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Subject-Specific Analysis
of Joint Contact Mechanics:
Application to the Study
of Osteoarthritis and
Surgical Planning
Advances in computational mechanics, constitutive modeling, and techniques for subject-
specific modeling have opened the door to patient-specific simulation of the relationships
between joint mechanics and osteoarthritis (OA), as well as patient-specific preoperative
planning. This article reviews the application of computational biomechanics to the simu-
lation of joint contact mechanics as relevant to the study of OA. This review begins with
background regarding OA and the mechanical causes of OA in the context of simulations
of joint mechanics. The broad range of technical considerations in creating validated
subject-specific whole joint models is discussed. The types of computational models avail-
able for the study of joint mechanics are reviewed. The types of constitutive models that
are available for articular cartilage are reviewed, with special attention to choosing an
appropriate constitutive model for the application at hand. Issues related to model gener-
ation are discussed, including acquisition of model geometry from volumetric image data
and specific considerations for acquisition of computed tomography and magnetic reso-
nance imaging data. Approaches to model validation are reviewed. The areas of para-
metric analysis, factorial design, and probabilistic analysis are reviewed in the context of
simulations of joint contact mechanics. Following the review of technical considerations,
the article details insights that have been obtained from computational models of joint
mechanics for normal joints; patient populations; the study of specific aspects of joint
mechanics relevant to OA, such as congruency and instability; and preoperative plan-
ning. Finally, future directions for research and application are summarized.
[DOI: 10.1115/1.4023386]
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1 Introduction and Motivation

1.1 Osteoarthritis. Osteoarthritis (OA) is the symptomatic
loss of cartilage in load-bearing areas of the joint, initiated by me-
chanical factors and sustained by the combination of mechanical
and metabolic pathways. Radiographic OA is characterized by
joint space narrowing, subchondral sclerosis, and osteophytes.
Symptomatic OA is characterized by radiographic evidence along
with persistent joint pain or stiffness [1,2].

The economic impact of arthritis has been estimated as
1%–2.5% of the gross national product in western nations, and
OA accounts for approximately 85.5% of all arthritis-related costs
[1,3,4]. Nearly 27� 106 adults in the US [2], or 10% of the total
population, have symptomatic OA [4]. An estimated 10% of the
world population over 60 also suffers from OA [1]. OA is frequent
in the knee, hip, hand, foot, and spine, but infrequent in the ankle,
shoulder, wrist, and elbow [1]. There are currently no effective
methods for preventing, slowing, or curing OA [1], making
research important for easing the burden of this highly prevalent,
chronic disease.

1.2 Mechanical Causes of OA. OA is considered to be
caused either by mechanical factors with secondary synovial
inflammation [5] or by a complex interaction between mechanical
and biological factors [6,7]. Therefore, the effects of mechanics at
the microscale and the mechanics of cartilage at the macroscale
are vital for understanding the initiation and progression of OA.

Microscale Mechanical Causes of OA. Physiologic loading is
required for maintenance of healthy cartilage, while altered load-
ing can cause changes in cartilage structure and thereby changes
in cartilage mechanical behavior [8–10]. The mechanical factors
in cartilage degradation, metabolism, growth, and ossification will
be reviewed briefly, and the reader is encouraged to consult
other sources for more detailed reviews on this subject (e.g., Refs.
[6–11]).

The effects of specific loading regimes on the physical integrity
and metabolism of cartilage provide insight into mechanical load-
ing of interest in the initiation of OA. Animal joints have been
loaded to examine the effects of impact on the physical integrity
and in vivo metabolic response of the articular cartilage. The
effects of controlled mechanical loading on cartilage metabolism,
cell viability, and cell proliferation have been studied using
cartilage explants [8]. Changes in aggrecan synthesis and degrada-
tion are often used as an indication of anabolic/catabolic activity
following mechanical loading [9]. An increase in aggrecan syn-
thesis is considered a chondroprotective response to repair the
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extracellular matrix following damage, while a decrease in aggre-
can synthesis indicates damage beyond the ability of chondrocytes
to repair the extracellular matrix.

Traumatic impact loading that transfers sufficient amounts of
energy (e.g., over 1 J for rabbit patellofemoral joints [12,13])
causes fissuring and softening of articular cartilage [12–16].
Impact loading in in vivo rabbit models as well as in vitro human
and bovine tissue causes chondrocyte death [17–19] and changes
in proteoglycan content [20]. Experimental and finite element
analyses suggest that the mechanism of failure during impact
loading is shear stress [21–24]. Following intra-articular fracture
in a mouse model, decreases in proteoglycan content over time
suggest that traumatic loading initiates a cascade of metabolic
events [25]. The combination of initial gross damage and the
following cascade of metabolic events is thought to result in post-
traumatic OA following impact loading [26,27].

The effects of compression, tension, and shear are dose-
dependent. Static compression is consistently detrimental to
cartilage, with increasing inhibition of aggrecan synthesis with
increasing load level [7,9]. Compression followed by release can
cause increases, decreases, or no change in aggrecan synthesis,
depending on the stress levels [9]. Further, compression followed
by release at high stress levels may cause cell death [9]. Cyclic
compression and intermittent static pressure also cause varying
responses, depending on dose and frequency [9,28]. Cyclic com-
pression above 1% strain and 0.01 Hz increases aggrecan synthe-
sis [9]. Aggrecan synthesis is increased after cyclic tension at
5.5% at 0.2 Hz and at 10% at 1 Hz [9]. Additionally, 5% tensile
loading at 1 Hz increases cell proliferation [9]. However, exces-
sive tensile cyclic loading can also cause increased matrix metal-
loproteinase activity, which damages the extracellular matrix [9].
Shear loading is of particular interest, because it can be achieved
while minimizing confounding factors, such as volume change
and the resulting fluid and solute flow. Shear loading increases
aggrecan synthesis at 1%–3% strain at 0.01–1 Hz [8,9]. Shear
loading of cartilage explants above 5 MPa decreases cell viability
in the superficial zone [29].

An understanding of the microscale mechanical causes of
cartilage damage informs the selection of computational outputs.
Further, coupling between microscale and macroscale mechanics
via multiscale methods is an emerging field that can provide addi-
tional insight into the initiation of OA.

Proposed Macroscale Mechanical Causes of OA in the Hip,
Knee, Shoulder, and Ankle. While all diarthrodial joints can de-
velop OA, differences in the joint kinematics, cartilage thickness,
cartilage mechanical properties, and articular morphology may
result in variations in the pathogenesis of OA between joints.
Therefore, broader insight can be obtained by examining joints
that degenerate by different mechanisms. This review focuses on
four joints, divided between two that frequently develop OA (hip
and knee) and two that develop OA much less frequently
(shoulder and ankle). Generally, the incidence of OA increases
with decreases in joint stability and congruency (Fig. 1). Knee OA
occurs in five percent of the population over 26 years old [4] and
accounts for 67% of all OA [1]. There is a 50% chance of devel-
oping knee OA over any person’s lifetime [30]. The chance of
developing hip OA over any person’s lifetime is lower, at 25%
[31]. Estimates for ankle and shoulder OA are less widespread
and reliable, as these joints are not typically included in epidemio-
logical studies on OA. The prevalence of shoulder OA has been
estimated between 0.4% and 4% [32–34]. The prevalence of ankle
OA is approximately eight to ten times lower than knee OA [35].

Knee and hip OA are found in relatively large portions of
the population and result from a variety of mechanical factors.
Known causes of knee OA include increased loading (e.g., from
obesity or manual labor), laxity, instability following ligament
injury, meniscectomy, focal cartilage lesions, and malalignment
[4,36–43]. Hip OA is generally thought to be secondary to bony
abnormalities, such as femoroacetabular impingement and acetab-

ular dysplasia, although some controversy remains [44–57]. The
role of increased loading (i.e., obesity) in hip OA is still unclear
[4,58].

Conversely, shoulder and ankle OA occur relatively infre-
quently. Therefore, the cause of OA in these joints has been the
subject of less investigation. In the shoulder, the risk of OA
increases over time with an unstable shoulder [59] and may
increase with age [60]. Ankle OA is primarily caused by trauma,
instability, and incongruity [3,61,62]. For instance, following tib-
ial plafond fracture, 74% of patients develop OA [3]. Following
recurrent sprain, ankle OA occurs in up to 78% of patients [3,61].
The native ankle joint is highly congruent and stable [35]. There-
fore, injuries that cause ankle incongruency or instability are the
primary causes of OA.

1.3 Computational Models for Examining the Mechanical
Environment of the Joint. The field of computational biome-
chanics offers a structured approach for studies of the mechanics
of articular cartilage, providing information that would otherwise
be difficult or impossible to obtain from experiments and clinical
studies. Advances in the fields of constitutive modeling, computa-
tional mechanics, numerical method, and computer science have
led to the widespread application of numerical procedures for the
study of cartilage mechanics in basic scientific investigations
(e.g., Refs. [63–72]). Using a large population, Segal et al. com-
pared cartilage contact mechanics in 30 osteoarthritic knees with
cartilage contact mechanics in 30 healthy knees [73]. This study
leveraged the use of computational approaches to accomplish two
things that experimental studies likely could not achieve: a large
cohort size (cadaveric testing of 60 specimens would be challeng-
ing) and insight into a patient population (cadavers with specific
symptoms can be difficult to obtain). Other studies have predicted
cartilage mechanics through the depth of the cartilage (e.g.,
Ref. [74]), which is difficult to do via experiments.

To a lesser extent, the same approaches have been applied to
translational research for surgical planning (e.g., Refs. [75] and
[76]). Parametric analyses have evaluated variations in clinical
treatments, such as perturbations in anterior cruciate ligament
(ACL) graft tunnel orientation [77]. Subject-specific studies have
suggested the importance of intersubject variability on preferred
surgical intervention [75,78].

Fig. 1 The effect of congruency and stability on the develop-
ment of OA in normal and pathologic hips, knees, shoulders,
and ankles. Pathologies that make the joints less stable or less
congruent tend to increase the incidence of OA. For example,
removal of the meniscus in the knee primarily makes the joint
less congruent, while removal of the ACL primarily makes the
joint less stable.
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Depending on the physical scale of interest, several computa-
tional approaches are available and appropriate for the study of
joint mechanics. Each of these approaches can lend insight to
questions in basic and translational research related to OA. At the
scale of multiple joints, multibody statics and dynamics can be
used to predict motions, joint reaction forces and joint torques
(e.g., OpenSim [79]). At the scale of the individual joint, cartilage
contact mechanics can be evaluated with finite element analysis
(FEA) and discrete element analysis (DEA). At the tissue and cell
levels, FEA can resolve the stresses at any point in the structure.
At the tissue level, variations in stress, strain, fluid flow, and sol-
ute flow through the articular cartilage thickness can be evaluated.
At the cell level, stress, fluid flow, and pressure can be evaluated
on the chondrocytes and in the extracellular matrix fibers. Further,
coupling across scales is an emerging area in joint mechanics,
with promising possibilities to offer additional insight [80].

2 Technical Considerations in Computational Models

2.1 Computational Methods for Joint Mechanics. Com-
putational methods can predict joint kinematics, reaction forces/
torques, stresses, strains, fluid movement, ion movement, and
solute movement within a continuum and thus provide insights
that cannot be obtained experimentally or clinically. In general,
computational approaches use numerical methods to approximate
solutions to problems that do not have analytical solutions. The
primary approaches that have been applied for computational
modeling of cartilage mechanics are FEA, DEA, and multiscale
modeling. Other types of computational methods (e.g., multibody
dynamics) are common in biomechanics but are not typically used
alone to predict mechanics at the cartilage level.

FEA uses basis functions with compact support to discretize a
continuum structure into finite elements. The resulting discretiza-
tion is used to obtain approximate solutions to the differential
forms of the equations of motion and conservation laws. The con-
tinuum assumption requires that physical dimensions of structures
in the tissue are much smaller than the finite elements (e.g., the
size of the chondrocytes and collagen fibers in cartilage should be
smaller than the elements for accurate representation as a contin-
uum). The primary benefit of using FEA to study whole joint
mechanics is the ability to accurately predict stress and strain at
every point within the continuum. Although FEA is an established
technique in engineering analysis, there remain many active areas
of research and development, including contact algorithms, con-
stitutive models, higher-order elements, and enhanced strain
elements.

