OBESITY AND ITS INFLUENCE ON KNEE JOINT CONTACT FORCES IN
INDIVIDUALS WITH MODERATE KNEE OSTEOARTHRITIS

Pouya Amiri

Submitted in partial fulfilment of the requirements
for the degree of Master of Applied Science

at

Dalhousie University
Halifax, Nova Scotia
August 2014

© Copyright by Pouya Amiri, 2014



DEDICATION PAGE

To my family ...

ii



TABLE OF CONTENTS

LIST OF TABLES ...ttt sttt vi
LIST OF FIGURES ..ottt viii
ABSTRACT ...ttt bbbttt ettt Xi
LIST OF ABBREVIATIONS USED....c..coiiiiiiriiiiiiiieieenienteeneeeeeeeetesve e Xii
ACKNOWLEDGEMENTS ..ottt Xiii
CHAPTER 1 INTRODUCTION .....cccoiiiiiiiiniininieieeteectctestesteete ettt 1
1.1 INtrOAUCTION. ...t 1
1.2 ODJECHIVES ..vvieiiieiiieiie et eeite ettt e et e steeebeesteeesbeesseeebeessseesseessseensaessseesseensnas 2
1.3 Objective 1: Alteration in Neuromuscular Patterns of Knee Muscles........... 3

1.4 Objective 2: Implementing an EMG-Driven Model of Knee to calculate
medial, lateral, and total tibiofemoral joint contact forces and performing a

case study to examine the effect of obesity on the joint contact forces......... 3

1.5 Structure Of ThESIS .. .eeevieiieiiieiie ettt 4

CHAPTER 2 BACKGROUND ..ottt sttt 5

2.1 Knee OSteoarthritis .......ocueeeiieiiiiriieiieeieee e 5

2.1.1 Gt ANALYSIS.ceuviieiiieeciie ettt e e 6

2.1.2  Electromyography .......ccccoceereriiiriiniiniiniieienienieeieeteeie s 7

2.2 (@] 0Ty SRS PS 9

23 Knee joint contact MOdeling..........cecueriereiiiinieniiienieneeieeteeee e 15

2.4 Summary of MOtIVAtION .......eeeiiieeiiie et 20
CHAPTER 3 ALTERATION IN ACTIVATION PATTERNS OF KNEE MUSCLES

DURING GAIT DUE TO OBESITY ..cveeiiiieiieieeieeeeee e 22

3.1 INOAUCTION. ...t et 22

3.2 IMELOAS ... et 24

3.2.1 SUDJECES ..ottt 24

322 Galt ANALYSIS....viiiiiiieciie ettt eenaaeeen 25

323 EMG PIrOCESSING ..eouvveeiiieiiieiiiesiieeieeeie et esite et e sieeebeeseeeeeeesnee e 28

324 Statistical ANALYSIS......cceviieriiieeiieeeiie e 29

33 RESUILS. ...t 30

3.3.1 GASITOCTIEIMNIUS ....ieuiieiiiieiie ettt ettt ettt ettt 31

3.3.2  HamMSHINGS .oouvieiiieiieeiie ettt ettt 33



34

3.5

3.33 QUAAIICEPS .veevvieeirieiieeiieetee ettt ettt ebaeeaae e 34

DISCUSSION ...ttt ettt ettt et et e st et e st e e sbeeenbeesbeesareens 36
3.4.1 GASLTOCICINIUS ...euvientienieriieieeie ettt ettt et sb et saee s 37
342 HamMSIINGS ..ot 38
343 QUAAIICEPS -vievvieeiiieiieeieeee ettt ettt ae e e eaae e 39
CONCIUSIONS. ..ttt ettt et ettt e e 41

CHAPTER 4 EMG-DRIVEN MODEL FOR KNEE JOINT CONTACT FORCES

4.1
4.2

4.3

4.4

4.5

ESTIMATION ...ttt 42
INtrOAUCLION. ...ttt s 42
IMELROMS ...ttt et 44
4.2.1 SUDJECL ..ttt 44
4.2.2  Galt AnalySIS....ccoueriiriiiieiieee e 44
EMG-Driven MOdel.........cceeiiiiiiiiieiienieieeeree e 45
43.1 EMG t0 aCtIVATION ....ceiiiieiiieiiieiie ettt 45
432  Anatomical MOdel........ccoociriiiiiiiiniiiieeee e 48
433 Hill-type model .........cociiiiiiie e 49
434 Contractile Component fOrce........ccevvveerveerieeieeniieeiieeie e 50
4.3.5 Force-length relationship ..........ccooceeviiiiiiniiniiiee e 51
4.3.6 Parallel Elastic Component FOrce.........cccocuvvveiiienciennciieenieeeiee 52
4.3.7  Force-velocity relationship ..........ccoceeveeieneenenicnienecieneceeene 53
4.3.8 Pennation angle..........ccevevviiiiiiieiiieeeeeeee e 54
4.3.9 SEC FOTCE ..ttt 55
4.3.10  Putting it all together.......ccvveviiiieeiieiiieeeeee e 56
4.3.11  Calibration .......ccc.eevieiiiienieeiiesie et e 58
4.3.12  Optimization PAramEterS........cceerrureeriureerreerrieeerreeernreessnreesssreeens 59
4.3.13 Mediolateral model to find the contact forces ...........ccccuerueennenne. 60
4.3.14 Validation of the model against literature............cccceevveerrveernnnennne 62
RESUILS. ...t 64
4.4.1 Validation of the model against literature............cccceveveereveennneen. 64
4.4.2  Comparison of tibiofemoral joint contact force between the healthy
weight and 0bese SUDJECTS ......oiviiiieiiiieiie e 73
DISCUSSION ...c..eetiiieteeite ittt ettt ettt sb et e b e 81
4.5.1 Validation of the model against literature............ccceveveeenveennneen. 81

v



4.5.2  Comparison of tibiofemoral joint contact force between the healthy

weight and 0bese SUDJECES......oovviiiciiiciie e 86

4.6 CONCIUSIONS. ...ttt sttt ettt st e e et sbe e e 91
CHAPTER 5 CONCLUSIONS ...ttt 92
5.1 TRhESIS SUMIMATY .....oocuiieiiieiiecieeiie ettt et e s e esaeeeae e 92
5.2 Implications of thesis reSUILS ........cccvieeiiiieiiiece e 94
53 LAMIAIONS ...ttt sttt ettt 95
5.4 Future dir€Ctions ..........oocueeiiiiiiieii e 97
BiblIO@IAPRY ..ttt et e e snaeenraens 100
APPENDIX A Mean EMG waveforms of all groups .......ccccecceeveerienenicnienennicnnene. 117
APPENDIX B HiStograms 0f Z-SCOTES .........cccveriieriieriieiieniienieeneeereeseeeneessnesneens 118
APPENDIX C Reconstructed EMG waveform ............cccocceviieiiiniiiiiieniceiceeeee 119
APPENDIX D Mean Z-scores of the EMG waveforms ..........ccccoeceeverieneencenieneenne. 126



LIST OF TABLES

Table 2-1 Results of different study on knee joint contact modeling (obtained and
MOdified fTOM [84])....uiiiiiieei e e et ea 21

Table 3-1 Guidelines for muscle site, location and orientation utilized for the
standardized placement of surface electrodes on the lower extremity, obtained from
Rutherford €t al. [142] ..ottt e e e e aaee e aseesnaeeea 27

Table 3-2 Demographics, anthropometrics, and stride characteristics of healthy weight,
overweight, obese, asymptomatic and moderate OA subject groups.........ccceeevveeeenvennee. 31

Table 3-3 P-values for the ANOVA performed on stride characteristics ( P1, P2, and
P12 are the p-values corresponding to disease presence, BMI, and their interaction,
respectively; bold values are the statistically significant ones.)..........ccccceeevvenierireennnnnne. 31

Table 3-4 Results of three way ANOVA on the first three PC scores of gastrocnemius
(P<0.05 is significant; significant results are shown in bold) ..........cceveeiiniinenicnnne. 32

Table 3-5 Results of three way ANOVA on the first three PC scores of hamstrings
(P<0.05 is significant; significant results are shown in bold) ..........ccceveeiiiiininncnnne. 34

Table 3-6 Results of three way ANOVA on the first three PC scores of quadriceps

(P<0.05 is significant; significant results are shown in bold) ........c.ccceveeiiniininnennne. 35
Table 4-1 Characteristic of the subjects included in this study........c.cccoceeveriinenncnnenne. 64
Table 4-2 Stride characteristics of the subjects in the study ........ccccoeceevieiiniininncnnee. 64

Table 4-3 Demographic information of the studies used for the validation of the model
(NM: NOt MENTIONEA) ...ttt ettt ettt ee et eseee et e e saeeenseesneas 65

Table 4-4 Absolute peak stance phase muscle forces obtained in this study for subject 1
compared to the results from IIterature...........coceeveeieriiniiiiniinceeee e 68

Table 4-5 RMSE values of the knee flexion moment, found using muscle model and
inverse dynamics for different trials for the first subject during stance phase................ 69

Table 4-6 Mean RMSE obtained in our study compared to two other EMG-driven
MOAEING STUAIES .....eeiiiieiieeiiee ettt et e it e e b e e seeenbeesnee e 69

Table 4-7 Normalized (xBW) peak stance phase values of medial, leteral, and total
tibiofemoral contact forces for subject 1 compared to literature studies ........................ 70

Table 4-8 Absolute peak force and moment values for the obese and healthy weigh
1810 15101 £ UR 74

vi



Table 4-9 Normalized peak contact forces and moment values for the obese and healthy
WEIZNE SUDJECTS o.utiieiiie ettt ettt e st e e et e e s eb e e e aseeesseeesseeensseesnaeenns 78

Table D-1 Mean Z-scores corresponding to different groups in chapter 3 (values in
parenthesis show standard deviations). ..........cccecvveeiiieriieiiieniie e 126

vii



LIST OF FIGURES
Figure 3-1 a) Electrode placement; b) ired markers............ccceecveveenerienienennieneenienenn 26

Figure 3-2 Gastrocnemius, PCs and the Original waveform, corresponding to the five
highest (red) and five lowest (blue) Z-scores and their average waveforms................... 33

Figure 3-3 Hamstrings, PCs and the Original waveform, corresponding to the five
highest (red) and five lowest (blue) Z-scores and their average waveforms................... 34

Figure 3-4 Quadriceps, PCs and the Original waveform, corresponding to the five
highest (red) and five lowest (blue) Z-scores and their average waveforms................... 36

Figure 4-1 Schematic of the method used to find medial and lateral contact points on the

NEA OF tIDIA ..ottt ettt 49
Figure 4-2 A) The Hill-type model, B) the CC and PEC (adapted and modified from

[L02]) cuveeeeeeeeie ettt ettt ettt ettt et e et s st et e et e b e et e e st e nne et e e ne et e et e eneeeneenteeneenseenseeneenseensans 50
Figure 4-3 Muscle force-length relationship ..........ccoeeeeiiiiiiiiiniiiee e 51

Figure 4-4 Force-length relationship of skeletal muscles and change in the peak active
muscle force as a result of activation reduction (adapted from [103]).......cccveevveeennnnne 52

Figure 4-5 Simplified geometric representation of muscle fibers and tendon for
musculotendon modeling (adapted from [174]) ....ccccveeeeieeiiieeiiieecie e 55

Figure 4-6 Normalized force-length relationship of SEC (adapted from [164])............. 56

Figure 4-7 Schematics of the loads passing through the medial and lateral compartment
of the knee joint and the external knee frontal plane moment; the moment from the
external loads about both contact points should be balanced with internal moments of
the muscle and contact fOrCES. .......coouiiiiiiriiiiiiiee e 61

Figure 4-8 Linear enveloped EMG data measured during the stance phase for the first
subject (NEMG=Normalized EMG to maximum voluntary isometric contraction; mean
+ standard deviations are shown for three trials) .........ccccceeeviieeiiieniiecce e, 66

Figure 4-9 Absolute forces of the 10 simulated muscles for the first subject during the
stance phase of gait (horizontal axis shows % of the stance phase; mean+ standard
deviations are shown); the abbreviations used are: bflh=biceps femoris long head,
bfsh=biceps femoris short head, gaslat=lateral gastrocnemius, gasmed=medial
gastrocnemius, recfem=rectus femoris, semimem=semimembranosus,
semiten=semitendinosus, vasint=vastus intermedius, vaslat=vastus lateralis,
vasmed=vastus MEAIALIS. .....c..coviriiriiiriiriirieeee e 67

viii



Figure 4-10 The net resultant internal knee sagittal plane moment obtained through
inverse dynamics (solid line) and the moment predicted from muscle model (dashed
line) during the stance phase for the calibration trial (RMSE=7.15 Nm) for subject 1 .. 68

Figure 4-11 Net external resultant knee flexion/extension and ab/adduction moment for
subject 1 during the stance phase of the gait (mean= standard deviations are shown) ... 70

Figure 4-12 Normalized tibiofemoral joint medial and lateral contact forces during the
stance phase: (a) our results for subject 1 (mean + standard deviations), (b) Winby et al
[156], (c) Kim et al [106] (the thick black lines are the knee compartmental forces) .... 71

Figure 4-13 Normalized (xBW) total tibiofemoral joint total contact forces during the
stance phase (a) our results for subject 1 (mean + standard deviations) (c) Kim et al
[106] (the thick black line is the total contact force).........cevvvveriieriienieeiierieeiieeieeiene 72

Figure 4-14 Linear enveloped EMG data measured during the stance phase for the obese
(blue dashed line) and healthy weight (red solid line) subjects (NEMG=Normalized
EMG; mean + standard deviations are ShOWN) ..........cccoeeieriieiiieniiiiiienieecee e 74

Figure 4-15 Knee flexion and adduction moments for the healthy weight (red solid line)
and obese (blue dashed line) subjects during the stance phase (mean =+ standard
devIations ar€ SHOWIL) ......iiiiiiiiiie ettt et e e e e b e e s b e e e saaeeeabeeeareeenseeennns 75

Figure 4-16 Absolute muscle forces for the healthy weight (red solid line) and obese
(blue dashed line) subjects during the stance phase (mean =+ standard deviations are
shown.) ; the abbreviation used are: bflh=biceps femoris long head, bfsh=biceps femoris
short head, gaslat=lateral gastrocnemius, gasmed=medial gastrocnemius, recfem=rectus
femoris, semimem=semimembranosus, semiten=semitendinosus, vasint=vastus
intermedius, vaslat=vastus lateralis, vasmed=vastus medialis. ...........c.....cccevveeeevnnenenn. 76

Figure 4-17 Absolute medial, lateral, and total tibiofemoral joint contact forces for the
healthy weight (red solid line) and obese (blue dashed line) subjects during the stance
phase (mean + standard deviations are ShOWN.) ........ccccecueriiniiiiniininiineccceee 77

Figure 4-18 Muscle forces normalized to BW for the healthy weight (red solid line) and
obese (blue dashed line) subjects during the stance phase (mean + standard deviations
are shown.); the abbreviation used are: bflh=biceps femoris long head, bfsh=biceps
femoris short head, gaslat=lateral gastrocnemius, gasmed=medial gastrocnemius,
recfem=rectus femoris, semimem=semimembranosus, semiten=semitendinosus,
vasint=vastus intermedius, vaslat=vastus lateralis, vasmed=vastus medialis. ................ 79

Figure 4-19 Medial, lateral, and total tibiofemoral joint contact forces normalized to BW
for the healthy weight (red solid line) and obese (blue dashed line) subjects during the
stance phase (mean + standard deviations are ShOWN.) ........ccccueeevieeriieeniieenciie e, 80

X



Figure 4-20 Normalized knee flexion and adduction moments for the healthy weight (red
solid) and obese (blue dashed) subjects during the stance phase (mean + standard

devIations ar€ SHOWIL) ......iiiiiiiiiieeciee ettt ettt e et e e et e e e e e ssseeeabeeeareeenseeennns 80
Figure A-1 Mean EMG waveforms for the 6 groups in chapter 3 ...........ccccceeeevieennnn. 117
Figure B-1 Histograms for the Z-scores corresponding to the first 3 PCs for each muscle
o010 o TSR SUSRRRRRSRRRTR 118
Figure C-1 Lateral gastrocnemius reconstructed wavefomrs...........cccceeevveveieennveeenneen. 119
Figure C-2 Medial gastrocnemius reconstructed wavefomrs...........ccceeeeveeeeveencneeenneen. 120
Figure C-3 Lateral hamstrings reconstructed wavefomrs ..........cccccoceevericniencnncnnene. 121
Figure C-4 Medial hamstrings reconstructed wavefomrs ..........cccccoceeverviniininncnnene. 122
Figure C-5 Vastus lateralis reconstructed wavefomrs.........c.cccceecienieniniinicnenneneene. 123
Figure C-6 Vastus medialis reconstructed wavefomrs........c..ccceeceevieviniiniineenieneene. 124
Figure C-7 Rectus femoris reconstructed wavefomrs ............ccceeveeriieiienieenieenieeneens 125



ABSTRACT

Obesity is known as a major risk factor for the development and progression of knee
OA. It has been proposed to affect the joint through linked mechanical and metabolic
factors. However, its precise role in the pathomechanics of the disease is still not well
understood. Given the importance of altered mechanical environment in both initiation
and progression of knee OA, it is crucial to examine if and how obesity may affect the

joint mechanically.

This thesis is a continuing work of our group on the role obesity and its influence on
joint mechanics. Previous work in our group showed that obese individuals walk with
altered pattern of knee joint loading and furthermore, obesity may expose the joint to
higher absolute contact forces, found through an inverse dynamics model. Following the
previous work by our group, in this thesis we used the method of principal component
analysis to examine the role of obesity and its interaction with moderate knee OA on the
neuromuscular patterns of major knee muscles. Our results showed that obese
individuals walk with altered muscular activity, which was associated with delayed and
prolonged activation of gastrocnemius muscles and sustained activation of the
quadriceps muscles. This may result in sustained loading of the joint, proposed to be

detrimental to joint integrity.

Following our first study on the neuromuscular patterns of major knee muscles, we
implemented an electromyography driven model to incorporate the real EMG activity of
knee muscles to estimate muscle forces and subsequently tibiofemoral joint contact
forces. The model was validated against existing literature and then were calibrated for
an asymptomatic obese and a healthy weight subject in order to find their medial, lateral,
and total joint contact forces. This case study demonstrated the ability of the model to
take into account the real activation patterns of the muscles in the estimation of muscle
and knee joint contact forces. Furthermore, it was demonstrated the obese individual
walked with higher absolute tibiofemoral joint contact forces compared to the healthy
weight subject. This result will be further investigated by applying the model a large
cohort with a range of BMI in the future.
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CHAPTER 1 INTRODUCTION

1.1 INTRODUCTION

Knee osteoarthritis (OA) is a progressive joint disease associated with a huge personal
and societal burden. Numerous interrelated factors are involved in the initiation and
progression of the disease. Although, a great deal of effort has been dedicated to
develop effective treatment options for knee OA, still there is no cure for the disease,
due to the existence of numerous risk factors, and their complex interactions.
Unfortunately, the last treatment option available is total knee replacement, which is

highly invasive and undesirable.

A broad range of risk factors such as age, sex, and joint trauma are associated with the
initiation and progression of knee OA, over a few of which we have control. Obesity is
the most important modifiable risk factors associated with knee OA. It is believed that
obesity endangers the joint environment through linked mechanical and metabolic
factors. Mechanically, obesity has been proposed to expose the joint to excessive
loading, resulting in injurious stress, which is known as the major player in the
initiation and progression of OA. Metabolically, obesity has been reported to
destabilize joint homeostasis through the overexpression of some hormones, which
weakens the structural integrity of the joint and makes it vulnerable to mechanical
loading. Although, altered metabolism of joint is an important factor, mechanical insult
is the main initiator of the disease, and as long as the abnormal biomechanic
environment of the joint is not taken care of, the joint will not heal. The huge amount of
endeavor to develop pharmaceutical interventions to ameliorate the diseased joint,
although, has been successful in treating the symptoms, but not in halting or slowing
the progression, because these treatments often do not address underlying
pathomechanics of the disease. Keeping this in mind, one of the keys to understanding

the influence of obesity in the pathomechanics of OA is to examine joint biomechanics



for alterations due to increased weight and body size (not only due to increased loading,

but also due to altered pattern of the joint loading and kinematics of the gait).

