is computationally efficient and
can predict anatomically accurate secondary joint kinematics. The model utilized a
moving-axis concept that is based upon a linear relationship between two tibiofemoral
flexion positions. Validation of this approach is performed by measuring the
secondary joint kinematics from a quasi-static lunge obtained using biplanar EOS
Imaging, segmented 2D EOS contours and 3D MRI bone geometries, and custom
written MATLAB registration software. Additionally, the study compared the model
against a commonly used subject-specific hinge model in attempt to show the
advantages and advancements of the proposed model. The resulting secondary joint
kinematics proved to be better predicted when employing a moving-axis tibiofemoral
model as compared to a hinge, with an average mean difference and standard error of
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(translations: 2.84 + 0.31 mm, rotations: 1.25 * 0.43°) and higher coefficients of
determination (R?) for each clinical measure. The commonly used hinge model
resulted in an average mean difference and standard error of (3.87 £ 0.39 mm, 7.39 +
0.879). No significant differences were found between the moving-axis model and the
experimentally observed tibiofemoral joint rotations from the EOS data, while this
was not the case for the hinge model. Achieving our initial aims, it was concluded that
the moving-axis joint can better predict experimentally observed rotations and
translations when compared to the commonly used subject-specific hinge model.

Chapter 3 expands upon the work done in Chapter 2 by applying the moving-axis
principal to the patellofemoral joint and evaluating the predicted patellar motion
derived from 6 combinations of tibiofemoral (hinge, moving-axis, interpolated) and
patellofemoral (hinge and moving-axis) models against experimental in vivo
kinematics from a series of biplanar EOS images. In addition to the novel moving-
axis patellofemoral joint, this study introduces an interpolated tibiofemoral joint
calibrated from the five EOS quasi-static lunge positions. In this particular model,
error is only permitted from the patellofemoral model when compared against the
EOS experimental data. The results from this paper show that a moving-axis
tibiofemoral joint in combination with a hinge patellofemoral joint offer (-5.12 £ 1.23
mm, 5.81 £ 0.97 mm, 14.98 £ 2.30°, -4.35 £ 1.95°) mean differences when compared
to the experimental EOS data in terms of lateral-shift, superior translation,
patellofemoral-flexion, and patellar-rotation respectively. While when using a
moving-axis patellofemoral joint in exchange for the hinge a mean difference of (-
2.69+1.04 mm, 1.13 £0.80 mm, 12.63 £ 2.03°, 1.74 + 1.46°) was achieved. As to be
expected, the model predictive capabilities increased as a direct result of adding more
calibrated positions to the tibiofemoral model (hinge-1, moving-axis-2, and
interpolated-5) for most patellofemoral kinematic measures. Overall, the aim of
establishing a novel subject-specific moving-axis patellofemoral model was achieved;
that produces realistic patellar motion for certain kinematic measures and is
computationally efficient enough for clinical applications. However, the error arising
from patellar tilt, rotation, and medial-lateral translation is not ideal and the
introduction of ligaments and contact (in 2 DOF), giving the model a force response
along the directions where the major external influences are expected to be, in the
future might be an added benefit.

Chapter 4 presents a workflow that combines motion capture, ground reaction forces,
MRI, bone morphing, multibody dynamics, and finite element analysis to assess the
effect of gait modifications and lateral wedge insoles on the stresses and strains in the
medial tibial cartilage. The goal of this multi-scale model was to simultaneously
estimate net joint loads from a musculoskeletal model and stresses in soft tissues of
the knee during normal and modified gait through finite element analyses. Only one
subject was modeled due to the methodological nature of this study and the focus of
establishing a method to investigate the outcomes of various gait alterations effects
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(rather than proving or disproving the benefits of a particular technique). In order to
achieve the multi-scale model, full lower limb and detailed MRI images were needed
to establish the bone and ligament architecture of the musculoskeletal model and the
soft tissue structures of the finite element model. Various gait alterations (normal shod
walking, 5° and 10° lateral wedge insole walking, toe-in, and toe-out wide walking)
were first recorded in a gait laboratory. Then processed through the musculoskeletal
model, were output forces were obtained and used as boundary conditions for the
finite element knee model; ultimately tibial articular cartilage stresses and strains were
achieved. What was found for this particular individual was that during the stance
phase, the LWI failed to reduce medial peak pressures apart from the second loading
peak during the insole-10° trial. While the toe-in modification achieved reduced peak
pressures of -11% during the first peak, the opposite effect occurred during the second
peak increasing the pressures by nearly 12%. Additionally, when the subject walked
with toe-out gait, the peak pressures reduced by -15% during the first peak and
increased by 7% during the second peak. Overall, a workflow was established during
this study allowing researchers to assess the effect of low-cost clinical interventions
aimed at reducing loads in the medial tibial cartilage on a subject-specific basis.
Furthermore, the groundwork necessary to develop patient-specific models has been
created to better optimize treatments based on an individual patient rather than cohort.

The last paper for this dissertation is presented in Chapter 5, comparing generic vs
patient-specific musculoskeletal model-scaling techniques for identification of
personalized gait alteration for individuals diagnosed with medial compartment knee
osteoarthritis. Gait alterations, such as gait modifications and lateral wedged insoles,
are a controversial topic due to the success of these interventions not always being
exclusive. So, the purpose of this study was to analyze the effect gait alterations on
medial contact forces through use of patient-specific musculoskeletal models,
exploring what might contribute to these inconsistencies in patient responses. One
hypothesis of why these inconsistences are observed is that the whole study group is
provided with the same intervention, although each patient may require individualized
interventions, which on a group level can lead to a no response average. Additionally,
the type of musculoskeletal model scaling approach may influence the outcomes. To
answer these questions, motion capture was recorded of five patients with clinical
evidence of medial knee osteoarthritis during normal walking, walking with patient-
specific lateral wedged insoles (0°, 5°, and 10°), walking with a gait modification (toe-
in, toe-out, wide stance). Then two kinds of patient-specific musculoskeletal models
were constructed for each patient (1) by manually segmenting MRI images of the
patients that were then used to morph a generic model to the patient-specific bone
geometries and (2) through use of a simple linear scaling technique, that utilizes the
marker placements from the motion capture data. The main parameters investigated
during this study were the medial contact force peak and impulse values during stance
phase of walking. What was found as a result from this study was that a ‘one-size-fits-
all’ gait alteration aimed at minimizing medial contact loading does not exist for these
five patients, which suggests the importance of individually assigned interventions.



ENGLISH SUMMARY

Moreover, the different scaling and morphing techniques used on the musculoskeletal
models lead to differences in medial contact forces. Highlighting the importance of
further investigation of scaling approaches prior to being able to use such models in
the clinical setting to assist in prescribing gait alterations. With the small sample size
being a main limitation, detection of meaningful clinical results was beyond the scope
of this study.

The final chapter provides a summary of key results from the publications making up
this dissertation and a discussion regarding the outcomes of this PhD research.
Additionally, the limitations of these studies are addressed and recommendations for
future research outlined. The research conducted during this PhD study is merely a
starting point in hopes of future researchers better validating personalized knee joint
models and directing patient-specific musculoskeletal modeling into to the clinical
setting. In order to further validate various personalized knee models, more extensive
in vivo dynamic data sets are needed to explore various motions of daily living, to
make sure these models are capable of predicating kinematics from movements other
than lunging. Additionally, more efficient computational building methods are needed
for these models to be used in the clinical setting, the main hold up is occurring when
obtaining personalized bone geometries. Thus, effort needs to be focused on (1)
automatic segmentation and or (2) determining how accurate is good enough with
respect to bone geometries and computational modeling.

Vi
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DANSK RESUME

Dette PhD projekt var del af en starre samarbejdsindsats med midler fra EU indenfor
et initielt treeningsnetveerk kaldet KNEEMO, som har arbejdet for en radikal &ndring
i tidlig opdagelse af knezartrose (KA) og ikke-farmakologisk behandling af
sygdommen igennem individualiserede interventioner. Denne afhandling fokuserede
pa individualiseret muskuloskeletal modellering med veegt pa knogleforandringer,
knzledsmodellering, og klinisk anvendelse. Hovedmalene med PhD projektet var (1)
at udvikle og validere en ny beregningseffektiv knzledsmodel baseret pa
individspecifik kinematik og knoglegeometri. (2) At etablere en individspecifik
multiskala model, der ultimativt tillader klinikere at undersgge, hvordan varierende
biomekanik og ortoseinterventioner kan pavirke kroppens interne belastninger og
spandinger/tgjninger pa anatomiske strukturer. (3) Afgare om behandlingsresultater,
baseret pa individuelle patienter og en patientgruppe som helhed, bliver pavirket af
forskellige muskuloskeletalmodellerings skaleringsteknikker.

Farst kommer et introduktionskapitel, der beskriver den generelle information og de
nyeste studier relevante for afhandlingen. Her beskrives epimiologien bag KA samt
nuvarende diagnoseprocedurer og almindelige behandlingsmetoder ved tidlig og
senstadie KA. Derefter introduceres computermodellering, der ligger vagt pa
undereskstremitet- og knzledsanatomi; med fokus pd muskuloskeletal og finite
element modelling. Derfra fglger en diskussion af forskellige tilgange til
modelvalidering der (1) allerede er etableret og (2) burde benyttes mere i fremtiden
med hensyn til computermodellering. Til sidst vil vigtigheden af individualiserede
modeler betragtes, samt hvordan disse modeller typisk udvikles og hvordan de kan
anvendes.

I andet afsnit prasenteres udviklingen og valideringen af individuelt tilpassede
modeller af det tibiofemorale led med en flytbar knaeakse ved benyttelse af MRI og
EOS skanninger, under kvasi-statisk lunge. I den muskuloskeletale litteratur varierer
tibiofemorale ledmodeller fra simple generiske heangseler til komplekse individ-
specifikke (multi-legeme kontaktmodeller) alt afhaengigt af deres generiske
egenskaber og beregningstid. Hovedmalet med dette studie var at skabe en ny individ-
specifik tibiofemoral ledmodel der er beregningseffektiv og kan forudsige anatomisk
ngjagtig sekundeer ledkinematik. Modellen benytter et flytbart knaeakse koncept, der
er baseret pa et linart forhold mellem to tibiofemoral fleksionspositioner. Validering
af denne tilgang foretages ved at male den sekundzare ledkinematik under et kvasi-
statisk lunge indsamlet ved brug af toplansrgngten med EOS teknologien,
segmenterede 2D konturer og 3D MRI knoglegeometrier og tilpasset MATLAB
registreringssoftware. Derudover sammenligner studiet modellen med en alment
brugt individ-specifik heengselmodel i et forsgg pa at vise fordele og fremskridt ved
den nearverende model. Den resulterende sekundzre ledkinematik blev forudsagt
bedre ved brug af en flytbar knzeakse model, sammenlignet med et hangsel, med en
gennemsnitlig forskel og standardfejl pa (translationer: 2.84 + 0.31 mm, rotationer:

vii
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1.25 * 0.43°) og hgjere korrelationskoefficienter (R?) for hver klinisk varibel. De
alment brugte haengselsmodeller resulterede i en gennemsnitlig forskel og standardfejl
pa (3.87 £ 0.39 mm, 7.39 + 0.87°). Der blev ikke findet en signifikant forskel mellem
den flytbare knaakse model og de eksperimentielt observerede tibiofemorale
ledrotationer fra EOS data, mens dette ikke var tilfeeldet for heengselsmodellen. Da vi
opnaede vores oprindelige mal, blev det konkluderet at det flytbare knaeakseled bedre
kan forudsige eksperimentielt observerede rotationer og translationer, nar denne
sammenlignes med den alment brugte individuelt tilpassede hangselsmodel.

Kapitel 3 bygger oven pa arbejdet lavet i kapitel 2 ved at anvendte det flytbare akse
princip pa det patellofemorale led og evaluerer den forudsagte patella bevagelse ved
seks kombinationer af tibiofemoral(hengsel, flytbar akse, interpoleret) og
patellofemorale (haengsel og flytbar akse) modeller mod eksperimentielt in vivo
kinematik fra en serie af toplans EOS rentgenbilleder. Ud over det nye
patellofemorale led med flytbar akse introducerer dette studie et interpoleret
tibiofemoral led kalibreret fra de fem EOS kvasi-statiske lunge positioner. | denne
specifikke model er fejl begraenset til den patellofemorale model, nar denne
sammenlignes med det eksperimentelle EOS data. Resultatet af dette studie viser, at
et flytbar akse tibiofemoral led i kombination med et hangsel patellofemoralt led
giver (-5.12 + 1.23 mm, 581 = 0.97 mm, 1498 + 2.30°, -4.35 + 1.95°)
gennemsnitsforskelle sammenlignet med det eksperimentelle EOS data i forhold til
henholdsvis lateral-shift, superior translation, patellofemoral-fleksion, og patellar-
rotation. Nar et flybar akse patellofemoral led blev brugt istedet for et haengsel blev
der opnéet en gennemsnitsforskel pa (-2.69 + 1.04 mm, 1.13 +0.80 mm, 12.63 + 2.03°,
1.74 + 1.46°). Modellens preaediktive kapaciteter blev gget som et resultat af at tilfgje
flere kalibrerede positioner til den tibibiofemorale model (hengsel-1, flytbar akse-2,
og interpoleret-5) for de fleste af de patellofemorale kinematiske malinger. Samlet set
blev mélet med at etablere en ny individ-specifik flytbar patellofemoral model opnéet;
den producerer realistisk patella beveegelse for nogle af de kinematiske variable og er
beregningseffektiv nok til klinisk anvendelighed. Imidlertid er fejlen som opstar fra
patellar tilt, rotation, og medial lateral translation ikke ideal og introduktionen af
ligamenter og kontakt (i 2 frinedsgrader) kan maske vere gavnlig, da dette giver
modellen en mulig kraftpavirkning langs retningerne, hvor den starste pavirkning af
de eksterne belastninger forventes.

Kapitel 4 praesenterer et workflow, der kombinerer beveaegelsesmalinger,
underlagsreaktionskrafter, MRI, knogleforandringer, multilegeme dynamik, og finite
element analyser til at vurdere effekten af gangartmodifikationer og lateral kileindlaeg
p& spaendingspavirkningerne i det mediotibiale bruskveev. Malet med denne
multiskalamodel var at samtidigt estimere den samlede ledbelastning med en
muskuloskeletal model og spandingspavirkningen i det blgde vav i knaeet under
normal og modificeret gang vha. finite element analyser. Kun én forsggsperson blev
modeleret pa grund af dette studies metodologiske karakter og fokus pa at etablere en
metode til at undersage resultaterne af forskellige gangartendringer (i stedet for at be-
eller afkraefte de gavnlige effekter af en bestemt gangart eller lateral kile). For at skabe

viii
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multiskalamodellen var detaljerede MRI billeder af underesktremiteterne ngdvendige
for at bestemme knogle- og ledbandsarkitekturen til den muskuloskeletale model og
blgdveevsstrukturerne i finite element modellen. Forskellige gangartendringer
(normal gang med sko, gang med 5° and 10° lateral kileindleeg, ta-ind, og ta-ud bred
gang) blev first optaget i et gangartslaboratorie. Derefter blev det kart igennem den
muskuloskeletale model hvor de resulterende krafter og momenter blev brugt som
randbetingelser til finite element knemodellen, hvilket ultimativt farte til at tibiale
ledbrusk spaendingspavirkninger opnas. For dette individ blev der fundet, at under
standfasen kunne LWI ikke reducere det maksimale medial-tryk bortset fra det andet
belastningsmaksimum under indlaeg-10° forsgget. Mens té-in modifikationen
reducerede det maksimale tryk med -11% under det farste belastningsmaksimum, s&
opstod den modsatte effekt under det andet belastningsmaksimum, hvilket ggede
trykket med nasten 12%. Desuden, nér forsggspersonen gik med ta-ud gang, blev det
maksimale tryk reduceret med -15% under det farste belastningsmaksimum, og gget
med 7% under det andet. Alt i alt blev et workflow etableret i dette studie, som gar
det muligt for forskerne at vurdere effekten af lav-omkostnings kliniske interventioner
rettet mod at reducere belastninger i det mediotibiale brusk pa en individ-specifik
basis. Endvidere er det ngdvendige grundlag lagt for at udvikle patient-tilpassede
modeller til at optimere behandling baseret pa en individuel patient i stedet for en
kohorte.

Det sidste studie i denne afhandling praesenteres i kapitel 5. Her sammenlignes
generiske og patient-specifikke muskuloskeletal modelskaleringsteknikker for
identificering af personaliserede gangartendringer for individer diagnosticeret med
medial kompartement KA. Gangartendringer, sdsom gangartmodifikationer og
laterale kileindleeg, er et kontroversielt emne som fglge af, at successen med disse
interventioner ikke er entydig. Formalet med dette studie var dermed at analysere den
effekt som gangartendringer havde pa den mediale kontaktkraft gennem brug af
patientspecifikke muskuloskeletale modeller, og udforsker hvad der kunne bidrage til
disse inkonsistente patientresponser. En hypotese om hvorfor denne inkonsistens
observeres er, at hele undersggelsesgruppen er forsynet med den samme intervention,
selvom hver patient givetvis kreever individualiserede interventioner, og pa gruppe-
niveau kan dette fgre til et gennemsnit, der ikke viser respons. Derudover kan typen
af musculoskeletal modelskalering pavirke resultatet. For at besvare disse spargsmal
blev beveaegelsesdata indsamlet fra fem patienter med klinisk evidens for medial KA
ved normal gang, gang med patient-specifikke laterale kileindlaeg (0°, 5°, and 10°),
gang med en gangartsmodification (t&-ind, t&-ud, bred stand). Derefter blev to slags
patient-specifikke muskuloskeletale modeller konstrueret for hver patient (1) ved
manualt at segmentere MRI billeder fra patienterne, som sa blev brugt til at tilpasse
en generisk model til den patient-specifikke knoglegeometri og (2) gennem brug af en
simpel linezr skaleringsteknik, der benytter markarplacering fra bevegelsesdata.
Hovedparametrene undersggt under dette studie var den maksimale mediale
kontaktkraft og impulsen under standfasen af gang. Det der blev fundet som et resultat
af dette studie var, at en ’one-Size-fits-all” gangarteendring malrettet mod minimering
af den mediale kontaktkraft ikke eksisterer for disse fem patienter, hvilket tyder pa
vigtigheden af individuelt tildelte interventioner. | gvrigt farer brugen af forskellige
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skalerings- og tilpasningsteknikker af de muskuloskeletale modeller til forskelle i den
medial kontaktkraft. Hermed fremhaves vigtigheden af videre undersggelser af
skaleringstilgange far brugen af sddanne modeller kan anvendes klinisk til at assistere
med at ordinere gangartsaendringer. Med den lille stikprovestarrelse var opdagelse af
meningsfyldte kliniske resultater udenfor studiets reekkevidde.

Det sidste kapitel giver et resumé af hovedresultaterne fra publikationerne i denne
athandling samt en diskussion af resultaterne fra denne PhD’s forskning. Derudover
bliver begransningerne adresseret og anbefalinger til fremtidig forskning angivet.
Forskningen udfgrt under dette PhD-studie er kun en start i habet om at fremtidige
forskere bedre kan validere personaliserede knaeledsmodeller og fare patient-specifik
muskuloskeletale modeller ud i klinikken. For yderlige at kunne validere forskellige
personaliserede knamodeller skal der geres brug af mere omfattende in vivo
dynamiske dataseet for at udforske forskellige dagligdagsbeveegelser for at sikre sig,
at disse modeller er i stand til at forudsige kinematik fra andre bevagelser end lunge.
Desuden er der behov for hurtigere modeludvikling for at disse modeller kan anvendes
klinisk, og den primare flaskehals er at opna individuelle knoglegeometrier. Derfor
skal der fokuseres en indsats pa (1) automatisk segmentering og eller (2) bestemmelse
af hvor stor ngjagtighed, der kreeves mht. knoglegeometri og computermodelleringen.



PERSONALIZED MUSCULOSKELETAL MODELING-BONE MORPHING, KNEE JOINT MODELING, AND APPLICATIONS

PREFACE

This dissertation has been submitted to the Faculty of Engineering and Science at
Aalborg University in partial fulfillment of the requirements for the degree of Doctor
of Philosophy in Mechanical Engineering. The work was carried out at the
Department of Materials and Production, AAU from January 2015 until December
2018 under the supervision of Professors Michael Skipper Andersen and Mark de Zee.
This PhD study was completed as part of the KNEEMO project; an Initial Training
Network for knee osteoarthritis research funded by the European Union’s Seventh
Framework Programme. | would like to acknowledge those who envisioned the
KNEEMO project, for without your perseverance of this grant proposal | would not
have had the chance to be part of such an amazing network or to move to Denmark
for the pursuit of my PhD.

First and foremost, | would like to thank my supervisor, Michael Skipper Andersen,
for the endless support and leadership. It has been a privilege to work with you, | have
learned so much and hope to have great collaborations in the future. | would also like
to thank my co-supervisor, Mark de Zee for all the help in the motion capture lab and
invaluable guidance, especially in the realm of work life balance. Additionally, I’d
like to thank the head of our research group, John Rasmussen, for all the knowledge
you have shared with me, whether it was regarding biomechanics, Danish culture, or
life in general; there has never been a dull conversation.

I’d like to extend my gratitude to Dr. Jens Brendum Frekjer, Carsten Wiberg
Simonsen, and Kenneth Krogh Jensen of the Department of Radiology and Dr. Peter
Heide Pedersen from the Department of Orthopedic Surgery at Aalborg
Universitetshospital for their time and effort in developing imaging protocols and
collecting data used for Papers | and Il in this PhD dissertation. Furthermore, | am
deeply thankful for the external supervision from Prof Jim Woodburn and all the hard
work and data collections performed by Marco Mannisi of Glasgow Caledonian

xi



PREFACE

University. Without this effort, Papers 111 and 1V of this dissertation would not have
been possible. Additional thanks goes out to the radiologists at Queen Elizabeth
University Hospital in Glasgow Scotland for their advice in developing the optimal
MR imaging protocol for constructing multiscale models of patients with knee
osteoarthritis. I’d like to take this opportunity to thank all the members of Anybody
Technology for their endless help and recommendations throughout this PhD
research. Finally, | would like to recognize Sjoerd Kolk and the rest of the engineers
I worked with from Materialise, thank you for your support and granting access to the
necessary research licenses needed for the completion of this PhD.

