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ABSTRACT

Knee osteoarthritis is one of the most common musculoskeletal
pathologies, and results in severe joint pain, loss of mobility, compromised
quality of life, and high medical costs. With no cure other than total joint
replacement, and the incidence of osteoarthritis rising worldwide, the need to
understand how the disease develops has reached a critical level. The
mechanism(s) underlying the initiation and progression of knee osteoarthritis
remain unknown despite years of extensive research. Alterations in the spatial
loading pattern on the joint’s articular cartilage, for example, due to knee injury,
have been hypothesized to trigger the onset of the disease. The theory
presupposes that the mechanical properties of knee cartilage are non-uniform
such that the underlying cartilage is unable to sustain the new loading pattern
and deteriorates. However, this tenet is challenging to test directly because it
requires detailed knowledge of spatial mechanical properties of the cartilage,
which is currently unknown.

Therefore, this dissertation sought to address current knowledge gaps by
mapping the elastic modulus of healthy human knee articular cartilage across the
joint surface. This work represented the first such mapping with fine spatial
resolution and employing a physiologically relevant compressive strain rate.

Significant variations in modulus were found across the femur and tibial cartilage.

XiX



Moreover, these variations conformed to a consistent regional pattern across
knees, which has not previously been demonstrated.

These findings subsequently motivated the development of a constitutive
relation that could successfully simulate spatially dependent, high strain rate
mechanics. A transversely isotropic hyperelastic model was developed and
compared with isotropic hyperelastic models to determine which constitutive
relation best represented the natural cartilage mechanics. The transversely
isotropic model replicated the spatial mechanical dependence of the tissue
through variations in a single model parameter. The model is mechanistic, has a
structure and parameters that are analogous to human cartilage physiology, is
computationally efficient, and is straightforward to implement in commercial finite
element packages. The transversely isotropic model represents a novel method
for implementing the non-uniform mechanics of knee cartilage that are critical to
understanding the initiation and progression of knee osteoarthritis. The
characterization of regional mechanical properties of human knee cartilage
performed herein has contributed essential baseline knowledge that will
fundamentally advance experimental and computational studies of knee
osteoarthritis development toward widespread prevention of this devastating

disease.
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Chapter 1: Introduction and Specific Aims

1.1  Introduction

Osteoarthritis (OA) is a common, debilitating joint disease that is
characterized by loss of articular cartilage (AC), bone spurs, significant pain, and
loss of joint mobility (Felson 2000). The knee is one of the joints most commonly
affected by osteoarthritis (Lawrence 2008; Symmons 2003). Approximately 27
million Americans (12.1% of the adult population) are afflicted with the disease
(Lawrence 2008). These numbers are expected to grow 25% by 2030 (Hootman
and Helmick 2006). Likewise, the economic costs related to knee OA are high,
exceeding $89 billion annually in the US (Leigh 2001), and continuing to mount
(Bitton 2009; Hootman and Helmick 2006). Thus elucidating the mechanism(s)
by which knee OA develops is critical to maintaining lifelong health and wellness
for the vast number of individuals living with or at risk for developing this serious
disease.

Knee mechanics have been hypothesized to substantially influence OA
development (Andriacchi 2009; Tashman 2004a). In support of this tenet,
individuals at high risk for developing the disease exhibit abnormal knee
mechanics when executing dynamic tasks (Chouliaras 2009; Deneweth 2010;
Tashman 2007). In my own recent work for example, | determined that

individuals with a surgically repaired anterior cruciate ligament, who are at



increased risk of developing early-onset knee OA, exhibited significant kinematic
differences between their repaired and uninjured contralateral knees during a
single-leg landing task (Deneweth 2010). Deneweth et al. 2010 is reprinted with
permission in Appendix A. Likewise, the degree of disease severity in patients
with arthritic knees has been associated with differences in knee mechanics
(Astephen 2008; Sharma 2001b). Recently, increased anterior tibial translation in
individuals with repaired anterior cruciate ligaments was associated with early
signs of AC degeneration (Haughom 2012), which offers further evidence for a
direct link between knee mechanics and OA. While indirect support for the role of
knee mechanics in OA appears strong, a clear connection between altered joint
motions and detrimental changes in AC loading remains to be established.
Developing a more complete understanding of knee AC mechanical
properties is essential to determining the extent to which joint mechanics
influences OA development. The mechanical hypothesis of OA development
implies that abnormal joint motions induce deviations from the normal joint
contact pattern (Andriacchi 2006; Andriacchi 2009; Andriacchi and Mundermann
2006; Carter 2004; Chaudhari 2008). When these deviations produce a
mismatch between the loads placed on the AC and its intrinsic ability to support
these loads, AC stresses may become excessively high and cause damage to
the tissue. This hypothesis implicitly requires that knee AC is mechanically non-
uniform, which several studies have indicated (Elliott 2002; Froimson 1997;
Jurvelin 2000; Shepherd and Seedhom 1999a; Swann and Seedhom 1993;

Thambyah 2006; Young 2007). To date, however, little is known about the extent



of variability of AC mechanical properties across the human knee joint,
particularly in response to physiologically relevant dynamic loading.

Successful investigation of knee OA initiation and development also relies
on the use of computational models of knee AC (Carter and Wong 2003; Wilson
2005b). These models serve as powerful tools for investigating interactions
among joint contact mechanics, AC properties, and AC degeneration (Besier
2005; DiSilvestro and Suh 2002; Haut Donahue 2004; Korhonen 2003; Pena
2007; Pena 2006; Shirazi 2008; Wilson 2004; Wilson 2003). For example, joint
kinematics or kinetics that present in individuals at high risk for knee OA can be
implemented into the model and the resulting joint contact pattern and local
tissue strains and stresses can be compared to the control case. The extent to
which hypothesized “risky” mechanics influence the mechanical state of the AC
can be examined from these simulations. The effectiveness of these models,
however, depends heavily on the validity of the underlying AC material model
(Carter and Wong 2003; Taylor and Miller 2006; Wilson 2005b). While much
work has been done to develop analytical models to capture the complex
mechanics of AC (Ateshian 1994; Boschetti 2006; Keenan 2012; Kwan 1990; Lai
1991; Lai 1993; Mak 1987; Mow 1980; Spilker 1992; Wilson 2005a), few models
are suited to the high strain rate loading and large, non-linear deformations that
occur during walking and other normal daily activities (Hasler 1999; Li and Gu
2011; Liu 2010; Taylor and Miller 2006). More accurate models tend to employ
several material constants (Cohen 1992; DiSilvestro 2001; Lai 1991; Seifzadeh

2012; Suh and Bai 1998; Wilson 2006; Wilson 2005a), which can be challenging



to implement into dynamic computer simulations (Wilson 2005b). Furthermore,
none have sought to incorporate the spatial mechanical inhomogeneity that has
been suggested as pivotal to OA development (Andriacchi 2004; Carter 2004;
Chaudhari 2008). Thus, an analytical model that captures the non-linear, large
deformation, and potentially spatially inhomogeneous physiological response of
AC via a minimal set of parameters would be advantageous to the study of knee

OA initiation and development.



1.2 Specific Aims
Therefore, the Specific Aims of this dissertation research comprised the

following:

AIM 1: Determine the extent to which non-arthritic human proximal tibial
articular cartilage exhibits regional mechanical properties under
physiologically relevant loading.

Hypothesis 1A: The mechanical properties of cartilage covering the

proximal tibia are spatially heterogeneous across the tibial plateau.

Hypothesis 1B: The mechanical inhomogeneity of proximal tibial cartilage

manifests in a consistent regional pattern across individuals.

AIM 2: Determine the extent to which non-arthritic human distal femoral
articular cartilage exhibits regional mechanical properties under

physiologically relevant loading.

Hypothesis 2A: The mechanical properties of cartilage covering the distal
femur are spatially heterogeneous across the femoral trochlea and
condyles.

Hypothesis 2B: The mechanical inhomogeneity of distal femoral cartilage

manifests in a consistent regional pattern across individuals.

Significance of Aims 1 and 2: Spatial variations in the mechanics of knee articular

cartilage are hypothesized to contribute substantially to knee osteoarthritis



development. However, few data are available on these spatial variations,
particularly when the cartilage is subjected to physiologically relevant loading
conditions. Therefore, mapping the regional variability of healthy human knee
cartilage provides foundational data that is essential for investigating the

interaction of joint mechanics, contact patterns, and osteoarthritis.

AIM 3: Develop a transversely isotropic statistical mechanics model to
simulate non-arthritic human tibiofemoral joint articular cartilage
mechanics under physiologically relevant loading and compare to existing
isotropic statistical mechanics models.

Hypothesis 3A: The transversely isotropic statistical mechanics model will

accurately simulate the tibiofemoral joint cartilage stress-strain response
elicited under physiological loading.

Hypothesis 3B: The transversely isotropic model will perform superiorly to

isotropic statistical mechanics models.

Hypothesis 3C: When used to simulate tibial cartilage, parameters of the

transversely isotropic model will exhibit regional dependency similar to
that determined in AIM 1.

Hypothesis 3D: When used to simulate femoral cartilage, parameters of

the transversely isotropic model will exhibit regional dependency similar to

that determined in AIM 2.



Significance of Aim 3: Statistical mechanics models, such as the popular eight-

chain network model, are well suited to non-linear, high strain rate, and large
deformation responses synonymous with in vivo articular cartilage loading.
Therefore, the eight-chain model could represent an improvement to traditional
continuum models for modeling physiological cartilage mechanics. Development
of a material model of tibiofemoral joint articular cartilage that accurately models
its physiological mechanics, including any regional dependence, will immediately
improve the potential to successfully model the complex interactions between

joint mechanics and osteoarthritis development.

1.3  Structure of Dissertation

The dissertation was structured such that its main body (Chapters 4 — 7)
detailed four separate studies conducted over a period of three years (2010-
2013) at the University of Michigan. All studies have been accepted or submitted
for publication in peer-reviewed journals. Minor changes have been made from
the original manuscripts in certain cases to maintain consistency throughout the
document, to minimize redundancy, and to provide additional details where word-
count constraints prevented their inclusion in the journal manuscripts. Common
experimental materials and methods are detailed in Chapter 3 and referenced in
subsequent chapters. Likewise, where similar methods have already been
presented, they are referenced to the initial chapter in which they were

presented.



Chapter 2 provides a review of the relevant literature underlying the
motivation for and formulation of the studies presented in latter chapters. In
Chapter 4, the elastic tangent modulus of healthy tibial AC was characterized via
unconfined compression conducted at a high, physiologically relevant strain rate.
A spatial mapping of the modulus at 21 locations on the tibial plateau was
constructed. Statistical analyses were used to determine the extent to which
variations in spatial moduli conform to a similar pattern across individual
specimens. Chapter 5 represents the completion of the experimental work
initiated in Chapter 4. The elastic tangent modulus was mapped across 29 sites
on the distal femur. Similar spatial mapping and statistical analyses were
conducted to develop a complete mechanical characterization of tibiofemoral
joint AC. In Chapter 6, three constitutive relations were presented to describe
knee AC. Included in these models was a newly developed transversely isotropic
eight-chain network. The ability of these models to represent high-rate tibial AC
mechanics was examined by simulating each model against the experimental
data acquired in Chapter 4. The model determined to best fit the data was
subsequently investigated to verify its ability to replicate the spatial dependency
of AC mechanical response. Chapter 7 evaluated the effectiveness of the three
models developed in Chapter 6 to simulate the high-rate mechanics of distal
femoral AC detailed in Chapter 5. Similarly, the best-fitting model was
determined and the extent to which it modeled the regional mechanical variations
across the femoral AC surface was examined. Together, Chapters 6 and 7

described a material model for tibiofemoral joint cartilage that successfully



simulated its high strain rate, non-uniform mechanical response and is ready for
implementation into finite element models of the knee joint. Chapter 8 highlights
the key outcomes of Chapters 4 — 7, discusses the limitations of the four studies,

and proposes directions for future work related to this body of research.



Chapter 2: Background

2.1 Knee Osteoarthritis

2.1.1 Prevalence and Symptoms

Osteoarthritis is the most common form of arthritis (Bitton 2009). The
disease afflicts approximately 27 million individuals in the United States and 700
million worldwide, and these numbers are likely rising (Bitton 2009; Hootman and
Helmick 2006; Symmons 2003). The knee is the joint most frequently affected by
osteoarthritis. Individuals suffering with knee OA report frequent knee pain,
crepitus, stiffness and swelling (Symmons 2003). Radiological exam typically
reveals thinning or absent joint AC, narrowing of the joint space, bony deformity,
and the presence of osteophytes (Murphy and Helmick 2012; Symmons 2003).
These symptoms most often lead to compromised joint mobility, reduced quality
of life, an increased risk of comorbidity, reduced capacity to work, and increased
medical costs (Bitton 2009; Murphy and Helmick 2012). The OA-related
economic burden in the United States exceeds $89 billion dollars (Bitton 2009).

Knee OA is irreversible. Pharmacologic, non-pharmacologic, and surgical
treatments may provide moderate symptom relief but cannot place the disease in
remission (Davis 2012; Hawker 2011; Seed 2009). The most effective treatment

to halt disease progression is joint replacement (Seed 2009). Joint replacement,
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however, is costly, invasive, and not suited for the growing number of young OA
sufferers (Gomoll 2012). Consequently, an urgent need exists to develop
preventative measures for knee OA. Effective prevention depends on thorough

knowledge of the disease process.

2.1.2 Role of Mechanics in the Disease Process

Numerous genetic, biological, and mechanical factors have been
suggested in the initiation and progression of OA (Belo 2007; Bierma-Zeinstra
and Koes 2007; Cimmino and Parodi 2005; Dieppe and Lohmander 2005; Felson
2004; Felson 2007; Hunter 2005; Leveille 2005; McKinley 2004b). For example,
genes regulating tissue growth and differentiation, production of the cartilage
extracellular matrix, and inflammatory responses have been linked with
susceptibility to knee OA (Adatia 2012). Genetic susceptibility to the disease may
also occur through inherited variations in joint structure that promote a damaging
mechanical environment (Sandell 2012). Biological factors also have been
suggested to influence disease development, particularly biological changes in
the subchondral bone as these have been noted early in the disease process
(Baker-LePain and Lane 2012; Suri and Walsh 2012). Two potential pathways
have been suggested for OA initiation via bone but both require further
investigation: 1) local biological factors produced in the bone may be transmitted
to the AC via small channels and disrupt AC homeostasis, or 2) altered
subchondral bone turnover changes the bony geometry and/or mechanical

properties, which in turn promote a AC biomechanical environment favorable to
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OA development (Baker-LePain and Lane 2012; Laufer 2003). These theories
are additionally supported by the association of bone marrow lesions with some
instances of knee OA (Hunter 2006; Zhang 2011). Inflammation due to
systematic (e.g., obesity) or local (e.g., injury) factors has been correlated with
knee OA, but it is unclear whether it promotes OA initiation and/or development
(van der Kraan 2012). Similarly, body mass, lower limb alignment, activity, and
joint geometry are mechanical factors that have been linked with OA but whose
explicit roles remain unknown (Felson 1996, 2004).

Given the findings presented in the previous paragraph and the varied
ways that knee OA presents, the disease likely occurs through a complex
interaction of genetic, biological, and mechanical factors (Cimmino and Parodi
2005). Of these factors, substantial evidence suggests that mechanics exert a
strong influence on the disease process and warrant further research (Andriacchi
2009; Andriacchi and Mundermann 2006; Andriacchi 2004; Astephen 2008;
Besier 2008; Eckstein 2008; Fleming 2005; Maly 2008; McKinley 2004a; Sharma
2001b). For example individuals with injured anterior cruciate ligaments, which
are a population at high risk for knee OA, exhibit abnormal joint kinematics
several years before the onset of arthritic symptoms (Ristanis 2005; Stergiou
2007; Tashman 2004b; Tashman 2007). In this same population, individuals
whose injured limb displays unusually large anterior tibial translations have
biological markers of early AC degeneration under magnetic resonance imaging
(MRI) examination (Haughom 2012). These markers do not appear in injured

individuals with normal anterior tibial translations.
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Mechanical links also appear in the idiopathic OA population. Disease
severity, for example, has been associated with differing patterns of kinematics,
kinetics, and muscle activation among healthy, moderate OA, and severe OA
populations (Astephen 2008; Creaby 2010; Foroughi 2009; Heiden 2009; Hubley-
Kozey 2009). Lower limb alignment has also been found to distinguish between
rates and locations of knee AC loss (Brouwer 2007; Moisio 2011).

Based on these and similar findings, altered knee mechanics due to injury,
malalignment, or other mechanical factors are believed to shift the pattern of joint
contact from AC regions well-adapted to specific loading patterns to regions
poorly suited for such loads (Andriacchi 2009; Andriacchi 2004; Chaudhari 2008).
This sudden change of loading pattern may induce a deleterious AC stress state
to which the tissue is unable to adapt (Bevill 2008; Carter 2004; Koo and
Andriacchi 2007). Repetition of this loading state may eventually damage the
collagen matrix and initiate OA development (Anderst 2005; Anderst and
Tashman 2009; Andriacchi and Mundermann 2006; Carter 2004; Setton 1999).
Further work is required, however, to establish a clear link between abnormal
knee mechanics and OA. In particular, a detailed understanding of regional
variations in knee AC mechanics must be developed. This knowledge is critical to
determining whether spatial shifts of the AC loading pattern would produce the

hypothesized damaging AC stresses.
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2.2 Anatomy and Function of the Knee

The knee is an important lower limb joint and its healthy function is
essential for maintaining mobility and a high quality of life. The knee is composed
of three major bones: the distal portion of the femur, the proximal portion of the
tibia (tibial plateau), and the patella (Fig. 2.1). The knee can be decomposed into
two separate joints: the tibio-femoral joint based on the articulation of the femoral
condyles and the tibial plateau, and the patello-femoral joint formed by the
articulation of the patella over the trochlea region of the distal femur (Fig. 2.1)

(Flandry and Hommel 2011; Gray 1918).
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Figure 2.1: Schematic of the anterior view of the flexed knee. The trochlea
of the femur articulates with the patella to form the patellofemoral joint. The
condyles of the femur articulate with the tibial plateau to form the
tibiofemoral joint. The tibiofemoral joint is typically described as having
separate medial and lateral compartments. Yellow — bone, white — cartilage.
Adapted from www.conformis.com.
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Several soft tissue structures provide stability, ease of motion and/or load
support to the knee (Giuliani 2009; Goodfellow 1976; Gray 1918; LaPrade 20073a;
LaPrade 2007b; Sanchez 2006) (Fig. 2.2). These include, but are not limited to,
the anterior cruciate, posterior cruciate, medial collateral, and lateral collateral
ligaments that connect the femur and tibia at various locations; the crescent-
shaped medial and lateral menisci that rest on the tibial plateau; and the AC
covering the medial and lateral compartments of the tibial plateau, the femoral

condyles, the femoral trochlea, and the posterior aspect of the patella.
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Figure 2.2: Anatomy of the human knee joint. Adapted from
commons.wikimedia.org.

2.3  Articular Cartilage of the Knee
Articular cartilage serves an essential role in healthy knee function by

establishing a minimal friction environment and helping to dissipate joint loads
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(Hendren and Beeson 2009; Mow 1993). Articular cartilage depends on its
unique physiology and mechanical properties to maintain painless joint mobility
(Buckwalter 2005). Degeneration of AC is the hallmark of OA (Dieppe and
Lohmander 2005; Eckstein 2010), but the mechanism by which deterioration
occurs remains unknown. Knowledge of AC physiology and mechanics,
particularly regional variations in these properties, could lend important insight

into the OA disease process.

2.3.1 Physiology of Knee Articular Cartilage

2.3.1.1 General

Articular cartilage is a biphasic material composed of a fluid phase and a
solid phase. The fluid phase primarily consists of water and permeable ions and
represents 65% - 80% of the total tissue weight (Mow and Guo 2002). The
largest component of the solid phase is collagen, which represents 50% - 75% of
dry tissue weight (Hasler 1999; Mow and Guo 2002; Mow 1984). Collagen Il
fibers form a chemically cross-linked meshwork and represent 85 - 95% of the
collagen content (Eyre 1991; Hasler 1999). Collagen IlI, VI, IX, XI, XII, and XIV
molecules are also present but in small concentrations (Eyre 2002; Eyre 1991).
Negatively-charged proteoglycan macromolecules make up 15-30% of the solid
matrix by dry weight (Brandt and Palmoski 1976). Large aggregates of the
proteoglycans aggrecan and versican are immobilized within the collagen matrix
and produce a net negative charge in the solid matrix (Roughley 2006;

Sztrolovics 2002). This negative charge attracts and holds water within the
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tissue. Smaller proteoglycans (e.g., decorin, fiboromodulin) are also present in
much lower concentrations and are more mobile than their larger counterparts
(Noyori 1998; Roughley 2006). Chondrocytes form the final major component of
the solid matrix and are responsible for maintaining the tissue’s extracellular
matrix (Poole 1997). Chondrocytes represent approximately 10% of the total

tissue volume (Hasler 1999).

2.3.1.2 Depth-wise Properties

Knee AC is highly inhomogeneous along its thickness. The tissue has
been traditionally divided into four zones: the superficial tangential zone (STZ) at
the articulating surface of the cartilage, the middle (transition) zone (MZ), the
deep (radial) zone (DZ), and the calcified cartilage at the interface with the
subchondral bone layer (Poole 2001; Setton 1999) (Fig. 2.3). The relative
composition of the solid and fluid phases, the shape of the chondrocytes, and the
primary orientation of the collagen fibrils are zone-dependent (Mow and Guo
2002). In the superficial zone, the collagen fibers are densely packed, oriented
parallel to the AC surface, and display a moderate amount of in-plane anisotropy
(Eyre 2006). The chondrocytes are flattened, small, and densely packed (Poole
2001; Youn 2006). Proteoglycan content comprises a low 10% of dry matrix
weight (Muir 1970). Water makes up 85% of total tissue weight, the highest
proportion present along the zones (Hasler 1999; Treppo 2000).

Continuing along the depth to the relatively thicker MZ, the fibrils begin to

change orientation towards the direction perpendicular to the surface and their
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overall orientation becomes more random (Eyre 2006). The chondrocytes
assume a larger and more spherical shape, while the water content remains high
(Hasler 1999; Youn 2006). Proteoglycan content peaks at 25% of the dry matrix

weight (Maroudas 1968; Muir 1970; Setton 1998).
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Figure 2.3: Depth-wise physiology of human articular cartilage. Insets
highlight how the collagen fibril alignment and diameter changes along the
depth of the tissue. Adapted from Poole 2001.

Finally in the DZ the collagen fibrils form large-diameter, radially-oriented
bundles that that insert into the calcified zone (Jeffery 1991; Poole 2001). The
chondrocytes generally appear in radial columns in parallel to the collagen (Poole

1997). Water content drops to its lowest levels in this zone and proteoglycan

content also decreases slightly (Hasler 1999; Muir 1970).
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2.3.1.3 Regional Properties

Physiological inhomogeneity also manifests regionally but has been less
extensively documented compared to the tissue’s depth-dependent properties.
Femoral AC displays lower water content and higher proteoglycan content
compared to AC of the tibial plateau (Treppo 2000). Within the tibial plateau,
collagen fibrils are more densely packed in the periphery (i.e., the AC beneath
the menisci) compared to the center (Clark 1991) (Fig. 2.4). The peripheral
region also tends to possess a thicker STZ and a thinner DZ (Clark 1991).
Comparing mediolaterally, the lateral plateau tends towards higher overall

collagen density compared to the medial plateau (Clark 1991).

Figure 2.4: Schematic of the menisci on the tibial plateau. Physiological
differences have been determined between the cartilage beneath the
menisci and exposed cartilage. Gray — meniscus, white — cartilage, yellow —
bone, L — lateral, M — medial, A — anterior.

Regional differences within the distal femoral surface have been minimally

examined. Water and proteoglycan content have been found to be similar among

the trochlea, anterior femoral condyles, and posterior femoral condyles (Treppo
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2000). Within the trochlea, however, proteoglycan is lower in the region that
contacts the patella at 90° of knee flexion than in the region that makes contact

at 30° knee flexion (Froimson 1997).

