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Abstract

The medial and lateral menisci, situated in the knee joint, are most injured soft
tissues in the human body. Meniscus injuries can be isolated or occur concurrently with
an anterior cruciate ligament (ACL) injury. Certain tears are not amenable to surgical
intervention and non-invasive treatment options such as unloader knee braces are
theorized to benefit the knee joint during a medial meniscus injury. Unloader braces have
shown favourable outcomes for medial osteoarthritis; however, there is a knowledge gap
regarding the efficacy of these braces as an intervention for the meniscus.

This study investigated the efficacy of two medial unloader braces (i.e., Rebound
Cartilage and Unloader Fit) on the medial meniscus and tibiofemoral joint compartment
during simulated activities of daily living (ADL) in healthy and injured ACL states.
Posteromedial and anteromedial meniscus strains and tibiofemoral cartilage pressures
were measured on cadaveric specimens (n=10) while replicating gait, double leg squats
(DLS), and single leg squats (SLS) using a dynamic knee simulator. In a complementary
study, the experimental boundary conditions were applied to a pre-existing 50th
percentile male right leg finite element (FE) model and the three ADLs were simulated in
both ACL states with a simulated 10 Nm valgus moment (VM) unloader brace effect. The
computational approach investigated additional outcomes that could not be measured
experimentally such as posterolateral meniscus strains. Descriptive statistics were
calculated for experimental strain and pressure outcomes and an analysis of variance
(ANOVA) was conducted. Descriptive statistics were calculated for FE strain and
pressures, and a cross-correlation analysis (CORA) was performed to compare between
the FE model and experiment.

Both unloader braces resulted in significant reductions in mean and peak
posteromedial meniscus strains during the ACL-intact state and significant differences in
peak anteromedial meniscal strain (p<.05). Neither brace resulted in a significant

difference in either strain outcome with an ACL deficiency (p>.05). There were no
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significant differences in tibial cartilage pressures with the application of both braces
during the ACL-intact state (p>.05). Both braces resulted in an intended valgus unload
during DLS and gait, though not during SLS despite reductions in posteromedial
meniscus strain during SLS. Strain and pressure outcomes revealed that the RC brace
significantly outperformed the UF brace (p<.05), as intended by the manufacturer,
moreover, this was more noticeable in the ACL-deficient state.

The FE simulations demonstrated strong kinematic validity (CORA=0.74-0.99)
with the experiments and the simulated ADLs matched experimental behaviours with
ACL-deficient and VM conditions. FE posteromedial meniscus strain outcomes were
within the experimental corridors and strain and pressure outcomes were within 1-2 SD
of the mean experimental outcomes. Posterolateral meniscus strains were 7-16% higher
than posteromedial meniscus strains and helped demonstrate affirmative unloading
mechanics when compared to the unbraced scenario. The VM approximated unloader
brace mechanics as evidenced by strain and pressure increases in the lateral meniscus
and cartilage, respectively, and demonstrated higher efficacy in the ACL-intact state over
the -deficient state, similar to the experiment.

This study addressed a major literature gap in knee brace biomechanics by
quantifying the efficacy of two commercially available unloader braces on the medial
meniscus and demonstrated the viability of a FE approach to measure deep tissue strain.
Future research can consider these braces for clinical research in patients with a healthy
ACL and the FE model or framework can be used to investigate a variable brace moment

BC, additional ADLs, or injury states such as meniscectomies/osteoarthritis.

vii



Acknowledgements

I foremost acknowledge that the land on which I completed my doctoral degree
is on traditional territory of the Neutral, Anishinaabeg and Haudenosaunee peoples.
The University of Waterloo is situated on the Haldimand Tract, the land promised to

the Six Nations that includes six miles on each side of the Grand River.

I wish to acknowledge my supervisors Dr. Naveen Chandrashekar and Dr. Duane
Cronin for their support throughout this multidisciplinary study that has helped us
collaboratively address a major gap in knee biomechanics while strengthening my passion
for injury biomechanics.

Additionally, I would like to acknowledge Dr. Sebastian Tomescu and Mr. Ryan
Bakker for their guidance and assistance with experimental testing and Ms. Ania Polak
for her assistance with experimental testing and computational simulations.

I am fortunate to have professional colleagues (Ania Polak, Daniel Loewen,
Gajendra Hangalur, Harish Rao, Jin Zhu, Ryan Bakker, Sebastian Tomescu, Shamanth
Hampali) who evolved into friends and helped me grow as a researcher and individual.
Thank you!

To my friends who were always excited about the technicalities of my work, I thank
you for the memorable after-hours story tales. To my brother and cousins who
continuously helped me lose and regain my sanity, I thank you for the necessary
distractions and frivolity. To my parents and family who passionately supperted persisted
for another doctor, I thank you for the drive.

Finally, to my love, I thank and cherish you the most for your unconditional love

and support throughout this endeavor.

viii



Dedicated to
Shanti, Sunder, Shanti, Bogha, Meena, Chander, and the shoulders of giants!



Table of Contents

Examining Committee Membership ........ccccccecieirieririininieieireteeeeeeeee et ii
AUTNOT'S DECIATATION ...ttt et e e e e eeeae e e e e e esaaeeessaeeassaeeenseesensaesesseesenseesenees iii
Statement Of CONTIIDUTIONS .....neeeeeeeeeee et e e e e eee e e e e e eeeeeeaeeeeaaeeeeeeeseneeeeeesnneeeaaans iv
AADSTTACT ..ot e e e e e e e e e e e e e e e e e e e e e e eeeaaaneaeeeaaneeeeaaanaeaeeaaannaeeeananeeeseeaneeeaaaans vi
ACKNOWIEAZEMENLTS ......oveteieiiieieieeeee ettt ettt et be st se s et e s esaesansaneas viii
LLIST OF FHEUTES .ot e e e et e e e e e e e e e e e e e e e e e neeeeaeaaeeeesaesnaeeeeaannneeeaanneaeaann xii
LLIST OF TaADLES ..ttt et e et e e aee e e aeeeeaeeeeaeeeseaeeessaesesseesenesesensaesenaeesenseesanneens xvil
LLIST OF AD DT EVIATIONIS -t e et e e e e e e e e e e e e e e e e eeeeeaaaeeeeeeeeenneeeeaaanneeeeeanneeeaann xix
I. IETOAUCTION <. e e e e e e et e e e e e eee e e e e e e e eeaaneeeeeaaaneeeeeasnneeeaaannns 1
1.1 Literature Gap and Research Motivation............ccceceeveeereeiecieenieceeececeeeeeeveee e 1
1.2 Purpose of Research and Hypotheses..........ccccoeiveenininneiinnenneeeeeceeene 3
1.3 Thesis Organization........co.cccoeeririeirieinineereerteie sttt ettt 4
II. Anatomical Background & Definitions.........cccoecereenireiinieenineneecee e 7
2.1 Anatomical Directions and PLANES .......cc.eoooeeeeeeeeeeeeeeeeeeeeeee e e eeeeeeeeeeeeereeeeseneeans 7
2.2 BONES ANA JOINES . .eeiieeieeeieeeeeeeeeeteeeeteeeeeteeeeteeeeeteeesseeeesseeeesseessssesesseesssesesseesesneeanns 9
2.3 IVIUSCULATUTC. ...t e e e e eee e e e e et e e e e e e aeeeasaeeeeaaaneaeeeesnnaeeaaannns 16
2.4 Cruciate and Collateral Ligaments...........ccccceeveveeerrecieenenieieeneeeeereeeeee e 19
2 D IVLEIUISCH ettt e e e e eeeeeeeete e e e et e eeeeaaaeeeeennateseeentaeeeaanateeeaanaaeesesnteeeeannne 21
2.6 Articular Cartilage ........cccoeeveieieeiceeeeeeee ettt a e 25
TII.  LITETATUTE REVIEW . .eeeeiieeeeeee ettt ettt eeeeee e e e eeeaeeeeesateeeeeseaeesesssneeseessaeeesenneeeenas 27
3.1 Injury EpidemiOlOgy.........coooeoruiniriiiniiienieiecieieeeeeeeeeete ettt 27
3.2 The 3-Point Leverage Unloader Brace Mechanism...........ccccceeeeeeerecveeerecrennenene. 32
3.3 Experimental Knee Biomechanics ..........ccccocevvevierienenieeeiceeeieeeeeeeee e 33
3.4 Human Body Finite Element Modelling ............cccccoevenninneinnennenneeneeces 45
3.5 Finite Element Knee BiOmEChANICS «....oooeeoeeeeeeeeeeee e eeeeeeeeeeee e eeeeeeaeeens 47
TV VL OENOAS et e e e e e e e e e e e e e e e e ae e e e e e aeaeeaaanaeaeeaeanaeeseeaanaeeeaaanneaeaann 58
4.1 Experimental In-Vitro Knee Testing.........c.ccceeeverereeeeieiecieiecieseceeeeeeeeee s 58
4.2 Exgerimental Data ANALYSiS.....ccceirrerieicinieieieesteteeeest ettt e st e s s eenens 79
4.3 50th Percentile Male Lower Extremity Finite Element Modelling...................... 80
4.4 Lower Extremity Finite Element Model Modifications and Enhancements .... 81
4.5 Applying Experimental Boundary Conditions to the FE Model.......................... 89
4.6 Lower Extremity Finite Element Model Simulations..........cccccceevevenievirceneniennnens 92
4.7 Assessing the Computational Knee Model............ccocuvinieieinenieceninecieeseieeenns 95
V.  Experimental In-Vitro ReSults........cccoeiviriirieiiniiieeeeee e 99
5.1 Posteromedial Meniscus Relative Strain.......cccceeveeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeens 100
5.2 Anteromedial Meniscus Relative Strain .......oeeceeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeeens 103
5.3 Tibiofemoral JOINT PIESSUTE. ......couu oo et e e e eeeeeeeeeeeeeeneeeeeeeeeeeaas 105
VI. Computational RESUILS........cccceeiiiiiiiiieeeeceeeeeeee et 112
6.1 FE MOAE] EXEEIISION «.eoeeeeeeeeeeeeeeeeeeeeeeeeeee e e eeeeeeeeeeeeeeeeeaeeeeeeeeesseeseesasneesssenneaeeaan 112
6.2 FE Model Preparatory SImulations..........ccccceeeeeeeeeeieiecieiesieseseeee e 117
6.3 Meniscal and Articular Cartilage Mesh Convergence ...........cccocecerieevereeenuenencne 119
6.4 Gait and Squat SIMUlations.........ccceiirireiirieec e 120



VII. Di i 44
. B 10 2 L 0 s 1

7.1 Experimental Strain and Pressure Analyses with Unloader Knee Braces....... 144
7.2 Computational Strain and Pressure Analyses with Valgus Unloading Effect. 155
7.3 LIMITATIONS ..ooviriiiiieiieieieieierieseee ettt ettt ettt ettt et e b e s s s e st et e aeneens 170
VIIL. CONCIUSION ...uviniiiiinieiieieietecete ettt ettt st be st et e e sse st esse e ssesseseesessansesensan 174
8.1 Revisiting the Hypotheses........cceoveivieieiciiieeeeeeeeceeee e 174
8.2 Recommendations for Future Work...........cococveinieinnenneieeeececeeee e 176
RETEIEIICES ...ttt ettt et b et s sae e esesbessensesassansennasans 178
Appendix A: Experimental Reliability ........cccccoveeiecirinenieineieeeeceeeee e 204

Xi



List of Figures

Figure 1.1: Organizational flow chart illustrating overall work flow for select chapters................ 6

Figure 2.1: The pairs of anatomical pairs shown on the: (a) whole body; and (b) a cross-section
of the thigh. Note: Ventral-dorsal and cephalic-caudal are identical to anterior-posterior and

100 0153 o (0) 01 ) 1 10) APPSR PUORRRP PP 8
Figure 2.2: The three primary (coronal, transverse, sagittal) and the two secondary (median and
parasagittal) anatomical planes of the human body........ccccceeeeeiiiiiiiiiniiieeeeeeee 8
Figure 2.3: The three pairs of lower leg motion showing (hip and knee) flexion-extension, leg

abduction-adduction, and leg internal-external rotation...........ccecccereeeieinienncnnienrereeeeeeee 9
Figure 2.4: An anterior view (left) and posterior view (right) of a left leg femur bone................ 10

Figure 2.5: (a) The functional flexion-extension axis shown (a) on an anterior view of a left leg
during knee flexion; and (b) in a transverse plane CT-scan on a right leg. (Asano et al., 2005 —

reprinted with permission from EISEVIET) ........cccoueeeeiiiiiieieiieccctecette et ae e eeeae e eene e 11
1Figure 2.6: An anterior view (left) and posterior view (right) of the tibia and fibula bones in a left
B teerererererererararesesasasasaaasasasaasasaasasasaassasasaasassasesasasaaesasasasesaeasesasesasessaeseseresesesasasasesasaserasereresesasasanens 12
Figure 2.7: An anterior view (left) and posterior view (right) of a right leg patella bone. ........... 13

Figure 2.8: The three translational and three rotational degrees of freedom that articulate the
knee joint (adapted from Komdeur et al., 2002 — reprinted with permission from Taylor &

S sV (e 1<) R RRRRRRRRINE 14
Figure 2.9: A normal (neutral), varus (bowlegged), and valgus (knock-kneed) representation of
The KNEE JOINT. c.uvviiiiiiiiiieecie ettt ettt e st e s ee e st e e s saseesssaaessaeesssaaesssaesnssens 15

Figure 2.10: The knee joint (tibiofemoral and patellofemoral) and proximal tibiofibular joints.15

Figure 2.11: Muscles shown on a right leg including (a) the anterior quadriceps femoris muscle;
(b) the posterior hamstrings and popliteus muscles; and (c¢) the posterior gastrocnemius muscle.
....................................................................................................................................................... 17

Figure 2.12:The criss-cross orientation of the ACL and PCL shown on a left leg. ....................... 20

Figure 2.13: (a) Lateral view of left leg displaying the LCL and its attachment sites; and (b)
medial view of right leg displaying the MCL and its superficial attachment sites (note deep MCL

attachments are CONCEALEA). ....covvviviiiiiiiiiiiiiiiiieeieeeeeeeeeeeeeeeeeeee ettt eeeeeeeeeeeeeteeeeseeeeeeesseeeeeseeseseeeseaees 21
Figure 2.14: (a) anterior view of the menisci; (b) transverse view of the meniscal regions; and (c)
transverse view of the meniscal root attachment Sites.: .........ceeeeevvveieeeiieeieeceeeeecceee e 22
Figure 2.15: (a) Transverse and cross-sectional views of a meniscus illustrating vascularization
zones; and (b) cross-sectional view of a meniscus illustrating collagen fiber orientation............ 24
Fi«fure 2.16: (a) Biomechanical axial load distribution in the meniscus illustrated with posterior
(black) and transverse (blue) cross-sectional slices; and (b) Displacement of both menisci due to
excursion (Allen €t al., 1995). ...cciiiiiiiiiieieiieeeeiitreee e eeeecirreeeeeeeeesesssresereeeeeessssssssssssesessssssnsssnes 25
Figure 2.17: Femoral, tibial, and patellar hyaline (articular) cartilage surfaces.........c..ccc.c....... 26

Figure 3.1: A right leg showing the 3-point leverage system illustrating the three points of force
application (Fi, Fo, F3), the medial hinge axis (at F1), and the overall unloading correction
moment (M) (adapted from Pollo et al. 2002). ....ccccuviiiiieiiieeeeeeeeere e e 32

Fi%ure 3.2: Aright leg (a) unbraced X-ray scan illustrating medial knee con(lipartment OA; (b)
unloader knee brace illustrating a valgus unloading moment; and (c¢) braced X-ray scan
illustrating a more neutral varus-valgus alignment. ...........cccccoeveriiirieniiinienrieeeeeeeeeee e 33

Figure 3.3: (a) Enlarged view of displacement variable reluctance transducer (DVRT) showing
housing and core components, and (b) DVRT inserted into meniscal tissues (adapted from
Pearsall and HOILIS, 2004).......cooo ittt ettt e e e e e e e e e e e e eeeeeeeeeeeeeeeeeeeeeeeeees 35

Figure 3.4: Tibiofemoral insertion of the (a) Tekscan model 4000 sensor (Agneskirchner et al.,
2007 — reprinted with permission from Elsevier); and Tekscan model 6900 sensor (Anderson et
al., 2003 — reprinted with permission from EISeVier). .......cccccceeviervirniiniinnieniienieeieeeeeeeeene 37

xii



Figure 3.5: Pictorial representation of McGill University knee simulator featuring a flexion-
extension and axial force actuators (McLean et al., 1993 — reprinted with permission from
American Society of Mechanical ENGINEETS). ......ceceveiieieiiiieieiieieiieceieeceieeesveeesaeessvaeeesaneesnnes 40

Figure 3.6: Illustration of the University of Michigan simulator displaying a DVRT sensor placed
on the ACL, as well as flexor and extensor muscle force group cables (Withrow et al., 2006). ... 41

Figure 3.7: Illustration of the Texas Tech University simulator featuring quadriceps and
hamstring muscle group actuated forces, as well as a DVRT implanted within the ACL (Hashemi

et al., 2007 — reprinted with permission from Springer Nature). .......cccccceeevveerrvueerseeerseeenseeennne 42
Fi%lll'e 3.8: Illustration of the University of Waterloo dynamic knee simulator (adapted from
)5 32) L4 (S a2 0 TR 43
Figure 3.9: Illustration of the in-vivo, in-silico and in-vitro processes (Tomescu et al., 2018 —
reprinted with permission from Springer Nature). .......ccocccevevueerriierriieenriieeerieesseeesseeeseeeesneeens 44

Figure 3.10: Flexion (knee) angle and Muscle Force outputs from OpenSim for double leg squat
(left), single leg squat (center), and gait (right) simulations (Tomescu et al., 2018 — reprinted

with permission from SPringer NAtUIE). .......ceccveieviieieiiieeeieeeeieeeeieeeereeesreeeseaeesseaeessaeeesseesnsnas 45
Figure 3.11: Iterative representation of the inputs required in the FE method. ......................... 46
Figure 3.12: Example of an anatomically representative FE model (Zhu et al., 2019)................ 48
Figure 3.13: GHBMC M50 seated occupant human body model..............ccccceeiiriiinninninnninneen. 52
Figure 3.14: Tissue structures within the M50 knee joint, tibial cartilage is not shown. ............ 55

Figure 4.1: (a) A pre-dissected cadaver specimen with threaded rods (blue), guide rods (red),
end plates (yellow), and a guide drill; and (b) the outer shell of the mould encased around the
SAITIE SPECIIMIETL. «..veeeeeurreereaurreeresinreeeesaisreeessssreessssseeesssssseesssssseesssssseeessssssasssssssseessssssseesssssseessnns 61

Figure 4.2: Various steps of cadaver knee dissection with A-C showing skin, subcutaneous tissue
removal, D-F showing removal of lower leg musculature surrounding the tibia, G-J showin
removal of upper leg musculature surrounding the femur and K-L showing preparation of the

knee joint for cabling (reprinted from Bakker 2014). ......cccceeiiiriiinieniieieeereenieeeeeeeeeee e 62
Figure 4.3: The quadriceps muscles anatomical insertion site highlighted in green and an
approximate representation of the muscle force cable attachment site.........ccccceeceeevernienncennen. 63
Figure 4.4: The hamstring muscles anatomical insertion sites highlighted in green and an
approximate representation of the muscle force cable attachment site..........ccccceeeevveeecieeccnneenn. 64
Figure 4.5: The gastrocnemius muscle anatomical origin sites highlighted in green and an
approximate representation of the muscle force cable attachment site..........ccccceeeevveeecieeecnneenns 65
Fi%ure 4.6: Anterior (left) and posterior (right) views of a right knee with the muscle force
cables. Posterior view adapted from Polak (2019). .....ccccuiiriiiieiieeeeecceeecree e are e 65
Figure 4.7: (a) Sample specimen contained within its sealed negative mould; and (b) the
‘foamed’ specimen with hip, ankle attachment rods and three muscle force cables.................... 66
Figure 4.8: Images of the braces used in the current study with (a) Rebound Cartilage (RC) brace
shown on a right leg and (b) Unloader Fit (UF) brace shown on a leftleg. .........cccccueevvieinvunennns 68

Figure 4.9: Moment arm set up instrumented with a goniometer and a linear variable reluctance
transducer performing an extrusion of the hamstring muscle cable by passive flexion (black
2D 4 014 FUUUUR RS 69

Figure 4.10: Hip and ankle velocity time history input curves for (a) double leg squat, (b) single
leg squat, and (C) ATt. ..ccccuieeieeiiieeeceee et e e et e e e e etre e e e e eaae e e e s ara e e e e e raaeeeennraeeeannnes 71

Figure 4.11: Experimental coordinate reference system with hip and ankle velocity directions
indicated DY Sreen QITOWS. .....cccueiiriiirrieeriieeniteeeiteeeiteseeeesereeseteessareessabeesssteesssseessseesssssessseesns 72

Figure 4.12: (a) Microminiature displacement variable reluctance transducer (DVRT); and (b)
General DVRT assembly and dimensions, where the sensor length (B) is 26.8 mm and the stroke

length (X) 1S £4.5 MIMcc.uuiiiiiieiiiecceeeeteeeee ettt ssre e st e e ta e s s be e e s sbeessaaeessseessaeesssaeessssessssans 73
Figure 4.13: Representation and dimensions of Tekscan Pressure Sensor (model 4000) .......... 74
Figure 4.14: Representation of (a) sensor equilibration similar to the set up used in the current

study and (b) sensor calibration setup using Mark-10 compression tester. .........c.ccceeerveerrrveennne 76

Xiii



Figure 4.15: Modifications made to Tekscan Model 4000 sensor with dashed lines depicting
trimmed edges, black circles depicting mounting holes, and shaded regions representing duct

TAPE PIOTECTIVE JAYET...ccciieeeiieeeiieecee ettt e e te e et e e ae e e te e e s sbeeessaeessaeeesaeesssaeessssessnsens 76
Figure 4.16: Close up view of the DVRT and pressure sensor implementation shown on a
sample specimen in the (a) anterior view and (b) pOStETiOr VIEW. ......ccccuieeeieeecieeecieeecieeeceeennne 77
Figure 4.17: Experimental setup of an unbraced right leg specimen in a start position for (a)
DLS, (b) gait and () SLS. ...iiioieeeiieeieeeeieeeeiee et e esteeseeeessteesssteesebaessaaesssseeansseesssseesssseessssesnnns 78
Figure 4.18: Experimental setup of a right leg in the walk position for (a) an unbraced cadaver,
(b) a cadaver mounted with RC brace and (c¢) a cadaver mounted with UF brace.........ccoe........ 79
Figgr? 4.19: (a) Whole body M50 model (v4-4) and (b) the unmodified extracted right leg FE
1800 16 =) PR USRS 82
Figure 4.20: FE isolated ligament uniaxial tensile tests for the (a) ACL, (b) LCL, (¢) MCL, and (d)
| o6 R 87
Figure 4.21: Superior view of original, coarse mesh (left) and refined, fine mesh (right) medial
menisci with corresponding linear spring horn elements. ..........ccecceerieeiiinienniiniennneeeeene 88
Figure 4.22: Superior view of original, coarse mesh (left) and refined, fine mesh (right) medial
HIDIA] CATHIAZE. ..eenneeeieeetee ettt ettt et s st ne e nees 89

Figure 4.23: The functional flexion-extension axis: (a) for a participant’s left knee (Asano et al.,
2005 — reprinted with permission from Elsevier); and (b) implemented in the FE model as the z-

0 1PN 90
Figure 4.24: Local coordinate sgstems and joint directions indicating positive vector orientation
for: (a) the experimental; and (b) computational gait Setup. .......cccceevveerririerriiieriieercieeeieeeeee, 90
Figure 4.25: The experimental quadriceps tendon (a), the original FE quadriceps tendon (b),
and modified FE excluding quadriceps tendon (€)......cccccceervueerrrieerniiiernieeiniieenseeessneessneessneeennne 91
Figure 4.26: The directions for the hip Velocit{ (Hv), ankle velocity (Av), hip muscle force (A),
uadriceps muscle force (Q), hamstring muscle force (H), and gastrocnemius muscle force (G)
shown for: (a) the experimental gait; and (b) the FE gait setups. ......cccccoveeecvieeciieecciieeecieeecieene 92
Figure 4.27: FE model hamstring moment arm simulation showing the fixed femur BC, the
hamstring force BC (dashed arrow), and the crus motion similar to experimental setup........... 94
Figure 4.28: Nodal location of posteromedial meniscus strain measurement similar to the
EXPETTMENTAl NEASUTE. .....eiiuiiiiieeiieiieeieeet ettt et e et e et e st e s st e s e e s see st e e st e saseesseesseesneens 96
Figure 4.29: Tllustration of good and poor correlations for size, phase, and progression ratings.
....................................................................................................................................................... 97

Figure 5.1: Mean posteromedial meniscus relative strain for specimens #1-10 for ACL-intact
and -deficient states (Int, Def) for double leg squat (DLS) (n=10), Gait (n=9), and single leg
squat (SLS) (n=9) trials with unbraced (NB), rebound cartilage (RC), and Unloader Fit (UF)
DIraCing SCENATIOS. ..eeveeeuieeiierieeiieeteei et et et e et et e st e e s aee s st e sat e e st e saee s s e e s st e s st essaesseesneenseenns 102

Figure 5.2: Mean anteromedial meniscus strain for specimen #1, 6-10 for ACL-intact and -
deficient conditions (Int, Def) in double leg squat (DLS) (n=6), Gait (n=5), and single leg squat
(SLS) trials (n=5) with unbraced (NB), rebound cartilage (RC), and Unloader Fit (UF) bracing
SCEILATIOS. 1eeeevrrrerrreeeeeeeeesrrrreeeeeeeeesessssesseseesseesassssssssseseeseesssssssssssessessssssssssssesesssenssssssssssesssesasnsnnes 104

Figure 5.3: Typical sensor output shown for the sensor used on specimen #1. ........cccceeeuuneenn. 105

Figure 5.4: An unbraced and braced Tekscan pressure recording for specimen #8 performing a
DLS in an ACL-intact condition, where NB: unbraced, RC: rebound cartilage brace, UF:
19001 (016 (<3 g 610l o) = oL USSPt 106

Figure 5.5: Mean medial (left) and lateral (right) tibiofemoral joint pressures for all three
activities with the ACL-intact (n=6) where NB: no brace; RC: rebound cartilage brace; UF:
10001 (oF: Ve [ 1 il o) i 1< RO U U UUPTRRN 108

Figure 5.6: Mean medial (left) and lateral (right) tibiofemoral joint pressures for all three
activities with the ACL-deficient (n=6) where NB: no brace; RC: rebound cartilage brace; UF:
19001 (0: 16 (<3 g § 10l o) = oL USRS PSSRt 109

Xiv



Figure 5.7: Percent differences in (a) mean and (b) peak medial tibial cartilage pressure in

DIraced SCENATIOS. ...ccvuviieiieiriieieiteerte ettt e st e e te e s s te e s sabeesssbeessbeesssbeesssasssssesssssesssaesnnns 111
Figure 5.8: Lateral and medial tibial cartilage (a) mean and (b) peak pressure differences for
each activity-brace combination relative to unbraced-activity combinations. ..........cccceeuuen.ee. 111
Figure 6.1: Posterior view depicting tibiofemoral joint separation in the (a) 49° seated; and (b)
fully extended STALES. .....ceeeuieiiiieiieeete ettt ettt e s e st e e s aae e s saaeesanaas 113
Figure 6.2: Uniaxial FE tensile test simulations comparing force-elongation with experimental
literature for the (a) ACL; (¢) LCL; (¢) MCL; and (d) PCL. ...coooveuveiieeeieeiieeeeeeeeee e 114
Fiﬁure 6.3: Anterior view depicting the (a) original menisci; and (b) the compressed menisci
fOlloOWINg KNEE EXTENSION. ...viiiieiiiieiieecieeceteecteeete ettt et e s re e s sbe e e te e e aae e s saeeesaeesssneennsnns 115

Figure 6.4: Mean medial and lateral menisci effective (von-Mises) stresses for (a) a ramp-step
VM loading condition; and (b) an instantaneous VM (valgus moment) input loading condition.
..................................................................................................................................................... 117

Figure 6.5: Hip, hamstring, gastrocnemius, and quadriceps muscle force time history input
curves for (a) double leg squat, (b) gait, and (c) single leg squat. ........ccccceevernierieinienicnneennee. 119

Figure 6.6: Kinematic verification of FE outputs vs. experimental (Exp.) inputs for (a) DLS; (b)
R BTV T W () € ¥ 1 SRR 21

Figure 6.7: A sample kinetic verification of FE quadriceps force outputs vs. experimental 1nputs

for () DLS; (D) SLS; aNd (€) GAIL. c.ccoeveuveereeiiiiiieiirrieeeeeeeeeeeeiirteeeeeeeesesassseeeeeeeeesssssssssesessessssns 122
Figure 6.8: FE kinematics compared with Tomescu et al. (2018) when evaluating flexion angle
for () DLS; (D) SLS; aNd (€) GAIL. c.oceeveuveeieiiiiiiieeiiiiereeeeeeeeeeiireeeeeeeeessssssssreeeeesesssssssssesessesssees 123
Figure 6.9: Posteromedial and posterolateral meniscus strains for the unbraced (NB) and valgus
moment (VM) simulations in ACL-intact (ACL-int) and -deficient (ACL-def) states................ 124
Figure 6.10: Posteromedial meniscus relative strains for the FE model and specimen #3....... 126
Figure 6.11: Unbraced FE posteromedial meniscus strain compared with unbraced
experimental strain mean and COTTIAOTS. ....cccuuiieieeiiieeiieeeee et eere e e re e e ae e e eeaeeeaaeens 129
Figure 6.12: FE valgus moment (VM) posteromedial meniscus strain compared with Rebound
Cartilage (RC) braced experimental strain mean and corridors. .......ccccceeeevveeeeiieeecveeeeveeeennenn. 130
Figure 6.13: FE valgus moment (VM) posteromedial meniscus strain compared with Unloader
Fit (UF) braced experimental strain mean and corridors. .........cccceeveeeerieeerieeeenieeeesneeesneeecanenns 131
Figure 6.14: Anteromedial and anterolateral meniscal strains for the unbraced (NB) and valgus
MOoMeENt (VM) SIMUIATIONS. ...vvvrrieiiiiiiiiiiieeeecceeeccirtrereeeeeeesetrereeeeeeeeesssssssssereseeessssssssssssesesssens 133
Figure 6.15: Anterolateral meniscal relative strains for the FE model and specimen #3.......... 134
Figure 6.16: Unbraced FE anterolateral meniscus strain compared with unbraced experimental
strain mean and COTTIAOTS. ......cotirirriirrieririertereet ettt te et e sse et sat st e s et e ssesssessnesaeensenns 136
Figure 6.17: FE valgus moment (VM) anterolateral meniscus strain compared with Rebound
Cartilage (RC) braced experimental strain mean and corridors. .........ccccceeverreersenneensenneennne. 137
Figure 6.18: FE valgus moment (VM) anterolateral meniscus strain compared with Unloader Fit
(UF) braced experimental strain mean and COrTidors........c.cccceeeuierriieennieeniieenseeenseeesseeessveeens 138
Figure 6.19: ACL-intact medial (left) and lateral (right) FE tibiofemoral joint pressures where
VM iS VAlZUS MOMENT. ...eeiiiiiiieiiieieeiteetee ettt et e st e et e et e st e e saeesase e seesseesstesaseesseesaseenneens 140
Figure 6.20: ACL-deficient medial (left) and lateral (right) FE tibiofemoral joint pressures where
VM iS ValZUS MOMENT. ...eeiiiieiieiiiieieeieeeteert ettt e e te et e et e st e s bt e satesase e seesse e st esaseesseesaseenneens 141
Figure 6.21: Percent difference in (a) mean and (b) peak medial tibial cartilage pressure
between braced and unbraced test CONAItIONS. .....cceeeveiiiiriiiiriiiiiniiieeeerreeeeeeereeee e 142
Figure 6.22: Lateral and medial tibial cartilage (a) mean and (b) peak pressure differences for
each activity-brace combination relative to unbraced-activity combinations. ............c.cc.......... 143
Figure 7.1: Comparison of (a) mean medial, (b) mean lateral, (c) peak medial, and (d) peak
lateral pressures from this study with previous literature. ...........cccceeevveeeeeiieeeecciieeececieeeeees 150
Figure 7.2: CORA ratings comparing FE-NB to experiment-NB where D: DLS, G: Gait, S: SLS.
..................................................................................................................................................... 161



Figure 7.3: CORA ratings comparing FE-VM to experiment-RC where D: DLS, G: Gait, S: SLS.