Knee OA and obesity induce altered gait kinematics and kinetics, and neuromuscular
patterns during self-selected gait, compared to normal gait. Although, modified gait
characteristics have been widely characterized for knee OA, there is still a lack of
information over the role of obesity in biomechanics of walking, specifically its effect
on joint loading. Previous work in our group showed that obese individuals walk with
altered pattern of the knee joint loading [1] and furthermore, obesity may expose the
joint to higher absolute contact forces found through an inverse dynamics model [2].
However, there has not been any studies, examining the neuromuscular alterations due
to obesity and its interaction with knee OA. Furthermore, to take into account possibly
altered neuromuscular activities in the estimation of the knee joint contact forces, a
model capable of incorporating the measured activity of the muscle should be
developed. Considering muscles are main determinants of joint contact loading, this
will give us a better understanding of the potential role of muscles in the production of
possibly large forces inside the joint that may predispose the joint toward knee OA
initiation or progression. Therefore, the main objectives of this thesis were to first
examine the alterations in the neuromuscular patterns of knee periarticular muscles and
then implement an EMG-driven model to estimate medial, lateral, and total
tibiofemoral joint contact forces and demonstrate the utility of the model to examine the

role of obesity on knee joint contact loading.

1.2 OBIJECTIVES

Although, there is a consensus over the role of obesity as one of the most important
modifiable risk factor associated with knee OA, the mechanism through which it affects
the joint is still unclear. Both mechanical and metabolic factors seem to contribute to

the disease; however, it has been widely accepted that an altered mechanical



environment of the joint is the major player in knee OA. Therefore, there is a need to
closely inspect the mechanical environment of the knee in obese individuals to
determine any possible alteration that may be contributing to the disproportionate rate
of OA development in the obese. This thesis is a continuing work of our group on the

role obesity and its influence on joint mechanics.

1.3 OBIECTIVE 1: ALTERATION IN NEUROMUSCULAR PATTERNS OF KNEE
MUSCLES

Altered joint loading due to obesity and OA suggests that the muscles spanning the
knee joint actuate the joint differently compared to a healthy joint. This can be due to
alteration in muscle activity or muscle physiological properties. Furthermore, it has
been proposed that obese individuals may have the ability to adopt neuromuscular
patterns different from healthy weight individuals, helping them to achieve lower loads
on their knees. Therefore, the first objective was fo examine the interacting role of
obesity and moderate knee osteoarthritis on neuromuscular patterns of the
periarticular knee musculature during self-selected gait. Principal component analysis
was used to examine not only differences in activation magnitudes, but also patterns
throughout the gait cycle, as EMG patterns have been implicated in the knee OA
disease process in previous research by our team. It was hypothesized that obesity and
moderate knee OA both are associated with altered lower limb muscle activity. It was
further hypothesized that neuromuscular changes occur in association with the

interaction between obesity and moderate knee OA disease presence.

1.4 OBIJIECTIVE 2: IMPLEMENTING AN EMG-DRIVEN MODEL OF KNEE TO
CALCULATE MEDIAL, LATERAL, AND TOTAL TIBIOFEMORAL JOINT
CONTACT FORCES AND PERFORMING A CASE STUDY TO EXAMINE THE
EFFECT OF OBESITY ON THE JOINT CONTACT FORCES

Due to the importance of contact load distribution on the joint in knee OA, particularly

in understanding the role of obesity in knee OA initiation and progression, there is a
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need to develop a model that is capable of estimating the amount of the loads applied to
the medial and lateral compartments of the knee, using experimental three dimensional
gait and EMG data. The model should be able to incorporate actual activation patterns
of muscles, which may be subject specific, or altered due to pathology or obesity.
Therefore, the second objective was to implement an electromyography driven
musculoskeletal model to estimate total, medial and lateral tibiofemoral contact forces
during self-selected gait and perform a case study to examine the influence of obesity
on knee joint contact forces. It was hypothesized that obesity would result in higher

tibiofemoral joint contact forces due to increased body mass.

1.5 STRUCTURE OF THESIS

This thesis is organized into five chapters. Chapter 2 gives a literature review on OA,
obesity, and musculoskeletal modeling for tibiofemoral joint contact calculation.
Chapter 3 contains the results of our analysis on the effect of obesity and its interaction
with knee OA on the neuromuscular patterns of major knee periarticular muscles
(objective 1). Chapter 4 explains the details of different steps of the implementation of
an EMG-driven model, the validation of the model against literature values, and a case
study, performed to examine the effect of obesity on knee joint contact forces
(objective 2). Finally, chapter 5 summarizes the thesis and it implications and

limitations, followed by concluding remarks and direction for future research.



CHAPTER 2 BACKGROUND

2.1 KNEE OSTEOARTHRITIS

Osteoarthritis (OA) is a degenerative joint disease, which results in loss of articular
cartilage, joint space narrowing, bony changes, pain and impaired mobility [3]. It is a
leading cause of disability world-wide [4], resulting in a huge societal burden, both in
terms of personal suffering and use of healthcare system [5]. The prevalence of OA is
increasing with an alarming rate in Canada [6], with Nova Scotia having the highest

rate in the country [7].

OA is a complex musculoskeletal disease, emanating from different interrelated
biological, mechanical, and structural factors [8]. It is defined as a group of overlapping
distinct diseases with different etiologies, with similar biologic, morphologic, and
clinical outcomes, affecting the entire joint, including articular cartilage, subchondral
bone, ligaments, capsules, synovial membrane, and periarticular muscles [9]. OA is the
result of the disruption of a joint’s normal stable environment, and believed to start due
to a mechanical insult [10]. Andriacchi et al. proposed a framework for the initiation
and progression of OA after an ACL (anterior cruciate ligament) injury, stating the
process can start by a change in the normal kinematics of the joint, resulting in a spatial
shift of the load bearing area on cartilage and its subsequent fibrillation, which is then
followed by enhanced friction forces, causing matrix breakdown [8]. Following the
start of the insult to the joint, which does not necessarily mean insult to articular
cartilage [11], other pathways also come to action to halt degeneration and heal the
joint [10]. Subchondral bone, which is responsible for attenuation of the transferred
load to the joint through its viscoelastic properties, starts to remodel and thicken [10].
This newly nonmineralized bone instead of improving the joint capacity to withstand
external loads, causes the thinning of articular cartilage, and can worsen the state of the
joint [12]. Furthermore, the breakdown of the cartilage is mediated by matrix

metalloproteinases, whose production is induced by cytokines released by chondrocytes
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in response to injurious mechanical loads [10]. Beyond the direct effect of mechanical
insult, capsule/synovium of the joint with OA may have an additive effect, resulting in
enhanced release of chemical substances and contribute to faster degradation of the
damaged cartilage [10]. The procedure explained above applies to secondary knee OA.
However, there is a huge range of demographical risk factors for the development of
knee OA, such as Obesity, Sex, Age, race, etc. The mechanism through which each
individual factor contributes to the disease is different, however, the outcomes and

symptoms are similar.

2.1.1 Gait analysis

Gait analysis is a valuable tool that gives us the ability to examine the biomechanics of
human gait and understand the underlying mechanisms of normal and pathological
walking [13]. Modern gait analysis uses motion capture and force platform to provide
important information about the kinematics and kinetics of walking. To explain, the
three-dimensional movement of body segments are tracked by passive or active
markers, attached to each segment, and ground reaction force (GRF), which is usually
the only external force, acting on the body during normal walking, is measured using a
force platform [14]. A simplified model of the body, composed of segments,
articulating relative to each other is considered and the measured marker data are used
to calculate the joint angles in each instance in time during the gait. This step, called
inverse kinematics, can be performed using different methods, including Cardan/Euler
[15], Joint Coordinate System [15], and Helical axis methods [16]. Afterward, the body
segment physical properties are estimated usually based on regression equations
obtained through cadaver studies (anthropometrics) [14]. Finally, inverse kinematics
outputs, GRF, and anthropometric data altogether are used as input to Newton’s
equations to estimate the moments and forces that produce the movement (inverse
dynamics). Obtained moments and forces are the result of muscles, ligaments and
articular contact forces. Among obtained variables through inverse kinematic and
dynamic analysis, knee flexion-extension angle, net resultant knee flexion-extension

and net resultant knee abduction/adduction moments have been used in literature as



important parameters, providing us with a better understanding of knee mechanics and
especially possible alterations due to knee OA and obesity.The knee is the joint most
commonly afflicted by OA [17], and most frequently associated with disability and
symptoms [ 18]. Gait analysis is considered to be a very important marker, revealing
information about the in vivo function of the joint [8]. Furthermore, walking is the most
common dynamic daily activity, loading the knee joint [19] and one of the most
common functional deficits reported by those suffering from knee OA [20]. Therefore,
numerous gait studies investigated the effect of knee OA on the biomechanics of
walking. Most commonly reported changes are slower walking speed and decreased
stride length [21, 22], decreased knee flexion angles [21-23], and moments [22, 24],
and increased peak knee adduction moment [19, 21, 22, 24]. The knee adduction
moment has been shown to be associated with severity [24], progression [25], and
symptoms of knee OA [26]. It is considered to be a measure of the relative distribution
of load on the medial and lateral compartments of the knee [27], explaining the in vivo
environment of the joint. These alterations due to the disease, however, have not been
reported in all studies, specifically in individuals with moderate stages of knee OA.
Some studies found no difference in the peak knee adduction moment [28, 29], walking
speed [28, 29], and knee flexion angle between asymptomatic and individuals with
moderate knee OA [28]. This may have happened due to differences in demographics
and severity of knee OA and the methodological differences among studies. Some of
the mentioned studies used multivariate objective analysis method, principal
component analysis (PCA), allowing them to examine amplitude and temporal
differences among waveforms, rather than only comparing peak and mean parameters

subjectively [22, 30-33].

2.1.2 Electromyography

Muscles are primary structures that cause body movement. However, inverse dynamics
and kinematics do not provide us with sufficient insight to the muscle activity.
Electromyography (EMG) is an experimental technique concerned with the

development, recording and analysis of myoelectric signals, resulting from the



propagation of action potentials through muscle fibers [34]. EMG is essentially
superposed action potentials of active motor units innervating muscle fibers and can be
measured using especial electrodes through skin in the form of voltages (called raw
EMG) [35]. The voltage usually varies between £5 millivolt, with frequency contents
between 6 and 500 Hz [34]. Raw EMG data can give us some information such as the
periods that the muscle are on or off; however, for quantitative amplitude analysis
usually raw EMG signals are processed to increase the reliability and validity of
findings [14, 35]. Raw EMG signal is first full wave rectified (all negative values are
converted to positive values) and then smoothened (using different methods, such
moving average, low pass filter, etc) and the results are called linear enveloped EMG
wavforms [34]. Obtained EMG signal (millivolt scaled) strongly depend on the
experimental condition, such as electrode placement, and cannot be used for other
purposes, such as force estimation, comparison among different muscles, or subjects.
One solution to overcome this problem is normalizing obtained signals to a reference
value. The most popular method to obtain a reference value for the normalization is to
perform maximum voluntary contractions (MVC), with the aim of eliciting maximal
activity of muscles that can be used as the reference values [34]. Linear enveloped
EMG waveforms are usually normalized to MVC values and then can be used for
comparison purposes among different muscles or among different cohorts (e.g.
asymptomatic group against knee OA group) or use as input to other algorithms such as
an EMG-driven model to estimate muscle forces. EMG waveforms have been used in
literature in different studies to characterize muscle activities during normal human
movement [36] and alterations that happen in different pathologies such as cerebral

palsy [37, 38], and knee OA [39].

Alterations in the activity of lower limb muscles have been reported in individuals with
moderate knee OA during walking [40]. Increased lateral muscle co-contraction has
been shown in individuals with knee OA regardless of severity, joint alignment, or
laxity.[33, 39, 41-43]. Alterations were also reported in the amplitude of the EMG
activity of muscles, including higher activity for vastii [43-45] and hamstrings muscles

[44-46]; although, the EMG amplitude of gastrocnemius muscles were not changed in



the presence of moderate knee OA [46, 47]. The duration of the activity of
gastrocnemius muscles were reported not to be affected by moderate knee OA [31, 46,
48], while vastus lateralis and rectus femoris [31, 39, 48], and hamstrings activity [31,
39] durations were reported to be higher for individuals with moderate knee OA. These
altered muscle activity patterns in individuals with knee OA may have deleterious
effects on joint loading and stability and further modeling studies should be performed
to examine how the joint contact forces are altered in the presence of these alterations

in muscle activity.

Joint damage occurs when the structures protecting the joint fail, and this happens when
there is an impairment of joint protectors or when transarticular loads go beyond the
physiological limits [49]. Based on this, risk factors can be viewed as factors that
endanger the joint integrity and those causing excessive loading [49], especially high
load rates [10]. Different systemic risk factors, such as age, female sex, genetic
predisposition, higher insulin-like growth factor-1, accompanied by local risk factors,
such as malalignment, mis-shapened joints, proprioceptive deficiencies, meniscal
damage, and muscle strength may result in joint vulnerability [5]. On the other hand,

obesity and occupational activities, for example, cause excessive loading of the joint

[5].

2.2 OBESITY

Based on what is called by World Health Organization as a global epidemic of obesity,
increased rate of obesity and overweight will cause a devastating impact on the health
of societies [50]. In Canada as part of this global epidemic, the rate of obesity increased
from 11.5% and 15.7% reported in 1978 to 22.9% and 23.2% for men and women in
Canadian population, showing a sharp increase [51]. Furthermore, it is reported the
prevalence of childhood overweight has increased dramatically in economically
developed countries [52], which is unfortunate due its influence on young people’s
psychosocial development and long-term effects on mortality and morbidity [53].

Obesity increases the risk of a number of chronic diseases.



Body mass index (BMI) is usually used as a variable to assess obesity. Although, it has
been considered as a convenient and almost effective measure of obesity in children
and adolescents [35], there are some limitations with it. In two review studies it was
found that BMI as measure of obesity has high specificity but low sensitivity to detect
excess adiposity and fails to identify over a quarter of children and half of the people
with excess body fat percentage [36, 37], especially when BMI is less than 30 kg/m2
[38]. Furthermore, it is not an appropriate measure for individuals with muscular bodies
such as body builders [39]. Using other method such as bioelectric impedance can give
us a better understanding of individuals’ body fat [38]. In this thesis, due to its wide use

we used BMI to categorize our subjects into different groups.

Obesity is known to be the most important modifiable risk factor for knee OA [54-59].
The potential role of obesity in the initiation of knee OA is doubtless [60, 61]; however,
there is controversy over its effect on the structural progression of knee OA; some
studies reported significant progression [62, 63], while others did not [64, 65], and this
seems to be the results of two reasons. First, the usual criterion used to assess the
progression of the disease is joint space narrowing (JSN), which has been proposed to
be insensitive to the changes happening in the joint and produce variable results [66].
Second, the effect of obesity is modified due to the coexistence of other risk factors,
associated with knee OA, most importantly knee malalignment [66], which is itself a
major risk factor for the disease, imposing its effect by changing the internal loading of
the joint [67]. It has been reported that the effect of body mass on progression may
depend on the extent of malalignment [65, 66, 68]; however, how the two factors
interact is not known. Felson et al. reported that BMI does not have any effect on
disease progression for neutral or severe malaligned knee; however, can affect knees
with moderate malalignment [66]. Niu et al. stated that high BMI increases the risk of
progression for knees with neutral alignment, but not varus malalignment. Furthermore,
BMI can have small effects on the progression of valgus aligned knees [65]. Therefore,
it is needed to consider knee alignment, when examining the effect of obesity in the

progression of knee OA.
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Although the true mechanism of the obesity in knee OA is not known, the role of both
mechanical [49] and metabolic processes [69] are widely accepted. However, how these
two interact and which one precedes the other one, is not known. Grotle et al. suggested
knee OA is correlated to the OA of hand and wrist [70], while Pottie et al. reported the
correlation between obesity and OA of non-load bearing joints [71]. These two studies
suggest that there may be systemic risk factors associated with knee OA. Adipose tissue
is an endocrine organ, capable of releasing substances such as cytokines and
adipocytokines (for example, leptin, resistin, and adiponectin). The overexpression of
these substances may destabilize the homeostasis of the joint and result in cartilage

degeneration [69].

The other hypothesis emphasizes on increased knee joint loading as the primary effect
of obesity, causing knee OA [49]. Based on the framework proposed by Andriacchi, the
initiation of knee OA 1is the result of altered joint kinematics, causing the load bearing
area of the joint to be changed, which then followed by high shear forces emanating
from compressive forces, resulting in the breakdown of articular cartilage [8]. It has
been shown that obese people walk with increase total energy expenditure, showing
altered movement strategies [72]. These modified gait behaviors may result in a change
in the kinematic environment of the knee, followed by large compressive loads due to

higher body weight, consistent with Andriacchi’s framework.

Considering the proposed hypothesis on the mechanical role of obesity in knee OA, gait
analysis can be used as a valuable tool to examine the in vivo mechanics of the joint in
obese individuals. Alteration in gait biomechanics in obese people may be categorized
as “mass driven” or “behavioral” adaptations [73]. “Mass driven” adaptations refer to
direct, intuitive consequences of increased BMI, such as increased ground reaction
force (GRF). On the other hand, “behavioral” adaptations refer to the indirect results of
increased weight, over which the person has options, for example, smaller stride length.
Both kinds of adaptations happen due to weight alteration, either gaining or losing
mass. Modified kinematic gait parameters seem to be behavioral adaptations,

accompanying weight alteration. Different studies showed higher BMI was associated
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with slower velocity, shorter stride length, increased double support time, and
decreased knee range of motion (ROM), and maximum knee flexion angle in stance
phase [56, 74-77]. On the other hand, weight loss in obese people was associated with
opposite results, including increased swing time, stride length, gait speed, hip ROM,
maximum knee flexion, and ankle plantar flexion [73, 78, 79]. Some studies reported
similar kinematics of obese and lean individuals [80, 81]. Messier et al. showed ankle
and hip kinematic variables were not associated with BMI, while knee maximum
extension is dependent on BMI [82]. Interestingly, DeVita et al. proposed altered gait
kinematics in obese individuals may be viewed as a compensatory mechanism to
prevent knee from high repetitive loading during gait by keeping the moment at a
constant level [83]. They claim there is an inverse linear relationship between step
length and BMI, realizing constant or even decreased knee flexion moment in obese
people [83]. Similar statements have been proposed in two other studies, investigating
the gait of pregnant women during pregnancy and 1 year after labor [84], and the gait of
individuals, carrying backpack [85], lending support to the idea. Based on DeVita et al.,
the ability of obese individuals to cope with increased weight may be the real risk factor
associated with knee OA [83]. Furthermore, the fact that not all obese people develop
knee OA, shows the possibility of the ability of some obese individuals to modify their

knee mechanical environment through ‘behavioral’ adaptations.

Kinetic alterations associated with obesity are less intuitive, compared to kinematics.
This is especially evident in the alterations shown in previous studies in knee flexion
moment. DeVita et al. reported obese individuals possess smaller sagittal plane peak
knee normalized moment (/body weight) compared to lean individuals during their self-
selected speed, and when walking with the same speed, they had the same normalized
moment as lean individuals [83]. Furthermore, only BMI larger than 30 kg/m? resulted
in a decrease in normalized knee sagittal moment, suggesting BMI of 30 kg/m? as a
start point for the appearance of new neuromuscular patterns to lower knee joint
loading [83]. Gushu et al. also reported obese children have the same normalized knee
flexion moment (/body weight*height) as lean individuals [77]. Increased weight due to
pregnancy [84] and carrying back pack [85] also did not result in increased normalized
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knee flexion moment. This complication may happen due to the interaction between
alteration in weight and its subsequent modified kinematics, having opposing effects on
gait biomechanics. DeVita et al. stated that altered kinematics, reflected as decreased
velocity, accompanied by increased peak vertical GRF maintained the knee moment at
almost a constant value [83]. However, Browning et al. reported that sagittal plane
absolute (not normalized, in Nm) knee moments increased due to obesity, as a result of
greater peak vertical GRF and the same kinematics as lean individuals [80]. They also
showed decreased velocity resulted in decreased knee joint flexion moments [80],
confirming the effect of velocity on joint sagittal plane moments. However, both
studies reported increased ankle plantar flexion moment due to increased obesity,
possibly because of the necessity of larger forces to propel the heavier body [80, 83,
84].

On the other hand, some of the weight loss studies suggested absolute knee sagittal
moment did not change after reduction in BMI [73, 86, 87]. In a study by Hortobagyi et
al. obese individuals underwent massive weight loss of 33.6% of their initial weight
through metabolic surgery; however, interestingly, their absolute knee and hip moment
in sagittal plane did not change, ankle moment decreased, and normalized knee flexion
moment increased 77.4% probably due to 7.9% increase in the walking speed [73]. All
these studies strengthen the hypothesis proposed by DeVita, stating that there may be
some compensatory mechanisms associated with weight modification, trying to achieve

the same amount of sagittal plane knee moment.