DEA, also called the rigid body spring method, represents de-
formable structures using discrete elements [81]. The implicit
assumptions in DEA are that bones can be approximated as rigid
and that deformable materials are approximated by one-
dimensional discrete elements. Materials are commonly assumed
to behave as linear elastic, modeled by linear springs. However,
other types of discrete elements can be used, such as spring and
dashpot combinations [82]. The main benefit of DEA is the drastic
decrease in analysis time when compared to FEA. For example, in
a hip model, the analysis with DEA took less than 1% of the time
required for analysis with FEA [83]. This has led to the develop-
ment and deployment of DEA methods to study large populations
[73,84,85]. The main disadvantages of DEA are that results are
not available at every point in the continuum, and the assumptions
of linear elasticity and unidirectional deformation limit its utility
to the prediction of only contact stress.

Multiscale modeling typically uses the methods of homogeniza-
tion to concurrently produce stress and strain information across
multiple physical scales, spanning from the macroscale to the
microscale [86,87]. In the case of cartilage mechanics, the macro-
scale is typically the whole joint and the microscale is typically
the scale of the chondrocytes and pericellular matrix. Kinematic
measures (e.g., strain or the deformation gradient) are evaluated at

the macroscale and passed as boundary conditions to a representa-
tive volume element at the microscale. The constitutive model at
the microscale is then used to calculate stresses, which are passed
back to the macroscale. This coupling is most commonly per-
formed using first order homogenization [86]. The key assumption
in multiscale modeling with first order homogenization is the prin-
cipal of the separation of scales, which requires that the character-
istic length at the microscale is much smaller than that at the
macroscale [86]. The primary advantage of multiscale modeling is
the additional information provided regarding the interactions
between scales. The main disadvantage is the additional computa-
tional cost. Multiscale modeling using both homogenization
methods and postprocessing macroscale kinematics as input to a
separate microscale model has been employed in a limited number
of studies of cartilage [86,88–91]. Multiscale methods are active
areas of research and development and may allow greater under-
standing of the mechanobiology of cartilage in OA in the future
[80,86].

2.2 Constitutive Models of Cartilage. In continuum
mechanics, the most basic material constitutive models relate
kinematic measures (e.g., strain) to stress [10,92]. Therefore, con-
stitutive models for articular cartilage are a fundamental require-
ment for application of computational mechanics to the study of
OA. The earliest constitutive models used to describe articular
cartilage were simple, due to the limited development of other
models and the lack of alternative models in finite element codes
[10,92,93]. Since then, cartilage constitutive models have grown
in complexity and number. For example, a PubMed search for
“cartilage and constitutive” yields 12 publications in the 1980s,
versus 143 publications in the first decade of the new millennium.
Many of these advanced constitutive frameworks are now avail-
able in both commercial and open-source finite element software
(e.g., FEBio (www.febio.org) [94–97], COMSOL Multiphysics,
COMSOL, Stockholm, Sweden; ABAQUS, Dassault Systèmes
Simulia, Rhode Island, USA; ANSYS, ANSYS Inc., Pennsylva-
nia, USA). The development of new constitutive models has been
driven by the desire to predict new experimental observations of
material behavior and to incorporate new information about mate-
rial structure and symmetry.

This section briefly reviews cartilage structure and mechanics
to provide background for the selection of cartilage constitutive
models. In-depth coverage of these topics can be found in a previ-
ous review [10]. Because this section is intended to serve as a
guide in selecting cartilage constitutive models for subject-
specific analysis of joint contact mechanics relevant to OA and
preoperative planning, it does not exhaustively list every constitu-
tive model that has been proposed or applied. Instead, salient fea-
tures and key developments are highlighted. More detailed
reviews of cartilage constitutive models can be found elsewhere
[5,98].

Review of Cartilage Structure and Mechanics. Cartilage is a
hydrated tissue composed primarily of water, collagen, and large
proteoglycans (Fig. 2, left panel). Cartilage is 68%–85% water,
10%–20% collagen, 5%–10% proteoglycan, and < 5% other
matrix molecules by wet weight [10]. Cartilage interstitial fluid
contains dissolved electrolytes, predominantly Naþ, Ca2þ, Cl�,
and Kþ [10]. Chondrocytes account for less than 10% of the total
volume of the tissue [88] and are responsible for the metabolic
activity of cartilage. The chondrocytes themselves do not provide
a significant contribution to the observed continuum level material
behavior, although some multiscale constitutive models incorpo-
rate the effects of cell mechanics to understand stress and strain
fields experienced by the chondrocytes (e.g., Ref. [99]). Collagen
in cartilage is mainly fibril-forming type II collagen. The orienta-
tion of collagen varies through the depth of the tissue, with fibers
oriented parallel to the articular surface in the superficial zone
(top 10%–20%), fibers oriented randomly in the middle zone
(middle 40%–60%), and fibers oriented perpendicular to the
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subchondral bone in the deep zone (bottom �30%). Aggrecan
accounts for 80%–90% of all proteoglycan in cartilage. The pri-
mary glycosaminoglycan (GAG) side chains in cartilage are chon-
droitin sulfate, keratin sulfate, and hyaluronan. Chondroitin
sulfate and keratin sulfate are anionic molecules, due to negatively
charged sulfate and carboxyl groups. Hyaluronan is not sulfated
and interacts with aggrecan and link proteins to form large aggre-
gates that are immobilized in the extracellular matrix, thus stabi-
lizing the extracellular matrix. Because of the anionic nature of
the GAG side chains, proteoglycans control the fixed charge den-
sity of cartilage. The proteoglycan distribution, and therefore the
fixed charge density distribution, varies through the cartilage
depth. Aggrecan concentration is the lowest in the superficial zone
and increases with depth [10].

The structure of articular cartilage results in complex material
behavior (Fig. 2, middle panel). Because cartilage structure and
composition vary with depth, material properties also vary with
depth [100–105]. The material behavior of cartilage varies
between species within the same joint, between joints within
species, and spatially within each joint within each species
[106–111]. In theory, these variations can be captured by using in-
homogeneous material coefficients with any constitutive model.
Spatial variation should be used in the simplest manner required
to capture the behavior of interest. For example, analysis with
biphasic models demonstrated that variation in elastic moduli
through the depth is necessary to predict fluid flow and stress
distribution through the cartilage thickness, but depth-averaged
properties can describe the overall load response [99,112,113].

Cartilage exhibits nonlinear behavior in both tension and com-
pression. Under uniaxial tensile stress, cartilage material behavior
is primarily determined by the collagen fibrils. The stress-strain
curve in tension exhibits a toe region followed by an approxi-
mately linear region, due to the uncrimping of collagen fibers fol-

lowed by loading of straightened fibers [10,114]. Under uniaxial
compressive stress, the material response of cartilage is governed
by the proteoglycan matrix and fluid flow. The modulus of carti-
lage in tension is approximately one or two orders of magnitude
lower than in compression, a characteristic described as tension-
compression nonlinearity [109]. This characteristic is important
for most modes of cartilage deformation that are relevant to whole
joint mechanics.

Cartilage exhibits time-dependent behavior and swelling as a
result of flow-dependent viscoelasticity, due to fluid-solid interac-
tions, intrinsic viscoelasticity of the solid phase, and fixed charge
density. Time-dependent material behavior is due to the viscous
drag of fluid moving through the porous solid matrix and to
the intrinsic viscoelasticity of the solid matrix [10,115–118].
Cartilage swelling is caused by attraction of counterions in the
interstitial fluid, due to the fixed charge density of the tissue as
well as charge-charge repulsion between closely packed GAGs
[10]. Collagen also has a role in swelling by constraining the
matrix [119].

Solutes, including nutrients and metabolic byproducts, move
through cartilage via diffusion. Solute diffusivity in cartilage is
smaller than in an aqueous solution [10]. Diffusivity depends on
tissue strain and decreases as the tissue is compressed [120–123].
Solute diffusivity also depends on the size of the solute. Diffusion
can be enhanced by cyclic loading for large solutes, but not for
small solutes [64].

A variety of constitutive models have been developed to
capture the complex cartilage behavior under different loading
conditions. As the complexity of constitutive models for cartilage
increases, so too does the number of material coefficients and,
therefore, the difficulty in determining a unique set of coefficients
from experimental data. In some cases, the proposed constitutive
model may be simplified to decrease the number of coefficients

Fig. 2 Cartilage structural features, continuum level mechanical behavior, and constitutive models. Left panel—The struc-
ture and orientation of collagen and proteoglycan aggregates drive continuum mechanical behavior. Middle panel—Key fea-
tures of continuum mechanical behavior include tension-compression nonlinearity, anisotropy, viscoelastic material
behavior, and swelling. Right panel—Constitutive models capture certain features of cartilage behavior. As a general rule,
the simplest constitutive model that captures the behavior of interest should be chosen.
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required to describe the model (e.g., Ref. [124]). The guiding
principle in selecting cartilage constitutive models is to select the
simplest model that accurately predicts the behavior of interest
(Table 1) [125,126]. In addition, the reliability of the material
coefficients should be considered when selecting a constitutive
model.

Elastic Constitutive Models. For an elastic material, there is
a one-to-one correspondence between deformation and stress
(Fig. 2, right panel). The assumption of elasticity has been applied
in many cases to describe and predict the material behavior of
articular cartilage. Elasticity is appropriate for two loading
regimes when modeling the material behavior of cartilage: very
slow (quasistatic) and very fast (e.g., instantaneous) loading rates
[98]. Therefore, the time frame or frequency of loading must be
considered carefully when using elasticity to describe the material
behavior of articular cartilage. Linear elastic constitutive models
have been used to describe cartilage behavior, but these models
are not objective (frame invariant) for large deformations. Since
cartilage undergoes large deformation in vivo (e.g., Ref. [127])
and exhibits a nonlinear stress-strain response, nonlinear elastic or
hyperelastic constitutive models are generally more appropriate
than linear elastic constitutive models. Hyperelastic models have
specific benefits over nonlinear elastic models for large deforma-
tions; for further discussion, see Ref. [128]. Compressible elastic
behavior describes the response of cartilage under equilibrium
conditions, as load is supported primarily by the solid matrix and
fluid-solid interactions have subsided [10]. This is useful in com-
putational models of the pathogenesis of OA, because the stress
on the solid matrix can be used to evaluate when it may undergo
damage. Nearly incompressible elastic and biphasic responses
are equivalent under fast loading, when fluid does not have time
to exude [129]. Specifically, elastic and biphasic behavior is
equivalent for time steps of dt� ðD2= Ck k Kk kÞ, where D is the
characteristic length of the problem, C is the 4th order elasticity
tensor, and K is the permeability tensor. For one simplified
articular cartilage contact problem where D was the radius of the
contact patch, dt�5 seconds was determined, suggesting that
incompressible elasticity is an appropriate approximation for load-
ing that occurs in �0.5 seconds or less [129]. Incompressibility of
cartilage under fast loading has been confirmed experimentally
for adult bovine cartilage [130].

Linear elastic and nearly linear hyperelastic constitutive models
can be used to predict cartilage contact stress and contact area,
since these metrics are relatively insensitive to constitutive model
descriptions (see Sec. 3 for further discussion) [131,132]. These
outputs are relevant, because it has been suggested that the initia-
tion of OA in pathologic groups results from low contact area and
high contact stress [133,134].

Additional features of elastic constitutive models required to
accurately predict specific cartilage behavior have not been exten-
sively explored. Therefore, parameter studies have an important
role in the selection of the appropriate elastic constitutive model
for subject-specific joint models. Nonlinear elastic constitutive
models can be used to capture the nonlinear behavior of cartilage
in tension and compression. Material anisotropy can be used
to capture the anisotropy inherent in cartilage behavior. Fibril-
reinforcement should be used to capture tension-compression non-
linearity [124,135–137]. Recent developments incorporating a
continuous angular fiber distribution, which allows for fiber reor-
ientation and changes in material symmetry under deformation,
dramatically improve predictions when compared to discrete fiber
bundles (e.g., ellipsoidal fiber distribution or EFD) [136–138].
This approach is both accurate and flexible, accommodating mul-
tiple possible material symmetries in a single framework.

In addition to describing instantaneous and quasistatic loading
of articular cartilage, elasticity serves as the foundation for visco-
elastic and multiphasic constitutive models, since these frame-
works typically assume that a separate elastic response function
exists or that the solid phase is elastic.