..................................................................................................................................................... 161
Figure 7.4: CORA ratings comparing FE-VM to experiment-UF where D: DLS, G: Gait, S: SLS.
..................................................................................................................................................... 161
Figure 7.5: Sample measurement of region specific medial meniscus strains in the model
compared With IEETAtUTIE. ......c.ceirviiiriieiiiieeieeee ettt e s se e e s s e e ssaeessaeens 169

XVi



List of Tables

Table 2.1: Anatomical details on major muscle and muscle groups of relevance in this study... 18
Table 2.2: Width and root attachment area measurements of “normal” meniscus tissues. ........ 23

Table 3.1: Simulation, validation, and ligament and menisci formulation in select lower body
finite element MOELS. ...c.coouieiiiiiiiiee et s 49

Table 3.2: Lower extremity validation tests for M50 v4-4, adapted from M50 manual v4-4...... 53

Table 4.1: Experimental testing order and conditions for 18 unique test cases. .........cccccceeueen..e. 59
Table 4.2: Donor information with descriptive statistics for ten cadaver specimens.................. 59
Table 4.3: Manufacturer provided values for sensor dimensions in Fig. 4.10a. ......c..ccccceeeueenee. 74

Table 4.4: Computation simulation matrix for 12 unique conditions (in no particular order). .. 81

Table 4.5: Excluded parts list in FE model..........cccooiiiiiiiiiiiiiieeeeeeeeeeeeeeeeeee e 83
Table 4.6: Complete list of included parts in extracted FE model. ........cccccoeviriiiniinniinninnennee. 83
Table 4.7: FE model material properties for major tissues within the knee. ...........ccoceeruerneennee. 86
Table 4.8: Comparison of experimental range and FE initial positions during each ADL. ......... 93
Table 5.1: Specimens (Spec.) included for posteromedial and anterolateral strain analyses in

BACK AD L. ..etieiiiiiiieeeieeete ettt et e e s e e e st e et e e et e e et e e s at e e et e e e et e e e et e e e e ba e e saaeearaeeesaeensaeennn 99
Table 5.2: Specimen specific muscle moment arm measurements (n=10). .......ccccceeveerreennuenne 100

Table 5.3: Mean (SD) of the mean posteromedial (n=10) and anteromedial (n=6) meniscus
TEIATIVE SETAITIS. ...ciiiiiiiiiiiiiiiiiiiiieeeeeeeeeeeeeee ettt ee e et et eteeeeeeeeeteee e et ettt et et et e e e tet et et e eteeeeseeeeeeeseeseeeeeeseaeeees 103

Table 5.4: Mean (SD) of the peak posteromedial (n=10) and anteromedial (n=6) meniscus
TEIATIVE SETAIIIS. . uvvrrreeeeeieieeiiirtereeeeeeeeeieitreeeeeeeeeeerssrereeeeeeeeesessssessseseeseessssssnssseesseenensssssnsseseesnanen 103

Table 5.5: Calibration factors for sensors used to measure tibiofemoral joint pressure (n=8). 105

Table 5.6: Mean (SD) of the mean and peak medial and lateral tibiofemoral joint pressures

during 3 activities and 3 brace scenarios with the ACL intact (N=8). ......cccccceerrrrrerrreerieeercnnenn. 110
Table 5.7: Mean (SD) of the mean and peak medial and lateral tibiofemoral joint pressures
during 3 activities and 3 brace scenarios with the ACL deficient (n=8). .......ccccovveeereeecveeennnnn. 110
Table 6.1: FE and reference literature (Ref.) ligament cross-sectional areas with scale factor (S)
P:DaTa le%:1h10) = 0eTe MSTor: 1 (< 2 et (o) ol (1) FRUU 114
Table 6.2: Flexion angle and intercondylar joint separation values (parentheses represent
difference compared to the initial value) during FE extension. ..........ccceeecveeeeecieeeeccceneeseennnen. 116
Table 6.3: Muscle moment arms for the FE model and experimental specimens (n=10)......... 118

Table 6.4: Mean and peak relative meniscal strain based on approximate meniscal part element
SIZE. weeeerrerertereiteeeeiteeeate e et e e et e e e bt e e st t e e et e e e e bt e e b e e et e e et e e e bt e ee b ae e e bt e e et e e et e e e st e e e saaessraeeraaens 120

Table 6.5: Mean and peak cartilage force based on approximate cartilage part element size... 120

XVii



Table 6.6: Mean posteromedial and posterolateral meniscus strains for the unbraced (NB) and

valgus moment (VM) SIMUIAtIONS. ....coccueeriiieieiieieiiieeeiteseieeesteeesteeseaeeesaeesesaeesssseessseessssesnnns 125
Table 6.7: Peak posteromedial and posterolateral meniscus strains for the unbraced (NB) and
valgus moment (VM) SIMUIALIONS. ....coevierriiierniiieriiiieiniierereessieeesieessreessaeesssseesssseesssessssaesnnne 125
Table 6.8: Mean posteromedial meniscus strains for specimen #3 and the FE model.............. 127
Table 6.9: Posteromedial meniscus strain cross correlation comparison ratings between the FE
model and SPECIMEN #3........cocuiiiiiieeeieeceieeeceeeeeeeee st e e e rtee e s teessbeeesbeeessseeessseesssseesssseessssessnsens 127
Table 6.10: Mean anteromedial and anterolateral unbraced (NB) and valgus moment (VM) FE
0 ¢ 1 0 TSR 132
Table 6.11: Peak anteromedial and anterolateral unbraced (NB) and valgus moment (VM) FE
0 ¢ 1 0 USRI 132
Table 6.12: Mean anteromedial meniscal strains for specimen #3 and the FE model............... 135

Table 6.13: Anteromedial meniscal strain cross correlation comparison ratings between the FE
model and SPECIMEN #3.......ccivuiiiriieriieeeieerteesrte e ree s srree s st e s steessbeessstaesssseessssessssaeessssesssees 135

Table 6.14: FE tibiofemoral pressure for the unbraced (NB) and valgus moment (VM)
SIMUIAtions IN the ACL-TNTACE STATE. ...ceiviieiiieieeeeeeeeetttee et eeetttereeeeeeeeetaesssaseesssssessesssnnsesssens 139

Table 6.15: FE tibiofemoral pressure for the unbraced (NB) and valgus moment (VM)
simulations in the ACL-defiCIENt STATE. ..ccuuuuuueieeeieieeiiteieeeeeeeeeteeiereeeeeeeeeteennsseessesssssesssnsessssees 139

Table 7.1: Differences in posteromedial meniscus strain (%) between ACL-deficient and ACL-
intact states where (-) implies @ AECTEASE. .....ccuveeeereiieiiiieie ettt e e eaa e e 164

Table 7.2: Specimen donor information including the FE participant characteristics ranked by
BMLIL ..ttt ettt sttt ettt sttt e e e bt et s et e e st e b e et e e st e esesabeentesbeens 172

Table A.1: Mean root mean square and normalised root mean square errors for experimental
posteromedial MEeNISCUS SETAIN. ....c.eirieriiierieeierie ettt e st e s e sree s e e seeseeeaae 205

xviii



ACL
ADL
ANOVA
AP
ART-C
ATT

BC

BMI
DKS
DLS
DVRT
FE
GHBMC
GRF
HEST

KOOS
LCL
MCL
ML
MRI
NB
OA
PCL
RC
SD
SLS
UF

List of Abbreviations

Anterior cruciate ligament

Activity of daily living

Analysis of variance

Anterior-posterior

Aligned ranked transform-contrast
Anterior tibial translation

Boundary Condition

Body mass index

Dynamic knee simulator

Double leg squat

Displacement variable linear transducer
Finite element

Global human body models consortium
Ground reaction force

Hall effect strain transducer

Knee adduction moment

Knee injury and osteoarthritis outcome score
Lateral collateral ligament

Medial collateral ligament
Medial-lateral

Magnetic resonance imaging

No brace/Unbraced

Osteoarthritis

Posterior cruciate ligament

Rebound Cartilage brace

Standard deviation

Single leg squat

Unloader Fit brace

Valgus moment

XiX



The goal of research is to develop better mousetraps
The goal of nature is to develop better mice

- Unknown

XX



I. Introduction

1.1  Literature Gap and Research Motivation

The medial and lateral menisci are crescent shaped tissues residing within the
tibiofemoral joint that provide joint articulation, load distribution, and nutrition to the
knee joint (Fox et al., 2012). Meniscus injuries are the most common soft tissue injuries
amongst the general population, and medical experts previously recommended a total
meniscectomy for injury treatment since the menisci were classified as vestigial tissues;
however, recent studies have strongly shifted towards meniscal preservation (Boyd &
Myers, 2003; Clayton & Court-Brown, 2008). The menisci have limited healing capacity
and surgery is only recommended as the final option (Boyd & Myers, 2003; Lee, 2016).
Furthermore, it is well established a meniscus injury increases the risk of future joint
diseases such as osteoarthritis (OA) (Englund et al., 2009). Unloader knee braces have
been suggested to reduce pain associated with meniscus tears; though, these suggestions
appear deductive (Kovacs et al., 2002; Rao et al., 2015). Investigating meniscal tissue
responses with unloader braces is necessary due to the emphasis on tissue preservation,
limited healing capacity, and long-term injury consequences.

Research has predominantly focused on unloader braces as non-invasive
interventions for OA and outcome measures such as pain scores, functional outcomes,
quality of life improvements or patient confidence are all related to OA symptoms and
disease progression (Briggs et al., 2012; Dessery et al., 2014; Fu et al., 2015; Hart et al.,
2016; Kirkley et al., 1999; Laroche et al., 2014; Lindenfeld et al., 1997; Matsuno et al.,
1997; Petersen et al., 2019; Pollo et al., 2002; Ramsey et al., 2007). Biomechanical studies
have investigated outcomes such as knee adduction moment, ground reaction force,
tibiofemoral contact force, or tibiofemoral joint space and these studies reported positive
outcomes when using unloader braces as treatments or interventions for OA (Horlick &

Loomer, 1993; Kirkley et al., 1999; Pollo & Jackson, 2006; Rannou et al., 2010).



Due to the complex geometry and deeply embedded nature of the menisci, direct
tissue measurements are challenging and have only been investigated by few studies
(Erbagci et al., 2004; Hollis et al., 2000; Seitz et al., 2012; Tomescu et al., 2018).
Furthermore, the menisci are the knee joint’s secondary stabilizers and meniscal injury
risk greatly increases when the primary stabilizer (i.e., the ACL) becomes injured or
remains untreated; thus, it is prudent to consider the state of the ACL when investigating
the menisci (Granan et al., 2009; Lohmander et al., 2007; Maletis et al., 2011; Rotterud
et al.,, 2013; Slauterbeck et al., 2009). Augmenting a functional knee brace while
measuring meniscus responses has been previously done using a highly intricate in-
vivo/in-silico/in-vitro approach on a dynamic knee simulator (DKS) (Tomescu et al.,
2018). Recreating the in-vitro approach by Tomescu et al. (2018) offers a framework to
investigate unloader braces on the meniscus tissues that is challenging to replicate by the
general research community. Finite element (FE) modeling is a computational approach
that allows biomechanists to simulate experimental boundary conditions (BCs) and
measure responses within the human body on structures that cannot be ethically
measured on live humans, or quantify responses that are challenging with in-vitro
approaches. There have been FE investigations of unloader braces, though these have
focused on brace outcomes related to OA similar to their experimental counterparts
(Haris & Beng Chye Tan, 2021; Shriram et al., 2019; Stamenovi¢ et al., 2009).

The improvements in joint compartment space or forces due to unloader braces in
OA patients leads experimental researchers to believe that unloader braces can have
similar improvements on the meniscus tissue (Bhatia et al., 2014). FE investigations of
unloader braces are still emerging, and computational studies have also focused on brace
outcomes related to OA in static or quasistatic BCs. Moreover, FE studies on unloader
braces are not focused on the meniscus tissue responses, and those that have modeled
unloader braces are limited to BCs that do not reflect the conditions tested in many
experiments. Therefore, the literature gap between unloader knee braces and the

responses in the menisci in addition to the gap in FE studies prevents researchers and
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clinicians from making substantive conclusions regarding unloader braces as an injury

prevention/treatment strategy for the menisci.

1.2 Purpose of Research and Hypotheses

The overall aim of this study was to investigate the efficacy of unloader knee braces
related to medial meniscus strain during activities of daily living (ADL) using an in-vitro
and in-silico approach to address the literature gaps. The experimental and
computational investigations focused on meniscus strain and tibiofemoral joint pressure

as the primary and secondary outcome measures with four objectives and hypotheses:

Obijective 1: Perform in-vitro tests on two distinct commercially available unloader braces
and report the outcome measures during ADLs (i.e., double leg squat, gait, and single leg
squat), while considering a healthy and injured ACL state. It is hypothesized the unloader
braces will reduce medial meniscus strain and cause a shift in the joint pressure from the
medial to lateral compartment compared to the unbraced scenario.

Objective 2: Extract the right leg from a pre-existing seated occupant 50" percentile whole
body male FE model, enhance the material properties and geometry, apply the in-vitro BCs
to the model, and apply a valgus moment (VM) BC to simulate an unloading moment. It is
hypothesized that an isolated VM results in greater lateral vs. medial tibiofemoral
compartment pressure.

Obijective 3: Calculate meniscus strain and tibiofemoral joint pressure from simulations of
the three ADLs in the unbraced and VM scenarios while considering a healthy and inured
ACL state. Similar to Objective 1, it is hypothesized that the VM in the FE model will reduce
medial meniscus strain and cause a shift in the joint pressure from the medial to lateral

compartment.



Objective 4: To compare and contrast meniscus strain and joint contact pressure between the
experimental outcomes and the FE model for all activity-brace-ACL test combinations. For
strain, it is hypothesized that FE meniscus strains will lie within their respective experimental
corridors. For pressure, it is hypothesized that mean and peak joint contact pressures
obtained from the FE simulations will be within two standard deviations of the experimental

mean since mean outcomes do not necessarily reflect a singular model response.

1.3 Thesis Organization

This thesis is organized into eight chapters. Chapter 2 provides anatomical
background on relevant lower extremity structures including the bones, joints,
musculature, ligaments, menisci, and cartilage. Detailed information is provided on the
muscle attachment sites, origins and insertions of the major ligaments and tissues within
the knee, and the biochemical composition and biomechanical function of the menisci.

Chapter 3 presents a literature review relevant to ACL and meniscus injury
epidemiology and treatment strategies. Subsequently, the 3-point leverage brace
mechanism utilized by both braces in this study, a comprehensive overview of prior knee
biomechanical literature discussing meniscus strain and tibiofemoral joint pressure
measurement methods, as well as the findings and limitations of knee brace literature is
presented. The University of Waterloo DKS, the previously developed combined in-vivo,
in-silico, in-vitro approach used to experimentally simulate typical ADLs, and the extent
of brace research conducted on this simulator is described. The latter portion of this
chapter discusses background on the three components of FE modeling including BCs,
geometry, and material properties, followed by model verification and validation.
Previous models to investigate knee braces or knee biomechanics, including extensive
details of the pre-existing 50t percentile male right leg model are detailed, and the
chapter concludes with background on previous experimental material testing studies for

relevant knee structures.



Chapter 4 provides details on the methods used to prepare cadaveric specimens for
experimental testing, the unloader knee braces specific to this study, the process of
utilizing prior in-vivo data to obtain the experimental kinematics and specimen specific
muscle forces for the input conditions, the instrumentation used to measure meniscus
strain and tibiofemoral joint pressure, and experimental data and statistical analysis for
strain and pressure. Subsequently, a description of the right leg FE model extraction,
modifications, enhancements, experimental BC implementation, and calculation of FE
specific muscle forces is presented. The chapter concludes with strain and pressure
assessments in the model and the comparison techniques between the model and
experimental outcomes.

Chapter 5 presents all experimental results including descriptive and inferential
statistics for meniscus strain measured in the posteromedial and anteromedial tissue
regions. Statistics and overall intercondylar joint pressures are presented for the medial
and lateral condyles. Moreover, all results include outcome measures in one unbraced
and two braced scenarios, which were tested in an ACL-intact and ACL-deficient state.

Chapter 6 presents all computational results including uniaxial tensile test
simulations on the major knee ligaments, calibrated ligament stress-strain input curves,
mesh convergence outcomes for the menisci and articular cartilage, and the influence of
model enhancements such as meniscus horns. These outcomes are all related to model
extension simulations to replicate the initial position of ADLs in the experiment. A
verification of the applied VM and simulation results for the ADLs in both VM and ACL
states are presented.

Chapters 7 is a general discussion that establishes the accomplishments within the
context of the study objectives and hypotheses. The computational outcomes are
presented in relation to the experimental results. The overall study results are compared
with relevant literature emphasizing this study’s novelty and the feasibility of the
methodology used to replicate high-rate dynamic experimental conditions in a

computational model is assessed. This chapter concludes with the limitations of the study.
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Finally, chapter 8 summarizes the strengths of the study and concludes with

recommendations for future work.

Chapter 2 Chapter 3

Existing
Experimental
Knee Brace
Research

Lower
extremity

anatomical
background

Chapter 4
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Computational
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Research

Cadaver
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Figure 1.1: Organizational flow chart illustrating overall work flow for select chapters.
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II. Anatomical Background & Definitions

Anatomists use a standardized reference system when referring to the human
body’s relative and absolute positions, orientation, and motions. Applying mechanical
concepts to the human body requires defining the terminology used by health care
professionals and researchers. This chapter commences with the anatomical planes and
directions related to the lower extremity and concludes with the anatomy of the knee joint

and its structures relevant to the purpose of this study.

2.1 Anatomical Directions and Planes

The predominant anatomical pairs of directions used in this dissertation are
anterior-posterior, medial-lateral, superior-inferior, proximal-distal, and superficial-
deep (Fig. 2.1). In lay terms, anterior-posterior distinguish front-back positioning,
superior-inferior refer to closer-further positioning from the cranium, and medial-lateral
refer to closer-further positioning from the body’s vertical centerline. Proximal-distal
apply to extremities and refer to the relative position closer-further from the point of
attachment between the extremity and trunk. Superficial-deep refer to the relative
positioning closer-further from the surface of the body.

All human movement is defined by three pairs of rotation in the three anatomical
planes (Fig. 2.2). Rotation in the sagittal plane includes flexion-extension in the anterior-
posterior direction, the coronal plane includes abduction-adduction in the medial-lateral

direction, and the transverse plane includes internal-external rotation (Fig. 2.3).



Figure 2.1: The pairs of anatomical pairs shown on the: (a) whole body; and (b) a cross-section of the thigh.
Note: Ventral-dorsal and cephalic-caudal are identical to anterior-posterior and superior-inferior.’
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Figure 2.2: The three primary (coronal, transverse, sagittal) and the two secondary (median and parasagittal)
anatomical planes of the human body.?

Ipairs of terms providing anatomical direction or orientation [Online image]. Authored by: Osteomyoamare. Located
at: https://commons.wikimedia.org/wiki/File:Anatomical Directions 2.png

2 Cross-section of the thigh [Online image]. Authored by: Marshall Strother. Located

at: https://commons.wikimedia.org/wiki/File:Thigh cross_section.svg
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Figure 2.3: The three pairs of lower leg motion showing (hip and knee) flexion-extension, leg abduction-
adduction, and leg internal-external rotation.?

2.2  Bones and Joints

2.2.1 Bones

The bones in the human body are classified into five categories, which include long
bones, short bones, flat bones, irregular bones, and sesamoid bones. The lower extremity
consists of 33 bones between the pelvis to the toes. However, this dissertation is focused
on the upper and lower leg regions also known as the thigh and crus, respectively. The
thigh and crus include three long bones, which are the femur, tibia, and fibula, and one
sesamoid bone, which is the patella. Long bones have cross sectional geometries that
resemble a cylinder or an ellipse and their nomenclature refers to the tubular shape of the
bone. Typically, the length measured along the bone’s proximal-distal axis greatly exceeds
the length in any other anatomical axes. Their primary function throughout the human
body is to provide leverage to muscles. Sesamoid bones are rounded bones embedded
within tendons and are named due to their resemblance to sesame seeds. Sesamoid bones
are present in joints that experience large amounts of pressure, and their functions are to
absorb compressive forces during joint movement, aid in joint articulation, and improve
the attached tendon’s ability to transmit muscle forces.

The femur is the longest, heaviest, thickest, and strongest bone in the human body.
It is the only bone within the thigh region and it accounts for approximately 25% of an

adult’s height (Betts et al., 2022). The spherical proximal femoral head articulates in the

3 Major joint movement of the limbs [Online image]. Located at: https://doctorlib.info/yoga/pilates/4.html
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acetabulum to form the hip joint, and the rounded bony protrusions on distal end are the
femoral condyles, which articulate with the tibial condyles to form the two tibiofemoral
joints (Fig. 2.4). Proximal to each condyle exist two irregular bony protrusions known as
the medial and lateral epicondyles (Fig. 2.4). The epicondyles serve as attachment sites
for many of the leg’s muscles and ligaments. Additionally, the transepicondylar axis is a
line connecting the prominences between the medial and lateral epicondyles (Fig. 2.5a-
b); this axis has been shown to coincide with the functional flexion-extension axis, which
has been further described as a fixed line around which the knee rotates during flexion
and extension (Asano et al., 2005). The patellar trochlea (also known as the trochlear
groove or patellar groove) is located on the antero-distal femur and it is the region which

interacts with the patella (Fig. 2.4).

S
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Figure 2.4: An anterior view (left) and posterior view (right) of a left leg femur bone.*

4 Anatomy of the femur [Online image)]. Located at https://www.sciencedirect.com/topics/agricultural-and-biological-sciences/femur
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Figure 2.5: (a) The functional flexion-extension axis shown (a) on an anterior view of a left leg during knee
flexion; and (b) in a transverse plane CT-scan on aright leg. (Asano et al., 2005 - reprinted with permission
from Elsevier)

The tibia is the largest bone in the crus, the second longest bone in the body, and
the predominant weight bearing bone in the lower leg (Fig. 2.6). Unlike the femur the
tibia does not have epicondyles and has planated medial and lateral condyles located at
the proximal end of the bone. The superior surfaces on the condyles have smoothened
articular surfaces which aid in tibiofemoral joint articulation with the femoral condyles.
An important feature on the anterior tibia situated inferior to the condyles is the tibial
tuberosity (also known as the tibial tubercle); this bony elevation is palpable without
dissection and is the attachment site for the patellar tendon.

The fibula is a non-weightbearing bone located laterally in the crus, which
predominantly serves as a stabilizer for the talocrural (or ankle) joint and as an
attachment site for several muscles (Fig. 2.6). The fibula is a deep, slender long bone and
the proximal fibular head and the distal lateral malleolus are the only regions that can be

palpated. The fibula is supported between the proximal and distal tibia, and the fibular
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shaft is attached to the tibular shaft via the interosseus membrane. The fibula does not
directly provide stability to the knee joint since it does not have any attachments with the

tibiofemoral or patellofemoral joints.

Intercondylar eminence \

Lateral condyle S

Head Head
Neck - Medial condyle Neck
Tibial tuberosity
Popliteal line
Shaft =—1
Interosseous 1
border ~ Tibia e Fibula
Malleolar sulcus Fibular notch
Medial malleolus Lateral malleolus

Lateral malleolus

Anterior View Posterior View
Figure 2.6: An anterior view (left) and posterior view (right) of the tibia and fibula bones in a left leg.®
The patella (referred to as the kneecap in lay terminology) is the largest sesamoid
bone in the body, and it is embedded within the quadriceps femoris muscle tendon (Fig.
2.7) (Cox et al., 2021). It provides attachment sites for the quadriceps femoris tendon and
the patellar ligament. Biomechanically, the patella functions as a fulcrum to improve
efficiency of the quadriceps femoris and increase the moment arm of the patellar ligament
during knee extension. The patella glides in the trochlea of the femur to form the

articulating patellofemoral joint.

5 Untitled [Online image]. (2016) Located at: https://musculoskeletalkey.com/fractures-of-the-tibiafibula/
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femoral condyle
Figure 2.7: An anterior view (left) and posterior view (right) of a right leg patella bone.®
2.2.2 Joints
Joints are classified as fibrous, cartilaginous, or synovial based on their binding
structure, and as synarthrosis, amphiarthrosis, or diarthrosis based on their functional
mobility (Fig. 2.8) (Betts et al., 2022). This dissertation focuses on synovial diarthrotic
joints. Diarthroses refer to freely mobile articulating joints and are further classified as
uniaxial, biaxial, or multiaxial planar joints. Synovial joints are distinguished from other
joint types by the presence of a joint cavity containing synovial fluid, which is
encapsulated by articular cartilage and articular capsule. The bones articulating within
synovial joints are not directly connected, they are connected through a series of
ligaments. These distinct features reduce joint friction and increase joint mobility. All
synovial joints are functionally classified as diarthrosis joints.
The knee joint is the largest and considered as the most complex joint in the human
body. It can be classified as a multiaxial diarthrosis synovial joint consisting of three

articulations (Betts et al., 2022). The medial and lateral articulating tibiofemoral joints

are situated between the medial and lateral femoral and tibial condyles, respectively, and

6 The Patella {Online image). Located at: https://www.brainkart.com/article/The-Patella---Pelvic-Girdle_20928/
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an articulating patellofemoral joint is contained between the femoral trochlea and the
posterior patella. The knee joint has six degrees of freedom (Fig. 2.8) including three
rotations which are flexion-extension, valgus-varus angulation, and internal-external
(axial) rotation; in addition to three translations which are anterior-posterior translation,

medial-lateral shift, and compression-distraction (superior-inferior translation).

Superior/Inferior
Translation

Anterior/Posterior
Translation

Flexion/Extension

Medial/Lateral
Translation Varus/Valgus

C\ Rotation

V Axial Rotation

Figure 2.8: The three translational and three rotational degrees of freedom that articulate the knee joint
(adapted from Komdeur et al., 2002 - reprinted with permission from Taylor & Francis).

Varus-valgus angulation of the knee joint is an important distinction when
classifying OA and investigating unloader knee braces. Varus-valgus status is defined by
the angulation of the distal joint segment, which refers to the distal tibia for the knee joint.
Varus angulation (genu varum) refers to a medial angulation of the joint towards the
body’s midline, and valgus (genu valgum) refers to a lateral angulation. In lay terms a
valgus knee configuration is often referred to as ‘knock-kneed’ while a varus configuration

is known as ‘bowlegged’ (Fig. 2.9).
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Varus (Bowlegged) Neutral Valgus (Knock-kneed)

Figure 2.9: A normal (neutral), varus (bowlegged), and valgus (knock-kneed) representation of the knee joint.”

In addition to the knee joint, the tibiofibular joint is contained within the pelvis to
toe region (Fig. 2.10). The proximal tibiofibular joint is a plane synovial joint, the distal
tibiofibular joint is a fibrous joint, and the shafts of the tibia and fibula are a joined by an

interosseus membrane which create a fibrous joint.

patellofemoral joint
tibiofemoral joint —,

tibiofibular joint

Figure 2.10: The knee joint (tibiofemoral and patellofemoral) and proximal tibiofibular joints.®

7 Untitled [Online image]. Located at: https://kneereplacements.co.uk/realignment-osteotomy/
8 Untitled [Online image]. Located at: https://www.resilienceorthopedics.com/knee/
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2.3  Musculature

The major muscles of relevance to this dissertation are the quadriceps femoris
(quadriceps), hamstrings, gastrocnemius, and popliteus muscles (Fig. 2.11). These
muscles are responsible for hip and knee flexion-extension and leg internal-external
rotation. The quadriceps are the largest muscles situated on the anterior thigh and they
were previously considered as a group of four agonist muscles including the rectus
femoris, vastus latereralis, vastus intermedius, and vastus medialis. Recently, a fifth
quadriceps agonist muscle was discovered between the vastus lateralis and intermedius,
which is named the tensor vastus intermedius (Grob et al., 2016). The hamstrings are a
muscle group which form the bulk of the musculature on the posterior thigh, and they
include the bicep femoris, semitendinosus, and semimembranosus muscles. Finally, the
gastrocnemius and popliteus are single agonist muscles located on the posterior crus.
Table 2.1 provides details on anatomical regions, actions, origins, and insertions for the

aforementioned muscles and muscle groups.

TENSORVASTUS|
INTERMEDIUS

RECTUS
FEMORIS

VASTUS
INTERMEDIUS|




POPLITEUS

(b) (c)
Figure 2.11: Muscles shown on a right leg including (a) the anterior quadriceps femoris muscle®; (b) the
posterior hamstrings and popliteus muscles; and (c) the posterior gastrocnemius muscle.®

° The anterior muscles of the knee [Online image]. (2020). Authored by: CrossFit. Located at: https://www.crossfit.com/essentials/knee-
musculature-part-1-anterior-muscles

0 The posterior muscle of the knee [Online image] (2020). Authored by CrossFit. Located at: https://www.crossfit.com/essentials/knee-
musculature-part-2-posterior-muscles
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Table 2.1: Anatomical details on major muscle and muscle groups of relevance in this study.

Muscle Agonist Target Target Action Origin Imsertion
Group Muscle Region Bones
Rectus femoris Anterior Femur, Tibial and fibular Anterior inferior iliac Patella; tibial
thigh tibia, fibula  extension, thigh flexion spine and superior tuberosity
margin of the acetabulum
Vastus lateralis Anterior Tibia and Knee extension Greater trochanter; Patella; tibial
thigh fibula intertrochanteric line; tuberosity
linea aspera
Quadriceps | Vastus Anterior Tibia and Knee extension Proximal femur shaft Patella; tibial
femoris intermedius thigh fibula tuberosity
Vastus medialis Anterior Femur, Knee extension Anterior superior iliac Patella; tibial
thigh tibia, fibula spine tuberosity
Tensor vastus Anterior Femur Medialises the action Greater trochanter; Patella
intermedialis thigh and tenses on the intertrochanteric line;
aponeurosis of the
vastus intermedius
Biceps femoris Posterior Femur, Tibial and fibular Ischial tuberosity, linea Fibular head,
thigh tibia, fibula  flexion, thigh extension aspera, distal femur lateral tibial
and lateral rotation condyle
Semitendinosus Posterior Femur, Tibial and fibular Ischial tuberosity Superior tibial
thigh tibia, fibula  flexion, thigh extension shaft
Hamstrings and lateral rotation
Semimembranosus Posterior Femur, Tibial and fibular Ischial tuberosity Medial tibial
thigh tibia, fibula  flexion, thigh extension condyle,
and lateral rotation lateral
femoral
condyle
- Gastrocnemius Posterior Tibia, fibula, Foot plantar flexion, Medial and lateral Posterior
crus calcaneus tibia and fibular flexion femoral condyles calcaneus
- Popliteus Posterior Tibia, fibula Tibial and fibular Lateral femoral condyle,  Proximal tibia
crus flexion, thigh and crus lateral meniscus

medial and lateral
rotation
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2.4  Cruciate and Collateral Ligaments

There are numerous ligaments which serve as stabilizing and supporting structures
for the knee joint. The principal ones for this dissertation are the anterior cruciate
ligament (ACL), posterior cruciate ligament (PCL), lateral collateral ligament (LCL), and

medial collateral ligament (MCL).

2.4.1 Cruciate Ligaments

The ACL and PCL are intercapsular ligaments arranged in a criss-cross orientation
that anchor the femur and tibia, and stabilize the knee joint in the anterior-posterior
direction (Fig. 2.12). The ACL has attachment sites at the lateral intercondylar notch and
the medial tibial plateau; while the PCL is reversed with attachments at the medial
femoral condyle to the lateral tibial plateau. Both ligaments are composed of
anteromedial and posterolateral bundles. The ACL is the knee’s primary restraint against
anterior translation of the tibia relative to the femur also known as anterior tibial
translation as well as internal and external rotational loads (Duthon et al., 2006). Studies
have reported the ACL has a mean length of 38 mm, a width ranging between 7-12 mm,
and a cross-sectional area of 36 mm? and 44 mm? for females and males, respectively

(Markatos, 2013; Zantop, 2005). Hashemi et al., (2011) reported similar values for the

length (29.8 + 2.5 mm for males and 26.8 + 2.8 mm for females), though this study

reported the minimum cross-sectional area as 78.3 + 23.6 mm?2 for males and 56.7 + 14.9

mm? for females. A previous study measured a mean ACL length and width of 38.3 + 4.0
mm and 11.0 £ 1.8 mm, respectively (n=24) (Girgis et al., 1975). The PCL is the knee’s
primary restraint against posterior tibial translation and also acts as a secondary restraint
to varus, valgus, and external rotation moments (Logterman et al., 2018). The PCL is
nearly twice as thick as the ACL (Logterman et al., 2018) with a mean length and width
of 38.2 £+ 4.2 mm and 13.4 + 1.7 mm, respectively (n=24) (Girgis et al., 1975).
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anterior view of left knee posterior view of left knee

posterior cruciate
ligament

anterior cruciate
ligament

Figure 2.12:The crisg-cross orientation of the ACL and PCL shown on a left leg."

2.4.2 Collateral Ligaments

The LCL and MCL are extrinsic ligaments which serve to restrain varus-valgus
rotation and to a lesser degree external knee rotation (Espregueira-Mendes & Silva, 2006;
Schein, 2012). The LCL attaches from the distal lateral femur to the fibular head (Fig.

2.13), thus it is also referred to as the fibular collateral ligament. The mean length of the
LCLis 63.1 + 5.2 mm (Espregueira-Mendes & Silva, 2006). The primary function of the

LCL is to stabilize the knee against varus stresses (Yaras et al., 2021). The MCL is the
largest structure located on the medial knee joint region and it is comprised of a
superficial and deep sections. The superficial MCL (also known as the tibial collateral
ligament) attaches from the medial femoral epicondyle to two sites on the medial tibial
(Fig. 2.13) (Andrews et al., 2017). The deep MCL is compromised of the meniscofemoral
and meniscotibial ligaments, which attach from the medial femur to the medial meniscus
and from the medial meniscus to the medial tibial plateau, respectively (Andrews et al.,
2017). The superficial MCL is the knee’s primary static stabilizer against valgus stress;
while, the deep MCL is a secondary restraint against anterior tibial translation and a

minor stabilizer against valgus stress (Andrews et al., 2017).

1 Untitled [Online image]. (2020). Authored by: Kai Sigel. Located at: https://www.physiotutors.com/posterior-cruciate-ligament-tears/
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Figure 2.13: (a) Lateral view of left leg displaying the LCL and its attachment sites'?; and (b) medial view of
right leg displaying the MCL and its superficial attachment sites (note deep MCL attachments are
concealed).™

2.5  Menisci

2.5.1 Gross Anatomy

The menisci (singular: meniscus) were historically described as vestigial
structures; however, it has since been discovered that these fibrocartilaginous tissues are
crucial to the knee joint and should be preserved (Boyd & Myers, 2003; Clayton & Court-
Brown, 2008). The medial and lateral menisci (Fig. 2.14a) are crescent shaped tissues,
which reside between the femoral and tibial articular cartilage in the medial and lateral
knee joint compartments. The triangular cross-section and concavity in the superior
menisci form a cradle for the convex femoral condyles, while the flat surface of the inferior
menisci rests on the tibial plateaus. The medial meniscus is semilunar, 40-45 mm long,
and covers 51-74% of the medial tibial articular surface. The lateral meniscus is close to
semicircular, 32-35 mm long, and covers 75-93% of the lateral tibial articular surface.

Both menisci have been formerly divided into three zones including the anterior horn, the

12 L ateral collateral ligament [Online image). Located at: https://radiologykey.com/lateral-supporting-structures-including-lateral-collateral-
ligament-Icl/
13 Superficial layer of medial collateral ligament [Online image]. Located at: https://radiologykey.com/medial-collateral-ligament-mcl/
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body, and the posterior horn (Fig. 2.14b) (Fox et al., 2015). More recent studies show the
medial meniscus has five inequal zones (Smigielski et al., 2015). The prominent
attachments for both menisci are via anterior and posterior meniscal roots located at their
respective horn zones (Fig. 2.14c). Cadaveric analysis has shown that the medial meniscus
horns are more superficial, larger in area, and further apart in the anterior-posterior
direction than the lateral meniscus horns (Allen et al., 1995; Ferrer-Roca & Vilalta, 1980).
The lateral meniscus is more compact than the medial meniscus and thicker than the
medial meniscus in the anterior and medial sections (Table 2.2) (Ferrer-Roca & Vilalta,

1980).
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Figure 2.14: (a) anterior view of the menisci; (b) transverse view of the meniscal regions; and (c) transverse
view of the meniscal root attachment sites.''®

14 Untitled [Online image]. Located at: https://www.gormackorthopaedics.co.nz/meniscal-tears
15 Untitled [Online image]. Located at: https://www.amboss.com/us/knowledge/Thigh,_knee,_and_popliteal_fossa/
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Table 2.2: Width and root attachment area measurements of “normal” meniscus tissues.

Mean (SD) widths along tissue Area of Root
circumference (mm)” Attachment (cm?)t
Anterior Midpoint Posterior Anterior Posterior
Medial 7.7 9.6 10.6 1.12 0.68
Meniscus (1.4) (0.5) (0.9)
Lateral 10.2 11.6 10.6 0.76 0.94
Meniscus (0.4) (0.8) (0.5)

*taken from Ferrer-Roca & Vilalta, 1980; ftaken from Allen et al., (1995)

2.5.2 Biochemistry and Biomechanics

Water and collagen form 94% of the meniscal extracellular matrix by weight. In
addition to zones in the transverse plane there are three zones along the tissue cross-
section (Fig. 2.15a). These cross-sectional zones are named after the degree of
vascularization and influence the type of collagen fiber contained within the zone. The
most superficial region (the red-red zone) contains predominantly type I collagen fibers,
and the deepest region (the white-white zone) contains 60% type II and 40% type I
collagen. Furthermore, the orientation of these collagen fibers is based on surface layers
within the cross-section (Fig. 2.15b). Circumferential fibers offer stability against hoop

stresses and radial fibers provide stability against compressive and shear forces.

1) Red-red
2) Red-white
3) White-white

[a%]
L

(a)
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(1) Meshwork of irregular fiibers
::2_:: Circumferential Hbers

(3) Scattered radial fisers

(b)
Figure 2.15: (a) Transverse and cross-sectional views of a meniscus illustrating vascularization zones; and (b)
cross-sectional view of a meniscus illustrating collagen fiber orientation.®

The gross functions of the meniscus tissues are to protect the knee joint and help
prevent early OA. Specific meniscus functions include shock absorption, compressive
axial load distribution, joint lubrication, joint congruency, and proprioception (Fox et al.,
2012). Studies report the menisci experience 40-60% of the total load acting on the knee
joint in extension, and this amount increases to 90% in flexion (Dudphia, 2004; Walker
& Erkman, 1975). The mechanism of load transfer during dynamic actions involves
converting axial compressive forces into hoop stresses and tensile strain through the
circumferential collagen fibers (Fig. 2.16a). Tensile strain causes both menisci to displace
during flexion, the lateral meniscus experiences greater displacement due to excursion
than the medial meniscus (Fig. 2.16b) (Allen et al., 1995). Dudphia et al., (2004) also
reported the lateral meniscus experiences greater displacement on the tibia than the
medial meniscus, yet their displacement values were reported as 10 mm for the lateral

meniscus and 2 mm for the medial meniscus.

16 Untitled [Online image]. Located at: https://www.amboss.com/us/knowledge/Thigh,_knee,_and_popliteal_fossa/
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Figure 2.16: (a) Biomechanical axial load distribution in the meniscus illustrated with posterior (black) and
transverse (blue) cross-sectional slices'’; and (b) Displacement of both menisci due to excursion (Allen et

al., 1995).