2.3.2 Mechanics of Knee Articular Cartilage

The mechanical response of AC to applied loading is highly complex (Lu
and Mow 2008; Mow and Guo 2002). Several key features characterize the
response: time dependence, strain and strain rate dependence, anisotropy,

tension-compression non-linearity, and depth and regional inhomogeneity.

2.3.2.1 Time Dependence

Articular cartilage displays characteristic creep and stress relaxation
behavior (DiSilvestro and Suh 2001; Mak 1986; Mow 1980). Application of a
constant load or deformation produces an instantaneous strain or stress,
respectively, followed by a transient period of several seconds to minutes before
an equilibrium state is reached. This time dependent behavior arises from two
distinct mechanisms within the tissue: the viscoelasticity of the solid matrix (i.e.,
flow-independent stress) and the frictional drag force produced as the fluid phase
flows through the solid matrix (i.e., flow-dependent stress) (Mow 1984; Mow and

Wang 1999).
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2.3.2.2 Strain and Strain Rate Dependence

Cartilage behaves linearly in the low strain regime (i.e. 5 — 10% strain) and
stiffens non-linearly with increasing strains (Fig. 2.5) (Fortin 2000; Langelier and
Buschmann 2003; Lotjonen 2009; Wilson 2007). The intrinsic non-linearity of the
solid matrix is partially responsible for this behavior (Li and Herzog 2004b; Li
2002). Increasing strain also increases compaction of the solid matrix, the
density of proteoglycans, and the fixed charged density, which reduce the
permeability of the tissue (Mansour and Mow 1976; Muir 1970). This strain-
dependent permeability exerts a considerable influence on the tissue’s
mechanics (Lai 1981).

Articular cartilage stiffens not only with increasing strain but also with
increasing strain rate (Fig. 2.5) (Lai 1981; Langelier and Buschmann 2003; Li and
Herzog 2004b; Oloyede 1992). For example, the stiffness of AC compressed at
1x10°% strain/sec is an order of magnitude higher than AC compressed at
0.005% strain/sec (Oloyede 1992). The behavior of AC under strain rates elicited
by normal human activities, such as walking, is of particular interest for
understanding long-term AC disease processes, i.e. OA. Knee AC during these
activities deforms at a strain rate of approximately 100-1000% strain/sec (Liu
2010; Mann and Hagy 1980). The strain rate dependence of the tissue saturates
in this range (Fig 2.5). At this relatively high strain rate, there is insufficient time
for the fluid to move relative to the solid collagen matrix. Therefore, the AC
response is driven by the collagen matrix, and in particular the collagen matrix of

the STZ (Bader and Kempson 1994; Bader 1992; Mizrahi 1986). Consequently
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tissue can be approximated to behave nearly incompressibly under these
physiological loading rates, and any time-dependent effects can be effectively

ignored (Ateshian 2007; Mow 1980; Wong 2000).
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Figure 2.5: Stress-strain data from several bovine cartilage specimens
compressed over a range of strain rates. Data obtained from Oloyede 1992.

2.3.2.3 Anisotropy

Articular cartilage is highly anisotropic and this behavior is due largely to
the directional mechanics of the collagen fibrils of the solid matrix (Federico and
Herzog 2008; Jurvelin 2003; Kempson 1968; Kiviranta 2006). Collagen fibrils
supply maximum resistance to stretch along the fibril axis and substantially less
resistance to compression in any direction or to stretch along other axes
(Korhonen and Herzog 2008; Li and Herzog 2004a; Li 2005b). Therefore, AC
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exhibits preferred material direction in line with the predominant collagen fiber
alignment (Askew and Mow 1978; Federico and Herzog 2008; Jurvelin 2003;
Woo 1976; Woo 1979). The alignment of the collagen fibers also influences the
direction of fluid flow through the tissue (Federico and Herzog 2008; Reynaud
and Quinn 2006). Since the collagen fiber alignment varies depth-wise and
regionally (Clark 1991; Eyre 2006; Jeffery 1991), AC anisotropy may also vary
throughout the tissue (Ateshian 2009; Wilson 2006, 2007). In the STZ, AC has
been suggested to be at least transversely isotropic due to the tendency of the
collagen fibers to align parallel to the surface (Fig. 2.6) (Askew and Mow 1978;
Lanir 1987a). Orthotropicity (Chahine 2004; Chegini and Ferguson 2010; Wan
2010) and other more complex anisotropies (Ateshian 2009) also have been

suggested to explain various AC behaviors.

Figure 2.6: Scanning electron microscopy image of bovine cartilage
showing the collagen fibers extending upward from the subchondral bone
in the deep zone (DZ), changing direction through the intermediate zone,
and finally orienting parallel to the articular surface (AS) in the superficial
tangential zone. Reprinted with permission and copyright © of the British
Editorial Society of Bone and Joint Surgery, Jeffery 1991.
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2.3.2.4 Tension-Compression Nonlinearity

Articular cartilage can be as much as two orders of magnitude stiffer in
tension than in compression (Laasanen 2003; Li 2005b; Mow and Guo 2002;
Soltz and Ateshian 2000). The flow-independent response of the collagen matrix
dominates the tensile behavior of the tissue whereas the flow-dependent
response dictated by proteoglycan and water content produces compressive
behavior (Park and Ateshian 2006). The differences between these mechanisms
result in a marked tension-compression non-linearity (Chahine 2004; Huang

2001).

2.3.2.5 Depth and Regional Inhomogeneity

Depth-wise and regional inhomogeneities follow from AC’s physiological
inhomogeneity (Armstrong 1984; Chan 2009; Edelsten 2010; Oloyede 1992;
Swann and Seedhom 1993). Along the depth of the tissue, the tensile modulus
tends to be highest in the STZ and declines to its minimum in the DZ, regardless
of the relationship between the testing configuration and preferred collagen
direction (Mow and Guo 2002; Verteramo and Seedhom 2004). Conversely, the
compressive modulus is relatively low for the STZ and increases along the depth
(Chen 2001; Schinagl 1997; Wang 2001; Wong and Sah 2010). Hydraulic
permeability, i.e., the ease of fluid flow through the AC, also is lowest at the
surface, which is believed to be necessary to restrict fluid exudation from the
tissue and in turn maintain the high hydrostatic pressure required to support

normal joint loading (Federico and Herzog 2008; Gannon 2012; Krishnan 2003;
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Setton 1993). Shear modulus follows a different pattern: its lowest value occurs
in the MZ and it peaks in the DZ near the calcified AC boundary (Buckley 2010;
Buckley 2008). Axial, transverse, and shear strains accordingly display complex
non-uniformity along the tissue depth (Chan 2009; Erne 2005).

Mechanical inhomogeneity manifests regionally among the tibial plateau,
trochlea, and femoral condyles, as well as within each articulating area. Articular
cartilage covering the femoral condyles is stiffer on average than AC on the
corresponding tibial surface or the trochlea region (Barker and Seedhom 2001;
Jurvelin 2000; Swann and Seedhom 1993; Treppo 2000). Conversely hydraulic
permeability is lower in the femoral condyles compared to the tibial plateau
(Treppo 2000). Cartilage from the trochlea tends to be more compliant than AC
from the femoral condyles (Barker and Seedhom 2001; Shepherd and Seedhom
1999a).

Within the tibial plateau, the peripheral (covered by meniscus) regions of
the medial and lateral tibial plateaus tend to be stiffer and thinner than the center
(not covered by meniscus) regions of the plateaus (Barker and Seedhom 2001;
Shepherd and Seedhom 1999a; Thambyah 2006; Young 2007). High-resolution
mappings of tibial plateau stiffness, however, suggests that regional differences
are more complex than the peripheral versus central dichotomy (Swann and
Seedhom 1993; Young 2007). The extent of this variability, though, is not yet
known. Additionally, whether these mechanical variabilities manifest in consistent

patterns across the plateau remains unclear.
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Similar to the tibial plateau, the trochlear and condylar regions of the distal
femur are highly inhomogeneous (Swann and Seedhom 1993). Within the
condylar regions, the medial condyle may be more compliant than the lateral
femoral condyle (Barker and Seedhom 2001). Mediolateral variations across the
trochlea have not been studied but the contact pattern of the patellofemoral joint
preferentially loads the lateral aspect, followed by the medial and then grooved

central regions (Han 2005; Powers 1998).

20° 45°

Figure 2.7: Patellar contact areas on the trochlea (highlighted in red) at 20,
45, and 90 degrees of knee flexion. Reproduced with permission and
copyright © of the British Editorial Society of Bone and Joint Surgery,
Goodfellow 1976.

A “weightbearing” mechanical dependence also has been suggested for
the distal femur: areas of the condyles or trochlea that contact their respective
opposing joint surfaces between -5° and 30° knee flexion are considered

weightbearing regions and areas that tend to make contact only for knee flexion

angles greater than 30° may be considered less weightbearing (Fig. 2.7)
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(Goodfellow 1976; van Eijden 1986). Across the trochlea, AC of less
weightbearing regions was found to be stiffer, thinner, and less permeable than
AC of weightbearing regions (Froimson 1997). Although the mechanics have not
been examined between the weightbearing classifications of the condyles, the
less weightbearing regions tend to be thinner compared to weightbearing regions
(Koo 2011) and this may translate to tissue mechanics (Eckstein 2001). The AC
thicknesses of the external, central and inner thirds of each condyle also are
unequal, and the relative differences depend on position along the length of the
condyle (Hellio Le Graverand 2009; Li 2005a). Taken together, these findings
suggest the presence of unique region-dependent mechanics for both the
femoral and tibial AC surfaces although the details of these mechanics remain

unknown.

2.4 Analytical Modeling of Articular Cartilage

Analytical modeling represents an important tool for investigating AC
mechanics, injury, and disease processes. Analytical models of AC are
numerous and range from simple homogeneous linear elastic to complex multi-
phasic anisotropic viscoelastic formulations (Armstrong 1984; Cohen 1992; Gu
1997; Hayes 1972; Korhonen 2003; Kwan 1990; Lai 1991; Mak 1987; Mow 1989;
Myers 1984; Parsons and Black 1977; Wilson 2005a; Woo 1980). The following

sections provide a brief overview of several AC models.
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2.4.1 Single-phase Linear Elastic Model

The simplest AC models treat the tissue as thin isotropic linear elastic
layer (Hayes 1972; Sokoloff 1966). These models have been found to reasonably
approximate initial (f - 0) or equilibrium responses (f — o) to small deformations.
Single-phase isotropic linear elastic models are most commonly used in
conjunction with indentation experiments, joint contact problems, and other
scenarios in which time-, rate-, and direction-dependent effects are unimportant

(Blankevoort and Huiskes 1996; Donahue 2002; Hori and Mockros 1976).

2.4.2 Single-phase Viscoelastic Models

Single-phase viscoelastic models were subsequently introduced to
incorporate the time-dependent properties of AC. These formulations employed
either mechanical spring-and-dashpot assemblies (Hayes and Mockros 1971;
Parsons and Black 1977) or continuum-based approaches (Woo 1979; Woo
1980) to describe the creep response of the tissue. Recent work has revived this
approach for replication of the creep indentation response of patellar AC (Keenan
2012). Like the linear elastic model, the single-phase viscoelastic is best suited

for small deformations.

2.4.3 Linear Biphasic Model

The linear biphasic model provides an alternative approach to single-
phase viscoelastic models for analyzing time-dependent AC behavior (Armstrong
1984; Mak 1986; Mak 1987; Mow 1977; Mow 1980). The model represents AC
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as a porous incompressible linearly elastic solid filled with inviscid incompressible
fluid. Tissue stress arises from two-components: elastic strain of the solid matrix
and the frictional flow of fluid through the solid matrix. Time-dependent AC
mechanics (i.e., creep and stress relaxation) are accounted for by the stress
dissipation of these flow-independent and flow-dependent mechanisms. The
linear biphasic model is highly utilized for confined compression (Armstrong and
Mow 1982; Schinagl 1997), unconfined compression (Armstrong 1984; Brown
and Singerman 1986), indentation (Athanasiou 1991; Spilker 1992), and joint
contact (Ateshian 1994; Wu 1998) and represents the most popular AC modeling
approach. The linear nature of the model, however, prevents it applicability to
finite deformations. Likewise, its isotropic configuration neglects the depth- and
region-dependent mechanical properties of the tissue. Test configurations in
which relative fluid-solid velocity is low (e.g., unconfined compression) or strain
rate dependence is important also pose a challenge for the model (Taylor and

Miller 20086).

2.4.4 Variants on the Isotropic Linear Biphasic Model

Several approaches have been taken to improve the ability of the isotropic
linear biphasic formulation to predict finite deformations, mechanical anisotropy,
and rate dependence. To permit finite deformations, the biphasic model has been
revised to include a hyperelastic solid phase (Holmes and Mow 1990; Kwan
1990). These finite deformation biphasic models have been successfully

employed for several test configurations (Ateshian 1997; Suh and Bai 1998;
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Wang 2001). Several biphasic implementations also replace the constant
permeability of the linear model with an exponential term dependent on solid
matrix strain (Lai 1981).

Poroviscoelastic (DiSilvestro and Suh 2002; DiSilvestro 2001; Huang
2001; Mak 1986; Setton 1993), viscoelastic fibril-reinforced biphasic (Fortin 2000;
Li 1999; Soulhat 1999), and viscoelastic finite deformation biphasic (Li and
Herzog 2004a; Li 2005b) models have been developed to provide strain rate
dependence to the mechanical response. Tension-compression non-linearity can
be accounted for through the conewise linear biphasic model, which successfully
models different tension and compression responses in a single formulation (Li
2005b; Soltz and Ateshian 2000). Depth-dependent stiffness has been
incorporated into linear biphasic and fibril-reinforced biphasic models (Ateshian
2009; Wilson 2007; Wilson 2005a; Wilson 2004). Transversely isotropic (Askew
and Mow 1978; Lanir 1987a) and orthotropic (Bachrach 1998; Chegini and
Ferguson 2010) linear biphasic models have also been developed to

accommodate AC anisotropies.

2.4.5 Multiphasic Models

In recent years, a triphasic model has gained substantial traction (Lai
1991; Lu and Mow 2008; Sun 2004). This model extends the biphasic version
with the additional consideration of the moveable ions as a third phase. The
model predicts flow-dependent and -independent viscoelasticity, tissue swelling,

and other electrokinetic behaviors (Mow and Guo 2002). Other multiphasic
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continuum models and have also been proposed (Eisenberg and Grodzinsky

1985, 1987; Kovach 1996; Lanir 1987b).

2.4.6 Statistical Mechanics Models

Statistical mechanics is an alternative approach to continuum-based
models presented in the previous sections. In this framework a material is
represented as a cross-linked network of flexible molecular chains (Arruda 2011;
Arruda and Boyce 1993) (Fig. 2.8). The chains, which can be analogized to
“‘entropy springs,” produce significant forces when stretched but have minimal
resistance to compression, much like collagen fibrils. As the material is
deformed, the chains rotate and stretch to accommodate the deformation,
altering the statistical entropy of the chain network and producing network stress.
These models have two key components: the mathematical description of the
chains and the manner in which the chains are assembled to form a network.
Some common chain models include the freely jointed chain model (Kuhn and
Grun 1942) and the MacKintosh chain model (MacKintosh 1995). These chains
have been implemented into several different networks including the isotropic
three-chain (Wang and Guth 1952), isotropic four-chain (Treloar 1946), isotropic
eight-chain network (Arruda and Boyce 1993; Palmer and Boyce 2008) and

orthotropic eight-chain network (Bischoff 2002).
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Figure 2.8: Eight-chain isotropic network model (a) undeformed, (b) in
unconfined compression, and (c) in uniaxial tension. The chains rotate and
stretch to accommodate each deformation state. Adapted from Arruda
2011.

Statistical mechanics models may be useful in the study of physiological
AC mechanics because they offer the ability to predict finite deformations; utilize
few parameters, each with direct physical meaning; proficiently predict non-
linear, high rate viscoelastic behavior; and offer insight into the underlying
physiological factors driving mechanical behaviors due to their mechanistic
nature (Arruda 2011). Statistical mechanics models have been used to model
multiple finite deformation states in elastic polymers (Boyce and Arruda 2000;
Boyce 1994) and, more recently, in biological materials such as skin, cardiac
wall, ligament, tendon, and cell cytoskeleton (Bischoff 2000, 2004; Kihl 2005; Ma
2010; Palmer and Boyce 2008). Recently, a statistical mechanics model was
used to predict the non-linear response of knee AC compressed at 2.5% and

10% strain/sec (Brown 2009). The ability of a statistical mechanics formulation to

model AC behavior under physiological strain rates has not yet been examined.
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2.5 Summary

Knee OA is a musculoskeletal disease with widespread impact. Its
debilitating physical and economic effects, limited treatment options, and rising
prevalence among otherwise healthy young adults warrant immediate action to
better understand, prevent, and treat this condition. Ostensibly, abnormal knee
mechanics serve a critical role in the development and progression of OA.
However, without thorough knowledge of the regional heterogeneity of the
mechanical properties of healthy knee AC, the link between knee mechanics and
OA remains unclear. Knowledge of the extent to which mechanical properties of
healthy knee AC vary across the femoral and tibial surfaces is limited to studies
utilizing non-physiological strain rates, sampling at relatively few locations on the
joint surface, and/or including osteoarthritic specimens within the study
population. Since previous studies utilized very low or very high spatial
resolutions without any attempt to identify an optimal level, the spatial resolution
required to adequately quantify these variabilities is currently unclear. Beginning
with high resolution and simplifying until a minimum requirement is reached
would be a reasonable, but not yet attempted, approach to this problem.
Moreover, no study has attempted to identify patterns of regional variability in
mechanical properties that present across individuals, which, if determined,
would remove the limitation posed by requiring subject-specific cartilage
properties in theoretical models. Thus, a critical need exists to evaluate the
extent and pattern of mechanical variability of healthy human knee AC subjected

to a physiologically relevant strain rate.
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Likewise, computational models of the knee joint afford a powerful tool for
investigating the link between knee mechanics and OA. However, their success
depends on an accurate mathematical description of healthy AC mechanics
under physiologically relevant loading conditions. While several analytical AC
models are currently used, their ability to predict tissue response to the large
strains and high strain rates associated with normal human activity is limited.
Additionally, few models incorporate regional heterogeneity, which is likely critical
to the development of OA. Consequently, an analytical model for AC that
successfully predicts the heterogeneous, large deformation, high strain rate
response of AC is required to thoroughly investigate the relationship between

knee mechanics and OA.
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Chapter 3: General Methods for Experimental Studies

Specific Aims 1 and 2 of this dissertation utilized similar methods, including the
same cadaveric knees and mechanical testing techniques. For conciseness,
these will be documented herein and referenced in subsequent chapters. For

more detail of these methods please see Deneweth et al. (2013).

3.1 Knee Donors

Cadaveric knees were carefully chosen to ensure that healthy AC was
used for the studies. Osteoarthritis is associated with increasing age and body
mass index (BMI) (Blagojevic 2010; Muthuri 2011a). One in three individuals over
the age of 65 has OA (Boyan 2012) and individuals with BMI > 30 kg/m? were
shown to have a seven-fold higher risk of OA than individuals with BMI < 25
kg/m? (Toivanen 2010). Knee OA is also more prevalent among women and
African-Americans (Felson 2000; O'Connor 2007; Srikanth 2005). The integrity of
knee cartilage also can be compromised by physical trauma or alterations in
normal gait patterns (Carter 2004; Muthuri 2011b; Toivanen 2010).
With these factors in mind, inclusion criteria for knee donors were the following:

Age between 18 and 55 years old
BMI less than 26 kg/m?
Female

a0 oo

Caucasian
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e. No medical history of OA, osteoporosis, lower limb

It should be noted that activity level, joint alignment, and genetic factors also
might be linked to knee OA risk (McWilliams 2011; Sharma 2001a; Sharma
2001b) and in turn, the mechanical properties of knee AC. Data on these factors,

however, were not available from the agencies that provided the cadaveric knees

and therefore could not be controlled for directly.

Power analysis of preliminary data indicated that eight subjects should
ensure a minimum of 80% power to detect significant differences. Therefore,
eight unpaired fresh-frozen Caucasian female cadaveric knees were obtained for
the studies related to Aims 1 and 2. Relevant demographic information is listed in

Table 3.1. Mean age (+ one standard deviation) was 49 * 4 years and mean BMI

was 17 + 2 kg/m?.

Table 3.1: Knee donor demographics

injury or surgery, disease affecting lower limb
coordination or gait

Donor Side (y‘zgfs) (kgm:z) Cause of Death
1 Left 41 19 Cancer, Brain
2 Left 52 20 Cancer, unspecified
3 Left 54 14 Cancer, Small Bowel
4 Right 51 19 Cancer, Lung
5 Right 51 16 Cancer, Lung
6 Right 49 14 Cancer, Breast
7 Left 52 19 Cancer, Appendix
8 Right 44 18 Neurofibrosarcoma
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3.2 Mechanical Testing

The mechanical testing apparatus was a custom-built device (J.
Deneweth, H. lyer, K. Lapprich) designed for testing compliant materials at linear
speeds up to 1000 mm/sec (Fig. 3.1). It consisted of a high-speed electric linear
actuator (SMAC, Carlsbad, CA; positional accuracy: £0.001 mm), a dynamic load
cell (Dytran Instruments, Chatsworth, CA; sensitivity: 120 mV/N), a high-speed
video camera (Photron USA, San Diego, CA; maximum frame rate: 5400 HZ),
and a transparent acrylic water bath. The load cell was mounted at one end of
the bath such that its sensing surface faced inward and was perpendicular to the
line of action of the actuator rod. The actuator traveled horizontally directly in line
with the load cell and entered the bath through the opposite end. Compression
plates (Dytran Instruments, Chatsworth, CA; diameter: 15.78 mm) were attached
to the facing ends of the load cell and the actuator rod. The camera was mounted
over the water bath to record deformation of the AC specimen. Movements of the
linear actuator were synced with force and camera data acquisition using a
custom LabVIEW program (National Instruments, Austin, TX). This device has
been successfully used to extract the compressive properties of foam (H. lyer,

unpublished Masters thesis, University of Michigan).
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Figure 3.1: Schematic of the mechanical testing device used to test
cartilage specimens in unconfined compression. Adapted from Deneweth
2013.

3.3 Parameters of Mechanical Test

Unconfined compression was used to extract the tissue’s material
properties at each site of interest (Jurvelin 2000; Jurvelin 2003). Since walking is
the most common daily activity and gait mechanics are believed to play a role in
OA development (Andriacchi 2009), the strain rate and peak strain for the test
were selected to represent level-ground walking. For all pre-conditioning and
experimental trials, the nominal strain rate was 100% strain/sec (Liu 2010; Mann
and Hagy 1980). Peak displacement of the linear actuator was prescribed to
equal 20% nominal strain of the AC sample. Each unconfined compression trial
started at 0% strain followed by compression to peak strain and an immediate

return to 0% strain. The cartilage specimen remained immersed in phosphate-
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buffered saline (PBS) solution throughout the testing procedure. Ten pre-
conditioning trials were used to ensure a consistent tissue response, based on
pilot testing. Subsequently three separate experimental trials were conducted
while simultaneous force and video data were collected at 125 Hz. Each test
lasted 500 msec with an average of 62 frames of data collected. Several minutes
were allowed between trials for the specimen to re-equilibrate with the

surrounding solution.

3.4 Strain Analysis of the Tissue

The strain of the AC specimen was determined from digital image
correlation (DIC) (Ma 2010; Moerman 2009). Immediately prior to testing, a
random speckle pattern was applied along the thickness of the specimen using
black India ink (Fig. 3.2). Care was taken to cover the entire surface of the
specimen that was viewable by the camera. The speckle pattern was
subsequently used to optically track the deformation of the tissue using VIC-2D
2009 software (Correlated Solutions, Columbia, SC) (Ma 2010; Ma 2012).