Viscoelastic Constitutive Models. Viscoelastic constitutive
models can be used to capture the time- and rate-dependent mate-
rial behavior of articular cartilage when fluid flow, solute flow,
and the separation of fluid and solid stresses are not important
parameters to determine from the analysis (Fig. 2, right panel). In
viscoelasticity, the current state of stress depends on both the cur-
rent state of deformation and its history, which allows for energy
dissipation. Because the time-dependent material behavior of
articular cartilage changes during OA, viscoelasticity can be used
to understand the effects of these changes [139]. Continuum
viscoelastic representations have been developed using the super-
position method, such as in quasilinear viscoelasticity [140], and
using a Prony series expansion [141,142]. These models can
describe the uniaxial tensile behavior of cartilage during stress
relaxation and cyclic loading [143], as well as over the entire
creep indentation series [141], and can be related to constituents
in cartilage [142]. Viscoelastic models comprised of discrete
elements (springs and dashpots) have limited utility in analysis
of cartilage stress and strain because they are inherently one-
dimensional and inconsistent with continuum deformation [98].
However, they have been used to represent fibers (e.g., Refs. [82]
and [99]). In addition to describing the entire viscoelastic response
of articular cartilage with a viscoelastic constitutive model, vis-
coelasticity of the solid matrix is sometimes incorporated in more
advanced multiphasic constitutive models to yield improved

Table 1 Overview of cartilage material behavior as described by different constitutive models. Constitutive model features can be
combined to capture specific behavior (e.g., by adding fibril-reinforcement to hyperelastic models). Refer to the text for additional
detail on selecting constitutive model. For viscoelastic and multiphasic models, * denotes all behavior that can be captured
(TC 5 tension-compression, SR 5 stress relaxation).

Captured behavior!
Constitutive model ;

Instantaneous
loading

Quasistatic
loading

Contact stress
and area

TC
nonlinear

Finite
deformation

Creep
and SR

Fluid
flow

Ion
flow

Solute
flow Swelling

Linear elastic X X X
Hyperelasticity X X X X
Fibril-reinforcement X

Viscoelastic * * * * *
Discrete (spring/dashpot) X
Quasilinear viscoelasticity X X X X
Nonlinear viscoelastic X X X X X

Multiphasic/mixture * * * * * * * * * *
Linear biphasic X X X X X
Finite biphasic X X X X X X
Triphasic X X X X X X X
Biphasic with solute X X X X X X X
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description and prediction of experimental material response (e.g.,
Refs. [144–146]).

Multiphasic Constitutive Models. Multiphasic, or mixture, con-
stitutive models should be used when it is necessary to capture
fluid, ion, or solute movement or when solid-phase stress and
fluid-phase stress must be predicted separately (Fig. 2, right
panel). These results are important in modeling the pathogenesis
of OA from both a basic science and pharmacological perspective.
The fluid phase supports a large portion of the load in healthy car-
tilage [147–149], so changes in the relative load support between
the fluid and solid phases is important in the initiation of OA.
Because cartilage is avascular, nutrient and drug movement
occurs through diffusion from the interstitial fluid [150]. Tracking
fluid and solute movement provides information regarding
nutrient and drug movement, both of which can affect cartilage
metabolism and therefore have a role in the initiation and progres-
sion of cartilage degeneration in response to mechanical loading.

The general framework for multiphasic models consists of
several constituents: a charged or noncharged solid phase repre-
senting the proteoglycan and collagen matrix; a noncharged sol-
vent phase representing the interstitial fluid; n charged ionic
species representing free ions in the interstitium; and k non-
charged solutes representing nutrients, drugs, or metabolic
byproducts [64,151]. The solid phase can be described using any
elastic or viscoelastic constitutive model. Permeability, diffusive
drag, and solute diffusivity constants or rules govern fluid flow,
ion transport, and solute transport [152]. Strain-dependent perme-
ability and strain-dependent solute diffusivity are important con-
siderations in cartilage undergoing large deformations
[101,118,120–123,153–156]. Specific combinations of multipha-
sic constituents have been used to successfully describe specific
sets of cartilage behavior.

Biphasic theory was the first multiphasic theory to be used for
cartilage. It has been developed for infinitesimal strain as well as
finite deformation, and it can describe many observed behaviors
[118,153,157,158]. In biphasic theory, two immiscible, intrinsi-
cally incompressible phases are assumed: a noncharged solid
phase and a fluid phase. In linear biphasic theory, the solid matrix
is isotropic linear elastic and the permeability is constant [118].
Linear biphasic theory predicts compressive creep and stress
relaxation behaviors under infinitesimal strain [10]. However, it
cannot predict both with the same set of coefficients [157]. Addi-
tionally, linear biphasic theory cannot accurately describe time-
dependent behavior in unconfined compression [159]. Therefore,
the finite deformation version of biphasic theory is recommended
in most cases over linear biphasic theory for capturing fluid flow
and fluid-phase stress versus solid-phase stress as relevant to joint
contact mechanics.

Triphasic theory builds on the biphasic theory by making the
solid phase charged and including an ionic species as a third phase
[154]. Triphasic theory should be selected when ionic movement
is of interest. Triphasic theory has been expanded to account for
anionic and cationic species, as well as more generally for n ionic
species (with the inclusion of a second charged species, triphasic
theory has also been called quadriphasic theory) [151,160]. Tri-
phasic theory accounts for the time-dependent behavior and fluid
flow captured in biphasic theory, as well as Donnan pressures,
swelling, and ion transport through the tissues [151,154]. While
triphasic theory provides information that biphasic theory does
not, the two are equivalent in special cases [161]. Biphasic swel-
ling is an alternative to triphasic theory that only accounts for the
swelling behavior. The biphasic swelling model appropriately pre-
dicts tissue stresses and strains [162], but cannot predict ion
transport.

Multiphasic models that include solute flow should be used to
track the movement of solutes. The initial formulation included a
noncharged solid matrix phase, a fluid solvent phase, and a fluid
solute phase [64]. A finite deformation theory that includes the
effects of solute interactions with the solid matrix has been imple-

mented in FEBio [94]. In addition to the intrinsically incompressi-
ble assumptions made in biphasic theory, current solute mixture
theory assumes isothermal conditions, negligible volume of sol-
ute, and negligible effects of solute and solvent viscosities [94].
Solute formulations can predict the effect of dynamic loading
on solute uptake and the response under osmotic load [64,94]. The
formulation can alternatively focus on other aspects of solute
movement, including cartilage growth and biosynthesis (e.g.,
Ref. [163]).

The effects of fibril reinforcement on predictions with
multiphasic cartilage have been explored extensively. Inclusion of
anisotropy or fibril reinforcement improves predictions of time-
dependent behavior in multiphasic models [125,159,164,165]. For
example, a biphasic model with a transversely isotropic matrix
predicts stress relaxation more accurately than a biphasic model
with an isotropic matrix, and the former can also predict indenta-
tion behavior [166]. Stress predictions in the solid matrix are
different in biphasic models with fibril reinforcement than in
biphasic models without fibril reinforcement [165]. Other studies
have added fibers as discrete elements, either as springs for elastic
fibers in fibril-reinforced poroelastic models [113,167] or as
spring and dashpot combinations for viscoelastic fibers in fibril-
reinforced poroviscoelastic models [144,145]. While the same
result can be achieved with continuum models to represent anisot-
ropy from fibrils, discrete fibers decrease computational time and
therefore can be used for efficiency after verification against the
continuum description [144,146]. However, the coupling between
matrix and fiber components is typically only at the nodes in finite
element models. Thus, the mechanical interaction between the
components is limited to simple load-sharing at the nodes.

Solid phase viscoelasticity should be included in multiphasic
models when tensile loading dominates and highly accurate pre-
dictions of the transient behavior are important. Although the
intrinsic viscoelasticity of collagen fibers is most important in ten-
sile loading, it also affects the transient portion of stress relaxation
and the lateral displacement in unconfined compression
[144,145,159,168]. Further, biphasic poroviscoelasticity increases
the types of loading that can be described using one set of coeffi-
cients, as the response of cartilage in indentation and confined
compression can be predicted using coefficients fit from uncon-
fined compression testing [159].

2.3 Model Generation. To generate subject-specific compu-
tational models of human joints, one must acquire and discretize
geometry for the model, assign boundary and loading conditions
and incorporate constitutive assumptions (Fig. 3). To help contex-
tualize these requirements, this section discusses each aspect
primarily with respect to the development of computational mod-
els of the hip. However, the information is pertinent to computa-
tional models of all diarthrodial joints.

Idealized versus Subject-Specific Model Geometry. Histori-
cally, models of human joints have used idealized geometry to
describe the bone-cartilage and cartilage-cartilage interfaces (e.g.,
Ref. [169]). Besides providing a convenient means to define
geometry, such assumptions substantially reduce the complexity
of the contact interface and governing boundary conditions. As
with other aspects of computational modeling, increases in com-
putational power have enabled modeling more complex geome-
tries. Some aspects of joint geometry can be described well via
parameterized (i.e., idealized) shapes (e.g., [170–175]). However,
most computational models that utilize idealized geometry do not
predict realistic contact mechanics. For example, peak contact
stress predictions from models with idealized hip geometry are in
the range of 2–5 MPa [176,177], while peak contact stresses meas-
ured in vitro are in the range of 8–10 MPa [131,178–181]. More-
over, models that have used idealized geometry for the hip predict
unicentric contact patterns, but contact patterns measured in vitro
are generally complex and specimen-specific [131,177–182]. The
differences in predictions of contact mechanics using idealized
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joint geometry likely arise due to small irregularities in subject-
specific geometry being effectively “washed-out”.

Acquisition of Model Geometry. Both in vitro and in vivo meth-
ods have been described to obtain subject-specific model
geometry. In vitro methods, such as laser scanning and stereopho-
togrammetry, provide the most accurate modalities to reconstruct
geometry [183], but they cannot be used in vivo. The advent and
increased availability of volumetric imaging modalities and 3D
segmentation software packages have made it possible to create
detailed computational joint models of living subjects.

Subject-specific geometry can be obtained in vivo via volumet-
ric computed tomography (CT) or magnetic resonance (MR)
imaging. The cartilage-cartilage and subchondral bone-cartilage
interfaces must be clearly delineated in these images to enable
realistic predictions of cartilage contact stress from computational
models [184]. While this task may seem trivial, imaging these
interfaces is a major challenge. Joints are restricted in their move-
ment and are often surrounded by thick musculature, ligaments,
and tendons. Many joints are congruent, which helps to ensure
that opposing layers of cartilage remain in contact, even when
there are no external loads (besides gravity) present. Finally, the
primary techniques utilized to image human joints, CT and MR,
are based on entirely different physical principles, so different
approaches to image acquisition are often necessary.

Clinical imaging techniques have been developed to diagnose
cartilage damage or OA, but the technical considerations for
acquiring image data that can be used for accurate 3D reconstruc-
tions are vastly different. For example, visualization of the entire
joint contact interface is not necessary for an accurate diagnosis
of cartilage damage, since the presence of a single cartilage lesion,
finite region of cartilage thinning or delamination indicates that
the cartilage is mechanically compromised. However, visualiza-
tion of the entire joint contact interface is necessary for a faithful
reconstruction of the joint geometry for modeling.

As an example of differences in protocols, consider our ongoing
3D FEA study of hip joint contact mechanics [185,186]. For CT
arthrography, we routinely inject 15–25 ml of diluted contrast

agent, followed directly by CT image acquisition while the hip is
under traction. In contrast, clinicians typically use only 5–10 ml to
detect cartilage lesions and delaminations. If less than 15 ml is
injected, parts of the surface of the femoral cartilage will not be
covered with contrast, rendering the scan essentially useless for
generating 3D models.

High-resolution CT provides excellent delineation of bone and
can be used to image opposing layers of cartilage with contrast
enhancement [187–190]. CT is a popular imaging modality for
modeling studies of the hip [50,76,131,134,186,191], knee
[77,192–202], shoulder [203–205], and ankle [206–208]. The
primary benefits of CT are excellent visualization of bone and car-
tilage and short scan times, which help to ensure minimal motion
artifact. The primary drawbacks to CT are exposure to ionizing
radiation and the invasive nature of the injection for arthrography.
The benefits and risks of CT should be carefully considered when
using volumetric image data to generate subject-specific models.

Many factors must be considered for generating computational
models from CT image data to study OA. The most important fac-
tors are the estimated thickness of the tissue, the field of view
(FOV), the slice thickness and resulting voxel size, the use of con-
trast and associated dilution factor for CT arthrography, the use of
traction, the orientation of the joint in the scanner, and the energy
settings.