2.6 Articular Cartilage

Hyaline (also known as articular) cartilage forms the articulating surfaces of
diarthrodial joints (Huber et al., 2000). The knee joint has articular cartilage on the distal
femur and proximal tibia between the tibiofemoral joints; and at the proximal femur and
posterior patella between the patellofemoral joint (Fig. 2.17). Hyaline cartilage is the
most common form of cartilage found within the human body, it is 65-80% water by
weight, has a greater proportion of type II vs. type I collagen fibers, and functions as an

elastic load-bearing material (Bhosale, 2008; Huber, 2000). Articular cartilage resists

17 Untitled [Online image]. Located at: https://www.amboss.com/us/knowledge/Thigh,_knee,_and_popliteal_fossa/
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joint compressive forces, aids with load distribution, and reduces friction force during

joint motion.

Arlicular
Cartilage

Figure 2.17: Femoral, tibial, and patellar hyaline (articular) cartilage surfaces.®

18 Untitled [Online image]. Located at: https://pngio.com/images/png-a2602787/preview.html
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III. Literature Review

Meniscal injuries often occur in conjunction with or following ACL injuries
(Lohmander et al., 2007) and are also linked to the progression of knee OA, thus it is
essential to provide background on ACL injuries, meniscus injuries, OA, and treatment
strategies including unloader knee braces. This chapter provides background regarding;:
(i) the two most commonly injured structures within the knee joint; (ii) experimental
methods previously used to evaluate meniscus strain, as well as the function, usage, and

effect of unloader braces; and (iii) computational knee biomechanical models.

3.1 Injury Epidemiology

3.1.1 ACL Injuries

The ACL is the predominant stabilizing structure within the knee joint, and it is the
most commonly disrupted ligament from athletic injuries (Lohmander et al., 2007). There
are over 200,000 incidences of ACL injuries annually in the United States resulting in an
estimated cost of approximately $40,000—90,000/patient over the injury lifespan and an
annual cost of $8—18 billion depending on the treatment method (Marshall et al., 2007;
Mather et al., 2013; Prodromos et al., 2007). ACL sports injuries are predominantly non-
contact injuries involving sudden decelerations due to changes in direction or landing
motions seen in skiing, soccer, squash, handball, and basketball (Alentorn-Geli et al.,
2009; Boden et al., 2010; Majewski et al., 2006).

ACL injuries typically affect young athletes aged 14-25 and require surgical
correction or structured rehabilitation, with 90% of injuries in the United States requiring
reconstruction (Paterno et al., 2014; Sanders et al., 2017) and numerous experts
recommending a 60-week rehabilitation process (Paulos et al.,, 1981). Surgical
interventions often take precedence since the majority of cases require a return to sport

and a reconstruction is an attempt to prevent subsequent meniscal or cartilage injuries
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(Mather et al., 2013). However, the majority of ACL reconstructions have a 5-6 times
higher likelihood of sustaining a subsequent ACL injury compared to the injury risk for
an uninjured individual (Paterno et al., 2014). Moreover, given the lengthy timelines for
return to sport or rehabilitation treatment options without surgery, 70% of ACL-deficient
individuals develop an injury to another part of the knee (Frobell et al., 2007). A
longitudinal study reported that patients with an ACL tear have significantly higher risks
of developing a meniscal tear, and cadaveric studies reported increased medial meniscal
resultant forces as well as medial and lateral meniscal strains following ACL transection

(Allen et al., 2000; Hollis et al., 2000; Sanders et al., 2015).

3.1.2 Meniscal Injuries

Meniscal injury epidemiology varies depending on the population studied, the
geographic location, and the level of activity. Several studies have reported meniscus
injuries are the second most common knee tissue injuries amongst athletes, indicating
that they occur in tandem with ACL injuries and an untreated ACL can further exacerbate
the incidence of injuries to the menisci (Allen et al., 2000; Lohmander et al., 2007;
Majewski et al., 2006). While ACL injuries typically occur in the athletic population,
meniscal injuries occur in the athletic and general population (Lohmander et al., 2007).
When considering beyond the athletic population, meniscal injuries have been reported
as the most commonly injured knee tissue with a mean annual incidence rate ranging
between 23.8-90 per 100,000 inhabitants (Abrams et al., 2013; Clayton & Court-Brown,
2008; Fox et al., 2015; Hede et al., 1990; Lohmander et al., 2007; Nielsen & Yde, 1991).
Clayton & Court-Brown (2008) reported meniscal tears as the most common soft tissue
injury accounting for 22% of all soft tissue bodily injuries (n=2794) amongst 64,924
orthopaedic trauma patients between 12—-90 years old. Moreover, the incidence rate for
meniscal injuries was almost three times higher than ACL incidence rates amongst the

general population (23.8 meniscal injuries vs. 8 ACL injuries per 100,000 patients).
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Studies show meniscus injury incidences are higher in males compared to females.
Meniscal injuries occur at later stages in life than ACL injuries, and while the mean ages
of male and female meniscal injury patients are similar; the peak incidence ages differ
greatly between sexes (Clayton & Court-Brown, 2008; Fox et al., 2015; Shea et al., 2004;
Yuetal., 2005). Fox et al. (2015) stated meniscal tears occur 2.5—4 times more frequently
in males vs. females and males account for 70-80% of all meniscal injuries (Drosos &
Pozo, 2004; Greis et al., 1993; Hede et al., 1990). Clayton & Court-Brown (2008) reported
the mean age of meniscal injury patients to be 33.8 years for males and 35.0 years for
females. Comparatively, the same study found ACL injury patients had mean ages of 27.2
and 29.0 years for males and females, respectively. The peak incidences for meniscal
injuries have been reported as 21—-30 years for males and 11-20 years for females.

During an ACL deficient state, the medial meniscus becomes the primary stabilizer
against ATT and it is thus more susceptible to injury (Granan et al., 2009; Lohmander et
al.,, 2007, Maletis et al.,, 2011; Reotterud et al., 2013; Slauterbeck et al., 2009).
Furthermore, an ACL deficiency coupled with a medial meniscus injury results in greater
ATT than an ACL injury alone (Allen et al., 2000). The anatomy of the medial tibiofemoral
compartment and geometry of the medial meniscus (Figs. 2.14a—c) are plausible causes
of increased incidences of medial meniscus injuries. The medial meniscus sustains greater
anterior-posterior translational loads, internal-external rotation loads and varus-valgus
angular deviation in an ACL-deficient state (Greis et al., 2002; Hollis et al., 2000). It has
been previously stated (§2.5.1) that the medial meniscus is smaller in width and cross-
sectional area at the posterior root than the lateral meniscus. Studies reported that the
medial meniscus represents the majority of meniscal injuries or repairs (Daniel et al.,
1994; Englund, 2008; Frobell et al., 2007; Gee et al., 2020; Jones et al., 2012; Kilcoyne et
al., 2012; Majewski et al., 2006; Sarraj et al., 2019); conversely some research concluded
the lateral meniscus is more prominently injured (Fok & Yau, 2013; Yeh et al., 2012) (Fok
& Yau, 2013; Yeh et al., 2012). Hollis et al. (2000) states that in an ACL-deficient knee

lateral meniscus tears are associated with acute ACL injuries; whereas, medial meniscal
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lesions are a result of more chronic ACL injuries, and Gee et al. (2020) states injury

mechanism, acuity, and age are some factors which can dictate the injury location.

3.1.3 Osteoarthritis

Meniscus damage has been identified as a potent risk factor for the progression
and development of OA (Englund et al., 2016). OA is a joint disease resulting in the
degeneration of articular cartilage and is classified as primary (idiopathic) or secondary
(Altman et al., 1986). In idiopathic OA, articular degeneration occurs with no prior
history or obvious abnormality, whereas in secondary OA degeneration results from
injury (trauma) or repetitive motion (Samson et al., 2007). In the US, OA symptoms
become present after the age of 40, with the majority of 65-year old and 80% of 75-year
old individuals displaying radiographic evidence of the disease (Hochberg et al., 1989).
Moreover, tibiofemoral joint OA is the most common form of the disease affecting 11% of
individuals older than 64 years of age (Felson et al., 1998; Naga et al., 2015). OA typically
has a more profound effect on one side of the knee joint, with the medial compartment
being more commonly affected (Halawi & Barsoum, 2017; Schmitt et al., 2008) and
results in decreased joint-compartment space between the femur and tibia (Felson,
2006). OA symptoms include pain and discomfort ranging from mild inflammation to
severe mechanical consequences such as grinding or degradation of the cartilage.
Symptoms are typically accentuated with daily activities such as walking and (stair)
climbing (Browner, 2003), and surgery is only recommended once all non-surgical

treatment options have been attempted (Lee, 2012).

3.1.4 Meniscus Injury Treatment Strategies

Despite the recent success for non-operative treatment options, a third of meniscal
injury patients will require surgical intervention (Mordecai et al., 2014). Meniscal
surgeries are only feasible in certain conditions depending on factors such as the severity

of the tear, location and nature of the tear, quality of the tissue, patient’s age, and patient’s
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conditioning level (Frizziero et al., 2012; Laible et al., 2013). The most common surgical
interventions for meniscal tears are meniscectomy, meniscal repair, and meniscal
reconstruction (Doral et al., 2018). The state of the ACL is critical in the success of a
meniscal procedure; a meniscal repair in conjunction with an ACL reconstruction has
been reported with a 90% clinical success rate. However, if the ACL is left untreated this
meniscal reparation success rate reduces to 50-67% (Fox et al.,, 2015). A meniscus
allograft transplant is an alternative option; although, several contraindications and
setbacks exist for the graft’s limited success such as obesity, disease transmission and
graft availability (Verdonk et al., 2013). Moreover, it is inconclusive if grafts prevent the
progression of OA (Hergan et al., 2011). If a repair or graft is not plausible, a synthetic
implant can be used. Artificial implants have been shown to alleviate pain; although,
implant design, material properties, surface characteristics and fixation to the tibia and
joint capsule are constraints the technology still needs to address (Fox et al., 2015).
Most meniscal surgeries require a four-month recovery period where the tissue
needs to be protected from further damage (Fox et al., 2015), and during the
rehabilitation period braces can be prescribed to protect the tissue (Heckmann et al.,
2006; Mordecai et al., 2014). In many situations meniscal repair strategies are not
feasible and arthroscopic meniscectomies remain the most common orthopaedic
procedure; though recent evidence has shifted from meniscectomy to preserving the
meniscus whenever it is possible (Beaufils & Pujol, 2017; Seil & Becker, 2016). Alternative
non-operative treatment options for a degenerative meniscus injury include medications,
exercise, activity modifications, physical therapy, weight loss, intra-articular injections,
and bracing (Doral et al., 2018; Lee, 2016). Knee braces have been postulated to alleviate

joint pain associated with a meniscal root tear (Bhatia et al., 2014).
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3.2 The 3-Point Leverage Unloader Brace Mechanism

Knee braces are broadly classified as prophylactic, functional, rehabilitative, and
unloader braces (Ramsey & Rusell, 2009). OA is not presently curable and unloader knee
braces are designed to apply an external unloading (correction) moment to reduce stress
on the affected arthritic joint compartment, with the intent to alleviate pain (Gravlee &
Durme, 2007). The unloading moment is generated from a 3-point leverage mechanical
design, which uses the strap tensions from three points of leverage. Two equal and
opposite moments are created around the neutral hinge axis to produce an overall
unloading moment (Fig. 3.1). Medial OA patients have a varus alignment (Fig. 3.2a)
which can be corrected by a valgus unloading moment using a medial unloader brace (Fig.
3.2b), to return the joint to a (more) neutral position (Fig. 3.2¢). In certain unloader brace
designs the leverage point at or near the hinge axis may be represented by two points of

contact due to a helical strap design (Fig. 3.2b).

Figure 3.1: Aright leg showing the 3-point leverage system illustrating the three points of force application (F4,
F,, F3), the medial hinge axis (at F+), and the overall unloading correction moment (M) (adapted from Pollo et
al. 2002).
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Knee OA without bracing The 3-Point Leverage Knee OA with bracing
(bone-on-bone contact) System (space created between bones)

(a) (b) (©)
Figure 3.2: Aright leg (a) unbraced X-ray scan illustrating medial knee compartment OA; (b) unloader knee
brace illustrating a valgus unloading moment; and (c) braced X-ray scan illustrating a more neutral varus-
valgus alighment.

Due to the deeply embedded nature of the menisci, few brace studies have
investigated the effect of knee braces on meniscus tissues. Studies have prioritized
numerous alternative outcomes to evaluate the effect or efficacy of knee braces through

experimental and computational methodologies.

3.3  Experimental Knee Biomechanics

Experimental strain studies regarding the ACL involve in-vivo and in-vitro
methodologies; whereas meniscus studies are predominantly in-vitro (Beynnon et al.,
1992; Cerulli et al., 2003; Hollis et al., 2000; Jones et al., 1996; Taylor et al., 2011, Taylor
et al., 2013). Strain gauges are a commonly used technique to measure tissue strain in
specific directions and thin film resistive sensors are used to evaluate force or pressure
(Anderson et al.,, 2003; Becker et al., 2005; Fukubayashi & Kurosawa, 1980,
Schillhammer et al., 2012).

3.3.1 Measuring Meniscal Tissue Strain
Meniscal strain has been identified as an important outcome measure since a
sustained increase in strain may be correlated with tissue damage (Pearsall & Hollis,

2004). Studies have used magnetic resonance imaging (MRI) or fluoroscopy to observe
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the position and displacement of the menisci in different knee trauma states, weight
bearing conditions, and flexion angles (Erbagci et al., 2004; Hajek et al., 1987; Lai &
Levinson, 2010; Shefelbine et al., 2006; Vedi et al., 1999). It is highly advantageous to
observe meniscus tissue in-situ; however, imaging modalities such as MRI or fluoroscopy
cannot incorporate dynamic activities or knee braces.

Measuring biological tissue strains using an implantable strain sensor such as a
displacement variable reluctance transducer (DVRT) (Figs. 3.3a-b) or a Hall Effect Strain
Transducer (HEST) is common practice (Beynnon et al., 1992; Fleming et al., 1993;
Johnson et al., 2006; Levin et al., 2013; Han et al., 2009; Tomescu et al., 2018, Zhang et
al., 2021). These sensors measure changes in tissue length and strain is commonly
computed using the engineering strain formulation. Both sensors provide direct strain
measures that are highly representative of localized tissue environments, both are
extremely sensitive and able to determine minute strain changes, and both have high
sampling frequencies suitable for dynamic activities (Zhang et al., 2021). Similarly, both
sensors are invasive, impinge the tissue, dependent on implantation alignment, and
highly sensitive to sensor-body and cable interferences (Zhang et al., 2021). A major
limitation of utilizing either of these sensors on biological tissues is determining the
reference tissue length. Previous studies have alluded to the challenge and impracticality
of determining the true reference length value and have used an arbitrary state or
timepoint as the reference based on the desired outcome measures or loading conditions
(Fleming & Beynnon, 2004; Levine et al., 2013; Taylor et al., 2013). The HEST has more
limitations compared to the DVRT such as lower linear strain range, lower signal to noise
ratio, lower sensitivity, and a sensitivity to temperature, which is perhaps why HEST

sensors are less utilized (Zhang et al., 2021).
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Figure 3.3: (a) Enlarged view of displacement variable reluctance transducer (DVRT) showing housing and
core components, and (b) DVRT inserted into meniscal tissues (adapted from Pearsall and Hollis, 2004).

Pearsall & Hollis (2004) used DVRTSs to measure anterior and posterior medial and
lateral meniscal circumferential strains at 0°, 30°, 60°, and 90° flexion angles given
different injury states of the PCL, and the zero-strain reference length was the unloaded
state at each flexion (Fig. 3.3b). Seitz et al. (2012) used a DVRT to measure anterior and
posterior medial and lateral meniscal hoop strains under a partial meniscectomy
condition on ten cadaver knees at various flexion angles, where the zero-strain reference
was considered under an axial joint preload of 50 N. It is unclear whether Seitz et al.
(2012) measured different zero-strain references for each loading condition. Similarly,
Jones et al. (1996) measured anterior, central, and posterior in-vitro medial meniscus
strain using a DVRT on intact and torn menisci by applying a compressive load to the
knee joint at full extension and 30° flexion and showed an increase in meniscus strain
with the presence of injury; there was no mention of how the zero-strain reference was
considered. It is important to investigate meniscal outcomes as a function of the injury
status of the ACL. Hollis et al. (2000) is a rare study that measured medial and lateral
meniscus strains using DVRTs in an ACL-intact versus ACL-deficient condition with no
mention of the zero-strain reference. Tomescu et al. (2018) investigated in-vitro medial

meniscus strain with the influence of a functional ACL knee brace in an ACL-intact, -
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reconstructed, -and deficient condition during gait and squats ADLs. The latter study
considered an ADL specific zero-strain reference without the knee brace and reported
decreases in peak meniscal tissue strain with the application of the brace and increases in
peak strain with a deficient ACL. It remains to be seen whether unloader braces have

similar effects on the meniscus tissue.

3.3.2 Measuring Tibiofemoral Joint Pressure

One of the earliest studies measuring tibiofemoral joint pressure and area used
Prescale impression sheets (Fujifilm, Tokyo, Japan) (Fukubayashi & Kurosawa, 1980).
Impression sheets record maximal momentary pressure upon contact, where the colour
intensity of the impression corresponds to a pressure range. This method was not able to
measure contact area and area was estimated from an additional silicon rubber cast of the
tibiofemoral joint. Despite these limitations, this study was able to show pressure
differences between normal and osteoarthritic knees (n=7). Further studies also relied on
these impression sensors to measure contact pressures comparing normal vs. arthoplastic
knees and indicated this method underestimated peak contact stresses and contact stress
patterns differed between in-vitro and physiological conditions due to temperature
differences (Szivek et al., 1995; Szivek et al., 1996). Future studies considered electronic
resistive thin film pressure sensors capable of measuring pressure and area over a
continuous duration (Harris et al., 1999; Matsuda et al., 1998). These studies validated
the K-scan sensor (Tekscan Inc., Boston, MA, USA) by comparing them to the prior Fuji
technology and showed comparable outcomes, with the exception that the K-scan sensors
were able to measure contact areas more accurately under low loads. Numerous studies
have since shown the feasibility of Tekscan sensors to measure inter-condylar joint
pressure, with the model 4000 sensor (Fig. 3.3a) being commonly used (Anderson et al.,
2003; Agneskirchner et al., 2004; Becker et al., 2005; Padalecki et al., 2014; Schillhammer
et al., 2012; Seitz et al., 2012; Stuckenborg-Colsman et al., 2002; Thambyah et al., 2005;

Van Thiel et al., 2011). The literature review in this dissertation as well as a systematic
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review conducted by Moyer et al. (2015) found the only study to use Tekscan sensors to
evaluate the effect of knee braces was Anderson et al. (2003). The in-vivo [Anderson]
study surgically inserted model 6900 pressure mapping sensors (Fig. 3.3b) within the

joint compartments of patients.

()

(b)
Figure 3.4: Tibiofemoral insertion of the (a) Tekscan model 4000 sensor (Agneskirchner et al., 2007 -
reprinted with permission from Elsevier); and Tekscan model 6900 sensor (Anderson et al., 2003 - reprinted
with permission from Elsevier).

3.3.3 Clinical and Biomechanical Unloader Brace Efficacy

In-vivo clinical trials typically report brace efficacy on outcomes such as external
knee adduction moment (KAM), joint separation, gait and posture performance, muscle
activation, pain relief scores, quality of life scores, functional outcomes,
electromyography, and/or pain medication dependence (Parween et al. 2019). There is
an extensive breadth of literature stating a reduction in pain and/or improvements in pain
scores while using unloader braces (Briggs et al., 2012; Dessery et al., 2014; Fu et al.,
2015; Hart et al., 2016; Kirkley et al., 1999; Laroche et al., 2014; Lindenfeld et al., 1997;
Matsuno et al., 1997; Petersen et al., 2019; Pollo et al., 2002; Ramsey et al., 2007).
Additional clinical outcomes have shown brace usage has increased patient confidence in
the willingness to perform daily activities and decreased the reliance on pain medications
(Barnes et al., 2002; Finger & Paulos, 2002; Lindenfeld et al., 1997; Kirkley et al., 1999;

Petersen et al., 2019). Moreover, patients prescribed knee braces have demonstrated
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functional outcome improvements including a significant reduction in stair climbing time
and a significant improvement in gait velocity (Divine & Hewitt, 2005; Fantini Pagani et
al., 2010, Schmalz et al., 2010). The knee injury and osteoarthritis outcome score (KOOS)
is a tool that assesses patient pain, symptoms, daily living function, sport and recreation
function, and knee-related quality of life (Roos et al., 1998). Hjartarson & Toksvig-Larsen
(2018) and Ostrander et al. (2016) have evaluated the efficacy of unloader braces and
shown braces can improve KOOS outcomes in all five categories. A subset of clinical work
for osteoarthritis management using unloader braces has reported biomechanical
outcomes such as a reduction in KAM during gait analysis (Fu et al., 2015; Jones et al.,
2013; Lamberg et al., 2016; Laroche et al., 2014; Orishimo et al., 2013; Fantini Pagani et
al., 2010; Pollo et al., 2002), a reduction in the vertical and horizontal components of the
ground reaction force (Schmalz et al., 2010), a reduction in tibiofemoral contact force
(Kutzner et al., 2011; Pollo et al., 2002), an increase in the tibiofemoral compartment
joint space (Dessinger et al., 2021; Nagai et al., 2019), and a reduction in muscle activity
and co-contraction levels (Fantini Pagani et al., 2013). Despite the positive outcomes of
unloader braces in clinical trials, the biomechanical effects are still being largely debated
(Brouwer et al., 2006; Duivenvoorden et al., 2015; Richard Steadman et al., 2016).

The aggregate of unloader brace studies have focused on the existence/severity of
osteoarthritic symptoms and outcome measures unrelated to the function of the menisci.
Review studies such as Bhatia et al. (2014), Cavanaugh & Killian (2012), Kovacs et al.
(2002), and Rao et al. (2015) suggest that unloader knee braces used for osteoarthritic
prevention and treatment can be prescribed to patients dealing with meniscus injuries,
these braces may alleviate joint pain associated with a root tear, and unloader braces can
serve as a non-operative management strategy for partial or total meniscectomy patients.
Additional research such as Shriram et al. (2019) and Thorning et al. (2016) are examples
of computational and experimental methodologies, respectively, that have investigated
the effects of valgus unloader braces on total and partial meniscectomized knee joints and

patients. Amongst these studies the investigation of meniscal tissue response remains a
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literature gap since their outcome measures include differences in peak KAM, KAM
impulse, peak knee flexion moment, and tibiofemoral joint contact pressures in unbraced

vs. braced scenarios.

3.3.4 In-Vitro Knee Simulators

Brace efficacy studies are typically done using in-vivo methodologies and are
unable to investigate meniscal tissue outcomes. Dynamic testing is feasible using an in-
vitro simulator capable of applying external kinematics, forces, and torques to a knee
joint. Prior work simulating load on cadaveric knees has either focused on non-dynamic
test conditions, considered dynamic conditions without considering accurate muscle
force profiles, or did not focus on high speed knee motions. The University of California
Los Angeles simulator is an example of a static simulator that requires weights to be hung
from sutured muscle force cables. The three-degree of freedom (3-DOF) system can
generate anterior-posterior tibial forces and interior-exterior tibial torque, while allowing
sagittal plane flexion, tibial rotation, and valgus-varus angulation (Markolf et al., 2004).
It is unable to replicate the mechanical effects due to time-varying muscle forces or
kinematic accelerations. A more recent revision to static simulators is the test rig
developed at Imperial College London (Stephen et al., 2016). The system permits loading
scenarios in 6-DOF where each one can be statically varied using a hanging weight. The
additional three degrees give deeper variability and understanding to biomechanical
responses. Though, the effect of acceleration is still absent, and the simulator is limited
to discrete measurements at 10-degree flexion angles.

There are several dynamic knee simulators that overcome the shortcomings of
static simulators including the University of California Davis simulator, McGill University
simulator, Purdue University Mark-1I simulator, University of Michigan simulator, Texas
Tech University simulator, University of Toledo simulator, and University of Waterloo
simulator (Berns et al., 1990; McLean & Ahmed, 1993; Maletsky & Hillbury, 2005;
Withrow et al., 2006; Hashemi et al., 2007; Levine et al., 2013 and Cassidy et al., 2013).
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The McGill, TTU, Michigan, and Waterloo simulators are of particular interest to this
study.

The McGill simulator developed by McLean et al. (1993) is very similar to a
previous iteration developed by Szklar and Ahmed (1985). Both simulators lump flexor
and extensor muscle groups into two cables connected to individual stepper motors to
replicate muscle group displacements. The updated simulator replicates ground reaction
force (GRF) with a foot-to-floor reaction force acting on the tibia (Fig. 3.4). The simulator
performed a gait simulation, although the outcome was only validated against joint
flexion angle and the system constrains the hip joint in all degrees. The displacement-
time histories of the flexor and extensor muscle groups are also unclear.
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Figure 3.5: Pictorial representation of McGill University knee simulator featuring a flexion-extension and axial
force actuators (MclLean et al., 1993 - reprinted with permission from American Society of Mechanical
Engineers).

The Michigan simulator (Fig. 3.5) includes gastrocnemius muscle cables for the
medial and lateral heads, the combined quadriceps muscle via the quadriceps tendon and

cables representing the medial and lateral hamstrings (Withrow et al., 2006). Despite the
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extensive muscle force contributions, the simulator is limited to a single uniaxial impact
load applied at the hip joint and does not permit control for the time varying muscle

forces.

Figure 3.6: Illustration of the University of Michigan simulator displaying a DVRT sensor placed on the ACL, as
well as flexor and extensor muscle force group cables (Withrow et al., 2006).

The Texas Tech University simulator (Hashemi et al., 2007) simulated jump
landing motions (Fig. 3.6). Unlike the McGill simulator, the hip joint is permitted to
translate in the anterior-posterior direction in addition to sagittal plane rotation. The
system includes quadriceps and hamstrings muscle force group actuators capable of
applying position or constant force controls. The study was able to successfully measure
ACL strains in safe and injury-prone conditions, though it cites the absence of a
gastrocnemius force cable as a limitation and does not account for time varying muscle

forces.
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Figure 3.7: lllustration of the Texas Tech University simulator featuring quadriceps and hamstring muscle
group actuated forces, as well as a DVRT implanted within the ACL (Hashemi et al., 2007 - reprinted with
permission from Springer Nature).

The University of Waterloo DKS is considered a second generation update to the
TTU version and integrates time varying joint kinematics and dynamics (Cassidy et al.,
2013). The simulator has undergone numerous revisions and successfully simulated
single leg jump landings, gait, and squatting motions in unbraced and braced scenarios
(Cassidy et al., 2013; Bakker et al., 2016; Hangular et al., 2016; Tomescu et al., 2018).
The DKS consists of two positional actuators for hip and ankle velocities and four
additional actuators for quadriceps, hamstrings, gastrocnemius, and hip forces. This
simulator permits sagittal plane flexion-extension of the hip and ankle joints, internal-
external rotation of the femur and tibia, vertical hip, and antero-posterior ankle
translation as well as varus-valgus knee movements. It is essential to note the ankle joint
is constrained to single-axis rail and maintains physical contact throughout the gait
simulation. While the simulator is limited to sagittal plane motion, the DKS addresses the
issues other research laboratories have faced by incorporating high speed motion, large

muscle force profiles typically seen in gait and squat activities, and accurate knee joint
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kinematics. An extensive methodology based on a combined in-vivo, in-silico, in-vitro
approach has been developed to perform single leg jump landing, gait, and squatting
activities using this simulator (Cassidy et al., 2013; Hangalur et al., 2016; Tomescu et al.,

2018).

A: Hip muscle group actuator

Q: Quadriceps muscle group actuator

H: Hamstrings muscle group actuator

G: Gastrocnemius muscle group actuator

V,: Hip velocity actuator
V,: Ankle velocity actuator

Figure 3.8: Illustration of the University of Waterloo dynamic knee simulator (adapted from Bakker 2014).

3.3.5 The Waterloo DKS Combined In-Vivo, In-Silico, In-Vitro Approach
Quantifying the effect of a knee brace on meniscus strain during ADLs has been
done using the DKS. Tomescu et al. (2018) measured in-vivo lower extremity kinematics
and ground reaction force on a healthy 28-year-old female participant performing gait,
double leg squat (DLS), and single leg squat (SLS) ADLs. An in-silico phase was conducted
by importing the in-vivo data to a biomechanical multibody model using the Gait2392
model (230 of freedom, 92 muscles, Fig. 3.7) in OpenSim (Delp et al., 1990). This former
study computed flexion angle, time-varying hip and ankle joint kinematics, and net

moments for the quadriceps, hamstrings, gastrocnemius, and hip muscle groups (Fig.
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3.8). The Gait2392 model resulted in kinematics that were within 1 SD of previous in-
vivo work for all ADLs, and gait muscle activation patterns that were in general agreement
with a previous study (Tomescu 2017). The individual muscle contributions in the
quadriceps muscle group included the rectus femoris, vastus medialis, vastus lateralis,
and vastus intermedius; the hamstrings group included the semimembranosus,
semitendinosus, biceps femoris long-head, and biceps femoris short-head; and the
gastrocnemius group included the medial and lateral heads. The four muscle force, hip
velocity, and ankle joint velocity time histories formulated the six input conditions to
recreate the in-vivo activity on the DKS, and a unique kinematic and kinetic dataset has
been reported for each of the three ADLs (Tomescu et al., 2018). The experimental gait
and squat kinematics were reported within one standard deviation of the in-vivo
measurements and the ACL and meniscal tissues response strain patterns showed similar
results compared to previous literature, indicating the DKS was not solely limited to
simulating jump landing motion. Using the in-vivo results from Tomescu et al. (2018),
gait and squatting simulations can theoretically be performed to measure the effect of an

unloader brace on meniscus strain.

In-Vivo In-Silico In-Vitro

Figure 3.9: lllustration of the in-vivo, in-silico and in-vitro processes (Tomescu et al., 2018 - reprinted with
permission from Springer Nature).
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Figure 3.10: Flexion (knee) angle and Muscle Force outputs from OpenSim for double leg squat (left), single

leg squat (center), and gait (right) simulations (Tomescu et al., 2018 - reprinted with permission from Springer
Nature).

3.4  Human Body Finite Element Modelling

Computational research is a valuable complementary methodology to
experimental research. The finite element (FE) method is the most commonly used
approach in orthopaedic biomechanics since these models: are widely adjustable and
customizable, avoid experimental challenges (e.g., ethical constraints, participant
recruitment, specimen availability), can predict location specific injury responses
anywhere within the body, and can more accurately predict injury intensity (Augat et al.,
2021; King, 2017). The FE method is an approximation to solve problems in a continuous
system that requires geometrical, material, and boundary condition (BC) inputs in order

to generate an output or response (Fig. 3.9) (Schmitt et al., 2019).
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Figure 3.11: Iterative representation of the inputs required in the FE method.

A FE geometry is often created from detailed MRI and computed topography scans
of live participants or post-mortem specimens and consists of parts discretized into small
volumetric entities known elements (Augat et al., 2021, Schmitt et al., 2019). Inter-
element connectivity and intra-element boundaries are defined by nodes and an
accumulation of elements constitutes a mesh. Geometric detail, mesh resolution, and the
assessment of mesh convergence should be governed by the model intent or impact
scenario (Schmitt et al., 2019). Boundary conditions are applied to specific geometries
based on the intent or constraints of the simulation and should be applied in ascending
order of complexity to ascertain BC validity and model fidelity (Schmitt et al., 2019)

Material property formulations and their implementation are considered the most
challenging facets of human body FE modeling (Schmitt, 2019). Material properties are
based on experimental human tissue testing studies, which are often limited and highly
conditional due to biological variability and limitations with the chosen experimental
procedure (Schmitt et al., 2019). Ideally, material properties are measured in terms of
stress-strain and implemented in FE models relating stress to strain; however, properties
are pragmatically measured with force-displacement and converted to stress-strain

assuming uniform deformation (Schmitt et al., 2019). Additionally, material properties
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are strain rate dependant and in a FE model the element strain rate, strain, and stress
may be dependant on the element size (Schmitt et al., 2019). Therefore, it is
recommended to consider material properties that reflect the strain rates in model and to
conduct a mesh convergence to quantify the response sensitivity to mesh size (Schmitt et
al., 2019).

Verification and validation are key concepts defined by FE literature to quantify
model performance and explain or reduce model prediction uncertainty, where
verification is often an accuracy check within the model and validation involves assessing
model performance against an independent set of data (Schmitt et al., 2019). Validation
is traditionally conducted by comparing a model response to a previous model or
experimental response, or by assessing the model response within a certain range or
‘corridor’ of responses. Moreover, cross-correlation methods have been used to quantify

the degree of agreement between reference and model responses (Schmitt et al., 2019).

3.5 Finite Element Knee Biomechanics

Although FE models can be expensive and time consuming to develop, the cost of
applying an existing validated model is modest (Augat et al., 2021). The FE method has
been extensively utilized in lower extremity biomechanical research to complement
experimental research; however, pre-existing lower body models commonly do not
include anatomically accurate parts of the four major structural knee ligaments, cartilage,
patella, or menisci. FE models can reduce their computational costs by reducing the
number of elements, focusing on a subset of parts, or reducing part complexity such as
modelling ligaments as 1D non-linear spring elements (Ali et al., 2016; Aspden, 1985;
Baldwin et al., 2012; Bendjaballah et al., 1995; Halonen et al., 2013; Harris et al., 2016;
Haris et al., 2021; Haut Donahue et al., 2003; Kang et al., 2017; Li et al., 2001; Mononen
et al., 2013; Park et al., 2019; Spilker et al., 1992; Yao et al., 2006; Yao et al., 2012;
Zielinska et al., 2006). Certain studies have lower body FE models with the major

ligaments and tissues represented by 3D structures (Fig. 3.10) with various types of BCs,

47



element formulations, and material models (Table 3.1) (Beillas et al., 2001; Guo et al.,
2009, Kiapour et al., 2014; Kwon et al., 2014; Pena et al., 2005, Ramaniraka et al., 2005,
Shriram et al., 2019; Untaroiu et al., 2013; Vairis et al., 2013, Wan et al., 2011, and
Westermann et al., 2013).
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Table 3.1: Simulation, validation, and ligament and menisci formulation in select lower body finite element models.

Ligament Ligament Menisci Menisci 1
. . . . Validation
Simulation Element Material Element Material Method
Formulation Model Formulation Model etho
Beillas Tibial axial loading, patellar Shell and Viscoelastic Solid Linear elastic  In-vitro tibial
impact, anterior-posterior tibial brick elements impact and prev.
(2001) . . .. .
loading, lateral loading, sled test elements in-vitro literature
Guo Instantaneous femoral axial load Hexahedral Hyperelastic Hexahedral Linear elastic  Prev. FE literature
during gait transverse isotropic
(2009) . .
isotropic
Quasistatic testing including 0- Hexahedral HGO Hexahedral Linear elastic  In-vitro testing
50Nm abduction, 0-50Nm transverse from prev.
abduction+20Nm internal tibial isotropic Kiapour (2011,
rotation, 0-90° unloaded flexion, 2012) studies
15Nm internal tibial rotation;
. 134N anterior tibial shear + 15Nm
Kiapour . o )
(2014) internal tlblé‘ll rotation all under
400N quadriceps and 200N
hamstrings force
Dynamic testing including jump
landing with 1200N quadriceps
and 800N hamstrings force
2600N peak femoral axial loading Hexahedral Hyperelastic Hexahedral Linear elastic  Prev. in-vitro
Kwon with 0-58° extension-flexion and isotropic literature
(2014) + 5° tibial rotation profile
1150 compression +134N Hexahedral Hyperelastic Hexahedral Linear elastic  Prev. in-vitro and
Pena horizontal load; 1150N transverse isotropic FE literature
(2006) compression+10Nm valgus isotropic
torque; all 3 loads combined
Ramaniraka | Flexion-extension Hexahedral Hyperelastic Hexahedral Unspecified  Prev. clinical
(2005) literature
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Shriram
(2019)

Untaroiu
(2005)

Vairis
(2013)

Wan
(2011)

Westermann
(2013)

Gait

Quasi-static three-point bending
on femur, tibia, fibula, dynamic
flesh compression, dynamic
femur three-point bending,
dynamic full leg three-point
bending, dynamic full leg four-
point bending.