Strain computation began with defining an area of interest (AOI) in the first
video frame of the trial (Fig. 3.3). The AOI was selected based on these criteria:

1. Speckle pattern was present throughout
2. Entire thickness of the specimen was covered

3. Edges of the specimen that curve out of the camera plane were
not included

4. Centered near the vertical midline of the specimen
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Note: when all criteria could not be met simultaneously, the criteria were

prioritized in the order in which they are listed.

Figure 3.2: Cartilage sample as viewed from overhead camera. The sample
is situated between the load cell (top) and actuator (bottom). A speckle
pattern has been applied to the side of the sample (black dots). The right-
hand image is a close-up view of the cartilage shown at the left.

Figure 3.3: Example of the placement of the area of interest (red) and
subset box (yellow) for performing digital image correlation strain analysis.
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Once an AOI was selected, a subset box, which established the amount of
pattern that will be used to track local deformations, was placed near the top and
midline of the tissue (Fig. 3.3). The subset box subsequently scanned through
the entire AOI, identifying the unique speckle pattern within the subset box at
each step. Once it identified local speckle patterns in the first video frame
(undeformed sample), it repeated the scanning process for each subsequent
frame. Speckle patterns in the current frame were correlated with the previous
frames to compute local strains. The software parameters for the analysis were
selected to maximize the tracking resolution and minimize untracked areas:

a. Subset box

i. Boxsize: 11 (pixels)

ii. Step size: 1 (pixel)
b. Correlation:

i. Interpolation: Optimized 8-tap

ii. Criterion: Normalized squared differences

iii. Subset weights: Gaussian weights,

iv. Search: Exhaustive search, Incremental correlation
c. Strain computation:

i. Filter size: 15 (pixels)

ii. Filter: Decay filter

iii. Tensor type: Lagrange

The software computed local deformations of the speckle pattern
throughout the AOI for each frame of the trial and converted them to local
Lagrangian strains (Fig. 3.4). The local strains were exported to Matlab
(Mathworks, Natick, MA) to be converted to average axial strain for the proximal,

middle, and distal thirds of the tissue (Fig. 3.5). Strain was found to be

41



inhomogeneous throughout the thickness of the tissue, so the average axial

strain was used for all analyses (Fig. 3.5).

Figure 3.4: Contour map of local axial strain computed in VIC-2D along the
thickness of the specimen. Colors indicate relative strain: red — least
compression, purple — most compression.
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Figure 3.5: Axial compressive strain gradient for a cartilage specimen.
Colored lines represent average local strain for the upper, middle, and
lower thirds of the tissue. The average strain (dashed line) for the whole
tissue was used to compute the stress-strain response curves and the
moduli.
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3.5 Determination of Cartilage Modulus

The non-linear nature of AC necessitated that the modulus be computed
at a predetermined level of stress or strain. Since the mechanical test was strain-
driven, a constant physiological strain of 10% was selected for modulus
calculations. The modulus of each AC specimen was computed from the loading
portion (rise) of the nominal stress-strain curve using Matlab. Nominal strain for
each video frame was obtained as detailed in Section 3.4. Nominal stress was
calculated by dividing the force of the current frame by the undeformed cross-
sectional area of the specimen. The raw nominal stress was plotted versus the
raw nominal strain for each trial. An exponential equation, y = Ae?*, was fit to the

raw data to smooth any noise in the nominal stress curve (Fig. 3.6).
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Figure 3.6: Calculation of E;oy%. The dashed line and triangles represent the
smoothed stress-strain curve and its discrete data points, respectively. A
line of best fit (blue) was drawn through Point A (red triangle) and the four
data points surrounding it (gray triangles). E;o;, was computed as the slope
of the blue line.
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The tangent modulus at 10% strain, Eo%, was calculated by fitting a line to
the smoothed stress-strain curve at 10% strain. First, the data point whose strain
(x-value) was nearest to but not less than 10% strain was identified. This point
was subsequently referred to as Point A with coordinates (x,,y,). Then, the

relative x distance of A from 10% strain was calculated as:

x, — 0.10
yep = —— (31)

Xg — Xq-1

The number of data points used to compute the modulus line was determined
from d,.; according to Table 3.2. The line of best fit to the selected points was

calculated (Fig. 3.6), and E1py% was defined as the slope of this line.

Table 3.2: Criteria for selecting data points to compute E;ox.

Total number of

Number of points Number of points o _
befi fit points including
efore (x4, ) after (x,,7,) o)
0<dy <025 5 5 -
0.25 < d,p < 0.75 2 ] )
0.75 < d,y < 1.00 3 ] ;

* (x4, ¥q) is the smoothed stress-strain datapoint whose compressive strain is closest to but not
less than 10% strain.
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Chapter 4: Heterogeneity of Tibial Plateau Cartilage in Response to a
Physiological Compressive Strain Rate

A manuscript based on the research presented in this chapter has been
previously published:
Deneweth JM, Newman KE, Sylvia SM, McLean SG, Arruda EM (2013).
Journal of Orthopaedic Research 31(3):370-75.

41 Abstract

Knowledge of the extent to which tibial plateau AC displays non-uniform
mechanical topography under physiologically relevant loading conditions is
critical to evaluating the role of biomechanics in knee OA. Cartilage explants from
21 tibial plateau sites of eight non-osteoarthritic female cadaveric knees (age: 41-
54; BMI: 14-20) were tested in unconfined compression at 100% strain/sec. The
elastic tangent modulus at 10% strain (Eso%) was calculated for each site and
averaged over four geographic regions: not covered by meniscus (l); covered by
meniscus — anterior (Il); covered by meniscus — exterior (lll); and covered by
meniscus — posterior (IV). A repeated-measures mixed model analysis of
variance was used to test for effects of plateau, region, and their interaction on
Eqo%. Effect sizes were calculated for each region pair. Epy was significantly
different (p < 0.05) for all regional comparisons, except | — Il and Ill — IV. The
regional pattern of variation was consistent across individuals. Moderate to
strong effect sizes were evident for regional comparisons other than | — |l on the

lateral side and Il — IV on both sides. Healthy tibial AC exhibits significant
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mechanical heterogeneity that manifests in a common regional pattern across
individuals. These findings provide a foundation for evaluating the biomechanical

mechanisms of knee OA.

4.2 Introduction

Knee OA has been suggested to develop via joint biomechanical
mechanisms (Andriacchi 2009; Andriacchi 2004; Astephen 2008; Deneweth
2010; Fleming 2005; Ristanis 2003; Sharma 2001b). Altered knee biomechanics,
due to injury or malalignment for example, may shift the AC contact pattern from
regions well-adapted to specific loading patterns to regions poorly suited for such
loads, inducing a deleterious AC stress state (Andriacchi 2006; Carter 2004;
Chaudhari 2008). Recent research supports this tenet; individuals with increased
anterior tibial translation following anterior cruciate ligament injury demonstrated
strong signs of early AC degeneration (Haughom 2012). A clear link between
knee mechanics and OA initiation within the human joint, however, remains to be
established.

Detailed knowledge of the mechanical response of healthy tibiofemoral
joint AC is critical in ascertaining a direct link between abnormal knee mechanics
and OA. While OA presents on both the tibial and femoral surfaces, the unique
interplay between the tibial plateau and the overlaying menisci potentiates large
AC mechanical variability (Shepherd and Seedhom 1999a) and provides a logical
starting point for such an investigation. Tibial AC appears to exhibit

inhomogeneity across its surface (Swann and Seedhom 1993; Thambyah 2006;
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Young 2007), but the extent to which it manifests under physiological load states
is largely unknown. Studies that provided detailed mapping of human tibial AC
mechanics used measurement techniques that do not reflect the short loading
periods (i.e. 15-300 msec) and high strain rates (i.e., 50-1000%/sec) experienced
by knee AC in vivo (Liu 2010; Swann and Seedhom 1993). Those that have
examined AC mechanics under more physiologically relevant conditions did not
provide detailed data for the entire tibial surface or included test specimens with
OA (Barker and Seedhom 2001; Shepherd and Seedhom 1999a; Thambyah
2006; Young 2007). The accuracy with which these findings can be extrapolated
to model and interpret the response of the entire AC surface under in vivo
loading conditions remains uncertain.

If biomechanical mechanisms of knee OA are to be successfully
understood, then there is a critical need to assess tibial AC mechanics for non-
osteoarthritic human tissue under physiological loading conditions, across the
entire tibial surface, and with high spatial resolution. Additionally, if these data
could be utilized to develop a universal template of AC mechanics, current in-vivo
screening and treatment modalities designed to combat OA progression would
be greatly enhanced by removing the need for subject-specific tissue properties.
The aim of this study, therefore, was to determine the extent to which non-
arthritic human proximal tibial AC exhibited regional mechanical properties under
physiologically relevant loading. We hypothesized that (1) the mechanical

properties of AC covering the proximal tibia are spatially heterogeneous across
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the tibial plateau, and (2) the mechanical inhomogeneity of proximal tibial AC

manifests in a consistent regional pattern across individuals.

4.3 Methods

4.3.1 Knee Donors
Cadaveric knees were used to obtain the AC samples. Inclusion criteria
are documented in Section 3.1 and demographic data for the donors of the eight

knees used in this study is listed in Table 3.1.

4.3.2 Cartilage Samples

To obtain the AC explants, each knee was dissected to expose the tibial
articular surface. The inner boundary of each meniscus was outlined on the
cartilage surface with black India ink, indicating its position in the unloaded knee
at 0° of knee flexion, and then removed. A 4 x 3 grid pattern was drawn onto
each plateau using black India ink such that a maximum amount of the plateau
fell under the grid. The typical grid cell measured five millimeters mediolateral by
eight millimeters anteroposterior. Full thickness cylindrical AC explants without
subchondral bone were extracted from the center of 21 cells (Fig. 4.1) of the grid
using a 4-mm diameter round-hole hand punch (McMaster-Carr, USA) and a
surgical scalpel (Lewis 1998). Explants were not removed from regions of
fibrillated cartilage, as identified by an India ink test (Meachim 1972). Each

explant was stored in PBS solution at -20°C until testing (Krishnan 2003; Ronken

48



2012), which has been found to maintain the mechanical integrity of the tissue

(Szarko 2010).

Posterior

Lateral
leIpoN

Figure 4.1: Numbered test sites on the tibial plateau from which cartilage
explants were procured. Solid lines represent the applied grid pattern used
to define the test sites. Dashed lines denote typical inner margins of the
menisci.

4.3.3 Mechanical Testing Procedure

Diameter and thickness measurements were obtained using digital vernier
calipers (resolution: 0.01 mm, Mitutoyo America Corporation, Aurora, IL) once
the explant had completely thawed in the PBS bath. Sample thicknesses ranged
from 0.9 - 4.4 mm. A speckle pattern was applied to the cylindrical surface of the
cartilage sample using black India ink, as detailed in Section 3.4. The AC
explants were tested using the device described in Section 3.2. The explant was
situated between the force sensor and actuator rod under a minimal (0.2 N) tare
load and allowed to equilibrate for 10 minutes (Jurvelin 2003). Testing proceeded
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as detailed in Section 3.3 with ten pre-conditioning cycles and three

experimental trials of 100% strain/sec unconfined compression.

4.3.4 Data Analysis

The average nominal stress and strain was computed for each
experimental trial according to the methods outlined in Section 3.4 (VIC-2D
2009, Correlated Solutions, Columbia, SC). Eyoy%, the elastic modulus at 10%
strain, was subsequently calculated from the nominal stress-strain curve (details
can be found in Section 3.5). The mean and standard deviation of E4y9 at each
(n = 21) site was determined. Based on pilot data and published methods for
quantifying regional variations in tibial geometry (Eckstein 2008; Swann and
Seedhom 1993), we hypothesized that the medial and lateral plateaus each
could be divided into four explicit regions: not covered by meniscus; covered by
meniscus — anterior; covered by meniscus — exterior; and covered by meniscus -
posterior. Therefore, the 21 test sites were grouped into these four regions (Fig.
4.2) and the region-based means and standard deviations of Ejpy were

calculated.

4.3.5 Statistical Analysis

The mean regional values of E;p9, were submitted to a repeated-measures
mixed model analysis of variance (ANOVA) to test for the effects of plateau
(medial or lateral), region (n=4), and the interaction of plateau*region (n=8).
Bonferroni-adjusted pairwise comparisons were made for all main effects. An
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alpha level of 0.05 denoted significance. The mixed model analysis was
conducted using SAS 8.0 statistical software (SAS Institute Inc., Cary, NC). The
effect size between two regions on the same plateau was evaluated using

Cohen’s d (Cohen 1988):

Eio05 — E109
10%,B 10%,A (41)

dap =
Sp

where d,; was the effect size between Regions A and B and E,y, 4, was the
mean value of Ejoy for Region A. s, was the pooled standard deviation of

Regions A and B calculated as:

nA+nB

sp = \/SAZ(nA - 1) + SBZ(nB - 1) (42)

where n, is the number of samples in Region A. The cut-off levels of d,g for

small, moderate, and strong effect sizes were 0.2, 0.5, and 0.8, respectively.

Posterior

Lateral
lelpaN

Figure 4.2: For regional analysis, the tibial plateau was divided into the
medial and lateral compartments. Each compartment was divided into four
regions: | - not covered by meniscus and Il - IV anterior, exterior, and
posterior one-thirds of the meniscus-covered area, respectively.
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4.4 Results

4.4.1 Eq by Test Site

Of the 168 explants, 40 were excluded due to surface fibrillation identified
by staining with India ink, damage incurred during extraction, or an inability to
elicit peak strains greater than 10%. For the remaining explants, the stress-strain
response under 100% strain/sec loading varied considerably (Fig. 4.3). Laterally,
Ep9% ranged from 4.69 MPa in the center of the plateau to 20.40 MPa on its
posterior edge (Fig. 4.4). Similarly for the medial plateau, E;p ranged from 7.01

MPa in the center to 30.83 MPa at the posterior margin (Fig. 4.4).
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Figure 4.3: Sample stress-strain curve for eight cartilage explants taken
from different sites on the same medial plateau. Under a strain rate of 100%
strain/sec, the explants demonstrated large differences in overall stiffness
despite being from the same knee. The explants from meniscus-covered
sites generally displayed steeper responses compared to sites not covered
by meniscus.
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D

Lateral

Figure 4.4: Mean and standard deviation of Eqy (MPa) across the tibial
plateau. The color mapping identifies the four regions into which the site
data were grouped for statistical analysis. Dashed lines denote the inner
margins of the menisci and circles indicate test sites.

4.4.2 E, by Region

Mixed model analysis revealed that when the 21 sites were grouped into
the four pre-defined regions statistically significant differences in Eqpy were
evident (Fig. 4.5). A significant main effect of region was found, F(3,20) = 14.71,
p < 0.0001. Planned comparisons revealed that region | had a significantly lower
value of Ejoy compared to region Ill and region IV (p < 0.001 for both cases).
Similarly, region Il was significantly less stiff than regions Il and IV (p = 0.003
and p < .001, respectively). No significant differences were present between
regions | and Il (p = 1.00) and regions Il and IV (p = 1.00). Examining the effect
sizes for these two comparisons (Table 4.1), the mean differences between Il
and IV were weak or small, whereas between | and Il the difference was

moderate on the medial plateau and nearly moderate on the lateral plateau.
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There was no significant effect on E;p9, due to medial or lateral plateau, F(1,7) =

1.61, p = 0.245, and no interaction of region*side, F(3,17) = 0.15, p = 0.928.
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Figure 4.5: Mean E;os, (MPa) across the four pre-defined regions of the tibial
plateau. Bars represent one standard deviation. Statistically significant (p <
0.05) differences between regions are indicated by *. Regions | and Il were
similar in magnitude and significantly less stiff than regions Ill and IV,
which did not differ significantly from each other.

In order to examine the consistency of the regional differences across
knees, the regional patterns of Eqpy in each of the eight knees tested were
compared qualitatively. Since no statistically significant differences were
observed in Ey oy between plateaus, data from both plateaus were averaged for
this analysis (Fig. 4.6). A consistent pattern was evident across the eight knees,

where regions | and Il were similar to each other and substantially less stiff than

regions lll and 1V, which were also similar to each other.

54



|
45 (=

40 I v
35

30
25

E1o%(MPa)

20
15
10
5 ‘ h I
0

K1 K2 K3 K4 K5 K6 K7 K8

Figure 4.6: Mean E;os, (MPa) across the four pre-defined regions of the tibial
plateau for each knee. K1 indicates Knee 1. A consistent pattern is evident
across all eight knees, with regions | and Il softer than regions Ill and IV. No
data is available for region | of K5 due to compromised cartilage quality in
that area of the plateau.
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Table 4.1: Mean, sample size (n), confidence interval (Cl), and effect size (d4s) for difference in E;os (MPa)
between regions

(|| -1 (Y -1l -1 nm-1v
Mean 2.40 15.49 13.29 13.09 10.89 -2.20
_ n 33 33 31 30 28 28
‘% 95% Cl (-1.55,6.36) (6.53,24.45) (5.08, 21.49) (2.73,23.44) (1.23,20.54) (-15.77,11.37)
- d,p 0.43 1.23 1.21 0.95 0.88 0.13
Effect Small Strong Strong Strong Strong Weak
Mean 4.04 15.49 18.79 11.46 14.75 3.29
_ N 38 41 43 25 27 30
% 95% Cl (-0.88,8.96) (9.14,21.85) (12.72,24.85) (1.93,20.99) (5.65, 23.85) (-6.78, 13.37)
= d,p 0.60 1.62 1.97 1.00 1.31 0.24
Effect Moderate Strong Strong Strong Strong Small




4.5 Discussion

Characterizing the response of healthy tibial AC to physiological loading
rates is critical to determining and counteracting the mechanism(s) of knee OA
development and progression. This study uniquely addressed this need by
quantifying the tissue’s stress-strain response under a physiologically relevant
strain rate at 21 sites across eight non-osteoarthritic human tibial plateaus. Study
outcomes confirmed that tibial AC exhibits non-uniform, region-specific
properties. Furthermore, these regional mechanical variations are consistent
across knee specimens, indicating that they may represent universal trends for
the study population.

The loading parameters used (100% strain/sec and 20% peak strain) were
consistent with those recently observed for in-vivo AC deformation during the
stance phase of gait (Liu 2010). AC displayed values of Eygy that ranged from
1.0 — 80.0 MPa, which agrees well with the work of previous authors (Shepherd
and Seedhom 1999a; Young 2007). Thus, the reported stress-strain behaviors
reflected those likely to occur under true physiological loading conditions. The
lateral and medial tibial plateaus were divided into 11 and 10 test sites,
respectively, to ensure that the most locations could be consistently sampled on
each plateau. A large variation in Eqpy was evident across the surface, with the
stiffest locations exhibiting E1py nearly five times larger than Eqq9 at the most
compliant sites.

Significant differences in Eqp, were observed when averaged and

compared across four respective regions of the medial and lateral plateaus.
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Reducing the 21 tibial surface sites into these regions afforded more tractable
and clinically relevant inferences regarding relationships between AC contact
patterns and tissue mechanics. For the medial and lateral plateaus, regions |
(i.e., not covered by meniscus) and Il (i.e. anterior third of the meniscus-covered
area) consistently displayed the lowest average Eqp%. Regions Ill and IV (i.e.,
exterior and posterior meniscus-covered, respectively) were stiffer than | and I,
but were minimally different from each other in terms of Ejpy. These findings
suggest that much of the variability in the mechanical response of tibial AC can
by adequately represented by three, rather than four, distinct regions, contrary to
our initial hypothesis. These regions, listed in order of increasing stiffness, are:
meniscus-uncovered, anterior meniscus-covered, and exterior-posterior
meniscus-covered. This result indicates that significant variability exists not only
between meniscus-covered and meniscus-uncovered regions but also within the
meniscus-covered area.

The regional pattern of E;p9 does not appear to be subject-specific in the
study population. Additionally, the plateau (lateral or medial) from which the
explant was taken did not contribute significantly to Eoy. Taken together, these
findings suggest that the regional mapping presented herein could serve as a
template for healthy tibial AC stiffness within this population.

The significant regional variations observed in the AC mechanical
response to physiological loads provide new insights for a potential mechanism
of OA development. During ambulatory gait, primary AC deformation typically

occurs in the center of the plateau where the AC is not covered by meniscus (i.e.,
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region |) (Andriacchi 2009; Carter 2004). Since this region was the most
compliant, it appears well adapted to sustaining large deformations, such as at
heel strike, without concomitant damage to the tissue structure. Adjacent test
sites exhibited substantially different tangent elastic moduli, suggesting that a
few-millimeter shift from the normal contact pattern may move primary loading to
stiffer and perhaps less suitable regions (e.g., regions Il and/or 1V). Depending
on concurrent changes in AC contact area and in the percentage of load born by
the menisci, similar magnitude deformations in these regions, which are 3-4
times stiffer than region |, could produce substantially larger stresses in the
tissue. Several studies have shown that knees with a surgically reconstructed
anterior cruciate ligament display increased anterior tibial laxity and external tibial
rotation during demanding functional tasks compared to their uninjured
contralateral knee or healthy control knees (Almekinders 2004; Deneweth 2010;
Tashman 2007). These altered joint kinematics could shift primary knee joint
contact to stiffer, less optimal tibial AC regions (Haughom 2012; Oiestad 2010;
Salmon 2006). Further research is needed to determine, given the findings of the
present study, whether such kinematic changes identified in vivo can indeed
promote OA development. Additionally, as osteoarthritic lesions are also highly
prevalent on the femur (Wirth 2009) work must be done to characterize the
mechanical variability of femoral AC (Chapter 5).

Several factors should be considered when interpreting the results of this
study. First, the AC mechanical response was characterized using a single

parameter, Eoy, to afford comparison with previous literature. This parameter,
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while insightful, does not fully capture the mechanics of non-linear tissue. A more
comprehensive data analysis using non-linear analytical models is forthcoming
(Chapter 7). Second, the menisci are known to translate as much as ten
millimeters posteriorly over the tibia during knee flexion (Thompson 1991). Thus,
some of the AC sites may experience both meniscus-uncovered and meniscus-
covered loading during the course of the gait cycle rather than the single type of
loading that their regional (I-1V) characterization suggests. This may explain
some of the variability found in Esy within each region. Third, as AC is a
viscoelastic tissue with strain rate dependent properties (Oloyede 1992),
extrapolation of these findings to describe the response of AC under higher rate
loading, such as during running or jumping, must be done with caution. Finally,
the applicability of these results to the general population is limited. The sex,
race, age, and knee health of the donors for this study were tightly controlled to
reduce inter-subject variability. Additionally, the specimens’ BMIs were lower
than the average population, and activity level and limb alignment information

were not available.
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Chapter 5: Distal Femoral Cartilage Exhibits Common Spatial Stiffness
Patterns In Response To Dynamic Loading

A manuscript related to the research presented in this chapter has been
submitted for consideration of publication:
Deneweth JM, Pomeroy SM, Arruda EM, McLean SG (2013). Journal of
Biomechanics. /In review.

5.1 Abstract

Spatial heterogeneity of knee AC mechanical properties has been posited
to influence knee OA development. However, the extent of mechanical
heterogeneity of distal femoral AC under high strain rate loading is not known. It
is also unknown whether the heterogeneity forms a common regional pattern
across individuals, which would be valuable to the study of knee OA. We
hypothesized that the mechanical stiffness of distal femoral AC significantly
varies across the femoral surface in a spatial pattern that depends on
mediolateral location and frequency of weightbearing contact. Cartilage explants
were obtained from 29 sites on the trochlea (9) and condyles (20) of eight non-
osteoarthritic cadaveric femurs and tested in unconfined compression at a
walking-like strain rate of 100% strain/sec. Mean elastic tangent modulus at 10%
strain (E10%) was determined for each site. Statistical analyses examined whether
variability in Eypy could be explained by spatial location on the distal femur. E;pq
varied by over 400% across the distal femoral surface in a consistent regional

manner. Within the trochlea, Eq9 of the lateral aspect was significantly higher
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than Eyoy of the central and medial regions. Condylar E4p¢ was significantly lower
in the anterior weightbearing region compared to the posterior portion of the
condyle. Taken together, these results indicate that distal femoral AC exhibits
large variations in its mechanical stiffness that follow distinct patterns in the
trochlea and condyles and that these patterns are consistent across individuals.
Identification of common mechanical patterns may reveal insight into the

development of OA across the distal femur.