A big thank you to my office mates at the AnyBody Research group for the ample
amount of cake, swim sessions, potluck dinners, and pep talks. In addition, I greatly
appreciate that you never hesitated to spend an hour or more of your time in an MRI
scanner for the sake of my research. To my fellow early stage researchers, the
experienced researchers, and bonus supervisors of KNEEMO, thank you for the
amazing meetups, collaborative efforts, and network we established.

To my family and friends, near and far, thank you so much for helping me through
this journey. Finally, I would like to express my gratitude to Henrik, for the abundance
of love, encouragement, and patience.

xii



PERSONALIZED MUSCULOSKELETAL MODELING-BONE MORPHING, KNEE JOINT MODELING, AND APPLICATIONS

CONTENTS

Chapter 1. INtroduUCtiON..........ccvii i 1
1.1. Background and MOtIVatioN ..........cccceveienine s 1
1.1.1. The KNEEMO Initial Training Network ..........cccccooeiiininiiineiiee 1
1.1.2. KNnee OStEOAINIILIS. ......ciiiirieieieiieieie e 2
1.1.3. Common treatment methods in KOA.........cooiiiiiincre e 5

1.2. Computational Modeling of the knee joint..........ccccceveveiieveiiiiecceccce e 7
1.2.1. Musculoskeletal MOdeling ..........cccevveiieiiiieie e 8
1.2.2. Finite Element Modeling.........cccooviieiiiiin e 15
1.2.3. Multiscale MOEliNg ........ccoiiiiriiiiee e 18
1.2.4. Validation of Computational Models............c.cccvininnniniiiineee 19

IR T I 401 =V o] USSP 22
1.4. Aims and Outling of DiSSEration...........cccoecireiirinieiienese e 23
(O T o (=T N - o =T ol USSR 27
Chapter 3. PAPEr Tl ..ottt 49
Chapter 4. Paper H. ...t 51
Chapter 5. PAPEE IV ..ot 69
Chapter 6. DISCUSSION ......c.oiiiiiirieiiie ettt sb e e ebe e 71
6.1. Summary of Key RESUILS ........ccveiieiiece e 71
6.2. Contributions and IMPACL............cccevieie i 75
6.3. Limitations and Recommendations for Future Work ...........c.ccccevvvencnenne. 76
6.4. Concluding REMAIKS ........cciriiiiiiiiiirie s 79
LITErature LIST . ...cveeee ettt 80

xiii






PERSONALIZED MUSCULOSKELETAL MODELING-BONE MORPHING, KNEE JOINT MODELING, AND APPLICATIONS

CHAPTER 1. INTRODUCTION

1.1. BACKGROUND AND MOTIVATION
1.1.1. THE KNEEMO INITIAL TRAINING NETWORK

The research presented in this PhD dissertation was completed as part of the
KNEEMO project (“KNEEMO: Initial Training Network in Knee Osteoarthritis
Research,” n.d.); an Initial Training Network (ITN) for knee osteoarthritis research
funded by the European Union’s Seventh Framework Programme for research
technological development, and demonstrations under Grant agreement No. 607510.
The project consisted of 15 research fellows (4 experienced researchers and 11 early
stage researchers) employed across 8 institutions (Aalborg University, Glasgow
Caledonia University, Paracelsus Medical University, Peacocks, University of
Minster, University of Southern Denmark, VU University Medical Center
Amsterdam, and Xsens) and ran from April 2014-2018. The main theme of KNEEMO
was “towards targeted and tailored interventions for KOA”, and focused on
identifying the right patients for the right treatment at the right time. The objectives
of KNEEMO ITN were:

1. Understanding the epidemiology, impact, burden and cost of osteoarthritis of
the knee including disease mechanisms and biomechanical paradigms.

2. Understanding the structure and function of the knee joint, its constituent
anatomy and complex function in health and OA diseased states.

3. Performing imaged-based reconstruction of the knee joint anatomy including
bone, cartilage, muscle and soft-tissue in health and OA diseased states.

4. Performing 3-D measurements of knee joint function including motion,
forces, muscle strength and proprioception during activities of daily living.

5. Understanding and applying the basic principles of computational modelling
employing anatomical (3) and functional (4) data to better understand disease
processes and pathology.

6. Understanding the need for early identification of patients and preventative
action

7. Understanding of current non-pharmacological interventions, their
biomechanical basis and limitations.

8. Translating knowledge gained in (3) and (4) towards the development of
novel, personalized biomechanical-based interventions.

9. Effective dissemination of scientific findings to peers, policy makers, the
private sector and lay public.
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The objectives were accomplished by employing research methodology in the forms
of: computer simulation modeling, observational patient-based studies, product
development, primary analysis of prospective cohort data, evidence synthesis through
systematic review of the literature and meta-analysis, and secondary analysis of
existing data sets. In addition, to the transferable skills learned during the project:
research leadership, organizing and planning, entrepreneurship and innovation, ethics
of human research, using information technology, intellectual property rights, and
finally, effective communication skills through various mediums of dissemination and
outreach. Overall, the KNEEMO ITN achieved a better understanding of non-
pharmacological conservative management of knee OA through early identification
and tailored interventions.

1.1.2. KNEE OSTEOARTHRITIS

Osteoarthritis (OA) is a slow degenerative disease of diarthrosis (synovial) joints, with
the knee joint being the most commonly affected (Martel-Pelletier et al., 2016) and
currently, without a cure (Egloff et al., 2012). Symptoms of knee OA (KOA) include:
stiffness of joint causing limited range-of-motion, inflammation, pain, and grinding
sensation and or sound; often resulting in reduced participation daily physical
activities and an overall reduced quality-of-life (Heidari et al., 2016). However, the
diagnosis of KOA should not be determined solely upon symptomatic findings, it is
possible for patients with KOA to have radiographic evidence, while not experiencing
any of the above symptoms (asymptomatic patients) and vice versa (Bedson and Croft,
2008; Finan et al., 2013).

Knee osteoarthritis is normally diagnosed using a variety of tools, including medical
history report, physical examination, medical imaging such as radiography or
magnetic resonance imaging (MRI), and questionnaires for example the Western
Ontario and McMaster Universities Osteoarthritis Index (WOMAC) (Bellamy et al.,
2005; Felson, 2006). Radiography is predominantly used for structural assessment of
KOA due to its low cost and availability (Demehri et al., 2015; Roemer et al., 2011).
The x-ray is taken in the coronal plane (anteroposterior) and produces a high contrast
image of the bone tissue, however it is unable to capture the structure of the articular
cartilage (Roemer et al., 2011). Instead, the x-ray has been used for over 60 years in
combination with the Kellgren & Lawrence (KL) grading scale, which mainly
evaluates the knee for joint space narrowing, subchondral sclerosis, presence of
osteophytes and or cysts (Altman and Gold, 2007; Lawrence, 1957; Roemer et al.,
2011). More recently, MRI has become increasingly prevalent in KOA diagnosis
(Figure 1-1) due to its capability to capture soft tissue contrast, no radiation exposure,
and ability to conduct 3D assessment of all structures of the knee (Wang et al., 2012).
It has been found that the structural changes in cartilage can be detected earlier when
using MRI (Javaid et al., 2010) than x-ray, and furthermore the thickness and overall
health of the cartilage is better identified through use of MRI (Gold et al., 2006;
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Stammberger et al., 1999). Quantitative scoring systems have been established for
MRI in the diagnosis of KOA including: Boston-Leeds Osteoarthritis Knee Score
(BLOKS), Knee Osteoarthritis Scoring System (KOSS), Whole-Organ MRI Score
(WORMS), Multicenter Osteoarthritis Study (MOST), and most recently the MRI
Osteoarthritis Knee Score (MOAKS) (Guermazi et al., 2011; Hunter et al., 2011,
2008; Kornaat et al., 2005; Peterfy et al., 2004). MOAKS subdivides the knee into 14
articular subregions for evaluation of bone marrow legions (BML), cysts, articular
cartilage, osteophytes, Hoffa’s synovitis and synovitis-effusion, meniscus, ligaments,

and periarticular features with respect to the patella (2 subregions), femur (6
subregions), and tibia (6 subregions). Overall, although MRI grading has far greater
specificity and sensitivity, the cost of a MR scanner is incredibly high, in addition to
the scan itself which is a rather lengthy procedure when compared to radiology.

Figure 1-1. Sagittal plane MRI of (A) healthy and (B) osteoarthritic knee joint.

Due to the irreversible deterioration, KOA has been recognized as one of the leading
causes of global disabilities (Cross et al., 2014). A particular study highlights that
KOA has an incidence of 240 per 100 000 person-years (Bijlsma et al., 2011; Oliveria
et al., 1995). Prevalence of KOA in the United states alone has been recorded at
roughly 19-28%, 37% those aged 45, 60 years and older respectively (Dillon et al.,
2006; Felson et al., 1987; Jordan et al., 2007; Lawrence et al., 2008). In the Nordic
region (Figure 1-2), persons aged 75 and older have a prevalence of about 22 % for
women, and for men 17% (Kiadaliri et al., 2018). Furthermore, a recent study
concluded that there is a prevalence of 30% in former athletes (Madaleno et al., 2018).
With the incidence and prevalence of KOA on the rise, partially due to an increased
life expectancy, causes KOA to be one of the largest health care burdens (Egloff et
al., 2012; Turkiewicz et al., 2014). The burden of OA, especially in the knee and the
hip, is not only of a physical nature, it also has psychological, social, and economical
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burdens, and furthermore causes a reduction in life expectancy (A. Chen et al., 2012;
Kiadaliri et al., 2018; Kingsbury et al., 2014; Litwic and Edwards, 2013; Palazzo et
al., 2016).

Prevalence (%) - women Prevalence (%) - men
25 4 25 -
~&— Global T ~&— Global
Nordic region T 1 Nordic region
20 A ; 20-
/.4 AN
15 V4 15 L N
5 by
4 VA
10 10 v
4 )
X
5 /2 5 A
,////: //
oS . : , : 0l - ’ ; p—
30-34 40-44 50-54 60-64 70-74  80- 30-34 40-44 50-54 60-64 70-74  80-
35-39 45-49 55-59 65-69 75-79 35-39 45-49 55-59 65-69 75-79
Age groups Age groups

Figure 1-2. Age- and sex-specific prevalence (%) of osteoarthritis in the Nordic
region and the world, 2015. Figure and caption from Kiadaliri et al (2018) (Kiadaliri
etal., 2018).

Various risk factors have been identified that may speed up the process, and
systematic risk factors for KOA include: age, sex, race/ethnicity, genetics. While
biomechanical risk factors of KOA include: obesity, joint deformity, muscle
weakness, malalignment, and previous injury or trauma (Bijlsma et al., 2011; Martel-
Pelletier et al., 2016; Tunen et al., 2016). The concept of phenotyping has made it
possible to divide patients with KOA of similar observable characteristics into
multiple subgroups (Bierma-Zeinstra and van Middelkoop, 2017; Dell’Isola et al.,
2016; Deveza et al., 2017; Felson, 2010; Isola and Steultjens, 2018; Nelson, 2018),
with each group likely to respond different to individualized intervention (Felson,
2010). Recent studies (Dell’Isola et al., 2016; Deveza et al., 2017) have reviewed the
literature to identify clinical phenotypes such as: chronic pain (psycological profile
such as depression, comorbid symptom profile), inflammatory, metabolic syndrome,
metabolic bone/cartilage, mechanical overload (knee joint alignment, gait
parameters), and minimal joint disease, imaging phenotypes such as: knee
chondrocalcinosis, MRI-detected denuded bone areas, imaging features with clinical
symptoms, and knee joint compartment evidence, and laboratory phenotypes such as:
biochemical marker patterns, inflammatory profile, synovial fluid profile, serum
biochemical markers of bone and cartilage metabolism, and profile of gene expression
in peripheral blood leukocytes. Dell’Isola and Steultjens (2018) went one step further
classifying a large patient group from the Osteoarthritis Initiative (OAI), into the
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predefined phenotypes from Dell’Isola et al (2016), resulting in roughly 84%
classifications of cases with merely 20% overlap (Isola and Steultjens, 2018). Finally,
the phenotypes found by the systematic reviews above were then organized into
aetiological, structural, pain, joint function-related, and disability-related phenotypes
by Bierma-Zeinstra and van Middelkoop (2017) in hopes of simplifying and bringing
light to the KOA phenotypes that may influence how the clinics allocate treaments
(Bierma-Zeinstra and van Middelkoop, 2017). Ultimately, KOA patient classification
may prove to be a useful tool for the future in the attempt to tailor treatements to the
individual patients and patient groups.

1.1.3. COMMON TREATMENT METHODS IN KOA

Spite the significant burden of KOA, there seems a lack in effective treatment methods
at early stages of the disease, which is essential in furthering the prevention and
management of KOA. Most often, KOA treatments begins with some form of
nonpharmacological management, which could be any combination of:
biomechanical interventions (knee sleeve, brace, foot orthoses), exercise (land or
water), strength training, self-management and education, and or weight management,
(McAlindon et al., 2014; Yusuf, 2016). If non-pharmacological treatments cease to
benefit the patients, clinicians then may combine them with pre-existing treatments or
solely prescribe pharmacological interventions such as paracetamol, oral/topical
nonsteroidal anti-inflammatory drugs, and or intra-articular corticosteroid injections
(McAlindon et al., 2014; Yusuf, 2016). As a last resort, surgical treatments for KOA
come into play, including arthroscopy, joint lavage, and partial/total knee arthroplasty
(Glyn-Jones et al., 2015; Yusuf, 2016). However, common invasive treatment options
for example, total knee replacement (TKR) and osteochondral graft transplantation,
are rather costly and often used as a last resort when the non-invasive pharmacological
or pharmacological therapies cease to be viable options (Bruyére et al., 2014;
Murawski and Kennedy, 2013). Knee replacements have both proven to be effective
treatments for end-stage KOA (Carr et al., 2012). Roughly 50% of the patients
diagnosed with KOA in the US will undergo TKR surgery (Weinstein et al., 2013).
Nevertheless, the rate of knee replacement surgeries is on the rise (Chawla et al., 2017;
Pabinger et al., 2013) with increasing human life expectancy and decreasing age at
which patients receive the replacement (Goudie et al., 2017; Losina et al., 2012). The
lifetime risk of revision (LTRR) is significantly higher for patients under 70 years old,
particularly for men in the 50-54 age range (Bayliss et al., 2017). It is known that if a
patient has a TKA earlier on in life, they will have more wear on their implant when
compared to that of an older patient (Fernandez-Fernandez and Rodriguez-Merchan,
2015). Contributing to the need for non-invasive interventions aimed at treating early-
stage KOA which will ultimately delay the onset of late-stage KOA which may
require joint replacement surgery.



INTRODUCTION

KOA most often develops in the medial tibial plateau (Bruns et al., 1994; Eckstein et
al., 2014; Mills et al., 2013), with excessive loading believed to be a major contributor
development of KOA and its progression. Thus many non-surgical interventions have
been proposed to decrease the knee adduction moment (KAM) in hopes of reducing
medial knee compartment loading: lateral wedged insoles (LWI), gait modification
(toe in, toe out wide, medial knees, wide stance, and trunk sway) unloading knee
braces, use of walking poles, and ankle orthoses (Ardestani et al., 2014b; Shull et al.,
2013a; van den Noort et al., 2013). Yet, the success of these treatments has not always
been consistent (Arnold, 2016; Bennell et al., 2011; Hinman et al., 2012; Penny et al.,
2013). Studies have shown a reduction in average peak KAM during both toe toe-in
and toe-out walking (Hunt and Takacs, 2014; Shull et al., 2013a, 2013b). However,
not all patients have responded positively to these treatments, triggering the need for
more tailored treatments based on an individual patient’s biomechanics (Favre et al.,
2016; Gerbrands et al., 2014; Shull et al., 2015). One such study aimed at assigning
patient-specific toe-in and toe-out angles when walking which resulted in greater
reductions in peak KAM when compared to assigning uniform angles to the entire
group (Uhlrich et al., 2018). Another popular treatment option, lateral wedge insoles,
introduces a wedge to the lateral side of the insole trying to shift the load from medial
to the lateral tibial compartment, the outcome which is debatable. Some studies have
resulted in a 5-7% reduction in knee adduction moment (Butler et al., 2007; Hinman
et al., 2012; Kakihana et al., 2005), while a meta-analysis concluded that despite a
statistically significant association between the use of insoles and reduced pain in the
medial KOA, the findings did not support the use of LWIs as a conservative treatment
option (Parkes et al., 2013). The best treament for an individual and or patient group,
has been explored through optimizational methods (Ackermann and van den Bogert,
2010; Anderson and Pandy, 2001) and real-time feedback. Recent gait alteration
studies that utilize biofeedback techniques investigate gait alteration effects in terms
of KAM, and or knee flexion moment (KFM) with software that uses rescaled generic
models (Barrios et al., 2010; Fregly, 2007; Hunt et al., 2008; Liu et al., 2016; Miller
et al., 2015; Ogaya et al., 2014; Richards et al., 2017; Shull et al., 2013a; van den
Noort et al., 2015). However, it has been showed that a reduction in knee adduction
moment (KAM) does not directly relate to decreased loads in medial tibial
compartment (Kirking et al., 2006; Richards et al., 2018; Walter et al., 2010). And
furthermore, it is speculated that solely focusing on KAM may not give the whole
portrayal of medial knee loading (Walter et al., 2010).

However, direct measurements of knee contact forces can only be achieved in an
individually with an instrumented TKA, and at this point the KOA patient would have
already hit late stage osteoarthritis and opted for a knee replacement. Thus, we need
a non-invasive surrogate to estimate knee contact loads, which is where
musculoskeletal modeling comes into play. With musculoskeletal modeling, the
medial contact forces in the knee can be estimated.
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1.2. COMPUTATIONAL MODELING OF THE KNEE JOINT

The knee is composed of four bones (femur, tibia, fibula and patella) which function
as synovial joints (tibiofemoral, patellofemoral, and superior tibiofibular). The bones
of a synovial joint are in contact, but not connected by fibrous structures or cartilage,
and are able to move with respect to each other (Herzog, 2006). The patella is the
body’s largest sesamoid bone, nestled within the femoral trochlear groove. The patella
serves as a bony shield protecting the tibiofemoral joint (Tecklenburg et al., 2006)
while also engaging as a lever arm translating force from the quadriceps muscle across
the tibiofemoral joint. The knee is a non-conforming joint, meaning that along with
the obvious flexion/extension Degree-of-Freedom (DOF), there are small translations
and rotations, which are guided and stabilized by muscles, ligaments, articular
cartilage and menisci (Benoit et al., 2006). Within the knee, the major ligaments are
the posterior cruciate ligament (PCL), anterior cruciate ligament (ACL), medial
collateral ligament (MCL), lateral collateral ligament (LCL), patellar tendon (PT)
medial PF ligament (MPFL), lateral epicondylopatellar ligament (LEPL), lateral
transverse ligament (LTL), popliteofibular ligament (PFL), posteromedial capsule
(pmCAP), the posterior capsule (CAP), and the iliotibial band (ITB), muscles are:
vastus lateralis, vastus medialis, satorious, rectus femoris, biceps femoris,
gastrocnemius, peroneus longus, extensor digitorum longus, tibialis anterior, and fat
pads infrapatellar (Hoffa), posterior suprapatellar, anterior suprapatellar. It is
important to understand that the articular cartilage is not the only structure
degenerating in response to KOA, and attention also needs to also be paid to the
menisci, ligaments, muscles, synovial, and bone structures KOA (Bijlsma et al.,
2011). Stresses, strains, and forces parameters cannot be directly measured in these
structures due to ethical reason and therefore researchers have to rely on estimates of
these loads. Computational models of the knee joint are used to investigate knee joint
kinematics, contact forces, stresses in the soft tissue structures without having to deal
with the ethics of conducting direct measurements using invasive techniques and
furthermore, to make systematic investigations that you may not be able to in the
laboratory. Varying magnetic resonance imaging (MRI) techniques have been
established to best view the unique structures of the knee and lower limb (Balamoody
etal., 2010; Handsfield et al., 2014; Peterfy et al., 2008; Roemer et al., 2014). In order
to clearly distinguish between bone, articular cartilage, and various soft tissue
structures, both fat suppression (Figure 1-3.A) and fat saturated (Figure 1-3.B) scans
are required.
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Figure 1-3. MRI acquisitions of the knee, in coronal plane using (A) 3D spoiled
gradient recalled acquisition in the steady state (SPGR) with fat suppressed where the
articular cartilage (white) can be clearly distinguished from the bone (black) and (B)
proton density (PD) with fat saturated sequences where the menisci and ligaments are
clearly depicted in black, while it is more difficult distinguishing the boarders of the
bone due to the fact cortical bone shows up as black and the trabecular bone in white.

These scans have been used in developing subject-specific musculoskeletal and finite
element (FE) models that require more than just bone geometries and for research who
would like to avoid the CT radiation exposure for their subjects. Musculoskeletal
models can be used to estimate the joint loads, while finite element models estimate
tissue stresses and strains. It is important to note that the results obtained from a
computational model are only as reliable as the input data. The outputs from these
models are known to be sensitive to input parameters, with regards to MS the muscle-
tendon moment arm, tendon slack length, nominal muscle fiber length, maximal
isometric muscle force (Carbone et al., 2012) are some to consider; and regards to
FEA, the model geometry, mesh density, material properties, and loading conditions
(Carey et al., 2014; Erdemir et al., 2012; Pianigiani et al., 2017) are also important to
take into account.