1150 compression +134N
horizontal load; 1150N
compression+10Nm valgus
torque; all 3 loads combined
134N posterior femoral force

Lachman test

Tetrahedral

Hexahedral

Tetrahedral

Tetrahedral

Hexahedral

Hyperelastic
transverse
isotropic
Quasi-linear
viscoelastic

Linear elastic &

Hyperelastic

Hyperelastic

HGO

Tetrahedral

Hexahedral

Tetrahedral

Tetrahedral

Hexahedral

Hyperelastic
transverse
isotropic
Linear elastic
transverse
isotropic

Linear elastic

Linear elastic
transverse
isotropic
HGO

Prev. in-vivo/in-
vitro/in-silico
literature

Prev.
experimental
literature data

FE outcomes from
Pena et al. 2006

Prev. in-vitro and
FE literature

Prev. in-vivo/in-
vitro literature

HGO: Holzapfel-Gasser-Ogden; prev.: previous
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Two of these studies performed in-vitro experiments to validate their respective
models using similar loading conditions (Beillas et al., 2001; Kiapour et al., 2014). The
Guo et al. (2009) and Wang et al. (2014) models performed gait or squatting simulations;
however, they did so with limited dynamic, kinematic, and kinetic boundary conditions.
Guo et al. (2009) simulated a gait cycle by applying a posterior perturbation to the femur
while retaining the tibia and fibula fixed, along with a vertical load to the full leg to
simulate body weight. Wang et al. (2014) simulated a squat with 400 N of quadriceps
force and a 300 N body weight load. The Kiapour et al. (2014) model is a thoroughly
developed lower extremity model that validated various quasi-static and dynamic loading
conditions such as knee abduction, internal tibia rotation, anterior shear, and jump
landing under the influence of quadriceps and hamstring forces (Table 3.1). The model
has limitations with gait since it does not include time-varying gait BCs and associates the
quasi-static loading scenarios to equivalent gait situations. The Global Human Body
Models Consortium (GHBMC) developed a 50th percentile male full human body model
(M50) that has been used to simulate lower extremity vehicular occupant impacts
(Untaroiu et al., 2005). Moreover, the M50 has been utilized to simulate a jump landing
using the Waterloo DKS kinematic and kinetic BCs (Polak, 2019), and can potentially be

adapted to simulate squat and gait ADLs.

3.5.1 GHBMC 50" Percentile Male Human Body Model

The M50 was developed as a seated occupant for injury prediction and prevention
in automotive impact scenarios (Fig. 3.11) (Gayzik et al., 2011). The model geometry was
developed from supine MRI, x-ray, and external surface scans of a live participant (age:
26 years; height: 175.3 + 2.54 cm; mass: 77.1 + 3.9 kg; BMI: 25.1 + 2.0 kg/m?2). At the
time of development, the whole body model comprised 847 parts, 557 material
definitions, 1.95 million elements, and 1.30 million nodes (Gayzik et al., 2011). A
limitation of the M50 is that validation studies have focused on automotive impact

scenarios with lower extremity validation studies focusing on femur, tibia, fibula, and full
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leg three- and four-point bend tests, skin surface compression tests, various knee and full
leg directional impactor tests, and bending/compressive/combined loads on the femur
and tibia (Table 3.2) (Untaroiu et al., 2005; Untaroiu et al., 2013; Khor et al., 2018; M50

manual v4-5).

Figure 3.13: GHBMC M50 seated occupant human body model.
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Table 3.2: Lower extremity validation tests for M50 v4-4, adapted from M50 manual v4-4.

Structure/Region —
Simulation

Evaluation Criteria

Reference

Thigh model - medial side
impact
Femoral shaft - bending

Femoral shaft — 3-point
bending, combined bending
and compression

Femoral shaft — 3-point
bending, axial rotation
Femoral shaft — impact in
anterior-posterior and
posterior-anterior bending
and compression

Femoral head - compression
loading to fracture

Femoral head - compression
loading to fracture

Lower leg — combined
compression and bending

Tibial shaft — lateral and
medial bending

Lower limb (knee-thigh
model) - impact

Lower limb (knee-thigh-hip
model) - knee impact

Impact force vs. Deflection

Impact force vs. Deflection

Impact force vs. Deflection

Impact force vs. Deflection

Impact force vs. Axial force

Force
Force

Force vs. Moment

Force vs. Deflection
Force vs. Time

Force vs. Time

Kerrigan et al. (2004)
Untaroiu et al. (2005)
Funk et al. (2004)
Untaroiu et al. (2005)
Irwin et al. (2002)
Untaroiu et al. (2013)

Khor et al. (2018)

Ivarsson et al. (2009)

Keyak et al. (1997)
Untaroiu et al. (2013)
Untaroiu et al. (2008
Ivarsson et al. (2009

Taylor et al. (1996
Kerrigan et al. (2003

Rupp et al. (2003)

Rupp et al. (2002)
Rupp et al. (2003)

Few studies have analyzed knee ligament or soft tissue mechanics using the M50

model. Lin et al. (2018) reported peak failure loads in the collateral and cruciate ligaments

during a belted occupant impact and Polak (2019) reported ACL-strain during single leg

jump landing simulations. These two former studies demonstrated that the M50 is

capable of simulating knee tissue responses, and Polak (2019) replicated an activity based

on kinematic and kinetic BCs from the Waterloo DKS. These previous outcomes lead to

the presumption that this model would be suitable to simulate gait and squat ADLs.

However, neither of these studies reported meniscal tissue responses, thus, it remains to

be explored whether the M50 can address this literature gap. Polak (2019) reported
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modifying the meniscus material model to linear elastic since the original material
formulation reported zero strain during a jump landing, though there was no mention of
strain following the modification. Moreover, the M50 defines an identical material model
for all four cruciate and collateral ligaments as a quasi-linear transversely isotropic
viscoelastic model based on quasistatic MCL tensile tests taken from literature (Untaroiu
et al., 2005). Polak (2019) modified the ACL material model based on an ACL tensile test
taken from literature, replicated a uniaxial ACL tensile test in the M50, and reported that
the modified material resulted in more comparable force-elongation outcomes when
compared with the original experimental studies. Based on the findings in Polak (2019)
it is evident the M50 requires a material enhancement to the ACL and menisci, and it is
possible that the LCL, MCL, and PCL responses may also improve with enhancements to
their respective material models, as the ACL did. As previously stated material properties
and formulations are the most challenging aspects of human body FE modelling and

require a thorough investigation of prior experimental literature.

3.5.2 Material Properties for Select Knee Soft Tissues

In the M50 the modeled soft tissue knee structures include the ACL, LCL, MCL,
PCL, lateral meniscus, medial meniscus, and tibiofemoral cartilage (Fig. 3.12).
Experimental studies have investigated the material properties of these biological
structures under a variety of loading conditions. Butler et al. (1986) conducted tensile
tests on ACL, LCL, MCL, and PCL specimens, although the findings are highly conditional
since the study tested a small collection of individual ligament fibers and did not consider
the anatomical orientation or complete geometry of the structures.

Grood & Noyes (1976) and Woo et al. (1991) investigated the effect of specimen
age on the material response of the ACL. Both studies demonstrated similar material
stiffnesses between younger and older age groups and higher ultimate loads from younger
donors. Chandrashekar et al. (2006) correlated the ACL tensile response to donor

anthropometry. This study reported similar ACL structural properties comparatively to
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Woo et al. (1991) and similar structural and modulus of elasticity compared with Grood
& Noyes (1976). The strain, stress, and strain energy density at failure reported by
Chandrashekar et al. (2006) disagree with Grood & Noyes (1976), since it was reported
by Chandrashekar et al. (2006) that Grood & Noyes (1976) underestimated cross-
sectional area measurements by using a micrometer. Chandrashekar et al. (2006)
determined the minimum ACL cross-sectional area using a non-contact imaging

technique.

@ Medial Meniscus

@ Lateral Meniscus

@ Femoral Cartilage

| Femur
! (@ Tibia

Figure 3.14: Tissue structures within the M50 knee joint, tibial cartilage is not shown.

Numerous studies have reported material properties for the collateral ligaments
and three of these reported force-elongation outcomes (Ciccone et al., 2006; Kennedy et
al., 1976; Maynard et al., 1996; Robinson et al., 2005; Sugita et al., 2001; Wijdicks et al.,
2010; Wilson et al., 2012). Wilson et al. (2012) conducted bone-ligament-bone tensile
tests for the LCL and MCL, while Robinson et al. (2005) and Wijdicks et al. (2010)
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conducted similar tensile tests for the different layers of the MCL. Harner et al. (1995)
and Race et al. (1994) prepared the femur, PCL, and tibia in a similar manner and
documented the in-situ load-elongation behaviour by performing passive flexion-
extension tests and tensile tests, respectively.

Human articular cartilage material properties have been reported from
experimental indentation testing with mean elastic moduli within 1-11 MPa and
Poisson’s ratios within 0.45-0.49 depending on the loading rate, tissue site, anatomical
location, tissue health, and donor age (Burgin et al., 2014; Butz et al., 2011; Franz et al.,
2001; Hori & Mockros, 1976; Lu & Mow, 2008; Ly Richard et al., 2013, Shepherd &
Seedhom, 1999). Select FE studies with a linear elastic material model have utilized a
wider range of these values (elastic moduli: 4-25 MPa and Poisson’s ratios: 0.3-0.45)
(Kiapour et al., 2014; Luczkiewicz et al., 2016; Ramaniraka et al., 2005; Shriram et al.,
2017).

The material behaviour of the medial meniscus has been studied by Lechner et al.
(2000) and Chia et al. (2008), whereas the behaviour of both menisci has been studied by
Tissakht & Ahmed (1995). LeRoux & Setton (2002) conducted experimental and FE
validated meniscus material properties in the circumferential and radial direction. The
study reported radial and circumferential Young’s moduli in the range of 3-40 MPa and
63-316 MPa, respectively. FE studies have referenced material properties based on the
aforementioned studies and implemented a linear elastic isotropic menisci material
model with a Young’s modulus between 20—-250 MPa and a Poisson’s ratio between 0.45—
0.49 (Beillas et al., 2004; Pena et al., 2007). Hauch et al. (2010) performed axial tensile
tests of the four meniscus horn attachments and reported mean linear stiffnesses of the
anterior and posterior medial meniscus horns as 169.4(24.2) and 207.2(52.8) N/mm,
respectively. Moreover, the stiffness coefficients for the anterior and posterior lateral
meniscus horns were reported as 215.8(78.8) and 129.5(36.9) N/mm, respectively.

Utilizing a pre-existing FE model to better understand unloader brace mechanics

on meniscus strain and tibiofemoral pressure would negate many of the experimental
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challenges; however, due to the limited unloader brace studies investigating meniscus
strain responses during ADLs it would be challenging to validate the tissue response with
an isolated numerical approach. Therefore, conducting this study using a dual in-vitro/in-
silico approach would overcome this challenge and address the gap related to meniscal

tissue response with unloader braces.

57



IV. Methods

The present study replicated three ADLs on a DKS using an experimental approach
with cadaveric knees from post-mortem human specimens to measure meniscus strain
and tibiofemoral joint pressure with the effect of unloader knee braces. The ADLs were
simulated in-silico using the experimental BCs on a detailed FE right leg model that was
extracted from the GHBMC 50t percentile male human body model. A valgus moment
was applied to the FE knee joint to create an unloading moment and meniscus strain and
tibiofemoral pressure outcomes were processed and compared with the experimental

outcomes.

4.1 Experimental In-Vitro Knee Testing

A double leg squat, single leg squat, and gait were experimentally tested in ACL-
intact and -deficient states in an unbraced scenario and with the application of two
unloader braces. The 3 ADL x 3 brace scenarios x 2 ACL states formulated 18 unique test
conditions (Table 4.1). A detailed methodology based on former studies was employed to
dissect and apply cables to each specimen for the DKS, and intermediary steps were done

to create a specimen mould and a foam thigh and crus to support each brace.

4.1.1 Cadaver Specimen Preparation

This study was approved by the office of research ethics at the University of
Waterloo. Ten fresh-frozen cadaver knee specimens were procured for experimental
testing (Innoved Institute, Rosemont, IL, USA). The specimens were selected from donors
less than or equal to 60 years in age at the time of death, specified to include at least 20
cm of the thigh and crus measured from the mid-patella, and chosen from unique donors
to investigate the braces on a wider sample size (Table 4.2). The specimens were selected
presuming no existence of OA, and the bone quality and joint integrity were verified by a

registered orthopaedic surgeon.
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Table 4.1: Experimental testing order and conditions for 18 unique test cases.

Activity Brace 3
Test ID# (D/W/S)! (N/R/UY? ACL (1/0)
01 D N 1
02 D R 1
03 D U 1
04 \%Y N 1
05 AW R 1
06 \%Y U 1
07 S N 1
08 S R 1
09 S U 1
10 D N 0
11 D R 0
12 D U 0
13 AW N 0
14 W R 0
15 AW U 0
16 S N 0
17 S R 0
18 S U 0

1: Denotes Activity with D: double leg squat; W: walk; S: single leg squat
2: Denotes Brace scenario with N: unbraced; R: rebound cartilage brace; U: unloader fit brace
3: Denotes ACL state with 1: ACL-intact; 0: ACL-deficient

Table 4.2: Donor information with descriptive statistics for ten cadaver specimens

ID Sex Foot Age Height Mass BMI
(#) (F/M) (L/R) (years) (cm) (kg) (kg/m2)
1 F L 30 178 107 34
2 M R 50 188 61 17
3 F R 50 165 50 18
4 M R 44 180 73 22
5 M R 54 165 54 20
6 F R 47 157 34 14
7 M L 60 165 50 18
8 F R 55 173 59 20
9 M R 57 183 98 29
10 F L 50 173 68 23
Mean (SD) 49.7 (8.4) 173(9.6) 65.3(22.3)  21.5(5.9)

F: Female, M: Male, L: Left, R: Right, BMI: body mass index, SD: standard deviation
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Prior to dissection, the femoral and tibial canals were tapped with a 15.875 mm
(58”) and 12.7 mm (¥2”) NC tap, respectively, and a threaded Grade 8 high-strength steel
rod was inserted into each canal. The experiment required all specimens to have limb
lengths measuring 424 mm and 401 mm for the femur and tibia, respectively (Tomescu
et al., 2018). The limb lengths were measured by palpating the approximate location of
the mid-intercondylar joint space to the hip and ankle pin joints on the DKS. The steel
rods would eventually attach to the DKS hip and ankle components and were sized
according to the limb lengths. Two acetate end plates and four guide rods were placed at
the proximal and distal boundaries of the leg (Fig. 4.1a). A guide drill bit was inserted in
the distal diaphyseal region of the tibia (Fig. 4.1a). The specimen was encased using 127
mm (5”) medical casting tape (3M, Saint Paul, MN, USA) to create the outer shell of a
custom negative mould for each specimen, which retained the guide rods and guide drill
positions (Fig. 4.1b). The end plates, threaded rods, guide rods, and guide drill ensured
the dissected femur and tibia had the same anterior-posterior (AP) and medial-lateral
(ML) spatial positioning as the un-dissected specimen, while the guide drill ensured the

same transverse plane spatial rotation. Finally, the thigh and crus circumferences were

measured to select appropriate knee brace sizes.
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Figure 4.1: (a) A pre-dissected cadaver specimen with threaded rods (blue), guide rods (red), end plates
(yellow), and a guide drill; and (b) the outer shell of the mould encased around the same specimen.

To dissect each specimen gentle incisions were made along the long axis of the
specimen on the anterior and posterior surfaces (anterior incision shown in Fig. 4.2A until
exposing a thin transparent fascia, which separates the superficial layers from the knee
joint capsule and the musculature. Upon identifying the fascia, circumferential incisions
were made to separate the superficial layers from musculature (Fig. 4.2B) until all
cutaneous and subcutaneous layers were removed (Fig. 4.2C). All major muscles were
individually separated by hand and each muscle body was traced to its attachment site to
expose the muscle tendons (Fig. 4.2D). The majority of muscle tendons are attached to
the knee joint; thus, to maintain joint integrity the tendons were left intact and the muscle
bodies were dissected. The crus muscles were separated from the tibia and removed (Fig.
4.2E-F) prior to the thigh muscles (Fig. 4.2G-I). The popliteus muscle was not dissected
since it has been shown to help stabilize the knee joint and does not interfere with
specimen preparation or experimental testing (Harner et al., 1998). The surfaces of the
bones were lightly scraped to remove any remnants of muscle tissue and to create smooth
surfaces (Fig. 4.2J). The quadriceps tendon was removed, and incisions were made in the
patellar tendon and joint capsule to prepare the specimen for cable attachment and sensor

placement (Fig. 4.2K-L).
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Figure 4.2: Various steps of cadaver knee dissection with A-C showing skin, subcutaneous tissue removal, D-
F showing removal of lower leg musculature surrounding the tibia, G-J showing removal of upper leg
musculature surrounding the femur and K-L showing preparation of the knee joint for cabling (reprinted from
Bakker 2014).

Three steel cables were anchored around the knee joint to emulate the function of
the quadriceps, hamstring, and gastrocnemius muscle groups. Each muscle force cable
represented the combined force contributions from a group of muscles (explained in
§3.3.5) and assumed a unanimous muscle force attachment site, which was selected to

approximate the anatomical muscle tendon attachment sites. The quadriceps cable was
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the most complex to install and initially required drilling a through hole along the
superior-inferior axis of the patella, which served as a channel for the cable. The tibial
tuberosity was chosen as the cable attachment site since it is also the muscle group
insertion site (Fig. 4.3). The cable was secured using an M2.5 (7/64”) cable crimp sleeve
to replicate the patellar tendon. The basic quadriceps extensor mechanism consists of
three interlinked structures including the quadriceps muscle and tendon, patella, and
patellar tendon (Astur et al., 2011). The quadriceps muscle force cable (superior to the
patella) formed the combined link between the quadriceps muscle group and tendon. The
patella and patellar tendon link were left intact, and two washers were placed superior
and inferior to the patellar through hole to retain its original position. By retaining the
patella’s original position, the flexion and extension mechanism manipulated the patella
similar to the interlinked anatomical structure. Finally, the quadriceps muscle force cable
(inferior to the patella) recreated the patellar tendon since it was secured to the tibia in
the same anatomical location as the patellar tendon, and the crimp was secured such that

the tension in the cable matched the anatomical patellar tendon.

LATERAL

_

Figure 4.3: The quadriceps muscles anatomical insertion site highlighted in green and an approximate
representation of the muscle force cable attachment site.
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The hamstring insertions points are on the medial tibia and on the fibular head
(Fig. 4.4). The hamstring cable was looped around the upper-mid diaphysis of the tibia,
secured using an M2.0 (3/32”) cable crimp sleeve, and inserted in a hollow metal guide
tube oriented in the direction of the femur. The looped architecture of the hamstring cable
attachment allowed the cable to manipulate the tibia similar to the natural muscle (Fig.

4.4).

BICEPS
FEMORIS

Figure 4.4: The hamstring muscles anatomical insertion sites highlighted in green and an approximate
representation of the muscle force cable attachment site.

The two gastrocnemius muscle heads insert on the medial and lateral condyles
(Fig. 4.5). Two holes were drilled approximately 1 cm superior to the femoral condyles,
the cable was inserted in these holes, looped around the anterior femur, and secured to
itself with an M2.0 (3/32”) cable crimp sleeve near the femoral intercondylar notch. This
attachment technique closely replicated the function of the natural gastrocnemius muscle
and its attachment sites (Fig. 4.5). The final step in the ‘cabling’ process was to wrap the
femur and tibial surfaces with 50.8 mm (2”) casting tape (3M, Saint Paul, MN, USA) to

safeguard against cracks or fractures (Fig. 4.6).
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Figure 4.5: The gastrocnemius muscle anatomical origin sites highlighted in green and an approximate
representation of the muscle force cable attachment site.

(@ Quadriceps muscle cable (@) Hamstring muscle cable
(2) Anterior tibial tuberosity (8) Gastrocnemius muscle cable
(3) Patella

Figure 4.6: Anterior (left) and posterior (right) views of a right knee with the muscle force cables. Posterior
view adapted from Polak (2019).
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The ‘cabled’ specimen was aligned using the guide rods and guide drill in the
negative mould (Fig. 4.1b). The acetate plates helped align the mould and created a seal
at the superior and inferior ends. A liquid foam solution (Sunmate; Dynamic Systems Inc.,
Leicester, NC, USA) with a compressive stiffness of 17.6 N/mm, which is similar to the
average stiffness of contracted muscle, was poured into the cast to create a replica of the
un-dissected specimen (Hangalur et al., 2016). The foam solution was left to cure for at
least two hours at room temperature and humidity and then placed in the freezer for
storage until testing (Fig. 4.7a). The final steps to prepare the specimen for testing were
to remove the mould (Fig. 4.7b), cautiously cut the foam surrounding knee joint, remove
any foam within the joint or muscle force cable channels, ensure the joint range of motion
was not impeded during the foaming process, and apply the knee brace to the specimen

to observe the fit.

() (b)
Figure 4.7: (a) Sample specimen contained within its sealed negative mould; and (b) the ‘foamed’ specimen
with hip, ankle attachment rods and three muscle force cables.
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4.1.2 Unloader Knee Brace Placement

The current study investigated two OA Unloader braces (Ossur Inc., Richmond,
BC, Canada). The Rebound Cartilage (RC) and Unloader Fit (UF) are typical 3-point
leverage designs, which apply a valgus moment to relieve joint pain (Fig. 4.8). The RC
brace consists of two pairs of helical and horizontal straps that are buckled above and
below the medial hinge to secure around the thigh and crus. The tension in each pair of
straps is controlled with a rotational knob located on the anterior surface of the brace.
The UF brace consists of two helical straps that attach on the anterior and posterior brace
surface above the patella. The tension in both straps is controlled by a single knob. The
UF brace has one horizontal strap inferior to the patella to tighten around the crus. Both
braces are non-custom, off the shelf models ranging in size from XS-XL for the UF and S-
XL for the RC. According to the manufacturer’s instructions the appropriate size is
determined by measuring the circumference of the thigh and crus approximately 152 mm
(or 6”) superior and inferior to the mid-patella. Both braces are available in a medial or
lateral OA configuration. All braces used in this study were configured for medial OA to
measure the efficacy related to outcomes in the medial compartment, which has the hinge
located on the medial side (Fig. 4.8).

Prior to experimental trials, each prepared specimen was equipped with an
appropriately sized RC and UF brace according to the manufacturer’s instructions to
ensure a secure fit. For the RC brace the center of the medial hinge was aligned with the
mid patella and AP midline!®, and for the UF brace the top edge of the medial hinge was
approximately 1 cm higher than the top edge of the patella20. A passive flexion-extension
was done to ensure the brace remained firmly secure and did not hinder or modify the
natural movement of the knee. The placement of both braces is shown in §4.1.9 when the

specimen is mounted on the DKS.

19 Rebound Cartilage Instructions for Use [Online resource]. Authored by: Ossur, Inc. Located at: https://media.ossur.com/ossur-
dam/image/upload/pi-documents-global/Rebound_Cartilage_1029_001_4.pdf
20 Unloader Fit Instruction for Use [Online resource]. Authored by Ossur, Inc. Located at: https://assets.ossur.com/library/36179/Unloader
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Figure 4.8: Images of the braces used in the current study with (a) Rebound Cartilage (RC) brace shown on a
right leg?' and (b) Unloader Fit (UF) brace shown on a left leg?.

4.1.3 Measuring Specimen Specific Muscle Moment Arms

Time-varying net moments for the quadriceps, hamstrings, gastrocnemius, and hip
muscle groups during squat and gait ADLs were taken from Tomescu et al. (2018). The
experiment required that every specimen had consistent muscle moments to guarantee
consistent muscle force rotations about the knee joint, and ensure all specimens
performed the same activity as the in-vivo participant.

Since each specimen has different quadriceps, hamstrings, and gastrocnemius
muscle cable moment arms due to unique knee geometries, using one set of muscle force
profiles would result in varying inter-specimen muscle moments. The experimental hip
muscle moment arm had a constant value of 6 cm irrespective of the cadaveric specimen
and did not require specimen specific modifications. The quadriceps, hamstring, and
gastrocnemius muscle moment arms were measured for all 10 specimens by securing the
distal or proximal end of the knee to a custom-built apparatus (Fig. 4.9). A static weight

was secured to one of the three muscle cables and three passive flexion-extension trials

21 Untitled [Online image]. Located at: https://www.orthomed.ca/ossur-rebound-cartilage-custom
22 Untitled [Online image]. Located at: https://www.synergyortho.com/product/unloader-fit/
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were performed while recording the changes in knee flexion angle and cable length, which
were measured with a goniometer (model SG150, Biometrics Ltd., Newport, UK) and
linear variable displacement transducer (Omega Engineering, Norwalk, CT, USA) (Fig.
4.9), respectively. Data was collected using a custom-built data acquisition module and
LabVIEW (National Instruments, Austin, TX, USA) program. The moment arm was
calculated using the rate of change between the cable length and flexion angle (Eq. 4.1)
(An et al., 1984; Sherman et al., 2013), and the mean of three trials was calculated. This

process was repeated for the remaining two muscle cables.

_d (4.1)
do

r

where:

r is the moment arm

dl is the rate of change in cable length
df is the rate of change in flexion angle

(@ Goniometer (2)LVDT  (3) Hamstring muscle cable

Figure 4.9: Moment arm set up instrumented with a goniometer and a linear variable reluctance transducer
performing an extrusion of the hamstring muscle cable by passive flexion (black arrow).
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4.1.4 Implementing Kinetic Muscle Force Boundary Conditions

The muscle moment-time history data for the quadriceps, hamstrings,
gastrocnemius, and hip muscle groups was based on in-vivo/in-silico DLS, gait, and SLS
outcomes from Tomescu et al. (2018) and a previously validated method was used to
convert the muscle group moments to specimen specific resultant force-time histories

based on specimen-specific muscle moment arms using Eq. 4.2 (Cassidy et al., 2013).

_ 2P dn (4.2)

F
mc dmc

where:
Fic is the resultant cadaveric muscle group cable force
dme is the cadaveric muscle group cable moment arm
Fm is the resultant in-silico muscle group force
dm is the in-silico muscle group moment arm

A custom MATLAB script (Mathworks, Natick, MA, USA) was used to compute the
muscle force time histories for all four muscle groups, based on the three measured
moment arms and the constant hip moment arm (Hangalur et al., 2016). The present
study generated 10 triads of specimen specific muscle force-time history curves based on

the 3 ADLs. The muscle force actuator for the quadriceps cable had a force limit of 10 kN
(RSA32, Tolomatic Inc., Hamel, MN, USA), while the remaining actuators were rated for
up to 5 kN (14 H, Macron Dynamics Inc., Croydon, PA, USA). Muscle force data were
collected during all trials using 1-dimensional single DOF load cells rated for ~9 kN (2000
Ibs) (Omega Engineering, Norwalk, Connecticut, USA). The quadriceps and hamstring
muscle cables were oriented in the direction of the femoral diaphysis (Fig. 4.6), and
gastrocnemius muscle cable were oriented in the direction of the tibial diaphysis (Fig.
4.6). These orientations were selected to reflect the anatomical muscle lines of action,
thus each muscle cable had one degree of freedom. The hip force was actuated through a

bracket attachment with the mechanical hip joint oriented in the posterior direction.
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4.1.5 Implementing Kinematic Hip and Ankle Boundary Conditions

The hip and ankle velocity input data for each activity were obtained from prior in-
vivo/in-silico research conducted by Tomescu et al. (2018), and every specimen used
identical velocity-time histories (Fig. 4.10). Double and single leg squat tests consisted of
peak flexion angles of 83° and 81°, respectively, in 1.9 s, and gait testing replicated an in-
vivo gait performed at 1.9 steps/s for 1.05 s. Hip and ankle kinematics were generated
from their respective positional actuators (Macron Dynamics Inc., Croyden, PA, USA).
Each actuator can achieve velocities up to 5 m/s? and accelerations up to 200 m/s2.
According to the experimental coordinate system (Fig. 4.11), the hip was free to translate
in the y-direction (superior-inferior direction) and rotate about the z-axis (sagittal plane).
The ankle was free to translate in the x-direction (AP direction), z-direction (ML
direction), free to rotate about the y-axis (transverse plane), and free to rotate about the

z-axis (sagittal plane).
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Figure 4.10: Hip and ankle velocity time history input curves for (a) double leg squat, (b) single leg squat, and
(c) gait.
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Figure 4.11: Experimental coordinate reference system with hip and ak.le velocity directions indicated by
green arrows.
4.1.6 Meniscus Strain Instrumentation
The strain measurements on the posteromedial and anteromedial meniscal tissues
were done using microminiature DVRT (MicroStrain Inc., Burlington, VT, USA) (Fig.
4.12a-b). Each sensor has a linear stroke length of +4.5 mm, a linear voltage range of +5
V, an accuracy of +1.5%, a resolution of 4.5 um, and is pre-calibrated by the manufacturer.
The DVRTs were connected to a dual-channel signal conditioner that relayed the
voltage outputs every 0.01 s to a custom LabVIEW program. Strain was calculated using

the engineering strain formulation, with the lengths determined from Eq. (4.3).

L=0+S(V-V,) (4.3)

where

O is the initial stroke length in mm

S is the sensitivity factor in mm/V

V is the measured voltage at any time (t) in V

Vo is the voltage measurement measured at the initial stroke length (O) in V
L is the calculated gauge length at any time (t) in mm
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Figure 4.12: (a) Microminiature displacement variable reluctance transducer (DVRT); and (b) General DVRT
assembly and dimensions, where the sensor length (B) is 26.8 mm and the stroke length (x) is +4.5 mm.*
4.1.7 Tibiofemoral Joint Pressure Instrumentation
The tibiofemoral joint contact forces and areas were measured using resistive
pressure mapping sensors (Tekscan Inc. Model 4000, South Boston, MA, USA). The
sensor has two sensing surfaces designed for medial and lateral intercondylar joint
surfaces (Fig. 4.13) with a maximum pressure limit of 68 948 kPa. Each sensing surface
contains 26 rows and 22 columns of sensels in a sensing area of 33 by 27.9 mm, which
equates to 62.0 sensels/cm? (Table 4.3). Each sensel measured the applied force in sensel
units (su) (force limit: 255 su, resolution: 1 su), and the outputs were recorded using the
I-Scan pressure mapping system, which included the data acquisition handle (model:
Evolution Handle) capable of achieving scanning speeds up to 100 Hz, and the I-Scan
v5.90 pressure mapping software. A different sensor was used for each specimen and
every sensor was equilibrated, calibrated, and coated in duct tape to improve sensor
durability and repeatability and avoid rupturing sensor layers due to shear forces
(Wilharm et al., 2013). While increasing the baseline thickness of pressure sensors may

increase measurement errors, applying a protective coating is common to mitigate shear

2 Untitled [Online images). Located at: https://www.microstrain.com/sites/default/files/m-lvdt_series_datasheet.pdf
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forces and sensor failure for repeated measurements (Ostermeier et al., 2007;

Stuckenborg-Colsman et al., 2002; von Lewinski et al., 2005; Wu et al., 1998).
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Figure 4.13: Representation and dimensions of Tekscan Pressure Sensor (model 4000)2*

Table 4.3: Manufacturer provided values for sensor dimensions in Fig. 4.10a.

Description Value (mm)
Overall length (L) 462.0
Overall width (W) 203.2
Tab length (A) 198.1
Matrix height (MH) 27.9
Matrix width (MW) 33.0
Row Width (RW) 1.0
Column Width (CW) 0.8
Row Spacing (RS) 1.3
Column Spacing (CS) 1.3

Sensor equilibration is recommended prior to testing to ensure consistent output
values between adjacent sensels and trials. According to the manufacturer’s

documentation, “The equilibration process allows the software to compensate for any

24 Untitled [Online image]. Located at: https://www.tekscan.com/products-solutions/pressure-mapping-sensors/4000

74



https://www.tekscan.com/products-solutions/pressure-mapping-sensors/4000

variation or uneven output across individual sensing elements, caused by manufacturing
[processes] or repeated use of the sensor” (I-Scan Product Selection Guide)25. Each sensor
was equilibrated by applying a constant pressure over the sensor surface using an air
bladder contained within a metal housing (similar to Fig. 4.14a) and recording an
equilibration curve using the I-Scan pressure mapping system. Sensor calibration was
done following equilibration using a compression tester (force limit: 5000 N, resolution:
0.2 N) (Mark-10, Copiague, NY, USA). A cylindrical indenter was used to apply
compressive forces in 10 approximately equal intervals ranging from 0-5000 N (Fig.
4.14b). The applied compressive force in N and sum of the measured force across all
sensels in su, were recorded. A sensitivity value was calculated based on the linear slope
between applied and measured forces. To prepare the sensor for insertion the lateral tabs
were trimmed and four holes were made in the upper and lower tabs (Fig. 4.15). Medial
and lateral incisions were made on the anterior and posterior coronary ligaments from
the meniscal horn attachments until the collateral ligaments similar to previous in-vitro
work (LaPrade et al., 2014; Padalecki et al., 2014 von Lewinski et al., 2006). It has been
reported that this method of inserting pressure-sensitive films is nondestructive and
reliable since an osteotomy to the coronary ligaments did not significantly affect mean
pressure, maximum pressure, contact area, anterior-posterior force, and internal-
external rotation during compressive loads (Martens et al., 1997). Carefully expanding
these incisions revealed the menisci and a thin suture was passed through the opening to
separate the menisci from the tibial surface. The pressure sensor was passed through this
narrow opening to measure lateral and medial inter-condylar pressure between the
meniscal-tibial interface. The upper and lower tabs were bent and fastened to the tibia

using screws (Fig. 4.16).

25 |-Scan Product Selection Guide [Online resource]. Located at: https://www.tekscan.com/resources/product-guide/i-scan-product-selection-
guide
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Figure 4.14: Representation of (a) sensor equilibration similar to the set up used in the current study and (b)
sensor calibration setup using Mark-10 compression tester.

Figure 4.15: Modifications made to Tekscan Model 4000 sensor with dashed lines depicting trimmed edges,
black circles depicting mounting holes, and shaded regions representing duct tape protective layer.

4.1.8 Mounting the Specimen to the DKS
Final steps for experimental preparation involved securing the femoral and tibial

threaded rods to the hip and ankle DKS attachments, verifying the limb length
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measurements, fastening each muscle force cable to the respective actuator, adjusting the
Q-angle on the hip attachment, manually verifying that flexion/extension was

predominantly in the sagittal plane, and setting the knee flexion angle to approximately

5-15° to avoid hyperextension, since a cadaver knee has greater range of motion than a

live participant due to the absence of the joint capsule and supporting structures. With
the specimen securely mounted a DVRT was pinned to the anteromedial meniscus (Fig.

4.16a) and the posteromedial meniscus (Fig. 4.16b).

1(—1‘.:) Pressure sensor (lateral head)
13;' Pressure sensor (medial head)
(3) AMM DVRT

(4) Quadriceps muscle cable

CS) Pressure sensor (medial head)
1:§:l Pressure sensor (lateral head)
(7) PMM DVRT

(8) Gastrocnemius muscle cable

_ (9) Hamstring muscle cable
(@) (b)
Figure 4.16: Close up view of the DVRT and pressure sensor implementation shown on a sample specimen in
the (a) anterior view and (b) posterior view.

4.1.9 FExperimental Test Matrix
The behaviour of biological tissues depends on their strain history and relaxation
function and repetitive stretching affects stiffness. Preconditioning a tissue with
loading/unloading cycles eliminates uncertainty caused by repeated loading and one
study preconditioned meniscal tissue samples for 10 cycles prior to compressive testing
(Chia et al., 2008; Elson & Genin, 2016). The present study preconditioned the meniscal
tissue with a minimum of 10 passive flexion-extension cycles while mounting the
specimen to the simulator followed by one preconditioning flexion-extension cycle using
only the hip and ankle kinematic actuators. Each specimen was tested in one unbraced
(NB) and two braced scenarios (RC & UF) in DLS, SLS, and gait ADLs (Fig. 4.17-4.18).