5.2 Introduction

Articular cartilage serves an essential role in healthy knee function by
establishing nearly frictionless joint articulation and dissipating joint loads (Mow
and Guo 2002). Deterioration of AC leads to OA, a debilitating disease commonly
characterized by significant pain, swelling, and loss of mobility (Buckwalter
2005). The cause of knee OA remains unclear but joint contact mechanics are
believed to play a significant role in the disease process (Andriacchi and
Mundermann 2006). Since the loading pattern within the knee joint is non-
uniform (Feller 2007; Koo and Andriacchi 2007), knee AC is posited to possess
similarly non-uniform mechanical properties (Andriacchi 2009; Swann and
Seedhom 1993). A shift in the joint contact pattern due to an abnormal
mechanical profile, therefore, could alter the strain pattern in the AC and initiate
osteoarthritic degeneration. Understanding the extent to which joint mechanics
influences OA development relies on developing a clear understanding of the

mechanics of knee AC under loading scenarios relevant to daily living, i.e. normal
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gait. Regional variations in the elastic tangent modulus of healthy human tibial
AC have been detailed in Chapter 4. A regional mechanical analysis, however,
has not been published for AC covering the distal femur, the other major
articulating surface of the knee.

The degree of mechanical non-uniformity in healthy human distal femoral
AC, particularly when subjected to a physiologically relevant loading rate, is not
well known. Since knee OA may be linked to abnormal gait mechanics
(Andriacchi 2009), examining AC’s mechanical properties under a strain rate
consistent with that experienced in vivo during normal gait would lend important
insight into the disease process. Comparison of the two articulating regions of the
distal femur, the trochlea that articulates with the patella and the condyles that
articulate with the tibia, indicates that trochlear AC tends to be more compliant
than condylar cartilage (Barker and Seedhom 2001; Shepherd and Seedhom
1999a). A mapping of the two-second creep modulus at 50 sites across the distal
femur suggested that substantial mechanical variability also occurs within the
trochlea and condylar regions (Swann and Seedhom 1993). However, detailed
examination of mechanical variability within either region has not yet been
undertaken at a physiological strain rate.

The proximal one-third of the trochlea and the anterior portion of the
condyles primarily contact the opposing articulating surface between 0° and 30°
knee flexion (Goodfellow 1976; Li 2005a; Seedhom 1979), which is also the
range of motion for level-ground walking (Mann and Hagy 1980). Consequently

these regions can be classified as more-frequently weightbearing and the
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remaining area of each surface as less-frequently weightbearing (Froimson 1997;
Garg and Walker 1990; Goodfellow 1976). In the tibia, the more-frequently
weightbearing center of the plateau tends to have more compliant AC compared
to the less-frequently weightbearing periphery (Chapter 4). It is plausible that a
similar situation occurs with the femur. Additionally, the distal femur may have
non-uniform joint contact patterns mediolaterally that could create mediolateral
mechanical gradient (Garg and Walker 1990; Goodfellow 1976; Koo and
Andriacchi 2007, 2008).

Since OA lesions manifest in unique patterns within the trochlea and
condyles (Bae 2010; Cohen 2003; Seedhom 1979), knowledge of the mechanical
heterogeneity of each region could reveal important insight into the
corresponding OA disease processes through improved clinical understanding of
the AC’s mechanical susceptibilities and more accurate computational knee
models. Thus, the aim of this study was to determine the extent to which non-
arthritic human distal femoral AC exhibits regional mechanical properties under
physiologically relevant loading. We hypothesized that (1) the mechanical
properties of AC covering the distal femur are spatially heterogeneous across the
femoral trochlea and condyles, and (2) the mechanical inhomogeneity of distal

femoral AC manifests in a consistent regional pattern across individuals.
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5.3 Methods

5.3.1 Knee Donors
Cadaveric knees were used to obtain the AC samples. Inclusion criteria
are documented in Section 3.1 and demographic data for the donors of the eight

knees used in this study is listed in Table 3.1.

5.3.2 Cartilage Samples

Each knee was dissected free of all tissue, including the patella and
patellar tendon, and disarticulated from the tibia to expose the distal femoral
surface. Samples were not removed from regions of fibrillated AC identified by an
India ink test (Meachim 1972). A 3 x 3 grid pattern was drawn onto the trochlear
surface using black India ink such that a maximum amount of the region fell
under the grid (Fig. 5.1) (Swann and Seedhom 1993). The typical grid cell
measured 10 mm mediolateral by 13 mm proximodistal. Similarly, each condyle
was covered with a 2 x 5 grid pattern, with grid cells approximately measuring 12
by 15 mm (Fig. 5.1). Full thickness cylindrical AC explants without subchondral
bone were extracted from the center of the 29 grid cells using a 4-mm diameter
round-hole hand punch to isolate the sample from the surrounding AC and a
surgical scalpel to remove the sample from the subchondral bone (Lewis 1998).
Samples were stored in PBS solution at -20°C until testing (Krishnan 2003;

Ronken 2012).
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Figure 5.1: Example of grid pattern drawn onto the trochlea (upper) and
condyles (lower) of a cadaveric femur. The knee schematic (left) is drawn in
the sagittal plane with red rectangles indicating the regions shown in the
photographs, white indicating cartilage, and gray indicating bone.
Photographs (right) show coronal views of the knee taken from an anterior
position with the patella removed. Explants were extracted from the center
of each grid cell; the black circle indicates the typical location and relative
size of the cartilage explant.

5.3.3 Mechanical Testing Procedure

Diameter and thickness measurements were obtained using digital vernier
calipers (resolution: 0.01 mm, Mitutoyo America Corporation, Aurora, IL) once
the explant had completely thawed in the PBS bath. Sample thicknesses ranged
from 1.00 — 2.95 mm, which falls within the published range of knee cartilage

thickness (Cohen 1999; Shepherd and Seedhom 1999b). A speckle pattern was
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applied to the cylindrical surface of the AC sample using black India ink, as
detailed in Section 3.4. The AC explants were tested using the device described
in Section 3.2. The explant was situated between the force sensor and actuator
rod under a minimal (0.2 N) tare load and allowed to equilibrate for 10 minutes
(Jurvelin 2003). Testing proceeded as detailed in Section 3.3 with ten pre-
conditioning cycles and three experimental trials of 100% strain/sec unconfined

compression.

5.3.4 Data Analysis

The average nominal stress and strain was computed for each
experimental trial according to the methods outlined in Section 3.4 (VIC-2D
2009, Correlated Solutions, Columbia, SC). Espy was subsequently calculated
from the nominal stress-strain curve (Section 3.5). The mean and standard
deviation of Eypy at each (n = 29) site was determined. For regional analysis, the
trochlea was divided into six sub-regions: the medial, central, and lateral
weightbearing (WB) and the medial, central, and lateral less weightbearing
(LWB) areas (Fig. 5.2). WB was defined as the area contacting the patella
between 0° and 30° knee flexion, and LWB corresponded to cartilage in contact
with the patella beyond 30° knee flexion (Feller 2007; Garg and Walker 1990;
Goodfellow 1976). Similarly, the condyles were divided into four sub-regions:
medial and lateral WB and LWB (Fig. 5.2) (Li 2005a). Mean Epy was calculated

for the trochlea, condyles, and the ten sub-regions of each knee.
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Figure 5.2: For regional analysis, the trochlea was divided into six sub-
regions and the condyles were divided into four sub-regions (black
outlines). M - medial, C - central, L - lateral, WB - frequent weightbearing,
LWB - less-frequent weightbearing.

5.3.5 Statistical Analysis

A repeated-measures ANOVA was conducted to evaluate the effect of
primary region (trochlea or condyles) on Ejy%. To analyze the sub-regions, a
repeated-measures mixed model ANOVA was performed to test for the main
effects of side [medial, lateral, (central)] and contact frequency (WB, LWB) and
the interaction of the two factors on Ey. The trochlear and condylar regions
were analyzed separately. Bonferroni-adjusted pairwise comparisons were made
for all significant effects. The alpha level for significance was set at 0.05. All

statistical analyses were conducted with SAS 8.0 software (SAS Institute Inc.,
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Cary, NC). Due to the large number and complex nature of regions being

evaluated, effect sizes were not computed.

5.4 Results

5.4.1 Ejo4 by Test Site

Twenty-three (9.90%) cartilage samples were excluded from analysis due
to damage to the AC surface or peak strains less than 10%. Epy of the
remaining samples varied considerably across the femoral surface (Figs. 5.3 —
5.4). Within the trochlea, mean E;¢ ranged from 9.17 MPa to 32.95 MPa, while

on the condyles, mean Eoy ranged from 16.59 MPa to 41.37 MPa (Fig. 5.4).
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—— Troch 2
—— Cond 1
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Figure 5.3: Sample stress-strain curves at several sites on the trochlea
(Troch) and condyles (Cond) within the same distal femur. When
compressed at a 100% strain/sec, the explants demonstrated large
differences in overall stiffness despite being from the same knee.
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Figure 5.4: Mean and standard deviation of Eqy, (MPa) across the distal
femur. Solid lines encase the ten sub-regions for statistical analysis.
Circles denote test sites. M - medial, C - central, L - lateral, WB - frequent
weightbearing, LWB - less-frequent weightbearing.

5.4.2 Eq4 by Region

A significant effect of primary region on E;py was present, F(1,7) = 39.48,
p < 0.001. Mean Ey of the trochlea (16.45 + 6.27 MPa) was significantly lower
than mean Eqy9, of the condyles (30.20 % 6.63 MPa).

Significant sub-regional dependence was also evident within the trochlea
and condyles. In the trochlea, there was a significant main effect of side on E¢q,

F(2,13) = 9.55, p < 0.01. Planned comparisons indicated that mean Ejoy of the
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lateral region (26.06 + 14.90 MPa) was significantly higher compared to the
medial (11.57 £ 7.18 MPa, p < 0.01) and central (14.46 £ 10.13 MPa, p < 0.05)
regions (Fig. 5.5). No significant difference was evident between the medial and
central regions (p = 0.93). There was no main effect of contact frequency, F(1,7)
= 0.25, p = 0.63, with mean Ey for WB (15.46 + 9.96 MPa) approximately equal
to mean Ejoy for LWB (17.10 £ 13.18 MPa). No significant interaction of
side*contact frequency was present, F(2,10) = 1.10, p = 0.37. Region means
within each knee are documented in Fig. 5.6 to highlight consistency across
individuals.

The condyles displayed a pattern of regional dependence that was directly
opposite to the trochlear pattern (Fig. 5.7). There was a significant main effect of
contact frequency on Eyoy , F(1,7) = 17.55, p < 0.01. Mean E¢ was lower in WB
(24.47 £ 13.14 MPa) compared to LWB (34.01 + 16.24 MPa). There was no
significant main effect of side, F(1,7) = 2.55, p = 0.15. Mean E;q9 of the medial
condyle (29.09 + 15.46 MPa) was approximately equal to mean Ejpy of the
lateral condyle (31.18 + 16.03 MPa). No significant interaction occurred, F(1,7) =
0.56, p = 0.48. Mean values for the condylar regions of each knee are shown in

Fig. 5.8.
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Figure 5.5: Mean Ejoy (MPa) for the trochlear sub-regions. Bars indicate
one standard deviation and asterisks denote p < 0.05. The lateral sub-
regions had a significantly higher E;o;, compared to the central and medial
sub-regions. The weightbearing (WB) and less weightbearing (LWB) sub-
regions were not significantly different.

50 Medial WB
XX Medial LWB N
Central WB
40 | W Central LWB
Lateral WB N N
—_ NN Lateral LWB ]
£ 30
s N - o
w 20 N
N N N ]
10 N N L q
il | \ % % §
K1 K2 K3 K4 K5 K6 K7 K8

Figure 5.6.: Mean E;os (MPa) of the trochlear regions within each knee (K1 -
K8). WB - weightbearing, LWB - less weightbearing. Missing bars due to
compromised cartilage quality in that region.
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Figure 5.8: Mean Eq (MPa) of the trochlear regions within each knee (K1 -

K8). WB - weightbearing, LWB - less weightbearing.
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5.5 Discussion

Developing a thorough knowledge of the regional mechanical properties of
healthy human femoral AC is central to identifying the mechanism of knee OA
initiation. The current study sought to fill this critical knowledge gap by subjecting
AC specimens from 29 repeatable sites across eight femurs to unconfined
compression at a strain rate analogous to normal gait. The results of this study
appear to represent the first detailed regional mapping of healthy human distal
femoral AC mechanics elicited under a strain rate analogous to gait. In particular,
the study extends beyond current literature by examining specific patterns of
variability of Esoy%, the elastic tangent modulus at 10% strain, within the trochlea
and condylar regions. In doing so it demonstrated that substantial regional
mechanical non-uniformities are present within human femur AC and that these
non-uniformities follow similar patterns across individuals.

The trochlear and condylar regions displayed relative differences in Eyoy
that agreed well with previous work (Shepherd and Seedhom 1999a; Swann and
Seedhom 1993). The absolute values of Ejoy were higher in the present study
compared to these previous works and this difference was likely due to lower
strain rate used by Swann et al. (1993) and the low sampling resolution used by
Shepherd et al. (1999). Cartilage is a viscoelastic tissue that is highly strain rate
dependent with its stiffness increasing with increasing strain rate (Oloyede 1992;
Shepherd and Seedhom 1999a). Femoral AC also exhibits substantial

mechanical variability within the trochlea and condyles, as demonstrated by the
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current study. Consistently sampling a more compliant location on the femur may
lead to underreporting of the tissue stiffness.

In the trochlea, Epy% was significantly higher in the lateral sub-regions
compared to the central or medial sub-regions. During common physical
activities, the lateral structures of the knee and the laterally tilted angle of the
quadriceps combine to produce a predominant lateral pull on the patella
(Goodfellow 1976; Powers 1998). This action is almost entirely counterbalanced
by the prominent lateral aspect of the trochlea (Goodfellow 1976; Han 2005). The
large imbalance of stress placed on the lateral aspect of the trochlea throughout
the range of knee flexion likely results in the significantly higher lateral modulus
observed in the WB and LWB sub-regions.

Level ground walking, the most frequent joint loading activity, produces
stance-phase knee flexion angles that rarely exceed 30° (Mann and Hagy 1980;
Seedhom 1979), which suggested that differences in Ejpy would present
between the WB and LWB trochlear regions. However, we determined no such
statistical difference. Further examination of the data by region revealed that six
of the eight subjects did exhibit higher E4qs in LWB (Fig. 5.9). Of the remaining
two, one exhibited nearly equal average moduli across the WB and LWB regions
and the other exhibited WB moduli four times larger than LWB. While loading
occurs less frequently in the LWB region it typically corresponds to higher
patellofemoral joint forces, such as during stair ascent or descent, deep knee
bends, or rising from a chair (Goudakos 2009; Seedhom 1979). The higher LWB

modulus found in the majority of subjects may arise from the higher prevalent
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Figure 5.9: Mean Ejoy (MPa) by knee (K). (Upper) Weightbearing (WB) and
less weightbearing (LWB) sub-regions of the trochlea. (Lower) Medial (M)
and lateral (L) sub-regions of the condyles.
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stresses of this region. The lack of a consistent trend across all subjects may be
due to daily activity factors, such as lower limb range of motion, that were not
controlled for in this study.

The non-uniform properties observed for the trochlea region provide
important preliminary insights into OA development in the patellofemoral joint.
The cartilage in the central region was found to be relatively soft, even in the
LWB area, despite the relatively high stresses it is likely to experience
(Goodfellow 1976; Goudakos 2009). Likewise, osteoarthritic AC lesions in the
trochlea typically originate in the central LWB region and only extend
mediolaterally as the disease progresses (Bae 2010; Seedhom 1979). An
alteration in the joint mechanics that shifts primary contact from the lateral
trochlea to the central trochlea, as seen in many osteoarthritic knees (Herzog
1998), could plausibly increase the stress within central AC to levels that it
cannot sustain without damage. Further work is necessary to evaluate this
hypothesis.

Significant mechanical heterogeneity was also present on the femoral
condyles. The LWB region exhibited significantly higher E;q9 than the WB region.
At heel strike during walking, the femur and tibia are aligned in full extension. The
cartilage contact path begins anteriorly on the condyles but is posterior on the
condyle when the joint load peaks (Liu 2010; Mann and Hagy 1980; Shelburne
2005). Higher tibiofemoral joint forces occur during less common tasks, e.g.,
running or deep knee bends, and these tasks are also associated with deeper

knee flexion angles (Bingham 2008; Mann and Hagy 1980). Thus the WB AC
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experiences frequent lower-magnitude loading while the LWB AC undergoes
infrequent high-magnitude loading, which may explain its lower relative Eo
(Carter 2004).

Unlike the trochlear region, no mediolateral difference was determined in
the condyles. During walking the tibiofemoral joint center of rotation is located in
the lateral compartment, suggesting transmission of larger loads through the
lateral condyle (Hoshino and Tashman 2012). Similarly, contact stresses appear
higher on the lateral condyle compared to the medial condyle (Koo and
Andriacchi 2008). However, relative loading of the mediolateral compartments is
also influenced by lower limb alignment (Koo and Andriacchi 2008) and tibial
rotation (Kenawey 2011), which were not controlled for in this study. Post-hoc
examination revealed that only two of the eight specimens had higher medial
condyle modulus (Fig. 5.9). Of these two contradictory knees, Knee 4 also
exhibited an altered trochlear WB-LWB relationship that suggests it may have
demonstrated atypical habitual knee joint mechanics. Future work should further
clarify whether lateral compartment AC is generally stiffer than medial AC.

Osteoarthritic cartilage lesions tend to manifest on the lateral condyle in
the posterior, or LWB portion (Bae 2010; Gulati 2009). On the medial condyle,
however, lesions appear more anteriorly (Bae 2010; Gulati 2009). These two
regions represent the stiffest and softest areas of the condyles, respectively,
based on the results of the present study. It is unclear why lesions would
manifest in such disparate regions but it suggests that AC properties alone

cannot predict OA development. Joint mechanics that could alter and promote
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debilitative loading patterns in both regions, such as excessive tibial rotation
(Deneweth 2010), must be considered as well in future research efforts.

Several limitations apply to the current study that should be considered.
Study data came from middle-aged, non-overweight Caucasian female
specimens, which limits extrapolation to other demographic groups. Also as
noted, lower limb alignment, lower limb range of motion, and habitual activity
levels, which may all influence AC mechanics, were not examined in this study.
Accounting for these factors in future studies may reveal further mechanical
distinctions in femoral AC. The sub-region classifications used herein were based
on general mechanical profiles and known variations in AC morphology
(Froimson 1997; Garg and Walker 1990; Goodfellow 1976; Koo and Andriacchi
2008; Koo 2011; Li 2005a; Quinn 2005). These classifications were adopted due
to the lack of existing analysis of AC mechanics within the trochlea and condyles.
While other classifications may have revealed different sub-regional differences,
our current selection appeared most intuitive and relevant to normal joint
mechanics. Lastly, Es oy represents a linear description of a non-linear material
(Mow and Guo 2002). While the stress-strain curves exhibited similar curvature
such that a curve with a higher modulus at 10% strain also exhibited a higher
modulus at other strains, work has been completed (Chapter 8) to expand
analyses to include non-linear parameters that may provide a more complete

assessment of AC mechanics.
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Chapter 6: Evaluation of Hyperelastic Models for the Non-Linear and
Non-Uniform High Strain Rate Mechanics of Proximal
Tibial Cartilage

A manuscript based on the research presented in this chapter has been
accepted for publication:
Deneweth JM, McLean SG, Arruda EM (2013). Journal of Biomechanics.
In press.

6.1 Abstract

Accurate modeling of the high strain rate response of healthy human knee
AC is critical to investigating the mechanism(s) of knee OA and other cartilage
disorders. Osteoarthritis has been suggested to originate from regional shifts in
joint loading during walking and other high strain rate physical activities. Tibial
plateau AC under compression rates analogous to walking exhibits a non-linear
and location-dependent mechanical response. A constitutive model of AC that
efficiently predicts the non-linear and non-uniform high strain rate mechanics of
tibial plateau AC is important for computational studies of OA development. A
transversely isotropic hyperelastic statistical chain model has been developed.
The model’s ability to simulate the 100% strain/sec unconfined compression
response of healthy human tibial plateau AC has been assessed, along with two
other hyperelastic statistical chain models. The transversely isotropic model
exhibited a superior fit to the non-linear stress-strain response of AC.

Furthermore, the model maintained its predictive capability after being reduced
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from four degrees of freedom to one. The remaining material constant of the
model, which represented the local collagen density of the tissue, demonstrated
a regional dependence in close agreement with physiological variations in
collagen density and AC modulus in human knees. The transversely isotropic
eight-chain network of freely jointed chains with a region-dependent material
constant represents a novel and efficient approach for modeling the complex
response of human tibial AC under high strain rate compression. The anisotropy
and microstructural variations of the AC matrix dictate the model’s response,

rendering it directly applicable to computational modeling of the human knee.

6.2 Introduction

Deterioration of knee AC leads to severe joint debilitation in the form of
OA (Buckwalter 2005). Identifying the mechanism(s) that causes healthy AC to
degenerate into this diseased state is of high priority. While computational knee
models enable the systematic and controlled evaluation of potential OA disease
mechanisms (Wilson 2005b), the utility of these models’ results relies on the
accuracy of the modeled AC.

Articular cartilage poses a modeling challenge due to its complex
physiology and equally complex mechanical response. It consists of a solid
phase of cartilage cells (chondrocytes) embedded within an extracellular matrix
and a fluid phase of water and soluble ions (Poole 2001). The extracellular matrix
is composed mainly of cross-linked type Il collagen fibrils and negatively charged

proteoglycan macromolecules. The interaction of the solid and fluid phases
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creates a non-linear poroviscoelastic response to compressive loading (Mow
1984). Extensive work has been done to model this behavior (Boschetti 2006;
Hayes 1972; Lai 1991; Mak 1986; Wilson 2004). The short-term, high strain rate
response of AC, however, depends predominantly on the flow-independent,
intrinsic viscoelasticity of the matrix (Bader and Kempson 1994), which results
from the collagen meshwork and its entrapment of high-swelling aggrecan
macromolecules (Maroudas 1976). The collagen network in the STZ is
particularly important in the tissue’s response to high-rate loading (Mizrahi 1986).
These data suggest that the mechanical response of knee AC to high-rate
loading (e.g., walking) (Liu 2010) may be represented by using the collagen
meshwork and its anisotropy as the main input parameters. This unique
approach would afford representation of the non-linear elastic response of
cartilage with a low number of material constants to facilitate implementation in a
computational model of the entire knee joint.

The structural properties of the STZ are non-uniform across the tibial
plateau, which in turn may promote heterogeneous mechanical properties. The
regions of the plateau covered by meniscal tissue, for example, tend to have a
thicker STZ, more tangentially oriented collagen fibrils, and a higher collagen
density, compared to regions not covered by meniscal tissue (Clark 1991; Eyre
2006). Individual collagen fibrils are primarily tensile elements. Thus when the
collagen network is compressed, fibrils oriented perpendicular to the loading axis
will stretch and resist the deformation, while fibrils oriented parallel to the loading

axis will provide minimal load support. Therefore, regions with large amounts of
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tangentially oriented collagen fibrils, such as meniscus-covered regions, are
expected to exhibit larger compressive stiffness compared to other regions,
which has been supported experimentally (Barker and Seedhom 2001; Shepherd
and Seedhom 1999a; Young 2007). The regional variability, however, may be
more complex; we have demonstrated that AC elastic moduli beneath the
external and posterior portions of the menisci exceeded 300% of AC not covered
by the meniscus or beneath the anterior third of the meniscus (Chapter 4).
Insight into knee AC behavior and the development of OA, therefore, appear
better served by modeling both the non-linear and non-uniform elastic response
of the STZ.