Alteration in knee adduction moment with obesity is also not clear. The results of
different studies regarding absolute knee adduction moment for people with high BMI
have been different, suggesting higher moment [80], and the same moment [77]; while
the latter showed normalized knee adduction moment (/body weight*height) was higher
for obese individuals. This differences could have happened due to different mean BMI
of the groups included in the studies, as the former included a cohort of females and
males with mean BMI of 37.0 and 34.1 kg/m?, respectively; while the other study had
two groups with different mean BMI of 18.0 and 29.9 kg/m?.

13



In weight loss studies, the results based on the way the knee adduction moment is
presented is different; absolute knee adduction moment decreased after weight loss [73,
86], and stayed the same [88], while normalized moment was reported to decrease after
weight loss [86, 87]. It also has been suggested that there may be a limit of weight loss,
after which further weight reduction does not result in any further decrease in knee
adduction moment [73, 87]. There is only one study reporting normalized knee rotation
moment, showing decreased peak moment associated with weight loss [87].
Furthermore, in a study by our research group here at Dalhousie, Harding et al. used
PCA to analyze the effect of obesity and OA and their interaction on biomechanics of
gait. They found alterations in gait biomechanics due to obesity are in the patterns of
knee joint loading rather than only peak and mean parameters. Their results showed
obese individuals had lower late stance normalized extension moment, and more

constant normalized knee adduction and rotation moments during stance [1].

Given the associations found in previous work between the knee adduction moment,
and initiation, progression, and severity of knee OA, taken together previous study
suggests that a higher BMI is associated with altered mechanics that may be detrimental
to the mechanical integrity of the knee joint, and also that weight loss may improve
mechanics in a favorable direction, supporting the notion that weight loss could be
considered as an effective treatment option for knee OA. However, when prescribing
weight loss and exercise as a treatment for knee OA, it must be noted that decreased
BMI usually results in increased velocity which otherwise increases GRF,
counteracting the effect of weight loss on knee joint loading [73]. More works needs to
be done to understand how the myriad of joint-level changes that may accompany
weight loss affect the amount, frequency and duration of joint loading to fully

understand mechanical repercussions of the treatment.
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2.3 KNEE JOINT CONTACT MODELING

Given the crucial importance of the internal mechanical environment of knee in the
initiation and progression of knee OA, determining articular contact loading in the knee
joint can further our understanding of the pathomechanics of the disease. The first
method is the direct measurement of contact forces using instrumented prosthesis [89];
use of this method is limited to individuals who are implanted with total knee
replacement, which is highly invasive and undesirable; furthermore, these people
usually develop different neuromuscular patterns after the surgery [32]. Therefore,
considering muscles as primary contributors to joint loading [90], the loading

environment of the knee may be altered.

Another approach is the use of musculoskeletal modeling, which can be employed to
predict articular contact, muscle and ligament forces, and tissue-level stress and strain,
which are major quantities in biomechanical studies [89]. Musculoskeletal modeling
makes us capable of developing subject specific analysis in order to explore different
treatment options, reduce the level of subjectivity in treatment planning process, usually
seen in clinical settings, and optimize clinical outcomes on an individual patient basis
[89]. The most significant barrier against wide use of these models in clinical settings,
is the lack of validation studies, proving the developed computational model predicts
biomechanical quantities accurately [89]. The use of instrumented prosthesis opens an
opportunity to directly measure articular contact forces and thus offers an opportunity
to indirectly validate modeling approaches, determining articular contact forces through
calculated muscle forces [91]; however, this can be done only on a specific group of
individuals who are candidates for knee replacement, which is usually the last treatment
option available. Therefore, in earlier stages of the disease, when there is a need to
develop interventions to ameliorate the mechanical loading on the joint and halt the
progression of the disease, the only possible approach is the use of computational

methods. To do so, muscle forces must be first estimated, which can then be used to
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predict articular contact forces; however, the problem is the redundancy present in
musculoskeletal system, making the unique computational prediction of muscle forces
impossible [90]. Furthermore, direct measurements of muscle forces in vivo is limited
to minimally invasive measurements in superficial tendons [92], or the measurements
of the muscle forces using force transducer placed on tendons in operation room and
removed at the end of surgery [93], which are also not feasible in clinical settings [91].
To complicate matters, determination of tibiofemoral contact forces itself is an
indeterminate problem, because at least two regions of contact exists [89]. Despite
these limitations, musculoskeletal modeling has been used in different studies and in
some cases successful in predictions. Three different methods have been employed in
research studies to predict mentioned biomechanical quantities; namely reduction
methods, optimization methods, and EMG driven methods [89], all of which try to

resolve the redundancy in musculoskeletal system.

One possible solution to solve the redundancy problem in musculoskeletal system is the
use of reduction method, seeking to reformulate the muscle force estimation problem so
that the number of unknown muscle forces equals the number of equations available
from inverse dynamics [89]. This is usually done by removing the unknown muscle
forces or combining the muscles that do the same function [89]. In spite of its
simplicity, in some studies it turned out to predict total knee joint contact forces,
sufficiently close to their true values [94, 95]; however, it is not able to capture
coactivation among muscles [89] and therefore, is not appropriate for examining joint
loading in knee OA, as it has been shown that individuals even with moderate levels of

knee OA walk with increased co-contraction of lower limb muscles [31].

Optimization based methods resolve the redundancy problem of musculoskeletal
system by usually minimizing (or maximizing) a performance criterion [91]. They can
be inverse or forward dynamic simulations, based on the method the equations of
motion of the skeletal system are used, and can be static or dynamic optimization,

based on the way the optimization index is formulated [91].
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Inverse dynamic based optimization solves equations of motion algebraically, using
experimental kinematics and GRF data as inputs to determine the resultant joint
torques, which then are distributed among the muscles based on static optimization, in
which an index at each instant is solved to find the muscle forces, without the need of
the data in other time points [91]. The most common used index for lower extremity
during gait is sum of cubed muscle stresses [96], expressed to maximize the endurance
during walking [91]. Although, computationally efficient, inverse dynamic based
optimization methods are strongly dependent on experimental data [97], in which
inaccuracies due to the noises and other artifacts is inevitable; furthermore, the method
is not capable of prediction of high muscle co-contractions in knee OA [98], and the
typical indices used to find muscle forces may not be true in the presence of pathologies

[91].

Forward dynamic based methods involve the integration of motion equations of the
skeletal system, to predict the movement, which optimizes an index [91]. The method
can be used to estimate muscle forces, to achieve experimental kinematic and kinetic
data tracking [91]. Forward dynamics assisted data tracking employs a function of
experimental data, usually second norm of the difference between predicted and
experimental generalized coordinates, to estimate muscle activations through
integration of motion equations [91]. This method has been used usually to reliably
reproduce experimental data, and then exploring injuries by perturbing obtained
optimal parameters [99]. The advantage of the method over inverse dynamic based
methods are the possibility of incorporation of muscle activation behavior, and less
dependency on the experimental data; however, unfortunately it is computationally

demanding [91].

When there is no experimental data available or prediction of the musculoskeletal
system under possible treatment options is needed, forward dynamic optimal methods
can be used [91]. The performance criteria usually is a function of kinematic and
muscle activations, and more importantly time dependent, making it a dynamic

optimization problem [91]. Predictive simulations can be done to assess changes in
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control of muscles and their forces as a result of therapeutic interventions, surgery and
rehabilitation [100]. The limitations of the method are unknown objective functions for

some tasks, computational complexity, and implementation difficulties [100].

Finally, EMG driven models exploit measured muscle EMG, in addition to measured
kinematic and GRF data as input, to resolve muscle redundancy problem [89]. This
method can be used in combination with forward dynamics, where prescribed muscle
activation patterns are fed into a muscle model and associated movement of the skeletal
system will be predicted [101]; or it can be used in combination with inverse dynamics
data to calibrate unknown muscle parameters, in a way that predicted moment of the
muscles around a joint matches corresponding inverse dynamics moment [ 102, 103].
The most important advantage of the method is the possibility of incorporating real
activation patterns and co-contraction of muscles [91], which can be altered due to
pathology, specifically knee OA [31]. The limitations include the need to measure
EMG of muscles, and the lack of deep muscle EMG activities [89].

Most of the musculoskeletal models, which have been used to find the knee articular
contact forces (Table 2-1), overestimated tibial contact forces [89]. While the results of
published studies on total tibial contact forces based on the measurements done through
the use of tibial instrumented implants, range from 1.8 to 3.0 body weight (BW),
usually remaining between 2.0 to 2.5 BW, modeling studies reported the forces ranging
from 1.8 to 8.1 BW, with the most estimates are between 3.0 to 3.5 BW [94, 95, 104-
121]. These inaccuracies may be due to inaccurate moment arms or muscle parameters
[89]. Only three studies used EMG driven models [119-121], while the others used
reduction or optimization methods; and only 8 studies determined medial and lateral
contact forces, among which two EMG driven studies, expressed the unloading of the

lateral compartment of knee during mid-stance in individuals with OA [120, 121].

A few studies investigated the effect of weight loss on knee compressive contact forces
through musculoskeletal modeling. Messier et al. used an inverse dynamic reduction

method and found each pound of weight loss results in 4 pound decrease in knee
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compressive forces (this study did not take to account the change in the velocity after
the weight loss) [87]. Using the same model as Messier’s, Aaboe et al. suggested each
pound of weight loss results in 2 pound decrease in knee joint compressive forces
(Linear regression analyses here was adjusted for changes in walking speed) [86]. In
another study by Messier, older adults with knee OA enrolled in the Arthritis, Diet, and
Activity Promotion Trial, and subsequently were divided into three different groups of
no, low, and high weight loss groups (0%, >5%, <5%, respectively) and their knee
compressive and shear forces were calculated based on the Messier’s inverse dynamic
approach. The results showed high weight loss group (10.2%) decreased their knee
compressive forces significantly, which was found to be mostly mediated through the
decreased co-activation of hamstring muscles (while quadriceps muscle did not change)
[88]. Interestingly, in low weight loss group (2.6%) GRF decreased, while knee
compressive forces increased [88], showing GRF is not necessarily a direct indicator of
knee joint compressive forces. The study implies there should be certain thresholds for
weight loss after which improvement in joint mechanical environment happens. In
addition, one must note that discrepancies in the results of different obesity gait studies

may be due to the inclusion of groups with different mean BMI.

In his thesis, Harding adopted the model proposed by Devita [73] and used it to
examine the effect of obesity and OA and their interaction on compressive and shear
contact forces of the knee [2]. He found that BMI did not have any effect on normalized
shear, compressive, and muscle forces, while the presence of OA resulted in lower first
peak of normalized shear forces, and lower normalized quadriceps and gastrocnemius
muscle groups. On the other hand, comparing absolute force values, he found that there
was no effect of the disease, while higher BMI resulted in higher second peaks of shear
and compressive forces, as well as higher peak of hamstring and quadriceps muscle
activity. Furthermore, significant interaction was found between OA presence and BMI
for absolute force values of quadriceps muscle, stating that asymptomatic group has

higher peak quadriceps muscles forces than OA group with higher BMI.
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Kumar et al. used an EMG-driven model to examine the effect of OA on knee joint
contact loading [120, 121]. In their first study, they used experimental kinematic,
kinetic and EMG data of a healthy individual and a subject with knee OA. Their results
showed the OA subjects had higher medial contact absolute load in both halves of the
stance phase, and higher absolute lateral contact loads in the 1% half and lower in the 2™
half of the stance phase. They also found the healthy subject and individual with knee
OA had 75 to 80% and 95 to 100% of the total load on their medial knee compartments,
respectively. Finally, lateral unloading was observed for the OA subject in mid stance
[120]. In their second study, they used the same model to study the knee joint contact
loading of 12 control subjects and 16 individuals with knee OA. The results showed
normalized medial and lateral contact forces were the same for the whole stance for OA
and asymptomatic individuals; on the other hand, absolute medial contact load was
higher for OA group through the first half of the stance phase (with the same lateral
loading through this half). There was no difference in absolute medial and lateral
contact loads between the groups in the 2" half of stance phase. Furthermore, it was
observed that half of OA individuals experienced lateral compartment unloading at mid
stance. In addition, using linear regression, they found increased mass was associated

with increased absolute medial loading [121].

2.4 SUMMARY OF MOTIVATION

Knee joint contact forces, especially medial joint contact forces are important variables,
when we are dealing with knee OA. Knee adduction moment is usually considered to
be an indication of medial joint contact forces; however, the medial joint contact forces
are the results of an interaction between the knee adduction (external forces) and
muscles (internal joint forces) [104, 119]. Therefore, higher knee adduction moment
[77] or more constant knee adduction moment [2], reported for obese individuals do not
necessarily mean the same alterations in knee joint contact forces. Modeling work
should be performed to estimate the joint contact forces to be able to draw strong

conclusions about the influence of obesity on knee joint contact forces. The model
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should be able to use measured EMG activity of the muscles to predict muscle forces
and calculate the knee joint contact forces. Therefore, in this thesis, due to importance
of muscle activities, we first tried to examine any alteration in the activity of knee
muscles due to obesity and then use these measured EMG activity in an

electromyography-driven model to examine the joint contact forces.

Table 2-1 Results of different study on knee joint contact modeling (obtained and

modified from [89])
Study No. of Total Force | Medial Force | Lateral Force
Subjects (xBW) (xBW) (xBW)
Morrison [110] 12 2.1-4.0 - -
Seireg and Arvikar 1 6.7 - -
[113]
Mikosz et al. [111] 1 5.0 - -
Schipplein and 1 3.2 - -
Andriacchi [108]
Kuster et al. [109] 12 34-3.9 - -
Wimmer and 1 33 - -
Andriacchi [116]
Komistek et al. [94] 1 2.3 - -
Lu et al. [95] 2 2.2 - -
Heller et al. [107] 4 33 - -
Taylor et al. [115] 4 2.7-2.8 - -
Shelburne et al. [104] 1 2.9 2.4 0.5
Thambyah et al. 10 2.9-3.5 - -
[105]
Shelburne et al. [112] 1 2.7 2.2 0.5
Kim et al.[106] 1 2.0-2.6 1.2-1.8 0.8-0.8
Lundberg et al. [117] 1 35 2.5 1.0
Wehner et al. [118] 1 3.3 - -
Winby et al. [119] 1 3.0-4.4 2.0-3.0 1.0-1.4
Catalfamo et al. 1 8.1 - -
[122]
Lin et al. [114] 1 1.8-3.6 1.4-2.7 0.4-0.9
Kumar et al. [120] 2 - 2.1-3.1 1.2-1.9
Kumar et al. [121] 28 2.9-4.5 1.9-3.0 1.0-2.5

21



CHAPTER 3 Alteration in Activation Patterns of Knee
Muscles during Gait due to Obesity

3.1 INTRODUCTION

Osteoarthritis (OA) is a degenerative joint disease, which results in loss of articular
cartilage, bony changes, joint space narrowing, pain and impaired mobility [3]. The
knee is the joint most often afflicted by OA [17, 123], and most frequently associated
with disability and symptoms [18]. Numerous risk factors are associated with the
initiation and progression of knee OA, among which obesity is known as the most
important modifiable risk factor [54-57, 70, 71, 75]; however, its role in the initiation

and progression of the disease is unclear [124, 125].

Obesity, as measured by Body Mass Index (BMI), affects the knee joint through linked
mechanical [73, 88] and systemic risk factors [69, 71]. Mechanically, it may result in
excessive joint loading [25, 73, 80], usually inferred from peak gait parameters, such as
peak knee adduction moment [77, 80]; however, the patterns of knee joint loading may
also alter in the presence of obesity [1]. These altered loading patterns during walking
may deleteriously influence the joint through the application of force on some parts of
articular cartilage, which are not adapted to high loads and this can induce cartilage

break down and subsequent joint degeneration [8].

Muscles are primary contributors to the joint loading [90]; therefore, altered mechanical
environment of the knee in the presence of OA and obesity may occur as a result of
changed activation of the major muscles around the joint. Several studies reported
altered muscular activity of the knee periarticluar muscles in the presence of knee OA;
Increased cocontraction [33, 39, 41, 42, 47], increased EMG amplitude [31, 33, 48],
and prolonged activation of the lateral muscles [31, 33, 39, 126] are typical alterations
seen in the presence of knee OA, regardless of the disease severity, knee alignment or
joint laxity [40]. These altered patterns toward higher activation of lateral muscles is
proposed to be an attempt to reduce medial joint loading and increased knee joint active

stiffness during the stance phase [31, 33, 39, 40, 48]; However, a modeling study
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reported that this new compensatory mechanism may actually increase lateral contact
forces, while preventing the medial forces from increasing, suggesting the increased
lateral co-contraction can only improve the joint stability, but not the joint loading (it

increases the total joint contact force ) [127].

A few studies also examined the influence of obesity on activation patterns of lower
limb muscles in healthy children [128, 129] and female adolescence [130], and reported
no difference between obese and non-obese individuals. However, studies,
investigating the effect of load carrying on lower limb muscle activity found increased
activity of gastrocnemius [131-133], rectus femoris (RF) [132], and vastus lateralis
(VL) [131, 134] and prolonged activity of biceps femoris (LH) [131] and VL [132].
This implies that the nature of obesity, as an undesirable multifaceted condition, is
much more complicated than solely increased mass, and requires more investigation to

be appropriately understood.

All of the above mentioned studies on the effect of obesity on EMG activity of lower
limb muscles, used some discrete subjectively chosen variables, such as integrated
EMG [131] or burst duration [129]. The emergence of principal component analysis
(PCA), a multivariate statistical method, as a tool in the field of gait analysis has given
the researcher the ability to examine the patterns of gait data [135]. PCA is essentially a
transformation of the original waveforms to a new space that reveals features of the
data that could not be seen before [136]. This technique has been used to examine gait
kinetic and kinematic [1, 137-140] and electromyography [31, 33, 36, 46, 141] features.
Hubley-Kozey et al. has used PCA to examine the effect of early to moderate knee OA
and muscles and their interaction on EMG activation patterns of knee periarticular
muscles [31]. Harding et al. [1] also employed PCA to examine the influence of knee
OA and obesity and their interaction on the biomechanics of walking in a cross
sectional study and reported altered gait patterns as a results obesity [1]; however, there
is a lack of information regarding the role of obesity and its interaction with knee OA
on the activity of knee periartiuclar muscles, which may play important roles in the

observed biomechanical alterations. Therefore, the aim of this study was to examine the
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effect of knee OA, obesity and their interaction on the major knee joint periarticular
muscles, using PCA. It was hypothesized that the disease and obesity and their

interaction alter the activation patterns of the knee muscles.

3.2 METHODS

3.2.1 Subjects

118 asymptomatic and 177 individuals with moderate knee OA participated in this
study. The data used here were drawn from two knee OA progression studies and a
study examining the effect of brace on knee biomechanics (progression studies were
funded by CIHR (principal investigator: Cheryl Hubley-Kozey) and NSHRF (principal
investigator: Janie Astephen Wilson); the brace study was funded by CIHR (principal
investigator: Cheryl Hubley-Kozey). Asymptomatic subjects were recruited through
university and hospital postings and had no history of knee pain. Individuals with knee
OA were recruited from the Orthopedic and Sports Medicine Clinic of Nova Scotia and
the Orthopaedic Assessment Clinic at the QEII Halifax Infirmary site. In line with our
previous work, subjects were diagnosed with moderate knee OA based on a
combination of their radiographs (anterioreposterior and lateral views), and a physical
and clinical examination by an orthopaedic surgeon and included if they were not
candidates for total knee replacement surgery [1, 31]. To be included in the moderate
OA group, subjects had Kellgren and Lawrence (KL) score between 1 and 3 [142],
showing mild to moderate joint changes. Subjects in both groups were included if they
were over 35 years old, able to walk a city block, jog 5 meters and walk up stairs in a
reciprocal manner. Exclusion criteria included history of cardiovascular disease, any
neuromuscular disease such as Parkinson’s Disease, stroke, etc, other forms of arthritis,
gout, or history of trauma or surgery to the lower limb [31]. All individuals signed a

written consent in accordance with the institutional ethics review board prior to testing.
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Asymptomatic and OA group were divided into three body mass groups based on their
BMI: healthy weight (20 kg/m*<BMI< 25 kg/m?), overweight (25 kg/m?< =BMI<30
kg/m?), and obese (BMI>=30 kg/m?).