The testing order was unanimously set to DLS, gait, and SLS for all specimens and the NB
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trials were conducted prior to the RC and UF trials. Trial order was not varied because: i)
it was precautionary to place SLS after DLS and gait since SLS had the highest likelihood
of specimen failure, and ii) the RC brace had an easier application and was less disruptive
to the joint position and instrumentation, thus it was tested first to show closer
comparisons to the unbraced scenario. Moreover, every activity-brace combination was
initially tested in a healthy, uninjured ACL (ACL-intact) state followed by a dissected ACL
(ACL-deficient) state. The 18 unique experimental conditions (3 ADL x 3 brace scenarios

x 2 ACL states) were tested twice for a total of 36 trials/specimen.

@ ® o ©

Figure 4.17: Experimental setup of an unbraced right leg specimen in a start position for (a) DLS, (b) gait and
(c) SLS.
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(a ' -~ (b) (c)
Figure 4.18: Experimental setup of a right leg in the walk position for (a) an unbraced cadaver, (b) a cadaver
mounted with RC brace and (c) a cadaver mounted with UF brace.

4.2 Experimental Data Analysis

4.2.1 Meniscus Strain

Strain was computed using the engineering strain formulation and the length of
the DVRT at the initial time state (i.e., t=0) in the NB scenario was used as the reference
length (Eq. 4.4) for each brace scenario in every activity-ACL combination based on a
similar brace study (Tomescu et al., 2018). This study reports relative strain where
negative strain values can indicate a decrease in tensile strain or an increase in
compressive strain; although, due to the nature of hoop stresses and circumferential
tensile strain in the menisci (Fig. 2.16) it is foreseen that the measured strains are tensile
in nature. The mean posterolateral meniscus strain and anterolateral strain time histories
for every test condition were obtained by computing the mean of both trials at each time
state. Descriptive statistics were computed on mean time histories for all 18 test
conditions per specimen and the overall mean and peak strains were obtained for all
successful testing conditions. Mean and peak strain residuals were checked for normality
and outliers (Kim, 2013; Kozak & Piepho, 2018). A repeated measures analysis of variance

(ANOVA) and a post-hoc t-test with a Bonferroni family wise correction factor (a=.05)
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were performed to determine the efficacy of each brace and their interactions with ACL
status (brace*ACL) and activity (brace*Activity). An additional ANOVA analysis was
conducted without the NB case to compare strain outcomes between the two braces.

_ L-Lo 4.4)

€= X 100%

(o]

where:

L is the gauge length in mm determined from Eq. 4.3

Lo is the gauge length in mm determined from Eq. 4.3 for the NB scenario at time t=0
€ is engineering strain in mm/mm x 100%

4.2.2 Tibiofemoral Joint Pressure

Mean medial and lateral tibiofemoral joint pressure distributions were calculated
for each experimental condition using the measured force and area from the pressure
sensors. The area was considered as the sum of all sensels that experienced a force
exceeding 1 N. The means of two trials in each test condition were computed in an
identical manner as the strain outcomes. Descriptive statistics were obtained from the
mean time history for each experimental condition. Similar to strain, the pressure
residuals underwent tests for normality and outliers. Pressure data was not normally
distributed and required a rank transform to conduct non-parametric statistic tests and a
modified aligned ranked transform contrast (ART-C) was conducted prior to
multifactorial non-parametric interaction testing (Elkin et al., 2021). The ANOVA

conducted on the strain data was conducted on the aligned and ranked pressure data.

4.3 50t Percentile Male Lower Extremity Finite Element Modelling

The GHBMC 50th percentile male was considered since it has been developed with
the geometrical and anatomical components relevant to this study and since a jump
landing has been formerly simulated using this model (Polak, 2019). The extensive
methodology required to simulate squat and gait ADLs on this model included extracting

the right leg, enhancing aspects within the model, extending the leg, applying the
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experimental initial and boundary conditions, and assessing the model. An unloader
brace was replicated by applying a valgus moment (VM) and simulations included three
ADLs in two brace scenarios (i.e., NB and VM) and two ACL states (i.e., intact and
deficient) similar to the experimental tests (Table 4.4). To simulate the effect of the ACL-
deficient state the ACL part was removed.

Table 4.4: Computation simulation matrix for 12 unique conditions (in no particular order).

Simulation Activity VM ACL
ID# (D/W/S)! (1/0)? (1/0)3
01 D 0 1
02 W 0 1
03 S 0 1
04 D 1 1
05 W 1 1
06 S 1 1
07 D 0 0
08 A% 0 0
09 S 0 0
10 D 1 0
11 W 1 0
12 S 1 0

1: Denotes Activity with D: double leg squat; W: walk; S: single leg squat
2: Denotes Valgus Moment effect with 0: disabled; 1: enabled
3: Denotes ACL state with 1: ACL-intact; 0: ACL-deficient

4.4  Lower Extremity Finite Element Model Modifications and
Enhancements

4.4.1 Right Leg FE Model Extraction

The right leg was extracted from the seated occupant 50t percentile male human
body model (GHBMC M50 version 4.4) (Fig. 4.19). The model extraction initially
included all unmodified parts inferior to the hip joint and superior to the ankle joint.
Anatomical tissues and muscles that were dissected from the specimens such as the
cutaneous and subcutaneous layers and muscles were excluded from the model (Table
4.5). Additional hip and foot bones that were part of the lower extremity were removed.

Ultimately, the bones in the model included the femur, patella, tibia, and fibula similar to
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the experiment and all soft tissue structures surrounding the knee joint were retained

(Table 4.6).

(a) (b)

Figure 4.19: (a) Whole body M50 model (v4-4) and (b) the unmodified extracted right leg FE model.
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Table 4.5: Excluded parts list in FE model.

. Number of Element

Part Description
Elements Type
Achilles tendon 78 Shell
Deep thigh tissue 600 Solid
Distal tibia (cortical) 568 Shell
Femur fascia 1594 Shell
Gastrocnemius muscle (lateral) 1 Beam
Gastrocnemius muscle (medial) 1 Beam
Femur head (cortical) 616 Shell
Hip capsule 1733 Shell
Joint capsule 1687 Shell
Knee, Ankle subcutaneous tissue 9077 Solid
Plantaris muscle 1 Beam
Quadriceps muscle 4 Beam
Shank subcutaneous tissue 10920 Solid
Skin 5130 Shell
Soleus muscle (lateral) 1 Beam
Soleus muscle (medial) 1 Beam
Thigh subcutaneous tissue 8325 Solid
Tibia fascia 2790 Shell

Table 4.6: Complete list of included parts in extracted FE model.

Number of Element

Material Model Description

Part Description Elements Type
Anterior cruciate ligament 44 Solid
Distal femur (trabecular) 10539 Solid
Distal femur (cortical) 1350 Shell
Distal/Proximal tibia (trabecular) 5669 Solid
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Distal/Proximal fibula (cortical)
Distal/Proximal fibula (trabecular)
Femur cartilage

Femur condyle (cortical)
Femur diaphysis

Femur head (trabecular)
Femur head (trabecular)
Femur neck (cortical)
Femur neck (trabecular)
Fibula diaphysis
Interosseus membrane
Lateral collateral ligament
Lateral meniscus

Medial collateral ligament
Medial meniscus

Patella (cortical)

Patella (trabecular)

Patellar cartilage

Posterior cruciate ligament*
Posterior cruciate ligament*
Proximal femur

Proximal Tibia (cortical)
Quadriceps-patellar tendon
Tibia cartilage (medial)
Tibia cartilage (lateral)
Tibia diaphysis

459
944
663
1991
9407
1067
1058
871
5415
4980
181
79
109
118
102
654
961
184
36
32
1103
990
456
83
105
4399

Shell
Solid
Shell
Shell
Solid
Solid
Solid
Shell
Solid
Solid
Shell
Solid
Solid
Solid
Solid
Shell
Solid
Shell
Solid
Solid
Shell
Shell
Shell
Shell
Shell
Solid

Viscoplastic strain rate dependant

Elastic plastic metals model with kinematic hardening
Linear isotropic hypoelastic

Viscoplastic strain rate dependant

Viscoplastic strain rate dependant

Elastic plastic metals model with kinematic hardening
Elastic plastic metals model with kinematic hardening
Viscoplastic strain rate dependant

Elastic plastic metals model with kinematic hardening
Viscoplastic strain rate dependant

Elastic plastic metals model with kinematic hardening
Transversely isotropic hyper viscoelastic soft tissue model
Elastic plastic metals model with kinematic hardening
Transversely isotropic hyper viscoelastic soft tissue model
Elastic plastic metals model with kinematic hardening
Viscoplastic strain rate dependant

Elastic plastic metals model with kinematic hardening
Linear isotropic hypoelastic

Transversely isotropic hyper viscoelastic soft tissue model
Transversely isotropic hyper viscoelastic soft tissue model
Viscoplastic strain rate dependant

Viscoplastic strain rate dependant

Piecewise linear elastic plastic

Linear isotropic hypoelastic

Linear isotropic hypoelastic

Viscoplastic strain rate dependant

*PCL was composed of 2 parts
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4.4.2 Femoral and Tibial Bone Modifications

Similar to the experimental limb length measurement procedure (see §4.1.1), the
femoral and tibial limb lengths in the model were measured and resulted in values of 470
mm and 386 mm, respectively. The diaphyses for both bones were linearly scaled along
the direction of the diaphyseal axis using the built in scaling function, with the model’s
femoral diaphysis scaled (from 470 mm) to 424 mm and the model’s tibial diaphysis
scaled (from 386 mm) to 401 mm. Scaling ensured that the initial limb lengths matched
the experimental setup such that hip and ankle kinematics would have a similar effect in
the model. This scaling modification was not applied to the epiphyses or metaphyses in
either bone since it was not necessary to scale these parts to achieve the experimental limb
length values. Scaling decreased femoral diaphyseal elements by approximately 0.27 mm
and increased tibial element dimensions by 0.17 mm along the axial directions, element
dimensions along the radial directions were unmodified. An alternative method could
have been to add or remove elements, though this would distort the original shape and
circumferences leading to element discontinuities and contact issues.

The combined superior and inferior tibial epiphyses part was separated into two
parts to apply the experimental ankle BC to the inferior tibia. The femoral head and neck
trabecular bone parts were combined into a single part for ease of hip BC application. It
is noteworthy that the anatomical femoral head and inferior tibia were removed from the
cadaveric specimens, though they were retained in the model since their presence did not
impact computational simulations. A linear elastic material model was applied to the
modified hip and ankle parts using a density of 1.1 g/cm3, a Poisson’s ratio of 0.3, and a

stiffened Young’s modulus of 200 GPa, since the DKS attachments are hardened steel.

4.4.3 FEnhancing the Cruciate and Collateral Ligaments
The constitutive model for each ligament was updated to a phenomenological
hyperelastic material model (Hirokawa & Tsuruno, 1997; Pefia et al., 2006) with material

properties taken from previous experimental studies (see §3.5.2) (Chandrashekar et al.,
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2006; Harner et al., 1995; Wilson et al., 2012) (Table 4.7). These studies were selected on
the basis that they provided geometrical properties and force-elongation outcomes such
that their uniaxial tensile tests could be replicated and compared with the model. While
the ACL stress-strain responses reported by Grood & Noyes (1976) is very similar to
Chandrashekar et al. (2006), the present study considered the outcome from
Chandrashekar et al. (2006); since the greater accuracy in geometric properties may
strongly influence the ACL behaviour in the model. For the LCL and MCL, a singular study
met the inclusion criteria (Table 4.7). There were two studies that met the criteria for the
PCL and amongst these Harmer et al. (1995) was selected since it provided a typical force-
elongation curve for both bundles of the PCL (Table 4.7).

Table 4.7: FE model material properties for major tissues within the knee.

Tissue Material E p \Y K Experimental

Model (MPa) (g/cm?) (MPa) Reference
ACL Hyperelastic LC 1.0 - 2000 Chandrashekar, 2006
LCL Hyperelastic LC 1.0 - 2000 Wilson, 2012
MCL Hyperelastic LC 1.0 - 2000 Wilson, 2012
PCL Hyperelastic LC 1.0 - 2000 Harner, 1995

LC: load curve; E: elastic modulus; p: density; v: Poisson’s ratio; K: bulk modulus

Isolated bone-ligament-bone models were extracted for each ligament in the model
similar to the experimental studies to simulate uniaxial tensile tests (Fig. 4.20). The
inferior plug was kept fixed and the superior plug had an imposed velocity boundary
condition directed along the ligament axis. The material curves were calibrated based on
the resulting cross-sectional force and tissue elongation, with results presented in §6.1.1.
The initial ACL, LCL, MCL, and PCL strains were assumed to be approximately 5% at full
extension in FE studies (Gantoi et al., 2013; Shriram et al., 2017), which do not coincide

with experimental work. Experimental studies reported that the LCL and MCL are near a

zero strain state between 0-30° and 0-45°, respectively (Jeffcote et al., 2007) and the ACL

achieves zero strain around 35° during an open-kinetic-chain active flexion-extension,
and this varies due to the activity and posture (Beynnon & Fleming, 1998). Ligament

strains were not an objective of this study since unloader braces mechanics are not
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intended to reduce ligament relief, thus assigning initial ligament strains were not

deemed necessary for this study.

(a) (b) (c) (d)
Figure 4.20: FE isolated ligament uniaxial tensile tests for the (a) ACL, (b) LCL, (c) MCL, and (d) PCL.
4.4.4 FEnhancing the Menisci

The majority of the FE enhancements were done on the menisci. The material
model was updated to an elastic isotropic material for both menisci with an elastic
modulus of 20 MPa, a density of 2.0 g/cm3 and Poisson’s Ratio of 0.49 (Pena et al., 2007).
Both menisci shared nodes with their respective tibial cartilage parts. Node sharing
between the tibial cartilages and menisci is not anatomically representative since each
meniscus can translate and deform independently of the tibial cartilage. The inferior
meniscal surfaces were assigned an independent set of nodes and the medial and lateral
contact definitions were redefined by establishing contacts between the inferior meniscal
and superior tibial cartilage surfaces.

Separating the menisci and cartilage nodes introduced an unconstrained
translational degree of freedom between the parts since the original model did not have
meniscal horns, coronary ligaments, a transverse ligament, or meniscofemoral ligaments.
Meniscal horns are the predominant constraint that bind the menisci to the tibia, thus
each meniscus was augmented with anterior and posterior horns using 1D linear spring

elements (Dong et al., 2012; Guess et al., 2010; Shriram et al., 2017). Originally, four
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linear springs were attached between meniscal and tibial nodes at each of the four horn
sites, with the combined spring stiffness is 180 N/mm at each site (Hauch et al., 2010).
The meniscal elements in the model have a circumferential element length of
approximately 4-6 mm. Each tissue contains three layers of elements in the superior-
inferior direction and two layers in the AP direction. Since meniscal strain is the primary
measured metric, it was perceived a meniscal mesh refinement would be necessary for
more accurate comparisons with the experimental data. Each meniscus mesh was refined
by splitting the elements in all three dimensions, thereby splitting each cubic element into
eight smaller elements (Fig. 4.21). A refined mesh increased the number of nodes at each
horn site and provided additional locations to attach spring elements. The number of
spring elements were doubled to provide more uniform nodal distributions at the horn
sites, the individual spring stiffnesses were reduced, and the overall stiffness at each horn

remained unchanged (Fig. 4.21).

Figure 4.21: Superior view of original, coarse mesh (left) and refined, fine mesh (right) medial menisci with
corresponding linear spring horn elements.

4.4.5 FEnhancing the Articular Cartilage
The original patellar, femoral, and tibial cartilage parts used an elastic material
formulation with E=20 MPa, v=0.20, and p=2.0 g/cm3. The elastic modulus was modified

to 10 MPa since this is an approximate midpoint within the 9.2 — 10.9 MPa mean moduli
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range from prior experimental indentation studies (Richard et al., 2013; Shepherd &
Seedhom, 1999). The Poisson’s ratio was modified to 0.45 to reflect an isotropic single
phase linear elastic material formulation used in FE studies investigating tibiofemoral
pressures with similar elastic moduli (Luczkiewicz et al., 2016; Shriram et al., 2017).
Similar to the menisci, the tibial cartilage mesh was refined based on the
presumption it would yield more accurate pressure outcomes. The original mesh for the
medial cartilage contained element lengths between 2.4-8.4 mm, while the lateral
cartilage had elements ranging between 2.6-7.5 mm. Following mesh refinement element

dimensions were reduced by a factor of two (Fig. 4.22)

Figure 4.22: Superior view of original, coarse mesh (left) and refined, fine mesh (right) medial tibial cartilage.

4.5  Applying Experimental Boundary Conditions to the FE Model

Each experimentally tested activity had initial hip and ankle positions in the
experimental coordinate system. To match the modelling initial conditions with the
experiment, a local coordinate system was defined for each activity and local origins were
based on the initial experimental positions. The coordinate directions were established
using the transepicondylar axis as the functional flexion-extension axis, which
represented the z-axes on the DKS and model (Fig. 4.23) (Asano et al., 2005). The FE AP
and superior-inferior directions were defined as the x-axis and y-axis, respectively (Fig.

4.24).
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(a) (b)
Figure 4.23: The functional flexion-extension axis: (a) for a participant’s left knee (Asano et al., 2005 —
reprinted with permission from Elsevier); and (b) implemented in the FE model as the z-axis.

(a) | (b)
Figure 4.24: Local coordinate systems and joint directions indicating positive vector orientation for: (a) the
experimental; and (b) computational gait setup.
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Quadriceps, hamstrings, gastrocnemius, and hip muscle force BCs were applied to
the model over nodal sets corresponding to the experimental muscle force cable action
sites, and each muscle force direction vector was parallel to the diaphysis. The FE
quadriceps tendon was removed to reflect the experimental test condition (Fig. 4.25). The
quadriceps and hamstring FE muscle force vectors were directed parallel to the femur and
originated at the superior patella and superoposterior tibial epiphysis, respectively (Fig.
4.26). Since the muscle force cable in the experiment replicated a patellar tendon and the
patella tendon was retained in the model, the extensor mechanism functioned similarly
between the experiment and model. The FE gastrocnemius muscle force was directed
parallel to the tibia and originated at the inferoposterior femoral epiphysis (Fig. 4.26).
The FE hip force was assigned to a set of nodes located 6 cm from to the superior femoral
head and directed in the (posterior) x-direction (Fig. 4.26). Model specific muscle force-
time histories were obtained identically as the experimental procedure and required

simulating the FE muscle moment arm values (described in §4.6.2).

]

(2) (b)
Figure 4.25: The experimental quadriceps tendon (a), the original FE quadriceps tendon (b), and modified FE
excluding quadriceps tendon (c).
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Hip and ankle kinematic (velocity) BCs were implemented at nodes on the FE
femoral head and inferior tibia. The hip velocity was oriented in the y-direction and the
ankle velocity was oriented in the x-direction (Fig. 4.26). The time histories for each
activity were identical to the experiment since they were the same for each cadaver (Fig.
4.10). The FE hip joint at the superior femur was free to translate in the x- and y-
directions and free to rotate about the z-axis. The FE ankle joint was free to translate in

the x- and z-directions and free to rotate about the y- and z-axes.

Figure 4.26: The directions for the hip velocity (Hv), ankle velocity (Av), hip muscle force (A), quadriceps
muscle force (Q), hamstring muscle force (H), and gastrocnemius muscle force (G) shown for: (a) the
experimental gait; and (b) the FE gait setups.

4.6 Lower Extremity Finite Element Model Simulations

Prior to simulating the DLS, gait, and SLS ADLSs, a series of simulations were
conducted to position the model to a similar initial position as the experiment, determine

FE muscle moment arms, and apply a valgus moment.
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4.6.1 FE Model Initial Position Simulation
The extracted FE joint angle measured 49°, while the initial flexion angles of the
in-vivo participant were 6° for the DLS, 5° for the SLS, and 42° for gait. The initial

experimental angles on the DKS were approximately 5-15° greater than the in-vivo values

to avoid specimen hyperextension. For the DLS and SLS the model was extended to an
initial flexion angle of 10°, while the gait retained the default position because it
approximated the initial experimental gait flexion angle. An iterative hip velocity and
quadriceps, hamstring, and gastrocnemius muscle force BC approach was used to
decrease the flexion angle to 10°.

Table 4.8: Comparison of experimental range and FE initial positions during each ADL.

ADL Experiment Model
Double leg squat 11°-21° 10°
Gait 47° -57° 49°
Single leg squat 10°-20° 10°

4.6.2 FE Model Moment Arm Simulations and Muscle Force Input Curves
Moment arm simulations were performed to determine the FE quadriceps,
hamstring, and gastrocnemius muscle moment arms and three model specific muscle
force time histories for each activity. For the quadriceps and hamstrings muscle moment
arms, the superior femur parts were constrained in all directions (Fig. 4.27) and the
appropriate muscle force was applied to displace the crus. For the gastrocnemius muscle
moment arm, the inferior tibial parts were constrained in all directions and a
gastrocnemius muscle force was applied to displace the thigh. Moment arms were
calculated based on nodal displacements and flexion angle using Eq. (4.1), similar to the
experimental procedure (§4.1.3). The three model specific moment arms and the 6 cm
hip moment arm (used on all experimental specimens) were used to scale the in-vivo/in-
silico DLS, gait, and SLS muscle moment data obtained from Tomescu et al. (2018). This

process resulted in model specific quadriceps, hamstrings, and gastrocnemius, and a
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generic hip muscle force time history curves in an identical manner as the experiment

(84.1.4).

4.6.3 FFE Model Static Valgus Moment Simulation

A VM was applied to the model to simulate the effect of a medial unloader brace.
Two opposite 10 Nm moments were applied to a series of nine nodes on the femoral and
tibial diaphyses about the AP axis, which created a net 10 Nm valgus moment (Neville et
al., 2018). To verify the application and effect of the VM, a 300 ms simulation was
conducted with only the VM BC active while the proximal hip and distal ankle were

constrained in the ML direction.

) 4 - - N
Figure 4.27: FE model hamstring moment arm simulation showing the fixed femur BC, the hamstring force BC
(dashed arrow), and the crus motion similar to experimental setup.
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4.7  Assessing the Computational Knee Model

Joint flexion angle and minimum tibiofemoral joint separation were used to assess
model outcomes during initial positioning simulations. The main outcomes during the
ADL simulations were meniscus tissue deformation in the circumferential direction,
applied force on the tibial cartilage, and the loaded area on the cartilage. Posteromedial
meniscus strain and medial and lateral tibial compartment pressures were compared to

the experimental outcomes.

4.7.1 Meniscus Strain

Posteromedial meniscus strain was the predominant metric used to evaluate
experimental brace efficacy and posterolateral meniscus strain was an additional outcome
retrieved from the FE simulations. Engineering strain was calculated by measuring the
nodal distance at the posteromedial meniscus and posterolateral meniscus using nodes
that had an initial separation of approximately 5 mm (Fig. 4.28). Anteromedial meniscus
strain was computed since anteromedial meniscus was measured during the experimental
trials, while anterolateral meniscus strains were an additional outcome measure in the
model. The FE strain measurements were based on similar anatomical locations
compared with the experiment. Similar to the experiment, the FE VM strains were
computed using the length at the initial time state during the unbraced simulation;
however, the initial nodal distances between the NB and VM scenarios were identical
since each simulation initiated in a stress and strain free state. Modeling the effect of the
VM on the initial stresses and strains in the meniscal tissue would require an entirely
different experimental methodology to first measure the unbraced resting loads on the

meniscal tissue, and second to simulate how an isolated VM affects these resting loads.
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Figure 4.28: Nodal location of posteromedial meniscus strain measurement similar to the experimental
measure.

4.7.2 Intercondylar Joint Pressure

Tibiofemoral joint pressure was calculated from the applied forces and areas
measured on the cartilage parts, similar to the experimental pressure sensor data
analysis. The sum of all nodal forces on the medial and lateral cartilages were obtained
for each simulation condition. Mean cartilage pressure was calculated by dividing the
mean force measured during all simulation states by the total area in all elements that
had a von Mises stress exceeding 0.01 MPa. Peak cartilage pressure was calculated by
dividing the peak force during the trial measured on the cartilage by the calculated area

at the time state of the peak force.

4.7.3 Comparison with Fxperimental Outcomes

Objective evaluation methods are utilised to compare test and simulation signals
such as experimental and computational responses (Vavalle et al., 2013). Vavalle et al.
(2013) used three objective evaluation methods to compare finite element simulation
responses against in-vitro test responses in a frontal sled crash impact. The investigated
evaluation methods were magnitude and phase error factors, cumulative standard
deviation, and the CORrelation and Analysis (CORA) method; and the study reported that

CORA was the most comprehensive amongst the three because unlike CORA, the error
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factors method does not account for experimental variance and cumulative standard
deviation is a point-by-point comparison that does not consider phase shifts (Vavalle et
al., 2013). The CORA method compares two responses based on three factors, which are
size, phase, and progression (Fig. 4.29), and calculates a CORA rating between O (i.e., no
correlation) and 1 (i.e., perfect correlation) based on the weighted average of the three

factors (Eq. 4.5) (Gehre et al., 2009).

——Reference Curve ----- Good Correlation Poor Correlation

Size Phase Progression

Figure 4.29: Illustration of good and poor correlations for size, phase, and progression ratings.

CORA =Wy XZ+ Wp XxP+ Wi xR (4.5)

where:
CORA is the cross correlation rating such that 0 < CORA < 1
Zis the size rating suchthat 0 < Z < 1
P is the phase rating suchthat 0 < P < 1
R is the progression rating such that 0 <R <1
Wz is the size weight factor such that 0 < Wz < 1
Wris the phase weight factor such that 0 < Wp < 1
WR is the progression weight factor such that 0 < Wr < 1
and Wz+ Wp+ Wr=1

Model performance was evaluated and compared with experimental data using the
cross-correlation approach (CORA v4.0.4) for flexion angle and posteromedial and
anteromedial meniscal strains. This study considered size, phase, and progression
between the experimental and model outcomes to be equally important, thus Wz= Wp =
Wr = 1/3. Initially FE model postero- and anteromedial strains were cross-correlated to
a specimen that most closely resembled the model for each activity-brace-ACL
combination. Subsequently, this process was repeated for the remaining specimens and a

mean correlation rating with standard deviation was calculated. Furthermore, CORA
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analyses were conducted between the model input and output kinematic and kinetic BC
to verify BC implementation accuracy. Finally, FE mean and peak tibiofemoral pressures

were compared to the experimental means and standard deviations.
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V. Experimental In-Vitro Results

Specimens were tested using the 18 unique testing conditions (Table 4.1) and eight
specimens were successfully tested in every condition. Specimen #6 had a very low body
mass index (BMI) and resulted in patellar failure during the first SLS trial; thus, an
artificial patella was fabricated out of resin and DLS and gait activities were completed
without SLS trials. Specimen #10 hyperextended during the first gait trial, which could
have been due to knee laxity. Upon examination by a registered orthopaedic surgeon there
were no signs of damage to the knee ligaments and tissues or to the muscle cable
attachment sites, and the remainder of DLS and SLS trials were completed, though gait
trials were disregarded for this specimen. Thus, double leg squats were tested on all ten
specimens, gait was tested on specimens #1-9, and single leg squats were tested on
specimens #1-5 and 7—10. Furthermore, posteromedial meniscus strain was measured
in every tested specimen and anteromedial meniscal strain was measured not measured
in specimens #2-5 due to modifications in experimental methodology and sensor
malfunction (Table 5.1). The measured specimen specific moment arm values were used

to convert in-vivo/in-silico muscle moments to muscle force time histories (Table 5.2).

Table 5.1: Specimens (Spec.) included for posteromedial and anterolateral strain analyses in each ADL.

Posteromedial Anteromedial
meniscus strain  meniscal strain
Double leg squat Spec. #1-10 Spec. #1, 6-10
Gait Spec. #1-9 Spec. #1, 6-9
Single leg squat Spec. #1-5, 7-10 Spec. #1, 7-10
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Table 5.2: Specimen specific muscle moment arm measurements (n=10).

Specimen Quadriceps MA Hamstrings MA  Gastrocnemius MA

ID# (mm) (mm) (mm)
1 42 25 22

2 37 46 22

3 64 43 17

4 33 25 16

5 37 15 11

6 31 24 21

7 38 18 20

8 40 28 18

9 35 29 17
10 44 23 24

Exp. Mean (SD) (n=10) 40.1 (9.3) 27.6(9.9) 18.8 (3.8)

MA: Moment Arm, Exp.: Experimental, SD: Standard Deviation
5.1 Posteromedial Meniscus Relative Strain

It is crucial to reiterate that this study measured relative strain with the zero
reference considered as the start of each unbraced test, and negative strain did not imply
compressive strain, rather relatively less tensile strain due to the nature of loading on the
meniscus and the orientation of the DVRT. Posteromedial meniscus strain was collected
for every specimen and the mean and peak strains were processed for each successful
activity-brace-ACL combination. The mean and peak posteromedial meniscus strains for
all ten specimens did not produce statistical outliers based on the mean, median, Grubbs,
and generalized extreme student deviate tests. Moreover, all mean and peak strains
(n=10) were within 3 standard deviations of the mean values.

Mean sample posteromedial meniscus strains (n=10) were generally lower for both
braces in the ACL-intact state and higher in the deficient state (Fig 5.1). The brace,
brace*activity, and brace*ACL¥activity interactions were not significant on posteromedial
meniscus mean and peak strains (p>.05); however, the brace*ACL interaction was
statistically significant for mean posteromedial meniscus strains between the NB-RC
(p=.048) and NB-UF (p<.001) brace scenarios and for peak posteromedial meniscus

strain between the NB-UF (p<.001) scenario. Post-hoc analysis revealed a significant
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effect of the brace only in the ACL-intact state for mean posteromedial meniscus strains
between the NB-RC (p=.006) and NB-UF (p=.001) scenarios, as well as peak
posteromedial meniscus strain between the NB-UF (p=.001) scenario. Mean strains were
lower for the braced trials while the ACL was intact for every test condition except for the
RC brace during DLS (Fig. 5.1). The means of the posteromedial meniscus strains
indicated both braces reduced the overall mean (Table 5.3) and peak (Table 5.4) strains
by approximately 2-4% for the ACL-intact state; with the exception of the RC brace during
DLS, which had higher mean (2.6%) and peak (1.1%) strain values compared to the NB
scenario.

There was a nonsignificant effect of the brace in the ACL-deficient state (p=.065).
The RC brace during SLS was the only instance which resulted in a lower mean
posteromedial meniscus strain compared the NB scenario (Fig. 5.1). The overall sample
mean strains were higher with a deficient ACL, with the exception of the RC brace during
SLS (Table 5.3). Similarly, the overall sample peak strain values were higher in the ACL-
deficient state, except for the RC brace during DLS (Table 5.4).

When comparing posteromedial meniscus strain outcomes between the RC-UF
brace scenarios, the peak and mean strains were not significant for the effect of the brace
or the brace*activity and brace*ACL*activity interactions (p=0.073). The mean (p=.016)
and peak (p=.003) strains were significantly different for the brace*ACL interaction;
further pairwise comparisons revealed a significant effect of the brace in the ACL-
deficient state for mean (p=.036) and peak (p=.016) strain. During the ACL-intact state
the strain plots (Fig. 5.1) and means (Tables 5.3-5.4) for both braces revealed comparable
results, with the exception of the RC brace during DLS, which was higher than the UF
brace by approximately 3%. During the ACL-deficient state the overall sample mean
(Table 5.3) and peak (Table 5.4) strains indicated the UF brace was approximately 1-3%
higher than the RC brace.

101



3 3
, Int|DLS s emm—e -
1
0
5 \
' Def|DLS
-6 -2
3 : 7 -
, Int| Gait Def| Gait
6 -~
1 AY
0 5
s 25 50 75 100 a
£ ~a o ="
© -2 K - \ 3
S S e e v
73 / " vl 2
S NP o 1
s |,
-6 0
0 25 50 75 100
2 2 o
Int[SLS TN Def[SLS
1 1
0 e, T T T -\ 0
. 50 75 100
S -1 \ -1
c-2 -2
o
& -3 -3
..,--".\.; .........
4. 57 S, -4
- ~—ao . '- ................................. ,—_.‘_.h ..........
I ~ —’ i S0 T
S
-6 \ >6 P .
Activity Progression (%) Activity Progression (%)

Figure 5.1: Mean posteromedial meniscus relative strain for specimens #1-10 for ACL-intact and -deficient
states (Int, Def) for double leg squat (DLS) (n=10), Gait (n=9), and single leg squat (SLS) (n=9) trials with
unbraced (NB), rebound cartilage (RC), and Unloader Fit (UF) bracing scenarios.
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Table 5.3: Mean (SD) of the mean posteromedial (n=10) and anteromedial (n=6) meniscus relative strains.
Posterior Medial Meniscus
Relative Strain (%)

Anterior Medial Meniscus
Relative Strain (%)

ACL,

Activity NB
Int, DLS 0.79 (2.7)
Int, Gait 1.4 (2.2)

Int, SLS | -0.83(2.2)
Def, DLS | 0.00(3.1)
Def, Gait 2.2 (2.5)

Def, SLS -2.1(1.9)

RC

1.1(8.2)
-3.3(5.5)
-4.3 (5.8)
0.26 (4.9)
3.0 (4.8)
-3.2 (4.4)

2.3 (6.6)
4.0 (7.4)
-0.37 (4.9)

NB

-0.18 (1.1)
0.67 (1.4)
-0.16 (0.8)
-0.68 (2.4)
-0.30 (1.4)
0.16 (3.0)

RC

2.5 (2.
-1.3 (3.
0.39 (5.0)
-0.87 (6.4)
0.30 (8.9)
0.97 (4.9)

5)
7)

-1.3
-0.29 (10.1)
1.7 (5.9)

NB: Unbraced, RC: Rebound Cartilage, UF: Unloader Fit, Int: Intact, Def: Deficient, DLS: Double leg squat,

SLS: Single leg squat

Table 5.4: Mean (SD) of the peak posteromedial (n=10) and anteromedial (n=6) meniscus relative strains.
Posterior Medial Meniscus
Relative Strain (%)

Anterior Medial Meniscus
Relative Strain (%)

ACL,
Activity
Int, DLS 2.5(2.5)
Int, Gait 3.6 (3.0)
Int, SLS 0.83(0.9)
Def, DLS 2.3(2.4)
Def, Gait 4.9 (3.4)
Def, SLS 0.37 (0.7)

NB

RC

2.6 (8.0)
-0.39 (5.6)
-2.6 (4.5)
1.7 (4.5)

5.5 (6.2)

0.38 (3.1)

UF

1.7 (8.2)
-0.17 (5.5)
-3.0 (3.4)
4.0 (7.6)
7.4 (8.3)
2.2 (5.5)

NB

0.76 (0.8)
1.6 (1.6)
0.85 (0.8)
1.2 (0.9)
2.5(1.9)
2.8 (2.7)

RC

1.6 (2.7)
-0.10 (3.8)
1.5 (4.9)
0.27 (6.5)
2.8 (10)
3.7 (6.6)

UF

-3.5 (4.5)
-2.7 (5.0)
-0.8 (5.8)
-0.32 (6.3)
2.3(11.2)
4.1(7.9)

NB: Unbraced, RC: Rebound Cartilage, UF: Unloader Fit, Int: Intact, Def: Deficient, DLS: Double leg squat,

SLS: Single leg squat

5.2 Anteromedial Meniscus Relative Strain

Anteromedial meniscus strain was not collected for specimens #2-4 due to

adaptations in the experimental procedure, and it was not reported for specimen #5 due

to sensor malfunction (Table 5.2). Mean strain plots (Fig. 5.2) and the overall means of

the mean and peak strain values (Tables 5.3-5.4) were computed similarly to

posteromedial meniscus strain for every successful test combination. The effect of the

brace was significantly different for anteromedial meniscus mean strain in the NB-UF

(p=.004) scenario, as well as for anteromedial meniscus peak strain in the NB-RC

(p=.037) and NB-UF (p=.004) scenarios. Mean anteromedial meniscus strain was not

significantly different (p=.061) in the NB-RC scenario. Moreover, there were no
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significant differences between RC-UF scenarios for mean (p=.095) and peak

anteromedial meniscus strain (p=.078). Finally, the mean and peak anteromedial

meniscus strains for the interactions (brace*ACL, brace*activity, and brace* ACL*activity)

were not significant (p>.182) for either of the braces or between the two braces.