Statistical mechanics models offer the ability to predict finite
deformations of hyperelastic materials with relatively few material constants
(Boyce and Arruda 2000). These mechanistic models are particularly powerful
because they offer insight into the underlying physiological factors driving
mechanical behaviors (Ma 2010). A material is represented as a cross-linked
network of flexible molecular chains (Arruda and Boyce 1993). The chains, which
can be analogized to “entropy springs,” produce significant forces when stretched
but have minimal resistance to compression, much like collagen fibrils. As the
material is deformed, the chains rotate and stretch to accommodate the
deformation, altering the statistical entropy of the chain network and producing
network stress.

Statistical mechanics models have accurately modeled multiple finite

deformation states in elastic polymers (Boyce and Arruda 2000; Boyce 1994)
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and, more recently, in biological materials (Bischoff 2004; Ma 2010; Palmer and
Boyce 2008). Since the driver of knee AC’s short-term response, the collagen
network, can be analogized to a statistical chain network, these models are
strong candidates for modeling the short-term response of AC (Brown 2009).
However, the ability of the model to replicate the high strain rates associated with
walking or the non-uniform mechanical properties of tibial AC remains unknown.
The aim of this study, therefore, was to develop a transversely isotropic statistical
mechanics model to simulate non-arthritic human proximal tibial AC mechanics
under physiologically relevant loading and compare it to existing isotropic
statistical mechanics models. We hypothesized that (1) the transversely isotropic
statistical mechanics model would accurately simulate the tibial AC stress-strain
response elicited under physiological loading, (2) the transversely isotropic model
would perform superiorly to isotropic statistical mechanics models, and (3) the
parameters of the transversely isotropic model would exhibit regional

dependency similar to that determined in Chapter 4.

6.3 Methods

6.3.1 Statistical Mechanics Models for Articular Cartilage

Three statistical mechanics model—isotropic eight-chain network of freely
jointed chains (FJC), isotropic eight-chain network of MacKintosh chains (MAC),
and transversely isotropic eight-chain network of freely jointed chains (Tl) were
used to simulated proximal tibial AC. Statistical mechanics models have two key

components: the mathematical description of the chains and the manner in which
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the chains are assembled to form a network. The freely jointed chain model
(Kuhn and Grun 1942) and the MacKintosh chain model (MacKintosh 1995) were
each implemented within an isotropic eight-chain network (Arruda and Boyce
1993; Palmer and Boyce 2008) to produce the FJC and MAC models,
respectively. Additionally, the freely jointed chain was placed in a transversely

isotropic eight-chain network (Bischoff 2002) to develop the Tl model.

6.3.1.1 Freely Jointed Chain

The freely jointed chain is a highly flexible unconstrained rotating chain
comprised of N rigid segments of length [ (Kihn and Grun 1942) (Fig. 6.1). One
end of the chain is fixed at the origin and the other end occupies a volume dv at
a location r with probability p(r). p(r) is determined from:

Br
sinh S,

Inp() = po = NGz fy + bn—-I) 6.1)

where p, is a constant, r = |r|, B, = L71(r/Nl), and L(x) = cothx — 1/x is the
Langevin function. The inverse Langevin is commonly computed from the Padé
approximation (Cohen 1991):

CED)

L71(x) =x D)

+0(x%) (6.2)

The position of one link relative to the previous link is uncorrelated, such
that all link angles have equal probability. Consequently the chain is highly
flexible and its resting end-to-end length r is much less than it's contour length
L = NI. Elongating the freely jointed chain to vector length r requires a tensile

force, f,nqin (Arruda and Boyce 1993):
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where the Padé approximation has been used to simplify the inverse Langevin, k

(6.3)

is Boltzmann’s constant (1.38065 x 102 J-K™"), and © is the absolute
temperature. The force-extension response of the change is non-linear; the force

remains low for small stretches and then rapidly increases as the stretch

approaches VN, typically referred to as the locking stretch (Fig. 6.2).
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Figure 6.1: Schematics of the two statistical chain models used to model
tibial cartilage. The application of tension (f) stretches the chain to vector
length r. (A) The highly flexible freely jointed chain, composed of N rigid
links of length 1. (B) The semi-flexible MacKintosh chain with contour
length L and persistence length /,. Adapted from Palmer 2008.
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Figure 6.2: Force-extension response of the freely jointed chain model.

6.3.1.2 MacKintosh Chain

The MacKintosh chain describes a semi-flexible statistical chain with
significant bending rigidity (MacKintosh 1995). Like the freely jointed chain, chain
tension is a function of L = NIl. However, the chain is also described by an
additional parameter, the persistence length [, (Fig. 6.1B). The persistence length
represents the length of the chain over which it appears straight. In turn, it
governs the bending rigidity of the chain; as [, increases, the bending rigidity
also increases (Fig. 6.3). Since the MacKintosh is semi-flexible I, = L (Fig. 6.1B).
The chain exhibits an average end-to-end resting length r, and an average
vector length under no applied tension r¢_,. L, lp, and r;_, are related by (Palmer

and Boyce 2008):
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170 = L0 = g1) (6.4)

The tension developed in the chain when it is extended to an end-to-end length r

can be written as:

. :k_®< 1 ) ", =80T/ 65)
chain lp 4(1 _ r/L)z L/lp _ 2(1 _ r/L) .
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Figure 6.3: Force-extension response of the MacKintosh chain as a
function of the persistence length, I, (um). L =1.02 pm.

6.3.1.3 Isotropic Eight-Chain Network (FJC and MAC)

The isotropic eight-chain network treats a unit cell of material as a cube
with sides aligned along the principal axes of stretch (Fig. 6.4) (Arruda and Boyce

1993). Eight statistical chains originate from the center of the cube and extend to
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each corner. Incorporating Eq. (6.3) into the isotropic eight-chain network yields

the strain energy, U, for the FJC model:

Achain ﬁ chain }

Uric = k@N{ in + 1
rre = MOV N Perain O S Benaan)

(6.6)

where n is the chain density, Acpaim = (A% + 4,° + /132)1/2/\/?, J; is the principal
stretch in the i direction (i =1, 2, 3), and B,pqin is the inverse Langevin (£1) of
Acnain/VN (Arruda and Boyce 1993).

Cartilage behaves as a nearly incompressible material under high strain
rates (Wong 2000) and is frequently modeled as incompressible (Ateshian 2007;
Brown 2009; Mow 1980). The deformation gradient for uniaxial compression or

tension of an incompressible material is:

A 0 0
1
= Az ° 6.7)
1
0 0 /\/z

where 1 is the axial stretch. Substituting Eq. (6.7) into Eq. (6.6), taking the
derivative of Eq. (6.6) with respect to 4, and solving for the unknown hydrostatic

pressure yields the nominal stress in the axial direction (Arruda and Boyce 1993):

nk6 VN . (Acnain 1
e =5 Tt ) (= V) 68
where
Achain = [(AZ + Z/A)/?’]l/z (69)

The stress response depends on two material constants: C, = nkf, an
independent parameter that reflects the chain density per unit volume of the

material, and N, the contour length of the chain.
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Figure 6.4: Eight-chain isotropic network model (A) undeformed and (B) in
unconfined compression. The chains rotate and stretch to accommodate
the deformation.

Similarly, the MAC strain energy is defined as (Palmer and Boyce 2008):

L
Uyac = nkO {— +1In(y) —In (L — 2lpy)} (6.10)
4l,y
r ro/lchain
—1——=1- .M
y=1-loq- D (6.11)

where n, k,09, and A.,,, are defined identically to the FJC model. Assuming

To = Tr=o, the axial nominal stress is:

L _ _rf=olchain
nke Ty 1 /1, ~ 6 /D

o1mac 3lp Achain 4(1 T'f:o/lchain/ )2
- L

- (A—-1/2%) (6.12)
L/lp —2(1- rf—OAChaln/L)]

Since 7y, is a function of [, and L [Eq. (6.4)], the response depends on only

three material constants: Cy = nk#, [,,, and L.

6.3.1.4 Transversely Isotropic Eight-Chain Network (TI)

An orthotropic eight-chain network was developed to simulate the

anisotropic non-linear behavior of soft tissue (Bischoff 2002). The model
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incorporates orthotropic anisotropy into the traditional eight-chain framework by
replacing the cubic unit cell with a rectangular prism of unequal, unitless sides a,
b, and c (Fig. 6.5). The material will exhibit the highest tensile modulus in the
direction of the largest dimension. Incompressibility is not assumed in the model
but a bulk compressibility term is included to maintain near-incompressibility
(Bischoff 2002). The total strain energy of the orthotropic eight-chain

configuration of freely jointed chains, Uy, 1., is (Bischoff 2002):

4 . i
Uoreno = Uo + r”fT(a(N; % W 4 in smﬁf;ﬁ - %ln [Agzaf;zzgzD T (6.13)
ot %{cosh[a(] ~1D]-13
and
B = L7 (p®/N) (6.14)
Bp = L~1(P/N) (6.15)
p=_Ja i tct=VN (6.16)

where U, is a constant, p® is the deformed length of the i

chain, P is the
undeformed chain length, A,_. are the stretches along the principal material axes,
] is the ratio of the deformed volume to the original volume, B controls the bulk
compressibility near ] = 1, and a is a constant that governs the curvature of the
hydrostatic pressure versus volume curve for large volume changes. If small
volume changes are assumed, i.e., in the case of near incompressibility, « is
typically set to unity.

This model can be simplified to a transversely isotropic model by setting

the in-plane dimensions b and c¢ equal to one another and assuming that the
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stretches in these two principal directions are equal (i.e., 4, = 1. = 1,) (Fig. 6.6).

This yields the strain energy for the TI model:

e @
nko P Bo Br | [;a2 5202
Up=Ug+——| N> |=—pD + m—L | - Z2 1p|29%2 6.17
T’°4<;N" nsinhﬁ;‘) mn[,,]+ (6.17)
B
ot ?{cosh[a(/ -] -1}
and
1
p =3 Jarh? + 222, (6.18)
1

P=\/N=Em (6.19)

_|L
= | (6.20)

Taking the derivative of the Eq. (6.17) to 4, and solving for the unknown

hydrostatic pressure yields the nominal stress in the axial direction:

_nk@( 2[/'1123p Br| )2 |:/122ﬁp Bp ) (6.21)

O T 4, p VN p VN

Please refer to Appendix B for a detailed derivation of Eq. (6.21). Four material
constants are required: C; = nk@; a, the unit cell dimension along the direction of
compression (1-direction); b, the unit cell dimension perpendicular to the direction
of compression (2- and 3- directions); and J. As the ratio of b:a, i.e., the degree of
transverse isotropy, increases, the initial slope of the stress-strain curve

decreases and the material stiffens rapidly at lower strains (Fig. 6.7).
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Figure 6.5: Schematic of the eight-chain orthotropic network model. The
unequal dimensions a, b, and ¢ produce an anisotropic deformation
response that is stiffest in the direction of the largest dimension. Adapted
from Bischoff 2002.

Figure 6.6: The Tl model replicated the transverse isotropy of the STZ by
setting the in-plane dimensions (b) equal to each other while keeping the
dimension along the compression axis (a) different.
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Figure 6.7: Unconfined compression response of the Tl model for several
values of b:a. Ck=0.134 MPa, N=13,/=a =1.

6.3.2 Experimental Data

The three models were simulated against the nominal stress-strain data
obtained in a separate study (Chapter 4). Data from Subject 1 was excluded
because it was missing data for several test sites. Donor demographics from the

knees used in this study (K2-K8) are can be found in Table 3.1.

6.3.3 Model Simulations
Each analytical model was implemented in Matlab (Mathworks, Natick,
MA). The unknown material constants were determined for each model using a

built-in numerical non-linear optimization scheme (Isqcurvefit.m) to minimize the
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squared difference between the model-predicted stress and the observed
experimental stress (Coleman and Li 1996). Inputs to the model were the
experimental strain, experimental stress, and initial guesses at the unknown
parameters. Outputs were the parameter values that provided the best fit to the
experimental data and the predicted stress computed with these values. The
unknown parameters were C; and N for the FJC model; Cg, lp, and L for MAC,;
and Cg, a, b, and ] for Tl. All parameters were constrained to be nonnegative as
they represented lengths, moduli, or a volume ratio. Additional constraints to the
Tl model were 0.05 <a:b < 20 with a,b> 1 to agree with experimentally
determined anisotropy (Jurvelin 2003; Wang 2003; Woo 1976) and J] <1

(Chegini and Ferguson 2010; Korhonen 2002).

6.3.4 Determination of Best-Fitting Model
To determine the most successful model, the final experimental trial for
each sample was submitted to the three model optimization schemes. Goodness

of fit was calculated as:

Zi(aexpi - O-predi)z

RZ=1- —
Zi(o-expi - O-pred)2

(6.22)

where Texp, is the experimental stress corresponding to the i" strain data point,

Opred, is the i predicted stress, and Oprea 1S the mean predicted stress.

6.3.5 Analysis of Regional Dependence
The formulation with the highest mean R? was used to evaluate whether it
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could predict location-specific dependence via the parameter C;,. The model was
modified such that all parameters except C; were assumed constant across the
tibial surface. This adjustment was made to isolate the effect of C; and to
evaluate the viability of the simplest version of the model. The values of the fixed
model parameters were determined from the results of the first set of simulations.
The modified model was simulated against all available data trials using the
same non-linear optimization scheme detailed in the Section 6.3.5.

Simulations with excellent fit to the data, R? > 0.97, were used for regional
analysis. Regional heterogeneity of C; was evaluated by dividing the medial and
lateral tibial plateaus into the same four regions used to evaluate the
experimental data (Chapter 4): not covered by meniscus (l), and the anterior (ll),
exterior (lll) and posterior (IV) thirds of the meniscus-covered area (Fig. 4.2). The

mean regional values of C; were computed for each region of each knee.

6.3.6 Statistical Analysis

Mean Cy values were submitted to a repeated-measures mixed model
ANOVA to test for the effects of plateau side (medial or lateral, n=2), region
(n=4), and the interaction of side*region (n=8) in SAS 8.0 (SAS Institute Inc.,
Cary, NC). Bonferroni-adjusted pairwise comparisons were made for all main
effects.

The effect size of each pairwise comparison was evaluated using Cohen’s
d, Eq. (4.1) (Cohen 1988). The values 0.2, 0.5, and 0.8 denote the cut-off levels

of d for small, moderate, and strong effect sizes, respectively (Cohen 1988). Only
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simulations with R? > 0.97 were included in the statistical analyses. An alpha

level of 0.05 denoted significance for all statistical measures.

6.4 Results

6.4.1 Determination of Best Fitting Model

The MAC configuration performed poorly (R? =0.900, Table 6.1, Fig.
6.8). FJC and TI, in contrast, provided excellent model fits across the entire data
set (R? = 0.995 and 0.999, respectively) (Table 6.1, Fig. 6.8). FJC and TI fit the
small subset of linear stress-strain responses equally well (Fig. 6.8). However, TI
was superior in fitting the non-linear stress-strain curves that were associated
with the majority of samples (Fig. 6.8). It was concluded that the TI model best
captured the tibial AC stress-strain response, and it was used for subsequent

analyses.

6.4.2 Analysis of Regional Dependence

The Tl model was modified such that a and b were fixed at representative
values of 1.00 and 1.33, respectively, based on the low variation in a and b in the
first set of simulations (Table 6.1). Additionally, AC was assumed to be
incompressible such that J = 1.00. Implementing the TI model with a = 1.00, b =
1.33, and J = 1.00 produced a good fit to the data (R? = 0.983, Fig. 6.8). Twelve
percent of the simulations were excluded for R?< 0.970. The mean values of Cy

for the remaining simulations are reported in Table 6.2.
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Figure 6.8: Representative simulation results for the FJC, MAC, Tl, and
Modified Tl models for (upper) nearly linear and (lower) non-linear stress-
strain responses. In the nearly linear case, the FJC and Tl curves fall
approximately on top of one another. In the non-linear case, Tl supplies a
superior fit to FJC, particularly for low strains. The MAC model poorly fits
the data in both situations.
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Table 6.1: Mean and standard deviation (SD) of parameter values and goodness of fit (R?) for the FJC, MAC,
and Tl simulations of tibial AC.

FJC MAC TI

Cr N R? Cr L, L R? Cr a b J R?

Mean 113.34 1.048 0.995 3017.08 4.76 2.215 0.900 207.88 1.010 1.315 0.978 0.999

SD 106.94 0.014 0.003 3006.73 1.28 0.547 0.124 168.66 0.055 0.057 0.046 0.001

Units for Cg: kPa



A significant main effect on C; was found for region, F(3,17) = 11.16, p <
0.001, Fig. 6.9. A pairwise comparison of mean C by region revealed significant
differences (p < 0.05) between regions | and lll, | and IV, Il and IIl, and Il and IV
(Fig. 6.9, Table 6.2). The relative pattern of variability across regions was similar
across subjects (Fig. 6.10). The mean difference of C, between each pair of
regions exhibited moderate to strong effect sizes except for I-Il and IlI-IV on the
lateral plateau and IlI-IV on the medial plateau (Table 6.3).

No significant main effect of side was determined, F(1,6) = 3.12, p = 0.13,
which indicated that mean C, was statistically the same between the medial and
lateral plateaus (Fig. 6.9). The small effect size between the medial and lateral
plateaus (d= 0.32) confirmed this finding. No statistically significant interaction of

region*side was determined, F(3,14) = 0.55, p = 0.65.

100



600 r ' !

500

400

C . (kPa)
W
8

200

100

I n m 1 L M

Figure 6.9: Mean Cr of the modified Tl simulations for the four regions (I —
IV) and the lateral (L) and medial (M) plateaus. Bars represent one standard
deviation. Asterisks (*) denote statistically significant differences (p < 0.05).
Cr of regions | and Il were similar in magnitude and significantly lower than
regions lll and IV, which did not differ significantly from each other.
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Figure 6.10: Mean regional Cr of the modified Tl simulations by knee (K2 -
K8). No data are available for region | of K4 because R? < 0.97. Region
values have been averaged across sides due to the lack of a statistically
significant difference between the medial and lateral plateaus. The relative
pattern of regional differences manifests similarly across the seven knees.
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Table 6.2: Mean Cr for the Tl model (a = 1.00, b = 1.33, / = 1.00) by knee and region. Blank cells reflect missing
experimental data or R? < 0.97.

LATERAL PLATEAU

MEDIAL PLATEAU

BOTH PLATEAUS

Knee | I 1] v | I 1] v I | 1] v
1 145.08 47.88 211.24  446.68 52.55 82.29 208.16  395.81 89.57 65.08 209.70 412.77
2 - 48.30 162.51 157.21 76.31 215.62 276.27 272.24 76.31 13196 219.39 233.90
3 141.77 138.49 266.48 336.25 106.18  556.00 406.23  333.28 129.91 27766 336.35 334.77
4 - 27234 34118 579.15 - 84.38 301.26  605.14 - 178.3 327.87 594.75
5 122.73 199.84 519.00 139.76 24935 176.47 44513  548.00 195.06 188.16 482.07 411.92
6 55.62 53.33 171.14 67.75 74.02 - 27549  400.89 67.89 53.33 223.31 178.80
7 96.56 86.47 226.63  254.27 87.32 - 512.32  272.96 92.86 86.47 369.47 265.48
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Table 6.3: Inter-region statistics for Cz (kPa) of the Tl model (a =1.00, b =1.33, / = 1.00).

REGIONS LATERAL PLATEAU MEDIAL PLATEAU
Mean Cohen’s Effect Mean Cohen’s Effect
A B p B-A 95% CI d Size B-A 95% CI d Size
| Il 1.000 8.82 (-48.92, 66.56) 0.12 Small 76.83 (-13.18, 166.84) 0.70 Moderate
| 1} 0.004 159.04 (38.73, 279.34) 1.01 Strong 240.76  (141.36, 340.17) 1.74 Strong
| v < 0.001 176.09 (68.29, 283.89) 1.38 Strong 305.21  (199.09, 411.34) 2.02 Strong
Il 1} 0.038 155.22 (20.59, 279.85) 0.90 Strong 163.93 (7.38, 320.49) 0.95 Strong
Il v 0.008 167.27 (47.77, 286.78) 1.20 Strong 228.38 (61.76, 395.00) 1.22 Strong
i v 1.00 -17.06  (-194.12, 160.01) 0.08 Weak 64.45 (-95.23, 224.13) 0.32 Small

Mean B — A: mean difference between regions A and B, calculated by subtracting the mean of region A from the mean of region B

Cl: confidence interval



6.5 Discussion

Three common statistical chain network models were evaluated to
determine whether these formulations could represent the non-linear, non-
uniform elastic response of healthy human tibial AC to a compression rate
consistent with walking. Successful use of computational models to investigate
the underlying mechanisms of OA development can be enhanced by a
constitutive model that reflects physiologically relevant human AC behavior with
a minimal number of physically-meaningful material constants (Keenan 2012).
The results of this study suggested the transversely isotropic eight-chain network
with freely jointed chains (Tl) appears to be such a model.

The Tl model successfully simulated a wide range of experimentally-
determined tibial plateau AC responses (Chapter 4). Moreover, its material
constants (Cg, a, b, and J) and inherent anisotropy accurately represented AC
physiology, which provides insight into the relationship between physiology and
mechanics. Physiologically, C; represents collagen density and mechanically
dictates the initial slope of the stress-strain response and influences its tangent
modulus. Cz may also reflect the integrity of the collagen matrix, with decreased
values indicating a reduced amount of intact collagen fibrils. The large variability
of Cr agrees well with the non-uniformity of collagen density in the STZ and AC
mechanical properties across the tibial plateau (Clark 1991; Young 2007). The
central regions of the joint, which tend to experience compressive loading
(Andriacchi 2009; Bevill 2008) and have a lower collagen density (Clark 1991),

also demonstrated lower mean Cy. In contrast, the posterior and lateral peripheral
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regions, which more frequently undergo shear loading (Andriacchi 2009; Beuvill
2008) and have a higher collagen density (Clark 1991), exhibited higher mean
Cr.- This suggests C; as a useful parameter for incorporating region-dependent
mechanics.

The ratio a : b represents the degree of transverse isotropy in the tissue.
The more the STZ collagen molecules align parallel to the surface, the greater
the expected anisotropy. Meniscus-covered regions tend toward a higher density
of parallel-aligned collagen compared to the meniscus-uncovered regions (Clark
1991). In the present study, however, a : b remained relatively consistent across
the tibial plateau. Considering the larger variability of Cy, this finding may indicate
that collagen density rather than alignment contributes more to the unconfined
compression response of the tissue. On average b > a, which is expected if the
in-plane tensile stiffness was greater than axial tensile stiffness. Lastly, |
indicates the compressibility of the tissue. /] remained nearly constant at 0.978,
which agreed with expectations (Wong 2000).

The Tl model was successfully simplified to an incompressible model with
a single material constant without compromising its ability to replicate tibial
plateau AC mechanics. The material constant that remained, C; , varied
regionally in accordance with the experimental findings presented in Chapter 4.
This suggested that regional mechanical dependence of the Tl model can be
established by representing the meniscus-uncovered, anterior meniscus-
covered, and exterior-posterior meniscus-covered regions with separate Cy

values while holding a, b, and J fixed (Fig. 6.11). This represents a unique and
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powerful approach to modeling human AC: the constitutive relation is driven by
the anisotropy and physiological variations (i.e., collagen density) of the STZ
matrix, which makes the model highly applicable to the human knee joint. Since a
regional shift in the joint loading pattern has been suggested to initiate knee OA
(Andriacchi 2009), a tibial AC constitutive model that successfully captures
regional stiffness variations could offer unique insight into the mechanisms of
disease development compared to current models. Further, its ability to capture
the non-linearity of the tissue with a single material constant is desirable for use

in whole joint computational models.