3.2.2 Gait Analysis

Three-dimensional gait and surface electromyography (EMG) testing were performed
on all individuals. The aim of this study was to examine the muscle activation patterns;
therefore, details pertaining to EMG data collection and processing is only explained
here. The attachment points of the electrodes on the lower limb muscles, including RF,
VL, vastus medialis (VM), LH, semimembranosus (MH), lateral and medial
gastrocnemius (LG and MG) were initially determined based on standard anatomical
landmarks (Figure 3-1, Table 3-1) [143]. Isolated movement, aimed at activating
different muscles were performed by the subjects to validate the points chosen for
electrode attachment [144]. Afterward standard preparation of skin was performed
(shaving and cleaning with alcohol+water) and the silver/silver chloride pellet surface
electrodes ,10 mm diameter, 20 mm interelectrode distance) were attached in a bipolar
configuration (20 mm center-to-center) over the muscles on the attachment sites. A
reference electrode was mounted on the shaft of tibia. Raw EMG signal of the muscles
were pre-amplified (500x) and then further amplified (band-pass 10—-1000 Hz), using an
eight channel surface EMG system (AMT-8 EMG, Bortec Inc., Calgary, Alberta) with
a common mode rejection ration of 115 dB (at 60 Hz), an input impedance of about 10
GOhms and a sampling rate of 2000 Hz. A second set of isolated movements were
performed by the subjects to adjust the gains of the amplifier to ensure the collection of
a good quality signal and minimize the cross talk [145]. For the calibration of EMG
signals, a bias trial was performed while the subjects lied on a bed and completely

relaxed.

EMG, three dimensional marker data and ground reaction force were collected, while

the subjects were walking across a 6-meter walkway at a self-selected speed for a
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minimum number of 5 trials. To ensure consistency, an infrared timing system was
used to measure the walking speed during different trials and if a trial velocity was not
within the 5% of the mean velocity of all trials it was discarded and another trial was
performed. Three dimensional motion data were collected using an Optotrak-3020
motion capture system at 100 Hz (Figure 3-1) (Northern Digital Inc.,Waterloo, ON) and
ground reaction forces were measured with a sampling rate of 2000 Hz, using an AMTI
force platform (Advanced Mechanical Technology Inc.,Watertown, MA). These two
sets of data were used to determine the gait event data (heel contact and toe-off) [31,

46].

(b)

Figure 3-1 a) Electrode placement; b) ired markers
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Table 3-1 Guidelines for muscle site, location and orientation utilized for the
standardized placement of surface electrodes on the lower extremity,
obtained from Rutherford et al. [146]

Muscle site Location Orientation

Lateral gastrocnemius (LG) 30% distance from lateral knee joint Along lead line
line to the tubercle of the calcaneous
(ankle in neutral position)

Medial gastrocnemius (MG) 35% distance from medial knee joint Along lead line
line to the tubercle of the calcaneous
(ankle in neutral position)

Vastus lateralis (VL) 25% distance from the lateral joint line ~ 45° medial and
of the knee to the ASIS inferiorly to lead line
Vastus medialis (VM) 20% distance from the medial joint line  45° lateral and
of the knee to the ASIS inferiorly to lead line
Rectus femoris (RF) 50% distance ASIS to superior border Along lead line
of patella
Biceps femoris (LH) 50% distance from the ischial Along lead line
tuberosity to fibular head
Semitendinosus/semimembranosis  50% distance from the ischial Along lead line
(MH) tuberosity to the medial joint line of the
knee

To elicit maximal voluntary EMG activity, needed to normalize the gait EMG data, 8
different maximum voluntary isometric contraction (MVIC) exercises were performed,
each twice for a time period of 3 seconds, with a time interval of one minute in between
(7 exercises were performed on a Cybex dynamometer (Lumex, NY)). These exercises
were identified from a series of pilot studies to determine exercise positions that elicited
maximal activation amplitudes from the seven muscle sites in a small test set [146]. The
exercises include: 1) Seated knee extension in supine, with knee at 45° of flexion; 2)
Simultaneous knee extension and hip flexion in the same position as 1; 3) Seated knee
flexion in supine, with knee at 55° of flexion; 4) Knee extension in supine, at 15° of
knee flexion; 5) Knee flexion in supine, at 15° of knee flexion; 6) Plantarfelxion in
supine, with the ankle in neutral and knee close to full extension; 7) Heel rise while
standing on only one foot; 8) Knee flexion in prone position, at 55° of knee flexion.
Before each MVIC exercise a practice was performed and then the real exercises were
performed by the subjects with the verbal encouragement of the clinician, while visual
feedback of the torque production was also available. A gravity trial was performed for

each MVIC task, while all lower limb muscles were completely relaxed.
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3.2.3 EMG processing

The force platform and marker data were used to find the start and end of the gait cycle
(heel strike to ipsilateral heel strike), and the end of the stance phase. The EMG data
during the gait cycle then were band pass filtered between 20 and 500 Hz. The
frequency spectra of the resulting signals were looked for possible unusual spikes,
showing the presence of noise in the data and if any, a digital filter was used to remove
the noise. EMG signals then were corrected for gain and bias, full wave rectified and
low pass filtered using a second order non-recursive Butterworth low pass filter with a
cut off frequency of 6 Hz [14]. A moving average algorithm with a window of 0.1
second was used to find the maximum EMG activity for each muscle during MVIC
trials and the maximal values among all different exercises were used to amplitude
normalized EMG waveforms. For each individual, EMG waveforms of at least five
trials then were time normalized to the 100% of the gait cycle and ensemble averaged
to yield the final waveforms for all muscles. Final waveforms for each muscle group
were placed into the rows of three matrices, including a matrix for the three quadriceps
(Xgg5x101)> @ matrix for the two gastrocnemius (Xs599x101), and a matrix for the two
hamstrings (X599x101)- The mean values corresponding to each time point (percentage
of the gait cycle) were calculated and placed in the rows of a mean matrix with the
same size as each matrix and then the covariance of the resulting matrix were

calculated:

S101x101 = CoV(Xpnx101 — Xnx101) Equation 3-1
In which S, X, and X are the covariance matrix, EMG waveform matrix, and mean
matrix. To find the directions explaining the highest variability in the data, eigenvalues

and eigenvectors of the § were calculated [136]. This results in the following equation:

S =TATT Equation 3-2
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In which T, the transform matrix, is a 101X 101 matrix, containing eigenvectors in its
columns and A, the diagonal eigenvalues matrix, containing the variances for the new
set of uncorrelated variables. The projection of the original waveforms on to the first k

(k<101) eigenvectors (Up1xx) With the highest variability, will yield Z-score matrix
(Z nxk):

Zyxk = Xnx101 — Xnx101)U1o1xk Equation 3-3

Each row of Z contains the first k Z-scores for the corresponding subject.

Different methods exist to assess the ability of the chosen principal components (PC) to
explain the salient feature of the waveforms [136]; however, the following equation
was used to reconstruct the data and visual inspection was performed to make sure the

selected PCs capture the main features of the waveforms:

Xnx101 = Xnx101 + ZnxiUkx101 Equation 3-4

After visually comparing the reconstructed and original waveforms, three first PCs for
all muscle groups were chosen, in line with our previous works in order to capture the
major modes of variability among the muscle groups [31, 48]. There are different
methods to interpret obtained PCs [135], among which the representative extreme
method is simple and effective, and has been used in many studies [30, 31, 33, 46, 48,

140].

3.2.4 Statistical Analysis

Two-way analysis of variance was performed on stride characteristics with the factors
being, disease presence and BMI. Z-scores, corresponding to the first three eigenvalues
of each muscle group, were calculated for all muscle groups (histograms also were

obtained for the Z-scores to make sure they follow a normal distribution, APPENDIX
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B) and three factor analysis of variance was used to examine the main effects and two
and three way interactions among the factors, being disease, BMI, and muscle,
separately for each muscle group (9 Z-scores in total). A Bonferroni post hoc procedure
was performed to test for pairwise differences whenever there was a significant

interaction or main effect (for a factor with more than 2 subgroups) (@ = 0.05).

3.3 RESULTS

Table 3-2 shows the demographics, anthropometrics and stride characteristics of all the
groups. There were 59 healthy weight, 42 overweight, and 17 obese individuals in the
asymptomatic group, and 18 healthy weight, 75 overweight, and 84 obese individuals in
the knee OA group. OA groups were older and heavier compared to the asymptomatic

groups.

Table 3-3 shows the results of the two-way ANOVA performed on the stride
characteristics. OA group walked with shorter stride length and longer stride and stance
times and percent compared to the asymptomatic group. OA group overall walked
slower that the asymptomatic group. Obesity did not have any effect on walking

velocity.

Three PCs captured 85.2% of amplitude and temporal variation for gastrocnemius and
quadriceps, and 84% for Hamstrings muscles. The first PC for each muscle group
captured the overall amplitude and shape of the EMG signals, while the other PCs

contained subtle features of the temporal waveforms.
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Table 3-2 Demographics, anthropometrics, and stride characteristics of healthy weight,
overweight, obese, asymptomatic and moderate OA subject groups

Asymptomatics Moderate OA
HW oV OB HW oV OB

Age (yrs) 49.4+8.9 48.0£8.7  48.8+10.5 | 56.7£7.0 58.1+8.3 57.6+8.7

Height (m) 1.6740.09  1.70£0.09  1.69+0.10 | 1.71+0.11 1.74+0.08 1.72+0.1
Weight (kg) 64578  79.849.0  952+159 | 68.5+9.2 84.049.1 103.7+16.9

BMI (kg/m?) 22.6+1.6 27.5+1.5 33.243.5 23.4+0.7 27.8+1.3 34.8+4.0
Speed (m/s) 1.37+0.18  1.39+0.15  1.37+0.16 | 1.31+0.17 1.26+0.19 1.20+0.20
Stride length (m) | 143+0.12  1.47+0.13  1.44+0.14 | 1.43+0.17 1.42+0.15 1.35+0.16
Stride time (s) 1.06£0.08  1.07+0.09  1.06x0.07 | 1.10+0.08 1.14+0.12 1.13+0.10
Stance time (s) | 0.66+0.06  0.67+0.06  0.68+0.05 | 0.69+0.05  0.73+0.080 0.74+0.07
Stance percent 62.4+1.7 63.0+1.1 63.8+1.4 62.4+1.6 63.9+1.70 65.0+1.8

Table 3-3 P-values for the ANOVA performed on stride characteristics (
Py, P,, and P;, are the p-values corresponding to disease presence, BMI,
and their interaction, respectively; bold values are the statistically significant

ones.)
Py P, Py,
Stride length 0.019 0.14 0.23
Stride time <0.001 0.22 0.54
Stance time <0.001 0.014 0.29
Stance percent 0.003 0.000 0.13
Speed <0.001 0.27 0.30

3.3.1 Gastrocnemius

Figure 3-2 shows the first three PCs for the gastrocnemius muscles and the average

waveforms of the original waveforms, corresponding to the 5 highest and 5 lowest Z-

scores. PC1 captured minimal activity during early stance followed by a gradual rise in

activity, peaking just prior to 50% of the gait cycle then rapidly decreasing until toe off
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at 60%; PC2 captured a phase shift between in the activity of the muscles; and PC3
captured the difference between the EMG activity of early to late stance [31, 48].

Three factor ANOVA results for gastrocnemius muscles are shown in Table 3-4. A
significant BMI by disease interactions was found for PC2 (P<0.05) (Table 3-4).
Pairwise post hoc analysis (&« = 0.05/15) revealed OB asymptomatic individuals, had
significantly lower Z-scores than all other five groups (P<0.0026), showing that higher
BMl is associated with a delay in muscle activity. A BMI main effects was found for
PC3 (P<0.05) (Table 3-4). Post hoc Bonferroni comparison (@ = 0.05/3) revealed
obese individuals had significantly lower Z-scores compared to OV (P=0.007) and HW
subjects (P=0.0001).

A significant disease by muscle interactions was found for PC1 (P<0.05). Pairwise
Bonferroni comparisons (¢ = 0.05/6) revealed a significantly higher PC1 score for
asymptomatic MG compared to asymptomatic LG, OA MG, and OA LG (P<0.0001).
Significant disease by muscle interactions was found for PC2 (P<0.05). Post hoc
analysis (@ = 0.05/6) revealed higher score for MG OA compared to LG OA
(P=0.0010), higher score for MG asymptomatic compared to LG asymptomatic
(P=0.0000), and higher OA LG score than asymptomatic LG (P=0.0011). A disease
main effect was found for PC3 (P<0.05) (Table 3-4) that showed OA individuals had

significantly smaller Z-scores compared to asymptomatic individuals (P=0.0003).

Table 3-4 Results of three way ANOVA on the first three PC scores of gastrocnemius
(P<0.05 i1s significant; significant results are shown in bold)

muscles PC BMI Disease Muscle BandD BandM DandM BandDand M
1 0.98 0.0000 0.00 0.53 0.90 0.03 0.30
Gastrocnemius 2 0.00 0.0104 0.00 0.02 0.72 0.04 0.63
3 0.00 0.0000 0.09 0.20 0.67 0.66 0.71
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Figure 3-2 Gastrocnemius, PCs and the Original waveform, corresponding to the five
highest (red) and five lowest (blue) Z-scores and their average waveforms

3.3.2 Hamstrings

Figure 3-3 shows the three first PCs for the hamstrings and the average waveforms of
the original waveforms, corresponding to the 5 highest and 5 lowest Z-scores. PC1
captured high activity at initial foot contact, decreasing during the first 10-15% of the
gait cycle, increasing again around 85% of the gait cycle, peaking prior to heel contact;
PC2 captured the prolonged activation during stance phase, gradually decreasing until
toe off and the continual increase in activity during late swing; PC3 captured the
continual rise in activity prior to heel contact with the amplitude peaking just before

heel contact [31, 48].

Three factor ANOVA results for hamstrings are shown in Table 3-5. Obesity did not
have any effect on hamstrings PCs. However, a significant disease by muscle
interaction was found for PC1 (P<0.05) (Table 3-5). Pairwise Bonferroni comparison
(e = 0.05/6) showed LH OA had higher PC1 score than MH OA and both hamstrings

muscles of the asymptomatic group (P<0.0001). A disease main effect was found for
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PC2 (P<0.005), which revealed that OA group had a higher Z-score compared to
asymptomatic group. A disease main effect for PC3 (P<0.05) showed asymptomatic
individuals had significantly higher Z-scores than OA group.

Table 3-5 Results of three way ANOVA on the first three PC scores of hamstrings
(P<0.05 is significant; significant results are shown in bold)

muscles PC BMI Disease Muscle BandD BandM DandM B,Dand M
1 0.71 0.00 0.00 0.51 0.89 0.05 0.87
Hamstrings 2 0.07 0.02 0.26 0.40 0.70 0.38 0.40
3 0.70 0.00 0.10 0.54 0.62 0.21 0.55
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Figure 3-3 Hamstrings, PCs and the Original waveform, corresponding to the five
highest (red) and five lowest (blue) Z-scores and their average waveforms

3.3.3 Quadriceps

Figure 3-4 shows the first three PCs for the quadriceps and the average waveforms of
the original waveforms, corresponding to the 5 highest and 5 lowest Z-scores. PC1
captured a burst of activity during the loading phase peaking at approximately 10% of
the gait cycle, gradually decreasing to a plateau after 30% of the gait cycle, then

increasing prior to heel contact; PC2 captured an increase in amplitude during mid-
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stance, reflecting that activity was present for a longer duration; PC3 captured burst in

activity during late stance-early swing peaking at 70% of the gait cycle [31, 48].

Three factor ANOVA results for quadriceps muscles are shown in Table 3-6. BMI had
a significant effect only on PC2 (Table 3-6). Post hoc comparisons (¢ = 0.05/3)
showed higher score for obese group compared to the other two groups (the two latter

groups were the same).

A disease main effect was found for PC1 (P<0.05), showing OA group had higher
scores compared to asymptomatic group. A muscle main effect also was found for PC1
(P<0.05). Post hoc analysis (@« = 0.05/3) revealed RF had lower score compared to the
other two muscles (P<0.0001). A muscle main effect was found for PC2 (P<0.05) and
post hoc analysis (a = 0.05/3) showed higher score for RF compared the other two
groups. A disease main effect was found for PC3 (P<0.05) showing higher score for
asymptomatic compared to OA group, while a muscle main effect for PC3 (P<0.05)

showed lower score for VL compared to both RF and VM.

Table 3-6 Results of three way ANOVA on the first three PC scores of quadriceps
(P<0.05 1s significant; significant results are shown in bold)

muscles PC BMI Disease Muscle B and D Band M Dand M B and D and

M

1 0.30 0.00 0.00 0.54 0.99 0.40 0.97

Quadriceps 2 0.00 0.08 0.00 0.97 0.70 0.69 0.99
3 0.91 0.00 0.00 0.60 0.70 0.24 0.98
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Figure 3-4 Quadriceps, PCs and the Original waveform, corresponding to the five
highest (red) and five lowest (blue) Z-scores and their average waveforms

3.4 DISCUSSION

The results of this cross sectional study revealed alterations in the activity of knee
major muscles due to obesity, knee OA, and their interaction. It was found that obesity
may be associated with prolonged and delayed activation of prolonged gastrocnemius
(PC3, Figure 3-2, Table 3-4) and quadriceps (PC2, Figure 3-4, Table 3-6), which is in
contrast to the results of the previous studies, reporting no effect of obesity on lower
limbs muscle activity in children and adolescents [128-130]. Prolonged activation of
gastrocnemius and quadriceps muscle group in obese individuals may be an attempt to
enhance dynamic joint stability during the stance phase, possibly as a response to
increased weight [74, 147]; however, on the other hand, this strategy potentially
exposes the joint to higher cumulative contact loading, undesirable for the cartilage,
and also may result in muscle fatigue, which disrupts the active mechanism for shock
absorption in the knee joint [148]. The obtained results, regarding the effect of the

disease on muscle activities were consistent with the previous studies [31, 39, 48].
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3.4.1 Gastrocnemius

Obesity did not have any effect on the amplitude of the EMG of gastrocnemius (PC1,
Table 3-4). This is consistent with the results of previous studies, which reported there
was no difference in the EMG activity of gastrocnemius muscle of obese and nonobese
female adolescents [130] and children [128, 129]. This is interesting because it has been
shown that gastrocnemius muscles activity peaks at late stance to propel the body [114,
119], which necessitates the production of higher torques at the ankle joint and studies,
interrogating the effect of load carriage on the lower limb joint, reported an increase in
the activity of gastrocnemius muscles with loads up to 40% of BW and no change

afterwards [132, 133].

Significant BMI by disease interaction for PC2 demonstrated that obese asymptomatic
individuals had a delay in gastrocnemius muscle activity, compared to HW and OV
group. Gastrocnemius muscle forces play an important role on the knee joint contact
forces during late stance [114, 119]; therefore, this delayed activity and the resultant
imbalance between flexors and extensors [149] may result in the disruption of the
normal loading of the joint and expose the cartilage to high contact loads at

inappropriate time intervals.

Obese individuals walked with smaller PC3 scores compared to both HW and OV
group (Table 3-4). This shows the difference between early to late EMG activity of
gastrocnemius for the OB group is less than the other two groups. Smaller change in the
activity of the muscle through the stance phase also may be viewed as prolonged
activity, probably to enhance joint stability, while having the adverse effect of
prolonged loading of the knee joint. This can endanger the joint integrity and have
deleterious effect on joint mechanical environment [150]. Interestingly, this only
happened for the OB group and not the OV group, supporting the idea of existence of a
threshold for BMI after which individuals with higher mass may start to adapt new gait

and neuromuscular patterns [83].
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The OA group recruited the medial gastrocnemius muscle (MG) to a lesser degree
compared to the asymptomatic group, which is proposed to be a mechanism to reduce
medial joint loading (and probably due to slower walking velocity) [31, 40, 48].
However, in a recent modeling study, the activation patterns, obtained using a static
optimization, were perturbed to account for the activation patterns of OA individuals,
1.e., decreased MG activation and increased lateral muscle activation, and the knee joint
medial and lateral contact forces were obtained. The results demonstrated that these
altered compensatory patterns produced higher lateral and almost the same medial joint
loading, which may have the advantage of improving the joint stability, but not
reducing medial joint loading [135]. Consistent with previous studies, PC2 showed MG
muscles activity were shifted toward earlier time of the gait cycle compared to LG for
both OA and asymptomatic groups [31, 48]. Furthermore, it was found through PC3
that OA individuals have smaller difference between early to late stance activity of their
gastrocnemius muscles, that can be viewed as longer periods of activation for
gastrocnemius muscles and corroborates the results of the previous studies, expressing

increased cocontraction of shank muscles during the whole stance phase [39, 41, 47].