The thickness of the tissue to be imaged is an important consid-
eration, because CT is limited in its ability to visualize thin
objects. This can affect the use of CT in joints with thinned carti-
lage or subchondral bone. A common belief is that thin tissues can
be better resolved by reducing the FOV (e.g., to encompass only
the joint) and improving the image resolution. Although this may
sometimes be the case, narrowing the FOV may also cause the tis-
sue to appear darker and the images to be grainier, since energy
absorbed by each voxel is effectively less when the FOV is
reduced and the acquisition matrix remains constant (typically
512� 512) [209,210]. A secondary motivation for reducing the
voxel size is to decrease stair-case artifact in the 3D segmented
surfaces. However, this can also be achieved by resampling the
image data postscan and thereby avoiding the issues that result
from a narrowed FOV. The best method to establish the lower
limit of resolution for CT is to quantify the full width at half maxi-
mum (FWHM) of a slice sensitivity profile [209,210]. Finally, the
ability of CT to resolve thickness depends on the true thickness of
the tissue. CT has a tendency to overestimate thickness when
imaging thin objects, and to slightly underestimate thickness
when imaging thick objects [187].

When choosing FOV and slice thickness, the goal is to achieve
near-isotropic voxel resolutions and thereby ensure signal homoge-
neity within each voxel. The slice thickness should be chosen after
the FOV is determined, taking into consideration the relationship
between slice thickness and resulting radiation exposure. Most
modern CT scanners can acquire images in a native slice increment
of 0.7 mm or below (e.g., 0.6 mm of the pelvis in Ref. [211]).

The use of a radio-opaque contrast agent for CT is required to
visualize opposing layers of cartilage in live subjects. Undiluted
contrast agent appears extremely bright, which can interfere with
the quantification of cartilage thickness, generally by artificial
thinning due to volumetric averaging [187]. A mixture of saline
and Lidocaine or Xylocaine is often used to dilute contrast agent
[185]. Choosing the appropriate dilution factor involves tradeoffs
between too much contrast agent, which makes the cartilage
appear thinner due to volumetric averaging [187], and too little
contrast agent, which makes the cartilage layers impossible to dis-
tinguish due to similar voxel intensities between the cartilage and
contrast. [208]. To date, we have imaged nearly 90 human sub-
jects with CT arthrography (both normal subjects [185] and those
with bony pathologies [186]) and have found that a 33% contrast
dilution (20 ml of lidocaine 2% to 10 ml of Isovue 300) provides a
good compromise [185].

For more congruent joints, such as the hip, traction may be
required to separate opposing layers of cartilage (Fig. 4). The

Fig. 3 High-level overview of methods for generating subject-
specific computational models.
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application of moderate manual traction prior to imaging is
recommended to initially “break the seal” of the hip [212]. Once
this is performed, a minimal amount of traction will keep the joint
space open. The amount of traction will vary on a per subject
basis. Lower traction force is necessary to keep the hip distracted
in patients with dysplasia (10–20 lb force), since dysplastic hips
are more incongruent, exhibit poor femoral head coverage, and
have lax capsules. For normal subjects [185], a greater degree of
traction is required (>20 lb force), due to the high degree of con-
gruency in normal hips.

The position and orientation of the joint in the CT scanner can
be adjusted for maximum signal and minimum stair-case artifact
(Fig. 5). To maximize signal, the center of the joint or location of
primary interest should be located as close to the center of the
tube as possible. Once centered, the optimal orientation becomes
a bit ambiguous. Clinical recommendations follow that the joint
interface should be imaged oblique (i.e., 45 deg) to the long axis
of the gantry to maximize the number of images defining the sur-
face of the joint (i.e., “principle of obliquity”) [213]. However,
this orientation produces images that exhibit large changes in
cross-section between one another, causing stair-case artifact in
the 3D reconstruction [214]. An alternative is to align the joint to
minimize the change in cross-section between images. For the
ankle and knee, this entails acquiring images in the coronal or sag-
ittal planes, where the primary undulations are clearly shown
[213]. For nearly spherical joints, such as the shoulder and hip,
the stair-case artifact is unavoidable in any scan plane. Informa-
tion on the expected location of cartilage contact can be helpful in
choosing an orientation that provides the best image quality in
that location.

When using CT image data for computational modeling, energy
settings should be guided by the ALARA philosophy (as low as
reasonably achievable), due to ionizing radiation. Both tube volt-
age (kVp) and current (mAs) affect the estimated-dose-equivalent.
Clinical settings should serve as a baseline for further optimiza-
tion for the purpose of creating 3D models. Clinical scanners pro-
vide only a few options for tube voltage [215]. While the tube
voltage is constant throughout a scan, tube current can be modu-
lated. For example, the CARE Dose

VR

by Siemens automatically
adjusts the tube current according to the patient’s anatomy to
reduce unnecessary exposure. Small changes in tube voltage and
current do not have an appreciable effect on thickness measure-
ments of simulated cartilage, providing confidence that there is
room to adjust energy settings to minimize exposure [216]. The
size, relative location, and amount of surrounding soft tissue of a
joint are the primary factors which influence energy settings. For
example, the ankle has little surrounding soft tissue and therefore
only requires tube currents of �75 mAs [189]. Conversely, tube

currents exceeding 200 mAs are routinely necessary for the hip
[185]. Analysts should consult with their local radiation safety
board to develop CT protocols.

MR imaging without contrast provides a noninvasive alterna-
tive to CT arthrography. One of the major advantages of MR is
that signal intensity is not tied to density alone. Tissues can be
manipulated in many ways to generate a signal for MR imaging.
Opposing cartilage layers in incongruent joints, such as the knee,
can be differentiated fairly well without contrast [188]. In highly

Fig. 4 CT image data from female subjects with dysplastic (left) and normal (right) hip
anatomy. Hips with dysplasia have reduced femoral head coverage and poor joint congruency.
As a result, when traction is applied, greater separation is obtained between opposing layers of
cartilage, thereby yielding more contrast in the joint space.

Fig. 5 Axial, sagittal, and oblique image acquisition direction
in the knee, ankle, hip, and shoulder (lines represent individual
slices). For both CT and MR, the chosen scan plane and orienta-
tion of the joint influences the degree in which cartilage can be
visualized as well as the amount of staircase artifact that will be
present in 3D reconstructions. Oblique slices (i.e., 45 deg) are
preferred clinically for nonspherical joints, such as the knee
and ankle, as they provide optimal visualization of the articulat-
ing surface. However, oblique slices may induce a larger degree
of staircase artifact, resulting in unrealistic predictions of carti-
lage mechanics in subsequent contact models. Oblique slices
can also be difficult or impossible to obtain and may not yield
additional information for spherical joints. Images acquired axi-
ally provide worse stair-stepping artifact in the knee and ankle
when compared to sagittal or coronal slices.
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congruent joints, such as the ankle and hip, contrast may be neces-
sary to delineate the entire cartilage-cartilage contact interface
[185,187,217–220]. The limitations of MR have historically
included low voxel resolution, long scan times that may result in
motion artifact, the inability to image patients with certain types
of metal, and the inherent complexity of MR (e.g., programmable
pulse sequences). However, recent advances are starting to over-
come some of these limitations, making MR imaging increasingly
attractive for use in generating subject-specific computational
models (e.g., Ref. [221]).

The most important factors to consider for creating 3D models
of bone and cartilage from MR image data are signal to noise ratio
(SNR), spatial resolution, field strength, scan protocol, use of
coils, and orientation of scan plane [222–227]. High spatial reso-
lution and adequate SNR must be balanced to obtain high-quality
MR images [226]. Any increase in SNR affords the potential to
increase the spatial resolution and thus improve MR image sensi-
tivity [226]. Three-tesla (3-T) MR scanners offer improved SNR,
higher spatial resolution, and, in many instances, yield shorter
scan times than 1.5-T MR scanners [227]. For example, a 3-T sys-
tem will double the SNR while maintaining the image resolution
and scan time the same as a 1.5-T system. Similarly, a 3-T system
will double the spatial resolution while maintaining the same SNR
and imaging time as a 1.5-T system. A fourfold decrease in scan
time can be achieved with a 3-T system while maintaining the
same SNR and spatial resolution as a 1.5-T system.

Increased field strength may afford the ability to generate more
physiologically realistic models to study OA, but there are also
some down sides. Three-tesla MR can delineate cartilage lesions
well [228], which analysts may wish to include in their biome-
chanical models. Variations in collagen orientation and in the con-
centrations of cartilage constituents can be captured in higher field
systems from layers of varying signal intensity [126,226,229,230].
Although the fine details of collagen fiber orientation are not visi-
ble using 3-T MR, the general zones within cartilage can be
resolved, which may be useful for assigning depth-dependent
material properties. However, increasing field strength may also
negatively impact image quality. T1 relaxation times must be
increased by 14%–20% when doubling field strength from 1.5-to
3-T, which may increase off resonance effects, resulting in higher
receiver bandwidth for some sequences, which, in turn, reduces
SNR [227]. Chemical shift, fat saturation, and radio frequency
power deposition can heavily influence image quality [227]. Addi-
tionally, complex tissue/field interactions can make it difficult to
acquire high-quality images [227]. The precision error of volume
and cartilage thickness measurements at 1.5-T (3.0% and 2.6%,
respectively) are only slightly better than at 3-T (2.6% and 2.5%,
respectively) [188]. Therefore, modeling requirements should be
considered when selecting field strength.

The primary MR protocols to image cartilage are 3D, T1-
weighted, spoiled gradient recalled acquisition (SPGR) and T2-
weighted fast echo, both of which are routinely performed with
and without fat suppression. The minimum T2 relaxation time in
articular cartilage is short at �10 milliseconds [226]. As a result,
T2 is the determinant of tissue contrast, even on T1-weighted and
proton density–weighted images [226,231–233]. Accordingly, a
moderate to fast low-angle shoot sequence with selective water
excitation is frequently used to image articular cartilage [188].
For the hip, a moderate echo time fast spin echo sequencing with
an effective echo of approximately 34 milliseconds at 1.5-T and
28 milliseconds at 3-T is recommended [225]. It may sometimes
be desirable to obtain more uniform signal intensity in cartilage
for autosegmentation. In this case, the influence of T2 relaxation
can be minimized on short echo time images acquired with
gradient-echo sequences or projection reconstruction techniques
[226,234–236]. Numerous variations of these imaging techniques
exist, due to differences in scanner hardware and user preference.
Briefly, 3D, T1-weighted SPGR provides high-resolution images
in relatively short scan times compared to regular spin-echo tech-
niques. 3D, T1-weighted SPGR also shows excellent delineation

between cartilage and adjacent fluids and structures, which is an
important factor to consider when segmenting image data.
T2-weighted fast echo sequences are faster than 3D, T1-weighted
SPGR, which can result in reduced motion artifact. In
T2-weighted protocols, cartilage exhibits a signal with an interme-
diate intensity, while surrounding fluids appear bright. The pri-
mary disadvantages of the T2-weighted protocols are that in-plane
resolution may be limited and images may appear blurry.

Two types of coils are used in MR imaging: gradient coils and
surface coils. Coils receive radio frequency radiation caused by
direction changes in hydrogen nuclei. These direction changes are
interpreted in the form of a grayscale image. Gradient coils are
three orthogonal coils located within the MR magnetic field,
designed to produce desired gradients in the magnetic field (i.e.,
transmitters). These fields are collectively and sequentially super-
imposed on the main field so that selective excitation occurs. Sur-
face coils are placed directly on the patient in the region of
interest as a means of increasing sensitivity to field changes. The
center of the surface coil should be placed as close to the joint
center as possible [237]. Purpose-built coils are available for the
shoulder and knee, but a hip coil has yet to be developed. Torso
coils are often used for the hip [225].

Unlike CT, MR can acquire native scans in all three anatomical
planes. Like CT, the optimal scan plane depends on the joint to be
imaged as well as the region where cartilage mechanics will be
analyzed. As a basic rule, scans should be acquired in a plane
perpendicular to the weight-bearing region of cartilage. 3D data
reformations can certainly assist for clinical imaging, but gener-
ally need not be acquired, since most segmentation programs pro-
vide reformations within the segmentation mask windows.

CT arthography and MR or MR arthrography offer submillime-
ter accuracy for measurement of cartilage thickness. When com-
pared to physical measurements, CT tends to underestimate
cartilage thickness between 0.09 6 0.24 mm and 0.13 6 0.46 mm
[187,189]. When compared to stereophotogrammetric measure-
ments, measurements of cartilage thickness with CT had a mean
error of 0.31 mm with 95% of the measurements within 0.62 mm,
on average [238]. When compared to physical measurements, MR
also underestimated the cartilage thickness by 0.14 6 0.32 mm
[239]. Direct comparison between CT and 1.5-T MR thickness
measurements in the ankle demonstrated greater accuracy with
CT [189]. However, additional studies are needed to clarify if
higher MR field strength will result in more accurate measure-
ments. In summary, the accuracies of MR and CT for imaging
human joint geometry are comparable, but, risks aside, CT ar-
thrography appears to have a slight advantage over MR [189,190].