Strain (%)

Strain (%)

Strain (%)

Int[DLS

Def|DLS

Activity Progression (%)

Figure 5.2: Mean anteromedial meniscus strain for specimen #1, 6-10 for ACL-intact and -deficient
conditions (Int, Def) in double leg squat (DLS) (n=6), Gait (n=5), and single leg squat (SLS) trials (n=5) with

unbraced (NB), rebound cartilage (RC), and Unloader Fit (UF) bracing scenarios.



5.3  Tibiofemoral Joint Pressure

Tibiofemoral joint pressure was measured on every specimen except for specimen
#4 due to an extremely narrow intercondylar joint space. Moreover, due to damaged
sensels during the experiment specimen #3 resulted in erroneous pressure data. An 11-
point calibration was conducted on each sensor similar to previous literature (Wilharm et
al. 2013), with a sample calibration result depicting a linear trend between sensor output
and applied force (r=0.99) (Fig. 5.3). Calibration factors were similar for the other
specimens with correlation coefficients > 0.98 (Table 5.5). Sample medial and lateral
pressure recordings during ACL-intact DLS in all three brace scenarios reveal decreased
peak pressures during the knee brace trials as evidenced by the colder colour palette (Fig.
5.4). In some situations sensels initially had missing values that eventually became fully

operational (Fig. 5.4). Missing sensel values were interpolated from adjacent sensels.
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Figure 5.3: Typical sensor output shown for the sensor used on specimen #1.

Table 5.5: Calibration factors for sensors used to measure tibiofemoral joint pressure (n=8).
Specimen ID (#)
1 2 5 6 7 8 9 10

Calibration Factor

11. 13.4 .7 . 145 16.7 14.6 18.
(sensels/N) 3 3 9 8.6 5 16 6 18.3
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Figure 5.4: An unbraced and braced Tekscan pressure recording for specimen #8 performing a DLS in an ACL-
intact condition, where NB: unbraced, RC: rebound cartilage brace, UF: unloader fit brace.

There was no significant effect of the brace or any of the brace interactions
(brace*ACL, brace*activity) for either brace (compared to the NB) in the mean or peak
medial tibiofemoral pressures (p>.05); although, there was a significant difference
between the two braces on the peak medial pressure (p=.032). For the lateral condyle, the
UF brace demonstrated significantly different brace*ACL interactions for the mean
pressure when compared against the NB (p=.032) and RC brace (p=.015) scenarios and
for the peak pressure in the NB (p=.035) scenario; a post hoc analysis depicted a
significant difference in the mean pressures between the UF brace and the NB (p=.020)
and RF brace (p=.020) scenarios in the ACL-deficient state, the ACL-intact state was not
significantly different (p>.05).

Overall, the braces had a nonsignificant (p>.05) effect on the tibiofemoral joint
pressures during the ACL-intact state, with the mean medial and lateral tibiofemoral
pressures depicting similar trends (Fig. 5.5) and values (Table 5.6) between the NB and

braced (RC, UF) scenarios. The peak pressures on the medial compartment were higher
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than the lateral compartment during the DLS and SLS (Table 5.6). Moreover, the
inclusion of the braces had decreases of 0.2 MPa in the peak medial and 0.1 MPa in the
peak lateral compartment pressures during DLS (Table 5.6). During SLS, the braces
increased the peak medial pressure and decreased the peak lateral pressures (Table 5.6).
Gait trials demonstrated a decrease (by 0.1-0.2 MPa) in the mean medial and lateral
compartment pressures, though the lateral compartment pressures had a lower decrease
than medial pressures (Table 5.6).

The braces produced greater differences in the ACL-deficient state than in the ACL-
intact state. Both braces produced lower medial joint pressure trends during DLS and
gait, and higher trends during SLS (Fig. 5.6). Similar to the ACL-intact state, the mean
and peak pressures during DLS and SLS were higher in the medial compartment (Table
5.7); however, unlike the ACL-intact state, the peak lateral compartment pressures
showed more substantial increases of 0.1-0.3 MPa during the braced trials with a deficient
ACL for all three activities (Table 5.7). While there were significant differences (p<.05) in
the mean pressure with the UF brace in the ACL-deficient state, the majority of brace

comparisons were nonsignificant (p>.05) like the ACL-intact state.
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Figure 5.5: Mean medial (left) and lateral (right) tibiofemoral joint pressures for all three activities with the

ACL-intact (n=6) where NB: no brace; RC: rebound cartilage brace; UF: unloader fit brace.
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Figure 5.6: Mean medial (left) and lateral (right) tibiofemoral joint pressures for all three activities with the
ACL-deficient (n=6) where NB: no brace; RC: rebound cartilage brace; UF: unloader fit brace.
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Table 5.6: Mean (SD) of the mean and peak medial and lateral tibiofemoral joint pressures during 3 activities

and 3 brace scenarios with the ACL intact (n=8).

DLS Gait SLS

NB RC UF NB RC UF NB RC UF

Med. Mean P 1.5 1.5 1.3 1.5 1.4 1.3 1.8 2.0 1.8
(MPa) 0.3)  (0.4)  (0.3)  (0.2) (0.3) (0.3) (1.0) (0.9 (0.9
Lat. Mean P 1.5 1.5 1.4 1.6 1.5 1.5 1.7 1.8 1.7
(MPa) 0.4)  (0.5) (0.4 (0.5  (0.6) (0.6) (0.9 (0.9 (0.9
Med. Peak P 2.8 2.6 2.6 2.7 2.8 2.5 3.2 3.3 3.3
(MPa) (0.5) (0.6) (0.8)  (0.3) (0.3) (0.5  (1.8) (1.6)  (1.7)
Lat. Peak P 2.5 2.4 2.4 2.8 2.5 2.5 3.0 2.8 2.8
(MPa) 0.5)  (0.8)  (0.5)  (1.0)  (1.0)  (0.8)  (1.5)  (1.4)  (1.3)

Med: medial; Lat: lateral; P: pressure; DLS: double leg squat; SLS: single leg squat; NB: no brace; RC: rebound cartilage

brace; UF: unloader fit brace; SD: standard deviation

Table 5.7: Mean (SD) of the mean and peak medial and lateral tibiofemoral joint pressures during 3 activities

and 3 brace scenarios with the ACL deficient (n=8).

DLS Gait SLS

NB RC UF NB RC UF NB RC UF

Med. Mean P 1.4 1.4 1.5 1.5 1.5 1.4 1.9 2.1 1.9
(MPa) 0.4) (0.4  (0.3)  (0.4) (0.4  (0.2)  (0.9)  (1.0)  (0.9)
Lat. Mean P 1.4 1.3 1.5 1.4 1.5 1.5 1.6 1.8 1.8
(MPa) 0.3) (0.5  (0.4)  (0.4)  (0.6) (0.4)  (0.7) (0.9 (0.9
Med. Peak P 2.8 2.8 2.7 2.6 2.6 2.5 3.2 3.3 3.2
(MPa) (1.1)  (1.0)  (0.7) (0.8 (0.5  (0.4)  (1.6) (2.0  (1.8)
Lat. Peak P 2.3 2.2 2.4 2.5 2.5 2.5 2.7 2.7 2.9
(MPa) 0.5 (0.7  (0.5)  (0.6) (0.9  (0.7) (1.3)  (1.5)  (1.4)

Med: medial; Lat: lateral; P: pressure; DLS: double leg squat; SLS: single leg squat; NB: no brace; RC: rebound cartilage

brace; UF: unloader fit brace; SD: standard deviation

The brace outcomes are more evident when comparing pressure changes in the

medial compartment and the relative lateral to medial pressure differences with the

application of the braces. The percent differences in medial compartment pressures

demonstrated that the mean and peak medial pressures decreased with both braces in

DLS and gait test conditions as evidenced by the reductions (i.e., negative values) in tibial

pressure, while both braces resulted in an increase in medial pressure during SLS (Fig.

5.7). The difference between lateral and medial pressures (AP) demonstrated that both

braces caused increases in the lateral tibial pressure compared to the medial as evidenced

by increases in AP (i.e., positive values), thus the braces effectively shifted the load from

the medial to lateral compartment for all ADLs (Fig. 5.8). In every braced DLS or gait test
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condition with a mean or peak medial pressure decrease there was a positive lateral-
medial pressure difference indicating that a valgus moment unloading decreased pressure
in the medial compartment and increased pressure in the lateral compartment as
intended. In the SLS braced test conditions there was also a positive lateral-medial
pressure difference indicating a valgus shift despite an overall increase in the medial
compartment pressure indicating that the medial compartment was not unloaded, rather

the lateral compartment experienced a relatively larger pressure increase.
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Figure 5.7: Percent differences in (a) mean and (b) peak medial tibial cartilage pressure in braced scenarios.
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Figure 5.8: Lateral and medial tibial cartilage (a) mean and (b) peak pressure differences for each activity-
brace combination relative to unbraced-activity combinations.
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VI. Computational Results

This chapter reports outcomes from the geometric and materials enhancements
required to mimic the initial experimental position for each activity, verifies the
application of the experimental input BCs to the FE simulations, and concludes with

strain and pressure outcome measures similar to the experimental study.

6.1 FE Model Extension

Adapting the FE leg model to match the initial experimental boundary conditions
proved to be the most challenging task, and the majority of the model improvements were
consequences of unsuccessful knee extension attempts. Gait simulations did not require
modifications from the initial seated position; squat simulations required a decrease in
seated flexion angle from 49° to approximately 10°. Initial attempts constrained the
femur and applied increasing magnitudes of quadriceps force to extend the tibia, with
minor modifications to the femoral and tibial parts and no changes to the tissues and
ligaments surrounding the knee. The model demonstrated overly stiff and resistant joint
kinematics with a maximum applied quadriceps force of 1800 N, which resulted in a
minimum flexion angle of 25.6°. Attempting a tibial displacement BC produced a full
extension (~5° flexion angle), however, the outcome was extremely aggressive and
resulted in an unnatural joint geometry with excessive tibiofemoral joint separation (Fig.
6.1). It became evident that the minimum part separation distance between the tibial and
femoral condyles needed to be augmented as an outcome measure during extension
simulations. The targets for joint separation were the minimum distances between
femoral and tibial cartilages in the medial and lateral compartments, which were 2.5+0.5
and 3.5+0.5 mm, respectively. Moreover, the target for minimum flexion angle was
approximately 5° to ensure full range of motion during the gait simulations. The tibial

displacement BC was removed and the majority of extension simulations were conducted
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using a quadriceps force condition; however, the final few leg model extension iterations
used a combination of boundary and muscle force BCs to minimize joint separation

(presented in §6.1.3).

(b)
Figure 6.1: Posterior view depicting tibiofemoral joint separation in the (a) 49° seated; and (b) fully extended
states.

6.1.1 Select Ligament Uniazial Tensile Tests

It was hypothesized that inaccurate ligament material models in the ACL, LCL,
MCL, and PCL were causing the excessive joint separation and/or hindering the joint’s
ability to extend. Ligament specific stress-strain or force-displacement curves from
literature were used to update the material properties for each ligament (Chandrashekar
et al., 2005; Harner et al., 1995; Wilson et al., 2012). Force-elongation outcomes from
isolated uniaxial tension simulations of the knee ligaments with the updated stress-strain
input curves (grey curves in Fig. 6.2) were compared with experimental studies (dashed
black curves in Fig. 6.2) and demonstrated vast discrepancies, due to cross-sectional area
differences between the experimental studies and the model (Table 6.1). A scale factor (S,
Table 6.1) was calculated between the experimental and FE cross-sectional areas, and
each FE force-elongation result was scaled such that the model’s ligaments would reflect
the experimental outcomes. Each scale factor was further calibrated (Sc, Table 6.1) until
the scaled FE result (red curves in Fig. 6.2) were calibrated to the experimentally

measured properties. These four scaled force-elongation results were converted to stress-
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strain curves using the measured FE cross-sectional area and axial length of each ligament

part. Updating these four ligament material models resulted in a minimum flexion angle

of 24.2° with a reduction in the applied quadriceps force to 1400 N and joint separation

distances of 6.7 and 10.1 mm for the medial and lateral compartments, respectively. It

was foreseen that meniscal enhancements were necessary to improve model performance

and outcomes during extension.
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Figure 6.2: Uniaxial FE tensile test simulations comparing force-elongation with experimental literature for

the (a) ACL; (c) LCL; (c) MCL; and (d) PCL.

Table 6.1: FE and reference literature (Ref.) ligament cross-sectional areas with scale factor (S) and
calibrated scale factor (Sg).

Part FE Area (mm?) Ref.Area(mm?) S S
ACL 34 87 2.6 2.5
LCL 18 10 0.6 0.4
MCL 31 53 1.7 1.4
PCL 52 41 0.8 0.7
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6.1.2 Meniscal Tissue and Horn Enhancements

The linear plastic kinematic material model and/or geometric configuration of the
meniscal parts were suspected to affect knee joint extension. Updating the menisci
material model to an elastic material (Table 4.6) alongside the ACL, PCL, LCL, MCL
material enhancements resulted in a knee flexion angle of 13.2° with an extension force
of 1400 N and yielded medial and lateral joint separations of 6.6 and 6.1 mm, respectively.
However, this modification did not demonstrate typical sagittal plane rotation, rather
joint extension caused the anterior regions of both menisci to penetrate the tibial cartilage
and resulted in the joint ‘locking’ and ‘pivoting’ around the menisci rather than rotating.
The anterior portions of the menisci also experienced excessive compression (Fig. 6.3). It
was determined the menisci did not translate in the anterior-posterior direction since the
menisci and tibial cartilage parts shared common nodes with an absence of contact

definitions between the cartilage and menisci.

(a) (b)
Figure 6.3: Anterior view depicting the (a) original menisci; and (b) the compressed menisci following knee
extension.

The menisci were assigned a new set of nodes to permit a sliding degree of freedom
between the cartilage parts. To stabilize the menisci, four 1-dimensional spring elements
were added to replicate the meniscal horns at each of the horn sites with a combined

material stiffness of 180 N/mm per site (Guess et al., 2015; Hauch et al., 2010). These
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modifications resulted in improved sagittal plane joint mechanics during extension and a
minimum flexion angle of 10.6°, though further adaptations were made to the extension

BCs to attain a slightly lower flexion angle and the target joint separation distances.

6.1.3 Combined Kinematic, Kinetic Fxtension Boundary Conditions

The application of a single quadriceps force resulted in a force imbalance around
the knee joint; thus, the extension BCs were improved to include a hip velocity with three
muscle forces (quadriceps, hamstrings, gastrocnemius). The hip velocity-time history
magnitude was taken from the experimental input hip velocity condition during DLS.
Simplified muscle force-time histories were created based on a ramp-step function with
the values taken from previous in-vivo/in-silico results (Tomescu et al., 2018). Knee
extension was simulated using various iterations of peak muscle forces and the final
iteration was selected since it achieved the desired flexion angle and the targeted medial
and lateral joint separation distances (Table 6.2). The nodal positions at the 10° flexion
state from this extension iteration were extracted and used as the initial state for the DLS
and SLS models to replicate the respective initial experimental start positions.

Table 6.2: Flexion angle and intercondylar joint separation values (parentheses represent difference
compared to the initial value) during FE extension.

. . . Minimum Medial Lateral
Quadriceps Hamstrings Gastrocnemius . . .
Flexion Separation Separation
Force (N) Force (N) Force (N) o
Angle (°) (mm) (mm)
223 103 232 1.4 3.7(+1.2) 5.8(+2.3)
565 87 73 3.1 4.2(+1.7) 5.4(+1.9)
1115 515 1160 2.7 1.8(-0.7) 2.4(-1.1)
446 155 232 2.6 2.6(+0.1) 5.0(+1.5)
446 155 464 2.6 2.6(+0.1) 3.8(+0.3)
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6.2 FE Model Preparatory Simulations

6.2.1 Static Valgus Moment Assessment

The applied VM was effective in its ability to unload the medial joint compartment
in a static simulation (explained in §4.6.3). It was uncertain if the VM could be applied
instantaneously, therefore a ramp-step VM BC was simulated prior to an instantaneous
one. In either BC condition there was higher mean effective von-Mises stress in lateral
meniscus elements (n=109) compared to the medial meniscus (n=102) indicating the VM

produced the intended unloading effect (Fig. 6.4).
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Figure 6.4: Mean medial and lateral menisci effective (von-Mises) stresses for (a) a ramp-step VM loading
condition; and (b) an instantaneous VM (valgus moment) input loading condition.

6.2.2 FE Model Moment Arms & Muscle Forces

Muscle moment arm simulations revealed quadriceps, hamstrings, and
gastrocnemius values were in descending order, respectively, similar to the experimental
means (n=10) (Table 6.3). Muscle moment arms were used as a selection criteria for the
closest matching specimen to the model over other factors such as age, mass, height, or
BMI because moment arms are proportional to joint geometry (Sherman et al., 2013).
The FE quadriceps moment arms were at least 1 SD greater than every other specimen
and the two closest specimens to the model were specimens #3 and specimen #10.
Specimen #3 was chosen as the closest matching specimen because unlike specimen #1

it had an identical gastrocnemius moment arm and a hamstring moment arm that
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differed by 3 mm compared to the model. The three FE specific moment arms and the 6
cm hip moment arm (identical to all experimental specimens) were used to scale the in-
vivo/in-silico DLS, gait, and SLS muscle forces obtained from Tomescu et al. (2018). This
process resulted in model specific quadriceps, hamstrings, gastrocnemius, and hip muscle
force-time history curves for each activity, similar to the process done for each cadaveric
specimen (Fig. 6.5). Moreover, the 500 ms cable pre-tension load generated for the
experiment was removed and modified with a 100 ms ramp to the initial value in the
model. The total duration of the squat and gait simulations were 2080 ms and 1180 ms,
respectively.

Table 6.3: Muscle moment arms for the FE model and experimental specimens (n=10).

Specimen Quadriceps Hamstrings Gastrocnemius
ID# MA (mm) MA (mm) MA (mm)
FE Model 53 40 17
1 42 25 22
2 37 46 22
3 64 43 17
4 33 25 16
5 37 15 11
6 31 24 21
7 38 18 20
8 40 28 18
9 35 29 17
10 44 23 24
Exp. Mean(SD) 40.1(9.3) 27.6(9.9) 18.8(3.8)

MA: Moment Arm, Exp.: Experimental, SD: Standard Deviation
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Figure 6.5: Hip, hamstring, gastrocnemius, and quadriceps muscle force time history input curves for (a)
double leg squat, (b) gait, and (c) single leg squat.

6.3 Meniscal and Articular Cartilage Mesh Convergence

Simulations of an ACL-intact NB DLS and gait revealed the menisci and
tibiofemoral cartilage had differing strain and pressure outcomes with a mesh refinement.
The effect of the mesh was more pronounced on the DLS than gait. The DLS mean and
peak posteromedial meniscus strains decreased by 2.4% and 6.3%, respectively, when the
approximate element size was reduced from 5 mm to 2.5 mm, whereas the gait outcomes
had decreases of 0.4% and 1.4% in the mean and peak strains, respectively (Table 6.4). A
subsequent mesh refinement resulted in identical DLS mean and peak strains and
minimal strain disparities for the gait simulation. Therefore, a meniscal mesh with an

approximate element length of 2.5 mm was selected.
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ACL-int NB DLS simulations with modified tibial cartilage mesh sizes resulted in
mean and peak cartilage force differences of 0.1-3.6% with each refinement (Table 6.5).
Based on the negligible differences associated with a smaller mesh size, the original mesh
was retained for the cartilage.

Table 6.4: Mean and peak relative meniscal strain based on approximate meniscal part element size.

5mm 2.5 mm 1.25 mm
DLS Mean Strain (%) 4.6 2.2 2.2
DLS Peak Strain (%) 12.0 5.7 5.7
Gait Mean Strain (%) 1.2 0.8 0.7
Gait Peak Strain (%) 3.7 2.3 2.1

DLS: Double Leg Squat

Table 6.5: Mean and peak cartilage force based on approximate cartilage part element size.

Medial Tibial Condyle Lateral Tibial Condyle
5mm 25mm 1.25mm 5 mm 2.5mm 1.25mm
Mean Force (N) 505 514 533 683 701 720
% Difference - 1.8 3.6 - 2.6 2.7
Peak Force (N) 766 783 786 1240 1273 1272
% Difference - 2.2 0.4 - 2.6 -0.1

6.4 Gait and Squat Simulations

The summary of model enhancements prior to simulating squats and gait includes
a model geometry specific update to the ACL, LCL, MCL, and PCL material models and
properties, changes to the meniscal and cartilage material models and properties, an
extension of the model from a seated to a 10° flexion angle standing position, refinements

to the meniscal mesh, and the implementation of a VM to simulate a braced scenario.

6.4.1 Boundary Condition Verification and Kinematic Validation

The kinematic and kinetic BC outcomes were confirmed against the experimental
inputs in all three ADL simulations to assert the accuracy of the BC implementation. The
BC outcomes mirrored the experimental input conditions indicating strong verification
results. Hip velocity was greater than the ankle for both squat simulations, whereas this
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was the opposite during gait (Fig. 6.6). The FE quadriceps muscle force outcomes were

nearly identical to the input conditions apart from an initial and final load ramp (Fig. 6.7).

The remaining three muscle force comparisons are not shown since they displayed

identical trends compared to their input values (Fig. 6.5).
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Figure 6.6: Kinematic verification of FE outputs vs. experimental (Exp.) inputs for (a) DLS; (b) SLS; and (c) Gait.

121



—FE e+ Experiment —FE e e e Experiment

-
N

N

N

= =
=3 DLS = SLS
Q Q
208 216
o o
(W (NN
wv (%]
o Q
Boa Sos
[ [
o o
1+ [) (14
3 3 .,
g , 9
0 500 1000 1500 2000 0 500 1000 1500 2000
Time (ms) Time (ms)
(a) (b)
——FE e ee Experiment
1.2
=z .
=3 Gait
(<]
208
o
[N
w)
Qo
Soa
L
Ee]
@
3
S
0 500 1000
Time (ms)
()

Figure 6.7: A sample kinetic verification of FE quadriceps force outputs vs. experimental inputs for (a) DLS; (b)
SLS; and (c) Gait.

Knee flexion angle was not available from the experiment; however, it was available
from Tomescu et al. (2018) since the kinematics were based on that study. Joint flexion
angle closely resembled the previously reported OpenSim results for the DLS and SLS.
The mean reference value was 47.5° (range: 3.9—82.8°) for DLS, while the model had a
mean angle of 46.2° (range: 9.3—85.9°) with a CORA rating of 0.99 (Fig. 6.8a). For SLS,
the reference mean was 49.8° (range: 4.6—81.3°) and the model had a mean of 51.1°
(range: 4.1-86.8°) with a CORA rating of 0.97 (Fig. 6.8b). The gait simulation did not
reach full extension like the OpenSim result following the toe-off stance at approximately
350 ms. The reference gait had a mean angle of 23.2° (range: 0.54—66.5°), whereas the
model had a mean of 39.3° (range: 20.7-71.8°) with a CORA rating of 0.74 (Fig. 6.8c).
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Figure 6.8: FE kinematics compared with Tomescu et al. 55318) when evaluating flexion angle for (a) DLS; (b)
SLS; and (c) Gait.

6.4.2 Posteromedial and Posterolateral Meniscus Strain

Posteromedial and posterolateral meniscus strains were computed for each activity
and ACL-state combination for the NB and VM simulation conditions (Fig. 6.9). The mean
posteromedial meniscus strains between the NB and VM scenarios were nearly identical
for gait and SLS in the ACL-intact and ACL-deficient states (Table 6.6). DLS saw a 0.2%
reduction with the VM applied for both ACL states. Peak strain was higher during the DLS
and SLS simulations with the VM in either ACL state and for the ACL-intact state during
gait by 0.1-1.2% (Table 6.7). The ACL-deficient gait simulation had a peak strain
reduction of 0.5% with the application of the VM.

Posterolateral meniscus strains were higher than posteromedial meniscus strains
by approximately 7-16% (Tables 6.6—6.7). During the DLS simulations the posterolateral
meniscus mean and peak strains between the NB and VM scenarios were nearly identical

with differences of 0.1-0.3% (Tables 6.6—6.7). SLS strains showed similar trends,
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although there was a momentary rise in the ACL-intact peak strain with the VM causing
a strain difference of 1.8% compared with the NB scenario (Fig. 6.9). The ACL-intact and
-deficient gait simulations demonstrated more prolonged periods of higher strain with
the VM as shown by a 0.7-0.9% increase in the mean strains (Table 6.6). This increase
likely reflects the intended medial unloading outcome of the VM leading to an increase in

lateral compartment loads.
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Figure 6.9: Posteromedial and posterolateral meniscus strains for the unbraced (NB) and valgus moment
(VM) simulations in ACL-intact (ACL-int) and -deficient (ACL-def) states.
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Table 6.6: Mean posteromedial and posterolateral meniscus strains for the unbraced (NB) and valgus
moment (VM) simulations.

Posteromedial Posterolateral
Meniscus Strain Meniscus Strain
Double . Single Double . Single Leg
Leg Squat Gait Leg Squat Leg Squat Gait Squat

NB VM NB VM NB VM NB VM NB VM NB VM

ACL-intact 2.0 1.9 11 12 23 23 106 104 9.8 107 11.4 11.5
ACL-deficient 1.1 0.9 1.3 1.4 1.0 1.0 8.2 8.1 10.5 10.8 8.8 9.0
NB: Unbraced, VM: Valgus moment

Table 6.7: Peak posteromedial and posterolateral meniscus strains for the unbraced (NB) and valgus
moment (VM) simulations.

Posteromedial Posterolateral
Meniscus Strain Meniscus Strain
Double . Single Double . Single Leg
Leg Squat Gait Leg Squat Leg Squat Gait Squat

NB VM NB VM NB VM NB VM NB VM NB VM

ACL-intact 5.0 6.9 3.6 46 82 83 16.1 16.3 17.7 19.5 18.2 20.6
ACL-deficient 3.1 2.7 44 39 49 6.1 16.1 16.0 20.6 20.2 18.3 19.6
NB: Unbraced, VM: Valgus moment

6.4.3 FFE and Experimental Posteromedial Meniscus Strain Comparisons
Posterolateral meniscus strain was not measured in the experimental tests and
when compared to unbraced experimental strain outcomes the FE posteromedial
meniscus strains showed mixed results. Posteromedial meniscus strain-time histories
(Fig. 6.10) and descriptive statistics (Table 6.8) were compared between specimen #3 and
the model for all unbraced activity-ACL conditions, and a cross correlation analysis was
performed to assess the similarities between the specimen and model responses. CORA
ratings ranged between 0.48—-0.67 for the ACL-intact comparisons and 0.51-0.60 for the
ACL-deficient states (Table 6.9). The ACL-intact and -deficient FE strain outcomes had
similar phase and progression trends as well as comparable peak strains during double
leg squats and gait simulations compared with the experiment (Fig. 6.10). Peak strain in

the model during single leg squats was greater than specimen #3 due to the absence of a
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valgus-varus BC coupled with the increase in muscle forces during single leg squats. In
the model there was no change in joint position when transitioning from a double to single
leg stance and the increased muscle forces during single leg squats had a more profound
effect in the model on the medial compartment, thus resulting in greater posteromedial

meniscus strains.
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Figure 6.10: Posteromedial meniscus relative strains for the FE model and specimen #3.

126



Table 6.8: Mean posteromedial meniscus strains for specimen #3 and the FE model.

ACL-intact ACL-deficient

ADL Spec. #3 Model Spec. #3 Model
Double leg squat 4.0 2.0 4.4 1.1
Gait 0.50 1.1 0.01 1.3
Single leg squat 1.7 2.3 0.60 1.1

Table 6.9: Posteromedial meniscus strain cross correlation comparison ratings between the FE model and
specimen #3.

ADL ACL-intact ACL-deficient
Double leg squat 0.67 0.51

Gait 0.48 0.54
Single leg squat 0.62 0.60

The experimental sample mean and peak double and single leg squat strains were
higher in the model; though the FE DLS was contained within the experimental corridors,
while the FE SLS strain was mostly elevated above all cadaveric trials (Fig. 6.11). For the
ACL-intact state mean and peak FE DLS strains were 1.2-2.5% higher than the
experimental means, whereas the FE SLS mean and peak strain results were 3.1-7.5%
higher. The ACL-deficient simulations had smaller mean and peak strain differences of
0.7-1.1% during DLS and 3.1-5.7% during SLS compared to the respective experimental
outcomes. Gait simulations more closely resembled the experimental outcomes with
differences ranging between 0—0.4% for the mean and peak strains (Fig. 6.11). The mean
(SD) of the CORA ratings were between 0.33 (0.17) to 0.44 (0.14) for each activity-ACL
combination (Fig. 6.11).

The FE VM simulations were compared with both experimental braces (Figs. 6.12—
6.13) and demonstrated mean differences of 0.1-0.8% and peak differences of 3.4-4.7%
during DLS in the two ACL states. The FE gait simulation mean strains were 0.7-2.3%
higher compared to both experimental brace outcomes with either ACL state, while the
peak FE strains were 2.7-4.3% higher. SLS FE strains had the highest differences

compared to the experimental strains. Mean ACL-intact and -deficient SLS strains were
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3-3.7% higher and peak strains were 9.3—-10.1% higher than the corresponding
experimental outcomes. Finally, CORA ratings were between 0.24 (0.18) to 0.56 (0.13)
when compared to the RC brace and 0.25 (0.15) to 0.41 (0.17) for the UF brace.

Overall, FE strains during gait most closely resembled the experimental gait strains
followed by DLS and SLS. In addition to being highly elevated above the experimental
values, the FE SLS strains were the opposite sense. Moreover, the NB mean and peak
strains in the ACL-deficient state were lower for both squat simulations and higher for
the gait simulation than the ACL-intact strain, which were identical trends seen in the

experimental results.
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Unbraced FE vs. Experiment Posteromedial Meniscal Strain
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Figure 6.11: Unbraced FE posteromedial meniscus strain compared with unbraced experimental strain mean

and corridors.
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FE VM vs. Experimental RC Brace Posteromedial Meniscal Strain
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Figure 6.12: FE valgus moment (VM) posteromedial meniscus strain compared with Rebound Cartilage (RC)
braced experimental strain mean and corridors.
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FE VM vs. Experimental UF Brace Posteromedial Meniscal Strain
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Figure 6.13: FE valgus moment (VM) posteromedial meniscus strain compared with Unloader Fit (UF) braced
experimental strain mean and corridors.

6.4.4 Anteromedial and Anterolateral Meniscal Strain

Anteromedial and anterolateral meniscus strains were computed for each activity-
ACL combination for the NB and VM simulation conditions (Fig. 6.14). Mean and peak
anteromedial and anterolateral meniscus strains were almost equal in ACL-intact DLS
simulations between the NB and VM scenarios (Tables 6.10—6.11). During SLS, mean

anteromedial meniscus strain was higher in the ACL-intact VM scenario (Table 6.10),
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while the remainder of the ACL-intact anteromedial and anterolateral meniscus SLS
strain values were nearly identical (Table 6.11). Gait simulations demonstrated an
increase in mean (Table 6.10) and peak (Table 6.11) anteromedial meniscus and
anterolateral meniscus strains with the VM for the ACL-intact state; however, the
anterolateral meniscus sustained a greater increase (of 1.2%) with the VM than the
anteromedial meniscus (0.7%) indicating the VM had a greater relative effect on the
lateral meniscus.

The ACL-deficient state resulted in more pronounced anteromedial meniscus and
anterolateral meniscus mean strain differences in most of the squat simulations and all
of the gait simulations (Fig. 6.14). Gait simulations resulted in an increase in mean
anteromedial meniscus and anterolateral meniscus strains with the VM (Table 6.10),
though the anterolateral meniscus strain increase (of 1.3%) was greater than the
anteromedial meniscus strain increase (of 0.4%) (Table 6.10). The peak strain saw a
decrease of 2.0% in anteromedial meniscus strain and an increase of 1.0% in anterolateral
meniscus strain (Table 6.11). Gait simulations with both ACL states indicated a medial
unloading effect from the VM.

Table 6.10: Mean anteromedial and anterolateral unbraced (NB) and valgus moment (VM) FE strains.

Anteromedial Anterolateral
Meniscus Strain Meniscus Strain
Double Gait Single Leg Double Leg Gait Single Leg
Leg Squat Squat Squat Squat

NB VM NB VM NB VM NB VM NB VM NB VM

ACL-intact 1.0 1.0 0.35 042 0.72 0.80 0.79 0.79 5.6 6.8 1.3 1.4
ACL-deficient 0.70 0.73 -1.5 -1.1 0.31 0.31 0.51 040 39 5.2 031 0.29

Table 6.11: Peak anteromedial and anterolateral unbraced (NB) and valgus moment (VM) FE strains.

Anteromedial Anterolateral
Meniscus Strain Meniscus Strain
Double Gait Single Leg Double Leg Gait Single Leg
Leg Squat Squat Squat Squat
NB VM NB VM NB VM NB VM NB VM NB VM
ACL-intact 2.4 2.5 8.2 9.7 1.9 2.0 4.7 4.7 11.8 14.7 10.6 10.6
ACL-deficient 2.4 2.5 4.5 2.5 1.8 1.9 3.2 2.7 9.3 10.3 4.1 3.5
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Anterior FE Medial and Lateral Meniscal Strain (NB vs. VM)
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Figure 6.14: Anteromedial and anterolateral meniscal strains for the unbraced (NB) and valgus moment (VM)
simulations.

6.4.5 FFE and Experimental Anteromedial Meniscus Strain Comparisons

The FE anteromedial strain outcomes resembled specimen #3 during the ACL-
intact state more than the ACL-deficient state (Fig. 6.15). The ACL-intact FE
anteromedial meniscal strains had mean strains that were at most 0.3% different
compared to specimen #3 (Table 6.12) with CORA ratings approximating 0.46—0.58

(Table 6.13), whereas the ACL-deficient simulations had mean strains that were 1.5-12%
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different compared to the reference specimen with lower CORA ratings ranging from
0.36—0.43. It has been well established that an ACL deficiency results in increased
anterior tibial translation, which could have been a contributing factor to the increased
strains experienced by specimen #3 during both squats ADLs. The model did not have
prescribed BCs that caused anterior tibial translation nor did it have kinematic BCs that

reflect a participant with an ACL deficiency.

DLS | Int 16 DLS | Def
- A RV
2 S 2z
[4
£ " iy 10
© g \ B
a ; rNL'""“'w/I ?M '.l' \ a 8
o
g . :r ""ﬂ.. 2 6
AN 5«
« ° “ | e 2 —~pmeme—. P, o '--_\“‘
\# 40 60 80 100 0 ==l ppm _ e
-2
-1 0 20 40 60 80 100
9 10
8 Gait | Int 8 Gait | Def
7
S O
£5s | c 4 A
5 ; B2 n It
b 3 ! [92] AN i
g i i, g 0 fa Ve mp—— T —
Z 2 o ™, 3 20 1440\ 60 ;~e-e 80 100
o 1 iy - . o N .
< g, b sitast L o - oot -~
et 7 T “__r “-,....H'f"-f H
-1 20 40 & 80 100 6
-2 -8
Activity Progression (%) Activity Progression (%)
3 20
SLS | Int 18 SLS | Def
—_ 2 ) 16
| g
£ IS R c
R RN A'th-’““ '“"h A ©10
i ! Y " H i \ & 8
) | \
g 0 1'—I fil/ =, g 6
= e v o5
o) Yy’ 20 40 60 so 100 ® 4
< & 2 .
0 L2 = I b 28 avevra. & "’\‘ -
5 -2
) 0 20 40 60 80 100
Activity Progression (%) Activity Progression (%)
Spec. ID#3 R50

Figure 6.15: Anterolateral meniscal relative strains for the FE model and specimen #3.
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Table 6.12: Mean anteromedial meniscal strains for specimen #3 and the FE model.