3.4.2 Hamstrings

There was no effect of BMI on hamstrings muscles activity, consistent with previous
studies on children and adolescents [128-130]; although, the ANOVA results showed
the BMI P-value for the PC2 to be 0.0679, which is close to be significant (Table 3-5).

Significant disease by muscle interaction for PC1 of the hamstrings, consistent with
previous works, showed OA individuals recruited lateral more than the medial
hamstrings [31, 48]. Increased lateral hamstring muscle activity was reported in OA
individuals [44, 45], probably to increase joint stability through increased agonist-
antagonist co-contraction [31, 40]. Increased PC2 scores for OA individuals compared
to aymptomatic subjects, demonstrated the prolonged activity of hamstrings muscle in
the OA group. Hubley-Kozey et al. [31] and Rutherford et al. [48] found this prolonged

activity for only lateral hamstrings sites, while our results showed prolonged activity
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for both medial and lateral sites. Furthermore, asymptomatic individual had higher PC3
scores compared to the OA group, stating the peak activity of their hamstrings muscle
happens before the heel contact, while the negative score for the OA individuals show
the peak hamstring activity after heel contact. This can be due to proprioceptive

deficiencies in knee OA [151, 152].

3.4.3 Quadriceps

The only main effect of BMI was in PC2, revealing that the OB group had prolonged
activity compared to both OV and HW groups. Interestingly, HW and OV group did
not have any difference, again implying there could be a threshold for the new
neuromuscular patterns to emerge [83]. Chori et al. reported backpack carriage equal to
20% of the body weight increased the duration of the activity of VL, MH, and
gastrocnemius muscle in the gait of healthy subjects, and when the backpack weight
increased to 50% of the body weight, only VL burst duration was furthered. They
concluded this altered neuromuscular patterns in the presence of increased weight can
be an attempt to maintain the same kinematics of gait [134]. The increase in the
duration of VL activity due to load carrying was also reported in another study by
Harman et al. [153]; they explained the EMG activity of the gastrocnemius muscle also
was increased with a load up to 42% body weight, and further mass increase only
resulted in increase in VL activity, suggesting that knee musculature is more important
than ankle plantar flexor in attenuating higher loads during gait [153]. This prolonged
activity of quadriceps muscle during stance phase may be an attempt to increase
stability in response to the higher loads due to high body weight, which on the other
hand may have adverse effects on the joint contact loading, resulting in the application
of high loads on the cartilage and its break down. We should keep in mind that obesity
is a complicated multifaceted condition and carrying some amount of mass for a short
time does not necessarily resemble the influence of obesity and even its influence on

psychological factors such as motivation may have drastic effect on the gait.
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Statistical analysis on PC1 for the quadriceps showed increased overall activity for OA
group compared to asymptomatic, consistent with previous studies [33, 48]; this
increased activity is reported to be a feature emerging due to the disease, not due to
different the walking velocities [48]. Furthermore, muscle effect for PC1 illustrated
higher overall activity for VL and VM compared to RF, consistent with [31, 33, 48].
This confirm the differential recruitment of the agonist muscles [31]. Significant higher
PC2 for RF compared to the vasti muscles, capturing longer duration of its activity,
specifically in stance is consistent with previous studies [31, 39, 48]. Significant muscle
and disease main effects were found for PC3, capturing a burst in the activity of the
muscles in late stance-early swing, with no interaction between the two factors; this is
in agreement with [48], however, different from [31], reporting an interaction between
the disease and muscles. Lower PC3 scores for OA group in our results illustrates lower
levels of activity during late stance-early swing, may happen due to the fact that there is
not much demand for the stability of the joint in the swing phase and therefore OA
individuals reduce their quadriceps activity, probably to reduce the pain. Furthermore,
as found by the muscle main effect for PC3, higher RF activity in the late stance-early

swing is associated with its biarticular nature [36].

There are some concerns with EMG measurement in the presence of high amount
adipose tissues for obese individuals. It has been proposed that adiposity reduces the
amplitude of the measured signal [154, 155] and increase crosstalk [145, 154].
However, first, it should be noted that only the first PC of each muscle group could be
influenced by the amount of the adipose tissues, as these PCs explain the overall
amplitude of the waveforms; therefore, we are not concerned about the results we
obtained for the quadriceps and gastrocnemius muscle based on other PCs, as those PCs
contain information about different points in the gait cycle and are relative in nature.
Furthermore, crosstalk in EMG measurement is inevitable [145] and in the case of
obese individuals this effect is more pronounced. However, we tried to maximize the
amplitude and minimize crosstalk in our EMG signals by doing the followings:
electrode placement based on standard protocols [143], using electrodes with small

surface areas and short bipolar spacing [145], palpating electrode placements while the
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subject were doing isolated tasks by an experienced kinesiologist [14], doing a second
set of isolated movement to adjust the gains of the amplifier and make sure a signal
with good quality and minimal crosstalk was being measured isolated movements

[145].

Altered activation patterns due to obesity and knee OA were found in this cross
sectional study; however, there is still unclear if these strategies ameliorate the
mechanical environment of the joint and slow the progression of the disease, or
degenerate the joint due to high and prolonged joint loading; longitudinal studies
should be performed to further investigate the effect of these mechanisms. In addition,
it has been proposed in two recent studies that there is relatively small correlation
between the EMG measured during gait and the knee joint contact forces [156, 157].
Therefore, inferring based on measured electromyography may be misleading and in
the case of this study, regarding the role of obesity, prolonged activation of
gastrocnemius and quadriceps may not necessarily imply prolonged joint contact
loading. Therefore, modeling studies, using measured activation patterns of the
muscles, specific to the obesity may improve our understanding of its effect on
mechanical joint loading. It should be also noted that although BMI is a frequently used
metric, as a measure of body mass [66], it may not reflect the real body compositions,
and mask some effects. Therefore, developing new parameters which are easy to use

and able to characterize altered body mass distribution effectively is worthwhile.

3.5 CONCLUSIONS

This study identified alterations in the activity patterns of the lower limb muscles due to
obesity, knee OA, muscles and their interactions. Obesity causes prolonged activation
of quadriceps and gastrocnemius, which can results in prolonged knee joint contact
loading. Longitudinal studies accompanied by modeling approaches should be
performed to examine how, important risk factors, such as obesity, contribute to knee
OA initiation and progression and possibly organize interventions to improve the joint
mechanical environment to halt the progression of knee OA or even prevent its

initiation.
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CHAPTER 4 EMG-Driven Model for Knee Joint Contact

Forces Estimation

4.1 INTRODUCTION

Osteoarthritis (OA) is theorized to be driven by high and prolonged forces within the
joint [13]. However, net resultant joint moments which are calculated during typical
biomechanical analysis, do not give us sufficient information regarding the internal
loading within the joints, because they oversimplify the contribution of muscle forces.
Specifically, knee adduction moment is known as an important variable which is
associated with symptoms [26], severity [24] and progression [25] of knee OA and
usually is considered as a measure showing the relative distribution of the joint contact
forces, with higher knee adduction moment corresponding to the higher medial joint
contact forces [27], implicated to be detrimental to joint integrity and resulting in OA
initiation and progression. However, care should be taken when inferring conclusions
based on this variable, as it is not always correlated with the joint contact forces [157-
159]. In the data published in the knee grand challenge competition

(https://simtk.org/home/kneeloads) from a subject who was implanted by an

instrumented prosthesis in 2012 [160], it was shown that medial thrust gait (gait pattern
that involved medializing the knee during stance phase) can reduce the knee adduction
moment; however, the knee joint contact forces increased both on the medial and lateral
compartment of the knee [159, 160]. Furthermore, individuals with pathologies such as
knee OA or joint laxity may have altered lower limb —muscle activation patterns [31,
39, 40], in a way that is associated with increased co-contraction of lower limb muscles
in order to improve the joint stability or possibly unloading the medial compartment of
the knee joint [31, 40]. In such cases, real joint contact forces may be elevated, while
the knee adduction moment does not change. Therefore, there is a need to measure the
absolute values of medial and lateral knee joint contact forces to understand how OA

affects the mechanical environment of the knee joint during gait.
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Obesity is a major risk factor for knee OA, which has been reported to influence the
knee joint through both altered loading patterns [1] and excessive loading of the joint
[73, 80], specifically increased knee adduction moment [77, 80]. This increased loading
usually is attributed to increased body mass; however, it has been shown that muscles
contribute to the joint loading the most [90, 109], and in the last chapter, we showed
that obese individuals walk with altered lower limb muscle activation patterns, i.e.
prolonged activity of quadriceps and gastrocnemius (and probably hamstrings).
However, EMG activity does not necessarily correlate with the knee joint contact forces
[157, 158]. Therefore, there is a need to examine tibiofemoral contact forces during

obese gait to understand the effect of obesity.

One method to measure knee joint contact forces is the use of instrumented prosthesis
[89, 160]; however, this method is only applicable to the individuals who are candidates
for total knee replacement [89, 91], and therefore cannot be used in earlier stages of
knee OA, where conservative treatment options may slow the progression of knee OA.
An alternative is to develop musculoskeletal models that give us the ability to examine
a range of biomechanical variables which are not readily feasible to measure through
experiments [89, 91]. EMG-driven modeling is a method that is used to solve the
muscle redundancy problem and subsequently find tibiofemoral joint contact forces. In
contrast to other methods, this method uses the measured activation patterns of muscles
and therefore, is able to take into account the co-contraction seen in some pathologies,

such as knee OA [91].

The aim of this study was to first implement an EMG-driven model which can be used
to estimate medial, lateral and total knee joint contact forces during gait, and then use
the model for one asymptomatic healthy weight and one asymptomatic obese subject
(with similar self-selected walking velocities) in order to demonstrate how obesity

might change the tibiofemoral joint contact forces during gait.
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4.2 METHODS

4.2.1 Subject

Three individuals with asymptomatic knees were included in this study. The first
subject was an overweight subject (BMI=26.3 kg/m?, age: 40 years, speed=1.26 m/s)
and his data was used to implement and validate the model. Second and third subjects
were obese (BMI=30.1 kg/m?, age: 53 years, speed=1.16 m/s) and healthy weight
(BMI=22.6 kg/m?, age: 49 years, speed=1.09 m/s), respectively (Table 4-1, Table 4-2).
These two subjects were included to demonstrate in a small case study the influence of
obesity on knee joint contact forces. The two subjects were matched as closely as
possible for age, sex, and walking velocity, to minimize any confounding effects due to
these factors on their gait patterns. They were also selected from an asymptomatic
cohort to prevent the presence of the confounding effect of OA on joint contact forces

and make the interpretation of the results possible.

4.2.2 Gait analysis

Three dimensional motion data were collected using a 2-camera bank Optotrak ™ 3020
motion capture system at 100 Hz (Northern Digital Inc., Waterloo, ON), while the
subjects walked across a 6-meter walkway at a self-selected speed for a minimum
number of 5 trials. Triads of infrared light emitting diodes were placed on the foot,
shank, thigh and pelvis and individual diodes were placed on shoulder and three bony
landmarks of the chosen leg, including, greater trochanter, lateral epicondyle, and
lateral malleolus. A standing calibration trial was also performed, following by 8
different digitization trials (to digitize medial malleolus, second metatarsal, heel, tibial
tuberosity, fibular head, medial epicondyle, right and left Anterior superior iliac spine).
The obtained data during standing calibration and digitization trials were used to define
the coordinate systems of each segment and to find the length of the segments in the

model. Ground reaction forces (GRF) were measured with a sampling rate of 2000 Hz,
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using an AMTT force platform (Advanced Mechanical Technology Inc., Watertown,
MA). GRF and 3D motion data were used as inputs to an inverse dynamic model
developed in Visual3D software to calculate the knee joint net resultant external
moments. The net external flexion and adduction moments were obtained in knee joint
coordinate system to be used later for the calibration of the muscle forces [161] (section
4.3.10) and estimating knee joint contact forces (section 4.3.12), respectively. The
details of the EMG data collection during different exercises including gait and
maximum voluntary isometric contractions are the same as the methods presented in

the previous chapter of this thesis (3.2.2).

4.3 EMG-DRIVEN MODEL

The following steps were performed to implement an EMG-driven model. First,
activations from EMG (4.3.1) and muscle-tendon lengths and moment arms from the
marker data (as input to an anatomical model) (4.3.2) were obtained. Then these data
were used as input to a Hill-type model for each muscle (containing force-length and
force-velocity of the muscles) to find muscle forces (4.3.3 to 4.3.11). Muscle forces
were calibrated through optimization (4.3.12) and then the calibrated forces were used
as input to a 2D frontal plane model to find the medial, lateral, and total tibiofemoral

contact forces (4.3.13).

4.3.1 EMG to activation

The first input to the muscle model was activation, which was found through measured
EMG [103, 159, 162]. Activation for the following muscles were obtained: rectus
femoris (RF), vastus lateralis (VL), vastus intermedius (VI), vastus medialis (VM),
biceps femoris long and short head (BFLH and BFSH), semimembranosus and
semitendinosus (SM and ST), lateral gastrocnemius (LG), and medial gastrocnemius

MG using the following steps:
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The force platform and marker data were used to find the start and end of the stance
phase. The EMG data during the stance phase of the gait then were band pass filtered
between 20 and 500 Hz. The frequency spectra of the resulting signals were examined
for possible unusual spikes, showing the presence of noise in the data and if any, a
digital filter was used to remove the noise. EMG signals then were corrected for gain
and bias, full wave rectified and low pass filtered using a second order recursive
Butterworth low pass filter with a cut off frequency of 6 Hz [14]. A moving average
algorithm with a window of 0.1 second was used to find the maximum EMG activity
for each muscle during MVIC trials and the maximal values among all different

exercises were used to amplitude normalized EMG waveforms [30, 31, 33].

There is a time delay between the emergence of the EMG and the force in muscles,
called electromechanical delay, d, and happens due to a) dynamic of muscle force
production, depending on its chemical properties, and b) a transport problem,
depending on factors such as the release of calcium into muscle membrane [162]. This
value has been reported to be between 10 to 100 milliseconds [163]. The process of
taking this electromechanical delay into account is called muscle activation dynamics
[164]. The input is linear enveloped normalized EMG and the output is a variable called
neural activation, u [164]. A first order nonlinear differential equation was proposed by
Zajac to do this [164]; however, we used a second order discretized recursive filter,
which is essentially a discrete representation of a second order differential equation.
This differential equation itself is based on the fact that the response of a muscle fiber
to an action potential can be best represented by a critically damped linear second-order
differential system [165], and proposed to be more efficient [162]. As well, it addresses
the difficulties other researchers have had to find muscle forces from processed EMG
[103, 166]. Equation 4-1 was used to find u, at nth time step:

d;etgt) + B dz(tt) + Ke(®) backward dif ference

u(n) = ae(n—dxemgrrequency) = Br u(n —1) = B u(n — 2)

uey =M Equation 4-1
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Where d is the electromechanical delay and a, 1, and S,are the coefficients governing
the second order dynamics between EMG and muscle force [103]. e and emgsrequency
are the processed EMG and EMG sampling rate. In order to have a stable system the

poles of the transfer function, with the e as input and u as output, must be less than 1

[162]:

ly1land|y,| <1 Equation 4-2

The relationships between the poles and coefficients in Equation 4-2 are:

ﬁl =71 + Y2 Equation 4-3
B2 =7Y1 XYz

Therefore, choosing the poles, the coefficients were found. Furthermore, in order for
the u not to go beyond unity, the following condition was met, through which a can be

calculated:

a=p+p+1 Equation 4-4

A complicated relationship exists between the EMG and the muscle force, and the
model used to characterize this relationship depends on a number of factors, such as the
kinematics of the movement, and EMG acquisition and processing procedure [35].
Researchers characterized this relationship to be both linear [167] and curvilinear [167,
168]. Here we used a formulation which is nonlinear in low levels of activation and

almost linear in higher levels of activation [103, 169]:

edu®) —1 Equation 4-5

==
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A is a nonlinear shape factor which can take values between 0 to -3, with 0

corresponding to linear relationship between force and EMG [162].

4.3.2 Anatomical model

The second input to the muscle model was musculotendon (MTU) lengths
(musculotendon is a term used here to refer to the overall muscle-tendon structure, as
they are in series and act as one entity). A three dimensional model, comprised of 7
segments, with 11 degrees of freedom (DOF), and 44 MTU compartments was used
[170] in OpenSim, a freely available software for musculoskeletal modeling [171]. The
model was developed based on muscle architecture data of 21 adult cadavers, recently
collected by Ward et al. [172]. Using the Ward’s dataset means the model was based on
a cohesive set of experimentally measured data that is not pieced together from separate
sources. The knee joint was modeled with one DOF in sagittal plane, while the anterior-
posterior (AP) and proximal-distal (PD) relative motion between the femur, and the
varus-valgus and rotation of the knee in the frontal plane are coupled to the DOF in the
sagittal plane, using the equation from Walker et al. [173]. Here, in order to find the
muscle moment arms in the frontal plane, the coupling between knee flexion and varus-
valgus angle was removed, and a medial and a lateral contact point was defined. A
standard frontal plane view radiograph of the subject was used to estimate the size of
medial and lateral aspects of the proximal tibia and it was assumed the contact points
are in the middle of each tibial aspect (Figure 4-1) [119]. Contact locations were fixed
in the tibial frame to approximate translation with respect to the femur during knee
flexion [119]. To find the scale factor needed to translate the lengths of each aspect of
the tibia from radiograph to real tibia lengths, the distance between the medial and
lateral epicondyle in the standing calibrations was compared to the frontal plane

radiograph of the knee.
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“Medial

Lateral contact point

contact point

Figure 4-1 Schematic of the method used to find medial and lateral contact points on
the head of tibia

Raw marker data, during the static calibration trials were used to uniformly scale the
model segments to match the subjects (in OpenSim). Marker data during the stance
phase of walking trials were then used as the input to the musculoskeletal model in
OpenSim and an inverse kinematic step was performed, which gave as output the joint
angles and subsequently MTU lengths and moment arms in the sagittal plane and
frontal plane about the medial and lateral contact points, at each percent of the gait

cycle.

4.3.3 Hill-type model

A general Hill-type model was used to model the muscles (Figure 4-2) [99, 103, 119,
162, 174]. There is a contractile component (CC), representing active properties of
MTU, a parallel elastic component (PEC), showing passive properties of MTU in
parallel with CC and a series elastic component (SEC), resembling the passive
structures in series with CC (mostly tendon). There is an angle between CC and SEC,
called pennation angle (Figure 4-2). It should be noted that Hill-type model is a
phenomenological model, which resembles muscle behavior; therefore, components

shown in the model do not have the exact correspondence toreal muscles [175].
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The following equation governs the equilibrium among passive and active components

of the Hill-type model (Figure 4-2):

Fsgc = (Fee + Fpec)cos(9) Equation 4-6

Where Fsgc, Fec, Fpge and ¢ are SEC, CC and PEC forces and pennation angle at each

instant in time. The following sections explain different elements in Equation 4-6.

' PEC
& r“/)\ SEC | B

L

cc

Figure 4-2 A) The Hill-type model, B) the CC and PEC (adapted and modified from
[162])

4.3.4 Contractile Component force

The force produced by CC is dependent on its length, velocity and activation. The
following equation is used to find the force produced by the CC [103, 162, 169]:

Fe = faDa(t) f,(v, ) Focc Equation 4-7
In which £, (1), f,,(v,a), a(t), and Fy.. are normalized active force-length relationship

and normalized force-velocity relationship of the muscle, activation, and maximum

1sometric contraction force of CC, respectively.