Depending on the model, it may be necessary to reconstruct the
shape and thickness of cortical bone. CT can clearly and accu-
rately delineate the outside surface of cortical bone and the bound-
ary between cortical bone and trabecular bone or marrow. Using a
phantom, cortical bone thickness was measured down to 0.7 mm
thick with less than 10% error [216]. Although less common,
cortical bone geometry can also be obtained from MR. When
compared to CT, MR was able to reconstruct 3D cortical bone ge-
ometry with maximum mean differences of 60.23 mm and maxi-
mum standard deviations of 60.81 mm [240]. To our knowledge,
the accuracy of MR for measuring cortical bone thickness has not
been determined.

Volumetric averaging is an imaging artifact that occurs due to
variation in actual signal intensity within a single voxel and
affects both CT and MR. Volumetric averaging is a well-known
limitation of CT [187,208–210], affecting the accuracy of both
cartilage and bone reconstructions [187,208,211]. Volumetric
averaging in CT is affected by the use of contrast agent (for
arthrography), intensity of the signal within a single pixel, as well
as the size of the gradient between adjacent pixels, energy set-
tings, spatial resolution, FWHM of the scanner, and, perhaps most
importantly, thickness of the tissue. Volumetric averaging can
artificially increase or artificially decrease the thickness of an
object imaged in CT [187,189,208–211]. The most important
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factors influencing volumetric averaging in MR are the spin prop-
erties of the tissue, which dictate the intensity of any given pixel.
The effects of volumetric averaging are reduced in both CT and
MR with increased spatial resolution. In CT, the limitations in
spatial resolution are based primarily on the FWHM of the scan-
ner. In MR, the spatial resolution can be increased with stronger
magnetic fields. To our knowledge, MR-based studies have not
been performed to directly elucidate how volumetric averaging
influences measurements of cartilage and bone thickness.

Segmentation and Discretization. Segmentation is the process
of identifying specific boundaries of interest in volumetric image
data, and in the context of this article, discretization is the process
of mesh generation. Specialized software programs, such as
Amira (Visage Imaging, San Diego, CA), Mimics (Materialise,
Leuven, Belgium), and Seg3D [241] enable 3D reconstruction of
volumetric image data via automatic, semiautomatic, and manual
segmentation. These programs vary substantially in price and
layout, but all function primarily using methods such as threshold-
ing, histogram-based segmentation, and manual segmentation of
structures of interest. For 2D approaches, a segmentation mask is
created for each 2D image. The 3D geometry can be reconstructed
from the masks via several methods, and the result is often a trian-
gulated surface [242]. Decimation and smoothing can be applied
to refine the surface [243,244]. Accuracy of the segmented surfa-
ces is an important consideration in both automatic and manual
segmentation [187,208,238,245], as it will have an effect on the
quality of model predictions. Automated methods can decrease
the amount of time required for manual segmentation and can
help to ensure uniformity between image datasets.

The quality of the image data dictates the amount of time that
must be devoted to manual editing after segmentation. Segmenta-
tion masks that are obtained by automatic thresholding often
require manual correction, which can be extremely time consum-
ing. In a recent FEA study of cartilage contact mechanics in ten
normal human hips, high-resolution CT arthrography images were
segmented to define cortical and trabecular bone as well as the
articular surfaces of the pelvis and the femur [185]. Each dataset
required �60 h for segmentation and an additional 20–40 h for
refinements.

An alternative approach to standard automatic and manual seg-
mentation is active shape modeling, which has been employed to
increase segmentation efficiency in soft tissue and in the knee,
pelvis, and vertebrae [246–249]. In this method, an existing mask
serves as a template, and it is warped to new images to provide a
new mask [250]. A similar method has been used in the knee to
leverage a library of segmented and discretized data to decrease
the overall time for generating subject-specific models [251].
These methods are an active area of development for decreasing
the time required to extract subject-specific geometry for studies
of large cohorts.

Prior to use in FEA, polygonal surfaces segmented from volu-
metric image data must be discretized. Polygonal surfaces can
serve directly as shell element geometry to discretize cortical
bone and thin ligaments [131,185,186,252]. Hexahedral and tetra-
hedral elements are the most commonly used three-dimensional
types of elements for computational biomechanics. There are
many robust automatic tetrahedral mesh generation algorithms
that can quickly discretize the complex shapes found in biome-
chanics [253–256]. Unfortunately, linear tetrahedral elements are
overly stiff in large deformations and therefore are not suitable for
most soft tissues [257]. Although new tetrahedral element formu-
lations overcome many of the limitations of linear tetrahedral
elements [258–262], these are not yet as available or robust as
hexahedral elements. Because of the technical limitations with lin-
ear tetrahedral elements, hexahedral elements are preferred for
soft tissue mechanics in general and for joint contact mechanics
in particular (e.g., [78,131,185,186,206,263,264]). Hexahedral
meshes are generated using the segmented surfaces in combina-
tion with user-defined splines and other boundaries and can be

made using many different software packages. We have found
that the commercial software packages TrueGrid (XYZ Scientific,
Livermore, CA) and Cubit (Computational Simulation Software,
LLC, American Fork, UT) both produce high-quality meshes.
Even when using these software packages, hexahedral mesh gen-
eration can be a time-consuming task, because of the geometric
complexity of many structures of interest (e.g., cartilage, menis-
cus, and labrum).

Boundary and Loading Conditions. Boundary and loading con-
ditions dictate the governing behavior of computational models.
For models of human joints, examples of boundary conditions
include joint orientation (i.e., “kinematic position”) and areas
where the model is restricted in its movement (i.e., “kinematic
constraints”). Loading conditions are generated by displacing one
component relative to another (i.e., “displacement driven”), by
specifying a direct force, or by using both methods. Boundary and
loading conditions can be taken from the literature or estimated
using methods described below.

Some degree of modeling error results from inaccuracies in the
estimation of boundary and loading conditions. However, models
of cartilage contact that are driven with even the simplest of
boundary and loading conditions have the potential to yield con-
siderable insight into the mechanisms of OA. If quantifying differ-
ences in cartilage mechanics between groups, using consistent
boundary and loading conditions for all subjects can effectively
isolate the contribution of pathology. Nevertheless, because many
orthopedic pathologies include altered motion and force, it would
follow that each should be incorporated into the model as accu-
rately as possible.

In vivo joint kinematics and kinetics are most commonly deter-
mined using marker-based 3D motion capture and force-plates
[265–267]. Markers are attached to the skin, most often at bony
prominences. Joint kinematic models are used to represent raw
marker trajectories as motion between rigid bodies (i.e., bones).
This requires assumptions about the relationship between the seg-
ment coordinate system and the type of motion allowed between
connecting rigid bodies. For example, the origin of the ankle may
be defined as half the distance between a marker placed on the
medial malleolus and one placed on the lateral malleolus. Fre-
quently, the joint of interest is simplified in its allowable motion.
Inverse kinematics compute joint angles from the captured motion
data. Joint angles can be calculated in the motion analysis soft-
ware or via programs with additional functionality (e.g., OpenSim
[79]). One of the major limitations of standard motion capture
techniques is that soft-tissue motion relative to bony landmarks
can introduce errors up to 20 mm [268,269]. To gain an apprecia-
tion of the severity of this error, consider that, in patient-specific
FEA of the hip, the femur only requires �1 to 2 mm of displace-
ment to achieve a realistic joint reaction force of approximately
three times body weight [131,185]. Soft tissue artifacts can be
reduced with plate-mounted markers or marker trees [269]. How-
ever, the error may still be unacceptable for some modeling
applications.

Other techniques can provide more accurate measurement of
bony kinematics. Dual fluoroscopy measures joint kinematics
in vivo with excellent accuracy and precision [198,270–283]. Dual
fluoroscopy captures 3D joint kinematics through registration of
volumetric image data and associated 3D surface reconstructions
to the 2D images acquired using fluoroscopes. The technique has
submillimeter accuracy for measuring kinematics of the ankle,
shoulder, knee, and hip [270–277,279,281–287]. Dual fluoroscopy
can provide joint angles [271] or displacements to use as boundary
and loading conditions in joint models, such as those described by
Wan et al. for the ankle [286]. The primary disadvantages of this
technique are that it is technically challenging and includes radia-
tion exposure. In addition, even submillimeter accuracy may be
insufficient for kinematically driven joint contact models [264].
Single-plane fluoroscopy can also be used to quantify in vivo joint
kinematics [240,288]. While this analysis is 2D, and out-of-plane
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motion is not considered, the error may be acceptable for some
modeling applications where the primary movement is in a single
plane [240]. Recent developments in 4D CT and open MR also
offer the opportunity to quantify joint kinematics in vivo [78,289].
These techniques are in early development and are not yet widely
available. However, as CT scanners become faster and MR scan
acquisition times become shorter, there will likely be increased
application of 4D CT and open MR in computational
biomechanics.

Joint reaction forces are the net equivalent forces that act across
the joint and are often used as loading conditions in joint-level
computational models. Joint reaction forces include contributions
from body mass, inertia, muscles, ligaments, tendons, capsule,
and other tissues. Joint reaction forces can be obtained in vivo
from instrumented implants in the nonnative joint or can be esti-
mated with musculoskeletal modeling in the native joint [79,265].
Instrumented prostheses in the hip, knee, and shoulder have meas-
ured cartilage on metal joint reaction forces on the order of five
times bodyweight or above, even during daily tasks of living
[290–296]. While instrumented implants provide the only direct
measurements of joint reaction forces in vivo, these data should be
used with caution in joint-level models, since they are not a true
measurement of cartilage-cartilage contact and the data were
obtained from arthroplasty patients as treatment for end-stage OA.

Musculoskeletal models estimate individual muscles forces and
joint reaction forces by solving the muscle redundancy problem,
where there are more unknowns (i.e., forces for individual
muscles) than there are knowns (i.e., ground reaction forces).
Musculoskeletal models use rigid body dynamics to investigate
how muscle forces produce movement of the rigid body segments
via optimization methods, electromyography-driven methods
or reduction methods [265,297,298]. Different optimization
strategies are available, such as static optimization, dynamic opti-
mization, and computed muscle control [299]. Although musculo-
skeletal modeling is predominately geared toward providing
individual muscle forces, it is more appropriate to utilize an esti-
mated joint reaction force that incorporates muscle contributions
for joint-level models than it is to apply the individual muscle
forces. Limitations inherent with the use of musculoskeletal models
to estimate joint reaction forces are that they simplify the geometry,
restrict the allowable motions, neglect cartilage, often represent
muscles as single lines of action, often simplify the manner in
which a muscle can generate force, and are often driven using inac-
curate motion capture data. As a result, musculoskeletal models
have a tendency to overestimate joint reaction forces when com-
pared to those measured by instrumented prostheses [265].

Finally, consistent with the laws of physics, one must assign
some level of kinematic constraint to computational models of
joint contact mechanics this is implied. The type of constraint and
the location of application will depend on the overall objective of
the model. As an example, our group routinely utilizes joint
angles and joint reaction forces from Bergmann and coworkers as
boundary and loading conditions to estimate cartilage contact
mechanics in human hips [185,186,290]. To avoid over-constrain-
ing the model, we fix the sacroiliac and pubis joints and allow the
distal femur to move along a plane parallel to the shaft of the dis-
tal femur.

Constitutive Model Inputs. In general, constitutive model coef-
ficients must be obtained either from the literature or from labora-
tory experiments. Coefficients from the literature are the most
common choice, but these data come with certain limitations.
Because the analyst is not conducting the experiments, data from
the literature should be used when there is sufficient evidence that
the data are reliable and appropriate for the intended application.
An additional challenge with using literature data is that the spe-
cific constitutive model of interest may not be characterized for
the joint of interest. Material characterization specific to the joint
is the most reliable way of obtaining coefficients, although it is
more cumbersome and is rarely done in practice. This approach is

required to obtain subject-specific properties [252,300], although
average properties may sometimes be available in the literature.