Posterior

Lateral
leip=aN

126.13 185.95

Figure 6.11: Mean Cr (kPa) for the uncovered (red), meniscus-covered
anterior (yellow), and meniscus-covered exterior-posterior (green) regions.
These regions are suggested for implementing spatial-dependent stiffness
into the Tl cartilage model.

The Tl model can be readily implemented into one of the many

commercial finite element packages that permit user-defined hyperelastic

materials. These routines typically require the model’s strain energy [Eq. (6.17)],
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its derivatives, and parameter values. To model the heterogeneity in human AC,
Cr (i.e., nk6) must be defined as a function of position across the AC surface,
while J, a, and b can be assigned the values used in the second part of this study.
An appropriate scenario for using the Tl model is a material with known
transverse anisotropy and a mechanical response that is largely dominated by
non-linear, recoverable deformation.

The single loading configuration used to examine the model and the
narrow demographic from which experimental data was obtained currently limits
the results of this study. The ability of the model to simulate tibial AC was
determined by fitting it to a set of unconfined compression data. However, it may
be advantageous for the model to represent multiple deformation states with a
single set of parameters. Therefore, future work should examine whether the TI
model can represent AC across the spectrum of potential deformation states.
Similarly, the model has been found to be successful with knee AC from
Caucasian females within a narrow age and BMI range. Thus, application of
these results to other populations, such as males, is not warranted at this time
and requires further investigation. Finally, a complete model of tibiofemoral joint
AC is desirable for investigating OA development as the disease affects both
tibial and femoral AC. The immediate next step of this research is to expand the
Tl model to describe femoral AC (Chapter 7). Despite these limitations, however,
the results of this study provide a novel and promising method for modeling knee
AC that could substantially advance research towards determining and

preventing OA.
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Chapter 7: Evaluation of Hyperelastic Models for the Non-Linear and Non-
Uniform High Strain-Rate Mechanics of Distal Femoral Cartilage

A manuscript based on the research presented in this chapter has been
submitted for consideration of publication:
Deneweth JM, Arruda EM, McLean SG (2013). Journal of Biomechanical

Engineering. In review.

7.1 Abstract

Knee AC exhibits complex mechanical behavior, even under high strain
rates, which poses a challenge to developing accurate and efficient AC models.
In particular, the tissue’s stress-strain response is non-linear and the stiffness of
the response is location-dependent. Recently, a statistical chain network
representing the transverse isotropy of the collagen matrix in the STZ of AC has
been developed. The model successfully simulated the 100% strain/sec
unconfined compression response of human proximal tibial AC. Moreover, the
model represented known spatial variations in the elastic modulus through a
single parameter. Given the success of the model, we desire to determine
whether these outcomes are equally applicable to healthy human distal femoral
AC so that a complete model of tibiofemoral joint AC can be developed. The
transversely isotropic model was employed along with two other statistical
network models to determine which model best simulated recently-obtained

unconfined compression data for healthy distal femoral AC. The transversely
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isotropic model fit the data excellently (R? = 0.999). The model was subsequently
simplified to depend on a single parameter and reapplied to the dataset. The
modified model maintained an excellent fit to the data (R? = 0.999), and its single
parameter varied in a statistically similar regional pattern (p < 0.05) to the
experimentally-obtained elastic modulus of the tissue. Outcomes suggest that
this model is suitable for modeling the spatially-varying, non-linear mechanics of
healthy human distal femoral AC. Implementation of this constitutive relation
within computational models of the knee will provide novel insight into the

relationship between joint mechanics, AC loading, and knee OA development.

7.2  Introduction

Knee OA afflicts 14% of the US population over the age of 26 and 37% of
the population over age 60, yet it remains a poorly understood disease
(Lawrence 2008). Computational knee models afford a powerful research tool for
investigating how the disease initiates and progresses (Bae 2012; Pena 2006;
Shirazi and Shirazi-Adl 2009). Computational studies in which joint kinematics
and kinetics are systematically varied and the effect on AC stress is determined
can indicate which loading patterns are most likely to initiate and/or promote OA.
However, the effectiveness of these models depends on the accuracy of the
constitutive relations describing the many structures making up the knee. In the
case of OA, in which the AC is heavily affected, the AC material model is

particularly important (Wilson 2005b).
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Selection of a material model requires balancing multiple criteria, such as
correct mechanical response for loading conditions of interest, use of parameters
with physical meaning that reveal insights into underlying mechanisms, and
computational efficiency, e.g., short running time and minimal number of
parameters (Hubbard 1993; Taylor and Miller 2006). For the study of OA,
appropriate loading conditions are those associated with walking and other
activities of daily living (Andriacchi 2009; Andriacchi and Mundermann 2006).
During level ground walking knee AC undergoes compressive strains at a
relatively high strain rate of 100%/sec and peak strains near 20% (Liu 2010;
Mann and Hagy 1980), which can be challenging deformation parameters for
popular AC models, e.g., the linear biphasic model and its derivatives (Armstrong
1984; DiSilvestro 2001; Taylor and Miller 2006).

The tissue’s viscoelastic and non-linear high strain rate response limits the
applicability of linear elastic models (Li and Gu 2011; Mow 1984). However, a
highly complex AC model could be avoided by focusing on the flow-independent,
intrinsic viscoelasticity of the AC solid matrix, which dominates the mechanical
response to high strain rates (Bader and Kempson 1994; DiSilvestro 2001;
Maroudas 1976; Mizrahi 1986). Hyperelastic statistical chain network models
have successfully modeled high strain rate, finite deformations of biological
tissues, such as aortic valve, skin, myocardium, tendon, ligament, and actin
cytoskeleton (Bischoff 2002, 2004; Kuahl 2005; Ma 2010; Palmer and Boyce
2008). The physical structure of these models is analogous to the collagen

network that forms the backbone of the AC matrix (Hasler 1999; Jeffery 1991).
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These models require a small number of physically-meaningful parameters,
enabling them to be executed in short computational times (Bischoff 2002; Boyce
and Arruda 2000; Palmer and Boyce 2008). Taken together, these findings
indicate that a statistical chain network model would be viable model for high
strain rate loading of human femoral AC.

Recently, it was determined that a transversely isotropic eight-chain
network with freely jointed chains (Tl model) could simulate the 100% strain/sec
uniaxial compression response of healthy human tibial plateau AC with high
accuracy (R? = 0.999) (Chapter 6). The transverse isotropy of the model reflects
the anisotropy of the STZ of AC (Clark 1991; Jeffery 1991), which is the zone
that most influences the AC matrix’s response (Mizrahi 1986). High accuracy was
maintained when the model was reduced to dependence on a single parameter
that represented the density of the solid collagen matrix. Experimentally-
determined regional variations in the tissue elastic modulus were captured by this
single parameter. Consequently this material model would be highly useful for
evaluating the role of regional loading patterns on the development of OA
(Andriacchi and Mundermann 2006; Chaudhari 2008). It is plausible that a similar
model would be equally effective at modeling the femoral AC of the knee.

The 100% strain/sec unconfined compression response of healthy distal
femoral AC has been recently documented (Chapter 5). Similar to tibial AC,
significant regional variations in the elastic modulus were determined across the
femoral surface. With this in mind, the aim of this study was investigate the ability

of the Tl model to simulate non-arthritic human distal femoral AC under
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physiologically relevant loading compared to existing isotropic statistical
mechanics models. The goal was to provide a complete material model for
healthy human tibiofemoral joint AC that can be readily implemented into whole
knee computational modeling schemes. We hypothesized that (1) the
transversely isotropic statistical mechanics model would accurately simulate the
femoral AC stress-strain response elicited under physiological loading, (2) the
transversely isotropic model would perform superiorly to isotropic statistical
mechanics models, and (3) the parameters of the transversely isotropic model

would exhibit regional dependency similar to that determined in Chapter 5.

7.3 Methods

7.3.1 Statistical Mechanics Models

The isotropic eight-chain network of freely jointed chains (FJC), isotropic
eight-chain network of MacKintosh chain (MAC), and transversely isotropic eight-
chain network of freely jointed chains (TI) presented and employed in Chapter 6
were also used in the current study to simulate distal femoral AC. Please refer to

Section 6.3.1 and Appendix B for additional details of the models.

7.3.2 Experimental Data
Unconfined compression data from a separate study (Chapter 5) were
used for model simulations. Demographic data related to this dataset is

presented in Table 3.1 (K2-K8).
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7.3.3 Model Simulations
Simulations were conducted in Matlab (Mathworks, Natick, MA) to find the
set of model parameters that optimized the modeled stress to the experimental

stress. A detailed description of the methods can be found in Section 6.3.3.

7.3.4 Determination of Best-Fitting Model

To determine the most successful model, the final experimental trial for
each sample was submitted to the three model optimization schemes. Goodness
of fit determined from the R? value [Eq. (6.22)], with higher values indicating a

better fit.

7.3.5 Analysis of Regional Dependence

The formulation with the highest mean R? was used to evaluate whether it
could predict location-specific dependence via the parameter C; in a similar
manner to that described in Section 6.3.5. The model was modified such that all
parameters except C; were assumed constant across the femoral surface. The
values of the fixed model parameters were determined from the results of the first
set of simulations. The modified model was simulated against all available data
trials using the same non-linear optimization scheme used in Section 7.3.3.

Simulations with excellent fit to the data, R? > 0.97, were used for regional

analysis. The distal femur was divided into two primary regions (trochlea and
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condyles), six sub-regions within the trochlea, and four sub-regions within the
condyles, similar to the regional divisions used experimentally (Chapter 5) (Fig.
5.2). The trochlear sub-regions were: medial WB, medial LWB, central WB,
central LWB, lateral WB, and lateral LWB. The condylar sub-regions were:
medial WB, medial LWB, lateral WB, and lateral LWB. WB and LWB areas
represented femoral AC contacting the opposing joint surface between 0° and
30° knee flexion and beyond 30° knee flexion, respectively (Feller 2007; Garg
and Walker 1990; Goodfellow 1976; Li 2005a). Mean Cr was computed for the

primary regions and the sub-regions.

7.3.6 Statistical Analysis

Mean Cy of the trochlea and condyle primary regions were compared via
repeated-measures ANOVA. For the sub-regions, the main effect of side [medial,
lateral, (central)] and contact frequency (WB, LWB) and the interaction of
side*contact frequency on C, were evaluated with repeated-measures mixed
model ANOVA. Statistical analyses were conducted separately for the trochlea
and condyles. In the case of significant main effects or interactions (p < 0.05),
Bonferroni-adjusted pairwise comparisons were made. All statistical analyses
were conducted with SAS 8.0 software (SAS Institute Inc., Cary, NC). Due to the

large number of regions being evaluated, effect sizes were not computed.
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7.4 Results

7.4.1 Determination of Best Fitting Model

The Tl model consistently provided the best fit to the experimental data
(R? = 0.999), followed by the FJC (R? = 0.995), and MAC models (R? = 0.906)
(Fig. 7.1). The MAC model tended to underestimate the stress at low strain and
overestimate it at high strain, whereas the FJC model slightly overestimated the
stress at low strains but matched the stress at high strains. The mean and
standard deviations for each model’s parameters are presented in Table 7.1. The
Tl model was used for the analysis of regional dependence as it had the highest
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Figure 7.1: Example of unconfined compression data (triangles) and
simulated fits of each model. Tl Modified is the Tl model with all parameters
fixed except Cr. The Tl model was most successful in fitting the
experimental data.
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Table 7.1: Mean and standard deviation (SD) of parameter values and goodness of fit (R?) for the FJC, MAC,
and Tl simulations of femoral AC.

FJC MAC Tl
Cr N R? Cr L lp R? Cr b ] R?

Mean 0.053 1.143 0.995 5.045 4.207 5.792 0.906 0.370 1.348 0.994 0.999
SD 0.047 1.390 0.005 2.667 0.907 0.902 0.075 0.615 0.248 0.005 0.001

Units for Cr: MPa



7.4.2 Analysis of Regional Dependence

The Tl model was modified such that only C; could vary by establishing
the following parameter conditions: a = 1.000 (from best-fit analysis), b = 1.348
(mean for best-fit analysis), ] = 1.000 (incompressible). The goodness of fit
remained high when the Tl model was implemented with these modifications (R?
= 0.981, Fig. 7.1). For regional analysis, 20.28% (100 out of 493 total) of
simulations were excluded due to R? < 0.970.

Mean Cp is tabulated by knee and sub-region in Table 7.2. C; was
significantly lower for the trochlea (0.533 + 0.476 MPa) compared to the condyles
(0.696 + 0.517 MPa), F(1,6) = 10.42, p < 0.05. Within the trochlea, there was a
significant effect of side on Cr, F(2,12) = 10.79, p < 0.01 (Fig. 7.2). Pairwise
comparisons determined no statistically significant difference between the medial
and central one-thirds (p = 1.00). However, Cy of the lateral sub-region was
significantly larger than Cr of the medial and central sub-regions (p < 0.01 for
both cases). This pattern was consistent across knees (Fig. 7.3). No statistically
significant effect of contact frequency [F(1,6) = 0.74, p = 0.422] nor of the
interaction of side*contact frequency [F(2,8) = 0.98, p = 0.418] was found for the
trochlea.

On the condyles, side did not have a significant main effect of Cy although
a trend of the lateral side being stiffer than the medial side was evident, F(1,6) =
4.07, p = 0.090. However, a significant main effect of contact frequency was

determined, with WB sub-regions demonstrating significantly lower C than LWB
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regions, F(1,6) = 10.48, p < 0.05 (Fig. 7.2 — 7.3). No significant interaction of

side*contact frequency was determined.
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Figure 7.2: Mean Cr by sub-region for the trochlea (upper) and condyles
(lower). Bars indicate one standard deviation. Hatching indicates less
weightbearing regions.
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Table 7.3: Mean Cr for the Tl model (a =1, b = 1.348, /] = 1) by knee and sub-region. Blank cells reflect missing
experimental data or R? < 0.97. Blank cells reflect missing experimental data or R? < 0.97.

TROCHLEA CONDYLES
Knee M WB cwB L WB MLWB CLWB L LWB M wWB L WB MLWB LLWB
1 0.094 0.085 0.244 0.107 0.125 0.272 0.228 0.335 0.270 0.707
2 0.217 0.462 0.404 0.158 0.480 0.617 0.504 0.614 0.617 1.465
3 - 1.349 1.658 1.532 1.389 1.811 1.620 2.163 1.658 1.862
4 0.130 0.320 - 0.324 0.078 0.379 0.215 0.375 0.208 0.543
5 0.189 - 0.196 0.300 0.191 0.550 0.598 0.535 0.439 0.634
6 0.411 0.604 0.963 0.121 0.122 1.594 0.358 0.595 0.657 1.008
7 0.314 0.194 0.521 0.144 0.404 0.733 0.256 0.483 0.607 0.332

M — medial; C — central; L — lateral; WB — weightbearing; LWB — less weightbearing
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7.5 Discussion

Variations in the mechanical properties of tibiofemoral AC have been
suggested to play an important role in the initiation of OA (Andriacchi 2004).
However, few AC models currently incorporate region-dependent mechanical
properties. The Tl model examined herein manifested similar regional
mechanical variations to those shown experimentally for healthy human femoral
AC via the parameter C. In the modified Tl modela=1,b=1,] =1, and C; was
selected to optimize the simulated stress to the experimental stress. Model
simulations against the entire experimental dataset produced values of C; that
varied regionally within each knee in a similar fashion to regional variations in the
AC elastic modulus (Chapter 5). Specifically, C; of the condyles was significantly
higher than C; of the trochlea. Within the trochlea, Cy of the lateral sub-regions
were significantly higher than the central and medial sub-regions, and no
dependence on contact frequency was present. Within the condyles, C; was
higher in the less weightbearing regions compared to the weightbearing regions,
but no mediolateral differences were present. This result indicates that
implementing a spatially-dependent C in the Tl model would allow the spatial
heterogeneity of the AC mechanical response to be modeled efficiently within
whole joint computational schemes.

The advantage of using the Tl model to represent the mechanical
response of human knee AC is that its physical design directly relates to the
structure of the AC solid matrix. Thus, the mechanistic nature of the model

enables exploration of the effect of various physiologically-based input
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parameters on the AC stress-strain response. In the context of knee AC, Ci
represents the volume density of intact collagen fibrils. Areas with fewer collagen
fibrils or with increased damage to existing fibrils (e.g., due to OA) will exhibit a
lower C;. The effect of Cy is reflected in the initial modulus of the stress-strain
curve; lower Cy dictates a lower initial modulus (Arruda and Boyce 1993).

The ratio a: b indicates the extent of transverse isotropy, with a:b > 1
occurring when the collagen fibers are more frequently aligned in the direction of
compression and a: b < 1 indicating that the collagen fibers are preferentially
oriented in the plane perpendicular to the compression axis (Bischoff 2002).
Collagen fibers in the STZ of knee AC align primarily parallel to the tissue’s
surface (Clark 1991; Jeffery 1991). The results of this study agree well with this
finding as a: b was less than one across for all test sites. If a depth-dependent
AC response is desired, the model could be extended to the entire thickness of
the tissue by allowing a: b to vary with depth: a:b < 1in the STZ, a:b = 1 in the
MZ where the collagen fibers transition from their parallel orientation at the
surface to their radial orientation near the subchondral bone, and a:b > 1 in the
DZ near the subchondral bone (Jeffery 1991).

The final parameter of the model is J, which governs the compressibility of
the tissue. If the tissue is incompressible, meaning that it deforms without
changing total volume, J = 1. Articular cartilage is composed mainly of water and
thus is nearly incompressible (Ateshian 2007; Wong 2000). In the present study J
remained nearly constant across regions and knees, which agrees well with the

physiology of the tissue and with previous findings for modeling tibial AC
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(Chapter 6). Therefore, we feel confident that ] can remain fixed near 1.00 for
modeling healthy knee AC. Likewise, changes in the water composition of the
tissue or the ability of the tissue to maintain its hydrostatic pressure (e.g., due to
severe matrix damage) could be modeled with a decrease inJ, although this
must first be validated.

The mean R? for the Tl model with all parameters fixed except C, was
very high, but 20% of the simulations were subsequently rejected for R? < 0.97.
Post-hoc repeated-measures ANOVA determined that mean b for high-rejection
test sites (50% or more rejected trials) was 1.287, which was significantly lower
than mean b for low-rejection sites (b =1.325), F(1,6) = 325.95, p < 0.001. This
finding suggests that the model is particularly sensitive to b in regions with less
anisotropy than average (i.e., lower b). Nonetheless all rejected simulations
demonstrated R? > 0.90, which is generally accepted as a high goodness of fit.
When the regional analysis for C; was repeated with all simulations included,
observed regional variations in C, remained the same. Consequently, the
modified Tl model would be an excellent method for modeling the high strain rate
response of femoral AC.

Several potential limitations may have impacted the generalizability of
study outcomes. The experimental data used for this study, for example, were
taken from a restricted demographic. Therefore, the extent to which these results
can be applied to the general population is unclear. Further work must be done to
validate the model against datasets from other demographics and, if necessary,

to determine relevant parameter values for these groups. The model also has
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only been evaluated for AC loaded in unconfined compression, but other
deformation states, e.g., shear, may also be relevant to AC degeneration
(Anderst and Tashman 2009; Setton 1995). Eight-chain networks have
successfully modeled multiple deformation states for polymers (Arruda and
Boyce 1993; Boyce and Arruda 2000), but this has not been examined with AC.
Additional research into the extent to which the current model parameters can
successfully simulate other important deformation states should now be
conducted. Despite these limitations, the Tl model appears to be highly valuable
for modeling of AC within whole knee computational models. Use of the TI model
will provide new insights into diseases associated with the non-uniform
mechanical properties of the tissue without compromising the efficient dynamics
of the overall model. If such steps are taken, efforts to implement and validate
the Tl model using a region-dependent C, within a valid knee joint model, should
initially be undertaken.

The Tl model as proposed in this paper can feasibly be implemented
within any commercial finite element package that permits user-defined
hyperelastic materials (e.g., Abaqus, Dassault Systémes, France). The model’s
strain energy Eqg. (6.17) would be supplied along with its derivatives and
parameter values. The strain energy can be simplified by using constant values
for all parameters except C; (i.e., nkf): a,a,],B = 1; and b =1.348. To model the
heterogeneity in human AC, C; must be defined as a function of position across

the cartilage surface (Fig. 7.4).
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Figure 7.4: Mean Cr for each sub-region of the femur as determined by the
Modified Tl model. These values can be used to implement region-
dependent mechanical properties into the Tl network model of femoral
cartilage. Solid areas indicate weightbearing sub-regions and hatched
areas indicate less weightbearing sub-regions. M - medial, C — central, L —
lateral.
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Chapter 8: Summary and Future Directions

8.1 Introduction

The overarching goal of this dissertation was to gain a more detailed
understanding of the non-uniform dynamic mechanical properties of healthy
human knee AC and to subsequently develop a constitutive relation to
successfully model these mechanics. Achievement of this goal would result in
fundamental knowledge of AC mechanics that is critical to illuminating the elusive
relationship between knee joint mechanics and OA development. With 10% of
the world population suffering from OA and rate of occurrence continually
increasing, these data are essential to preserving quality of life and long-term
health of a large number of otherwise healthy individuals. The four major self-
contained studies presented in this dissertation represent three key specific aims,
designed to build sequentially on each other to achieve this goal. A brief synopsis
of the key outcomes of each study is provided below, clearly demonstrating that
overall study objectives were achieved. Methodological limitations and
translational applications are also presented, which provide possible future

directions for this critical baseline research.
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8.2 Summary

In Chapter 4, the elastic tangent modulus at 10% strain (Eo%) was
determined at 21 locations across the tibial plateau. This represented the first
high-resolution, high strain rate mechanical mapping of non-arthritic tibial AC.
Moreover, it is the first study to attempt to identify regional mechanical patterns
across individuals. The key outcome of this study was that Eoy significantly
varied between regions. Although absolute values of the elastic tangent modulus
differed between knees, the relative regional differences within knees remained
consistent. Specifically, the pattern within the medial and lateral plateaus was (in
order of increasing stiffness): central plateau, anterior periphery, and exterior and
posterior periphery. While previous work has suggested that the meniscus-
covered periphery has uniform mechanical properties, these results indicate a
major paradigm shift: significant mechanical differences exist within the
meniscus-covered AC. In fact, the anterior meniscus-covered AC exhibits
mechanics much more similar to the central region than to the rest of the
meniscus-covered area. The results of this study indicate that healthy human
tibial plateau AC does have non-uniform mechanical properties.

Chapter 5 built on the work of Chapter 4 by documenting the spatial
mechanics of femoral AC of the knee. In this case, E1oy was evaluated at nine
locations on the trochlea and 20 locations on the condyles. Substantial
differences were evident among these 29 locations within each knee. As with
Chapter 4, to our knowledge this study represented the first high resolution, high

strain rate mapping and the first attempt to identify regional patterns of healthy
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human distal femoral AC mechanical properties. Examination of Eg, for the sub-
regions determined that, similar to the tibia, the relative regional differences
within knees were consistent, although absolute values differed between
individuals. Within the trochlea, the lateral one-third exhibited a significantly
higher modulus than the central and medial one-thirds. No significant differences,
however, occurred between the upper one-third of the trochlea (i.e., the area that
is most frequently weightbearing) and the lower two-thirds of the trochlea, which
is less frequently weightbearing. Interestingly, the condyles exhibited an opposite
regional pattern to the trochlea, which may indicate that knee joint motions
impact AC health in these regions differently.