1.2.1. MUSCULOSKELETAL MODELING

A musculoskeletal model is made up of bones, muscles, joints and ligaments (Error! R
eference source not found.). The anatomical segments of the model are linked
together by joints, which are often idealized but also sometimes exchanged for more
advanced forms. The skeletal system gains motion actively from muscles and
passively through ligaments and other soft tissue structures. Musculoskeletal (MS)
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modeling estimates internal loading conditions of anatomical structures related to
specific motion. Although the entire body can be modeled using musculoskeletal
techniques, often in research that focuses on the knee, solely the lower limbs are
included for sake of simplicity. The most commonly use musculoskeletal software
systems include: Software for Interactive Musculoskeletal Modeling (SIMM) (Delp
and Loan, 2000), AnyBody Modeling System (AMS) (Damsgaard et al., 2006), and
OpenSim (Seth et al., 2011). The complexity of the musculoskeletal model is derived
from the nature of the research question. Model complexity can vary in model
dimension (2D vs 3D), how many segments and joints are modeled and to what
subject specificity, DOF of joint movement, and finally how the muscles are modeled
and driven. In 3D musculoskeletal modeling, each body segment is a rigid body with
six DOF (3 translational and 3 rotational) and specific anthropometric properties:
mass, center of mass position, and principle moments of inertia (Robertson et al.,
2014). The muscles that are modeled in a musculoskeletal model act on at least two
rigid body segments, spanning one or more joints. Muscle-tendon models are
connected to bones at origin and insertion points, passing through one or more joint.
The most commonly used muscle model (m) was introduced by Hill et al (1938) and
expanded on by Zajac (1989) stating that a given muscle produces a force (E,)
described by the following formula:

Fp = apFpaxFy (L () F, (Ve (9)) + E, (L) [1-1]

in which both active (contractile element) and passive elements are included and a,
denotes the muscle activity, F,,,, is the muscle’s maximum isometric force, F; (Ls) is
the force length relationship, and F, (V) represents the force-velocity relationship of
the muscle, and F,(L;) is the passive force-length the muscle, and F,(L;) is the
passive force-length relationship describing the elasticity of the muscle-tendon and
connective tissue (Delp et al., 1990; Hoy et al., 1990; Millard et al., 2013; Robertson
et al., 2014; Romero and Alonso, 2016; Zajac, 1989).
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Figure 1-4. Examples of musculoskeletal models with focus on the lower limbs

Depending on the available experimental data and the given research problem, MS
models are simulated using: tracking methods based on forward dynamics (Neptune
et al., 2010; Neptune and Bogert, 1998; Thelen and Anderson, 2006), inverse
dynamics (Crowninshield, 1978; Rasmussen et al., 2001), electromyography-driven
models (Buchanan et al., 2006), or dynamic optimization (Anderson and Pandy,
2001). Forward dynamic, predicting movements through muscle forces, can be
broken up into two categories (1) forward dynamic-assisted data tracking and (2)
optimal control strategy. In the former, simulations of muscle activations are used as
inputs (primarily EMG-driven) and the MS model calculates the movement of the
body (Kia et al., 2014; Piazza, 2006; Sartori et al., 2014; Thelen et al., 2014). While
optimal control strategy, often coined as dynamic optimization, predicts motion with
respect to an optimality criteria (Anderson and Pandy, 2001). The forward dynamic-
based tracking method, computed muscle control (CMC), was first introduced by
Thelen, Anderson, & Delp, (2003). CMC estimates a set of muscle excitation levels
that drive the generalized coordinates of a MS model towards a desired kinematic
trajectory by employing muscle recruitment, feedforward, and feedback controls
(Gerus et al., 2013; Hast and Piazza, 2013; Lloyd and Besier, 2003; Manal and
Buchanan, 2013; Sandholm et al., 2011; Sartori et al., 2014; Thelen et al., 2014).
Inverse dynamics uses kinematics, inertial properties of moving bodies, and external
forces to solve for joint reaction and muscle forces by applying muscle recruitment,
ensuring equilibrium with all the other forces and moments in the model (Fregly,
2007; Hast and Piazza, 2013; Lerner et al., 2015; Manal and Buchanan, 2013). The
reader can find an extensive literary review of forward dynamics optimization and
inverse dynamics methods in Erdemir et al., (2007). It is essential to use the
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appropriate number of DOF in the MS model with respect to the number of segments
modeled to avoid overestimation of muscle forces (Erdemir et al., 2007). However,
the more muscles added to the system, each adding an additional force, the more of a
risk of redundancy (if the number of muscles exceeds the total DOF in the model). To
solve this, in inverse dynamics problems, a general optimization problem (Damsgaard
etal., 2006; Rasmussen et al., 2001) is defined to minimize the objective function (G):

minifmize G(f™W) [1-2.4]
subject to Cf = d, [1-2.b]
N =™ >0, i€{l,..,n™) [1-2.c]

where, £ is a vector of all the muscle forces, C is the coefficient-matrix of all
unknown forces, f contains all unknown forces coming from muscle forces and joint
reaction, d is a vector of all the known applied loads, and the instantaneous muscle
strength is denoted by N;. Finally, the optimization problem is subjected to a non-
negativity constraint, stating that the fact that muscles can only pull and that the
maximal muscle force must remain lower than the instantaneous muscle strength.
Commonly used objective functions are: polynomial, soft saturation, min/max
(Rasmussen et al., 2001), and the subdivided muscle criterion (Marra et al., 2015).
The polynomial criteria allows for researchers to try different polynomial forms:

an\P
minifmize G(fW) = X <f‘—> [1-3]

N;

and the muscle strength, N;, can be taken from maximum strength tests, physiological
cross-sectional area (PCSA), or instantaneous muscle strength values. The soft
saturation criteria:

p, an\P
minifmize G(fW) = — {‘:Ml 1- <flTl> [1-4]

was introduced to avoid overloading muscles during the inverse dynamic simulations
of the musculoskeletal model, which can be achieved by eliminating unnecessary
constraints. The min/max criterion introduces an artificial criterion function B(8) =
B, and following a well-known technique in engineering design optimization, takes
the original formula:

i

G(f™) = max (fiI(VM)) [1-5]
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and reformulates it into:

minimize 1-6.a
limize f [1-6.a]
subject to
£
A< iefl,.,n™} [1-6.b]
Cf=d, [1-6.c]
M >0, i€{1,..,n™) [1-6.d]

This objective function is essentially the polynomial criterion using a very high order
(p). Recently muscle force predictions have improved by updating the objective
function has been enhanced to account for muscle subdividing (Marra et al., 2015;
Richards et al., 2018):

an\ 3
minimize G(fW) = ?:MlVl<fl—) [1-7]

N;

where V; is a normalized factor reflected the subdivided muscle model, typically the
fraction of muscle volume or PCSA.

Most musculoskeletal models have the ability to be scaled and morphed from generic
cadaver geometries. There are various levels of subject-specific scaling and geometric
morphing techniques available between the different MS software packages. For
instance, the Twente Lower Extremity Model 2.0 (TLEM 2.0) was developed in AMS
to use in combination with novel image-based morphing techniques (Carbone et al.,
2015). For a MS model to obtain subject-specific architecture, geometric morphing
techniques are applied to the TLEM 2.0 cadaver-based model to scale the bones,
joints, and muscles attachments relative to the subject. Advancements in these
techniques are explained in greater detail in the literature (Andersen et al., 2010b;
Lund et al., 2015; Marra et al., 2015; Pellikaan et al., 2013; Reinbolt et al., 2005).
Marra et al., (2015) morphed the TLEM 2.0 model to the patients-specific geometry
of a total knee arthroplasty patient based on a pre-operative CT scan ranging from the
hip to the ankle joint. Musculoskeletal models have also been previously scaled
directly based on MRI scans (Allison S Arnold et al., 2000; Allison S. Arnold et al.,
2000; Carbone et al., 2015; Scheys et al., 2008), which however remain a time-
consuming process due to the technically challenging task of segmenting muscles and
identifying their origin and insertions.
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The tibiofemoral and patellofemoral joints in MS models often range from simple (1
or 2 DOF) to very complex (with up to 12 DOF) varying with respect to computational
time required to run and their generic qualities. Despite the complex knee structure,
researchers often idealize the tibiofemoral joint as a revolute/hinge/pin joint with a
fixed position and orientation (Anderson and Pandy, 2001; Fregly, 2007; Klein
Horsman et al., 2007; Marra et al., 2015). In addition, pure kinematic models often
exclude the patellofemoral joint (Moissenet et al., 2017), and when included, its most
often as a hinge joint with an additional rigid patella tendon (Brito da Luz et al., 2017;
Carbone et al., 2015; Habachi et al., 2015; Lund et al., 2015; Marra et al., 2015;
Moissenet et al., 2016, 2014; Sancisi and Parenti-Castelli, 2011; Thelen et al., 2014).
When studying knee biomechanics, a hinge is often too simplified, so researchers have
included coupling constraints based on tibiofemoral flexion to allow for more DOF
(Delp et al., 1990; Donnelly et al., 2012; Feikes et al., 2003; Pontonnier and Dumont,
2010; Tsai and Lung, 2014), additionally: parallel spatial mechanisms (Duprey et al.,
2010, 2009, Moissenet et al., 2014, 2012; Wilson et al., 1998; Xavier Gasparutto et
al., 2015), and sphere-on-plane contact models (Clément et al., 2015; Duprey et al.,
2010, 2009; Habachi et al., 2015). The properties of these models are typically derived
from cadaver studies; however, some have adopted subject-specific characteristics
(Brito da Luz et al., 2017; Clément et al., 2015; Delp et al., 1990; Donnelly et al.,
2012; Marra et al., 2015; Tsai and Lung, 2014). The most complex 11-12 DOF
multibody contact knee joint models (Guess et al., 2014; Hast and Piazza, 2013;
Lenhart et al., 2015; Marra et al., 2017, 2015; Serrancoli et al., 2016; Smith et al.,
2017, 2016; Thelen et al., 2014; Walter et al., 2014) utilize various methods of solving
gross body dynamics and detailed joint dynamics. These models allow for quantifying
contact and ligaments forces; however, they are quite computationally slow so use in
the clinical setting is currently a challenge. Commonly in multibody contact knee
models, two separate contact models are defined between the femoral articular
cartilage (or femoral TKR component) surface and (1) the medial and (2) lateral tibial
articular (or tibial TKR component) surfaces. When the menisci is included, four
additional contact models are defined between the articular cartilages (femoral and
tibial) and the corresponding medial and lateral menisci. Finally, when appropriate,
contact models are established between the various articular cartilages and their
respective bony surfaces. Furthermore, with respect to the patellofemoral joint, the
two contacts are defined between the patella cartilage (or TKR button) and (1) femoral
cartilage (or femoral TKR component) and (2) patella bone. The most common
ligaments that are modeled include the: (PCL), anterior cruciate ligament (ACL),
medial collateral ligament (MCL), lateral collateral ligament (LCL), patellar tendon
(PT) medial PF ligament (MPFL), lateral epicondylopatellar ligament (LEPL), and
lateral transverse ligament (LTL). Some models also include the popliteofibular
ligament (PFL), posteromedial capsule (pmCAP), the posterior capsule (CAP), and
the iliotibial band (ITB). Each ligament is divided into bundles depending on the
geometry with each bundle modeled with as a nonlinear elastic spring running from a
given origin to the respective insertion. Various methods have been established to
enable detailed joint models including (Andersen et al., 2017; Guess et al., 2014;
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Smith et al., 2018; Thelen et al., 2014), but not limited to, Force dependent kinematics
(FDK) (Andersen et al., 2017; Marra et al., 2015), CMC (Thelen et al., 2014), and
concurrent optimization of muscle activations and kinematics (COMAK) (Smith et
al., 2018). Force-dependent kinematics (FDK) solves for the internal forces and
secondary joint kinematics at the same time (Andersen et al., 2017). The concept
expands upon inverse dynamics by using a quasi-static force-equilibrium to compute
the small secondary movements in the joint (Andersen et al., 2017; Marra et al., 2015).
The COMAK algorithm uses ray casting with oriented bounding boxes (OBB), which
allows for quicker collision detection (important for calculating contact pressure
between articular cartilage), to ultimately solve for cartilage contact pressures during
dynamic gait. A prominent advantage of FDK compared to these other methods is that
it does not require any manually tuned nonphysiological controller parameters.

The importance of personalized computational modeling has been highlighted as of
late (Clément et al., 2015; Benjamin J Fregly et al., 2012; Gerus et al., 2013). More
personalized models and methods have also been used although most often on patients
with implanted knees (Ardestani et al., 2014b, 2014a; Fregly et al., 2009) or on healthy
subjects (Caldwell et al., 2013; Halonen et al., 2017; Miller et al., 2015; Miindermann
et al., 2008; Pizzolato et al., 2017; Shull et al., 2011; Uhlrich et al., 2018; van den
Noort et al., 2013; Wheeler et al., 2011; Willson et al., 2001). This leaves a gap in the
knowledge pertaining to personalized musculoskeletal models of earlystage patient
(pre-surgical interventions) that need to be filled. It is known that patients with knee
osteoarthritis have altered biomechanics for a variety of reasons which may or may
not be linked to each other: increased pain, stiffening of the joint, malalignment,
previous injuries, instability, etc. For instance, instability often occurs in the
tibiofemoral joint when there is presence of knee osteoarthritis (Farrokhi et al., 2015,
2014, 2012; Hoshi et al., 2016; Maly et al., 2015; Yue et al., 2011; Zeng et al., 2017),
meniscectomy (Perez-blanca et al., 2016; Sturnieks et al., 2008; Yang et al., 2009),
and ligament injuries (C. H. Chen et al., 2012; DeFrate, 2006; Dennis et al., 2005; Gill
et al., 2009). The laxity that may arise from instability and potential coexisting pain
contributes to loss of function of the knee joint and in turn can be very debilitating
(National Institute for Health and Clinical Excellence, 2014). KOA patients have been
known to adjust their gait in hopes of alleviating pain (Heiden et al., 2009), and
excessive laxity (Gustafson et al., 2015) increasing the need to more subject-specific
modeling. Additionally, it has been shown that patients with tibiofemoral KOA tend
to have greater adduction angles, and furthermore a more medially positioned femur
relative to tibia (Zeighami et al., 2017). With various patients deviating from norm
with respect to biomechanics, and more attention to phenotyping of patients with
KOA, there is a greater need for personalized musculoskeletal models with regards to
anatomy and gait in hopes of capturing the differences kinematics and kinetics in order
to investigate pathologies, such as KOA progression. Dell’Isola et al (2016) and De
et al (2017) have shown the complexity of subgrouping patients with KOA, patients
differ with respect to so many aspects, requiring the need for individualized
interventions. To this end, we need tools capable of assessing how these interventions
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affect the individual's biomechanics, which motivates some of the work performed for
this PhD. It should be noted, although contact forces can be achieved, these
musculoskeletal models are unable to investigate stresses and strains at the soft tissue
level, thus affirming the need for finite element modeling.

1.2.2. FINITE ELEMENT MODELING

Finite element analysis (FEA) is used to predict the performance of a given structure
subjected to loading, and furthermore investigate the stresses and strains of the system
using a numerical technique called the finite element method (FEM). The main
components of FEA include the creating the model geometry, assigning material
properties, and establishing boundary conditions. In 3-dimensional FE models, the
geometry is transformed into a volumetric mesh structure made up of small (‘finite”)
solid elements (Figure 1-5

Figure 1-5. Femoral articular cartilage represented as (left) a solid surface geometry
and (right) a volumetric mesh divided into elements

). When considering 1- or 2-dimensional geometries, these structures are divided into
shell or line elements. Each element is made up of a given number of nodes, which
depend on the shape and dimension of the element (for instance a solid 4-noded
tetrahedral vs 10-noded tetrahedral) and reside at the element’s interconnected
elements. Depending on the chosen element type, particular polynomial base
functions, also called shape functions N, are interpolated with respect to the nodal
DOFs d to solve for displacements f = {u, v, w}.

f= Nd [1-8]

The geometry complexity is often directly proportional to the computational time and
how well the model mimics reality, hence the reason convergence tests are often
performed for geometric mesh refinement prior to final analyses. A convergence test
can be conducted simply by taking a given model and increasing the mesh density
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until a threshold is reached for a given output measure, most often Max. Von. Mises
stress, at this point the model has converged and a more complex mesh would be
meaningless (Cook et al., 2002; Rayfield, 2007; Richmond et al., 2005). Additionally,
these convergence tests can be done by increasing the order of polynomial base
functions during interpolation defining the displacement field of each element (Cook
etal., 2002).

Figure 1-5. Femoral articular cartilage represented as (left) a solid surface geometry
and (right) a volumetric mesh divided into elements

Prior to running FEA, boundary conditions and material properties need to be assigned
to the geometric structure via elements and nodes. Boundary conditions are set up to
mimic the loading conditions interest by the study, for example dynamic knee bending
or a single static axial load along the long axis of the femur, this also includes any
displacement or rotational constraints needed to be applied to the system, and or any
existing contact between tissues (for example, bone, cartilage, and meniscus
interactions). Assigning of material properties poses the greatest challenge, especially
in FE models of human body systems such as the knee joint, and thus not often
modeled realistically due to ethical reasoning. The material model selected for the
model geometry will dictate how the structure changes as a function of time, thus
influencing the order (linear, quadradic, etc.) of differential equation required to be
solved (Cook et al., 2002).

The solution found in FEA gives a prediction how a given structure will behave with

respect to physical loads. Common parameters of interest include stresses, strains,

contact pressure, etc. The definition for average stress (o = %) is the applied force
(F) over the contact area (A). While the average strain, € = (ATI) is defined as the
change of length (Al) over the original length (1). For small stains in linearly elastic
materials, stresses and strains are related linearly o = Ee though the elastic modulus

(E), or Young’s modulus. The relation can be rewritten as:

F =="(al) [1-9]

16



PERSONALIZED MUSCULOSKELETAL MODELING-BONE MORPHING, KNEE JOINT MODELING, AND APPLICATIONS

Consider an overly simplified one-dimensional line element (Figure 1-6) with
compressive and tensile forces acting on nodes 1 and 2 respectively.

F F,
é 1 2 ﬁ
i Uq : Us

— —

'_X.
Figure 1-6. Overly simplified example of a one-dimensional FE model of a single
line element. Forces (F) are applied to nodes (1 and 2) and result in displacements u;

and uz. The element has an area of (A®), length (1¢), and elastic modulus (E®). Modified
from Richard et al 2005.

By manipulating equation 1-2 we achieve:

E€A®
Fy = e (uy —uy) [1-10]
F, = ¥ (uz —uy) [1-11]

Which can be expressed in matrix notation:
f=Kd [1-12]

Where K is the global stiffness matrix of the entire model, f is a vector of all nodal
forces, and d is a vector containing all nodal displacements in the model (Cook et al.,
2002; Richmond et al., 2005). Thus, depending on the stiffness matrix, derived from
the material properties and the geometry of the model, the displacements caused by
forces applied to the model can be calculated. In turn, the strains are derived from
nodal displacements and finally the stresses are calculated using the stress-strain
relationship introduced above. A more rigorous set of mathematical equations are
required to (1) describe material properties that are anisotropic, bi-phasic, etc., and or
(2) solve complex three-dimensional geometries, so researchers most often resort to
commercial software such as, but not limited to: Abaqus, ANSYS, and LS-DYNA.

Finite element analysis of the knee joint has been implemented by researchers to gain
insight on the inner workings of the knee and furthermore; aiding in the development
of orthopedic devices such as hip and knee implants. One of the main reasons FEA
was adopted is because of ethical restrictions and the technical challenges that direct
strain measurements pose when dealing with human subjects. Some of the earliest
FEM studies, estimating stresses and strains found within the femur (Brekelmans et
al., 1972; Rybicki et al., 1972; Viano and Khalil, 1976) in two-dimensions and the
tibia (Hayes et al., 1978) in three-dimensions, date back to the 1970s. Some of the
first three-dimensional knee models complete with soft tissue structures were based
on cadaveric specimens and developed by (Bendjaballah et al., 1995; Blankevoort et
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al., 1991; Li et al., 1999). These models were constructed from either CT/MRI image
segmentation or a stereophotogrammetric method, with linear elastic material
properties assigned to the articular cartilages and one-dimensional spring element
ligaments. Prestrained hyperelastic and transversely isotropic ligaments were
introduced in a full tibiofemoral-patellofemoral knee joint model (Pefia et al., 2006)
and based from a human subject. Linear elastic materials, although, commonly used,
cannot represent time dependent behavior of cartilage, only the short-term response;
which is not accurate due to the biphasic properties of articular cartilage (Mow, 1989).
More complex cartilage models with multiple material constants including: biphasic
linear elastic (Mow et al., 1984, 1980), isotropic poroelastic (Donahue et al., 2002;
Yang et al., 2010), transversely isotropic poroelastic (Cohen et al., 1998; Disilvestro
and Suh, 2001; Suh and Bai, 1998; Vaziri et al., 2008; Wilson et al., 2003), and fibril-
reinforced biphasic/poroelastic/poroviscoelastic models can predict time-dependent
properties (Li and Herzog, 2004; Wilson et al., 2005, 2004). By introducing a fibral
and non-fibral part to the bi-phasic models, this accounts for the lack of anisotrophy
in the cartilage and better represents to mechanical roles the collagen plays. Although
computationally heavy, many researchers have begun adding the fibril-reinforced
biphasic material models to FEA of the knee joint (Gu and Li, 2011; Halonen et al.,
2013; K S Halonen et al., 2016; K.S. Halonen et al., 2016, 2014, Mononen et al., 2015,
2013, 2012; Shirazi, 2009; Shirazi et al., 2008).