Empirical relationships between imaging data and material
coefficients have been established for the purpose of assigning
site-specific properties to models of human joints. For example,
the specification of bone material properties based on CT scan
data is well described [211,301–303]. Although still an emerging
field, measurements of cartilage anisotropy and site-specific
material properties may also be obtained from MR images
[229,304–308]. Using quantitative MR at 9.4-T, Nieminen et al.
found that 87% of the variations in certain material properties
could be explained by the MR images [305]. However, owing to
the large field strengths used in these studies, the immediate
impact MR may have on developing continuum level computa-
tional models to study OA remains to be seen. T1rho and dGEM-
RIC can provide information regarding proteoglycan content in
cartilage, which can be tied to material coefficients or changes in
material coefficients [223–225,227,229,305,306,309]. Collagen
orientation and zonal delineations can be obtained from T2 map-
ping, which can then be used as inputs to the constitutive models
[223,225–227,229,230,307,310]. T2* mapping has also been
correlated with histological grades in cartilage [311,312], which
could provide the basis for changes in cartilage structure as carti-
lage degenerates. The primary challenges associated with using
these techniques are resolution required to obtain zonal informa-
tion in cartilage, which is itself a thin tissue, and the effect of the
orientation of fibers relative to the orientation of the magnetic
field on the signal [226,313]. Most clinically available scanners
(typically 1.5-T or 3-T) cannot obtain the same level of informa-
tion as required for constitutive modeling inputs (e.g., 17.6-T MR
used in Ref. [230]).

2.4 Validation. Validation ensures that the computational
model produces results that are consistent with reality. Validation
and verification are separate aspects of computational modeling.
Verification confirms that the equations implemented are solved
correctly, while validation confirms that the correct equations are
solved [314]. Most verification is part of software development,
so the analyst has the responsibility to use code that has been veri-
fied. However, an additional verification step, mesh convergence,
should be included in every modeling study. Previous review
articles from our group have covered these topics in detail
[132,315], so this section provides a brief overview of validation
related to joint contact mechanics.

Validation is achieved via comparison of model predictions to
experimental results. Direct validation, where the experimental
and computational setups are as identical as possible, is the
preferred method for validation. Indirect validation, where com-
putational results are compared to existing experimental data,
does not provide the confidence necessary for application to
subject-specific modeling. Analysts must recognize the difference
between model validation and model calibration. Model calibra-
tion is the process of perturbing model inputs to achieve a specific
result (often to describe experimentally measured data).

Validation should be done on the same physical scale that the
model is expected to predict accurately. For joint contact analysis,
there are three levels of model validation: overall displacement
validation (kinematic); contact pattern (qualitative) validation;
and contact stress and area (quantitative) validation. Validation on
displacements of the patellofemoral joints have been used to
assess the requirements of soft tissue constraints to predict accu-
rate patellofemoral kinematics (e.g., Ref. [316]). While these
models are appropriate for predicting kinematics, validation based
on kinematics is not sufficient for providing confidence in carti-
lage contact predictions. To predict cartilage contact, model pre-
dictions should be validated against experimentally measured
contact mechanics. The first step in comparing model and experi-
mental results is qualitative comparison [131,206,317]. Prefera-
bly, validation should also compare the experimental and
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computational results quantitatively, either through peak and
mean values or through pixel-wise comparison [131,206].

Direct validation of contact stress and area can be achieved
through pressure-sensitive film and dynamic pressure sensors
[318–321]. Pressure-sensitive film has been the gold standard
method for experimental measurement of cartilage contact
mechanics for decades, due to its reasonable accuracy and high
spatial resolution [319] (Fig. 6). The primary drawbacks are the
ability to only capture a single high point and the possibility for
crinkle and shear artifacts [131,319]. Dynamic sensors, such as
those produced by Tekscan (Boston, MA), overcome the limita-
tion of film in their ability to capture contact pressure and area
during dynamic motions. This dynamic capability is typically at
the expense of spatial resolution [319]. There are several technical
challenges associated with experimental testing of cadaveric
joints. The joint should be kept moist throughout testing, which
can conflict with the requirement for pressure-sensitive film and
the electrical leads in dynamic sensors to stay dry. Further, the
joint space must be opened to place the sensor between the carti-
lage layers, which may alter the mechanical environment of the
joint [322]. Recent developments are aiming to overcome the
challenge of opening the joint space by using in-fiber sensors
[323]. In addition to the challenges presented by the joint, there
are challenges with matching the boundary and loading conditions
between the experimental and computational set-ups [131].

Because of the inherent variability within each population,
validation should be completed on more than one specimen.
Model results should be interpreted with the effects of experimen-
tal error and uncertainty understood, for which sensitivity studies
are employed. Validation should be at least equal to the expected
difference between patient populations. In the simulation of joint
contact mechanics, direct validation has been reported for models
of the ankle [206], hip [131,324], and knee [193]. The methods
used to generate the validated models have subsequently been
used to model live subjects [185,208].

2.5 Parametric Analysis, Factorial Design, and Probabilistic
Analysis. Computational models in biomechanics are not com-
pletely deterministic. Model inputs, including constitutive model
coefficients and geometry, are associated with error and uncer-
tainty [315,325,326]. Model inputs derived from experimentally
measured data are described by statistical distributions (e.g.,
cartilage material coefficients are often represented as a Gaussian
distribution) [132,327]. Uncertainty can be either aleatory (e.g.,
intersubject variability) or epistemic (e.g., incomplete material
characterization or differences between experimental testing pro-
tocols) [315,326,328]. Parametric analysis, factorial design, and
probabilistic analysis are methods for assessing the effects of error
and uncertainty in model inputs on model outputs [132,315,329].
All three methods have the same goal: to quantify the effects of
uncertainty in the input variables (also called factors or parame-

ters) on the output variables (also called response variables or
model results). To evaluate the effects of uncertainty, all three
methods rely on repeated analysis of the computational model
with varied input variables. Each model analysis with a different
set of input variables is called a trial. Sensitivity factors describe
the relative change in the output variable from the relative change
in the input variable, and all three methods yield this information.
Absolute sensitivity factors are calculated as nondimensional val-
ues and allow comparison between different variables in order to
determine which input has the largest effects [327]. In addition to
sensitivity factors, factorial design and probabilistic analysis
quantify the interaction between multiple input variables. Proba-
bilistic analysis can also be used to determine confidence intervals
on the output variables as a result of uncertainty in the input
variables.

The preferred approach to quantifying uncertainty in a particu-
lar application depends on the intended use of the model results,
the ideal assessment of all possible uncertainties in input varia-
bles, and practical considerations regarding the number of trials
that must be evaluated and the time to complete each trial. For
example, when evaluating models for preoperative planning, the
effects of uncertainty in the input variables should be rigorously
assessed to provide a reliable prediction of expected surgical out-
comes. One of the three methods can be employed individually or
a combination can be used (e.g., factorial design to determine the
most important parameters followed by probabilistic methods to
obtain confidence intervals on the output variables [329]). The
specimen-specific hip joint model developed by Anderson et al.,
which took approximately 2 h to analyze [131], will be used for
timing comparisons between parametric analysis, factorial design,
and probabilistic analysis to assess the uncertainty in the output
variables arising from the uncertainty in three input variables
(e.g., cartilage shear modulus, cartilage bulk modulus, and carti-
lage thickness).

Parametric analysis aims to examine the effect of uncertainty
by probing the effects of variation in one input variable at a
time. Selected input variables are varied from the baseline by
some percentage, often in both directions. The change in output
variable with each perturbation in input variable gives the sensi-
tivity. The primary advantage of using parametric analysis is that
it requires the fewest number of trials of the three methods
presented here while still providing insight into the effects of
uncertainty. Parametric analysis has been used in joint contact
mechanics to provide insight into the effects of uncertainty in
material parameters, boundary conditions, and model geometry
[74,75,78,81,131,172,184,193,194,199,263,264,330–335]. To
assess the effects of changing each of the three input variables in
the hip model by 610% would require the baseline model as well
as six additional runs for a total analysis time of 14 h.

Factorial design is essentially a more systematic extension of
parametric analysis, which includes varying multiple input varia-
bles simultaneously. The Taguchi method of factorial design has
been used in subject-specific computational modeling of the knee
[263,264]. This method assesses the outputs based on levels of the
input variables. For example, in a two-level factorial design, mod-
els would be analyzed with each input variable at its minimum
and maximum value, with all possible combinations between
variables. So, for a two-level factorial design with three input
variables, a total of 23 trials would be required. For a three-level
factorial design, models would be analyzed with each input vari-
able at its minimum, maximum, and midpoint value. Because var-
iables are varied simultaneously in factorial design, the method
yields insight into interaction effects. This is the primary advant-
age of factorial design over parametric analysis. The primary
drawback is the increased number of trials. To complete a two-
level factorial design on the hip model would require a total run
time of 18 h. To complete a four-level factorial design on the hip
model would require 130 h of run time. As an alternative method
for decreasing the number of trials, a combination of levels could
be used. For example, Yao et al. used two stages of factorial

Fig. 6 Validation of computational prediction of cartilage con-
tact stress via direct comparison with experimental results indi-
cates excellent agreement.

021003-12 / Vol. 135, FEBRUARY 2013 Transactions of the ASME



design to first evaluate the most important input variables and
then evaluate the effects of those input variables in greater detail
[263].

Probabilistic analysis provides forward uncertainty propagation
by sampling statistical distributions of input variables to create
statistical distributions of output variables [325,328]. In contrast
to factorial design, where each level is sampled regardless of
its probability of occurring, the input variables in probabilistic
analysis are sampled based on the probability of a certain value
occurring. The advantage of probabilistic analysis is that confi-
dence bounds on the output variables can be generated [325]. The
disadvantage is the drastically increased number of trials required
[328]. Two types of probabilistic analysis methods that have been
applied in computational biomechanics are the Monte Carlo
method and the most probable point method [336–338]. Monte
Carlo is the gold standard because, given sufficient trials, it will
capture the variation in the output variables accurately. Monte
Carlo analysis is typically required in the case of nonmonotonic
functions, such as contact mechanics [325]. Further, it is recom-
mended that Monte Carlo analysis be used for benchmarking any
new solution [325]. Variations on Monte Carlo analysis aim to
decrease the number of trials required by altering the sampling of
input variables. Most probable point methods and variations (first-
order reliability method, second-order reliability method, mean
value, and advanced mean value) are approximate methods that
reduce the number of trials compared to Monte Carlo methods
[327,339]. Probabilistic analysis can be completed using commer-
cial software (e.g., Nessus from Southwest Research Institute,
Texas, USA and ANSYS from ANSYS Inc., Pennsylvania, USA),
research software (e.g., DAKOTA from Sandia National Labs
[328]), or custom software written by individual investigators.
Monte Carlo analysis typically requires thousands of trials to
achieve useful results [325]. To complete Monte Carlo analysis
with 2000 trials in the Anderson et al. paper would take �4000 h
(about 51=2 months!). Monte Carlo analysis with Latin hypercube
sampling has been used to assess the effects of material uncertain-
ties in motion and load response predicted by subject-specific fi-
nite element models in the human cervical and lumbar spine
[336,337] as well as to assess the effects of shape variations on
intradiscal pressure, range of motion, and facet joint contact force
[338]. For additional detail on background, implementation, and
use of these methods, the reader is referred to standard texts (e.g.,
Refs. [340] and [341]). For additional detail on applying these
methods specifically to computational biomechanics, the reviews
and frameworks presented by Laz and Browne [325] and by Roy
and Oberkampf are recommended [326].

2.6 Computational Model Outputs. Computational models
of joint mechanics provide a myriad of output parameters. Select-
ing, displaying, and reporting the appropriate values of interest
are important components of the design and execution of model-
ing studies. Outputs can be scalars, vectors, or tensors. Scalar val-

ues include temperature, solute concentration, contact stress, fluid
pressure, and solid pressure. Scalars are typically viewed as fringe
plots, which allows visual assessment of patterns as well as for
comparison between groups or parameters (e.g., for comparison
between two constitutive models in parameter studies) (Fig. 7).
The scale should be set such that the full range of colors or inten-
sities is utilized. When comparing between fringe plots, the scales
should be identical to ease interpretation. Maximum, minimum,
and average scalar values can also be reported for numerical eval-
uation. Vectors, including displacement, fluid velocity, and solute
flux, can be viewed using vector plots (Fig. 8). For symmetric sec-
ond order tensors, such as stress and strain, decompositions or
components can be viewed using fringe plots or vector plots.
Decompositions into eigenvalues and eigenvectors can be viewed
as scalars and vectors, respectively. Scalar invariants based on the
eigenvalues of these tensors have utility, because they do not
change under basis transformation. Commonly used invariants
include the principal values (eigenvalues), pressure, maximum
shear stress and strain, and effective (von Mises) stress.