ACL-intact ACL-deficient

ADL Spec. #3 Model Spec. #3 Model
Double leg squat 1.3 1.0 10.1 0.70
Gait 0.3 0.35 -3.0 -1.5
Single leg squat 0.50 0.72 12.5 0.3

Table 6.13: Anteromedial meniscal strain cross correlation comparison ratings between the FE model and
specimen #3.

ADL ACL-intact ACL-deficient
Double leg squat 0.58 0.36

Gait 0.46 0.43
Single leg squat 0.56 0.36

Anteromedial meniscal strain was collected for a subset of the experimental sample
for DLS (n=6), gait (n=5), and SLS (n=5). Mean and peak anteromedial meniscus strains
were higher for both squats in the model than the experiment during the ACL-intact state
in the NB scenario with mean (SD) CORA ratings of 0.30 (0.17) and 0.40 (0.20) for DLS
and SLS, respectively (Fig. 6.16). The FE strain during gait was closer to the experimental
mean outcome and experimental corridors, with the exception of a peak in model at
approximately 35% during the gait progression (Fig. 6.16). The ACL-deficient results
showed lower FE strains for gait and SLS with mean(SD) CORA ratings of 0.45 (0.01) and
0.29 (0.14), respectively. FE strain during the ACL-deficient DLS demonstrated the
highest correlation (CORA = 0.47) with the experimental outcomes (Fig. 6.16).

Both experimental braces exhibited similar comparisons with the FE strain
outcomes (Figs. 6.17—-6.18). DLS and SLS FE VM strains were higher than the
experimental RC and UF brace mean outcomes in the ACL-intact state, while the
remainder of FE strains were similar to experimental mean outcomes. Both knee braces
also displayed similar mean correlation ratings with the model depending on the activity-
ACL state combination with values between 0.29-0.47 for the RC brace and values ranging

from 0.30-0.46 for the UF brace.
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Unbraced FE vs. Experiment Anteromedial Meniscal Strain
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Figure 6.16: Unbraced FE anterolateral meniscus strain compared with unbraced experimental strain mean
and corridors.
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FE VM vs. Experimental RC Brace Anteromedial Meniscal Strain
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Figure 6.17: FE valgus moment (VM) anterolateral meniscus strain compared with Rebound Cartilage (RC)
braced experimental strain mean and corridors.
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FE VM vs. Experimental UF Brace Anteromedial Meniscal Strain
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Figure 6.18: FE valgus moment (VM) anterolateral meniscus strain compared with Unloader Fit (UF) braced
experimental strain mean and corridors.

6.4.6 Tibial Cartilage Pressure

Mean medial and lateral pressure outcomes revealed nearly identical results
between the NB-VM simulations for DLS and SLS during the ACL-intact (Table 6.14) and
ACL-deficient (Table 6.15) states. In the ACL-intact scenario the FE pressures with the
VM were almost congruent with the unbraced simulations during the squat simulations

and more noticeably different during gait simulations (Fig. 3). Gait resulted in decrease
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medial compartment pressure during the initial 32% of the simulation and increased
pressure between 48—100% of the simulation. The lateral compartment pressure was
always elevated with the VM compared to the unbraced scenario (Fig. 6.19). This trend
was somewhat similar in the experimental gait simulations where gait resulted in
decreased medial pressure during the initial third of the gait followed by elevated medial
pressures in the latter half of the activity (Fig. 5.5). The ACL-deficient state showed
similar trends in gait simulations compared to the ACL-intact state as well as greater
differences between the unbraced and VM during squat simulations, especially during
single leg squats (Fig. 6.20). Further analysis of the ACL-deficient single leg simulations
revealed that the total force on both cartilage parts differed by 1-3% and the pressure
differences were due to changes in area. The ACL-deficiency coupled with greater muscle
force magnitudes in single leg squats resulted in a larger force distribution that did not
occur during double leg squats.

Table 6.14: FE tibiofemoral pressure for the unbraced (NB) and valgus moment (VM) simulations in the ACL-
intact state.

DLS Gait SLS
NB VM NB VM NB VM
Med. Mean P (MPa) 1.7 1.7 0.7 0.7 2.3 2.3
Lat. Mean P (MPa) 2.4 2.4 1.0 1.2 2.7 2.6
Med. Mean P (MPa) 2.5 2.5 1.2 1.2 4.0 3.8
Lat. Mean P (MPa) 4.1 4.1 1.6 1.9 3.8 3.8

Med: Medial, Lat: Lateral, DLS: double leg squat; SLS: single leg squat, NB: Unbraced, VM:
Valgus moment

Table 6.15: FE tibiofemoral pressure for the unbraced (NB) and valgus moment (VM) simulations in the ACL-
deficient state.

DLS Gait SLS
NB VM NB VM NB VM
Med. Mean P (MPa) 2.0 1.9 0.8 0.7 2.8 3.0
Lat. Mean P (MPa) 2.4 2.5 1.1 1.3 1.7 2.6
Med. Mean P (MPa) 3.1 2.5 1.7 1.5 4.4 3.7
Lat. Mean P (MPa) 4.1 4.2 1.9 2.4 4.4 4.1

Med: Medial, Lat: Lateral, DLS: double leg squat; SLS: single leg squat, NB: Unbraced, VM:
Valgus moment
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Figure 6.19: ACL-intact medial (left) and lateral (right) FE tibiofemoral joint pressures where VM is valgus

moment.
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Figure 6.20: ACL-deficient medial (left) and lateral (right) FE tibiofemoral joint pressures where VM is valgus
moment.

Similar to the experimental results, the relative change in medial pressure was
compared between VM and NB scenarios and every ADL had mean and peak reductions

in medial compartment pressure with the application of the VM (Fig. 6.21). There were
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increases in the lateral mean pressures during the DLS and gait simulations in both ACL
states and during SLS, ACL-deficient as evidenced by AP>0 (Fig. 6.22) indicating an
intended valgus contact pressure shift. The VM in SLS, ACL-intact reduced medial
compartment pressure, though there was a negligible decrease in mean AP indicating that
the VM had an overall slightly unintended effect. Moreover, both ACL-intact squat
activities had the least noticeable effect of the VM due to the negligible changes in mean
medial pressure and contact pressure shift (i.e., AP) (Figs. 6.21a—6.22a). Peak pressure
outcomes demonstrated an intended VM effect due to the reductions in medial pressure
and lateral contact pressure shifts in every test condition (Figs. 6.21b—6.22b). The VM
had a greater effect in the ACL-deficient state since there were more substantive

reductions in medial pressure and greater contact pressure shifts.
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Figure 6.21: Percent difference in (a) mean and (b) peak medial tibial cartilage pressure between braced and
unbraced test conditions.
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VI1I. Discussion

There is copious research that has investigated unloader braces on outcomes
related to pain, comfort, quality of life, muscle activation, functional performance, gait,
and posture. The nuances of this study include measuring less commonly reported
outcome measures (i.e., tissue strain and pressure) with multiple unloader braces, ADLs,
and ACL-states, adapting the in-vitro testing conditions to a finite element model, and
assessing the model’s feasibility to measure strain and pressure while simulating a braced

scenario.

7.1 Experimental Strain and Pressure Analyses with Unloader Knee
Braces

Previous studies have investigated identical (or nearly identical) off the shelf knee
braces investigated in this study. The RC brace has been tested as a rehabilitative brace
or preventative brace in patients with meniscectomies or OA symptoms and
demonstrated clinical significance related to pain reduction and comfort (Ebert et al.,
2014; Hershman et al., 2020; Thorning, 2016; Yeargan, 2021). Thorning et al. (2016)
investigated biomechanical outcomes and reported no significant differences in KAM or
knee flexion moment during gait while wearing the brace (p>.05). The UF brace has not
been extensively researched; although a newer Ossiir brace with a similar unloading
mechanism, the Unloader One, was reported as the brace with the most published
evidence amongst unloader braces (Mistry et al., 2018). The Unloader One has been
investigated in sample populations with a wide range of ages, osteoarthritic symptoms,
and testing conditions; the brace demonstrated varying amounts of improvements in
KOOS, cartilage thickness and volume regeneration, comfort, external KAM, and media
tibial compartment forces (Dessery et al., 2017a; Dessery et al., 2017b; Ebert et al., 2014;
Hall et al., 2019; Hall et al., 2021; Konopka et al., 2021; Peterson et al., 2019; Ylinen et

al., 2021; Yu et al., 2016). The Unloader One is more suitable for moderate to severe OA,
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whereas the UF brace is recommended for mild to moderate OA. This study selected the
RC and UF braces because investigating frequently researched knee braces would be more
relevant to the research community, the design and support differences seemed to
indicate that the RC and UF braces were the furthest from each other on the OA relief
spectrum, and these differences warranted investigating two braces that are used in a

wide range of patient injuries with varying degrees of OA or tibiofemoral joint symptoms.

7.1.1 Posteromedial and Anteromedial Meniscus Strain Analysis

Strain in the meniscus has been correlated to injury and the posteromedial
meniscus is a common site when investigating strain due to its injury susceptibility
(Allaire et al., 2008; LaPrade et al., 2014; Pearsall & Hollis, 2004). It was originally
conceived that the unloading moment in the RC and UF braces would result in a
posteromedial meniscal strain decrease and posterolateral meniscus strain increase.
Posterolateral meniscus strain was an intended study metric, though it could not be
measured due to DVRT interference with the lateral straps on both braces. Anteromedial
meniscus strain was substituted as an experimental outcome measure since it has also
been measured by other studies and is reported as a less frequent albeit equally complex
injury site (LaPrade et al., 2014, Seitz et al., 2021).

Several of the posteromedial meniscus and anteromedial meniscus strain
outcomes during braced scenarios were negative (Figs. 5.1—5.2). This study considered
the zero strain reference as the initial length in each NB scenario during every activity-
ACL test condition, which resulted in some braced strain outcomes commencing at
nonzero values. Thus, the strain measured in the present study is relative and a negative
value does not indicate tissue compression. Based on the orientation of the DVRT and
radial meniscus deformation due to hoop stresses, a negative DVRT strain indicates
relatively less tension compared to the reference state.

Former studies used DVRTs to obtain the true reference length in the ACL and a

procedure to determine the ACL’s tension-compression inflection point has been reported
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(Zhang et al., 2021). Studies that used DVRTs to measure meniscus strain did not report
an inflection point and considered an arbitrary zero strain reference based on a state,
condition, or desired outcome based on their study objectives (Fleming et al., 2004).
Determining reference lengths are a limitation of DVRTs and lengths can therefore be
inconsistent between studies, for example Pearsall & Hollis (2004) used a different
reference length prior to loads applied at each flexion angle, whereas Seitz et al. (2012)
applied a 50 N axial load at an unreported flexion angle when considering the zero
reference strain states. A similar study used the DKS to investigate brace outcomes on
meniscus strain and considered the initial state in the NB scenario as the reference length
(Tomescu et al., 2018). The present study opted to use the NB state as the zero strain
reference since objective one was to compare brace outcomes to the NB scenario. It is not
relevant to this study that the absolute zero strain is indeterminate since the braced
strains would be relative to the NB strain regardless of the initial NB value.

Both unloader knee braces tested in this study significantly lowered mean and peak
posteromedial meniscus strains compared to the NB scenario while the ACL was intact
(p<.05). In the ACL-deficient state neither brace had a significant effect on posteromedial
meniscus strain (p>.05). Furthermore, there was no significant interaction between the
bracing scenario and activity (p>.05), which is affirmative since braces are expected to
provide the same quality of treatment irrespective of the activity performed. None of the
ANOVA interactions for mean and peak anteromedial meniscus strains were significant
(p>.05), and strain with a brace was only significant (p<.05) for mean strain between the
NB-UF combination and peak strains between the NB-RC and NB-UF combinations.

There is a pragmatic benefit with investigating brace performance during gait and
double and single leg squats since they reflect typical ADLs such as ambulating, stair
ascension/descension, chair sit to stand, chair stand to sit, and lifting objects (Edemekong
et al., 2022; Laubenthal et al.,, 1972; Miindermann et al., 2008). Unloader brace
performance has been widely reported during gait or squat activities (Arazpour et al.,

2014; Christine et al., 2020; Choi et al., 2011; Dessery et al., 2014, Duivenvoorden et al.,
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2015; Ebert et al., 2014; Goodwin et al., 2019; Haladik et al., 2014; Hall et al., 2021;
McGibbon et al., 2021; Pfeiffer et al., 2019; Thorning et al., 2016; Yu et al., 2016),
although, a direct comparison of the brace outcomes with this study was not possible since
none of these prior studies investigated meniscus strain. When considering studies that
have investigated posteromedial meniscus or anteromedial meniscus strains the state of
the ACL has seen minimal investigation (Hollis & Pearsall, 2000; Seitz et al., 2021;
Tomescu et al., 2018; Tomescu et al., 2020) and none of these studies incorporated
unloader braces. Therefore, it is only feasible to compare NB posteromedial meniscus and
anteromedial meniscus strain outcomes with prior research.

Previous studies reported ACL-intact mean posteromedial meniscus strains of -
2.0-3.0% depending on the flexion angle and loading condition (Hollis & Pearsall, 2000;
Pearsall & Hollis, 2004, Kolaczek et al., 2016; Tomescu et al., 2018), while mean
posteromedial meniscus strain in an ACL-deficient state was between -0.92—3.5% (Hollis
& Pearsall, 2000, Tomescu et al., 2018). The mean posteromedial meniscus strains during
an NB state reported in the present study for the ACL-intact (-0.83—-1.4%) and ACL-
deficient (-2.1-2.2%) states are similar to the previous studies. Mean anteromedial
meniscus strains from former studies were between 0.48—1.5% during the ACL-intact
state and 0.96-2.4% during the ACL-deficient state (Hollis & Pearsall, 2000; Pearsall &
Hollis, 2004, Seitz et al., 2012), which have slightly higher maximum values compared
with the anteromedial meniscus strain in the present study (-0.68—0.67%). Anteromedial
meniscus strain was previously measured during a squat with simulated muscle forces
and resulted in a mean of 1.2% (range: 0.2—1.9%) (Seitz et al., 2021), which is higher than
the mean of -0.2% during the present ACL-intact squats. The higher mean anteromedial
meniscus strains reported by Seitz et al. (2021) were potentially attributed to higher axial
loads and a high dynamic flexion speed of 90 °/s during squats. It is not possible to
compare peak muscle forces during squats since they were not reported. The knee flexion
speed was lower in the current study and the squat simulation was 0.4 s slower, which

could have resulted in the lower mean strain.
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7.1.2 Medial and Lateral Tibiofemoral Contact Pressure Analysis

Tibiofemoral joint pressure has been positively correlated with meniscus injury
severity and clinical recommendations have been made to reduce joint pressure during
meniscus rehabilitation (Cottrell et al., 2008; Lee et al., 2006). Tekscan model 4000
resistive pressure sensors have been used in previous studies to investigate tibiofemoral
pressure under different meniscus health, allograft, transplant, or fixation conditions and
demonstrated a reduction in joint pressure with different surgical interventions; however,
there is presently a gap for experimentally measured tibiofemoral pressure under
different unloader brace and/or ACL state conditions (Agneskirchner et al., 2007; Becher
et al., 2008; Becker et al., 2005; Drewniak et al., 2007; Harris et al., 1999; Padalecki et
al., 2014; Saeidi et al., 2021; Seitz et al., 2012; Thambyah et al., 2005, Van Thiel et al.,
2011).

The mean and peak ACL-intact NB pressures measured in this study are directly
comparable to previous literature (Fig. 7.1). This study measured joint pressure outcomes
with different brace and ACL-state conditions; however, only joint force differences with
a brace in an ACL-intact state can be compared to previous literature that has
experimentally measured the load reduction capabilities of unloader or osteoarthritic
braces. Anderson et al. (2003) reported nonsignificant relative medial intercondylar
mean (SD) joint force ratios of 0.8 (0.3) and 0.7 (0.4) during braced double and single leg
stances, respectively; and Kutzner et al. (2011) reported significant and nonsignificant
mean medial force reductions of 7-10% (during gait), 6-26% (during stair ascension), and
6-17% (during stair descension) depending on the brace. The present study reported
reductions in medial compartment loads for the RC brace, while the UF brace resulted in
greater overall joint contact forces. The RC brace resulted in 1-13% reduced mean medial
compartment force compared to the NB scenario and 18% lower to 7% higher peak medial
compartment force depending on ACL-activity combination. Medial (mean and peak)

compartment force with the UF brace were 3—7% greater than the NB scenarios.
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Although prior research reported a reduction in medial compartment loads with
unloader braces, their findings have limitations since pressure is a more commonly used
outcome measure of meniscus or joint injuries (Thambyah et al., 2005). Across all ACL-
activity combinations for the RC brace, the medial tibiofemoral contact forces with the
brace were 3% lower compared to the NB scenarios, whereas the contact pressure was 6%
lower than the NB scenario. Overall, changes in force were not as indicative of brace
efficacy as changes in pressure. For example, there were certain ACL-activity
combinations which resulted in negligible force differences (e.g., -2% for ACL-intact, SLS)
and greater pressure differences due to the effect of the brace on contact area (e.g., -9%
for ACL-intact, SLS). Moreover, the UF brace yielded increases in medial compartment
forces, which would indicate an unfavourable outcome based on previous studies;
However, this brace had decreases in medial compartment pressures during DLS and gait,
thus indicating favourability in those activities. Similarly, the RC brace had force
decreases in most test conditions, which would indicate an effective brace based on
former studies; however, based on the increases in medial compartment pressure during
SLS the RC brace did not unload the joint as expected. Therefore, when investigating the
unloading capacity of unloader braces it is advisable to measure contact area in
conjunction with force.

The minimum damage threshold for articular cartilage has been reported as
approximately 18 MPa (Repo & Finlay, 1977) and mean pressure resulting in fracture was
found to be 25 MPa (Haut, 1989). The peak pressures in this study were less than 4 MPa,
which implies the BCs were not severe enough to cause cartilage injury. Therefore, it is
difficult to assess whether the mean 0.07—0.51 MPa medial to lateral pressure shifts
observed in healthy cadaveric specimens are clinically significant shifts that may occur in

injured knee joints equipped with these unloader knee braces.
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Figure 7.1: Comparison of (a) mean medial, (b) mean lateral, (c) peak medial, and (d) peak lateral pressures
from this study with previous literature.

7.1.3 Brace Efficacy Related to Strain, Medial Unloading, and Pressure Shift
The strain outcomes indicated both braces had an intended effect on the
posteromedial meniscus in the ACL-intact state since lower strain means less stretch in
the meniscus, which is postulated to decrease the likelihood of injury. Moreover, the
clinical significance of both braces being efficacious in each activity favours brace
adherence rates since it would be cumbersome for patients to change a brace when
transitioning between ADLs. The lack of efficacy in the ACL-deficient state shows the
increased instability in the knee is perhaps too great for these braces to overcome since
they were not designed to resist excessive AP translation. There is an observable reduction
in anteromedial meniscus strain with the RC brace during DLS and gait and with the UF

brace during each activity while the ACL is intact (Fig. 5.2), though future studies with a
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larger sample size are needed to identify significant reductions. Therefore, is it only
reasonable to conclude these braces can be recommended for clinical trials in patients
with isolated meniscus tears based on posteromedial meniscus strain outcomes.

Both braces unloaded the medial compartment as hypothesized resulting in lower
medial compartment pressures and a medial to lateral compartment pressure shift for all
DLS and gait test combinations (see §5.3). In SLS, both braces increased the medial
pressure while also shifting contact pressure to the lateral compartment. A reason for the
elevated medial compartment pressure alongside an effective brace unloading during SLS
could have been the elevated muscle forces acting upon the knee joints or the excess strap
tension that were necessary to secure the braces during the SLS trials. As previously
stated, there were increases in measured tibial cartilage force in some of the braced test
conditions, these increases were the highest in the SLS trials. The elevated muscle forces
in SLS resulted in greater medial and lateral joint compression, though the lateral
compartment was compressed more than the medial compartment. Theoretically medial
unloader braces would decrease medial compartment pressure and increase lateral
pressure. Both braces had unintended pressure increases in both compartments;
although, the larger increase in the lateral compartment indicated an intended
contribution from the unloading moment in shifting the majority of the increase to the
lateral compartment. It is important to reiterate the pressure increase in the medial
compartment only happened in SLS and despite a medial to lateral contact pressure shift
it is difficult to assert whether the braces were efficacious during SLS due to the increase
in medial compartment pressure. Future studies are necessary to characterize whether
the elevated muscle forces in SLS exceeded the joint unloading or brace moment
thresholds to definitively determine brace efficacy in SLS.

Unloader braces have been theorized to help meniscus injuries due to their ability
to unload the affected joint compartment and this study theorized an unloading
characteristic would result in a strain reduction (Bhatia et al., 2014; Cavanaugh & Killian,

2012; Kovacs et al., 2002; Rao et al., 2015). This study demonstrated that this theory

151



depends on ACL state and may be conditional based on the activity. Posteromedial
meniscus strain was reduced for every braced ACL-intact activity while the valgus
moment unloaded the joint in DLS and gait. Furthermore, posteromedial meniscus strain
was higher in braced ACL-deficient activities despite a noticeable medial unloading effect
in DLS and gait activities. Generally, as the medial compartment was unloaded there was
a decrease in posteromedial meniscus strain during the ACL-intact state with DLS and
gait; and the effective brace unloading in the ACL-deficient state for DLS and gait was
unable to reduce posteromedial meniscus strain. During SLS changes in strain and
pressure were mutually exclusive likely due to the change in valgus-varus angulation
when shifting to a single leg stance. Shifting to a single leg stance shifts the leg medially,
increases the frontal plane projection angle, and can increase knee valgus resulting in a
load shift to the lateral compartment (Munro et al., 2017). Since pressure was localized
in the centre regions of the joint compartment and increases in pressure likely did not
affect the posterior section of the meniscus tissue where strain was measured, the
pressure increases during SLS had no influence on strain.

Strain outcomes caution against using the braces tested in this study during ACL-
deficient states when the focus is on meniscus health, whereas pressure outcomes caution
against performing single leg squats with these braces when the focus is on medial
cartilage health. While posteromedial meniscus strain was lower in ACL-intact braced
SLS activities, the elevated medial tibial pressures warrant further investigation to
definitively determine efficacy in SLS. Overall, both braces were conditionally efficacious
since they reduced posteromedial meniscus strain in each ACL-intact activity, decreased
medial compartment pressure in DLS and gait, and caused a medial to lateral contact
pressure shift in all activities. Future in-vivo or clinical studies can investigate joint pain
or function and the pertinence of these braces or 3-point unloader braces in future clinical
trials should depend on the health of the knee joint and ADLs or loading conditions.

The relationship between the unloader brace moment and meniscus strain or joint

pressure is a current literature gap. This study investigated braces intended for different
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injury severities that were designed to apply differing levels of unloading moments. The
UF brace is advertised as the lightest functional OA brace intended to provide pain relief
for mild to moderate unicompartmental OA and is ideal for normal daily activities and
low to moderate intensity sports and hobbies. Whereas the RC brace is designed to
provide unicompartmental load reduction during knee rehabilitation following tibial
plateau fractures, cartilage damage, or meniscus repair. While the brace moment for each
brace was not quantified the manufacturer indicated that the RC brace was more
supportive and capable of generating a larger moment arm about the knee center, thus
implying it would generate a larger brace moment. There was no difference in the
posteromedial meniscus strain outcomes between the two braces during the ACL-intact
state or in the anteromedial meniscus strain outcomes in either ACL state. During the
ACL-deficient state the mean and peak posteromedial meniscus strains were significantly
lower in the RC brace than the UF brace (p<.05). It is conceivable that the increased
support, stability, load reduction, and brace moment capabilities of the RC brace led to a
reduction in strain because the RC brace was designed for rehabilitation during the
healing process rather than pain relief. The knee joint is more unstable during the ACL-
deficient state and the RC brace appeared to be more capable of restoring stability,
therefore the strain reduction between braces was more pronounced in the ACL-deficient
state.

Interestingly the UF brace had a higher reduction in mean medial tibial pressure
and contact pressure shift in both ACL states, whereas the RC brace resulted in higher
peak medial pressure reductions and pressure shifts. The RC brace resulted in a greater
magnitude of medial unloading as well as a greater magnitude of medial to lateral contact
pressure shift than the UF brace implying that it exhibited a greater valgus moment due

to its rehabilitative intent, extra strap, and added support.
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7.1.4 Sources of Experimental Error and Sensitivity Analysis

A source of instrument error in this study was the effect that the simulator’s
positional changes had on the DVRT sensor in between activity trials. Any negligible
positional change in the meniscal tissue at the end of each trial affected the initial gauge
length of the DVRT, and this was an unavoidable error since manually attempting to
reposition the DVRT in between trials would have caused greater damage to the tissue
and produced larger strain differences in between trials. Furthermore, transecting the
ACL required a fully flexed knee joint that also altered DVRT gauge lengths when
transitioning from ACL-intact to -deficient trials. This operational error was again
unavoidable since it was mandatory to flex the knee joint and removing the DVRT while
transecting the ACL would have altered the gauge length to a greater degree than leaving
the sensor attached. A source of methodological error was the absence of a baseline
meniscus strain measurement pre and post the dynamic squat and gait tests. It is
impossible to discern whether there was permanent tissue deformation or quantify the
degree of viscoelastic effects over the course of the testing sequence. It is advisable to
refine this methodology to conduct a baseline static or dynamic strain measurement prior
to the first trial, following all ACL-intact trials, prior to the first ACL-deficient trial, and
at the end of all trials. There were human and instrument errors associated with the
measurement of tibiofemoral pressure. The pressure sensor was not synchronised the
with simulator and was manually triggered well in advance to the start of each test. Thus,
the pressure trials had varying durations and had to be time synchronized based on the
initial presence of a noticeable increase in pressure. Finally, there was a methodological
error due to the exclusion of strap tension in this study. Ideally, this study would have
applied these braces to in-vivo participants and measured the strap tension in order to
apply the braces to the cadaveric specimens with similar tensions. Strap tension has been
shown to affect the maximum net knee moment in certain valgus configurations (Pollo et
al., 2002) and would have been a feasible parameter for a sensitivity analysis in an in-

vitro design. Varying strap tension and the ensuing valgus moment would have been
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informative because it could provide more context regarding differences between the RC
and UF braces, could be used to correlate the valgus unloading moment with strain or
pressure, and could yield variable valgus moment BC for a similar sensitivity analysis in

the FE model.

7.2 Computational Strain and Pressure Analyses with Valgus Unloading
Effect

Finite element models overcome many of the experimental testing challenges when
investigating human tissue responses and a selection of studies have utilized FE models
to investigate meniscus strain (Aspden, 1985; Bendjaballah et al., 1995; Halonen et al.,
2013; Mononen et al., 2013; Pena et al., 2005; Spilker et al., 1992; Yao et al., 2006;
Zielinska et al., 2006), tibiofemoral cartilage contact pressure (Guo et al., 2009; Kiapour
et al., 2014; Kwon et al., 2013; Li et al., 2001; Pena et al., 2005; Park et al., 2019; Wang
et al., 2014), or unloader/osteoarthritic knee braces (Haris & Beng Chye Tan, 2021;
Shriram et al., 2019; Stamenovi¢ et al., 2008; Stamenovi¢ et al., 2009). This study
investigated posteromedial meniscus strain and contact pressure while simulating a
valgus unloading effect during gait and squat ADLs.

While many FE studies created custom models, the right lower extremity of the
50th percentile male has been used to investigate a jump landing simulation using the BCs
of the DKS (Polak, 2019). This former study simulated the ACL strain response of the
model and reported similar peak strains and time to peak strains in comparison with
experimental outcomes and previous literature. The former study enhanced the model to
simulate a jump landing, however there were additional necessary enhancements to
replicate gait and squat ADLs in the model from its original seated occupant position. The
majority of the enhancements were done congruently with leg extension or ADL
simulations in response to challenges and model performance. The targets during leg
extension were based on the initial ~10° experimental flexion angles and the joint

separation distance targets were relative to the original distances in the seated model. The
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original minimum joint space distances were 1.9 mm and 3.0mm in the medial and lateral
compartments, respectively, and a +0.5 mm threshold was established to minimize the

tibiofemoral joint separation and ensure continuous contact.

7.2.1 Analysing Knee Ligament Enhancements

The model included 3D solid parts for the ACL, LCL, MCL, and PCL and this study
applied a hyperelastic isotropic material model with ligament specific stress-strain curves
based on ligament geometry and experimental data, which is reflective of other FE studies
(Ramaniraka et al., 2005; Vairis et al., 2013; Wan et al., 2011). Ligament force-elongation
curves were obtained from previous literature and converted to stress-strain curves based
on the FE ligament cross-sectional areas and original lengths. Preliminary uniaxial tensile
test outcomes revealed the force-elongation ligament response in the model did not match
experimental inputs. Thus, the literature experimental force-elongation curves were
calibrated using the ratio between FE and literature cross-sectional areas until the model
output closely matched the experimental inputs. This calibration ensured the FE
ligaments produced nearly identical force-elongation responses as the prior
experimentally measured responses.

It was conceived that the original ligament material models were overly compliant
and resulted in excessive tibiofemoral joint separate during extension simulations.
Uniaxial tests determined that the ACL was more compliant than experimental studies
and calibrating the ACL response to the experimental force-elongation response greatly
reduced joint separation and improved leg extension performance; although it did not
achieve the target flexion angle, nor did it adequately reduce the separation distance. The
remaining ligament material models were enhanced in a similar fashion and while each
enhancement resulted in improved performance, the outcomes did not achieve the targets

and enhancements were made to the menisci.
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7.2.2 Analysing Meniscus Enhancements

The majority of model enhancements were made to the menisci and menisci
cartilage interactions. The menisci material model was modified from an elastic-plastic to
an elastic material model. Prior studies investigating the isolated meniscus employed
material models to reflect the tissue’s viscoelastic, anisotropic nature; however, a linear
elastic, isotropic model has been used in previous studies (Table 3.1). Moreover, it has
been stated that a linear model is reasonable for strains between 2—-8% and an elastic
model can be utilized due to the large viscoelastic time constant of the meniscus (Haut
Donahue et al., 2003; Spilker et al., 1992).

The separation of the meniscus parts from the tibial cartilage parts, the inclusion
of meniscus horn attachments, and a meniscus mesh refinement were the geometric
enhancements made to the surrounding knee joint structures. The shared nodes in the
original model prevented independent motion between the menisci and tibial cartilage
and severely restricted the joint in initial extension simulations. It was necessary to
separate the menisci from the cartilage for model biofidelity, function, and performance.
Enhancing the menisci-cartilage geometry and the material model resulted in a nearly
extended knee joint with excessive radial translation to the menisci tissues and joint. One-
dimensional springs were included to model the meniscus horns at each attachment site
based on a combined horn stiffness from a separate study to address the excess radial
translations (Hauch et al., 2010). Hauch et al. (2010) reported a mean meniscus horn
stiffness value of 180.5 N/mm and further reported differences in horn stiffnesses
depending on the attachment site (i.e., medial vs. lateral and anterior vs. posterior). This
study initially implemented equal horn stiffnesses at each attachment site. Subsequent
simulations of a DLS with site specific horn stiffnesses found negligible differences (i.e.,
<1%) on relative posteromedial meniscus strain, thus 180 N/mm was retained for all four
attachment sites. It is recommended to separate the menisci from the tibial cartilage and

add horn attachments in all future versions of the M50 and other GHBMC FE models for
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a more biofidelic, anatomically correct geometry and applications involving an extended

range of motion.

7.2.3 Verification and Validation of the Fxperimental BCs Applied to the FE
Model

The enhancements to the ligaments and menisci yielded an acceptable flexion
angle for the squat simulations, though the joint separation distances were above the
target values. The singular, aggressive force or displacement BC that was initially used to
extend the joint was absolved and a combination of kinetic and kinematic BCs were
instituted for a more natural joint extension. A manual optimization based the mean
experimental quadriceps, hamstrings, and gastrocnemius force values and the
experimental hip velocity was repeated until each joint compartment achieved the target
minimum flexion angle and separation distance.

A successful FE extension allowed for the calculation of muscle moment arms,
which were used to obtain model specific quadriceps, hamstrings, and gastrocnemius
muscle force-time histories for each ADL. Previous FE studies investigating gait or squat
activities have applied kinematic BCs based on experimental measurements or former
literature with differing muscle force implementation. Examples of muscle force BC
implementations include a femur force in the axial direction (Guo et al., 2009; Mononen
et al., 2013), resultant knee joint reaction force (Halonen et al., 2013), or individual
quadriceps and hamstrings muscle force contributions (Kiapour et al., 2014). The process
in this study has been extensively validated in previous studies on the DKS and it was
similarly applied to the model as if it were an in-vitro specimen (Cassidy et al., 2013;
Hangalur et al., 2016; Bakker et al., 2016; Tomescu et al., 2018). Measuring the FE
moment arms and applying the formulations developed in these previous studies does not
require experimental data. Experimental moment arms depend on the location of the
muscle force cable placement, in the model they depend on the muscle force vector

placement. Modifying the placements would alter the moment arm values and ensuing
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muscle force computations that are based on the muscle moments taken from Tomescu
et al. (2018). The experimental muscle moment arms from different cadavers resulted in
different muscle force-time histories and identical muscle moments. Likewise in the
model, the calculated moment arms were used to create a unique set of muscle force time-
histories that resulted in identical muscle moments and rotations about the knee and hip
joints. Therefore, the ligament extrusion method used to calculate FE muscle moment
arms and the prior method to scale muscle moments based on moment arms provide a
theoretical framework that can be used in other FE models to compute model specific
muscle forces. The framework requires simulating a passive flexion and/or extension and
obtaining flexion angle and nodal displacement at the muscle attachment site.

The FE global kinematics were validated using previously reported squat and gait
flexion angle data (Tomescu et al., 2018). The FE DLS, SLS, and gait simulations had
higher initial flexion angles than the reference data by 5.0°, 6.3, and 7.1° respectively.
The larger angles were intentionally selected to approximate the initial experimental
flexion angle, which was ~5-15° greater than the reference data to avoid specimen
hyperextension. The FE kinematics for DLS and SLS activities were nearly identical to the
reference in-vivo data with CORA values > 0.97. The congruent squat flexion outcomes
were expected since knee flexion is manipulated by identical hip and ankle velocity BCs
between the experiment and model, the hip velocity was the prime contributor, and the
hip joint had larger displacements than the ankle joint. Effectively, the squat simulations
required one BC to achieve knee flexion as opposed to two BCs during gait. The FE gait
had a CORA rating of 0.74 when compared to the reference. The model closely resembled
the reference data until 345 ms where the in-vivo participant reached full extension
during gait at 345 ms and recorded a minimum flexion angle of 0.5°, while the model
reached a minimum flexion angle of 20.7° at 380 ms. Additionally, following minimum
flexion there was a local maximum at 550 ms in the in-vivo data that was less pronounced
in the FE gait simulation. The differences between FE and in-vivo gait are likely due to

the increase in ankle displacement, the unmodified initial geometry, or possible
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differences between the in-vivo data and the experimental tests. The extension simulation
conducted prior to the squat simulations resulted in slightly greater knee joint laxity that
reduced penetrations and resulted in a nearly extended knee joint with a minimum flexion
angle of 2.6°. The gait simulation did not have initial extension BCs to distract the joint.
Another plausible reason for gait differences between the model and in-vivo data is due
to the assumption that the in-vivo flexion angle is identical to the experimental flexion
angle. Cadaveric flexion angle was not measured since these were taken from previously
validated ADLs using the DKS (Tomescu et al., 2018). Moreover, measures were taken to
protect the specimens against hyperextension or full extension on the DKS to avoid
specimen damage; thus, it is possible the specimens on the DKS also did not achieve
flexion angles as low as the in-vivo participant. Future experimental studies on the DKS

are recommended to include goniometer measurements.