1.2.3. MULTISCALE MODELING

Technological advances have utilized MS model outputs: forces moments, rotations,
and translations, as boundary conditions for FEA models. This method allows
researchers to estimate soft tissue stresses and strains during activities beyond simple
compression loading trials, such as activities of daily living such as walking (Adouni
and Shirazi-Adl, 2014). A recent effort at building a multi-scale (MS and FEA) model
attempted to take loads resulting from MS motion trials and input them into a patient-
specific model of a femur (Seo et al., 2014), however the soft tissue structures were
excluded and the MS model was not scaled to patient-specific geometry. Additional
studies that have attempted to combine MS and FEA often exclude patient-specific
muscle and or ligament attachments (Godest et al., 2002; Mononen et al., 2013; Pefia
et al., 2006; Tanska et al., 2015). Moreover, other studies do not use subject-specific
MS output data (Adouni and Shirazi-Adl, 2014; Ardestani et al., 2014b; Guess et al.,
2010; Halonen et al., 2013; Mononen et al., 2013) and/or have been based on
cadaveric data (Adouni and Shirazi-Adl, 2014; Godest et al., 2002; Guess et al., 2010).
In one of the most advanced multi-scale models, complete with subject-specific MS
output data and subject-specific FEM of the knee, the articular cartilage is modelled
as a biphasic fibril-reinforced poroviscoelastic consisting of superficial, middle, and
deep zones (K S Halonen et al., 2016). In this study, the meniscus was modeled as a
transversely isotropic and elastic material. The bone is excluded from the study
assuming infinite stiffness when compared to soft tissues (K S Halonen et al., 2016).
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The boundary conditions consisted of a reference point midway between the medial
and lateral femoral epicondyles which the femur cartilage-bone interface can rotate
around. The nodes on the tibia cartilage-bone interface were assumed to be fixed.
Interactions between surfaces were assigned to femoral-tibia and femoral-patella
cartilage surfaces; in addition to the cartilage-meniscus surfaces eliminating the
possibility of fluid flow through the cartilage surfaces during the gait cycle. Ligament,
tendon, and meniscal attachments were all represented by linear springs of varying
stiffness. The model was run by implementing knee joint moments, translational
forces, corresponding motions (rotations and translations), and quadriceps forces
during stance phase obtained through simulating kinematic and inverse dynamic
simulations of a musculoskeletal model using motion capture data. However, the
musculoskeletal model was not personalized beyond linear scaling with respect to skin
markers. To the best of our knowledge, the estimation of cartilage stresses and strains
using both subject-specific MS and FEA models has not been developed before.

1.2.4. VALIDATION OF COMPUTATIONAL MODELS

The validation of subject-specific models is a significant challenge researchers have
been trying to overcome to allow for broader acceptance and use in the clinical setting
(Kinney and Besier, 2013; Lund et al., 2012). A model is considered validated when
accurate enough to perform the task or research question it has be designed to
accomplish. Since the result obtained from the model will never completely agree
with reality, researchers have to establish acceptable error margins which depends on
the model application and the associated risk if the simulations are incorrect. Most
commonly, to evaluate a model one can compare the estimated results of the model
using direct, indirect, and or trend validation. An extensive review of practices for
verification and validation of MS models can be found in (Hicks et al., 2015; Lund et
al.,, 2012), FEA models (Erdemir et al., 2012; Halonen, 2015), and overall
computational modeling of solids mechanics and fluid dynamics (The American
Society of Mechanical Engineers, 2009, 2006).

In order to perform a direct validation on a model, first the desired properties need to
be identified. In the case of lower limb MS and knee FEA models, common
parameters are typically tibiofemoral and patellofemoral: joint kinematics, contact
forces and or pressures, and articular cartilage stresses and strains. Technology has
been developed in the form of: EOS Imaging (Azmy et al., 2010; Clement et al., 2014),
bi-planar fluoroscopy (Li et al., 2008; Myers et al., 2012), dynamic MRI (Borotikar
et al., 2017; Gilles et al., 2005), and or dynamic radiostereometric analysis (Carey et
al., 2014; Stentz-Olesen et al., 2017), to evaluate in vivo knee joint motion (static,
quasi-static, or dynamic) under varying loading conditions, by recording bi-planar
images and reconstructing the three dimensional bone trajectory by pairing with bone
geometry from MRI, CT, or statistical shape models (Li et al., 2008; Michael J
Rainbow, Ph.D, Daniel L Miranda, Ph.D, Roy T.H. Cheung, Ph.D, Joel B Schwartz,
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Sc.B., Joseph J Crisco, Ph.D., Irene S Davis, Ph.D, P.T. and Fleming, 2013; Miranda
etal., 2010; Van de Velde et al., 2010). These methods can be used to directly validate
the joint kinematics of computation models.

The EOS bi-plane x-ray system (EOS Imaging SA, Paris, France) shown in Figure
1-7 uses a low-dose x-ray to scan the entire body collecting a continuous, distortion-
free image in two orthogonal planes (lllés and Somoskedy, 2012; Wybier and
Bossard, 2013). Researchers have already used this relatively new technology to
evaluate subject-specific musculoskeletal knee joint models, although the motion is
collected in a quasi-static manner (Clément et al., 2015). It has also been used to
produce more reliable inter- and intra-observer assessment of limb length and angle
measurements compared to 2D x-ray results (Guenoun et al., 2012; Viel et al., 2013)
and considered a valid alternative to the reference standard, computed tomography
(CT), for lower-limb torsion measurements while also decreasing patient radiation
exposure (Folinais et al., 2013). Pedersen et al (2018) recently conducted a study
comparing an EOS reconstruction method aligning CT segmented bone geometries to
EOS biplanar scans and comparing this to ‘Gold Standard” bone pin methods and

found a RMSE difference of 0.49° for rotations and 0.88 mm (Pedersen et al., 2018).
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Figure 1-7. EOS Imaging biplanar x-ray System. Examples of quasi-static lunge (0°
and 90° tibiofemoral flexion) with corresponding pairs of lateral and frontal biplanar
X-rays.

Bi-planar fluoroscopy uses x-rays from two planes to recreate the motion of a 3D
object in real-time. The imaging process has been used to investigate the translations
and rotations of the patellofemoral and tibiofemoral joints during dynamic movements
(Li et al., 2008; Myers et al., 2012). It is nearly impossible to obtain accurate
measurements such as tibiofemoral and patellofemoral translations using traditional
motion capture methods (optical-based reflective markers). Due to these limitations,
researchers have started measuring secondary kinematic rotations and translations
using bi-planar fluoroscopy (Kozanek, 2010; Li, 2004; Li et al., 2009, 2008, 2007,
Myers et al., 2012, 2011). Many researchers have utilized the extensive datasets
available through ‘Orthoload’ and ‘Grand Challenge competition to predict in vivo
knee loads’ (Bergmann, 2008; Bergmann et al., 2014; Benjamin J. Fregly et al., 2012;
Kinney and Besier, 2013). Some of the available data includes fluoroscopy imaging
of knee joint mechanics and direct contact force measurements taken from a limited
number of subjects implanted with a telemetric TKA (Heinlein et al., 2007). Various
publications pertaining to the prediction of knee joint mechanics and the techniques
used to perform extensive validations of the proposed MS models have resulted from
these databases (Guess et al., 2014; Hast and Piazza, 2013; Lerner et al., 2015;
Lundberg et al., 2013; Marra et al., 2015; Sandholm et al., 2011; Thelen et al., 2014).
The validation of subject-specific MS models is a significant challenge researchers
have been trying to overcome to allow for broader acceptance and use in the clinical
setting (Kinney and Besier, 2013; Lund et al., 2012). Similarly, The CAMS-Knee data
set has recently been established to provide researchers with combine bi-planar
fluoroscopy and motion capture data of 6 subjects with an instrumented tibial insert
(TKR) performing a variety of daily living activities (Taylor et al., 2017). It should be
stressed that the entirety of these works only applies to joint replacement and that the
results cannot be generalized to the healthy or OA knee. Hence, we need to explore
other options in hopes of validating such models.

Obtaining contact pressures, stresses, and strains measurements of various knee joint
structures is very difficult and restricted to invasive techniques, such as inserting a
pressure sensor between the joint (Anderson et al., 2008) or implanting a strain gage
directly on the bone’s surface (Burr et al., 1996; Hoshaw et al., 1997). Therefore,
researchers are drawn to using non-invasive techniques such as FEA to examine
internal stresses/strains, especially on structures whose material properties cannot be
obtained simply from strain gauge readings. However, the FE model first needs proper
validation to determine if the results are reliable (Erdemir et al., 2012), which is often
with cadaver models (Mootanah et al., 2014). As statement prior, the three most
important parts of FEA are the model geometry, loading conditions, and material

21



INTRODUCTION

properties, with the material properties posing the greatest challenge. Some material
models of cartilage (Julkunen et al., 2007; Wilson et al., 2005, 2004) and knee joint
cartilage strains (K S Halonen et al., 2014) have even been validated against
experimental results.

Direct measurements cannot always be used in human research studies because they
are often invasive and thus require an extensive ethical review process. Thus,
measurements of another variable can be recorded and then compared with the value
predicted for this variable by the model (Herzog, 2006; Lund et al., 2012). If this
comparison is favorable, a leap of faith is then necessary to trust the prediction of the
variable of interest. This is termed indirect validation. For instance, if the model
predicts well the joint kinematics (direct measurement) then potentially it can also
estimate accurately the joint reaction forces, ligament forces, muscle forces, etc as the
joint kinematics is a function of these unknown forces. A common use of indirect
validation in musculoskeletal modeling is judging how well the model can predict
joint compressive forces though a comparison of EMG measurements and the muscle
forces output by the musculoskeletal model (de Zee et al., 2007; Gaspar et al., 2017;
Hug, 2011).

Additionally, trend validation can be conducted to investigate whether the output of
the computational model increases or decreases correctly as a function of a systematic
change in the model inputs (Herzog, 2006; Lund et al., 2012; Zee et al., 2010). One
purpose of a model is to describe the general behavior of the system of interest. An
acceptable agreement is one that consists of similar trends. This validation technique
depends on how well the trends that are predicted agree with the trends that are
measured. It is important to note that trend validation can be executed using direct and
indirect measurements. If a model shows a trend, similar changes in model and
experimental inputs will produce similar changes in outputs, thus leading to high
confidence in a model’s prediction. If the goal behind a personalized knee model is to
design optimal patient-specific interventions, it is important that the model responds
accurately to the specific interventions. For example, one particular study investigates
whether the EMG activations and the MS model predicted muscle activations follow
the same trend when analyzing a meat cutting task at an increasing table height
(Pontonnier et al., 2011). Another example looks at various chair positions and
examines whether the shear forces present between the chair and the human body
follow the same trend when (1) collected in an experimental setup and (2) predicted
by a musculoskeletal model (Olesen et al., 2014).

1.3. LIMITATIONS

The simplified generic and personalized knee joint models are computationally
efficient but often do not capture the complex joint mechanics that are needed to
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govern secondary joint movements. However, it has been shown that these simple
subject-specific tibiofemoral models display secondary joint kinematics better than
their generic counter parts (Clément et al., 2015). Granted, sometimes adding more
subject-specific properties to knee models may prove to be a more time-consuming
process due to required tuning to avoid singularities with respect to parallel
mechanisms and/or coupling constraints (Brito da Luz et al., 2017) and/or full range
of motion data (Tsai and Lung, 2014). While at the other end of the modeling
spectrum, complex joint mechanics such as contact and ligament forces can be
captured by the detailed 11-12 DOF joint models. However, the computational
efficiency of this level of modeling if often too slow to be used for clinical
applications.

A common limitation for the existing studies attempting to combine MS and FEA is
that either they are based on cadaveric data, exclude important soft tissue structures,
the MS output is not personalized for the given subject/patient, and finally the
ligament and muscle insertions are not based on the individual’s bony geometry. In
order for MS to be useful in a clinical setting, the models need to reflect a patient’s
musculoskeletal architecture and properties as accurately as possible. To the best of
my knowledge, a multi-scale model combining the use of subject-specific MS
modeling and FEM of the subject’s knee joint reflecting bones, meniscus, ligaments,
and tendons has yet to be created. This research advances current state-of-the-art
techniques by allowing scientists to simultaneously estimate net joint loads (resulting
from knee joint kinematics, external loads and ligament/muscle forces) and the
stresses/strains present in the soft tissue of the knee.

The first step in expanding this proposed multiscale workflow to a patient cohort is to
capture the net joint loads more accurately using patient-specific models. The goal of
personalized models being utilized in the clinical setting will call for better model
calibration with respect to patient data (Benjamin J Fregly et al., 2012). Currently,
clinical gait analysis software uses generic stick-figure models only capable of
obtaining KAM measurements, and if researchers attempt musculoskeletal modeling
to investigate optimal treatment methods through means of knee contact forces, they
rarely stray from simple linear scaling. This should raise the question on whether
differences exist between linearly scaled models and patient-specific models with
regards to the evaluation of knee contact forces and consequently the identification of
patient-specific interventions for KOA.

1.4. AIMS AND OUTLINE OF DISSERATION

The main aims of this PhD project are to (1) develop and validate a novel joint model
which captures the subject-specific kinematics and bone geometry while also being
computationally efficient. (2) To establish a subject-specific multi-scale model that
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ultimately allows clinicians to investigate how varying biomechanics and orthosis
interventions will affect the internal loads of the body and influence the
stresses/strains on anatomical features of the knee. (3) Determine if treatment
outcomes, based on individual patients and a patient group as a whole are influenced
by different musculoskeletal modelling scaling techniques. The results from these
objectives are presented in the following chapters:

Chapter 2 presents the development and validation of subject-specific moving-axis
tibiofemoral joint models using MRI and EOS imaging during a quasi-static lunge.
The main aims of this study are to create a subject-specific tibiofemoral joint model
that is computationally efficient and can display anatomically correct secondary joint
kinematics. The model utilizes a moving-axis concept that is based upon a linear
relationship between two tibiofemoral flexion positions. Validation of this approach
is done by measuring the secondary joint kinematics from a quasi-static lunge
obtained using biplanar EOS Imaging, segmented 2D EOS contours and 3D MRI bone
geometries, and custom written MATLAB registration software.

Subsequently, in Chapter 3, the work established in Chapter 2 is expanded to the
patellofemoral joint by applying a moving-axis concept, which utilizes a linear
relationship between two known patellar positions (consequently when the
tibiofemoral joint is flexed and extended). Subject-specific patellofemoral joint
kinematics are then extracted from combinations of tibiofemoral (hinge, moving-axis,
interpolated) and patellofemoral (hinge and moving-axis) joint models and evaluated
against experimental in vivo kinematics from a series of biplanar EOS images. Overall
a computationally efficient patellofemoral model was established that captures
subject-specific patellar motion.

In Chapter 4, a workflow to assess the effect of gait modifications and lateral wedge
insoles on the stresses and strains in the medial tibial cartilage is presented through
combining musculoskeletal modeling and finite element analysis. The main aim was
to simultaneously estimate net joint loads from a musculoskeletal model and stresses
in soft tissues of the knee during normal and modified gait through finite element
analyses. Full lower limb and detailed MRI images were needed to establish the bone
and ligament architecture of the musculoskeletal model and the soft tissue structures
of the finite element model. Output forces from various gait alterations (hormal shod
walking, 5° and 10° lateral wedge insole walking, toe-in, and toe-out wide walking)
were obtained through musculoskeletal model simulations and used as boundary
conditions for the finite element knee model to achieve tibial articular cartilage
stresses and strains. Overall, this study established a workflow allowing researchers
to assess the effect of low-cost clinical interventions on a subject-specific basis. This
paper provides the necessary groundwork to develop patient-specific models and
furthermore, better optimize treatments based on an individual patient rather than
cohort.
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Chapter 5 partially applies the workflow established in Chapter 4 to a small patient
cohort. This study compared generic vs patient-specific musculoskeletal model-
scaling techniques for identification of personalized gait alteration for individuals
diagnosed with medial compartment knee osteoarthritis. The main objectives of the
study were to first analyze the effect gait alterations such as lateral wedge insoles or
gait modifications have on medial contact forces through use of patient-specific
musculoskeletal models. Secondly, the research aimed to identify which of the various
alterations result in the greatest reduction in peak medial compressive force and or
impulse with respect to the patients individually and as a group. Last, this study
investigated whether the same conclusions would have been reached by using a simple
linear scaling technique as opposed to an advanced MRI morphing method.

The final Chapter (6) provides a general overview of key results and a discussion
regarding the outcomes of this PhD dissertation. It lays out recommendations for
future research in the subject-specific multiscale modeling field. Chapters 2-5 are
scientific journal publications that have been (1) granted permissions by the journal
to reprint in this dissertation document or (2) submitted to a journal and awaiting
publication.
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De_velo_%ment and validation of a subject-ﬁ/ﬁ)ecific moving-
axis tibiofemoral joint model using MRI and EQOS
imaging during a quasi-static lunge

Dzialo, C.M., Pedersen, P.H., Simonsen, C.W., Krogh, K., de Zee, M., Andersen,
M.S. Journal of Biomechanics (2018), Volume 72, Pages 71-80.
https://doi.org/10.1016/j.jbiomech.2018.02.032

Reprinted with permission from Elsevier

27



PAPER |

ABSTRACT

The aims of this study were to introduce and validate a novel computationally-
efficient subject-specific tibiofemoral joint model. Each subject performed a quasi-
static lunge while micro-dose radiation bi-planar x-rays (EOS Imaging, Paris, France)
were captured at roughly 0, 20, 45, 60, and 90 degrees of tibiofemoral flexion. Joint
translations and rotations were extracted from this experimental data through 2D-to-
3D bone reconstructions, using an iterative closest point optimization technique, and
employed during model calibration and validation. Subject-specific moving-axis and
hinge models for comparisons were constructed in the AnyBody Modeling System
(AMS) from Magnetic Resonance Imaging (MRI)-extracted anatomical surfaces and
compared against the experimental data. The tibiofemoral axis of the hinge model was
defined between the epicondyles while the moving-axis model was defined based on
two tibiofemoral flexion angles at about 0 and 90 degrees and the articulation modeled
such that the tibiofemoral joint axis moved linearly between these two positions as a
function of the tibiofemoral flexion. Outside this range, the joint axis was assumed to
remain stationary. Overall, the secondary joint kinematics were better approximated
by the moving-axis tibiofemoral model with an average mean difference and standard
error of (translations: 2.84 + 0.31 mm, rotations: 1.25 + 0.43°) and higher coefficients
of determination (R?) for each clinical measure. While the hinge model achieved an
average mean difference and standard error of (3.87 = 0.39 mm, 7.39 + 0.87°). Unlike
the hinge model, no significant differences were found between the moving-axis
model and the experimentally observed tibiofemoral joint rotations.
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2.1 INTRODUCTION

Musculoskeletal (MS) models are utilized by the scientific community to gain insight
on how external forces and movements influence the human body internally, allowing
for quantification of muscle, ligament, and joint contact forces without using invasive
methods. Studies have shown that subjects with knee osteoarthritis (KOA) in the
tibiofemoral joint tend to have greater adduction angles, and a more medially
positioned femur relative to tibia (Zeighami et al., 2017). Researchers require MS
tibiofemoral joint models that capture kinematics properly if the end goal is to
investigate pathologies, such as KOA progression, through use of models.
Emphasizing the importance of proper model validation.

Existing MS tibiofemoral joint models range from simple to complex depending on
their generic qualities and computational time. On one end of the spectrum,
researchers often idealize the tibiofemoral joint as a hinge joint with a fixed position
and orientation (Anderson and Pandy, 2001; Fregly, 2007; Klein Horsman et al., 2007;
Marra et al., 2015). More detailed models include coupling constraints allowing for
additional degrees of freedom (DOF) based on tibiofemoral flexion (Delp et al., 1990;
Donnelly et al., 2012; Feikes et al., 2003; Pontonnier and Dumont, 2010; Tsai and
Lung, 2014), parallel spatial mechanisms (Duprey et al., 2010, 2009, Moissenet et al.,
2014, 2012; Wilson et al., 1998; Xavier Gasparutto et al., 2015), and sphere-on-plane
contact models (Clément et al., 2015; Duprey et al., 2010, 2009; Habachi et al., 2015).
These models are often based off cadaveric geometries and properties, though some
models have been given subject-specific properties. These simplified generic and
subject-specific models allow for computational convenience; however, they do not
capture the complex joint mechanics that govern the secondary joint movements. At
the other end of the spectrum exists computationally complex, 11-12 DOF multibody
contact tibiofemoral models (Guess et al., 2014; Hast and Piazza, 2013; Marra et al.,
2017, 2015; Smith et al., 2016; Thelen et al., 2014) utilizing varying methods of
solving gross body dynamics and the detailed joint dynamics.

The existing computationally efficient subject-specific tibiofemoral models capture
secondary joint kinematics better than their generic counter parts (Clément et al.,
2015). However, these models require intensive tuning to avoid singularities and/or
require full range of motion data which is time consuming to collect. Our aim is to
develop a subject-specific tibiofemoral model that avoids these issues, is
computationally efficient, and can display anatomically correct secondary joint
kinematics. This paper presents a novel subject-specific tibiofemoral model utilizing
a moving-axis based on a linear relationship between two tibiofemoral flexion
positions. To validate this approach, we compare the estimates against measured
secondary joint kinematics during a quasi-static lunge obtained from EOS™ Imaging
biplanar x-rays.

2.2 METHODS
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Ten male subjects (age 33 + 10 years, body mass 79 + 11 kg, height 1.82 + 0.07 m,
body mass index (BMI) 23.81 + 2.66 kg/m?) participated in this study. Subjects were
categorized as healthy, without pre-existing knee injuries. The following procedures
were approved by the Scientific Ethical Committee for the Region of Nordjylland and
informed consent was obtained prior to data collection.