Results can be evaluated at any location in the cartilage in FEA
models, and evaluation on both the articular surface and
through the thickness may be important in understanding the
pathogenesis of OA. For example, cartilage often fails at or near
the boundary with subchondral bone [23,342]; therefore, results at
the subchondral bone and through the cartilage thickness are of
interest (Fig. 9).

Stress is of particular interest in models of OA, because stress
above certain thresholds affects the physical integrity and metabo-
lism of cartilage (see Sec. 2.2). Pressure, calculated as the average
of the three principal stress components, is another useful stress

Fig. 7 Solute concentration over time in a 2D problem demonstrating the visualization of a sca-
lar result using a fringe plot. The upper cylinder was initially at a uniform solute concentration
of 0 mM, and the bottom plate was initially at a uniform solute concentration of 1 mM. The cylin-
der was displaced into the plate over the first second of analysis and then allowed to relax
(based off analysis by Ateshian et al. [96]; solute solubility j 5 1, osmotic coefficient U 5 1,
diffusivity 5 5 3 10–4 mm2s–1, free diffusivity 5 10–3 mm2s–1, permeability 10–3 mm4N–1s–1, neo-
Hookean solid matrix with E 5 1 MPa and m 5 0.3, 3-mm radius of upper disk, displaced down-
ward 1.5 mm, analyzed in FEBio).

Fig. 8 Combination vector and fringe plot of fluid flux in a
biphasic analysis (geometry from Ref. [97]). Contact between
the two layers forces fluid out radially. The vector plot provides
information regarding the direction of fluid flow, which is not
clear from the fringe plot alone.
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invariant in understanding the pathogenesis of OA. Fluid and solid
pressure can be evaluated separately in biphasic and multiphasic
analysis. Stress results can also be integrated over time or across
components (e.g., integrating first principal stress and maximum
shear stress) to create a composite measurement. Postprocessing
of contact stress via chronic-overload analysis has highlighted dif-
ferences between normal and pathologic groups [134,207,343].

Kinematics variables are measurements of the deformation
experienced by the tissue. Kinematics variables include displace-
ments, velocities, and strains. Motion of bones is of interest in the
context of joint stability [169] and has been employed extensively
in the patellofemoral joint (e.g., [339,344]). Strain invariants, like
stress invariants, can provide insight into the pathogenesis of OA
via comparison with values that are expected to cause physical
damage or metabolic change.

3 Insights From Computational Models

3.1 Understanding Normal Joints. Understanding cartilage
mechanics in normal or control populations is an essential first
step in using computational models to study OA. Predictions in
control populations serve two purposes. The first is to understand
the variation in cartilage mechanics within the control population.
The second purpose is to serve as a baseline for comparison
against pathologic groups. Using a group of control subjects rather
than an individual subject allows statistical comparisons between
the two groups, greatly strengthening the insights provided by

the models. Traditional statistical methods should be used to
determine the required sample sizes. Because computational effi-
ciency is an important consideration for modeling large groups,
researchers have developed several efficient analysis methods.
Anderson et al. developed DEA methods explicitly for the pur-
pose of modeling large populations [84]. Rigid contact has been
used to predict subject-specific contact mechanics in the patellofe-
moral joint, which were in reasonable agreement with deformable
contact at a lower computational cost [344]. These methods have
been applied in the knee [73,85] and can be used further in future
studies.

Inclusion criteria for control populations should be carefully
crafted. At a minimum, control subjects should be free of degener-
ative cartilage changes. This criterion alone provided a control
group for comparison against subjects who did develop OA at 15-
month follow-up [73]. Additional criteria for the control group
should be clinically driven, depending on the pathology of interest
and the patient population that will be used for comparison. For
example, Harris et al. used subjects who had normal hip morphol-
ogy on 2D radiographs for controls against which to compare sub-
jects with pathologic hip morphology [185]. Yang et al. used a
subject with normal varus-valgus alignment in the frontal plane
for a control subject in studies of tibiofemoral contact [345,346].
In addition to the definition of pathology, which will be used to
select the patient group, the control group should be selected to
minimize other confounding factors. Specifically, age, gender,
weight, height, and body mass index of the control population
should be matched as closely as possible to the pathologic popula-
tion. A second approach that has been used in the knee is compar-
ing regions of each knee that did degenerate to those that
remained healthy [85].

Studies examining groups of control subjects indicate that con-
tact patterns are subject-specific, primarily due to geometric vari-
ability between subjects. A study of ten normal hips demonstrated
intersubject variability in contact patterns (Fig. 10). While the an-
atomical position of the joint and the direction of the applied load
had some effects on contact pattern, contact patterns were more
consistent within each subject across loading scenarios than
within each loading scenario across subjects. This study also elu-
cidated regional differences in average contact stresses, providing
numerical insight into the regions that support load during certain
activities in normal hips [185]. Specimen-specific FEA models of
the knee support the conclusion that subject-specific geometry is
perhaps the single most important factor for predicting computa-
tional contact mechanics. Specifically, applying identical varia-
tions in the angle of applied quadriceps force caused different
shifts in patellofemoral contact pattern for four different speci-
mens in both experimental and computational trials, because each
subject had unique geometry [317]. Variations in subject-specific
geometry also influenced knee contact patterns in both the neutral
position and the changes in cartilage stress following changes in
femoral rotation [78]. Similarly, subject-specific FEA has demon-
strated variation between subjects in normal ankles [206,207].
Additional studies have used single normal subjects for compari-
son to specific pathologic groups or for parameter studies and will
be discussed in the following sections.

3.2 Understanding Patient Populations. Similar to control
populations, patient populations must be selected with care in an
attempt to isolate the effects of pathologies of interest. Subjects
with OA can be evaluated as a patient group, although probable
changes in cartilage material properties should be addressed
when modeling osteoarthritic subjects. Most orthopedic diseases,
including those that predispose to OA, fall along a spectrum (e.g.,
hip dysplasia falls along a spectrum for both severity of underco-
verage and incongruency [347]). As an example of selecting a
patient population, hips with acetabular dysplasia can be charac-
terized based on the lateral center-edge angle. Depending on the
study, hips with lateral center-edge angles below 25 deg [348] or

Fig. 9 Maximum shear stress through the thickness as a func-
tion of nearly incompressible hyperelastic constitutive model
for a plane strain analysis of a cylinder (outer radius of 20 mm,
thickness of 2 mm) contacting a plate (thickness of 1 mm). The
fringe plot shows results for the spherical fiber distribution
model, because minimal differences were visible in the fringe
plot between constitutive models. Shear stress was evaluated
in the cylindrical layer at the location of peak contact stress
(left border of fringe plot). The neo-Hookean constitutive model
has both a lower maximum value at the contacting surface and
a smaller change in maximum shear stress through the thick-
ness of the layer. The Veronda Westmann and spherical fiber
distribution constitutive models both captured larger maximum
shear stress below the contacting surface than on the contact-
ing surface. The differences between the neo-Hookean consti-
tutive model and the other two combined with the similarity
between the Veronda Westmann and spherical fiber distribution
models suggests that material nonlinearity, not fiber reinforce-
ment, is a salient feature for capturing maximum shear stress
gradients through the thickness with this simplified geometry.
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below 15 deg [349] could be considered dysplastic. Therefore,
one approach in selecting patient populations would be to narrow
the inclusion criteria to a specific portion of the spectrum of dis-
ease. In the case of dysplastic hips, inclusion criteria could be
selected to evaluate subjects with borderline dysplasia character-
ized by center-edge angles between 20 deg and 25 deg or severe
dysplasia with center-edge angles less than 5 deg. While both of
these groups are within the broad category of patients with dys-
plastic hips, focusing on specific portions of the spectrum of dis-
ease would provide a more homogeneous patient group. An
additional consideration in selecting patient populations is the
reliability of radiological and clinical measurements. Measure-
ments used to identify patients in the clinic may not be sufficiently
reliable for selecting a homogeneous patient population (e.g.,
Refs. [350] and [351]). For example, bony pathologies of the hip
have recently been characterized as complex three-dimensional
morphologies [352], but diagnosis is typically done using 2D radi-
ographic projections. When developing inclusion criteria for a
patient population, the spectrum of disease and the reliability of
measurements used to characterize the disease should be weighed
against the expected outcomes of the study and the reality of how
many patients can be recruited within certain criteria.

Studies comparing groups of pathologic and normal subjects
demonstrate the power of subject-specific analysis in revealing
differences between groups in cartilage contact mechanics. Rus-
sell et al. [134] and Hadley et al. [343] demonstrated elevated con-
tact pressure in dysplastic hips after reduction. Specifically, there
were differences in chronic overload for those hips with poor out-
come and trends towards significant correlations with Severin
score [134,343]. In congenital deformities, such as dysplasia, the
control population should be recruited from another population,
because the deformities are likely to exist in both joints. However,
the contralateral joint can be used as a control in analyses of joints
that rarely develop OA, except following injury. This principal
was employed in the subject-specific ankle FEA of 11 subjects,
each with one postfracture ankle and one normal ankle. Intact
ankles had lower peak contact stress exposure and higher contact
area [208]. The results of postfracture chronic overload in the
ankle also correlated with outcomes at 2-year follow-up in three
subjects [353]. Using computationally efficient DEA to examine
knee contact mechanics in 60 knees, Segal et al. showed elevated
contact pressures in 30 knees that developed OA at 15 months
follow-up versus 30 knees that did not develop OA [73]. In a sepa-
rate study, where both control and patient knees were evaluated
as regions in the same 38 subjects, elevated contact pressures
occurred in regions that had worsening bone marrow lesions and
cartilage thinning at 30 months follow-up [85]. These studies of

contact in the knee employ the DEA framework to study the larg-
est populations to date.

While these studies provide powerful insight into the differen-
ces in cartilage contact stress and area, only one study that we are
aware of has reported results for other measurements in a large
group of patients. Farrokhi et al. [354] coupled subject-specific
knee joint geometry with subject-specific kinematics and kinetics
in a study comparing ten female subjects with patellofemoral pain
to ten female subjects without patellofemoral pain. Similar to the
results for groups above, subjects with patellofemoral pain had
larger peak and mean contact stress on the patella than normal
subjects. Additionally, subjects with patellofemoral pain had
larger octahedral shear stress on the patella than normal subjects
[354]. Both the coupling of subject-specific geometry with
subject-specific kinematics and kinetics as well as the reporting of
shear stress for a group of subjects represent important methodo-
logical advances that should be employed in future studies.

3.3 Effects of Joint Incongruency, Instability, and Focal
Cartilage Damage. Insight on the effects of joint congruency has
primarily been provided by computational models of meniscus
damage and removal. The meniscus in the knee functions to make
the relatively incongruent tibiofemoral joint more congruent and
thus distribute the loads transferred across the joint more effi-
ciently [38,39,355–357]. Models are useful in understanding the
effects of the meniscus, because they can examine more combina-
tions of factors than are feasible experimentally and can provide
results that cannot be measured experimentally, such as fluid pres-
sure and shear stress through the cartilage layers. Removal of the
meniscus decreases the fluid pressure in the cartilage immediately
adjacent to the meniscectomy and causes slower overall fluid dis-
sipation [358,359]. Consistent with experimental results, meniscus
removal increases cartilage contact pressure [355,360]. As an
extension from experimental results, computational modeling has
also demonstrated that meniscus removal increases Tresca stress
[199]. Model results have shown that, while the maximum stresses
are on the medial tibia, the lateral tibia experiences larger changes
in cartilage contact stress following meniscus removal than the
medial tibia does [345,361]. Using subject-specific frontal plane
alignment and kinematics in knee joint models with simulated
meniscectomies, it was demonstrated that the precise effects of
incongruency on contact mechanics varied between subjects with
different varus/valgus alignment [362]. Taken together, these
results show that the effects of induced incongruency are complex
and include altered contact pressure, shear stress, and fluid move-
ment in the joint.