The results Chapters 4 and 5 clearly indicate that modeling tibiofemoral
joint AC as a spatially uniform material is insufficient in applications where AC
stress or strain is an output of interest. Therefore, Chapters 6 and 7 sought to
develop and evaluate a material model that could incorporate the regional
mechanical non-uniformity of knee AC. In the course of this work, other modeling
issues were also addressed: permitting high strain rate loading, replicating the
non-linearity of the AC stress-strain response, producing accurate results for the
unconfined compression configuration, maintaining physiological relevance, and
minimizing model complexity and simulation time. To this end, a transversely
isotropic statistical chain network model was developed and compared to existing
isotropic statistical chain network models. Several key outcomes were
determined from these studies. First, the model was highly effective in modeling

the high strain rate, non-linear unconfined compression responses of both tibial
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and femoral AC samples from across the entire joint surface. Second, the model
also performed superior to the isotropic models. Third and most critically, the
model captured regional variations in AC mechanics through changes in a single
parameter (Cz). When all other parameters of the model were held fixed,
adjusting C, alone permitted the model to maintain an excellent fit to the
experimental data, regardless of spatial location on the joint. Relative differences
in this parameter between regions of each knee followed an identical pattern to
that presented in Chapters 4 and 5 for Es 4. These outcomes suggest the
transversely isotropic eight-chain network as a novel alternative to current
modeling approaches for high strain rate, unconfined compression. It uniquely
addresses the need to model spatially-varying AC mechanical properties, which

is largely absent from current AC models.

8.3 Limitations
The studies in this dissertation represent significant advances in the
identification and modeling of knee AC mechanics. However, several limitations

should be considered when interpreting the outcomes of this research.

8.3.1 Limitations of Experimental Data

The population from which knee AC samples were taken was not
representative of the general population. All knee donors were female,
Caucasian, middle-aged, underweight, and suffering from various cancers at time
of death. Further work is required to determine whether current outcomes apply
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equally to other population demographics, such as males and overweight
individuals.

Limited information was available for each knee donor: age, BMI at death,
cause of death, and a brief medical history. Thus, factors that may influence
cartilage health, such as physical activity and BMI throughout life, static and
dynamic lower limb alignment, and any unreported surgeries or injuries were not
accounted for in these studies. Additionally, side effects of cancer and cancer-
related treatments (most individuals were on several prescription medications at
the time of death) may have caused physical side effects to these individuals that
influenced AC mechanics, such as weight loss and reduced physical activity.
Such subject-specific factors likely contributed to the absolute differences in
moduli values between knees, with some knees exhibiting higher overall moduli
compared to other knees. Consequently, repeated-measures ANOVA was
employed for statistical analysis to account for variance due to these between-
subject effects. Therefore, the relative moduli differences between regions are
generally applicable to the population represented by the study. Absolute values,
however, varied substantially between individuals and the mean regional values
presented in Chapters 4 and 5 should be applied outside the current test
population with caution.

Extensive care was exercised to ensure AC samples were not arthritic,
including stringent exclusion criteria for knee donors, rejection of knees that
revealed extensive AC damage upon dissection, and application of the India ink

test to identify arthritic tissue not apparent to the naked eye. In some knees,
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however, a few samples had to be excluded for osteoarthritic damage. In these
cases, the rest of the AC that was not osteoarthritic based on the India ink test
was included in the study. These steps were necessarily undertaken because
obtaining perfect AC even in relatively young individuals is nearly impossible.
However, AC adjacent to osteoarthritic areas may also be degenerative and thus
early arthritic AC may have been included in the study. To improve confidence in
our methods, some excluded samples were tested and found to be an order of
magnitude less stiff than healthy AC samples, including samples adjacent to
arthritic areas. Therefore, we feel fairly confident that the presence of unhealthy
AC within the study data was minimal at most. Nonetheless, these methods can
be improved in future work by incorporating histological tests in addition to
macroscopic examination to ensure the health of each AC sample.

Cartilage mechanics were determined by testing each sample in an
unconfined compression configuration. This configuration was chosen because it
is frequently used in the mechanical characterization of biological materials
including AC, (Armstrong 1984; Bader 1992; Ballyns and Bonassar 2011; Brown
and Singerman 1986; Cohen 1998a; Erne 2005; Fortin 2000), and it permitted
examination of local tissue mechanics without a confounding influence of the
surrounding material. Additionally, analysis of the data is straightforward and
requires no assumptions of geometry, Poisson’s ratio, or incompressibility that
are required by other testing configurations (Korhonen 2002). However, use of
this method required extracting each sample from the surrounding AC, which

would disrupt the integrity of the collagen matrix at the sample’s periphery and
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may have affected the results. However, as the main interest of Chapters 4 and 5
was relative differences in AC mechanics, rather than absolute values, and all
samples were extracted in an identical fashion, we feel that the use of unconfined
compression does not compromise the results of these studies.

Mechanical testing utilized walking-like parameters, 100% strain/sec and
10% nominal strain, to determine the elastic modulus. These parameters were
selected based on the limited data currently available regarding in-vivo AC
deformation. It is likely that the entire AC surface does not experience identical
strains or strain rates given the complex loading pattern of the joint, but these
local variations are currently unknown. As knowledge of spatial in-vivo AC
deformation improves, these analyses can be revised to improve understanding
of the regional AC mechanical properties most relevant to common joint loading
patterns. However, the stress-strain curves presented in Chapters 4 and 5 had
similar curvature, suggesting that relative differences at 10% strain would remain
consistent at higher or lower strains. This was similarly confirmed by Chapters 6
and 7 in which the stress-strain response was dictated by C, which controls the
initial modulus (i.e., small strain response) of the curve. Therefore, the results of
this dissertation still provide highly valuable initial insight into the regional
properties of knee AC.

Articular cartilage mechanics were evaluated with nominal stress and
strain rather than true stress and strain, which is typically preferred for large
strains (>5%) (Rees 2006). The linear actuator used for this study can currently

only produce constant strain rate tests, which precludes a true strain rate test
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because it requires continuous updating of the strain rate during testing.
Therefore, we felt that it was most appropriate to report data as nominal stress-
strain. This decision was additionally supported by several factors: the peak
strains for each test remained near the small strain regime, the study focused on
relative and not absolute values in moduli, and the nearly-incompressible nature
of healthy AC permits conversion from nominal stress-strain to true stress-strain
via:

o=s(l+e) (8.1)

e=In(l+e) (8.2)

where ¢ is true stress, s is nominal stress, ¢ is true strain, and e is nominal strain.
Furthermore, both the data and the model used nominal stress and strain, so
there is no loss of accuracy. Regardless of these facts, work is underway to
address the limitation of a constant strain rate within the testing protocols.

A final important limitation of the experimental studies pertains to the
classification of regions. Spatial regional analysis of knee AC mechanics is not
present in the literature. Therefore, the tibial and femoral regions adopted herein
were based on regional variations in knee AC thickness and physiology and the
non-uniform joint contact during walking and other activities. Particularly with
respect to the “weightbearing” and “less weightbearing” classifications, data
defining these regions is currently limited due to the minimal knowledge of in-vivo
AC deformations. It is plausible that different or additional regional classifications
would vyield different outcomes. However, we feel our chosen regions are

intuitive, based on known physiology and joint mechanics, permit ease of
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identification on MRI, and relate to distinct and informative spatial mechanical

patterns.

8.3.2 Limitations of Modeling Approach

As with all theoretical formulations of biological phenomena, several
assumptions were made in modeling the knee AC that must be considered in
applying the results. The model assumed that the AC was perfectly transversely
isotropic, that this transverse isotropy was uniform across the width of the tissue,
and the tissue was perfectly incompressible. The structure of the collagen matrix,
however, is highly complex (Cohen 1998b; Jeffery 1991; Moger 2009). While its
collagen fibers have a preferential direction in the STZ that appears similar to
transverse isotropy, this alignment changes throughout the tissue depth (Jeffery
1991) and the degree of anisotropy may vary across the width of the tissue
(Clark 1991). Likewise, healthy AC is nearly incompressible under high strain
rate loading due to its high water content, but not perfectly incompressible.
Compressibility, however, is influenced by loading rate, water content,
proteoglycan density, and relative ionic concentrations in the fluid (Bader 1992;
Lu and Mow 2008; Mow and Guo 2002). Nonetheless, even with incorporation of
these assumptions the model fit a wide range of data with excellent accuracy,
which largely justifies these assumptions.

The most valuable type of theoretical model can model multiple
deformation states of the same material with a single set of parameters. It also

can successfully simulate datasets other than the one against which it was
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validated. The AC model developed herein was validated against a single series
of unconfined compression experiments. Cross-validation has not yet been
conducted against other deformation states or experimental data sets. Our
current work represents a significant step in model development and proof of
concept, but is currently confined, therefore, to this testing configuration and
dataset. This limitation does not invalidate the model, but it does indicate a
critical avenue of further model development. Likewise, the AC constitutive model
has been developed with the goal of implementing it within a larger
computational model of the knee. We suggest in Section 8.4 a method for
executing this task. However, this work, while highly feasible, has not yet been
undertaken. Immediate steps will be undertaken to develop and validate a full
knee model that represents dynamic tibiofemoral AC behaviors via this TI

constitutive model.

8.4 Implications and Future Directions

8.4.1 Experimental studies

The results of Chapters 4 and 5, taken together, have important
implications for understanding OA development. Recent technological advances
have enabled in-vivo measurement of joint AC contact during dynamic
movements (Anderst 2005; DeFrate 2004). While changes in spatial contact
paths and frequency of loading can be identified with these techniques, the
extent to which such alterations would affect the stresses in the AC is unclear.

Incorporation of the regional tibial and femoral AC mappings developed herein
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can address this issue, which would provide essential insight for determining the
mechanism(s) of knee OA initiation and progression.

From a practical standpoint, this type of study could be implemented by
combining in-vivo dynamic joint imaging, i.e., via high-speed bi-plane fluoroscopy
(Deneweth 2010; Tashman 2007), or dynamic MRI (Barrance 2006; Carpenter
2009; Logan 2004) in conjunction with static MRI of the unloaded knee joint in full
extension. Biplane fluoroscopy or dynamic MRI would be used to determine the
path of AC contact as the subject performs a functional task of interest (DeFrate
2004; Kozanek 2009; Liu 2010). Separately, the static MRl would be used to
reconstruct a map of the subjects knee AC using 3D medical image
segmentation software (Baldwin 2010; Cohen 1999; Liu 2008). The spatial
regions evaluated in Chapters 4 and 5 would be defined on the segmented AC
surface to provide a high-probability mapping of the relative regional stiffness of a
subject’s knee AC. Finally, the dynamic joint contact path would be overlain on
the relative AC stiffness map. From this, several outcomes can be determined,
including the frequency with which each region was loaded during the task and at
what phase in the task the loading occurred.

This technique has immediate and critical benefits for studying which
regions of knee AC are more frequently loaded in patients at-risk for developing
OA (e.g., individuals with injured anterior cruciate ligaments). Additionally,
relative differences in regional AC contact patterns can be related to joint
kinematics to identify “risky” joint motions that disproportionately load high-

modulus regions. Incorporation of joint kinetics with regional AC moduli can be
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used to provide even better estimates of AC stress throughout the dynamic task.
Taken together, such efforts would afford relations between altered joint contact
patterns and potentially detrimental loading conditions for the knee AC to be
explored. Further, the ability for explicit clinical interventions to improve these
outcomes could be systematically investigated. While alterations in the joint
loading pattern have long been postulated to initiate knee OA, little direct
evidence exists to confirm that abnormal loading patterns that disproportionately
load certain regions of AC are present in high OA-risk populations. Therefore,
these additional insights would be highly advantageous to the study of knee OA

development and the long-term goal of drastically reducing global OA incidence.

8.4.2 Modeling Studies

Based off the results of Chapters 6 and 7, an immediate avenue of future
work is to implement the model within a finite element computational scheme.
The transversely isotropic eight-chain network developed in this thesis is an
anisotropic hyperelastic strain energy function. Such models can be implemented
into most commercial finite element packages as a user-defined material model.
Implementation, while not trivial, is relatively straightforward. Typically, the strain
energy equation (6.17) must be supplied along with its first and second
derivatives. Values of all fixed parameters also must be provided. Finally, the
material definition must include an algorithm for assigning C; based on the
spatial location of each numerical integration point. Fixed and spatially-

dependent parameter values can be taken directly from Chapters 6 and 7. Once
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the model is implemented and validated in an independent AC numerical model,
it should be incorporated and validated within a whole knee joint model.

A valid knee model with regionally-varying AC affords a baseline for a
myriad of investigations examining knee joint function and health. For example,
“risky” kinematics, as identified from the research extensions of Chapters 4 and 5
or from other work, can be input into the model and regional AC stress and/or
strain can be output to evaluate the likelihood that suggested kinematic profiles
could initiate OA development. A number of key morphologic indices have been
additionally proposed to contribute to the risk of OA development and/or
progression (Bierma-Zeinstra and Koes 2007; Brouwer 2007; Prodromos 2008;
Smith 2006). Systematic variations in such factors, e.g. anterior cruciate ligament
stiffness or coronal plane knee alignment, can be conducted within knee models
with regionally varying AC to identify the relevant contributions of each factor to
local AC stress and/or strain and, in turn, OA risk. Surgical and rehabilitative
interventions can also be examined with the model to determine the extent to
which they return AC stress/strain to “normal” levels. For example, high tibial
osteotomy is currently employed to limit medial compartment OA progression
(Gomoll 2011; Rossi 2011) by altering the mechanical axis of the knee. It is
unclear, however, how changing the mechanical axis of the knee affects the AC
loading pattern. Cadaveric methods, which are typically used to study high tibial
osteotomy, are hindered by the finite experimental life of the cadaveric knee and
cannot indicate cartilage stresses (Javidan 2013; Van Thiel 2011). These issues

can be overcome by employing computational simulations within knee joint
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models with spatially-varying AC properties, which allow an infinite number of
experiments and can predict regional AC stress.

In conclusion, the outcomes of this dissertation substantially advance
research into the mechanism(s) of knee OA development through two key
outcomes. First, the relative moduli of healthy tibial and femoral AC have been
mapped across the joint surface. These data provide critical knowledge into the
extensive variability and spatial pattern of knee AC mechanics that is crucial to
establishing relations between abnormal knee joint motions and OA initiation.
Second, a novel non-linear constitutive relation that successfully models the
spatial variations in knee AC moduli has been developed. This model will
substantially improve current dynamic computational knee models, particularly
for the study of knee OA development, by incorporating locally-dependent moduli
without compromising model efficiency or accuracy. The net result of this
research ultimately will be an improved quality of life for a large number of

otherwise healthy individuals suffering the debilitating consequences of knee OA.
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APPENDIX A

Tibiofemoral Joint Kinematics of the Anterior Cruciate Ligament-
Reconstructed Knee During A Single-Legged Hop Landing

Jessica M. Deneweth, Michael J. Bey, Scott G. McLean, Terrence R. Lock,
Patricia A. Kolowich and Scott Tashman
Am J Sports Med 2010 38: 1820-8.
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Publications, Inc., All rights reserved. © The American Orthopaedic Society for
Sports Medicine. http://ajs.sagepub.com/content/38/9/1820
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Tibiofemoral Joint Kinematics of the
Anterior Cruciate Ligament-Reconstructed
Knee During a Single-Legged Hop Landing

Jessica M. Deneweth,** Michael J. Bey,’ PhD, Scott G. McLean,*S PhD,

Terrence R. Lock,! MD, Patricia A. Kolowich,! MD, and Scott Tashman, PhD

From the 'Bone and Joint Center, and the Department of Orthopaedic Surgery, Henry Ford
Hospital, Detroit, Michigan, the *School of Kinesiology, and the SBone and Joint Injury
Prevention and Rehabilitation Center, University of Michigan, Ann Arbor, Michigan, and the
YDepartment of Orthopaedic Surgery, University of Pittsburgh, Pittsburgh, Pennsylvania

Background: Abnormal 3-dimensional tibiofemoral joint kinematics have been identified inanterior cruciate ligament-reconstructed
knees during functional gait tasks, which is suggested to directly affect risk of knee osteoarthritis. However, the extent to which
similar high-risk abnormalities are present during more demanding maneuvers, such as single-legged hopping, is largely unknown.

Hypothesis: When performing a single-legged forward hop landing, the reconstructed knee will demonstrate altered sagittal,
frontal, and transverse plane kinematics compared with the contralateral limb.

Study Design: Controlled laboratory study.

Methods: High-speed biplane radiography was used to quantify bilateral 3-dimensional tibiofemoral joint kinematics in 9 subjects
with unilaterally reconstructed anterior cruciate ligaments (mean time after surgery, 4 months) during 3 single-legged, forward hop
landing trials. Mean subject-based initial foot contact and maximum stance (0-250 ms) values were calculated for each kinematic
variable. Two-tailed paired t tests were subsequently applied to examine for the main effect of limb (reconstructed vs
contralateral).

Results: The reconstructed knees exhibited significantly greater extension (P = .04), external tibial rotation (P = .006), and medial
tibial translation (P = .02) than the contralateral knees atinitial contact. Reconstructed knees underwent significantly greater max-
imum flexion (P = .05), maximum external tibial rotation (P = .01), and maximum anterior tibial translation (P = .02). No significant
differences existed between limbs for initial contact (P = .65) or maximum adduction-abduction (P = .55).

Conclusion: Tibiofemoral joint kinematics of the anterior cruciate ligament-reconstructed knee are significantly different from
those of the uninjured contralateral limb during a single-legged hop landing. This altered kinematic profile, in conjunction with
the large impact loads associated with hopping, may further contribute to the risk of posttraumatic knee osteoarthritis.

Clinical Relevance: Returning to sports involving dynamic single-legged landings at 4 months after anterior cruciate ligament
reconstruction surgery may contribute to accelerated knee joint degeneration.

Keywords: anterior cruciate ligament; reconstruction; joint kinematics; osteoarthritis; hopping

Anterior cruciate ligament (ACL) rupture is a common and loss of play, approximately 50% of all ACL ruptures
sports injury, representing a significant source of pain, dis- lead to osteoarthritis within 10 to 20 years after the inci-
ability, and medical expense. A high percentage of ACL dent injury.:’o Consequently, it is not uncommon for post-
ruptures occur in young, healthy athletes during sports traumatic osteoarthritis to afflict persons as young as 30
activity."'® In addition to extensive short-term trauma years old.*! For patients of such a young age, successful

treatment options are limited, often necessitating cessa-
tion of strenuous activity.?!

"Address comrespondence to Jessica M. Deneweth, 401 Washtenaw

Avenue, Ann Arbor, MI 48109 (e-mail: jmden@umich.edu). Surgical reconstruction is the current standard of care

One or more authors has declared a potential conflict of interest: This for a ruptured ACL in physiologically young, physically
prgject was supported by grant AR046387 from the National Institutes of active persons. The primary goal of ACL reconstruction is
Health/National Institute of Arthritis and Musculoskeletal and Skin. the restoration of normal joint kinematics."® Indeed, dur-
The American Joumal of Sports Medicine, Vol. 38, No. 9 ing “low-demand” gait tasks such as level-ground walking,
DOI: 10.1177/0363546510365531 ACL-reconstructed knees have been found to demonstrate
© 2010 The Author(s) tibiofemoral joint kinematics similar to those of matched
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TABLE 1
Subject Characteristics®

Subject No. Age, y Sex Height, in Weight, 1b Graft Type Additional Procedures
1 27 M 75 210 HD Medial meniscal repair
2 22 F 64 155 HS Partial lateral meniscectomy
3 19 F 67 150 HD None
4 17 M 66 150 HD Medial meniscal repair
5 22 M 66 172 HD Mediallateral menisci repairs
6 23 F 68 150 HS None
7 52 M 70 194 AD None
8 49 M 72 170 AD Partial medial meniscectomy
9 28 M 7 190 HD Partial lateral meniscectomy

“HD, hamstring tend tograft double-bundle technique; HS, hamstring tend graft single-bundle technique; AD, allograft

double-bundle technique.

control knees.? Previous research suggests, however, that
this goal may not be readily achieved for more demanding
tasks, such as those that incorporate rapid deceleration
and/or pivoting. For example, during single-legged hopping
and single-legged vertical drop landing, ACL-reconstructed
knees were found to undergo significantly different
knee flexion motion than the uninjured contralateral
knees.?**?#* Furthermore, Papannagari and colleagues™
reported that ACL-reconstructed knees underwent signifi-
cantly more anterior tibial translation and external tibial
rotation while performing a single-legged lunge than the
healthy contralateral knee. Similarly, during downhill
treadmill running, ACL-reconstructed knees have been
reported to demonstrate significantly more adduction and
external rotation of the tibia relative to the femur than
the uninjured contralateral knees.*® These data strongly
suggest that ACL reconstruction fails to restore normal
joint kinematics during dynamic movement tasks. More-
over, it has been suggested that abnormal knee joint kine-
matics play a critical role in the initiation and progression
of knee osteoarthritis.®*'®

Patients who elect to undergo surgical reconstruction of
a torn ACL most often choose this treatment option because
they wish to return to preinjury activity levels, which are
typically high.*® Therefore, it is important to determine
the extent to which normal kinematics are restored during
movements relevant to this particular patient population.
Single-legged hop landings are synonymous with the
demanding jumping and cutting movements of hi%h-level
competitive sports, such as soccer and basketball.** More-
over, single-legged hopping induces larger vertical ground-
reaction forces than walking, running, or lunging % 2323854
Although it is likely that the high forces placed on the knee
joint by single-legged hopping elicit further kinematic differ-
ences between ACL-reconstructed and uninjured contra-
lateral knees,® accurate 3-dimensional (3D) kinematic
data to support this notion do not exist.

Therefore, the objective of this study was to use dynamic
radiostereophotogrammetric analysis (RSA; accuracy,
+0.1 mm*®*%“®) to evaluate 3D tibiofemoral joint kinemat-
ics in patients with unilateral ACL reconstruction during
the landing phase of a single-legged hop. On the basis of
previous studies of the ACL-reconstructed knee during

dynamic motions,”?%4? we hypothesized that the recon-
structed knee would demonstrate altered sagittal, frontal,
and transverse plane kinematics compared with the unin-
volved limb.

MATERIALS AND METHODS
Subjects

We enrolled 9 recreational athletes (6 men and 3 women)
who were undergoing primary arthroscopic reconstructive
surgery to repair a unilateral ACL rupture (Table 1).
Based on previous data comparing ACL-reconstructed
and uninvolved limb kinematics for downhill running,*®
we estimated that to achieve 80% power with an alpha
level of 0.05, a minimum of 7 subjects would be required.
Inclusion criteria were (1) no history of surgery to either
limb and (2) no damage to the injured limb other than
the ruptured ACL and minor meniscal tears requiring
removal of no more than one third of the radial width of
the meniscus. All subjects who matched the inclusion crite-
ria and who were undergoing surgery by one of the partici-
pating surgeons were contacted to participate in the study.
Mean subject age was 28.8 * 12.8 years. Mean time from
injury to surgery was 9.6 * 9.5 months. Mean time from
surgery to testing was 44 * (.7 months. We obtained
informed consent from all subjects, and the appropriate
institutional review board for human subject research
approved the study protocol

Surgical Reconstruction

The ACL reconstruction surgery was performed by 1 of 2
surgeons (P.AK. and T.R.L.). Graft type was not restricted
and included single-bundle hamstring tendon autograft
(n = 2), double-bundle hamstring tendon autograft (n = 5),
and double-bundle allograft (n = 2). For the single-bundle
reconstructions, the femoral graft tunnel was drilled using
a transtibial guide. For the double-bundle surgeries, the
posterolateral femoral tunnel was drilled through an acces-
sory medial portal and the anteromedial femoral tunnel
was placed using a transtibial guide. Interference screw
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fixation was used in all cases. During the ACL recon-
struction procedure, the surgeon inserted small tantalum
spheres (1.6-mm diameter) into the distal femur and prox-
imal tibia of both limbs using a cannulated drill.™ The
sphere placement was such that each bone contained 3
noncollinear spheres with a minimum 2-cm separation
between spheres. The surgeon did not attempt to place
the spheres at specific anatomical landmarks. The tanta-
lum spheres served as internal markers for the dynamic
RSA procedure employed in this study. This method has
been used extensively and reported in previous studies
by our research group.*5474?