1.1 Magnetic Resonance Imaging

Each subject underwent magnetic resonance imaging (MRI) from pelvis to the feet.
The 1.5T OptimaTM MR450w - 70cm (General Electric Healthcare, Chicago, Illinois,
USA) scanner was utilized running a TIW-LAVA-XV-IDEAL, coronal plane scan.
To create the lower limb series, each subject was scanned in 3 overlapping sections,
moving the table further into the bore, and then stitching the water-only scans together
using GE software (Figure 2-1.A).
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Figure 2-1. A method of combining MR and EOS Imaging technology: A,
Development of 3D knee geometry using a stack of coronal MR images; B, and
acquisition of quasi-static lunge (lower image) using two orthogonally positioned low
dose x-rays (top image). C, Bi-planar EOS images were taken at roughly 0°, 20°, 45°,
60°, and 90° tibiofemoral flexion. D, Bone positions were determined by combining
the 3D knee model with the bi-planar contours and applying optimization methods.
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1.2 Bi-planar X-ray images

The EOS™ bi-plane x-ray system, shown in the top of Figure 2-1.B, uses a low-dose
biplanar slot-scanning technology, which allows for partial- or full-body imaging
collecting a continuous, distortion-free image in two orthogonal planes (Illés and
Somoskedy, 2012; Wybier and Bossard, 2013). Researchers have used this new
technology to investigate tibiofemoral contact during a quasi-static squat in healthy
and KOA patients (Zeighami et al., 2017). We used this system to obtain in-vivo data
for model development and validation. Five pairs of orthogonal x-rays images were
taken, focusing on the tibiofemoral joint, as the subject performed a quasi-static lunge
holding tibiofemoral flexion at roughly 0, 20, 45, 60, and 90 degrees (Figure 1.B
bottom). Due to the structural limitations of the EOS scanner, the anterior posterior
(AP) and lateral (LAT) images were taken at approximately 45-degree to the x-ray
tubes (Figure 2-1.C).

1.3 Segmentation and Registration

The right femur, tibia, and talus bones were manually segmented from the lower limb
MRI (Figure 2-1.A) using Mimics Research 19.0 (Materialise, Belgium). Post-
processing was done in Meshmixer (Autodesk, United States of America) and using
the contour editing toolbox in Mimics. Stereolithography (STL) surfaces were
exported of each bone to obtain subject-specific anatomical landmarks, contact
surfaces, and joint centers. In addition, femur and tibia contours were segmented from
all biplane x-ray images (Figure 2-1.C).

To reconstruct femur and tibia positions and orientations for each biplanar x-ray,
custom MATLAB (The Mathworks Inc., Natick, MA, USA) code manually
transformed the 3D MRI-based bone geometry until its projected contours roughly
overlay the bi-plane segmented contours. Hereafter, an iterative closest point
optimization method minimized the least-square difference between the bi-planar
contours and the 3D geometry generated contour. Subsequently, the positions and
orientations were read into AnyBody Modeling System (AMS v 6.1, Aalborg
Denmark) to compute the clinical translations and rotations based on ISB standards
(Grood and Suntay, 1983). The femur and tibia STL surfaces obtained from the 0 and
90 EOS reconstructions (Error! Reference source not found..D) were used in s
ubject-specific moving-axis tibiofemoral joint development.

1.4 Tibiofemoral coordinate systems kinematic measurement

Identical anatomical coordinate systems (Figure 2-2) were created for the EOS
reconstructions and models following ISB standards (Grood and Suntay, 1983; Wu
and Cavanagh, 1995). Anatomical landmarks were defined by averaging clusters of
triangles on the STL surfaces at the medial and lateral: femoral epicondyles, tibia
edges, and intercondylar tibial eminences. The hip joint center was defined by fitting
a sphere to the femoral head surface. The ankle (talocrural) joint axis was defined as
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a vector joining the centers of two spheres fit to the medial and lateral halves of the
talus trochlea, with origin midway between these centers (Parra et al., 2012). The
displacements were calculated at the femur origin relative to tibia. The rotations
between femur and tibia were measured in the sequence of flexion/extension,
abduction/adduction and internal/external rotation going from the femoral to the tibial
coordinate system.

Figure 2-2. Right leg anatomical axes definitions. Femur: Z-axis (longitudinal axis)
was defined from hip joint center to midpoint between medial and lateral epicondyles.
X-axis (medial-lateral axis) was defined to be orthogonal to the Z-axis axis and
pointing towards the medial epicondyle. Y-axis was orthogonal to both the Z and X
axes and pointing anteriorly. Tibia: Z-axis was defined from the talocrural joint center
(Parra et al. 2012) to the midpoint between the medial tibia edge and lateral tibia edge.
X-axis (medial-lateral axis) was defined to be orthogonal to the Z-axis and pointing
towards the medial tibia edge. Y-axis was orthogonal to both the Z and X axes and
pointing anteriorly.

1.5 Tibiofemoral Model Development

Tibiofemoral models were developed in AMS using the femur and tibia STLs
segmented from the lower limb MRI (Figure 2-3 3.A left image) as rigid body
segments. To establish the moving-axis model, transformation matrices were obtained
from the EOS 0° and 90° reconstructions (Figure 2-3.A right images) to the MRI bone
positions for the femur and tibia (Figure 2-3.B). This was done by using the 3D linear
transformation function in AMS, which utilizes a rigid-body least-squares approach
based on two sets of landmarks. The tibiofemoral contact areas on the medial and
lateral femoral condyles were selected in 3-Matic 11.0 (Materialise, Belgium) for both
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the EOS 0° and EOS 90° bone positions (Figure 2-3.C). A least-square cylindrical
fitting function in MATLAB was used to determine the medial and lateral extension
(EFC) and flexion facet centers (FFC) (Ilwaki et al., 2000), shown in Figure 2-3.D.
These were found by fitting a cylinder, yielding a longitudinal axis and radius, to each
of the four contact surfaces. The respective condyle center was defined as the average
point along the cylinder axis. The EFC points and the medial FFC point were
transformed to the femur and tibia segments unaffected; whereas the lateral FFC point
was separated by a distance equivalent to that between the EFC points, while
remaining on the FFC axis. These points were used to define a tibiofemoral model
with an axis passing through the EFC points when the flexion angle corresponds to
the EOS 0° reconstruction and through the FFC points when the flexion angle
corresponds with the EOS 90°reconstruction. In between, the tibiofemoral axis is
assumed to move linearly from the EFC to the FFC points as a function of tibiofemoral
flexion. When the tibiofemoral flexion is below the EOS 0° or above the EOS 90°
angles, the tibiofemoral axis is assumed to remain fixed through the EFC and FFC
points, respectively. To model this, two additional rigid segments were introduced,
so-called invisible femur and invisible tibia, which were used to move the tibiofemoral
flexion axis relative to the femur and tibia according to the relationship above.

A B

EFC l EFC &)
002
4 oo v
04 R
e F v

EOS 0

Femur 1/
Registration /‘

MRI EOS 90 ¢ J

Figure 2-3. Overview of extension (EFC) and flexion facet centers (FFC) axes
definition: A, Lower limb MRI segmentation and resulting bone positions from EOS
0 and 90 reconstructions to obtain respective transformation matrices. B, Femur and
Tibia Registrations of the EOS 0 and 90 STLs on to MRI STLs. C, Tibiofemoral
contact surface selection on EOS 0 and EOS 90 Femur STLs. D, Cylinder fits on
medial and lateral femoral condyle surface selections with resulting EFCs and FFCs.
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To describe this mathematically, a full Cartesian formulation was applied, in which
the position and orientation of each body relative to the global coordinates system was

used as the unknowns and collectively denoted, q (see Figure 2-4). The position
. T . . .
vector of each body is denoted ;) I == [(i) X oY Z] and the orientation is

. T
described by four Euler parameters ;) p == [(i)e0 h&  He (i)e3] , where

the left sub-script denotes the ith segment, i.e. i = {T,F,IT,IF} with T for tibia, F

for femur, IT for invisible tibia and IF for invisible femur. To formulate the equations,

the rotation matrix of each body is required and denoted
mA:[(i)aX (i)ay (i)aZJ,where iy Ay (i)ayand @ a, are the first, second

and third columns, respectively.
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Global CS

v

Figure 2-4. Schematic of position vectors and rotation matrices of the femur, tibia,
invisible femur, and invisible tibia rigid body segments with respect to the global
coordinate system. The black coordinate system refers to the global, yellow: femur,
red: invisible femur, green: tibia, and blue: invisible tibia. Solid colored arrows
represent position vector and rotation matrices between global coordinate systems and
respective rigid body segment coordinate systems. Solid black lines represent position
vectors of EFC points in femoral/tibial coordinate systems while dotted lines depict
position vectors of FFC points in femoral/tibia coordinate systems.
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Although the rotation matrix is a function of Euler parameters, the function argument
is omitted to keep the equations concise. For each segment, coordinates systems are
defined and the required points for the tibiofemoral model are transformed into these
coordinate systems. For the invisible tibia and invisible femur, medial and lateral
points were defined along the x-axis separated by a distance equivalent to that between
the EFC points. The orientation of the y- and z-axis are irrelevant for axis movement,
but defined such that the z-axis of each invisible segment was orthogonal to the x-axis
(pointing towards the hip center and away from the ankle joint center respectively),

and the y-axis orthogonal to the x- and z- axis. The points on all the segments are
systematically named (i)S'j where j is denoting the point name, e.g. (T)S',_FFC is the

position vector of the lateral FFC point in the tibial coordinate system. With this, the
holonomic constraint equations to describe the tibiofemoral model can be expressed
as:

(F)f MP ™ (IF) r_(IF)A(IF)SMP
@ Fwe =m T=am Am Swe
((,F)A ((F) e —am I (IF)A(IF) LP))yZ

T

>

(IT) m LP (IT)r (Im) (IT) LP

(IF) ex

yz

am) 0,
®(q) = wr—mr =0 [2-1]
® & ma,
(IF) a m 4,
oP mP-1
(IF) pT (IF) p _1
mP mP-1
am pT mP -1

where
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0
m rMEFC QTF < eEOS
0 90
(F)fMP =\ m Merc (1_ V)+(T) MieecV HEOS < eTF B eEos [2-2]
90
m rMFFC 0EOS < eTF
and
0
V= O _ Ocos [2-3]
- 00 0° 0% _g°
Eos ~— YEOs EOs ~ YEOS
efie o fue and o f . aredefined in the same manner using instead the lateral

points of femur, and the medial and lateral points of tibia respectively. 8, is the

tibiofemoral flexion angle measured between the femur and tibia anatomical

coordinate systems; g2 . and @23, are the tibiofemoral flexion angles
corresponding to the EOS 0° and EQS 90° scans. am O and () Oy @are Euler angles

around the x-axis of the invisible femur and invisible tibia relative to the femur and
tibia anatomical frames respectively, measured with a rotation sequence of x-y-z. The
top two equations in Equation [2-1] constrain the medial point of the invisible
segments to a position in between the EFC and FFC depending on the tibiofemoral
flexion. Similarly, the third and fourth equations constrain the y and z coordinates of
the lateral point of each invisible segment to a position between the EFC and FFC.
The fifth and sixth equation ensure zero rotation about the x-axis relative to the
anatomical frames for the invisible segments. Equations seven to nine enforce a
revolute joint between the invisible segments by constraining their origins to be at the
same position in the global coordinate system and ensuring that only relative rotation
around the x-axis is allowed. The last four equations ensure the Euler parameters have
unity length.

Equation (2-1) provides 21 constraint equations, however the total system has 28
coordinates, i.e. seven for each rigid body. Therefore, seven equations are still
required to perform a kinematically determinate analysis. These are specified as:
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M r
(M QX
o (a.t)= (M ‘9y =0 (4)

(M 92
| O —at-b|

where o, and @, are the Euler angles of tibia relative to the global

M HX (M m

coordinate system measured in the sequence x-y-z. These equations enforce tibia to

align with the global coordinate system and control the tibiofemoral flexion angle,

65, to flex with a constant velocity, a, and with a flexion angle of b at time { = 0.b
was specified as the tibiofemoral flexion angle during the EOS 0° and, as the knee
kinematics is independent of flexion velocity, a was set to 110°s?. The constraint
equations in [2-1] and [2-4] were simultaneously solved in the AMS using a Newton-
Raphson-based nonlinear equation solver with time intervals set to ensure that knee
flexion angles both before and after the EOS 0° and EOS 90° were included.

In addition, a subject-specific hinge model was created for each subject to investigate
how well the moving-axis model performs against a commonly used tibiofemoral joint
in the musculoskeletal community. The hinge joint was defined by a line passing
through the medial and lateral femoral epicondyles (Churchill et al., 1998) and driven
from 0 to 110 degrees flexion.

1.6 Model Evaluation and Statistics

Tibiofemoral kinematics were extracted from EOS scans at five conditions of varying
tibiofemoral flexion. Model predicted results were extracted at these five
corresponding conditions per subject (n = 10). Since the 0 and 90 EOS reconstructions
were used for the moving-axis model calibrations, these did not provide any model
prediction capabilities and were excluded when evaluating the moving-axis model.
The model (hinge and moving-axis) predictions were then evaluated against EOS
experimental measurements and each other, in terms of mean difference and
coefficient of determination (R2). Fifteen one-way repeated measures ANOVAs (5
clinical measures at 3 lunge conditions) were performed with post-hoc tests using
Bonferroni adjustments (o = 0.01) for multiple comparisons. The data was tested for
normality using a Shapiro-Wilk tests and adjusted for small sample size (n = 10) using
the Greenhouse-Geisser estimates of sphericity (Maxwell et al., 2013).
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2.3 RESULTS

The tibiofemoral secondary joint kinematics of each subject (n = 10) were extracted
from the EOS reconstructions (circles), hinge (left column), and moving-axis (right
column) models, shown in Figure 2-5. More subject deviation existed in the rotational
measures compared to translational. The experimental abduction and internal
rotations increased as the tibiofemoral joint flexes from 0 to 90 degrees; the moving-
axis models agreed, while the hinge models opposed with this trend. Due to the nature
of a hinge joint, the compression/distraction (CD) remained constant during the entire
flexion/extension (FE) cycle which is not consistent with the in vivo experimental
(EOS) results. Most EOS subject data decreased in CD as the tibiofemoral joint is
flexed from 0 to 90 degrees, similarly to how the moving-axis model responded. The
EOS data showed clear anterior/posterior (AP) displacement amongst subjects, which
is captured by the moving-axis model but not by the hinge model.

The mean kinematic parameters (n = 10) for each quasi-static lunge position were
calculated for experimental EOS data (Table 2-1), moving-axis model output (Table
2-2) and hinge model output (Table 2-3). In addition, minimum, maximum, and range
of motion values (mean + standard deviation) were extracted. Overall, the moving-
axis model better captured the in vivo ROM data which was often underestimated by
the hinge model.

Mean differences (MD) and standard error (SE) between models and experimental
data were recorded (Table 2-4) and R? values are presented (Table 2-5) to compare
model predictive capabilities. Almost exclusively, the moving-axis model has lower
mean differences and higher R? values when compared to the hinge model. However,
at low angles of flexion (20 and 45 degrees) the moving-axis ML translations are
significantly different (MD + SE: -2.43 + 0.35 mm and -2.31 £ 0.44 mm) than the
experimental data (p-value < 0.01). In addition, moving-axis and hinge models
significantly underestimated experimental AP translations (average MD + SE: 6.50 +
0.82mm and 10.11 + 0.88mm respectively) for all lunge angles. The hinge model
varied significantly from the experimental data in abduction/adduction (AA) and
internal/external (IE) rotations (average MD #* SE: -3.17 + 0.86° and 11.60 + 1.51°).
While no significant differences were found between the moving-axis model and
experimental data with respect to rotational measures (see Supplementary Table for
p-values and confidence intervals).
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standard deviation) at quasi-static lunge angles. Averaged kinematic means with and
86.59 + 8.54°,

Table 2-1. Experimental EOS data: Tibiofemoral secondary joint kinematics (mean +
without moving-axis calibration angles (0 and 90). Range of motion (ROM),
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Table 2-2. Moving-axis model output: Tibiofemoral secondary joint kinematics

(mean = standard deviation) at quasi-static lunge angles. Averaged kinematic means
with and without moving-axis calibration angles (0 and 90). Range of motion (ROM),

minimum, and maximum values (mean * SD) during knee flexion of 3.48 + 5.62° to

86.59 + 8.54°.
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Table 2-3. Hinge model output: Tibiofemoral secondary joint kinematics (mean

* standard deviation) at quasi-static lunge angles. Averaged kinematic means with
and without moving-axis calibration angles (0 and 90). Range of motion (ROM),
minimum, and maximum values (mean * SD) during knee flexion of 3.48 +5.62°

to 86.59 + 8.54°. Hinge knee model has fixed CD of 34.72 + 3.54 mm.
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Table 2-4. Mean differences + standard error between experimental data (EOS)

and moving-axis model, EOS and hinge model, and moving-axis and hinge models

for quasi-static lunge conditions. Average (x SD) are calculated for each clinical
measure. “tenotes that the clinical measure was statistically significantly different
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for the given lunge condition.
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Table 2-5. Model predictive capabilities: Coefficient of determination (R2) and
adjusted R2 values calculated from model (hinge and moving-axis) and experimental
data (EOS) for quasi-static 20-60 lunge angles combined.

Translations (mm) Rotations (%)

Model i AP oD AA  IE

R? MA 0.31 0.71 0.91 0.79 0.67
Hinge 0.26 0.21 0.70 0.08 0.27

Adj. R? MA 0.29 0.70 0.90 0.78 0.65

Hinge 0.23 0.18 0.68 0.05 0.25

When comparing the models themselves, significant differences more often arise in
the rotational measures than translations. The AP translation significantly differs in
the hinge joint model (MD * SE: 7.40 + 1.59°) compared to the moving-axis model
in deeper tibiofemoral flexion (60° lunge). While the AA and IE rotations significantly
differ in the hinge model (average MD + SE: -3.76 + 0.82° and 9.70 + 1.10°) when
compared to the moving-axis model for all lunge conditions except AA rotation at 20°
tibiofemoral flexion.
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Figure 2-5. Secondary joint kinematic data for hinge and moving-axis models (lines)
compared to experimental EOS data (circles) for each subject (n = 10). Clinical
translations (ML: medial/lateral displacement, AP: anterior/posterior displacement,
and CD: compression/distraction) are measured from femur origin relative to tibia.
Rotations are measured in the order FE: flexion/extension, AA: abduction/adduction
and IE: internal/external rotation from the femoral to the tibial coordinate system.

2.4 DISCUSSION

In this study, we introduced a novel moving-axis tibiofemoral model and validated it
against experimental EOS data. Our results showed that the moving-axis tibiofemoral
model better represents the in vivo secondary kinematics during a quasi-static lunge
as compared to a hinge model. The in vivo EOS data we recorded agrees with healthy
tibiofemoral kinematics found in the literature (Al Hares et al., 2015; Dennis et al.,
2005; Hamai et al., 2013; Komistek and Dennis, 2003; Qi et al., 2013; Yue et al.,
2011; Zeighami et al., 2017), and furthermore the resulting secondary joint kinematics
from the moving-axis model better captures these literature trends. The moving-axis
model seems to overestimate the tibiofemoral joint medial-lateral displacement, but
by about 2 mm. While the hinge model underestimates joint dislocation due to its 1
DOF nature.

In another EOS study (Zeighami et al., 2017), subjects performed a quasi-static lunge
from 0 to 70° flexion. The secondary joint kinematics of healthy subjects consisted of
a 1.7 £ 2.5 mm femur medial displacement until 15° flexion, afterwards the femur
moved laterally 2.3 £ 1.4 mm. Researchers found an AP of 9.6 + 4. 8 mm, IE of 11.8
+ 5.5° and AA of 2.4 + 2.8° which agrees nicely with our findings. A bi-planar
fluoroscopy study (Yue et al., 2011) found that healthy subjects exhibited AP of 18.1
+ 2.5 mm, for flexion up until 105°, with a consistent medially positioned femur
relative to tibia. The study also documented IE of 10.8 + 4.6° and AA of 3 + 2°, also
corresponding well with our findings. While a similar biplanar fluoroscopy study of a
single legged lunge showed AP:11.5 + 4 mm, ML: 2.5 + 2.5 mm, AA: 2.75 + 1.5°,
and IE: 6 = 6° movement from full extension to 90 tibiofemoral flexion (Qi et al.,
2013). In single plane fluoroscopy studies recording tibiofemoral flexion from 0-90
to 0-140, researchers have found an AP ranging from roughly 10 + 5 mm to 21.07 +
9.30 mm (Dennis et al., 2005; Komistek and Dennis, 2003; Moro-oka et al., 2008) and
an IE ranging from 16.8 + 9.5° to 23.9 + 6° (Dennis et al., 2005; Komistek and Dennis,
2003; Moro-oka et al., 2008; Tanifuji et al., 2011).

Why does the research community need another simple subject-specific tibiofemoral
model? It has been shown, when using multibody optimization (Lu and O’Connor,
1999) secondary joint kinematics can be improved by employing more advanced
(compared to hinge) and subject-specific tibiofemoral models (Clément et al., 2015).
The moving-axis tibiofemoral model is simply calibrated from two poses, which
avoids having to obtain full range of motion data which is required in models using
coupling constraints. In addition, no additional tuning is required to run the moving-

46



PERSONALIZED MUSCULOSKELETAL MODELING-BONE MORPHING, KNEE JOINT MODELING, AND APPLICATIONS

axis model, which is often needed to avoid singularities in parallel mechanism or
sphere-on-plane models (Brito da Luz et al., 2017; Habachi et al., 2015). The moving-
axis tibiofemoral model has its limitations. Specifically, the kinematics will remain
the same independent of external load, which for some applications may play a role.
Complex multibody contact models (Guess et al., 2014; Marra et al., 2017, 2015;
Smith et al., 2017; Thelen et al., 2014) have been established to avoid these
limitations, however these models are much more computationally expensive and
have therefore been applied on small cohorts.