50



4.3.5 Force-length relationship

Force production ability of skeletal muscles is strongly dependent on their CC length.
When a muscle has its optimal CC length, it can produce the maximum possible force
(Focc)- To model the dependency of the CC force to its length, a second order
polynomial was used (Figure 4-3) [176, 177]:

L —Ip\* Equation 4-8
£20) = max(fn, 1= (—2) )

wl,

Where [ is the CC length, [ is the optimal CC length, and w is a dimensionless
parameter defining the width of force-length relationship (the distance from the optimal
length after which the muscle cannot produce any force). A minimum value of 0.05 was

used as fi;,, in order to prevent division by zero [177].
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Figure 4-3 Muscle force-length relationship

It has been shown that the optimal CC length of the muscle increases when activation
decreases (Figure 4-4) [178]; therefore, the following equation is used to characterize

this dependency [177]:
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) =1 (1 —a(®) +1) Equation 4-9

A value of 0.15 for § was chosen, meaning when the muscle has zero activation, the

optimal CC length is 0.15 longer than when it is fully activated [103].
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Figure 4-4 Force-length relationship of skeletal muscles and change in the peak active
muscle force as a result of activation reduction (adapted from [103])

4.3.6 Parallel Elastic Component Force

Muscles produce high passive forces, when stretched beyond their optimal length [162].
To model this, Schutte proposed an exponential relationship [179]. We used a modified

version of this formulation:

el0(-1) Equation 4-10
feec(l) = oTow

In which [ and fpgc are the normalized CC length (normalized to optimal length) and
normalized passive force. This equation means when the muscle CC has a normalized

length of 1+w, the produced passive force is equal to maximum isometric muscle force.
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The actual passive force of muscle is a function of its maximum isometric force [164],

therefore:

Fpge = frecFocc Equation 4-11

4.3.7 Force-velocity relationship

The force-velocity relationship of muscles takes into account the dependency of the
muscle force and its contraction velocity. Here, we used a formulation proposed by
McLean et al. [177], which assumes the normalized force-velocity relationship of the

muscle was independent of the optimal CC length [180, 181]:

(A V+ dy Vg M(@) V< =V, Equation 4-12
Ma) vy + v

-V sv<0
A(a)vmax - U/A e B
fv(v:a) =3 fov+d
Tmax” TP < vd,
U+d1
K d3 +d2'l7 U>yd1

Where

vmaxA (fmax - 1)

=T+
S(A+1)
dy=——— 2 _
vmaxA(y + 1)
2
~1
PUna=D)
r+1)

For shortening velocity between maximum contraction velocity, v, and zero,
classic Hill equation was used. Shape parameter A was assumed to be 0.25 and the

maximum contraction velocity for the muscle with mixed fast and slow twitch fibers
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was assumed to be 10 [, /s [164]. A(a) was used to take into account the effect of the

level of activation a on the force-velocity relationship [177]:

Aa) =1—e7382¢ 4 ge™382 Equation 4-13

For slow lengthening another hyperbolic equation was used. f;,,4, the asymptotic value
of f,, was assumed to be 1.8 [164] and S was set to a value of 2.0 to produce a doubling
of slope of the force-velocity curve at zero velocity [176, 177, 182]. For both high
lengthening and contraction velocity a linear relationship with the same slope was used
to make sure that f,, is invertible. A value of 5.67 for y was used to approximate correct
yielding behavior at high force. The values for other constant of the two lines were

obtained based on the continuity of the curve and its first derivative [182].

4.3.8 Pennation angle

To find the pennation angle, it was assumed that h in Figure 4-5 was constant.
Therefore, using the following equation, we can find the pennation angle at each instant

in time [162, 174]:

h = lysin(gy) = Isin(p) Equation 4-14

Where ¢ is the pennation angle when CC has its optimal length [,, and ¢ is the
pennation angle corresponding to any other CC length, [.
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Figure 4-5 Simplified geometric representation of muscle fibers and tendon for
musculotendon modeling (adapted from [174])

4.3.9 SEC Force

SEC component is in series with CC and assumed to be a passive structure, transferring
the loads produced by CC to the bones. SEC acts like a rubber band, i.e. it does not
carry any load when it is shorter than its unloaded length, l;;55-; however above this
length it transfers high loads to the bones [162]. It was assumed that SEC behaves
nonlinearly at small strains and then have a linear relationship with its strain [164], and
transfers the force equal to maximum isometric CC force with a strain of %3.3 and fails

at %10 strain, when carrying 3.5 maximum isometric CC force [164]:

fsee = 0 e<0 Equation 4-15
fegc = 1480.3g2 0<e<0.0127
fsec = 37.5e- 0.2375 €>0.0127

In which fggc is the normalized SEC force. In additon, € is the SEC strain calculated as

_ Isec — lysec Equation 4-16

lUSEC
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lysec 1s the unloaded SEC length after which SEC starts to produce force. To find the

tendon force, its normalized force must be multiplied by Fy¢.
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Figure 4-6 Normalized force-length relationship of SEC (adapted from [164])

4.3.10 Putting it all together

Reconsidering Equation 4-6, we can cancel out Fy. from both side of the equation:

fsee = (fa(Da®) f,(v,a) + frec(D))cos() Equation 4-17

This is a first order nonlinear ordinary differential equation (ODE) which should be
solved using numerical methods [162, 174]. To solve this ODE the following
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parameters must be known: [y, ¢, and [z, and activation and musculotendon length
should be already obtained using the procedure explained in section 4.3.1 and the
anatomical model, respectively. Equation 4-17 does not have a unique solution [174];

however, the following equation can be solved to obtain a unique solution [174]:

fsec / _f Equation 4-18
cos(p) ~ JPEC

faDa(t)

—_ finv
V=Jy

The procedure is as follows [162]:
1- To find the initial CC length, it was assumed that the initial normalized SEC force is
equal to initial activation and Equation 4-6 was solved to find the SEC initial length and

therefore CC initial length (MTU length is known).

2- Starting with obtained initial CC length, the corresponding pennation angle was

found using Equation 4-14.

3- SEC length then was found using the following equation (Figure 4-2);

lsgc = Liney — L cos(@) Equation 4-19

Therefore, SEC force can be found using Equation 4-15.

4- fpgc and f, (1) also will be calculated using Equation 4-10 and Equation 4-8,

respectively.

5- f,, then can be found and using its inverse the velocity will be calculated. Integration

will yield the length of CC at the next time step and the whole loop starts over again.
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Equation 4-18 encounters singularities in case of one of the followings [174]:

a—-0
fa—0 Equation 4-20
o - 90

Numerical singularities make the integration tedious and slow [174]. In order to avoid
this singularities, minimum values of 0.01 and 0.05 was considered for a and f,,
respectively [174, 177]. It was also assumed that the maximum pennation angle is
84.26 degrees (cos~1 0.1) [174]. When the pennation angle reaches its maximum value,
CC has its shortest length; therefore, in order to prevent CC length to become

unrealistically short the following constraint also was used [174]:

v = {0 l<ljimand v <0 Equation 4-21
v otherwise

In addition to these bounds, a stiff integrator in MATLAB was used to solve the

equation.

4.3.11 Calibration

The calibration is done indirectly using the knee joint moment obtained through
experiments, i.e. the knee moment, produced by muscle in sagittal plane should be the
same as the knee moment obtained using inverse dynamics during self-selected gait of a
subject [103, 119, 159]. From the collected trials of the subjects in this study (4.2.2),
one was used to calibrate muscle parameters for each subject, and then three trials per
subject were used to find the knee joint contact forces and mean values were reported

for the muscle and contact forces.

A least square optimization was performed to find a set of muscle parameters that

minimized the difference between the moments from inverse dynamics and from the
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muscle forces, i.e. the root mean squared error (RMSE) between the two moments, as

follows:

EMGd
=1 (m{® — m; )?

objective function: RMSE =\/ -

Where m/? and mFM%? are the moments, found using inverse dynamics and EMG-

driven model at the i time step, respectively and n is the total number of data points.
Optimization was performed using a global search algorithm that starts with a local
gradient based solver (such as fmincon) from multiple start points to sample multiple
basins of attraction and find the global optimum. The method was developed based on
the work by Ugray et al. [183]; more details can be found in its Matlab documentation
page at http://www.mathworks.com/help/gads/how-globalsearch-and-multistart-
work.html#bsd946t.

4.3.12 Optimization parameters

Two sets of parameters were calibrated in the optimization process: 10 EMG to

activation parameters, and 12 muscle architecture parameters.

For the EMG to activation parameters, it was assumed that each muscle had a different
nonlinear shape factor, A (Equation 4-5), constrained to be between -3 to 0 [103, 119];
therefore, a total of 9 shape factors were calibrated (VI was assumed to be the mean of
VL and VM). Electromechanical delay also was found through optimization and was

assumed to be the same for all the muscles. The bound here was chosen between 30 to

100 milliseconds.

In order to find each muscle force, four parameters should be known, including,
optimal CC length, [y, SEC unloaded length, [;;55c, maximum isometric force, Fy.,
and pennation angle at optimal length, ¢,. The values for the optimal CC length and

corresponding pennation angle were chosen from OpenSim 2392 model. l;;sgc has huge
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effect on the behavior of the muscle; therefore, unloaded SEC lengths was allowed to
be adjusted by the optimization process for all 10 muscles. The initial values were
obtained from OpenSim 2392 model and [j;5g was allowed to vary in a range of +%20
of the initial values. For the maximum isometric force, the initial values from OpenSim

2392 were used and two global coefficients, af;, for all the flexors and a,,; for all the
extensors were used to scale the initial values [103]. @y and a,,; were allowed to

vary between 0.5 to 2.5 [184].

Optimization does not guarantee realistic solutions for the muscles; therefore, penalty
function were used [159]. To prevent unrealistically long CC length, the normalized
passive force of MTUs was assumed to be less than 0.06 and otherwise the solution
would be penalized based on the difference between the current passive force and 0.06.
This was done by adding the absolute difference between the maximum current passive
force and 0.06, multiplied by 100 to the objective function, RMSE. Furthermore, for the
muscle to be capable of force production when actively contracting during gait, the
normalized muscle length should not be less than 0.5 and therefore, the values less than
0.5 would be penalized based on their distance to this value [184]. This was also done
by adding the absolute difference between the minimum current normalized CC length

and 0.5 multiplied by 100 to the objective function, RMSE.

4.3.13 Mediolateral model to find the contact forces

To find the medial and lateral compartment contact forces, a 2D model in the
mediolateral plane was considered [119, 127, 159, 184] (Figure 4-7). Contact forces
parallel to the shaft of the tibia were assumed to be the main contributors and the forces
perpendicular to this direction were assumed to have negligible effect on joint contact
forces [119-121, 127, 159, 184]. It was also assumed that medial and lateral contact

forces acted through only one point.
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FBFSH

Figure 4-7 Schematics of the loads passing through the medial and lateral compartment
of the knee joint and the external knee frontal plane moment; the moment
from the external loads about both contact points should be balanced with

internal moments of the muscle and contact forces.

To find the medial and lateral contact forces, the frontal plane moment produced
internally by muscles, contact forces, and other soft tissues was assumed to be equal to
the external adduction moment, obtained through inverse dynamics. This equality
referred to as “joint equipollence” [185]. Figure 4-7 shows the muscle and contact
forces and forces from other soft tissues (such as ligament, shown as Fg,¢.). It was
assumed that the action of these soft tissues were negligible during normal gait [119-
121, 127, 159]. The following equation was therefore used to yield medial (Fy;-) and

lateral (Fyc) contact force (different parameters used are shown in Figure 4-7):
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Fo o = 2 riLC Fsgei — My Equation 4-22
e (dic + due)

Fo= 12 1M Fopey — MY Equation 4-23
r (dic + dyc)

Where

Fyc: medial contact force

F; ¢ lateral contact force

MLE,: external knee frontal plane moment about the lateral contact point

MPMC: external knee frontal plane moment about the medial contact point

r{€: frontal plane moment arm of the ith MTU about the lateral contact point

rMC: frontal plane moment arm of the ith MTU about the medial contact point

d;c: distance between the joint center and the point of the lateral tibial compartment
dyc: distance between the joint center and the mid-point of the lateral tibial

compartment

€ and rM¢ were found using OpenSim. ML¢and MYS were also found using
Visual3D Biomechanics. For the lateral compartment when the force is obtained to be
negative, it means that the muscle forces are not sufficient to balance the external
moments and the ligament should come to action; in other words, lateral compartment

unloading happens when the F; - in Equation 4-23 is negative [103, 121].

4.3.14 Validation of the model against literature

Several parameters were obtained using the EMG-driven model and compared to the
existing literature for validation, including root mean squared error (RMSE) of the
inverse dynamics sagittal plane moment and the moment predicted by the EMG-driven
model, muscle forces, and the patterns of tibiofemoral joint medial, lateral and total

contact forces and their peak values.

62



The results of the model calibration was compared to two EMG-driven modeling
studies that stated their RMSE values. In the first study, Lloyd et al. developed an
EMG-driven model for healthy individuals to find the distribution of forces among 13
muscles during different tasks, including running, cutting and dynamometer exercises
[103]. In the next study, Gerus et al. used an EMG-driven model to find medial, lateral
and total knee joint contact forces during walking of a subject, who was implanted with

an instrumented prosthesis (11 muscles were modeled) [184].

There was only one EMG-driven modeling study that has reported its obtained muscle
forces; however, the study seemed to overestimate the tibiofemoral contact forces due
to high muscle forces [119]; therefore, our muscle forces were compared to the results
of two other studies that have used optimization to calculate the muscle forces. In the
first study Kim et al. predicted tibiofemoral joint contact forces for a subject who was
implanted with an instrumented prosthesis. The muscle redundancy problem was solved
by minimizing the sum of the squares of the muscle activations [106]. In the second
study, Crowninshield and Brand solved the muscle redundancy problem during normal
walking by minimizing the sum of the squared stress in 47 muscles in lower limbs
[186]. These two studies were chosen to validate the muscle forces, because they
obtained muscle forces during normal walking and their force patterns were consistent

with measured EMG activity during gait.

The patterns and values of the contact forces were validated against three studies; the
first study used an EMG-driven approach to calculate knee joint medial and lateral
contact forces for twenty eight subjects [156]; the second study used dynamic
optimization method to find the muscle forces and subsequently predict the joint
contact forces during normal walking [104]; the last study reported the joint contact
force during walking, obtained through using an instrumented prosthesis [187]. These
studies were chosen to be able to compare our results to two models which used two
different methods, and also experimental data, available through instrumented

prosthesis.
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4.4 RESULTS

Table 4-1 and Table 4-2 show the characteristics of the three individuals in the study.

Table 4-1 Characteristic of the subjects included in this study

. BMI Age Gender
Mass (Kg)  Height (M) (Ke/m) (yefrs)
Subject 1 89.0 1.84 26.3 40 Male
Subject 2 101.3 1.84 30.1 53 Male
Subject 3 63.7 1.68 22.6 49 Male

Table 4-2 Stride characteristics of the subjects in the study

Stride Stride time Stance Stance Speed

length (m) (s) Time (s) percent (m/s)
Subject 1 1.44 1.14 0.73 64.6 1.26
Subject 2 1.42 1.23 0.79 64.4 1.16
Subject 3 1.27 1.16 0.75 64.4 1.09

4.4.1 Validation of the model against literature

This sections shows the results of the simulations performed for subject 1 (Table 4-1,

Table 4-2), who was on overweeight asymptomatic 40 year old male, to demonstrate
the implementation and validation of the model against existing literature results.
Table 4-3 shows the demograhpic information of studies used for the validation of our

EMG-driven model.
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Table 4-3 Demographic information of the studies used for the validation of the model

(NM: not mentioned)

o Used for the Mass Height | BMI Age | Gond Numfber

Study validation of (Kg) (M) (Kg/m?) | (years) ender sub(j)ects
Current study ) 89.0 1.84 26.3 40 Male 1
Lloyd et al. [103] RMSE 74.6+8.6 NM NM 20.5£9.5 | Male 6
Kim et al. [106] Muscle forces 68 1.7 23.5 80 Male 1
Gerus ct al. [184] RMSE 68 1.7 23.5 83 Male 1
Winby et al. [156] Contact forces | 78.4+12.8 | 1.76+0.08 NM 43+6 NM 28
[Clré’g]vnms}“eld etal | \fuscle forces | NM NM NM NM NM NM
Kutzner et al. [187] Contact forces 98.3 1.76 NM 65 Male 3
Shelburne et al. Contact forces NM NM NM NM NM NM

[104]

Measured EMG data for subject 1 is shown in Figure 4-8. Muscle forces are shown in

Figure 4-9 and their peak values are shown in comparison to two other studies in

Table 4-4 [106, 186]. It is seen that the muscles are following the same patterns as the

measured EMG activity, which is due to the direct use of EMG to predict the muslce

forces. Our peak muscle force values for vasti muscles are consistent with results of the

other two studies (Table 4-4), while the maximum force of the RF seems to be small for

our subject, which is consistent with its small EMG activity, shown in Figure 4-8.

Obtained peak MG is higher than LG, which agrees with its smaller EMG activity

(Figure 4-8). The average peak forces of the two muscles are the same as the study

performed by Kim et al. [106], while the MG force is higher than the corresponding

value in Crowninshield and Brand’s study [186]. The average of peak hamstrings

muscle forces for subject 1 in our study is almost the same as Kim’s study; however,

the force distribution among muscles are different from Crowninshield’s results.

Obtained samll forces for ST and SM are consistent with their small EMG activity
(Figure 4-8).
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Figure 4-10 shows the internal knee flexion moment during the stance phase of walking
obtained through inverse dynamics and through muscle forces, for the trial selected for

the calibration. Table 4-5 shows the RMSE for each trial after the model was calibrated

for the subject and Table 4-6 compares our mean RMSE for the first subject with two

other EMG-driven modeling studies [103, 184], showing agreement among the studies.
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Figure 4-8 Linear enveloped EMG data measured during the stance phase for the first

subject (NEMG=Normalized EMG to maximum voluntary isometric
contraction; mean + standard deviations are shown for three trials)
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Figure 4-9 Absolute forces of the 10 simulated muscles for the first subject during the
stance phase of gait (horizontal axis shows % of the stance phase; mean+
standard deviations are shown); the abbreviations used are: bflh=biceps

femoris long head, bfsh=biceps femoris short head, gaslat=lateral

gastrocnemius, gasmed=medial gastrocnemius, recfem=rectus femoris,
semimem=semimembranosus, semiten=semitendinosus, vasint=vastus
intermedius, vaslat=vastus lateralis, vasmed=vastus medialis.
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Table 4-4 Absolute peak stance phase muscle forces obtained in this study for subject 1
compared to the results from literature

Subject 1 Kim etal [106] | Crovmishieldand
study ™) N) Brand [186]

(N)

Mtheod EMG-driven model Optimization Optimization

VL 500 550

VM 400 448 500

VI 300 350

RF <100 - 300

LG 350 450

MG 900 743 500

BFLH 550 650

BFSH 450 350

SM 300 448 750

ST 100 600

True moment
===*==="Model prediction

Moment (Nm)

r r

0.4 0.5

Time (sec)

Figure 4-10 The net resultant internal knee sagittal plane moment obtained through
inverse dynamics (solid line) and the moment predicted from muscle model
(dashed line) during the stance phase for the calibration trial (RMSE=7.15
Nm) for subject 1
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Table 4-5 RMSE values of the knee flexion moment, found using muscle model and
inverse dynamics for different trials for the first subject during stance phase

Optlml'zatlon Trial 1 Trial 2 Trial 3
Trial
RMSE (Nm) 7.14 9.50 9.66 &.19
Normalized RMSE
(to body mass, Nm/kg) 0.08 0.11 0.11 0.09

Table 4-6 Mean RMSE obtained in our study compared to two other EMG-driven
modeling studies

Our results Lloyd etal [103]  Gerus et al [184]

RMSE (Nm) 8.62 9.8-15.88 2.3-17.9
Normalized RMSE
0.10 0.14-0.19 -
(to body mass Nm/kg)

Figure 4-11 shows the net resultant knee joint flexion/extension and ab/adduction
moments for the subject during the stance phase, calculated from inverse dynamics
model. Figure 4-12, Figure 4-13 and Table 4-7 show our results for medial, lateral, and
total tibiofemoral joint contact forces during the stance phase of the walking in
comparison to three other studies [104, 156, 187]. Our lateral contact force is a little
higher than the study which used EMG-driven model [156]; however, it overestimates
the values obtained using instrument prosthesis and the other modeling study

(Table 4-7). Our medial contact forces are smaller than the EMG-driven study, almost
the same as the study which used dynamic optimization, and a little higher than the
instrument prosthesis study (Table 4-7). Only the last study stated their average walking
speed which was smaller compared to our subject 1’s speed. Furthermore, our total
contact forces are consistent with the results of the instrumented prosthesis study
(Table 4-7). In addition, the patterns of the medial, lateral, and total contact forces for
subject 1 is consistent with the results obtained in other studies (Figure 4-12,

Figure 4-13).
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Figure 4-11 Net external resultant knee flexion/extension and ab/adduction moment for
subject 1 during the stance phase of the gait (mean+ standard deviations are
shown)

Table 4-7 Normalized (xBW) peak stance phase values of medial, leteral, and total
tibiofemoral contact forces for subject 1 compared to literature studies

Walking Lateral Medial Total
study Method Speed Ist Peak | 2nd Peak | 1stPeak | 2nd Peak | IstPeak | 2nd Peak
(m/s) (BW) (BW) (BW) (BW) (BW) (BW)
Subject 1 EMH?;;V@“ 126 | 1.3340.08 | 0.31£0.04 | 2.24+0.05 | 2.14+0.04 | 2.56+0.09 | 2.340.13
Winby et EMG-driven
; 1.63% 0. ; 2.54+0.4 ; ; -
al [156] model 63+0.53 >4+0.48
hel Dynami
Shelburne yhamie ; 0.45 0.61 230 2.14 2.66 2.47
etal [104] | Optimization
Kutzneret | Instrumented |, ;o 0.5-0.9 1.5-2.0 2125
al [187] prosthesis
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Figure 4-12 Normalized tibiofemoral joint medial and lateral contact forces during the
stance phase: (a) our results for subject 1 (mean + standard deviations), (b)
Winby et al [156], (c¢) Kim et al [106] (the thick black lines are the knee
compartmental forces)
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Figure 4-13 Normalized (xBW) total tibiofemoral joint total contact forces during the
stance phase (a) our results for subject 1 (mean + standard deviations) (c)
Kim et al [106] (the thick black line is the total contact force)
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4.4.2 Comparison of tibiofemoral joint contact force between the

healthy weight and obese subjects

This sections reports the results obtained for subject 2 and subject 3 (Table 4-1,

Table 4-2), who were obese and healthy weight asymptomatic subjects, respectively.
The mean calibration RMSE of the EMG-driven model for the obese and healthy
weight subjects were 7.83+1.26 Nm, and 4.64+0.29 Nm. Linear enveloped EMG
activity, net resultant knee moments, absolute muscle forces, and tibiofemoral joint
contact forces are shown in Figure 4-14, Figure 4-15, Figure 4-16, and Figure 4-17 for
both subjects, respectively. The obese subject has higher EMG activity for all muscles
compared to the healthy weight individual. This does not translate to the muscle forces,
as the muscle forces for the vasti muscles are almost the same between the two subject

(Figure 4-16).