Testing Procedures

After surgery, all subjects completed the standard rehabili-
tation protocol of our institution. The rate of rehabilitation
was dictated by the patient’s progress. Laboratory testing
took place once the physician cleared the subject to return
tolight sports activity, typically 4 to 5 months after surgery.
We used dynamic RSA to assess 3D tibiofemoral joint kine-
matics from biplane radiographic images acquired during
the landing phase of a single-legged forward hop. The
biplane x-ray system contains 2 x-ray gantries that are con-
figured with their beam paths intersecting at 60° in a plane
parallel to the floor. Each gantry contains a 100-kW pulsed
x-ray generator (CPX 3100CV; EMD Technologies, Quebec,
Canada), a 30-cm image intensifier (Shimadzu AI5765HVP,
Kyoto,Japan), and a high-speed digital video camera (Phan-
tom IV, Vision Research, Wayne, New Jersey). This experi-
mental approach has been used in previous studies of knee
function and is capable of m i gin vivo joint motion
to an accuracy of within +0.1 mm.*%

Subjects were positioned in the biplane x-ray system so
that the knee of interest would remain in the system’s 3D
imaging volume throughout the landing phase of a single-
legged forward hop. Subjects were required to complete 3
successful 0.5-second forward hop trials for each leg. To per-
form a successful hop, the subject was required tostandon 1
leg and, at his or her discretion, to jump forward over a4-cm
high obstacle and land at a distance of 30 cm in front of the
takeoff position. The subject landed on the takeoff leg and
wasrequired to maintain this position for as longas possible.
The 0.5-second data collection period was initiated when the
subject was in flight before landing and included at least
250 ms of the postimpact phase. Whilein the air, the subject
broke the plane of an optoelectric switch (RadioShack, Fort
Worth, Texas), which triggered the biplane x-ray system to
beginrecording. Radiographs were generated using an expo-
sure of 90 kVp and 160 mA, with the digital radiographic
images collected at 170 Hz.

On the same day as laboratory testing, subjects under-
went bilateral CT imaging of the tibiofemoral joint. The
CT field of view was approximately 28 X 28 cm, slice thick-
ness ranged from 0.6 to 1.25 mm, and in-plane resolution
was approximately 0.55 mm per pixel. The 3D bone models
of the distal femur and proximal tibia of each knee joint
were reconstructed from the CT images, as previously
described in detail *® First, the 3D center of each implanted
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tantalum bead was located within the CT volume to within
the nearest one-half slice in the CT image stack and to
within the nearest pixel within the slice (ImageJ 1.32 J,
National Institutes of Health, Bethesda, Maryland). Next
the tibia and femur were manually segmented from sur-
rounding tissues. After segmentation, custom software
was used to perform feature-based interpolation to create
the reconstructed 3D bone model.

Measuring Tibiofemoral Joint Motion

Custom software tracked the 2-dimensional position of
each tantalum bead from each of the biplane x-ray images
throughout all trials. The 2-dimensional positions were
combined to reconstruct the 3D position of each bead,*
and these positions were subsequently low-pass filtered
using a sixth-order zero-lag Butterworth digital filter
with a 20 Hz cutoff frequency. Subject-specific local ana-
tomical coordinate systems were created for both the femur
and tibia as previously described in detail.*® The origin of
the femoral coordinate system was defined as the 3D point
halfway between the center of the medial and lateral fem-
oral condyles. Similarly, the origin of the tibial coordinate
system was defined to be the 3D point located halfway
between the most medial and lateral aspects of the tibial
plateau. Rotations of the tibia relative to the femur were
defined with respect to the bone-fixed coordinate systems,
and calculated using body-fixed axes in the order flexion-
extension, adduction-abduction, and internal-external
rotation.*® Neutral rotations (zero values) were defined
as the position where the tibial and femoral coordinate
systems were aligned. Anteroposterior and mediolateral
displacements of the tibia relative to the femur were also
quantified using the position vector from the femoral ana-
tomical origin to the tibial anatomical origin.

Statistical Analysis

For each successful hopping trial, the initial foot contact
value and maximum value within the first 250 ms of stance
were quantified bilaterally for the 3 rotational and 2 trans-
lational kinematic variables described earlier. This inter-
val was selected as it captures the primary loading phase
of the knee (ie, achievement of maximum knee flexion
angle and peak ground-reaction force and a return toward
full extension) during this task. Mean subject-based values
for each of these measures were subsequently determined.
Two-tailed paired ¢ tests were used to examine for the main
effect of limb (reconstructed vs contralateral) on each of
these dependent measures. An alpha level of 0.05 was
used to denote statistical significance.

RESULTS

A number of kinematic differences were observed between
the reconstructed and uninvolved limbs for the single-
legged hopping task. Specifically, the reconstructed limb
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TABLE 2
Means and Standard Deviations for All Dependent Variables Examined”
Initial Contact Maximum
Dependent Variable Recon Contra Recon Contra
Knee flexion, deg 19.08 + 8.64° 26.04 = 9.60" 3892 + 10.85" 4769 + 8.14°
Knee adduction (+) / abduction (—), deg 0.87 = 0.91 0.65 + 1.76 1.28 + 1.92 0.94 + 2.26
Internal (+)/ external () tibial rotation, deg 0.61 = 4.30 6.02 = 459" 484 + 628" 9.84 + 5.70
Lateral (+) / medial (—) tibial displacement, mm 0.89 = 147" 2,51 + 1.30" 1.16 = 1.70 2,656 = 1.34
Anterior (+) / posterior (—) tibial displacement, mm 9.89 + 4.14 9.40 + 4.34 12.00 = 3.67° 10.48 = 4.21°

“Recon, reconstructed limb; Contra, uninjured contralateral limb.

bp < 05, side difference.

R

-~ Contralateral - Reconstructed

Figure 1. Mean knee flexion angle as a function of time after
initial contact. For visual clarity, unidirectional positive and
negative standard deviations are represented for the contra-
lateral and reconstructed limbs, respectively. The recon-
structed knee was significantly less flexed at initial contact
(P = .04).

was significantly (P = .04) less flexed than the healthy
limb at initial contact (Figure 1). Similarly, maximum
knee flexion was significant (P = .05), with the recon-
structed limb exhibiting a smaller maximum flexion angle
than the contralateral limb (Table 2).

The reconstructed imb was found to be consistently
more adducted than the contralateral limb throughout
the landing phase (Figure 2), but the differences were
not found to be statistically significant for either initial
contact (P = .65) or maximum (P = .55) angles (Table 2).

The reconstructed imb was less internally rotated
throughout the first 250 ms of ground contact (Figure 3),
with significantly smaller initial contact (P = .006) and
maximum (P = .01) angles being observed (Table 2)

Bilateral imb differences were evident in mediolateral
tibial displacements at initial contact, with the recon-
structed limb demonstrating significantly (P = .02) less
lateral displacement at this time point compared with
the contralateral limb (Figure 4 and Table 2). Statistical
differences were not observed between limbs, however,
for maximum mediolateral displacement values (P = .08)
(Table 2).

Bilateral limb differences were observed in anteroposte-
rior tibial displacement measures, with the reconstructed
limb eliciting significantly (P = .02) larger maximum ante-
rior tibial displacement compared with the contralateral
limb (Table 2). Although this trend was observed across
the entire stance phase, no significant differences were evi-
dent between limbs for anteroposterior displacement at
initial contact (P = .23) (Figure 5 and Table 2).

DISCUSSION

The objective of this study was to determine the extent to
which ACL reconstruction may promote 3D kinematic dif-
ferences between the reconstructed and contralateral
(uninjured) limbs during a single-legged hop landing. On
the basis of previous studies of the ACL-reconstructed
knee during dynamic motions,”***® we hypothesized
that the reconstructed knee would demonstrate altered
sagittal, frontal, and transverse plane kinematics com-
pared with the uninvolved limb. As predicted, the recon-
structed tibia remained in a more extended, externally
rotated, and anteriorly displaced position relative to the
femur throughout the hop landing. Significant differences
also were evident for mediolateral displacement, while no
significant differences occurred for adduction-abduction
angle.

The 30-cm forward hopping task provided a reasonably
challenging yet safe landing movement for assessing bilat-
eral kinematic differences that were reflective of the ath-
letic ability of the subjects, as well as consistent with the
physical constraints of the biplane x-ray system. All sub-
jects were familiar with the hopping task from their post-
surgical rehabilitation routine.?** The single-leggzed
hopping task is highly relevant to the athletic demands
placed on ACL-reconstructed knees when the patients
return to sports activity after surgery.®® Therefore, we
believe that identification of bilateral differences in tibiofe-
moral joint kinematics during performance of this task is
pertinent to elucidating the role of joint mechanics in the
development of knee osteoarthritis in this population.

We found that the reconstructed knee was consistently
more extended throughout the single-legged hop landing.
This observation agrees with previous studies investigating
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Figure 2 Mean knee adduction-abduction angle as a func-
tion of time after initial foot contact. For the vertical axis, pos-
itive values indicate adduction and negative values indicate
abduction. Unidirectional positive and negative standard
deviations are represented for the reconstructed and contra-
lateral limbs, respectively. No significant differences in
adduction-abduction angle were detected between limbs at
initial contact (P = .65).
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Figure 3. Mean internal-external tibial rotation as a function
of time after initial foot contact. For the vertical axis, positive
values indicate internal rotation and negative values repre-
sent external rotation. Unidirectional positive and negative
standard deviations are represented for the contralateral
and reconstructed limbs, respectively. The reconstructed
tibia was significantly more externally rotated at heel strike
(P = .006).

single-legged hopping knee mechanics in patients with ACL-
deficient and ACL-reconstructed knees.”?*®42%¢ A more
extended landing posture may be a strategy that patients
with ACL-deficient or ACL-reconstructed kneesuse to achieve
greater knee stabilization, particularly in the presence of
increased anteroposterior laxity, as seen in this study.*>*
Increased extension may also be necessary to prevent knee
collapse that may otherwise occur during the deceleration
phase because of a relatively weak opposing quadrice

force, a common occurrence following ACL injury. >

0.25
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Figure 4. Mean mediolateral tibial displacement relative to
the femur as a function of time after initial foot contact. For
the vertical axis, positive values indicate lateral translation
and negative values indicate medial translation. Unidirec-
tional positive and negative standard deviations are repre-
sented for the contralateral and reconstructed limbs,
respectively. The reconstructed tibia was positioned signifi-
cantly less laterally at heel strike (P = .02).
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Figure 5. Mean anterior tibial displacement relative to the
femur as a function of time after initial foot contact. Unidirec-
tional positive and negative standard deviations are repre-
sented for the reconstructed and contralateral limbs,
respectively. No significant difference was detected between
limbs at initial contact (P = 23).

Because we did not measure muscle strength in the current
study, however, we can only speculate to the plausibility of
this relationship. It should be noted also that, although a min-
imum jump height was enforced using an obstacle that was
4 cm high, the height of the single-legged hop was not con-
trolled for in theexperimental protocol. Therefore, it is possible
that the peak hop height achieved by the uninjured limb was
larger than the peak height achieved by the injured limb,
which would require more energy to be absorbed at impact
and more knee joint flexion in the uninjured limb. However,
because the task wasa forward hop over a relatively small dis-
tance rather than a vertical hop, we believe that jump height
differences would be relatively minor.
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No significant differences in knee adduction were
detected in this study, contrary to our hypothesis. Previous
studies using identical techniques*® compared reconstructed
and healthy contralateral limbs during downhill running
and found the reconstructed limb to be significantly more
adducted (mean difference, 1.32°). This difference is much
larger than the between-imb differences noted in the pres-
ent study (0.22° and 0.34° for initial contact and maximum
knee adduction angle, respectively). It is commonly pro-
posed that the reconstructed knee has increased knee
adduction motions or loads during walking and running
gait, increasing risk of osteoarthritis through an altered car-
tilage loading pattern.®'"*® Our current results, however,
suggest that at least for single-legged hopping, substantial
modifications in cartilage loading patterns via an altered
knee abduction-adduction profile are not as likely.

In this study we found that internal-external tibial rota-
tion of the ACL-reconstructed imb did not match that of the
uninjured imb during a single-legged hop landing. Specifi-
cally, the reconstructed knee was significantly more exter-
nally rotated both at initial contact and at maximum
internal-external rotation. Tashman and colleagues*® found
similar results when they evaluated 3D knee kinematics
during downhill treadmill running using the same techni-
ques as the current study. Further, this bilateral kinematic
discrepancy continued to manifest at both 5 and 12 months
after surgery. Ristanis et al*® similarly found that ACL-
reconstructed knees had greater axial tibial rotation than
healthy control knees during 2 separate tasks: a jump land-
ing followed by a 90° pivot turn and a stair descent followed
by a 90° pivot turn. Interestingly, however, Georgoulis and
calleagues®™ found no significant differences in stance-phase
axial rotation between reconstructed and contralateral
knees during level-ground walking. Therefore, it seems plau-
sible that altered internal-external knee rotation patterns
may occur in the ACL-reconstructed knee only during more
demanding dynamic landing and pivoting tasks, where
extreme axial loading states are known to manifest.'>*" If
altered knee internal-external rotations contribute to the
risk of osteoarthritis initiation and/or progression, as has
been proposed, then the smgle-legged hop may indeed be
a task where this risk is exacerbated.®

It is interesting to note that the current study included
7 subjects who had undergone double-bundle ACL recon-
struction surgery, a technique that is believed to better
restore healthy internal-external rotation patterns.® A
post hoc comparison between the single- and double-
bundle subjects found no substantial differences in any
kinematic variable, including internal-external rotation
angles. However, the sizes of the single- and double-bundle
subgroups were too small to provide adequate statistical
power for this analysis. These double-bundle reconstruc-
tions were also performed with the femoral anteromedial
tunnel drilled using a transtibial technique, typically
resulting in a nonanatomical anteromedial tunnel position
high in the femoral notch. More recent double-bundle tech-
niques employ a medial portal drilling approach to place
the femoral graft tunnels over the native insertions of
the ACL bundles.”” Kinematics after this anatomical
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double-bundle reconstruction procedure are currently
under investigation.

This study determined that the reconstructed knee
experienced larger peak anterior tibial translation than
the contralateral knee by an average of 1.52 * 1.556 mm.
Previous studies have reported similar results for walking,
double-legged squatting, and single-legged lunging.'" > 3%
Papannagari et al®® found that reconstructed knees trans-
lated approximately 2.9 mm more at full extension and
2.2 mm more at 15° of knee flexion when compared with
the uninvolved limb far a quasistatic weightbearing single-
legzed lunge. Logan and colleagues® investigated sagittal
plane kinematics during quasistatic squatting using open
MRI and similarly determined that the anterior tibial posi-
tion of the involved knee was greater at 0°, 20°, 45°, and 90°
of knee flexion. As the ACL is the primary restraint to ante-
rior tibial translation, one of the primary goals of ACL
reconstruction is to return anterior laxity, and hence the
anteroposterior translational profile, to within the limits of
the uninjured knee.!*'® Qur results support the notion
that this goal may not be readily achieved using the surgical
techniques employed for this study,®!'*® which represent
commonly used surgical procedures.!*%

The reconstructed tibia was more medially translated
than the contralateral tibia at initial contact, with this dis-
crepancy being maintained over the first 250 ms of stance.
Li and colleagues” similarly found that the tibiofemoral
contact patterns of ACL-deficient knees during a single-
legged weightbearing lunge were consistent with a medial
shift of the tibia. Previous research has also shown that the
ACL resists medial tibial translation, again suggesting
that this medial tibial shift in the reconstructed limb
may stem from an ACL graft that is unable to properly
restrain knee joint motion 26253

The results of this study demonstrate that bilateral dif-
ferences in tibiofemoral kinematics exist following ACL
reconstruction, even for patients who have been cleared
to return to light sports activity. These findings may lend
insight into the high incidence of early knee osteoarthritis
that is common in this patient population.®**! Hop land-
ings are representative of the demanding sports activities
that many patients with ACL-reconstructed knees perform
on a regular basis.*>*® These activities elicit larger impact-
induced joint forces than other movements that have been
previously studied in the ACL-reconstructed knee (eg,
walking).>***%385¢ Thys when a hop landing is performed
with the knee in a more extended position, it is likely that
the articular cartilage and other surrounding joint tissues
are subjected to much higher compressive loads than
would be experienced within the uninjured and compara-
tively more flexed knee. **

In the currentstudy, we determined an average difference
in external tibial rotation angle between the reconstructed
and contralateral knees of 5.41° and 5.00° for initial contact
and peak values, respectively. Andriacchi and colleagues®
have demonstrated that a 5° internal rotational offset of the
tibia leads to accelerated cartilage thinning in a finite
element model of the tibiofemoral joint. Therefore, itis plau-
sible that an external rotational shift of similar magnitude,
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particularly when coupled with a more extended knee posi-
tion, could lead to similar cartilage changes.

In the present study, the reconstructed knee also
showed altered anteroposterior and mediolateral displace-
ments of the tibia relative to the femur. As with arotational
offset, it is likely that these changes alter the manner in
which the articular cartilage is loaded.”'® The greater
anterior displacement of the tibia seen in this study likely
creates a posterior shift in the femur’s contact location on
the tibial plateau. Ironically, a posterior shift in the
femur’s location of contact on the tibia has been associated
with greater cartilage thinning on the anterior tibial pla-
teau.” In other words, a decrease in load may be associated
with cartilage thinning. In contrast, Li and colleagues™
have found that shifts in mediolateral tibial position in
the ACL-deficient knee shift the point of tibial contact in
the medial compartment closer to the medial tibial spine,
where cartilage degeneration frequently presents in the
ACL-deficient knee. These contradictory findings—that
is, that cartilage degeneration occurs in regions where
loads are believed to increase or decrease—suggest that
the relationship between cartilage loading and cartilage
degeneration is highly complex and not well understood.
Regardless of the specific mechanism that relates cartilage
degeneration and mechanical loading, patients with ACL-
reconstructed knees who perform a demanding activity
such as hopping may be altering the cartilage loading pat-
terns in a manner that is sufficient to initiate the develop-
ment of osteoarthritis.®

The data from this study also suggest that the mani-
festation of bilateral kinematic differences appears to be
task-specific. In this study, single-legged hopping elicited
significant differences in all examined degrees of freedom,
except adduction of the tibia relative to the femur. However,
in a study of knee kinematics during downhill running*®
that evaluated a similar population using identical meth-
ods, significant differences were noted only in the angles
of tibial adduction and tibial external rotation. Similarly,
Bush-Joseph et al'® found that sagittal plane kinematics
were not significantly different between patients with
ACL-reconstructed knees and healthy matched controls
for light activities such as walking, but that kinematic pro-
files did indeed diverge for higher demand activities. Con-
sequently, it is important for future studies aimed at
assessing the efficacy of specific ACL reconstruction tech-
niques to assess knee function during high-level activities
that are consistent with the goals of the young, athletic
patient.

The strength of this study lies in the high accuracy of
the methods used to quantify tibiofemoral kinematics.
Dynamic RSA eliminates errors due to skin motion associ-
ated with surface marker-based techniques, thus allowing
for the 3D, dynamic measurement of in vivo knee motion to
an accuracy of within 0.1 mm.*® To our knowledge, no
prior study has assessed 3D tibiofemoral kinematics during
single-legged hopping with this level of accuracy. However,
we also acknowledge limitations to this study. In particular,
we adopted the uninjured contralateral knee as the control
population for the reconstructed knee. Although this
method has been employed in several previous studies to
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examine motion of the ACL-injured knee,?"**?% compari-
sons between injured and contralateral limbs must be
made cautiously, given the potential for intraindividual var-
iability and the possibility that the incident injury or sur-
gery may have produced bilateral neuromuscular
(:lumg!as.“‘51 Nonetheless, on the basis of recent work sug-
gesting that intersubject variability exceeds intrasubject
variability with regard to tibiofemoral joint morphometric
dimensions'® and gait mechanics®® we believe that the
use of the uninvolved limb as the control population was jus-
tified. Additionally, the sample size was small, and we did
not control for surgeon, meniscal injury, graft type, sex,
age, rate of rehabilitation, or activity level, although all sub-
jects were recreational athletes. Therefore, extrapolation of
these results to the general ACL-reconstructed population
must be made with caution. Regardless, the development
of posttraumatic osteoarthritis is neither confined to a single
reconstructive procedure nor to a single patient demo-
graphic. Because this group of subjects represents a typical
subset of those with ACL-reconstructed knees and statisti-
cally significant trends were consistent across subjects
despite the apparent heterogeneity, we are confident in
our results.

In conclusion, patients who have undergone unilateral
ACL reconstruction perform a single-legged hop landing
with significantly different tibiofemoral joint motion in the
reconstructed knee as compared with the contralateral
knee. This task is a common sports movement that elicits
large ground-reaction forces and places substantial demands
on the knee jaint. For patients with ACL-reconstructed
knees who are returning to sports activity, performing this
task with the potentially altered knee kinematics demon-
strated in this study could result in deleterious consequences
for articular cartilage health. Future investigations will be
necessary to determine the extent to which this kinematic
profile alters the narmal loading pattern of the tibiofemoral
joint. Additionally, it is important to determine the mecha-
nisms underlying bilateral kinematic differences after ACL
reconstruction and to evaluate the ability of clinical interven-
tions, such as a more anatomical graft tunnel placement, to
reduce these changes.
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APPENDIX B

Derivation of the Transversely Isotropic Eight-Chain Network
of Freely Jointed Chains
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The strain energy function for the transversely isotropic eight-chain
network derived from is (Section 6.3.1.4):

4 . )
nko P Bo Br | [,a2 5202
Uy =Ug+—| N Y |— m—L2 | -2 (2e°) B.1
" O+4<;Np+nsinhﬁ£‘) x/Nn[ )+ B.1)
B
ot ?{cosh[a(/ -] -1}
and
p =3 Jarhs? + 2227 (B.2)
P =N =/t + 2 (B.3)
Bo = L7 (p/N) (B.4)
Bp = L7'(P/N) (B.5)

where U, is a constant, n is the chain density, k is Boltzmann’s constant
(1.38065 x 102® J-K"), 0 is the absolute temperature, N is the number of rigid
chain links per statistical chain, £L71 is the inverse Langevin function, P is the
undeformed chain length, p@® is the deformed length of the i chain, A,_. are the
stretches along the principal material axes, J is the ratio of the deformed volume
to the original volume, B controls the bulk compressibility nearJ =1, and ais a
constant that governs the curvature of the hydrostatic pressure versus volume

curve for large volume changes.

For the case of unconfined compression:

44, 0 0
F= [0 Ay O] (B.6)
0 0 1,
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For a transversely isotropic material, the principal stretches are related by the
following expressions:
Al=l, 12=A3=]/A (B?)

The principal stresses can be derived from Eq. (B.1) via the following equation:

du
Ti = Aia'i‘po (B8)
L

Applying Eq. (B.8) to Eq. (B.1) and substituting Eqgs. (B.6-7) yields the principal
stresses:

nk0a? [1,%PB
T, = 5 1p p_ 5—% + Bsinh(J — 1) + p, (B.9)

nk6b?[A,°B, Bp

T, =T; = v > VN + Bsinh(J — 1) + p, (B.10)
and 4, can be related to 4, through J:
J =A% = 1 =]/ (B.11)
In the case of unconfined compression,
T, =Ty = 0 (B.12)

Thus, setting Eq. (B.10) = 0 and rearranging yields:

2 /12
JBsinh(J — 1) + p, = — #[ 2 Fp _ Pr (B.13)

p N
Substituting Eq. (B.13) into Eq. (B.9):

B (nké’a2 /hzﬂp Bp nk6b? lzzﬁp Bp
= _ PP

4] p VN 4] p N

) (B.14)

The true stress, Ty, can be converted to nominal stress, T, , via:
J

To=JTF T > Ty, =T~ (B.15)
M
which yields:
. <nk9a2 M*B,  Bp]  mkeb? ﬂzzﬁ’p_ﬁ_P)L (B.16)
1 4 p VN 4] p VNI A4
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Rearranging terms and simplifying Eq. (B.16) gives the nominal stress in the
axial direction [Eq. (6.21)]:

o z[ﬂfﬁp Bl _ e [—WP ) (B.17)

O T 4, p N p VN
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