Although large improvements were achieved by modeling the TF joint on a moving-
axis, creating a linear relationship between EFC and FFC axes may not be capturing
the entire trend. The moving-axis model presented in this study is calibrated off two
poses (0-degree and 90-degree). Conceivably, an infinite number of poses could be
used to calibrate this model; however, this will increase the radiation the subject is
exposed to and eliminate the EOS means of validation. Additionally, we did not use
a positioning jig to keep quasi-static flexion angles consistent amongst subjects.
Although the original goal of this study was to obtain two extreme angles to drive the
moving-axis model and three intermediate angles to show how well the model
performs; it would have been beneficial to ensure lunge consistency to more
effectively compare secondary joint kinematics between subjects. Furthermore, the
images were captured quasi-statically for one movement type so the results cannot be
generalized to other activities.

In conclusion, we have developed a new approach in constructing the tibiofemoral
joint in musculoskeletal modeling. This method allows for a computational fast model
with subject-specific geometries and kinematics. The results indicate that a piecewise
linear model constructed from two active tibiofemoral positions, acquired from EOS
imaging technology, can accurately represent secondary kinematics. Furthermore, the
moving-axis joint can better predict the experimentally observed rotations
tibiofemoral joint rotations when compared to the commonly used subject-specific
hinge model.

2.5 SUPPLEMENTARY MATERIALS

SUPPLEMENTARY TABLE. Post hoc pairwise comparisons for 15 one-way
repeated measures ANOVAs (five clinical measures at three lunge angle conditions)
with Bonferroni adjustments due to multiple comparisons (o = 0.01). Results include:
mean differences (model 1-J), standard error, p-value, and confidence intervals.

Mean Confidence
- Lunge Angle 0] ) . Std. p- Interval
Clinical Measure 9 model model DUTErENCE  £r ok value  Lower Upper
(1-J)
Bound  Bound
Medial-Lateral EOS MA -2.425 0.352 0.000 -3.817 -1.034
edia’-Latera 20 EOS Hinge  -1201 0354 0024 -2.600 0.199

Displ
Isplacement (mm) MA  Hinge 1225 0369 0027 -0.236  2.686
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EOS MA 2311 0438 0002 -4.044 -0578

45 EOS Hinge  -0.991 0610 0416 -3.404 1421

MA  Hinge 1320 0497 0079 -0.647 3.286

EOS MA 1206 0429 0061 -2.900  0.489

60 EOS Hinge  -0.324 0472 1000 -2190 1541

MA Hinge 0881 0570 0470 -1.373 3.136

EOS MA 6189 0729 0000 3308 9.071

20 EOS  Hinge 6.57 0508 0000 4560 8580

MA  Hinge 0381 0831 1000 -2906 3.668

_ , EOS MA 7792 1016 0000 3.775 11.809

Anterior-Posterior 45 EOS Hinge  10.817  1.085 0000 6525 15.108
Displacement (mm) .

MA  Hinge 3025 1127 0075 -1.433 7.482

EOS MA 553 0855 0000 2148 8912

60 EOS Hinge 1293 1362 0000 7545 18.314

MA  Hinge 7.4 1588 0004 1122 13,677

EOS MA 0085 0317 0038 -0.268 2.238

20 EOS Hinge 0903 0604 0507 -1.485 3292

MA  Hinge  -008L 0625 1000 -2552 2.389

, , EOS MA 0105 0259 1000 -1.130  0.920

D?:Fﬁzgé’r;g:;e(rrm) 45 EOS Hinge 0778 0672 0831 -1879 3434

MA  Hinge 0883 0843 0967 -2450 4.216

EOS MA 0738 0203 0016 -1539  0.064

60 EOS Hinge 0293 0678 1000 -2.389 2.975

MA Hinge 1031 0777 0652 -2041 4.103

EOS MA 0750 0396 0273 -0.817 2317

20 EOS Hinge  -1.664 0841 0238 -4991 1663

MA  Hinge  -2414 0719 0025 -5256 0.428

_ _ EOS MA 0656 0475 0601 -1222 2.534

Abd“;gg:i'gd?gc“o” 45 EOS Hinge 3455 0925 0014 7112 0201

MA  Hinge  -4111 0870 0003 -7.550 -0.673

EOS MA 0349 0406 1000 -1.256 1.954

60 EOS  Hinge 44 0968 0004 -8.227 -0.573

MA  Hinge  -4749 0934 0002 -8.441 -1.056

EOS MA 1939 0879 0164 -1536 5415

20 EOS Hinge 9916 1403 0000 4368 15463

MA  Hinge 7976 1137 0000 3480 12.472

EOS MA 1945 1097 0330 -2.392 6.283

'”t;g'laa't}grftfgna' 45 EOS Hinge  11.841 1590 0000 5554 18.129

MA  Hinge 9896 1086 0000 5603 14.189

EOS MA 1801 0971 0290 -2.038 5.639

60 EOS Hinge  13.029 2154 0001 4511 21546

MA  Hinge 11228 1576 0000 4998 17.458
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CHAPTER 3. PAPER |1

Evaluation of predicted patellofemoral joint kinematics
with a moving-axis joint model

Dzialo, C.M., Pedersen, P.H., Krogh, K., de Zee, M., Andersen, M.S.

Submitted to Medical Engineering and Physics
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CHAPTER 4. PAPER I

Workflow assessing the effect of gait alterations on
stresses in the medial tibial cartilage — combined
musculoskeletal modelling and finite element analysis

K. S. Halonen, C. M. Dzialo, M. Mannisi, M. S. Venéldinen, M. de Zee & M. S.
Andersen.  Scientific Reports 7, Article number: 17396 (2017).
https://doi.org/10.1038/s41598-017-17228-x

Reprinted with permission from Scientific Reports
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SCIENTIFIC REPg}RTS

Workflow assessing the effect of
_gait alterations on stresses in the

medial tibial cartilage - combined
“musculoskeletal modelling and
finite element analysis

K.S. Halonen?, C. M. Dzialo?, M. Mannisi®, M. S. Venildinen®, M. de Zee* & M. S. Andersen?

Knee osteoarthritis (KOA) is most common in the medial tibial compartment. We present a novel
method to study the effect of gait modifications and lateral wedge insoles (LWIs) on the stresses in the

: medial tibial cartilage by combining musculoskeletal (MS) modelling with finite element (FE) analysis.

| Subject's gait was recorded in a gait laboratory, walking normally, with 5° and 10° LWIs, toes inward

. (‘Toein’), and toes outward (‘Toe out wide’). A full lower extremity MRI and a detailed knee MRI were

: taken. Bones and most soft tissues were segmented from images, and the generic bone architecture of

. the MS model was morphed into the segmented bones. The output forces from the MS model were then

: used as aninput in the FE model of the subject’s knee. During stance, LWIs failed to reduce medial peak

. pressures apart from Insole 10° during the second peak. Toe in reduced peak pressures by —11% during

i the first peak but increased them by 12% during the second. Toe out wide reduced peak pressures by

: —15% during the first and increased them by 7% during the second. The results show that the work flow

: can assess the effect of interventions on anindividual level. In the future, this method can be applied to
patients with KOA.

¢ With an incidence of 240 per 100 000 person-years', knee osteoarthritis (KOA) is one of the largest burdens to
¢ healthcare. It is estimated that over half of adults in the US diagnosed with KOA undergo total knee replacement
: surgery”. Invasive treatment options such as osteochondral graft transplantation and total knee arthroplasty are
: costly procedures that are resorted to when non-invasive options such as non-pharmacological or pharmacologi-
¢ cal therapy have already been exhausted™. Currently, repairing the degenerated articular cartilage is not deemed
: possible, which is why alternative ways to preserve the cartilage are sought.

Knee osteoarthritis (KOA) has been shown to develop most often in the medial tibial plateau® . As excessive
loading is believed to be a major contributor to the development and progression of KOA, several methods to
reduce loading in the medial tibial plateau have been proposed. Gait modifications, such as toe in, toe out wide,
medial knees, wide stance, and trunk sway are non-invasive techniques aimed to reduce the adduction moment in
the knee, resulting in decreased medial tibial plateau loads™'". However, studies have showed that a reduction in

¢ knee adduction moment (KAM) does not directly reduce stresses in medial tibial compartment'''?, Walter et al."
¢ speculate that the focus of KAM might not give a complete picture of medial knee loading. Lateral wedge insoles
¢ (LWIs) introduce a wedge in the hopes of shifting the weight from medial tibial compartment to the lateral
. side. The effect of lateral wedge insoles is debatable. Some studies showed a 5-7% reduction in knee adduction
: moment'*~'*, while a meta-analysis concluded that despite a statistically significant association between the use of

i 1pepartment of Health Science and Technology, Aalborg University, Fredrik Bajers Vej 7D, DK-9220, Aalborg,

¢ Denmark. ’Department of Mechanical and Manufacturing Engineering, Aalborg University, Fibigerstraede 16, DK-

9220, Aalborg, Denmark. *School of Health and Life Science, Glasgow Caledonian University, Cowcaddens Rd, G4

: OBA, Glasgow, United Kingdom. “Department of Applied Physics, University of Eastern Finland, POB 1627, FI-70211,

¢ Kuopio, Finland. M. Mannisi, M. S. Venalainen and M. de Zee contributed equally to this work. Correspondence and
requests for materials should be addressed to K.S.H. (email: ksh@hst.aau.dk)
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Figure 1. Study workflow.

insoles and reduced pain in medial KOA, the findings did not support the use of LWIs as a conservative treatment
option'®.

Direct measurement of stresses in the subject’s knee is not ethically viable, therefore computational modelling,
such as musculoskeletal (MS), finite element (FE) or discrete element (DE)'” modelling are needed. MS models are
used to investigate how the human body internally reacts to external forces and movements by providing methods
to quantify forces in muscles, ligaments, and joint contact while avoiding invasive procedures. KOA patients tend
to adjust their gait to alleviate pain and, in turn, alter their lower limb kinematics, kinetics, and muscle activities'®.
Since KOA patients deviate from the generalized MS model, there is a great need for individualization with regard
to gait and patient’s anatomy. The Twente Lower Extremity Model 2.0 (TLEM 2.0) was implemented in the MS
software package the AnyBody Modeling System (AMS) to use in combination with novel image-based morphing
techniques'. In order for a MS model to obtain subject-specific architecture, geometric morphing techniques are
applied to the TLEM 2.0 cadaver-based model to scale the bones, joints, and muscle attachments relative to the
subject. Advancements in these techniques are explained in greater detail in the literature®*-*!. MS models have
shown their potential at studying gait modification techniques to find the best modification for the individual®-**.

While MS models can estimate cartilage pressure patterns, they do not provide detailed information about
the inner stresses, changes in fluid pressures, or fibril strains of cartilage. For that purpose, finite element analysis
(FEA) is needed. In FEA, tissues are divided into small (‘finite’), discrete elements that are then assigned specific
material properties, respective to the tissues they describe. Material models of the cartilage have been developed
and validated against experimental results in laboratory conditions**~*. By implementing the forces, moments,
rotations and/or translations provided by MS models as boundary conditions, FEA enables the non-invasive esti-
mation of stresses and strains present in the cartilage during daily activities, such as gait™.

A multiscale model combining the use of subject-specific MS modelling and FEA of the subject’s knee joint,
reflecting bones, menisci, ligaments, and tendons has yet to be created. Studies that have combined MS and
FEA have either excluded patient-specific muscle attachments®”*’, are done with cadavers only*’, have not used
subject-specific MS output data”**"7, or have excluded soft tissue structures®’.

The present study presents a method that allows scientists to simultaneously estimate net joint loads (result-
ing from subject-specific knee joint kinematics, external loads and ligament/muscle forces) and stresses in soft
tissues of the knee during normal and modified gait. We postulated that promising techniques, such as the toe-in
modification, would reduce forces in the medial compartment of the knee and furthermore reduce stresses in the
medial tibial cartilage.

Methods
Workflow of the study is presented in Fig. 1.
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Experimental data.  All experiments were approved by the West of Scotland Research Ethics Service ethical
committee of the NHS-Greater Glasgow and Clyde. The study was carried out in accordance with the relevant
guidelines and regulations, and an informed consent was obtained from the subject. Impressions of the subject’s
(27 year-old female, 172 cm, m = 61.2kg) feet were obtained using Podotech Foot Impression Boxes (A. Algeo
Ltd, Liverpool, United Kingdom). The impressions were scanned using Sense 3D Scanner (3D Systems, Rock Hill,
SC, US) and transferred to Rhinoceros 3D V5 software (Robert McNeel & Associate, Barcelona, Spain) which was
used for designing two sets of LWIs with 5° and 10° inclines. The orthotics were fabricated using an Airwolf 3D
HDX 3D printing system (Airwolf 3D printers, Costa Mesa, USA), utilizing a soft polylactide thermoplastic to
achieve necessary flexibility for LW1.

Various gait modifications were recorded at the Human Performance Lab of Glasgow Caledonian University
(GCU, Glasgow, UK) using Qualisys Oqus (Qualisys Motion Capture System, Gothenburg, Sweden) camera sys-
tem. 54 reflective skin markers were applied to the subject’s lower limbs at key anatomical landmarks to track
lower limb motion. In addition, six markers were placed on the pelvis region and six on the torso and head to
track upper body motion. A static trial of the subject standing on the force platform (Kistler 9286BA, Kistler
Group, Winterhur, Switzerland) was also recorded. The subject walked with self-selected speed having their right
foot come in contact with the force plate for each trial. Five trials were completed for each of the following gait
styles: Normal walking (‘Normal gait’), toes turned slightly inward (*Toe in’), toes slightly outward and a widened
stance (‘Toe out wide’), walking with 5° lateral wedge insole (‘Insole 5°°), and with 10° wedge (‘Insole 10°’). The
subject wore neutral walking shoes during all trials. The force data were synchronized with the motion capture
trajectories and exported as a C3D files to be utilized by AMS.

The subject’s right knee was imaged on a 1.5 T General Electric Discovery MRI scanner using a quad knee
coil. A modified Osteoarthritis Initiative (OAI) protocol*’ based on GE scanner recommendations* was applied
(SAG FSPGR 3D FS and COR SPGR 3D acquisitions, slice thickness = 1 mm) to clearly distinguish between
bone, articular cartilage, menisci, and ligament attachment regions. This acquisition series was labeled Detailed
Knee. Subsequently, the subject’s lower extremities were imaged in three parts using a 3T Siemens Prisma MRI
(COR T1W-Vibe-Dixon, slice thickness = 1.4 mm) and Peripheral Angio 36 coil. During the scans, the feet were
positioned in 0 degrees dorsiflexion. Prior to the scan, non-magnetic markers were applied to the subject’s pelvis
and lower limbs at key anatomical landmarks coinciding with the motion capture marker locations. These three
acquisitions were then stitched together by the radiologist using custom Siemens software and exported as Digital
Imaging and Communications in Medicine (DICOM) files. This series of images was labeled Lower Limbs.

Musculoskeletal model.  The subject-specific MS model was created in the AnyBody Modeling System
(AMS v 6.1 beta, AnyBody Technology, Aalborg, Denmark) using the generic human body model, excluding
arms, within the AnyBody Managed Model Repository (AMMR) version 1.6. The lower extremities were updated
to incorporate the TLEM 2.0 dataset.

Various anatomical structures (bone, articular cartilage, menisci, and ligaments) were required for both MS
and FE models. Segmentation of these 3D geometrical surfaces from two stacks (Detailed Knee and Lower Limbs)
of MRI images was completed in Mimics Research 18.0 (Materialise, Leuven, Belgium) and exported as stereoli-
thography files (STLs). The femur, tibia, and patella were segmented from both image series (bilaterally for Lower
Limbs). While in the Detailed Knee, the menisci, articular cartilage, and ligament origin and insertions were addi-
tionally segmented. In the Lower Limbs series, the non-magnetic markers, pelvis, fibula, talus, and foot bones on
both limbs were segmented. Using functions in Mimics’ Align toolbox, the STLs from the Lower Limb series were
registered onto the Detailed Knee scan to obtain a common coordinate system (MRI CS).

The hip joint was modelled as a spherical joint and the joint center estimated by fitting a sphere to the articular
surface. The talocrural and subtalar joints were modelled as revolute joints and defined by fitting spheres to the
articulating surfaces from the Lower Limb STLs*. Two types of joint models were implemented for the tibiofem-
oral (TF) and patellofemoral (PF) joints:

1. Hinge joints for both the TF and PF with one degree of freedom each (DOF)*.
2. Force-dependent kinematics (FDK) model with 11 DOF (6 in the TF joint and 5 DOF in the PF joint)*.

In both models the patella tendon was assumed rigid and its length estimated from the Detailed Knee MRI. For
the hinge joint, the TF joint was defined with an origin at the midpoint between the centers of two circles fitted in
the sagittal plane of the medial and lateral condylar articular surfaces”. A similar process was employed for the
PF joint, selecting contact areas from the trochlear articular surface.

The FDK model was defined similarly to* with an elastic foundation contact model (with a pressure modulus
0f9.3 GNm?) between the articular cartilages of the femur and tibia for the TF joint and the femur and patella
for the PF model, respectively. The ligaments were modelled as nonlinear elastic elements with slack, toe and lin-
ear elastic regions. The toe region was set to 3% similar to* and the pre-strains and ligament stiffness were defined
to be identical to the FEA model (see the section about ligaments below).

Due to its lower computational cost, the hinge knee model was used for two analysis: selecting the most rep-
resentative gait trials out of a total of 30 trials (Please see supplementary figure A), and investigation of the effect
of weakened knee flexion and extensor muscle strength on the predicted knee reaction forces. The evaluation of
gait alterations was conducted with the FDK model.

Geometric morphing and scaling. In order to morph the femur, tibia, patella, and talus of each leg and
the pelvis, we ensured the subject-specific bones had the same number of vertices as the TLEM bones (source
bones). This was accomplished by registering a duplicated source bone to the SS bone’s coordinate system, which
is defined based on the moment of inertia. The shape of vertices of the registered source bone were then morphed
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using an advanced morphing function developed by Materialise to best represent the geometry of the SS bone™.
This morphed bone was then labelled as the target bone for use in AMS to scale muscle attachment sites'”. For
each bone, a modified interpolation scheme, outlined in Marra et al.**, was followed: First, an affine transforma-
tion was performed to roughly scale and register the source bone vertices to the respective target bone vertices, sec-
ondly, a tri-harmonic radial basis function (RBF) interpolation based upon the vertices of the affine-transformed
source bone and target bone was performed, and third, a reverse rigid-body transformation based upon the points
of the affine-transformed and RBF scaled points and the unscaled (pre affine transformation) source bone to bring
the morphed bone back from the MRI CS to the AMS CS. The remaining 25 bones of each TLEM 2.0 foot were
morphed as one rigid body using an affine transformation based on 36 anatomical landmarks capturing the shape
and size of the subject-specific foot (For details, see Supplementary figure B).

To determine the location of the cluster markers relative to the morphed TLEM 2.0 model, the standing refer-
ence trial was used. A nonlinear least-square optimization problem was defined to compute the pose of the model
segments based on the non-magnetic MRI markers and the corresponding markers in the motion capture data®’.
Subsequently, the local coordinates of the cluster markers were computed in the TLEM 2.0 bone coordinate sys-
tems and saved for later use.

Muscle modelling. The muscles were modelled with a Hill-type muscle model based on the TLEM data
set and scaled using a length-mass-fat scaling law*®. The muscle recruitment problem we solved was a 3rd order
polynomial cost function (G) with the muscle volume, v;, as the normalization factor and subject to the dynamic
equilibrium equations and an inequality constraint ensuring that muscles can only pull and not push. Except
the addition of the muscle volume normalization factor, the muscle recruitment was formulated as described by
Damsgaard™®.

3

" 40 f(u)
minifmize GE™M) = Ev N
subject to Cf = d
ORHM @=L n™ (1)

where f* is a vector consisting of n* unknown muscle forces, C is the coeflicient matrix for the dynamic equi-
librium equations, f is made up of all unknown forces in the problem, which depends on whether the knee is
modelled as a hinge or with FDK (see the section below). £ (M) denotes the i th muscle force, and N; N, is the mus-
cle strength of the i th muscle.d = [d, T...d,]Td=[d,T.. d] Tncontains the external loads and inertia forces:

5 mI 0
dj:gj =t » ];j_

(2)

g(”"”) contain the forces and moments applied around the center of mass of the j th segment in body-fixed coordi-

nates m;J'j, v, andw; " are the mass, mass moment of inertia in body-fixed coordinates, and the linear and angular
velocity of the'j jth segmem The tilde indicates the skew-symmetric matrix.

Within the TLEM 2.0 data set, muscles are sub-divided to account for wide origin/insertion areas. Without
a normalization factor, this sub-division affects the estimated muscle and joint reaction forces as shown by
Holmberg and Klarbring. Therefore, a normalization factor based on muscle volume was introduced as similarly
done in previous studies*™*',

Marker kinematics, inverse dynamics, Force-dependent Kinematics and output for FE model.
The subject-specific model was run using an inverse kinematic technique’, tracking the motion capture marker
trajectories for each of gait trials. In this process, the TF and PF joints were modelled as hinges. The resulting
translation and rotation of pelvis and the joint angles, angular velocities, angular accelerations and the measured
ground reaction forces and moments (GRF & Ms) were then used as input for the inverse dynamic analysis or
FDK simulations similar to Marra et al.** depending on whether the hinge or FDK knee model was applied.

In these two cases, the vector of unknown forces, f, and correspondm§ coefficient matrix, C, in equation (1)
were set up differently. When a hinge knee was applied, f = [f*"7 £OT]T, where f® are the unknown joint
reaction forces. The coefficient matrix C = [C*) C®] is made up of the coefficient matrix for the muscles, C*™,
and for the reaction forces C'®). These coefficient matrices can be determined by the derivative of the origin to
insertion length and the joint constraint equations with respect to a set of coordinates that correspond to the
linear and angular velocity of the segments as shown by Damsgaard et al.*.