The obese subject had higher first and second peak of all medial, lateral, and total
absolute contact forces, and higher absolute knee flexion and adduction moments
compared to the healthy weight subject (Table 4-8). This table also shows the

difference between the peak values, obtained relative to subject 3 using the following:

Xobes — Xhealthyweigh % 100

percent dif ference =
xhealthyweigh

X can be any of the parameters in the first colum of the Table 4-8. If the percent

difference is positive it means obese subject had a higher value and vice versa.
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Table 4-8 Absolute peak force and moment values for the obese and healthy weigh
subjects

Subject 2 Subject 3

P t diffi
parameter (obese) (healthy weight) ercent difference

Ipeak 2" peak 1% peak 2" peak 1% peak 2" peak

Lateral contact force (N)  1388+242 471+6 363+46  149+30 282% 216%
Medial contact force (N)  1795+121 1521421  1448+82 1090+41 24% 40%
Total contact force (N) 2017146  1887+60 1448+82 1090+41 39% 73%
Flexion moment (Nm) 57.5¢6.2  -15.7£2.2 29.2+1.9 -8.0+0.6 97% 86%
Adduction moment (Nm) 47.4+1.3  34.7+1.7 30.2+1.1 26.8+1.2 57% 29%
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Figure 4-14 Linear enveloped EMG data measured during the stance phase for the
obese (blue dashed line) and healthy weight (red solid line) subjects
(NEMG=Normalized EMG; mean =+ standard deviations are shown)
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Figure 4-15 Knee flexion and adduction moments for the healthy weight (red solid line)
and obese (blue dashed line) subjects during the stance phase (mean =+
standard deviations are shown.)
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Figure 4-16 Absolute muscle forces for the healthy weight (red solid line) and obese
(blue dashed line) subjects during the stance phase (mean + standard
deviations are shown.) ; the abbreviation used are: bflh=biceps femoris
long head, bfsh=biceps femoris short head, gaslat=lateral gastrocnemius,
gasmed=medial gastrocnemius, recfem=rectus femoris,
semimem=semimembranosus, semiten=semitendinosus, vasint=vastus
intermedius, vaslat=vastus lateralis, vasmed=vastus medialis.
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Normalized muscle forces, tibiofemoral joint contact forces, and net resultant knee
moments are shown in Figure 4-18, Figure 4-19, and Figure 4-20, respectively.

The obese subject had higher first and second peak lateral normalized contact forces;
however, in contrast to absolute values, the healthy weight subject had higher first peak
of both medial and total normalized contact forces (Figure 4-19, Table 4-9). In addition,
the obese subject had higher normalized knee flexion and smaller adduction moments

(Figure 4-20, Table 4-9).

Table 4-9 Normalized peak contact forces and moment values for the obese and healthy
weight subjects

Subject 2 Subject 3

. p t diff
parameter (obese) (healthy weight) creent ditference

1t peak 2" peak Ipeak 2" peak  I'peak 2" peak

Lateral tact f
aterat contact torce 1404024  047+0.02  0.5140.72 0.24+0.05 175%  96%

(xBW)
Medial f
edial contact force 1.8140.12  1.53+£0.02 2324013 1.79+0.11 -22% -15%
(xBW)
Total tact fi
(x(;ai)v ‘;‘m act foree 2.03:0.23  1.90£0.05 232+0.13 1.79%0.11 -12% 6%

Flexion moment (Nm/kg) 0.57£0.06 -0.16+0.02  0.46+0.02 -0.13+0.01 24% 23%
Adduction moment

0.47+£0.01 0.30+0.01  0.55+0.03 0.42+0.02  -159 -299
(Nm/kg) 7 Yo 9%
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Figure 4-18 Muscle forces normalized to BW for the healthy weight (red solid line) and
obese (blue dashed line) subjects during the stance phase (mean + standard
deviations are shown.); the abbreviation used are: bflh=biceps femoris long
head, bfsh=biceps femoris short head, gaslat=lateral gastrocnemius,
gasmed=medial gastrocnemius, recfem=rectus femoris,

semimem=semimembranosus, semiten=semitendinosus, vasint=vastus

intermedius, vaslat=vastus lateralis, vasmed=vastus medialis.
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Figure 4-19 Medial, lateral, and total tibiofemoral joint contact forces normalized to
BW for the healthy weight (red solid line) and obese (blue dashed line)
subjects during the stance phase (mean + standard deviations are shown.)
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Figure 4-20 Normalized knee flexion and adduction moments for the healthy weight

(red solid) and obese (blue dashed) subjects during the stance phase (mean
+ standard deviations are shown.)
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4.5 DISCUSSION

4.5.1 Validation of the model against literature

Obtained medial and total contact forces for the overweight subject (subject 1) followed
similar patterns compared to literature studies, reporting contact forces from an
instrumented prosthesis (Figure 4-12, Figure 4-13) [187] and modeling [106, 114, 156].
The patterns of the lateral contact force also agrees with previous EMG-driven studies
[119, 159, 184]. The values of the maximum medial and total contact forces were 2.24
and 2.56 BW for subject 1 (Table 4-7), which are also consistent with data reported
through the use of instrumented prosthesis by Kutzner et al. [187], showing medial and
total contact forces in the range of 1.5-2.0 and 2.1-2.5 BW, respectively (Table 4-7). It
should be noted that the data reported by Kutzner, the average walking speed of the
subjects were 1.18 m/s which was smaller than the subject 1°s speed, 1.26 m/s;
therefore, higher contact forces in our study were expected. The peak contact forces are
also consistent with the results of the modeling study by Shelburne et al. [104] and the
EMG-driven model by Winby et al. [156] (Table 4-7). The small differences that exists
between our results and other studies are probably due to differences of speeds, which

are not mentioned in two out of three chosen studies (Table 4-4).

Obtained contact forces also confirmed the fact that a greater portion of the contact
force passed through the medial compartment of the knee joint for subject 1

(Figure 4-12, Table 4-7) [104, 156]. High knee adduction moments during the stance
phase of normal gait tend to unload the lateral compartment of the knee [108]. This
could be prevented by a combination of muscle actions and pretention in the passive
structures of the joint [108], and it was reported that individuals who have joint laxity
produce higher muscle forces to compensate for the lost function of the ligaments and
other passive structure [108]. Several modeling studies have examined this issue and
some of them reported lateral joint unloading during gait [104, 127, 159, 188] and some
found that muscles have the ability to counteract the external knee adduction moment

and prevent lateral joint unloading [119, 189]. Here we see for subject 1 for half of the
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stance phase lateral contact force is close to zero (Figure 4-12). This means that the
ligaments should come into action to provide joint stability and prevent joint opening;
consistent with previous studies hamstrings and quadriceps during early stance and
gastrocnemius during late stance are the main stabilizers of the joint, which also agrees

with the EMG activity of the muscles (Figure 4-8) [104, 112].

A combination of values of muscle parameters, reported in the literature [103, 161, 171,
190] were used to find the allowable ranges in the calibration process. RMSE for
different walking trials are in the range of previous EMG-driven modeling studies
(Table 4-5) [103, 184]. Lloyd et al reported RMSE of 9.08 to 15.88 Nm and
normalized RMSE of 0.137 to 0.192 Nm/Kg for a set of running, cutting and
dynamometer tasks for 6 asymptomatic individuals [103] (Table 4-6). Gerus et al
reported RMSE values between 2.3 to 17.9 Nm during the stance phase of walking
trials of a male subject implanted with an instrumented prosthesis [184] (Table 4-6).
Here we found RMSE of 7.14 to 9.66 Nm and normalized RMSE of 0.08 to 0.11
Nm/Kg for subject 1 (Table 4-5), showing the accuracy of our optimization approach.
Higher RMSE values seen in Lloyd et al. compared to our study probably were
obtained due to the fact that they calibrated their model over a range of different tasks
and this resulted in higher RMSE while giving their model better prediction ability and
also more confidence in the values they obtained for the muscle parameters.
Furthermore, as shown in Figure 4-10, the moments are different at the beginning and
end of the stance phase. This probably has happened due to possible errors of the
inverse dynamics output and therefore, the optimization was not able to match the two
moments at these two intervals. It should be noted that optimization methods, which try
to find a set of activations or muscle forces to replicate moments from inverse
dynamics are easier to perform than EMG-driven models because they can choose
muscle forces or activations in a relatively big range. In EMG-driven modelling, the
solutions are constrained to a set of activations, obtained from experimental EMG, to
reproduce the inverse dynamic moments. Furthermore, optimization methods are very
sensitive to the formulation of the problem, i.e. the selection of the objective function

and constraints may result in two completely different set of muscle forces, while
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producing almost the same contact forces and inverse dynamic moments [114].
However, using EMG-driven models we can be more confident about the patterns of
the muscle forces and the relative distribution of forces among muscle in different

instances, because these are all dictated by amplitude and pattern of EMG.

Obtained muscle forces for subject 1 were consistent with previous studies [106, 114].
Our obtained values for VL, VI, and VM muscle for subject 1 were approximately 500,
400 and 300 N (Table 4-4, Figure 4-9), which were consistent with the results by
Crowninshield and Brand [186], and Kim et al. [106]. Winby et al., who used an EMG-
driven model reported a value of approximately 18 Nm/kg for the whole quadriceps
(normalized to body mass) [119], while our obtained average value for normalized
quadriceps is approximately 4 Nm/kg. It should be noted that this EMG-driven model
study is different from the one used to validate the knee joint contact forces. This is the
only EMG-driven model study reporting its muscle forces. Although they did not
mention their moment arms, this may be due to difference in the moment arms that
resulted in much higher muscle force in the study performed by Winby et al. [119].
Furthermore, the average obtained contact forces in that study were approximately 4
BW during the stance phase of walking, which are higher than the values usually
reported for individuals implanted with instrumented knee prosthesis [89, 158, 187,
191], ranging from 1.8 to 3.0 BW. This may be in part due to the large quadriceps
muscle forces predicted [119], considering that the muscle are responsible for a large
portion of the observed contact forces (quadriceps are contributing to the first peak of

contact forces) [90, 109].

Crowninshield and Brand reported values of approximately 450 N for LG and 550 for
MG [186], respectively. Kim et al also reported an average value of 743 N for
gastrocnemius [106]. Our values for subject 1 were approximately 350 and 900 N for
LG and MG, respectively (Table 4-4, Figure 4-9). It should be noted that MG has a
physiological cross sectional area (PCSA) which is almost twice as large as the PCSA
of LG [31]; therefore, with the same amount of activation it is expected that MG force

would be twice as large as LG force. In addition, for subject 1 the EMG activity of the
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MG was almost twice as high as the LG activation (Figure 4-8), which again resulted in
approximately twice larger force. Altogether, this resulted in a force for MG around
three to four times higher than LG force. Therefore, the result found through
optimization for MG seems to be correct. As a matter of fact, this seems to be a strength
of EMG-driven approach that can distinguish between the muscles in a group with
same function and distribute forces based on measured EMG. This is important,
because as seen in Figure 4-10 the first peak of the knee adduction moment was higher
than the second peak. However, the both peaks of the medial contact force were
obtained to be almost the same. This was the result of large MG force, captured using
the real EMG of the muscles (Figure 4-8), and shows that knee adduction moment

cannot be used alone to assess the medial knee joint contact forces.

Subject 1’s lateral hamstrings forces are consistent with the results reported by
Crowninshield and Brand, while his medial hamstrings forces are smaller (Figure 4-9,
Table 4-4). This small force values for SM and ST from our model were the results of

low EMG activity (MH in Figure 4-8).

Obtained muscle forces demonstrated the ability of our implemented EMG-driven
approach to solve the muscle redundancy problem in a way which was consistent with
measured activation patterns of the muscle. Comparing muscle forces and their
corresponding EMG-activity showed that both patterns and amplitude feature, seen in
the EMG (Figure 4-8) were reflected into muscle forces (Figure 4-9) (i.e. higher EMG
activity corresponded to higher muscle forces and vice versa (for an individual)). It may
be argued that this model is a curve fitting exercise with the possibility of being over-
determined. First, it should be noted that this model was developed based on real
physiological phenomena that happen in the muscle, and the interaction between SEC
force and CC force in a MTU constraint the way that the muscles are behaving [103].
Furthermore, the argument of being over-determined can be raised if the parameters
which are candidates for the calibration, were adjusted without any constraint.
However, in the calibration step all the parameters were allowed to vary in small,

physiological ranges. Furthermore, the penalty functions kept the passive and active
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forces within bounds expected during walking. Moreover, the number of data points
used to calibrate the muscle parameters were well above the number of calibrated

parameters, which was 22.

There are still some limitations with the EMG-driven method utilized in this study. The
search space for the muscle parameters is large and therefore the solution to estimate
absolute muscle force values is not unique [184]. One improvement could be to use a
full lower limb model accompanied by sufficient experimental data during different
tasks, which would improve the training of EMG-driven model (with more certainty of
estimated muscle forces). In addition, the anatomical model used was a generic model
whose limbs and muscles and corresponding attachment points were scaled uniformly
to match the subject in the study and not measured directly. This may have introduced
some errors in the obtained results because the muscle force prediction in the model is
very sensitive to the obtained MTU length. Second, due to small moment arms for the
muscles and relatively large knee joint moment, a small deviation from the real moment
arm may result in high change in the predicted muscle force. This is specifically the
case if we want to calibrate our model using maximum voluntary isometric contractions
(MVIC). In this study we tried to calibrate the model using our MVIC trials; however,
because accurate kinematics of the knee, hip, and ankle were not available, the results
were not satisfactory and this happened due to error in the MTU length and moment
arms due to lack of kinematic data during MVICs. Therefore, model results are very
sensitive to moment arm lengths and therefore future models may want to incorporate
more subject-specific information at this step. Furthermore, inherent errors due to
unwanted skin movement of the markers during gait, propagated through inverse
kinematic calculations, may result in some errors in the estimated MTU moment arms

and lengths.

Regarding the contact forces, we decided to validate our model against existing
literature and our values and patterns agreed well with the results of similar previous
studies. It may be argued that considering the availability of the data published by
“Grand Challenge Competition to Predict In-Vivo Knee Loads”, the model should be
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validated against these data (https://simtk.org/home/kneeloads). However, there are
many parameters in the model that can be adjusted until a satisfactory match with the
contact forces is obtained, which does not necessarily mean the model has good
prediction ability. More importantly, due to variability seen among different
individuals, ability of the model to estimate the contact forces for one subject does not
guarantee that the same model can predict the contact forces for other subjects with the
same accuracy. Furthermore, the data published for the grand challenge are for older
individuals, implanted with instrumented knee prosthesis, who may have altered
anatomical characteristics, so optimizing parameters of the model to match grand
challenge’s data would not prove the accuracy of the model for use with other

individuals.

4.5.2 Comparison of tibiofemoral joint contact force between the

healthy weight and obese subjects

The two subjects were walking with almost the same speeds (healthy weigh 1.09 m/s
and 49 years vs. obese: 1.16 m/s and 53 years), while their BMI were different (22.6 vs.
30.1 kg/m?). There may, however, be an effect of the small velocity difference between
the subjects in the result. It should also be noted that the healthy weight subject,
although not diagnosed with knee OA, walked slowly for a 49 year old asymptomatic
individual, and also had EMG and knee net resultant moment patterns more
characteristic of an individual with OA than asymptomatic. However, the purpose of
the two-subject comparison was not to draw any definite conclusions regarding obesity
and the potential development of knee OA, but to demonstrate the added utility of the
EMG-driven model in defining and interpreting differences in the mechanical loading
environment of the knee joint between two individuals (which could then be extended
to between groups in future work), rather than results of an inverse dynamics technique

alone or in combination with measured EMG data not used as input into such a model.

The mean RMSE of the calibration for the obese subject was higher than the healthy
weight subject (7.83+1.26 Nm vs. 4.64+0.29 Nm), which was expected due to the fact
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that the obese subject walked with higher knee sagittal plane moment (although, when
normalized they are almost the same: 0.08 vs. 0.07 Nm/kg). This could also be
attributed to more variations in the EMG of the obese subject (Figure 4-14).

Obtained results showed that obese subject walked with higher absolute medial, lateral,
and total joint contact forces than the healthy weight individual (Figure 4-17,

Table 4-8). Furthermore, the obese subject walked with higher absolute gastrocnemius
and lateral hamstrings forces, while the medial hamstrings, and quadriceps forces are
almost the same between the same subjects (Figure 4-16). Obtained results can be

explained as follows:

Quadriceps are important contributors to the first peak of the medial contact force.
Higher quadriceps EMG activity for the obese compared to the healthy weight subject
(Figure 4-14) and larger knee flexion moment in the first half of the gait cycle, may
suggest that obese individual should have higher quadriceps forces; however, the obese
subject also had larger quadriceps moment arms; therefore, the results of the calibration
yielded almost the same quadriceps forces for both subjects, showing higher EMG
activity did not necessarily mean higher forces (between two individuals). Furthermore,
the obese subject’s first peak of the knee adduction moment was 57% higher than the
other subject; therefore, it was expected that obese subject should have had a first peak
of the medial joint contact force that was also 57% higher (due to the same quadriceps
muscle forces and 57% higher knee adduction moment); however, the knee joint medial
contact force was 24% higher than the healthy weight subject (Table 4-8). Therefore,
the relationship between the knee adduction moment and peak contact force was not
linear, even when the muscles had approximately the same forces. This happened due
to the fact that the smaller body size of the healthy weight subject resulted in smaller
distance between the contact points on the head of the tibia, meaning smaller moment
arms for the medial contact force compared to the obese individual and therefore, even
with the same quadriceps force and same knee adduction moment, the medial contact
force was higher for the healthy weight subject. It should be also noted consistent with

our findings in the last chapter, RF had a prolonged EMG activity for the obese subject
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(Figure 4-14), which was reflected in the quadriceps force (Figure 4-16) due to the use
of an EMG-driven model.

The medial gastrocnemius force and the net external knee adduction moment are
responsible for the second peak of the knee medial contact force [104, 119]. In the
second half of the stance phase, the obese subject walked with a higher net external
knee extension moment compared to the healthy weight individual, while the muscle
moment arms were almost the same between the two subjects. This necessitates the
production of higher gastrocnemius forces, which was consistent with the higher EMG
activity of gastrocnemius muscle for the obese subject (Figure 4-14). The obese
individual walked with a second peak absolute adduction moment which was 29%
higher than the healthy weight subject; however, higher medial gastrocnemius force for
the obese subject, added to the knee adduction moment, causing the second peak of

medial contact force to increase to a higher percent of 40% (Table 4-8).