7.2.4 FFE vs. Experimental Posteromedial Meniscus Strain Analysis

Initial simulations of the ADLs revealed the need for an enhancement to the
menisci mesh. The original mesh element size was approximately 5 mm, which was also
the approximate pin distance of the DVRT used to measure meniscus deformation.
Measuring FE meniscus tissue deformations with a 5 mm element length resulted in
strain calculations across a single element. Reducing the mesh element size to 2.5 mm
reduced the mean and peak strains and reflected a more distributed strain outcome across
the posterior regions of the menisci. Further mesh reductions resulted in minimal strain
differences. The posteromedial meniscus strains in the model were contained within the
experimental sample set for the DLS and gait activities, whereas the FE strains during
SLS are higher than the experimental strains. It was expected that the FE strains would
differ from the mean experimental sample strains since the specimens were not chosen
to match the biological characteristics of the model. To overcome the biological inequality
a single specimen comparison that most closely resembled the model was augmented and

the FE posteromedial strain outcomes showed greater size, shape, and progression trends
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and greater CORA ratings compared with specimen #3 rather than compared to the
overall experimental sample means. Overall, CORA values for gait and DLS were higher
than SLS (Figs. 7.2-7.4). The lower SLS CORA ratings are attributed to the elevated FE
strains compared to the experiment for all brace scenarios and ACL states. These higher
FE strains and consequently lower CORA ratings can be attributed to postural
modifications between a double vs. single leg squat that were not captured in the model.
Shifting to a single leg stance shifts the leg medially, increases the frontal plane projection
angle, and can increase knee valgus resulting in a load shift to the lateral compartment
(Munro et al., 2017). The increase in valgus is the plausible cause of negative strains in

the experiment. In the model there was no change in valgus during SLS.
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Figure 7.2: CORA ratings comparing FE-NB to experiment-NB where D: DLS, G: Gait, S: SLS.
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Figure 7.3: CORA ratings comparing FE-VM to experiment-RC where D: DLS, G: Gait, S: SLS.
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Figure 7.4: CORA ratings comparing FE-VM to experiment-UF where D: DLS, G: Gait, S: SLS.

The SLS valgus shift was captured during the in-vivo measurement and is
mimicked naturally on the DKS since the unconstrained ML DOF in the ankle joint
permits variable valgus-varus angulation, and the coupling effect with the SLS BCs
resulted in a valgus shift which produced the lowest posteromedial meniscus strains

amongst all ADL. Furthermore, the mean unbraced SLS strains are negative while the
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DLS and gait strains are positive, which affirms a valgus shift during the SLS trials.
Similar to the experiment, the FE ankle joint was unconstrained in AP translation, ML
translation, flexion-extension, and internal-external rotation. Unlike a cadaveric knee,
the model has limitless ROM when applying BCs and unperturbed parts can be
nonreactive to BCs on adjacent parts. For example, initial joint positioning and muscle
cable preloads in an experimental SLS occur prior to the activity; due to the knee’s limited
valgus-varus ROM one or both pre-activity actions can cause a ML shift in the ankle joint.
In the model the initial positioning simulations and muscle force preloads did not have to
adhere to anatomical valgus-varus limitations, and thus would not result in ML ankle
shifts. The FE DLS and SLS simulations utilized different initial leg positions, joint
kinematics, and magnitudes of muscle forces, as in the experiment. However, the model
used identical knee joint angles in the coronal plane, whereas the experiment likely
resulted in differences between the DLS and SLS activities due the muscle force preloads
and anatomical limits of a knee joint. Essentially, in the experiments the cadaver
transition to a pseudo single leg stance and SLS is a slower, more forceful version of a
DLS. Whereas, in the model a SLS is a slower, more forceful version of a DLS without a

medial shift in ankle position or transition to a single leg stance.

7.2.5 FFE vs. Experimental Tibial Cartilage Pressure Analyses

There was a large range of differences in the pressure outcomes between the model
and experiment depending on the activity-brace-ACL combination and the joint
compartment. It was not expected for the two methods to produce similar pressures since
the model was treated like a unique ‘specimen’ and model specific muscle forces were
computed similar to every specimen. It was anticipated that the pressure trends between
certain ADLs and VM states would resemble the experimental outcomes. In the
experimental and computational methods the pressures were the lowest during gait and
the highest during SLS. The experimental SLS resulted in greater mean and peak

pressures compared with DLS and gait, while gait was marginally higher than DLS despite
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lower muscle forces during gait. The experimental gait was likely more similar to the DLS
than expected due to the muscle force cable preloads and initial loads incurred by the
initial flexed position of the knee joint. The model commenced from a true zero load state
and the proportional relationship between muscle force magnitude and tibiofemoral
pressure was as expected.

Most simulations resulted in higher FE pressures compared to the experiment due
to larger forces in the model. The mean contact areas were 376 mm?2 (experiment) vs. 411
mm? (model) for the medial compartment and 388 mm?2 (experiment) vs. 377 mm?
(model) for the lateral compartment. The FE medial and lateral compartment forces had
percent differences of 7-14% and 6-46%, respectively when compared to the experimental
means for DLS and gait activities. Additionally, SLS in the model resulted in larger tibial
force increases by 55-59% (medial) and 61-69% (lateral) compared to the experimental
means. The model reported the highest tibial compartment forces in SLS and the lowest
in gait, which is expected since the SLS had the highest magnitude of muscle forces.
Accordingly, the FE SLS tibial pressures were the highest amongst all ADLs and gait
pressures were the lowest. Additionally, mean and peak lateral cartilage pressures in the
model were consistently greater than medial pressures, which was not observed in the
experimental. Most of the FE simulations reported relatively higher lateral condyle force
than the experiment (DLS, ACL-intact did not) leading to higher lateral pressures, which

can possibly be attributed to the FE valgus-varus angulation discussed earlier.

7.2.6 Validation of the ACL-deficient State

This study simulated an ACL-deficient state similar to one of the experimental
conditions. A FE study modeled an ACL-deficient state by transecting the ACL prior to
MRI and model creation (Yao et al., 2006), whereas other works included the ACL in the
complete model and excluded the part when simulating the deficient state, which was the
approach undertaken in the present study (Ali et al., 2017; Moglo et al., 2003; Vairis et

al., 2016). Removing the ACL resulted in a modified geometry that retained squat and
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gait function with similar kinematic changes as reported in previous studies. A squatting
action in ACL-deficient patients resulted in 3-4 mm of increased ATT and 1° greater mean
internal tibial rotation (Yamaguchi et al., 2009), while gait resulted in slightly greater
internal tibial rotation (by 1.2°) during 26-34% of the gait cycle, non significant
differences in mean ATT, and a greater range of ATT amongst participants (Shabani et
al.,, 2015). Relative to the ACL-intact simulations, the ACL-deficient FE outcomes
demonstrated 2.0 mm more ATT with 1.0° higher internal tibial rotation during the squat
simulations and no ATT with 1.4° of increased internal tibial rotation during the initial
40% of gait. The i) increased ATT during squats, ii) absence of ATT during gait, iii)
identical internal tibial rotations during squats, and iv) almost identical tibial rotation
during similar period of the gait cycle are affirmative model responses of an ACL
deficiency. Furthermore, mean and peak strains decreased during the squat simulations
and increased during gait simulations when the ACL was deficient in the experiment and
the model. The magnitude of change was also similar between the experiment and model
for each ADL, though mean strain differences were more similar than peak strain (Table
7.1). Thus, removing the ACL resulted in identical behaviour and similar overall strain
differences between the experimental and computational approaches. It has been
previously reported that an ACL deficiency can cause 3-4 times greater ATT compared
with healthy individuals, though the loading conditions were dissimilar to squats or gait
(Beynnon et al., 2002; Torzilli et al., 1994). The BCs in this study resulted in similar ACL-
deficient outcomes compared with previous works, future studies are necessary to
investigate additional loading conditions in an ACL-deficient state on joint stability,
function, and performance in the model.

Table 7.1: Differences in posteromedial meniscus strain (%) between ACL-deficient and ACL-intact states
where (-) implies a decrease.

Mean Strain (%) Peak Strain (%)
Experiment Model Experiment Model

DLS -0.8 -0.9 -0.2 -1.9
Gait 0.8 0.2 1.3 0.8
SLS -1.3 -1.3 -0.5 -3.3
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7.2.7 Validation of the Valgus Moment Effect

Posterolateral meniscus strain in the model was higher than posteromedial
meniscus strain which is not reflective of previous cadaveric studies (Hollis et al., 2000;
Seitz et al., 2012). These studies applied an axial load to cadaveric specimens at static
flexion angles and measured medial and lateral meniscus strains. One in-vitro study
reported that the medial and lateral tibial plateaus each experience peak contact stresses
during different stances of gait (Wang et al., 2014). FE studies have reported higher
pressure in the medial (Mohamed Nor & Osman, 2012) or lateral (Haut Donahue et al.,
2003) tibial condyles depending on the loading scenario and model formulation. It is
plausible that if lateral tibial pressure is higher than medial pressure in some situations,
then posterolateral meniscus strain could also be higher than posteromedial meniscus
strain especially since the lateral meniscus encompasses a greater area of the total lateral
plateau than the medial. The model experienced greater lateral contact pressures, thus
the higher posterolateral meniscus strains were as expected. Experimentally measured
posterolateral meniscus strain responses during ADL remains a literature gap, and this
study utilized FE posterolateral meniscus strains as a relative comparator between NB
and VM simulation conditions.

The VM was applied to simulate the effect of a medial unloader brace by applying
equal magnitude, opposite direction moments to the distal femur and distal tibial
according to Self et al. (2000). The VM stressed the lateral tibiofemoral condyle leading
to an unloading effect in the medial tibiofemoral condyle as expected (Fig. 6.4). In many
simulations posterolateral meniscus strain increased with the VM while posteromedial
meniscus strain did not change. This trend was not theorized, though it does not indicate
an absence of the VM effect because the increase in posterolateral meniscus strain
indicates (i) that the VM performed the intended medial to lateral load shift, and (ii) that
the model is responsive to a VM implementation.

The implementation of the VM in the present study is similar to past FE analyses

of an osteoarthritic brace by Stamenovi¢ et al. (2008, 2009). These studies modeled a
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brace using three parts composed of shell elements consisting of a sock, strap, and
inflatable bladders. Importantly, these former studies applied pressure over a surface,
which is analogous to the distributed moment applied over a series of nodes in the present
study.

This method differs from other studies that measured different in-vivo BCs for
unbraced and braced scenarios (Shriram et al., 2017), or modeled a knee-brace structure
using aluminum linkages, hinges, and springs (Haris et al., 2021). There are advantages
to simulating braced and unbraced BCs since unloader knee braces have been shown to
affect kinematics and muscle co-contraction ratios during certain gait stances (Arazpour
et al., 2014; Fantini Pagani, 2013). The present study utilized experimental BCs from a
previous study that investigated squat and gait activities in an unbraced participant and
chose to apply these BCs to the VM simulations to isolate the effect of the VM. Moreover,
the chosen methodology allows future research to conveniently modify the VM
magnitude, loading curve, or application; whereas a braced in-vivo approach would
require acquiring new data to simulate alternate brace scenarios. There are advantages in
modeling a knee brace to simulate the kinematic influence of the brace. The study by Haris
et al. (2021) investigated the effects of strap tension, pre-tension, and torsion springs
using a modeled unloader brace under axial loading at static flexion angles. The study
reported decreases in tibiofemoral contact pressure and von Mises stress on the cartilage
and menisci at certain flexion angles with the brace, though it did not simulate ADLs.
Thus, it remains unclear how a modeled unloader brace will perform under a multitude

of high-rate dynamic BCs and is a consideration for future work.

7.2.8 The VM Effect Related to Strain, Medial Unloading, and Pressure Shift
The VM produced similar posteromedial meniscus strains and higher

posterolateral meniscus strains compared to the NB simulations in the ACL-intact state.

Posteromedial meniscus strain was at most 0.1% different for the VM simulations

compared to the NB simulations. The posterolateral meniscus strain differences between
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NB vs. VM were more apparent for gait than the DLS and SLS activities (Fig. 6.9). The
mean posterolateral meniscus strain was at most 0.2% higher between the NB and VM
scenarios for both squat ADLs and up to 0.9% higher during gait. Peak posterolateral
meniscus strain demonstrated higher strain outcomes during all three activities by up to
2.4% with the VM. The increase in VM posterolateral meniscus strain reflects higher
loading on the lateral tibiofemoral compartment, which is indicative of an effective valgus
unloading outcome. The extended position of the model for the squat simulations is a
plausible cause of lower mean strain differences with the VM scenario because extending
the joint resulted in a subtle amount of greater joint separation. During the ACL-deficient
state the VM was similar to the NB scenario for posteromedial meniscus strain and
resulted in lower posterolateral meniscus strain for the majority of simulations, which is
indicative of an ineffective valgus unload. Interestingly, both knee braces were also
efficacious during the ACL-intact state and inefficacious during the ACL-deficient state
based on posteromedial meniscus strains measured experimentally.

The VM showed comparable trends in the anteromedial meniscus and
anterolateral meniscus strains to their respective posterior regions for both ACL states.
The VM had a greater impact on mean and peak anterior strains during the gait
simulations than the squat simulations. Both squat simulations indicated strain
differences of at most 0.1% between the NB and VM simulations, while gait consistently
increased anterolateral meniscus mean and peak strains during both ACL states by up to
1.2% and 2.9%, respectively, once again indicating a lateral load shift due to the VM.

As previously stated, a medial or valgus unloader mechanism should theoretically
unload the medial compartment and cause a medial to lateral pressure shift, or
alternatively the lateral pressure should be greater than the medial pressure. In each of
the ADLs there was a reduction in the medial compartment pressure with the VM, which
was observed in the experimental DLS and gait. The FE SLS simulations did not
experience greater levels of joint compression with the VM in the same manner as the

specimens did with the braces and the SLS activities in the model reflected medial
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pressure reductions as expected. The VM lateral and medial pressure differences (i.e., AP)
indicated that the model mostly resulted in a contact pressure shift (Figs. 6.22). The mean
positive AP values indicate an affirmative VM effect in every simulation except for
SLS,ACL-int, and peak AP>0 affirms an intended VM effect in all ADLs. In spite of
absolute pressure differences between the model and experiment the simulated VM effect
emanated the outcomes of the experimental braces and demonstrated the feasibility of
the model to investigate unloader brace characteristics on tibiofemoral compartment

pressures.

7.2.9 Novel Contributions from the FE Model

This study demonstrated that high rate dynamic ADLs can be simulated in a FE
environment without extensive modifications to the original seated 50t percentile male
model to obtain tissue strain and cartilage pressure responses. The implementation of the
model was to develop a framework to adapt the right leg of the seated occupant to a
standing position and verify and validate a previously developed experimental approach
while simulating squat and gait ADLs. There are interesting applications with the model
beyond the scope of this study including the response in strain or pressure based on
different brace loading curves, investigating brace efficacy with varying valgus-varus
angulations, brace efficacy in osteoarthritic or meniscus injury scenarios, the influence of
ACL injury or ATT severity coupled with OA or meniscus injuries, and region specific
meniscus strain responses. This study focused on experimental strain measurements at
anterior and posterior regions of the tissue. It is feasible to expand on these measures to
include additional tissue regions. A former study experimentally measured strain in these
regions and the model demonstrated similar strains when with preliminary strain

computations in the central section of the tissue (Jones et al., 1996) (Fig. 7.5).
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Figure 7.5: Sample measurement of region specific medial meniscus strains in the model compared with
literature.

Posterolateral meniscus strains were not an objective within this study due to
experimental limitations, yet posterolateral meniscus strain was a novel and relevant
outcome measure that proved useful for several reasons. It was originally theorized that
posterolateral meniscus strain would increase with a valgus unloading moment. This
theory could not be tested experimentally and was confirmed in the model. The
posterolateral meniscus strains increased and showed greater changes than the
posteromedial meniscus strains with the VM and demonstrated the efficacy of the VM as
well as the model’s capacity to simulate an unloading response on tissue strain. In the
context of this study posterolateral meniscus strain changes with the VM were more
pertinent than absolute strain magnitudes. To contextualize posterolateral meniscus
strain magnitudes, future studies are necessary to validate posterolateral meniscus strain
by simulating identical BCs from the former experimental studies in the model. By
validating posterolateral meniscus strain against an independent set of data it would be
feasible for future simulation studies to understand the effect of a VM on the strain
response in both menisci, which remains a research gap.

In experimental tests there was a counterintuitive increase in medial compartment
pressure with both unloader braces during SLS and SLS with these braces was cautioned
until future studies can investigate the pressure increase. The VM in the model resulted
in an anticipated decrease in medial pressure during SLS indicating that a valgus
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unloading moment can unload the medial compartment irrespective of the activity
performed. In addition to higher muscle forces during SLS, there is likely a combination
of factors why the unloader braces did not reduce medial compartment pressure in
experimental testing such as muscle cable preloads applied during the initial stance, the
unknown valgus moment magnitudes provided by the braces, and variable strap tensions
when securing the brace. These factors do not exist in the model and sequentially
implementing these conditions in future modeling studies could help confirm whether
unloader braces or valgus moments are not suitable to reduce medial compartment
pressures in SLS, or whether the present experimental conditions resulted in isolated

increases in medial compartment pressures in SLS with the considered unloader braces.

7.3 Limitations

The experimental tests were limited to sagittal plane motions and did not capture
any forces in the coronal or transverse planes. The input BCs for the experiment (and
model) were taken from a previous study that obtained data from one healthy in-vivo
participant that used identical BCs for the ACL-intact and -deficient states. Specimen
specific muscle forces accounted for some inter-specimen kinetic variability, though the
kinematic BCs were identical across specimens and ACL states. Tomescu et al. (2018)
measured ADLs in multiple participants and opted to use a single participant due to large
sample variabilities in the mean outcomes when compared to a typical population.
Investigating the effect of different kinematic and kinetic profiles from multiple healthy
and ACL compromised participants would not be feasible on a single specimen given that
each specimen was presently tested for 36 trials. Supplementing additional experimental
participant BCs would require removing some of the brace or ACL test conditions and
modify the scope of this study. Moreover, testing ADLs in additional healthy or ACL-
deficient participants would result in different kinematic and kinetic responses, and the
ensuing effects of the unloader braces could be obscured by the BC variations.

Nevertheless, individuals with an ACL deficiency may have different meniscus strain
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responses than the ones reported in this study, and the reported ACL-deficient strains
should be viewed relative to the ACL-intact strains.

The foam stiffness used to envelope the specimens and support the brace was
based on the previously measured stiffness of contracted muscle. Realistically muscle
stiffness varies based on sex, age, BMI, activity level, and level of exertion. Stiffened
muscle was mandatory to properly secure the brace during the high rate ADLs. Future
studies with variable foam stiffnesses are necessary to determine the influence of stiffened
muscle on strain and pressure outcomes.

The comprehensive experimental procedure required multiple freeze-thaw cycles
for each specimen, which affect biological tissue responses. A saline solution was
consistently applied and specimens retained their texture and tissue consistency on deep
tissues despite some desquamation on superficial tissues. Since this study was interested
in differences between bracing scenarios and ACL states the freeze-thaw cycles would not
likely have affected the relative comparators between the conditions.

The calibration for the pressure sensors was conducted on a flat surface that was
not representative of a knee joint. Seitz et al. (2012) calibrated the same sensors used in
this study under the same environmental conditions as their in-vitro tests; though, it is
unclear what these conditions were. This study utilized one sensor for each specimen and
conducted a 10-point calibration recommended rather than the manufacturer’s
recommended 2-point method that has been shown to be more erroneous at extreme
pressure values (Brimacombe et al., 2009; Wilharm et al., 2013). The calibration
outcomes demonstrated high correlation (r> 0.98), though additional research is required
to determine if calibrating within the same in-vitro environment affects the correlation
and pressure outcomes.

Some FE studies have created models based on cadaveric scans and are able to
compare in-vitro and in-silico outcomes. A limitation with this study is the lack of an
identical cadaveric comparator to the model. There were no cadaveric specimens identical

or similar to the model in terms of physical characteristics and the model was within one
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SD of the experimental mean height, mass, and BMI (Table 7.2). Potentially testing at
least one cadaveric specimen to physically match the model could have enabled a direct
comparison for moment arm, strain, and pressure outcomes. To mitigate this limitation
the model was compared to a single closest matching specimen and demonstrated
comparable size, phase, and progression trends with CORA ratings in the order of 0.50.
Overall, the model outcomes demonstrated good conformance with the experimental
ones since they were within the experimental corridors and one SD of the means.

The material model for the menisci and tibial cartilage was approximated as
isotropic linear elastic. Enhancing the material formulations to better represent the
nonlinear behaviour of these tissues may have provided more representative strain and
pressure outcomes, though a linear elastic model resulted in good conformance with
experimental outcomes due to the low range of strain values during the experimental and
computational ADLs.

Table 7.2: Specimen donor information including the FE participant characteristics ranked by BMI.

ID Sex Foot Age Height Mass BMI
(#) (F/M) Orientation  (years) (cm) (kg) (kg/m?)
6 F R 47 157 34 14
2 M R 50 188 61 17
3 F R 50 165 50 18
7 M L 60 165 50 18
5 M R 54 165 54 20
8 F R 55 173 59 20
4 M R 44 180 73 22
10 F L 50 173 68 23
FE M R 26 175+ 3 77 t4 25+ 2
9 M R 57 183 98 29
1 F L 30 178 107 34
Experimental Mean (n=10) 49.7 173 65.3 21.5
Experimental SD (n=10) 8.4 9.6 22.3 5.9

F: Female, M: Male, L: Left, R: Right, BMI: body mass index, SD: standard deviation
An unloader brace was represented by a valgus moment, which did not incorporate
brace kinematics or strap tensions. The VM implementation simulated the fundamental

response of an unloading moment during ADLs indicating that the model is responsive to
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a simplified brace implementation and was selected based on the study objectives to

understand the effect of an isolated VM on strain and pressure.
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VIII. Conclusion

This study used an existing in-vitro approach to investigate the efficacy of two
commercially available unloader knee braces on the medial meniscus and tibiofemoral
joint, and further implemented this approach in a pre-existing 50t percentile male FE
model. The purpose and all four study objectives were accomplished and demonstrated
the efficacy and extent of unloader braces on the medial meniscus using experimental and
computational approaches. The novel strengths of this study are (i) its quantification of
meniscus tissue strain response under the influence of unloader knee braces, (ii) the
discovery that unloader braces have differing effects on posteromedial meniscus strain
depending on the state of the ACL, (iii) the framework presented for the successful
implementation of experimental ADLs to the model, (iv) the verified VM and the validated
ACL deficiency simulating an unloader brace and ACL injury in the model, (v) the ability
of the model to simulate comparable meniscus strains and tibiofemoral pressures to the
experimental outcomes, and (vi) an overall congruence between the medial unloading

moment with the FE VM and the experimental braces.

8.1 Revisiting the Hypotheses

Hypothesis 1, unloader braces reduce in-vitro posteromedial meniscus strain and
shift ML pressure (not proven): It was hypothesized that there would be strain differences
between the ACL-intact and -deficient states; however, there was a preconceived notion
that the unloader braces would have similar outcomes during both ACL states. The
original hypothesis was proven for both knee braces during the ACL-intact state based on
the significant reduction in posteromedial meniscus strain and proven for both braces
based on ML pressure shifts in all test conditions, though it was not proven due to

nonsignificant reductions in posteromedial strain during the ACL-deficient state.
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Hypothesis 2, lateral compartment stresses exceed medial with the FE-VM

(proven): An isolated FE VM simulation demonstrated greater stresses in the lateral
tibiofemoral compartment compared to the medial with the application of the VM and
further caused a reduction in medial compartment pressures in every test condition. The
latter was a unique finding that demonstrated that the VM in the model can unload the
medial compartment irrespective of the ADL whereas the experimental conditions were
unable to. The FE VM provides an effective theoretical simulation of an unloader brace
effect in alternate ADLs that may not be experimentally feasible.

Hypothesis 3, the VM reduces FE posteromedial meniscus strain and shifts ML

pressure (proven): This was a replica of Hypothesis 1 adapted to the model. Mean
posteromedial meniscus strain had negligible differences between the NB and VM
scenarios in the model while posterolateral meniscus strain increased, which induced that
posterolateral meniscus strain could also serve as a representative metric of VM effect for
the same reason that lateral compartment stress was increased with the VM. Therefore,
the strain component of this hypothesis was proven due to the increase in posterolateral
meniscus strain that is analogous with the same VM outcomes leading to a decrease in
posteromedial meniscus strain. Finally, the effect of the VM was proven based on the
observed medial to lateral tibiofemoral pressure shifts in 11 of the 12 unique simulation
conditions in both ACL states.

Hypothesis 4, FE strains and pressure will resemble experimental outcomes and
trends (not proven): Due to unique FE specific muscle forces and unmatched cadaveric
specimens the model was treated as a unique ‘specimen’ and differences were expected
between the two methods. The FE posteromedial meniscus mean and peak strains were
within 1-2 SD of experimental means for all ADLs. FE strains were within the
experimental corridors during DLS and gait. Strains for the FE-SLS simulations were
higher than the experimental corridors and observed an inverse sense that was postulated
due to different valgus-varus angulations. The FE mean tibiofemoral pressures were

within £1 SD and peak pressures were within +2 SD of the experimental outcomes. The
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experimental and model strain differences during single leg squats in all ADLs disproved
this hypothesis. Medial compartment pressures were more comparable between the
computational and experimental approaches than the lateral pressures, which again
suggests valgus-varus differences. Importantly, the pressure trends between the
experiment and model were identical with SLS resulting in the highest pressure and gait
resulting in the lowest pressures.

This objective demonstrated additional successes between the model and
experiments that could not be anticipated when formulating the hypothesis. There was
no explicit objective to validate the ACL-deficient state in the model, rather the removal
of the ACL part was meant to compare between ACL-intact and -deficient states within
the model. The deficient ACL in the model produced comparable knee joint kinematics
with previous literature and the strain differences without the ACL in the model reflected
the patterns observed with the experiment. Furthermore, both the experimental and FE
bracing scenarios were not efficacious in the ACL-deficient state. Finally, the magnitude
of the pressure difference (AP) between the lateral and medial compartments were highly
similar between the experimental and computational approaches indicating that the

simulated VM was reflective of an unloader brace moment.

8.2 Recommendations for Future Work

Future studies are recommended to investigate lateral meniscus strains under the
effect of an unloading moment. If this is not possible in a high rate dynamic experimental
ADL then it is recommended during a static condition at discrete flexion angles or a
quasistatic condition under passive flexion. Additionally, the strains in the lateral
meniscus can be validated against prior experimental studies that have measured
posterolateral meniscus strain using identical BCs. Following posterolateral meniscus
strain validation the framework presented in this study can be used to study the effect of
VM in both meniscus tissues. Quantifying the unloading brace moment could be done

with an experimental three-point bending test. Furthermore, conducting in-vivo squat
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and gait ADLs with an instrumented brace would provide a variable brace moment BC
input for future ADL modeling studies. This study demonstrated an increase in FE
posterolateral meniscus strain with the VM, and additional data to match these outcomes
and compare posterolateral meniscus strain magnitudes would be invaluable. Similarly,
measuring unloader brace moment during the investigated ADLs would yield a more
representative VM for the model and apply a variable VM throughout knee flexion.
Finally, experimental researchers are encouraged to investigate the differences in
calibration outcomes when pressure sensors and calibrated within the knee’s anatomical
environment vs. a flat indenter approach used in the present study. A selection of
computational recommendations are further enhancements to the menisci and cartilage
material models, reducing/eliminating part penetrations, modifying the initial BC for the
SLS simulation, and modeling an unloader brace to simulate brace kinematics. A
nonlinear material model representing the biphasic nature of the menisci and cartilage
would be more biofidelic and permit more aggressive ADL simulations that exceed the
low linear recommended strain range. Improving part penetrations within the knee joint
would further enhance the model’s ability to simulate gait and fully extend the knee in
other simulations or applications. Applying an initial BC to create a SLS specific valgus-
varus position would more naturally simulate a SLS during a single leg stance.
Incorporating brace kinematics into the model with a brace model would be a useful
supplement to the VM unloading presented in this study. A final recommendation for
future studies undertaking dual in-vitro and in-silico approaches is to obtain cadaveric
specimens that are nearly identical or identical to the physical characteristics of the

model.
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Appendix A: Experimental Reliability

Experimental repeatability was assessed by computing and root mean square error
(RMSE) (Eq. A.1) and normalised RMSE (nRMSE) (Eq. A.2) of the posteromedial
meniscus strains between two trials for each of the 18 unique experimental conditions.
Overall, the experimental sample had a mean (SD) RMSE of 2.4(3.2) % (n=10) and
nRMSE of 0.41(0.45) (Table 9.1). The RMSE is strongly influenced by specimens #2, 4,
and 6 due to greater intertrial variability. However, this variability is accentuated due to
the sensitive nature of the DVRT. For example, the unbraced ACL-deficient gait trials in
specimen #4 were the two least comparable trials with a strain RMSE of 120%. When
further analysing the changes in DVRT deformation between these trials there was a 0.7
mm difference in the initial DVRT value and mean difference of 0.125 mm over the trial
durations. The normalised strain RMSE compares the strain RMSE relative to the mean
strain for each test condition and demonstrates a mean percent difference of 0.41 between
any two trials across all specimens (n=10). Thus, it can be stated that while there are high

inter-specimen strain variabilities, there is low intra-specimen strain variability due to

the low nRMSE.
1 n
RMSE = \ﬁZm — Ty 2 (A1)
n i=1
RMSE
nRMSE = ——— (A.2)
i
where;

T1 and T2 are trials 1 and 2
u is the overall mean of both trials
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Table A.1: Mean root mean square and normalised root mean square errors for experimental posteromedial

meniscus strain.

Specimen ID# | RMSE nRMSE
1 0.2(0.3)  0.05(0.07)
2 2.8(5.6)  0.55(1.09)
3 1.7(3.3)  0.3(0.59)
4 11.1(26.4) 1.53(3.64)
5 1.4(2.2)  0.29(0.44)
6 3.7(10.1)  0.78(2.14)
7 1.0(1.1)  0.18(0.2)
8 0.9(1.4) 0.20(0.32)
9 0.5(1.1)  0.11(0.23)
10 0.6(1.4) 0.11(0.26)

Mean(SD) (n=10) | 2.4(3.2)  0.41(0.45)

205



	Examining Committee Membership
	Author’s Declaration
	Statement of Contributions
	Abstract
	Acknowledgements
	Table of Contents
	List of Figures
	List of Tables
	List of Abbreviations
	I. Introduction
	1.
	1.1 Literature Gap and Research Motivation
	1.2 Purpose of Research and Hypotheses
	1.3 Thesis Organization


	II. Anatomical Background & Definitions
	2.
	2.1 Anatomical Directions and Planes
	2.2 Bones and Joints
	2.2.1 Bones
	2.2.2 Joints

	2.3 Musculature
	2.4 Cruciate and Collateral Ligaments
	2.4.1 Cruciate Ligaments
	2.4.2 Collateral Ligaments

	2.5 Menisci
	2.5.1 Gross Anatomy
	2.5.2 Biochemistry and Biomechanics

	2.6 Articular Cartilage


	III. Literature Review
	3.
	3.1 Injury Epidemiology
	3.1.1 ACL Injuries
	3.1.2 Meniscal Injuries
	3.1.3 Osteoarthritis
	3.1.4 Meniscus Injury Treatment Strategies

	3.2 The 3-Point Leverage Unloader Brace Mechanism
	3.3 Experimental Knee Biomechanics
	3.3.1 Measuring Meniscal Tissue Strain
	3.3.2 Measuring Tibiofemoral Joint Pressure
	3.3.3 Clinical and Biomechanical Unloader Brace Efficacy
	3.3.4 In-Vitro Knee Simulators
	3.3.5 The Waterloo DKS Combined In-Vivo, In-Silico, In-Vitro Approach

	3.4 Human Body Finite Element Modelling
	3.5 Finite Element Knee Biomechanics
	3.5.1 GHBMC 50th Percentile Male Human Body Model
	3.5.2 Material Properties for Select Knee Soft Tissues



	IV. Methods
	4.
	4.1 Experimental In-Vitro Knee Testing
	4.1.1 Cadaver Specimen Preparation
	4.1.2 Unloader Knee Brace Placement
	4.1.3 Measuring Specimen Specific Muscle Moment Arms
	4.1.4 Implementing Kinetic Muscle Force Boundary Conditions
	4.1.5 Implementing Kinematic Hip and Ankle Boundary Conditions
	4.1.6 Meniscus Strain Instrumentation
	4.1.7 Tibiofemoral Joint Pressure Instrumentation
	4.1.8 Mounting the Specimen to the DKS
	4.1.9 Experimental Test Matrix

	4.2 Experimental Data Analysis
	4.2.1 Meniscus Strain
	4.2.2 Tibiofemoral Joint Pressure

	4.3 50th Percentile Male Lower Extremity Finite Element Modelling
	4.4 Lower Extremity Finite Element Model Modifications and Enhancements
	4.4.1 Right Leg FE Model Extraction
	4.4.2 Femoral and Tibial Bone Modifications
	4.4.3 Enhancing the Cruciate and Collateral Ligaments
	4.4.4 Enhancing the Menisci
	4.4.5 Enhancing the Articular Cartilage

	4.5 Applying Experimental Boundary Conditions to the FE Model
	4.6 Lower Extremity Finite Element Model Simulations
	4.6.1 FE Model Initial Position Simulation
	4.6.2 FE Model Moment Arm Simulations and Muscle Force Input Curves
	4.6.3 FE Model Static Valgus Moment Simulation

	4.7 Assessing the Computational Knee Model
	4.7.1 Meniscus Strain
	4.7.2 Intercondylar Joint Pressure
	4.7.3 Comparison with Experimental Outcomes



	V. Experimental In-Vitro Results
	5.
	5.1 Posteromedial Meniscus Relative Strain
	5.2 Anteromedial Meniscus Relative Strain
	5.3 Tibiofemoral Joint Pressure


	VI. Computational Results
	6.
	6.1 FE Model Extension
	6.1.1 Select Ligament Uniaxial Tensile Tests
	6.1.2 Meniscal Tissue and Horn Enhancements
	6.1.3  Combined Kinematic, Kinetic Extension Boundary Conditions

	6.2 FE Model Preparatory Simulations
	6.2.1 Static Valgus Moment Assessment
	6.2.2 FE Model Moment Arms & Muscle Forces

	6.3 Meniscal and Articular Cartilage Mesh Convergence
	6.4 Gait and Squat Simulations
	6.4.1 Boundary Condition Verification and Kinematic Validation
	6.4.2 Posteromedial and Posterolateral Meniscus Strain
	6.4.3 FE and Experimental Posteromedial Meniscus Strain Comparisons
	6.4.4 Anteromedial and Anterolateral Meniscal Strain
	6.4.5 FE and Experimental Anteromedial Meniscus Strain Comparisons
	6.4.6 Tibial Cartilage Pressure



	VII. Discussion
	7.
	7.1 Experimental Strain and Pressure Analyses with Unloader Knee Braces
	7.1.1 Posteromedial and Anteromedial Meniscus Strain Analysis
	7.1.2 Medial and Lateral Tibiofemoral Contact Pressure Analysis
	7.1.3 Brace Efficacy Related to Strain, Medial Unloading, and Pressure Shift
	7.1.4 Sources of Experimental Error and Sensitivity Analysis

	7.2 Computational Strain and Pressure Analyses with Valgus Unloading Effect
	7.2.1 Analysing Knee Ligament Enhancements
	7.2.2 Analysing Meniscus Enhancements
	7.2.3 Verification and Validation of the Experimental BCs Applied to the FE Model
	7.2.4 FE vs. Experimental Posteromedial Meniscus Strain Analysis
	7.2.5 FE vs. Experimental Tibial Cartilage Pressure Analyses
	7.2.6 Validation of the ACL-deficient State
	7.2.7 Validation of the Valgus Moment Effect
	7.2.8 The VM Effect Related to Strain, Medial Unloading, and Pressure Shift
	7.2.9  Novel Contributions from the FE Model

	7.3  Limitations


	VIII. Conclusion
	8.
	8.1 Revisiting the Hypotheses
	8.2 Recommendations for Future Work


	References
	Appendix A: Experimental Reliability
	9.