When performing FDK analysis, specific DOFs of the model are identified, where the movement is computed
for each time step based on an assumption of quasi-static force equilibrium (see Andersen.. and Marra et al.**). In
the FDK knee model, these are all the DOFs of the knee except TF and PF flexion. All other joint angles and the
TF flexion angle obtained from the inverse kinematic analysis and the PF flexion is controlled by an assumption
of arigid patellar tendon. To accomplish this type of analysis, an iterative algorithm is applied to determine the
position and orientation at each time step of these FDK DOFs such that static equilibrium along these is obtained.
To this end, residual forces along these FDK DOFs are introduced among the unknown forces, £ = [f*T fRT D)
)" and with coefficient matrix C = [C* C® C¥PM] and the numerical solver searches for the positions of the
FDK DOFs until the residual forces are below a specified tolerance of 0.3N (Nm) similarly to Marra et al.**. For
full details of FDK analysis, we refer the reader to Andersen et al.””.
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Figure 2. Musculoskeletal model outputs for femur (top: Hinge knee model, bottom: FDK knee model), used
as the input for the finite element model of subject’s knee joint. Note: patellar inputs omitted for clarity.

To transfer the TF extension-flexion knee movement and estimated forces and moments affecting on the
patella and femur of the MS model to the FEA model, identical reference frames were defined in both models
based on the MRI scans. For the right femur, tibia and patella, a coordinate system was defined with the x-axis
pointing from the lateral to the medial epicondyle, the y-axis orthogonal to the x-axis and pointing towards the
hip joint center and the z-axis the cross product of the two. The origin was located midway between the epicon-
dyles. This coordinate system was transformed to the morphed TLEM2.0 right femur, tibia, and patella bones
and moved rigidly with the respective bone. These we denote the FEA coordinate systems. The origins of the FEA
coordinate systems of femur and patella, we denote the femoral reference point and the patellar reference point,
respectively.

The extension-flexion angle was measured as the first angle (abduction-adduction and internal-external rota-
tion were second and third respectively) in a Cardan angle representation from the femur to the tibia. A free body
diagram was set up for the right femur which sums up all forces and moments from the muscle forces, hip joint
reaction forces, gravity, and inertia forces but with the reaction forces of the tibiofemoral joint and the patellofem-
oral joint omitted. The equivalent force and moment of these were computed around the femoral reference point
but represented in the basis of the tibia FEA coordinate system as this is used as the global reference frame in the
FEA model as shall be clear later. A similar procedure was applied to compute the equivalent force and moment
for patella, where the reaction forces of the patellofemoral joint and the reaction forces in the rigid patellar tendon
were excluded. These forces and moments were computed around the femoral reference point and given in the
basis of the tibia FEA coordinate system.

The MS model provided five inputs for the FE model (Fig. 2) of each walking technique (Normal gait, Toe
in, Toe out wide, Medial knees, Insole 5°, and Insole 10°), so 30 in total. Out of each technique, three trials with a
stance phase time most comparable with normal walking (for this subject, approximately 0.65 s) were selected (i.e.
total of 18). This was done because slowing the walking pace reduces the impact loads on cartilage, and would,
therefore, possibly show artificially decreased stresses in the cartilage. For the same reason, all trials of the medial
knees technique had to be excluded due to a 35% longer stance phase compared with normal walking, leaving a
total of 15. For the remaining techniques, each with three trials, the trial with the most average trend was selected
as the final input for the FE model, resulting in a total of 5 inputs. Please see Supplementary figure B for a plot of
internal-external and adduction-abduction moments for all trials.

Finite element model. The soft tissues were segmented from the Detailed Knee MRI acquisition, exported
as STL files and then transformed into solid geometry form using a custom Matlab R2015b script (Mathworks
Inc., Natick, MA, United States). The solid geometries were imported into Abaqus (v. 6.13-3, Dassault Systémes
Simulia, Vélizy-Villacoublay, France). Tibial cartilage was kept at the MRI position, while all other tissue geome-
tries were moved respective to tibia, from their MRI positions into the position at the beginning of stance phase.
The cartilages and menisci were meshed using 8-node porous elements (element type = C3D8P). The total num-
ber of elements for femoral, tibial and patellar cartilages was 7245, 7830 and 3075, respectively. For the lateral and
medial meniscus, the number of elements was 8160 and 5250, respectively.
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E,,(MPa)

0.215*

[05"

0.505*
Yy 0.15* 0.15% 0.36%
E, (MPa) 0.92% 1.88% 28%
E.(MPa) 150 5973 =
k0 (x10""m"/Ns)) 6" 1.9% 1.25%
M 5.09% .64° 15.93" 5.09"
1) (MPas) 1062* 1062* 1062* -
"y 0.8-0.15," 0.8-0.152" 0.8-0.15," 0.72%
D 12.16% 12.16% 12.16" 12.16*

Table 1. Material parameters implemented for cartilages and menisci. E,, = Non-fibrillar matrix modulus,

v,, = Poisson’s ratio, E, = initial fibril network modulus, E. = strain-dependent fibril network modulus,

k, = initial permeability, M = exponential term for the strain-dependent permeability, 7 = damper coefficient,
n;= fluid fraction as a function of the cartilage depth (2), D = ratio of primary collagen fibrils to secondary

fibrils.

Material model. A fibril-reinforced poroviscoelastic (FRPVE) material model*-**, was used for all cartilages
and menisci, while bones were defined rigid. In the FRPVE material model, the cartilage is considered a biphasic
material consisting of a fluid phase and a solid matrix. The solid matrix consists of a fibrillar part, mimicking the
collagen fibril network of articular cartilage, and a Neo-Hookean poro-hyperelastic part, mimicking the proteo-
glycans, chondrocytes and smaller constituents. The total stress p” is given as

p=p" 40 T 3)
where p/is the fibrillar stress, p" non-fibrillar stress, p fluid pressure and I unity tensor. Further, the fibrillar stress
p/is defined as a sum of stresses in each individual collagen fibril:

N Y
of =T

i=1 (4)

where p/ is the stress of one fibril and N the total number of fibrils. The viscoelastic behaviour of collagen fibrils
is modelled using a linear spring (spring coefficient E,) in parallel with a set of a non-linear spring (spring coeffi-
cient E.) in series with a damper (damping coefficient 7). The collagen fibrils consist of primary and secondary
fibrils, with their relative density denoted by D. Primary fibrils are oriented parallel to the cartilage surface in the
superficial zone, randomly oriented in the middle zone and perpendicular to the surface in the deep zone. In
addition, the macro-pattern of primary collagen fibrils in the superficial zone follows the split-line pattern of
cartilages™-*°. The secondary fibrils are randomly oriented. Similarly to the cartilages, the menisci were also mod-
elled as biphasic material using the FRPVE material model. However, in the menisci, the primary collagen fibrils
are oriented circumferentially. The full list of material parameters in cartilages and menisci are given in Table 1.
For more detailed description of the implementation of the material model, please see these previous
studies™’.,

Ligaments. The ligaments were defined as linear spring elements (SPRINGA). The ligament stiffnesses,
defined as spring coefficients, were obtained from Marra et al.*: anterior cruciate ligament (ACL) 306 Nmm~!,
posterior cruciate ligament (PCL) 406 Nmm ', lateral collateral ligament (LCL) 99 Nmm ', medial collateral
ligament (MCL) 168 Nmm !, lateral patellofemoral ligament (LPFL) 68 Nmm~*, and medial patellofemoral lig-
ament (MPFL) 49 Nmm ', Pre-strains for ACL, PCL, MCL, LCL, MPFL, and LPFL, were defined as 3%, 3%, 2%,
3%, 5% and 5%, respectively, by modelling tests from radiographic knee laxity studies®*'. The patellar tendon was
also defined as a linear spring element with a spring coefficient of 545 Nmm ™' without prestrain®’. No quadriceps
tendon was defined as an explicit structure as the forces and moments that were obtained from the MS model
account for the forces in the quadriceps.

Contact definitions and boundary conditions. In the FE model, the tibial cartilage was fixed at the
cartilage-bone interface. During simulations, all forces, moments and extension-flexion rotation were applied
to femur and patella with respect to the tibia FEA coordinate system. Surface-to-surface contact was used for all
contacting surfaces, the master surface being a surface and the slave surface a node surface. Patellar cartilage
was defined as a master to femoral cartilage, femoral cartilage master to tibial cartilage and menisci, and tibial
cartilage master to the menisci. Bottom elements of the menisci were subdivided into smaller elements and tied
to the upper meniscal elements using a constraint in order to improve convergence in the tibia-meniscus contact.

In the simulations, first the cartilages and menisci were brought into light contact with each other and lig-
ament pre-strains were applied. Next, the forces and moments present at the start of stance phase of gait were
applied. Finally, the stance phase of gait was simulated by applying translational forces (anterior-posterior, axial,
and medial-lateral), moments (internal-external, varus-valgus) and a rotation (extension-flexion) to the femoral
reference point. This point was tied to the cartilage-bone-interface of femoral cartilage as well as all the femoral
ligament attachments®*. Similarly, patellar forces and moments were applied through the patellar reference point.
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Figure 3. Effect of flexor and extensor strength on tibial reaction forces. Hinge knee (in the MS model)
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Figure 4. Maximum cartilage deformations during the stance phase of gait, compared with resting cartilage
from MRL

The patellar reference point was tied to the cartilage-bone interface of patellar cartilage and was initially located
at the same place as femoral reference point, up until the application of femoral and patellar forces and moments.
During gait, all forces and moments acting on the patella were applied through the patellar reference point.

Analysis of results.  First, the effect of knee flexor and extensor strength on tibial reaction forces was stud-
ied with the hinge MS model. After this, all results were obtained using the FDK knee joint. Peak contact pres-
sures were determined in the tibial cartilage surface. In addition, average contact pressures, maximum principal
stresses, maximum principal strains, fibril strains, and fluid pressures were analysed at the tibial cartilage sur-
face. Tibiofemoral contact area was defined by choosing tibial surface nodes with a contact pressure exceed-
ing 0.01 MPa. Additionally, the sum of reaction forces at the bottom of medial and lateral tibial cartilages were
calculated.

Results

Knee flexor and extensor muscle strength.  When varying the knee flexor and extensor muscle strength
in the hinge knee joint model from 100% (normal strength) to 50% (severely weakened), a difference of 720 N was
seen during the second axial peak force (Fig. 3). Normal gait with the FDK knee decreased peak reaction forces
compared with the hinge model (2239 N vs. 2492 N, respectively).

Cartilage deformation. In the tibiofemoral contact, maximum cartilage deformation (compared with rest-
ing cartilage thickness from MRI) for femoral cartilage was 16% during the stance phase of gait (Fig. 4). The
maximum medial and tibial cartilage deformations was also 16% and 16%, respectively.

Peak contact pressures.  Figure 5 shows the peak contact pressures during the first and second axial peak
forces (20% and 80% of stance) during gait. During the first peak, Insole 5° and Insole 10° increased pressures in
the medial tibial cartilage by 17% and 14%, respectively (Table 2), while Toe in and Toe out wide reduced them
by —11% and —15%, respectively.

During the second axial peak force, Insole 5° increased peak contact pressures by 8%, while Insole 10° reduced
them by —11%. Toe in and Toe out wide methods increased peak contact pressures by 12% and 7%, respectively.
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Figure 5. Results of FE analysis: Contact pressures in the tibial cartilage surface during the first and second
axial peak forces (20% and 80% of stance). FDK model.

During the first axial peak force, increased lateral peak pressures were observed in Insole 5° and Insole 10°
(71% and 33%, respectively). Toe in and Toe out wide decreased lateral peak pressures by —11% and —10%,
respectively.

During the second axial peak force, similar lateral contact pressures were seen in Insole 5° and Insole 10°
models, compared with the normal gait. Toe in and Toe out wide increased pressures by 8% and 41%, respectively.

Mean stresses and strains. In the medial tibial cartilage, mean contact pressures were elevated in all gait
alteration models compared with the normal gait, during both axial peak forces (Fig. 6). Highest medial tibial
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1# peak, medial 13.0MPa 15.2MPa (+17%) 13.3MPa (+14%) | 11.6MPa(—11%) | 11.1MPa(—15%)
1% peak, lateral 11.7 MPa 20.0Mpa (+71%) | 15.5Mpa(+33%) | 10.4Mpa(—11%) | 10.5Mpa(—10%)
2" peak, medial | 13.0MPa 14.1 MPa (+8%) 11.6MPa (—11%) | 14.5MPa (+12%) | 13.9MPa (+7%)
2" peak, lateral | 7.95MPa 7.8 MPa (—2%) 7.9MPa (—1%) 8.6 MPa (8%) 11.2MPa (+41%)

Table 2. Peak contact pressures in tibial cartilage surface during first and second peak axial reaction forces of
stance, as observed in the FE model.
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Figure 6. Mean values in the medial tibial cartilage surface (a)-(e) and summed axial reaction forces in the
medial tibial cartilage-bone interface (f).

reaction forces occurred in the Insole 5° and Insole 10° models. All models deviated from the Normal gait model
most during the heel strike, especially in fluid pressure. Toe out wide showed an increase in all stresses and strains
during midstance.

In the lateral tibial cartilage, Insole 5° and Insole 10° substantially increased mean stresses and strains during
the first axial peak force of stance (Fig. 7). Toe in showed a similar trend to normal gait, showing decreased values
during the first axial peak.

Discussion

We have combined MS and FE modelling with a highly subject-specific model creation in order to establish a
workflow to investigate whether gait alteration techniques reduce medial tibial cartilage stresses and strains on an
individual basis. The subject’s lower extremities were imaged using a lower-limb MRI and a detailed knee MRI.
Subsequently, a bone-morphing technique was applied in order to anatomically scale the generic bone architec-
ture of the MS model to the subject, including muscle attachment sites. A hinge-jointand a FDK joint model were
implemented to the knee and the subject’s gait trial data were processed into force and moment outputs. Finally,
the outputs were used in the FE model to evaluate stresses and strains in the tibial cartilage surface. This method
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Figure 7. Mean values in the lateral tibial cartilage surface (a)-(e) and summed axial reaction forces in the
lateral tibial cartilage-bone interface (f).

allows non-invasive evaluation of the effectiveness of gait modification techniques in terms of actual stresses in
the tibial cartilage, not just the knee adduction moment.

Peak reaction forces of 3.6xBW were observed, which is higher than the 2.5-3.2xBW reported in litera-
ture®-°, However, we argue that because the contract force data is obtained from TKR joint implants, the forces
are Jower than those of a healthy person, like the subject of this study. It is known that the quadriceps and ham-
string strength of OA patients is weakened®”**. When the normal gait was simulated with 50% of the extensor
strength, compared with the normal gait, peak reaction forces of 2.8xBW were observed. This falls right into the
reported range and supports our argument. Furthermore, the present MS model has shown an RMS error of <0.3
BW for the tibiofemoral contact forces during gait, when tested against in vivo measured tibiofemoral joint forces,
courtesy of the fifth grand challenge for the 7th World Congress of Biomechanics*. The data was gathered from a
tibial implant with force-measuring six load components transferred through the prosthesis'>*".

Peak contact pressures of 13 MPa were observed during normal gait, which is in the reported range of
12-15MPa’""%, In addition, the maximum cartilage deformations were within 6-16% of resting cartilage thick-
ness in the tibiofemoral contact, which is in the reported range of deformation during gait’ and below reported
strain threshold of 30% for human chondrocyte apoptosis’™.

Both the Insole 5° and Insole 10° increased peak contact pressures in the lateral side during the first axial peak reac-
tion force, but failed to reduce medial contact pressures. This is likely due to the elevated reaction forces the subject’s
medial tibia underwent when walking with insoles. This is supported by the fact that during the second axial peak
force, when the medial reaction forces were similar in Insole 10° and Normal gait, medial contact pressures did indeed
decrease. Furthermore, the peak lateral contact pressures were dangerously high” in the Insole 5°. Many studies suggest
that LWIs do not reduce KAM™ 7%, or medial tibial contact pressures™. On the other hand, many studies have reported
asignificant change in KAM"~'>%, Crenshaw et al.*’ reported a —7% reduction in KAM, caused by LWI, and suspected
the results might depend on the type of insole used. None of the studies above criticizing IWIs mention having used
subject-specific, tailored insoles. In the present study, the LWIs used were tailored to the subject using 3D printing
technique, yet the results still do not support the use of LWTs for this subject as an intervention.

The MS model predicted reduced axial forces in the medial tibial cartilage for Toe in method, which resulted
in decreased medial tibial reaction forces. Toe in reduced KAM during the first peak force, which is in agreement
with previous studies®*. However, while the peak medial contact pressures decreased during the first axial peak
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force, they actually increased during the second peak. This result is likely due to a change in the size and location
of the tibiofemoral contact area. The results suggest that for this subject, the Toe in method might not be optimal.

Toe out wide reduced KAM the most, especially during the second axial peak force, which is in accordance
with previous studies suggesting that walking with toes out reduces KAM by up to 40%"*-**. Previous studies**,
indicate that the method has little effect on the first peak force during stance. In this study, the greatest reduction
was actually observed during the first peak, while the peak contact pressures were slightly increased during the
second peak. For this subject, the Toe out wide method yielded best results out of all methods.

All gait alteration techniques managed to reduce KAM during the stance apart from the second axial peak
force, when Insole 5° slightly increased the KAM. The correlation between KAM and mean medial contact pres-
sures varied from 0.25 to 0.80 (see Supplementary figure C), best correlation being in Insole 10° and worst in Toe
in method. Normal gait had a correlation of 0.45.

It needs to be noted that the stance phase of Insole 10° and Toe in was approximately 10% longer than in the
normal gait, which may have reduced the stresses. For the subject, it was difficult to maintain a consistent walking
speed during the gait alterations, which is why we used a criterion of maximum 10% deviation in stance time in
the trials. Stance time was chosen instead of walking speed, because the highest forces on the knee occur during
the stance phase.

Due to the methodological nature of this study, the largest limitation is the use of only one subject. We want
to emphasize that the focus of this study is to establish a method to study the effect of gait alterations, not provide
prove or disprove a particular method. Therefore, before establishing any generalized findings, the workflow
needs to be applied to extended patient cohorts. For this purpose, several OA patients with medial tibial cartilage
wear will be investigated in the future.

Within the MS model, we applied revolute joint models for the tibiofemoral and patellofemoral joints when
processing the 30 gait trials as well as the flexor and extensor knee muscle strength testing due to the computa-
tional requirements of a full FDK model. As the knee is a complex joint and does demonstrate significant move-
ments besides flexion/extension™, this will result in some uncertainty in the muscle strength study. It should be
noted, however, that we observed only minor differences when comparing the predicted knee contact forces with
an FDK-based model and a hinge.

One of the advantages of applying FDK or other similar algorithms to predict secondary joint kinematics (see
Brandon et al.* for a review of methods) is that these are estimated based on joint mechanics and the dynamics
of the musculoskeletal system rather than pure kinematic constraint equations. As shown by Marra et al.** and
Lenhart et al.¥’, these types of models are capable of predicting secondary joint kinematics that generally agree
with in vivo measurements.

A limitation of all skin marker-based movement analysis is soft tissue artefacts®. As shown by Benoit et al.*,
only knee extension-flexion can be accurately estimated from the skin markers. Due to the ethical and technical
issues of obtaining accurate full lower extremity kinematics, no data set exists which we can use to fully validate
the kinematics of our models. However, because the FDK model only relies on the estimated gross joint kinemat-
ics and predicts the secondary knee joint kinematics based on the forces, the knee kinematics and kinetics are
likely better estimated than if a kinematic constraint-based model was applied. Future studies should investigate
this further.

While we have implemented subject-specific geometry based on MRI, subject-specific movements based on skin
markers, and subject-specific insoles, there are still parameters in the models that were obtained from literature and
for which subject-specific parameters should be included in future studies. First of all, generic ligament parameters
were applied in the FEA models due to the lack of experimental setups to estimate the full 3D joint laxities of the tibi-
ofemoral and patellofemoral joints from which the ligament stiffness and slack lengths can be identified. Secondly,
due to ethical reasons subject-specific material parameters cannot be currently obtained for the cartilage material
model, but from cadaver studies and bovine samples. Thirdly, generic muscle-tendon parameters were applied in
the models. Ideally, this should be personalized e.g. based on isometric and isokinetic measurements for instance
using optimization-based approaches*. While these strength measurements can be performed, there is the issue of
whether the subject is producing maximal forces especially in a patient population. Future work should investigate
methodologies for obtaining these parameters with as few measurements as possible.

In conclusion, we propose a workflow to investigate the effect of gait alterations on cartilage stresses by com-
bining motion capture, ground reaction forces, MR images, bone morphing, multibody dynamics, and finite
element analysis. This method enables subject-specific and non-invasive evaluation of low-cost clinical interven-
tions, aiming to unload the medial tibial cartilage. Currently, creating the models is time-consuming, especially
tissue segmentation. In order to bring the method to clinical practice, improvements in automatic tissue segmen-
tation are needed. The cartilage material may in fact be overly complex for the present study, but its features are
required when implementing the method to KOA patients in order to simulate changes in the structure of OA
cartilage. The presented workflow provides groundwork to develop patient-specific models and optimised treat-
ments on a more individualised basis.
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Supplementary Figure A. Left: Internal-external moments in (a) normal gait, (b) Insole 5°, (c) Insole 10°, (d) Toe
in, (e) Toe out wide, and (f) Medial knees. Right: Adduction-abduction moments in (g) normal gait, (h) Insole 5°,
(i) Insole 10°, (j) Toe in, (k) Toe out wide, and () Medial knees. The chosen trial for the FE input is highlighted in

color. [*]: Medial knees were excluded from the analysis due to large difference in stance duration compared
with normal gait.