Muscle forces for the obese individual also balanced a larger net external knee
adduction moment (Table 4-8) potentially preventing the lateral joint from unloading,
while for the healthy weight subject smaller muscle forces, seemingly did not have the
ability to counteract external adduction moment and this suggest that there was a need
for pretension in the lateral ligaments to prevent joint opening [108]. These results were
consistent with the results obtained by Harding et al., showing higher absolute muscle
and contact forces due to obesity [2], although in their study, obesity did not have a
significant effect on the overall magnitude of the knee flexion and adduction moment.
Aaboe et al [86] and Messier et al [88] also reported each pound of weight loss induced
a reduction of the total knee joint compressive forces of 2 and 4 pounds, respectively.
This may suggest that higher BMI is associated with higher absolute joint contact

forces, as we have demonstrated here just with two representative cases.

These findings show that we should be cautions when we draw conclusions based on
traditional gait data, including EMG and net resultant moments calculated from an

inverse dynamics procedure. First, neither the EMG activity nor the knee moments
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necessarily determine the muscle forces and musculoskeletal models with accurate
representation of the muscles and bone geometry are needed to more accurately
examine muscle force distribution through the knee joint. Second, the knee adduction
moment is one important factor, but muscle forces and also the geometry of the joint,
specifically the location of the contact points, can have significant effects of the
calculated contact forces. Therefore, care should be take when examining the knee
adduction moment, which is usually assumed to be correlated with the knee joint
medial contact forces. As a matter of fact, it was shown that in medial thrust gait which
results in a reduction in knee adduction moment, the medial knee joint contact force
increased for a subject implanted with an instrumented prosthesis [89]. Interestingly,
Manal and Buchanan used an EMG-driven model to examine the medial joint contact
forces for this subject during his medial thrust gait and were able to show the
unexpected increase in the medial joint contact force [159]. EMG-driven model, as
shown here, is able to solve the muscle redundancy problem in line with the real
activity of muscles, which makes it a powerful tool when we are dealing with
individuals with altered muscle activities due to some kind of pathology, such as knee
OA [31]. In our study, this method could address the force distribution between the
medial and lateral gastrocnemius, which is an important factor in determining the
medial knee joint contact forces in the second half of the stance phase. This is
important, because the two muscles have the same function in the sagittal plane;
however, higher medial gastrocnemius force results in higher medial knee joint contact
forces, and this distribution was nicely solved using measured EMG. Furthermore,
prolonged EMG activity of the RF, which was shown in chapter 3, was captured by our
EMG-driven model, showing promise for the model to capture the alterations seen in
the activity of the muscles due to knee OA (increased co-contraction) and obesity

(prolonged activations, shown in the last chapter).

On the other hand, our results showed that the healthy weight subject walked with
higher first normalized peak medial and total contact forces, while the second peak of
the normalized medial contact force were almost the same between the two subjects

(Figure 4-19, Table 4-9). The second peak of the normalized total contact force was
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higher for the obese subject. Furthermore, healthy weight subject walked with increased
normalized quadriceps muscle forces (except RF) (Figure 4-18), which resulted in the
higher first peak of the medial contact force compared to the obese individual; while for
the second half, the interaction is a little more complicated: the external normalized
knee adduction moment about the lateral contact points are almost the same for both
subject (not shown here), accompanied by higher normalized gastrocnemius moment
for the obese subject compared to the healthy weight individual (Figure 4-20); however,
the moment arm for the medial contact force (about the lateral contact point) is smaller
for the healthy weight subject; therefore, this interaction results in almost the same
normalized joint contact forces (Figure 4-19). Our results for the normalized forces are
different from the findings of Harding et al., showing no difference in normalized

muscle forces with increasing BMI category [2].

There are some limitations with this study. First, EMG measurement are usually subject
to cross talk [35], which can be even amplified in the case of obese individuals, the
EMG signals for each muscle can be contaminated by adjacent muscles. To minimize
the cross talk, electrodes were placed on the muscle bellies based on standard protocols
[31] and isolated resistance testing was performed for different muscle to make sure
that the cross talk is minimized. Second, finding the activation of VI using activation of
VM and VL and difficulty in separating the EMG activity of SM and ST and BFLH and
BFSH may have introduced some errors in the results. Third, it was assumed that the
contact forces are acting on articular surfaces only through one point, located at the
midpoint of each compartment. However, the contact points were reported to be
moving approximately around 3 mm in anteroposterior and mediolateral directions
[192, 193]. Sensitivity analysis showed that change up to 10 mm results in less than 5%
change in predicted contact loads [119]. It was assumed only forces parallel to the shaft
of tibia contribute to the contact forces of articular surfaces and shear forces were
neglected; although, Shelburne et al reported that the influence of shear forces in total
knee joint contact forces are small [104]. Only one healthy weight and one obese
subjects were included in the study. Currently, we are using our model to find the

tibiofemoral joint contact forces for more individuals and the data will be used to

90



examine the effect of obesity (in order to draw stronger conclusions). Finally, although
EMG-driven model helps us capture the real patterns of muscle activities during
different tasks, still the search space for muscle parameters is big and the results may
not reflect the real values of muscle forces [184]. Finding the real muscle parameters
were also harder in our study, due to the fact that we did not have the experimental data
for different tasks such as running, medial thrust gait, etc, which would make the search

space more constrained.

4.6 CONCLUSIONS

In conclusion, the EMG-driven model implemented in this chapter has the ability to
solve the muscle redundancy problem in an effective way based on the real activation
patterns of the muscle. Specifically when dealing with new gait patterns and
pathologies, EMG-driven model may give us realistic muscle forces which then can be
used to find biomechanical variables of interest which are not readily possible to
measure using more traditional biomechanical analysis techniques such as inverse
dynamics, and in our case tibiofemoral joint contact forces. Furthermore, our case study
demonstrated that muscle forces may have a significant effect on the medial joint
contact forces, implicated to be involved in the progression of knee OA. Our future aim
is to apply our model to a gait database of individuals with asymptomatic and
symptomatic knees with a range of BMIs to examine how altered muscle activity, and
possibly other changed kinematic and kinetic variables may change the knee joint
contact loading and relate this information to knee OA development and progression

longitudinally.
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CHAPTER S5 Conclusions

5.1 THESIS SUMMARY

Obesity is known as a major risk factor for the development and progression of knee
OA [54, 55]. It has been proposed to affect the joint through linked mechanical and
metabolic factors [55]. However, its precise role in the pathomechanics of the disease is
still not well understood [60]. Given the importance of altered mechanical environment
in both initiation and progression of knee OA [10], it is crucial to examine if and how
obesity may affect the joint mechanically, and this probably gives us the ability to
manage conservative treatment options to slow the progression of the disease or even

prevent it.

This thesis is a continuing work of our group on the role obesity and its influence on
joint mechanics. Previous work in our group showed that obese individuals walk with
altered pattern of the loading of the knee joint [1] and furthermore, obesity may expose
the joint to higher absolute contact forces found through an inverse dynamics model
[2]. Following the previous work on obesity by our group, in this thesis we aimed to
analyze the influence of obesity and its interaction with knee OA on the activation
patterns of major knee muscles, and then implement an EMG-driven model, which was
capable of incorporating real measured activity of knee muscles to find the muscle
forces, validate the model against existing results in the literature, and finally show the
utility of the model to examine the knee joint contact forces through a case study,

which included one obese and one healthy weight asymptomatic subject.

Two primary objective were addressed in this thesis. First, the interacting role of
obesity and moderate knee osteoarthritis on activation patterns of the periarticular knee
musculature during self-selected gait were examined. The EMG activity of 295
individuals with and without knee OA were analyzed using PCA, to examine the

patterns of the muscle activities rather than only looking at peak and mean parameters
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of the EMG waveforms. The results of this study, described in Chapter 3, revealed that
in contrast to the results of the previous studies in the literature [128, 130], obese
individuals walk with altered knee joint muscle activity that includes delayed and

prolonged activation of gastrocnemius, and also sustained activity of quadriceps.

Given the important role of the muscles in tibiofemoral joint contact forces [90], altered
activity of the gastrocnemius and quadriceps suggest that obesity may result in altered
contact forces, which may be responsible for joint degeneration. However, it is not
possible to assess the muscle forces based on their EMG, as many factors are involved
in the force produced by muscles. Therefore, there was a need to obtain the knee joint
contact forces, using real activation patterns of the muscles to assess if obesity
influences the tibiofemoral joint contact forces or not. Following our first study, we
implemented an EMG-driven model, working based on the measured experimental gait
data, including 3D motion and ground reaction force data and also electromyography.
The model was validated against the existing results in literature. The EMG-driven
model then was used to conduct a case study in which the knee joint contact forces of
an obese and a healthy weight subject with asymptomatic knees were compared in
order to show the utility of the model and its potential to be used for further studying
the populations with altered gait and muscle activation patterns. The results of our case
study showed that the obese individual walked with higher absolute knee joint contact
forces compared to the healthy weight subject, and this happened due to a combination
of higher absolute muscle forces and higher net external knee adduction moment.
Furthermore, the model was able to predict the muscle forces, consistent with their
measured EMG. Specifically, prolonged activations seen in the activity of the RF for
the obese subject, was reflected in the force profile, and contributed to tibiofemoral

contact force that was not reflected in the net external moments from inverse dynamics.
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5.2 IMPLICATIONS OF THESIS RESULTS

The results of this thesis have implications for the management of knee osteoarthritis.
Our first study showed that obese individuals walk with prolonged activity of the knee
joint major muscles. This implies that the muscle activity may result in the sustained
application of the force on the knee articular surfaces, which may lead to the
degeneration of the joint [194]. Our study was cross-sectional in nature, and therefore
difficult to draw conclusions regarding the effect of weight loss on neuromuscular
control. However, if the same relationships held for weight loss, then it is possible that

weight loss could contribute to a more favorable joint mechanical environment.

Our second study which was performed on one obese and one asymptomatic individual,
showed that the obese subject walked with increased absolute knee joint medial and
lateral contact forces, from contributions from both a larger knee adduction moment
and higher muscle forces. This result for the one obese individual in this study, with
higher absolute knee joint contact forces, was consistent with the population-based
statistical results found by Harding et al. using a two-dimensional contact force model
without EMG input [2]. Because there is variability in EMG profiles of obese
individuals (Chapter 3), the EMG-driven model implemented in Chapter 4 should be
used to examine a larger cohort in order to be able to draw conclusions regarding
tibiofemoral contact forces during gait with and without obesity. It was demonstrated in
chapter 4 that gait waveforms, including net resultant joint moments obtained using
inverse dynamics, and linear enveloped EMG, may not accurately reflect real
tibiofemoral joint contact forces, and there is a need for more detailed models, taking
into account musculoskeletal geometry, external and muscle forces and their

interactions at the same time.

Furthermore, in chapter 4 it was demonstrated that the EMG-driven model is capable of
finding the distribution of the muscle forces corresponding to the directly measured
activation patterns of the muscle. This is specifically important when we are dealing

with populations with some kind pathology such as knee OA, which has been shown to
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be associated with increased co-contraction of the muscles [31] or prolonged activation
as shown in the case of obese individuals in chapter 3 of this thesis. In addition, EMG-
driven model was able to distinguish between muscles with the same function based on
their activations, and as demonstrated for the particular cases highlighted in chapter 4,
this was most important in the second half of the gait cycle when the gastrocnemii are
responsible for the propulsion of the body. The distribution of the force between the
medial and lateral gastrocnemius is important in determining accurate peak of the knee
joint medial contact forces in the second half of the stance phase. Overall, the results
show promise for the implemented EMG-driven model for further investigation of
different risk factors that may result in alteration in knee joint loading and progression

of disease, such as knee osteoarthritis.

5.3 LIMITATIONS

The limitations in this thesis are associated with the limitations of the experimental gait
data collection, the assumptions in the development of the EMG-driven model, and the
small number of the subjects used to examine the influence of obesity on knee joint
contact forces. First, EMG measurement is prone to cross talk. Although in our lab,
individuals are usually asked to perform resistant isolated exercises in order to
minimize this effect, due to the amount of adipose tissue in the case of obese
individuals, cross talk can be amplified and as a result, measured EMG signals may be
contaminated by activity and signals from adjacent muscles. Therefore, this limitation
in the data collection may have introduced some errors in our analysis in Chapter 3.
More specifically, cross talk would act primarily to amplify the signal, and therefore the
first PC for each muscle group may be most affected by the cross talk, because this PC
usually shows the overall amplitude of the waveforms. However, for other PCs which
are showing the relative activity of muscles in different points of gait, we can be more
confident that the effect of cross talk is almost canceled by the relative nature of those
PCs. Furthermore, the EMG-driven model uses these EMG activities as an input, which

may also cause some error in the muscle force estimation problem.
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Second, errors in the inverse dynamics model due to some assumptions, such as ones
made for measuring the inertial properties of the segment and also excess skin marker
movement in obese individuals [195], may introduce some errors both in the calibration
of the EMG-driven model and also in the calculation of tibiofemoral joint contact
forces using sagittal and frontal plane knee moment from inverse dynamics model.
Furthermore, the errors propagated into inverse kinematics calculation due to the skin
movement of the markers also can have a significant effect on the EMG-driven model
[159], as the MTU lengths and moment arms are solely a function of inverse kinematics
and error in the measurement of the movement will be translated to these variables and
therefore, may introduce some error to the obtained muscle forces. In addition, the
problem of error in the measurement of the muscle moment arms due to inaccurate
musculoskeletal geometry as a result of uniform scaling of generic musculoskeletal

models to match a subject of interest may results in error in muscle forces.

There are limitations as well with the implemented EMG-driven model. First, although
the model is a powerful tool to solve the muscle redundancy problem, especially when
we are dealing with pathologies and atypical gait patterns, the search space for the
muscle parameters is large and therefore there is not a unique solution. It is possible,
then, that the calibrated muscle parameters do not reflect their real values and therefore,
real muscle forces [184]. Experimental motion and EMG data during different tasks
accompanied by a more detailed lower limb model, which benefits from subject
specific muscle parameters, obtained using imaging techniques such as MRI may
improve our model. In addition, the assumptions made to find the activation of the

muscles such as VI, may have introduced some error in the obtained muscle forces.

Finally, the contact model assumes that the location contact points are almost constant
at the middle of the each aspect of the tibia; however, this may not be true [192]. This is
important, because the ratio of muscle and contact force values to their corresponding

frontal plane moment arms about medial and lateral contact points are large; therefore,
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small deviations in the contact point locations may result in big changes in the obtained

contact forces.

Obtained results in our case study were based on the comparison of only two subjects
with different BMI, and almost the same walking speeds. Therefore, it only gives us a
demonstration of the potential utility of the model and how obesity may influence the
joint forces. Therefore, strong conclusions regarding the role of the obesity in the joint
contact loading may not be drawn and the model should be applied to more individuals
with a range of BMI to be able to make stronger statements about the obesity and how

it changes joint mechanical loading.

Finally, the method of validation used here, i.e. validation against existing results in
literature is not perfect. The problem is that there is not still any perfect method for
validating the models which are developed to calculate knee joint contact forces. In
addition, even validating the model against the knee grand challenged does not
guarantee the accuracy of the model for other cases, due to the variability among

different individuals.

5.4 FUTURE DIRECTIONS

The case study using the implemented EMG-driven model in chapter 4 demonstrated
the potential ability of the model to capture differences in the tibiofemoral articular
loading of the two subjects with different body mass indices. In the future, the model
should be used for more subjects with different levels of BMI and in the presence of
knee OA in order to be able to draw statistically strong conclusions, regarding the effect
of obesity and knee OA and their interactions on knee articular contact loading. This
will be necessary to understand if there is a biomechanical role of obesity implicated in

knee OA initiation and progression.
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It has been proposed that weight loss in obese individuals may result in the reduction of
the knee joint contact forces [88]; However, due to improvement in the joint function
after weight loss, walking speed may increase and this may cause the knee joint contact
forces to increase [196]. Therefore, weight loss studies for obese individuals should be
performed, while the joint contact loading before and after weight loss are monitored
using the EMG-driven model to assess if the weight loss is a viable treatment strategy
for obese individuals for the reduction of knee joint contact forces. Furthermore, the
model should be used in longitudinal studies to examine the effect of tibiofemoral joint

contact forces at baseline on the progression of the knee OA.

More efforts should be made to improve the implemented EMG-driven model to
predict the knee joint contact forces with more certainty for individuals. One
improvement could be to use a full lower limb model accompanied by sufficient
experimental data during different tasks, which would improve the training of EMG-
driven model for more certainty of estimated muscle forces. In addition, the use of
subject specific muscle parameters using MRI may improve the ability of the model to
solve the muscle redundancy problem. Furthermore, new techniques should be
developed in order to determine more accurate articular contact points and their
movement during gait to find the medial and lateral knee joint contact forces with more
accuracy. One of the interesting applications of the EMG-driven model is its ability to
be used for online purposes after it is calibrated. Therefore, the model can be used for
the purpose of training individuals with obesity and knee OA to learn new gait patterns
in order to reduce their joint contact loading and therefore, probably decrease the rate of

the progression of knee OA.

In conclusion, this thesis demonstrated that higher body mass index was associated
with altered activation patterns of major knee periarticular muscles during gait.
Following this finding, a considerable amount of work was performed to implement an
electromyography driven model in order to incorporate the real activation patterns of
muscles in solving the muscle redundancy problem. Obtained muscle forces then were

used for determining the tibiofemoral joint medial, lateral, and total contact forces. The
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model was calibrated for a few subjects, validated against existing literature and used to
demonstrate its potential utility to examine how obesity may contribute to the alteration
of the mechanical environment of the knee joint. Future work aims at the use of the
model with large cohort with varying levels of BMI in order to draw statistical
conclusions regarding the role of obesity on tibiofemoral joint contact forces during

walking.
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APPENDIX A Mean EMG waveforms of all groups

Figure 5A-5-1 Mean EMG waveforms for the 6 groups in chapter 3shows the mean

EMG waveforms of the 6 groups included in our study presented in chapter 3.
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Figure 5A-5-1 Mean EMG waveforms for the 6 groups in chapter 3
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APPENDIX B Histograms of Z-scores

Error! Reference source not found. Figure B-1 shows the histograms of the Z-scores

obtained to test the normality of the data presented in chapter 3.
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Figure B-1 Histograms for the Z-scores corresponding to the first 3 PCs for each
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APPENDIX C Reconstructed EMG waveform

Figure C-1 to Figure C-7 show the mean EMG waveforms in chapter 3 and the

reconstructed waveforms using the first three PCs for each group.
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APPENDIX D Mean Z-scores of the EMG waveforms

Table D-1 Shows the Z-scores obtained for different groups’ EMG waveforms in
chapter 3.

Table D-1 Mean Z-scores corresponding to different groups in chapter 3 (values in
parenthesis show standard deviations).

Gastrocnemius Hamstrings Quadriceps

PC; PC, PC; PC; PC, PCs PC; PC, PCs

HW 19.3 8.2 104 | -24.0 | -11.3 8.3 -22.4 -8.7 7.9
(103.7) | (56.1) | (36.7) | (66.1) | (34.3) | (23.4)] (71.9) | (24.2) | (21.4)

Asym | ov 232 -1.9 16.8 21 -7.6 11.5 -13.0 -6.3 9.9
(112.4) | (52.0) | (40.0) | (51.9) | (33.1) | (32.6) | (74.6) | (34.6) | (26.2)

OB 33.1 2313 5.4 -26.1 -5.8 7.9 -5.2 53 6.3
(106.8) | (55.7) | (39.3) ] (56.9) | (31.4) | (27.4) ] (75.3) | (28.0) | (24.3)

HW -5.8 11.7 1.9 3.7 9.8 -14 10.8 -4.2 -6.7
(87.1) | (52.1) | (35.3) | (71.5) | (40.8) | (24.0) | (82.2) | (34.6) | (18.9)

OA oV -12.6 0.1 34 9.8 4.8 -6.2 2.2 -0.7 -6.6
(87.5) | 48.3) | (33.1) | (92.4) | (49.7) | (33.5) | (101.7) | (34.1) | (31.1)

OB -19.5 -0.9 | 204 | 234 10.9 -7.6 19.7 10.0 -4.7
(83) | (38.8) | (41.0) | (96.4) | (50.6) | (33.5) | (117.8) | (43.9) | (35.0)
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