Supplementary Figure B. Anatomical landmarks on right foot: (Red circles) Longitudinal arch selection 1, 2, 3
(Blue circles) Transverse arch selection 1, 2, 3 (Green circles) 2" - 5" distal and 1 - 5" proximal phallanges, 1%
- 5™ metatarsal heads, 5t proximal metatarsal, Hallux: distal, lateral, and medial, tuberosity navicular,

(Orange circles) Cuboid and Cuneiform: lateral, intermediate, medial (Purple circles) Calcaneous: superior,
anterior, posterior, lateral, and medial.
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Supplementary Figure C. Mean medial contact pressures in the tibiofemoral contact area vs. knee adduction
moment during the stance phase of gait.
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CHAPTER 6. DISCUSSION

6.1. SUMMARY OF KEY RESULTS

This final chapter contains summaries of the key results from each publication. Paper
I and Il focus on the development and validation of a novel moving-axis joint model
applied to the tibiofemoral and patellofemoral joints. While Paper Il introduces a
workflow to create a multi-scale (MS and FEA) subject-specific model with the
potential application of investigating the effect of gait alteration techniques on the soft
tissue structures of the knee. Lastly, Paper IV examines the influence of gait alteration
techniques on knee loading on a small patient group diagnosed with medial knee
osteoarthritis. The main aims of Paper IV are to investigate if model scaling technique
(linear scaling vs MRI-based morphing) has an effect on which gait alteration has the
greatest reduction in medial contact force, considering the patients as a group on
average vs the patients individually. In addition, an overview of the contributions and
the expected impact of this dissertation on the musculoskeletal modeling community
is presented. Finally, the limitations of this work are addressed and recommendations
for future work outlined in hopes of better validating personalized knee joint models
and directing patient-specific musculoskeletal modeling into to the clinical setting.

Paper |: Development and validation of a subject-specific moving-axis
tibiofemoral joint model using MRI and EOS imaging during a quasi-static lunge

This paper introduces and validates a novel computationally-efficient subject-specific
tibiofemoral joint model. In the literature, musculoskeletal tibiofemoral joint models
can range from simple generic (hinge) to complex subject-specific (multi-body
contact models) depending on their generic qualities and computational time. The
novelty of this study introduces a subject-specific tibiofemoral model that avoids
time-consuming procedures (avoiding singularities through means of tuning (Brito da
Luz et al., 2017) and/or collecting full range of motion joint data (Tsai and Lung,
2014)), is computationally efficient, and can recreate anatomically accurate secondary
joint kinematics. Additionally, the study compares the model against a commonly
used subject-specific hinge model in attempt to show the advantages and
advancements of the proposed model. In this study, a full lower limb MRI acquisition
was taken of each subject and the bone geometries segmented in order to create the
models and find necessary joint centers and axis. Each subject also performed a quasi-
static lunge while micro-dose radiation, bi-planar x-rays (EOS Imaging, Paris, France)
were captured at roughly 0, 20, 45, 60, and 90 degrees of tibiofemoral flexion. In order
to establish the model from two active tibiofemoral positions, and have experimental
data to validate the model against, joint translations and rotations were extracted from
this experimental data through 2D-to-3D bone reconstructions. This process is
completed using an iterative closest point optimization technique. The models were
developed and run in AMS with (1) the tibiofemoral axis of the hinge model
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established between the femoral epicondyles. (2) The moving-axis was defined as a
piecewise linear model constructed from two tibiofemoral flexion positions, roughly
0° and 90°, with the articulation of the tibiofemoral joint axis moving linearly between
these two positions as a function of the tibiofemoral flexion. Outside this range, the
joint axis remained stationary rotating about its current position. The resulting
secondary joint kinematics proved to be better predicted when employing a moving-
axis tibiofemoral model, which achieved an average mean difference and standard
error of (translations: 2.84 + 0.31 mm, rotations: 1.25 + 0.43°) and higher coefficients
of determination (R?) for each clinical measure. The commonly used hinge model had
an average mean difference and standard error of (3.87 + 0.39 mm, 7.39 + 0.87°). No
significant differences were found between the moving-axis model and the
experimentally observed tibiofemoral joint rotations from the EOS data, while this
was not the case for the hinge model. Overall, Paper | presents a new approach in
constructing the tibiofemoral joint in musculoskeletal modeling, allowing for a
computationally fast model with subject-specific geometries and kinematics. It was
concluded that the moving-axis joint can better predict experimentally observed
rotations and translations when compared to the commonly used subject-specific
hinge model. It should be noted that although the model is computationally fast once
it is created, the process of establishing the model takes a considerable amount of time
and money due to the imaging (MRI & EQOS) and segmentation needed. With the
progression of automatic segmentation this will decrease the processing time and cost.

Paper Il: Evaluation of predicted patellofemoral joint kinematics with a moving-
axis joint model

Paper Il expanded on Paper | by applying the moving-axis concept to the
patellofemoral joint and evaluates patellar motion derived from different
configurations of the tibiofemoral and patellofemoral joints against experimental
patellofemoral kinematic data. The same 2D-to-3D bone reconstruction process was
followed as in Paper I, now for the patellofemoral joint. The six knee model variations
were developed in AMS using subject-specific bone geometries and joint centers
obtained through MRI segmentation. The six configurations were made up from
combinations of tibiofemoral (hinge, moving-axis, and interpolated) and
patellofemoral (hinge and moving-axis) joint types. In addition to the novel moving-
axis patellofemoral joint, this paper introduces an interpolated tibiofemoral joint
calibrated from the five EOS quasi-static lunge positions. This model only permits
error from the patellofemoral model when comparing against the EOS experimental
data, which is important due to the relationship between patellar and femoral
kinematics during weighted knee flexion (Li et al., 2007), and thus the potential error
arising from the TF model. The hinge axis was modeled as a line connecting the
centers of cylinder surface fits of the medial and lateral patellofemoral contact area.
While the moving-axis articulated linearly as a function of tibiofemoral flexion from
an axis defined at 0° tibiofemoral flexion, established by connecting the centers of
cylinder surface fits of the medial and lateral contact areas, to the same construction

72



PERSONALIZED MUSCULOSKELETAL MODELING-BONE MORPHING, KNEE JOINT MODELING, AND APPLICATIONS

at 90° tibiofemoral flexion. Outside these angles, the axis remained fixed about with
the extension (0°) or flexion (90°) facet center axes. The results from this paper
showed that a moving-axis tibiofemoral joint in combination with a hinge
patellofemoral joint offers (-5.12 £ 1.23 mm, 5.81 + 0.97 mm, 14.98 £ 2.30°, -4.35 £
1.95°) mean differences when compared to the experimental EOS data in terms of
lateral-shift, superior translation, patellofemoral-flexion, and patellar-rotation
respectively. While when using a moving-axis patellofemoral joint in exchange for
the hinge provides (-2.69 + 1.04 mm, 1.13 + 0.80 mm, 12.63 + 2.03°, 1.74 + 1.46°).
This displays that a piecewise linear model can provide accurate estimates of
patellofemoral joint kinematics when investigating patellar motion between two
active TF-flexion positions. Furthermore, the commonly used hinge model resulted in
the most significantly different patellofemoral measures when compared to the
experimental EOS data in particularly in deep TF-flexion. The paper concludes that
the model predictive capabilities increase as a direct result of adding more calibrated
positions to the tibiofemoral model (hinge-1, moving-axis-2, and interpolated-5) for
most of the patellofemoral kinematic measures. Overall, the aim of establishing a
novel subject-specific moving-axis patellofemoral model was established; that
produces realistic patellar motion and is computationally efficient enough for clinical
applications.

Paper I11: Workflow assessing the effect of gait alterations on stresses in the
medial tibial cartilage - combined musculoskeletal modelling and finite element
analysis

A workflow is presented in Paper Il that combines motion capture, ground reaction
forces, MRI, bone morphing, multibody dynamics, and finite element analysis to
investigate the effect of gait alterations on cartilage stresses and strains. Potential
applications of the multi-scale model are explored in the form of how gait
modifications (toe-in and toe-out) and lateral wedge insoles (LWI) influence medial
tibial cartilage stresses. This is made possible by combining musculoskeletal (MS)
modeling with finite element (FE) analysis. Due to the methodological nature of this
study and the focus of establishing a method to study the effect of gait alterations
effects (not aimed at proving or disproving the benefits of a particular technique), we
only modeled and analyzed one subject. MRI of the subject’s lower limbs and detailed
knee scans were obtained and then the bones and most soft tissues were manually
segmented. Generic bone architectures were then morphed into the segmented bones
to obtain a subject-specific musculoskeletal model. The subject’s normal walking and
various alterations were recorded in a gait laboratory and processed through the
subject-specific musculoskeletal model in the AMS. The output forces and moments
achieved from the musculoskeletal model were used as boundary conditions for the
FE model of the detailed knee joint. The study showed that for this particular
individual during the stance phase, the LWI failed to reduce medial peak pressures
apart from the insole-10° during the second loading peak. The toe-in modification
achieved reduced peak pressures of -11% during the first peak, however had the
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opposite effect during the second peak increasing the pressures by nearly 12%. When
the subject walked with toe-out gait, the peak pressures showed the same trend,
reducing by -15% during the first peak and increasing by 7% during the second peak.
Paper 11l establishes a method that will allow researchers to simultaneously
investigate the loads individual structures, estimate net joint loads (resulting from
subject-specific knee joint kinematics, external loads, and ligament/muscle forces),
and examine stresses in soft tissues of the knee during normal and modified gait.
Furthermore, the proposed method allows for a non-invasive subject-specific (and
hopefully in the future patient-specific) evaluation of low-cost clinical interventions,
aimed at reducing loads in the medial tibial cartilage.

Paper IV: Gait alteration strategies for knee osteoarthritis: a comparison of joint
loading via generic and patient-specific musculoskeletal model scaling
techniques

In Paper 1V, non-invasive approaches (gait modifications and lateral wedged insoles)
aimed at reducing medial compartment knee loading are further examined, however
this time with respect to a patient cohort. Gait alterations are a controversial topic,
with the success of these interventions not always exclusive. This study explores what
might contribute to the inconsistencies, whether how the population is analyzed plays
a role (on a group or individual level) or perhaps if the type musculoskeletal model
scaling approach may influence the outcomes. More specifically, this paper looks at
how common gait alteration techniques may have varying effects on individual
patients as opposed to a patient group; and furthermore, the way musculoskeletal
models are scaled to estimate medial contact force may influence knee loading
conditions. In this study, 3D motion capture was taken of five patients with clinical
evidence of medial knee osteoarthritis during normal walking, walking with patient-
specific lateral wedged insoles (0°, 5°, and 10°), walking with a gait modification (toe-
in, toe-out, wide stance). Patient-specific musculoskeletal models were constructed
from manually segmented MRI images of the patients that were used to morph a
generic model to the patient-specific bone geometries. A different scaling technique,
simple linear scaling (LS), was also used to create an additional five patient-specific
models for comparison. The medial contact force (MCF) was examined in terms of
peak and impulse values during stance phase of walking. The results of this paper
conclude that a ‘one-size-fits-all’ gait alteration aimed at minimizing medial contact
loading does not exist for these five patients, suggesting the importance of
individually assigned interventions. Of course, the small sample size was a limitation
and although beyond the scope of this study, restricting detection of meaningful
clinical results. Interestingly, the different scaling and morphing techniques used on
the musculoskeletal models lead to differences in medial contact forces. This
highlights the importance of further investigation of scaling approaches prior to being
able to use such models in the clinical setting to assist in prescribing gait alterations.
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6.2. CONTRIBUTIONS AND IMPACT

Whether estimated knee kinematics will be used exclusively with musculoskeletal
modeling for estimating knee contact forces, or as boundary conditions for FEA
models, the importunate of achieving realistic joint kinematics depends on the
research question being asked. The novelty behind the established moving-axis is that
it not only provides realistic joint kinematics, but also allows for a computationally
fast model with subject-specific geometries, which may make it more accessible for
clinical applications than a more advanced multi-body contact model. In particular, it
is common for x-rays of the lower limb to be taken of patients with KOA, substituting
these for bi-planar fluoroscopy, ultrasound, or lower radiation biplanar EOS imaging
at roughly 0 and 90 degrees may be a viable option, given the technology that is
available. In addition, comparing the 3D bone reconstructions obtained through
statistical shape modeling to that achieved through manual (or semi-automatic)
MRI/CT segmentations (Baldwin et al., 2010; Heimann and Meinzer, 2009; Li et al.,
2013; Nolte et al., 2016; Quijano et al., 2013) would prove to be beneficial to see if
the MRI/CT segmentations make a significant difference. In cases where biplanar
imaging is available, this potentially eliminates the need for MRI/CT acquisition and
segmentation, when bone is solely required for the model.

The development of a workflow for creating, processing, and analyzing multi-scale
(musculoskeletal & finite element analysis) personalized models has been achieved;
and when further validated, a patient-specific multi-scale knee model will enable
studies of how interventions influence the detailed joint mechanics and can be used
as a tool to tailor treatments to the given patient. This allows for an advancement in
knowledge pertaining to personalized mechanical load distribution and its effect on
cartilage and bone integrity in the knee joint (or other lower limb joint of interest).
Currently, longitudinal studies are required to understand how interventions influence
KOA progression. Nevertheless, possibilities exist to create more in-depth multi-scale
models by integrating mathematical models of articular cartilage damage and
degeneration that simulate KOA progression (Hosseini et al., 2014; Landinez-Parra et
al., 2011; Liukkonen et al., 2017). Once thoroughly validated, these models may have
the clinical potential of investigating how personalized gait alterations effect KOA
progression, on a soft tissue level, in a more time-efficient manner. Furthermore,
diving into the musculoskeletal modeling side of this workflow allowed us to take into
consideration the potential sensitivities that (1) model scaling method and (2) how the
data is interpreted (with respect to the individual patient or to the entire patient group)
may have on the outcome of gait alteration technique that results in the greatest
decrease in medial knee loading. With the increase in knowledge regarding
phenotyping in patients with KOA (Dell’Isola et al., 2016; Deveza et al., 2017), and
the hope of utilizing this knowledge in clinics when allocating treatment methods
(Bierma-Zeinstra and van Middelkoop, 2017) it may be important to consider the
individual beyond their assigned patient group.
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Lastly, it should be noted that although MRI imaging is used in many studies
investigating KOA, it is currently not the standard in KOA care due to the fact that it
is a lengthy and expensive procedure. The most common imaging modality for OA is
radiography due to its simplicity and low cost (Hayashi et al., 2016). However,
without MRI imaging, this puts a limitation on musculoskeletal and finite element
modeling. If we are able to demonstrate that MRI-based models can identify
individualized interventions that will actually make a difference in terms of OA
treatment, spending the money upfront could save money in the future. Identification
of an individualized interventions aimed to slow down OA disease progression, may
keep individuals active for longer (exercise & working), improve the quality of their
lives, and ultimately decrease surgical intervention costs if individuals only need one
(or none at all) total knee replacement in their lifetime. However, if we are unable to
identify these interventions correctly, it is not worth the money no matter how accurate
the models turn out to be.

6.3. LIMITATIONS AND RECOMMENDATIONS FOR FUTURE WORK

With research advancements come the inevitable limitations. These limitations have
the benefit of proposing new directions for future research, by refocusing the question
at hand in an attempt to fill knowledge gaps.

For instance, in the moving-axis tibiofemoral and patellofemoral models that were
established in Paper | and Il, have major limitations in the anterior-posterior
translation and internal-external rotation measures.

e An idea for improvement is to introduce ligaments and contact (in 2 DOF),
giving the model a force response along the directions where the major
external influences are expected to be. The remaining directions are more
clearly given by the shape of the bones.

Although large improvements were made by introducing the moving-axis model, it is
currently only based on a linear relationship, calibrate from two positions, which may
not best represent realistic joint movements. Additionally, the images were only
captured quasi-statically for one movement type, so the results cannot be generalized
to other activities. Finally, using more frames available to compare against will allow
for a better evaluation of model predictive capabilities.

e The investigation of other relationships for the moving-axis model,
quadradic or polynomial (avoiding overfitting the model), to determine
which best mimics the reality of knee joint kinematics. This would require a
more comprehensive validation data set, perhaps utilizing dynamic imaging
techniques, such as biplanar fluoroscopy, dynamics MRI, ultrasound, or
radiostereometric analysis (RSA). Additionally, recording of various
activities of daily living would be of interest to see if the relationships hold
true for different movements. However, with some of these imaging
techniques, more imaging means more costs and radiation exposure which is
important to consider when developing a study.

e If a dynamic data set of several movements is obtained, a further
recommendation is to make a larger comparison against a variety of knee
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models including, but not limited to, the FDK, moving-axis, and hinge

models.
Patella instability most often occurs between 0° and 30° flexion, where the patella
may not be fully engaged with the trochlear groove, and flexion beyond this point may
cause the patella not to track smoothly (Amis, 2007; Waryasz and McDermott, 2008).
With this in mind, applying a moving-axis to particular subjects and or patients may
not be appropriate. For instance, if the patella is not sitting correctly in the trochlear
groove when the initial EOS-0 scan was taken, a linear piecewise linear relationship
would not result in a realistic patellar motion. This furthers the need for moving-axis
models of the knee joint to be calibrating off of more than two poses and investigating
different relationships between the poses.

Currently, the most commonly used knee joint in many musculoskeletal modeling
systems is a hinge. This is mostly due to the fact that other models require personalized
bone geometries and or ligament attachment regions. It is recommended that these
musculoskeletal modeling programs adopt the moving-axis knee joint, so researchers
can utilize it and potentially find improvements for the model in the future.
Additionally, this should be expanded to include a moving-axis joint that can be scaled
or morphed from a generic model to individualized parameters depending on the input
data available to the user.

The methodological nature of Paper 111 comes with a large limitation of only modeling
one subject. We would like to reiterate that the focus of the study was not to find out
the best gait alteration for reducing medial knee stresses, but rather to establish such
a workflow that could be used in the future on other subjects and patient groups. Large
advancements of this research include the implementation of subject-specific
geometry based on MRI, motion capture data, personalized insoles, and combining
this with a subject-specific FE model. However, many of the model parameters were
not personalized and obtained from the literature in the final multi-scale model
(generic muscle-tendon parameters, ligament laxity, and finite element model material
properties). Future work should investigate the how to best obtain such parameters
with as few measurements and as ethically as possible, to investigate their influence
on the outcomes of various gait alterations on the stresses and strains in the knee joint.
e The addition of subject-specific strength measurements, which could be
based on isometric and isokinetic measurements and applied using
optimization-based approaches (Heinen et al., 2016).
e Measuring 3D joint laxities of the tibiofemoral and patellofemoral joints
using the new and improved laxity machine developed by (Pedersen et al.,
2018) in order to better estimate the ligament stiffnesses and slack lengths.
e Observe personalized cartilage strains and meniscal movement during static
loading trial utilizing conical bean CT-scanner, or equivalent, to better
estimate properties for the cartilage material model and meniscal movement
patterns for finite element model (K.S. Halonen et al., 2014).
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Similarly, an obvious limitation of Paper IV was the limited sample size, which
restricted detection of meaningful clinical results, however this was beyond the scope
of the study.

These patient-specific musculoskeletal models use generic muscle-tendon parameters
because during the data collection one of the patients was unable to perform the
maximum isometric strength measurements.

e Investigate the difference, if any, of analyzing the models with patient-
specific muscle-tendon parameters for the four patients that were able to
perform maximum isometric strength measurements.

The use of skin marker-based movement analysis in this study, in addition to modeling
the knee as a hinge joint, is a clear limitation due to the presence of soft tissue artefacts
(Andersen et al., 2010a; Benoit et al., 2006).

e Comparing lower limb kinematics and resulting medial contact knee forces
obtained through (1) skin marker-based motion capture system and (2) bi-
planar fluoroscopy from patients with KOA when examining various gait
alterations.

e Exchange the hinge joint in the patellofemoral and tibiofemoral joints with
moving-axis or FDK joints and compare the output to what the hinge joint
achieved.

Only the immediate effects of gait alteration techniques on knee contact force were
investigated in Paper IV. Moreover, these gait modifications were taught to the
patients in a single session. What is needed in order to determine if the model
designated gait alterations (and how these are obtained) actually result in better
clinical outcomes, i.e. in terms of cartilage health and patient satisfaction is a
longitudinal study. A study randomly assigning the resulting optimal gait alteration
obtained based on a combination of the following:

model type (LS vs MRI, etc.)

The parameter we are interested in reducing (peak MCF, MCF impulse, etc.)
If data is processed with respect to the individual or the patient group

How the alterations are introduced to the patients. Gradual introduction of
LWI and multiple training sessions for gait modification techniques (may
include at home practicing and biofeedback), have been known to change the
results (Hunt and Takacs, 2014; Lewinson and Stefanyshyn, 2016; Richards
etal., 2017; Shull et al., 2013b).

Finally, the initial aim of the last study for this dissertation was to follow the same
workflow established in paper Il for patients with medial compartment knee
osteoarthritis. However, the intriguing question of whether musculoskeletal model
scaling technique swayed us from this objective leaving it to future researchers to
explore.

e Use patient-specific musculoskeletal outputs as boundary conditions for
corresponding patient-specific finite element knee models (already
established) to estimate tissue stresses and strains. Then researchers can
better understand whether parameters that closer represent the tissue
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response, can better identify the true patient response to the selected
treatment and how that may relate to long-term outcomes.

6.4. CONCLUDING REMARKS

The objective behind this dissertation was to advance the field of personalized
musculoskeletal models through means of knee joint modeling, bone morphing, and
the application of established models. Novel moving-axis joint models utilizing
subject-specific bone geometries were first established, applied to two joints
(tibiofemoral and patellofemoral), and evaluated against experimental kinematic data
(Papers I and I1) resulting in more realistic secondary joint kinematics than commonly
used hinge joints. In addition, the process of developing and combining
musculoskeletal modeling and finite analysis was presented as a workflow in Paper
11 providing groundwork for clinical applications (along with Paper 1V) to develop
patient-specific models and furthermore optimize non-invasive treatment methods
based on a more individualized approach. Finally, concerns regarding personalized
musculoskeletal scaling techniques and the selection of optimal (providing greatest
reduction in medial compartment loading) gait alterations with respect to a patient
group vs individual patient were addressed in Paper IV. Overall, the work presented
in Papers 111 and 1V did not aim at providing clinical recommendations; but rather to
establish methodological groundwork for future researchers.
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