Fig. 10 Contact pressure patterns in the human hip of ten normal subjects demonstrates large
intersubject variability.
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The importance of soft tissue stabilization on joint contact
mechanics has been demonstrated through subject-specific model-
ing of the knee, the shoulder, and dysplastic joints. The human
knee joint is stabilized via soft tissue, including the menisci, liga-
ments, and tendons, and retinacula [363]. Parametric analyses
have demonstrated that the constitutive assumptions regarding
these soft tissues can drastically affect joint contact mechanics
(see Sec. 3.4). Further, release of the lateral vasti moved patellofe-
moral contact medially [331]. The effect of the ACL has been
evaluated in a 3D model of the knee joint. The peak pressure on
the cartilage increased as the ACL stiffness decreased [208].
Additionally, ACL rupture caused increased tibial translation,
highlighting the importance of the ACL on knee joint stability
[364]. An FEA study of the shoulder demonstrated increased
pressures in an OA shoulder compared to a normal shoulder, as
well as more posterior contact in the OA shoulder. This shift
may correspond to the posterior wear seen in OA shoulders,
likely the result of instability [203]. In another study, the
shoulder was stabilized fully through the surrounding soft tissue.
This study provided additional evidence that the rotator cuff is
the primary stabilizer in the joint [204] and can serve as a base-
line for examining instability conditions, including rotator cuff
tear. Dysplastic joints, including shallow acetabuli in the hip and
shallow trochlear grooves in the patellofemoral joint, exhibit in-
herent bony instability. In a 2D DEA model of the knee, the
effect of soft tissue constraint on various trochlear groove depths
was assessed. This study demonstrated that, in a normal trochlear
groove, the retinacula had no effect on patellar kinematics, but in
a shallow trochlear groove, the retinacula were vital for main-
taining stability [365]. Unstable dysplastic hips reduced at
infancy have higher chronic overload stresses with decreased
long-term outcome and in comparison to a normal hip [134,343].
In a single comparison of a normal hip to a dysplastic hip, the
acetabular labrum was found to support more load in the dysplas-
tic hip [186]. This suggests that soft tissues in the hip have an
enhanced role in stability in dysplastic hips similar to that in dys-
plastic knees. Overall, these studies indicate that soft tissue is an
important consideration for joint stability in joints that are inher-
ently unstable and that damage to those stabilizing mechanisms
can affect cartilage mechanics.

The relative influence of instability and incongruity in postfrac-
ture ankles with residual incongruity is unclear. To separate the
effects of the two factors, Goreham-Voss et al. examined four
cases of instability and incongruity in noncontact FEA, represent-
ing articular incongruity [62]. Contact pressure distributions deter-
mined experimentally were applied to a 2D plane strain model,
and resulting fluid pressure, normal solid stress, and tangential
solid stress were evaluated over time. A healthy ankle and an
ankle with an anatomically reduced fracture were simulated for
congruent, stable control cases. A postfracture ankle with a 2-mm
step-off incongruity was simulated in one case with stable load-
ing, where the load did not cross the incongruity, and in another
case with unstable loading, where the load did cross the incon-
gruity. The incongruous ankle without instability exhibited higher
fluid pressure, normal stress, and tangential stress than the two
congruent cases. The incongruous ankle with instability exhibited
higher pressure and stress and drastically higher temporal gra-
dients in fluid pressure, normal stress, and tangential stress. These
results indicate that the incongruent ankle does have altered carti-
lage mechanics, but that greater variations from baseline occur as
a result of instability. This study demonstrates the use of FEA in a
controlled case to isolate the effects of instability versus the
effects of incongruity.

The effects of focal lesions on cartilage contact mechanics
depend on lesion size and location. In a 3D model of the knee,
focal lesions 1.76 cm2 and larger created stress concentrations
adjacent to the lesion [200]. Also, focal lesions on the medial con-
dyle increased stress in the lateral condyle [200]. The effects of
focal defects in a load-being region were more pronounced than in
an unloaded region [200]. When comparing the effects of focal

defects in each condyle in a 3D knee model, a defect of equal size
in both condyles created larger peak contact pressure in the medial
condyle than in the lateral condyle [197]. As with meniscus dam-
age, computational models of focal cartilage defects are able to
parametrically examine more cases than feasible experimentally.
These additional variations demonstrated that lesion size and
lesion location affect the changes in cartilage mechanics in the ad-
jacent and distant cartilage.

While the importance of using subject-specific geometry has
been demonstrated (see, e.g., Ref. [319] and the above para-
graphs), there is a clear role for computational models with ideal-
ized geometry to understand the general effect of well-defined
changes to geometry, material properties, and boundary condi-
tions. Because of the challenges associated with separating indi-
vidual influences, such as the relative effects of instability and
incongruency in the pathogenesis of ankle OA, idealized models
can be used to help interpret these effects. As an example, hips
with acetabular dysplasia are often both unstable and incongruent,
and congruency is an important factor in predicting the success of
surgical intervention [52,366–370]. Using idealized spherical
geometry, Chegini et al. were able to isolate the effects of instabil-
ity on contact pressure elevations in dysplastic hips [371]. Simi-
larly, Genda et al. used idealized geometry to demonstrate that the
peak contact pressure correlated with femoral head coverage in
spherical hip joints [176] and that the pressure tended to be on the
anterior-lateral edge of spherical dysplastic hips [182]. Mathemat-
ical modeling has further corroborated these results in idealized
hips (e.g., Refs. [372–375]). Idealized 2D models have also been
used to demonstrate that peak fluid pressure and peak tensile
strains increase without the labrum or meniscus [376,377] and
that these effects depend on the congruency of the contacting
layers [378].

3.4 Insights From Parametric Analysis in Whole Joint
Models. The assumptions of constant cartilage thickness and
idealized joint geometry should be interpreted carefully, since
these assumptions can lead to inaccurate predictions. In the human
hip, spherical and ellipsoidal contact surfaces predicted lower
contact pressures, higher contact areas, and contact patterns in
poor agreement with subject-specific predictions [172,184]. Ideal-
ization of the subchondral bone geometry with subject-specific
articular surfaces reduced contact stress, indicating that the
geometry at both the articular and bony surface of the cartilage is
important for accurate contact predictions [184]. The use of aver-
age cartilage thickness is an attractive simplifying assumption in
computational models, because it allows the use of imaging
modalities, such as noncontrast CT (see Sec. 2.5). FE predictions
of contact area and pressure in the human ankle with constant car-
tilage thickness were in good agreement with experimental results
[206]. However, these results were not compared directly to
model results with subject-specific cartilage thickness. In paramet-
ric analyses of the human hip, constant cartilage thickness with
subject-specific bones provided better predictions of contact than
spherical or ellipsoidal joints, but did not provide contact that was
consistent with subject-specific cartilage thickness [184]. Simi-
larly, comparisons between subject-specific and constant cartilage
thickness in the patellofemoral joint indicated that subject-specific
cartilage thickness is preferred [75].

Sensitivity of model results to soft tissue boundary conditions
has been explored extensively in the knee, because there are many
soft tissue constraints. In several studies, both the stiffness and the
material symmetry of menisci affected cartilage contact patterns
[194,199]. The stiffness of the knee ligaments affected patellofe-
moral contact stress [330]. Additionally, the representation of the
quadriceps muscles as just the rectus femoris resulted in different
patellofemoral contact patterns than representation of the entire
quadriceps [331]. Taken together, these results indicate that the
required level of detail with which the soft tissue stabilizers are
represented should be evaluated on a model-specific basis.
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The assumption of rigid bones and the effect of subchondral
bone thickening have been explored extensively in the hip and
knee, with differing conclusions. Models of the hip have been
fairly consistent in concluding that bones should be modeled as
deformable and that the subchondral bone properties and thick-
ness are important [74,131,184,335,379]. In comparisons with
experimental measurements of hip contact pressure and area, rigid
bones elevate predictions of contact pressure when compared to
predictions made with deformable bones [184,131]. However, dis-
cretizing just the cortical shell with position-dependent thickness
is sufficient, as the trabecular bone has minimal effects on contact
patterns [131]. These results reiterate results found early in the
use of FEA for joint contact analyses, where rigid bones were
found to predict unrealistic pressure patterns in the human hip
[335]. The effects of subchondral thickening have been assessed
in 2D and 3D hip models. Subchondral thickening had minimal
effects on cartilage contact pressure, but affected pressure near
the bone [74] and affected the Tresca stress at the cartilage surface
[379]. In the knee, using rigid bones changed results less than 2%
when compared to predictions with deformable bones [193];
therefore, knee contact mechanics appear to be less sensitive to
this modeling assumption.

The effects of other boundary conditions have been parametri-
cally explored in the knee. When using kinematic positions
derived from MR scans, variations on the order of uncertainty
from MR image data resulted in large differences in contact pre-
dictions [264]. Similarly, constraining tibiofemoral varus/valgus
and internal/external rotation changed contact parameters up to
19% in predictions of knee contact mechanics in single-leg stance
[193]. Both the quadriceps force and the flexion angle influence
contact force and contact area in the patellofemoral and tibiofe-
moral joints. However, the relative effect of quadriceps force
varies depending on the tibiofemoral flexion angle [333]. Varia-
tions in femoral internal rotation from subject-specific alignment
altered the contact mechanics in the patellofemoral joint [78].
These results suggest the need to examine the effects of boundary
conditions on a model-specific basis.

Computational models employing linear elastic constitutive
models have demonstrated that average cartilage contact pressure
and contact area are fairly insensitive to material coefficients. In a
validation study of a human hip finite element model, Anderson
et al. demonstrated that changes of 650% in the shear modulus of
cartilage described with a neo-Hookean constitutive model only
changed average pressure and contact area by around 610% but
changed peak contact pressure around 630% [131]. Similarly,
changes in cartilage Young’s modulus and Poisson’s ratio in the
knee changed surface contact pressure more than von Mises stress
[332]. Idealized and subject-specific comparisons between FEA
and DEA demonstrated that DEA can be used to predict accurate
contact mechanics, again reiterating the relative insensitivity to
cartilage constitutive description [81,84,334] (Fig. 11).

Recent analyses have demonstrated the large influence of
fiber-reinforcement and assumed fiber orientation in cartilage
constitutive models on cartilage strains in subject-specific 2D and
3D FEA. Strain and fluid displacement patterns vary as a function
of the assumed fiber orientation, with fiber orientation held con-
stant through the cartilage depth in the human knee [221,380].
Variations in the relative depth of the three zones of cartilage
drastically affected model results in 2D FEA of the knee [307].
Subject-specific boundaries between the cartilage layers were
obtained from MR with 0.322-mm spatial resolution, and a change
of 2 pixels in the location of a zonal boundary caused the fibril
strain to increase up to 136% [307]. Using a 3D model of the
knee, the effects of vertical fibers in the deep zone and the effects
of the tangential fibers in the superficial zone were assessed. The
vertical fibers in the deep zone were important for reducing strains
at the osteochondral interface, while the fibers in the superficial
zone decreased tangential strains [381]. While some of these
results may seem intuitive (e.g., tangential fibers decreasing tan-
gential strain), the potential for interplay between subject-specific

geometry and the effects of constitutive models requires the use of
parametric analyses in whole joint models for determining the rel-
ative importance of constitutive model assumptions.

Fiber-reinforcement and transverse isotropy also affect shear
stress and fluid pressure. In a 2D model of the knee, von Mises
and pore stress were different in models with an isotropic poroe-
lastic, a transversely isotropic poroelastic, and a fibril-reinforced
poroviscoelastic cartilage constitutive model [304]. These results
indicate that shear stress and fluid pressure in whole joints are sen-
sitive to the implementation of anisotropy. In a separate 2D model
of the human knee, differences in the location of peak maximum
shear stress were found postmeniscectomy using two different
cartilage-constitutive models. Before meniscectomy, both iso-
tropic biphasic and transversely isotropic biphasic cartilage
models predicted the largest maximum shear stress at the osteo-
chondral interface. After meniscectomy, the largest maximum
shear stress remained at the osteochondral interface in the iso-
tropic biphasic analysis but shifted to the articular surface in the
transversely isotropic biphasic analysis [382]. Overall, parametric
analyses examining the effects of fibril reinforcement on whole
joint cartilage mechanics indicate that the constitutive model is an
important choice when evaluating fiber strains, fluid flow, and
maximum shear stress.

3.5 Insights Into Preoperative Planning. When using com-
putational models for preoperative planning, the assumptions,
effects of uncertainty, and limits of the model must be thoroughly
characterized and understood so that results are applied appropri-
ately to the clinic. Based on the effects of subject-specific geome-
try on model predictions in healthy and pathologic joints (see
Sec. 3.4), it can be concluded that subject-specific geometry is
generally required for preoperative planning. Sensitivity of model
results to subject-specific varus/valgus alignment and kinematics
in the knee also suggest that subject-specific anatomical align-
ment, kinematics, and kinetics should be incorporated when
attempting to predict the effects of surgical intervention
[78,345,346,361,362,383].

FE simulations of osteotomies have demonstrated the utility of
subject-specificity for planning on the basis of contact pressure.
When simulating four specific tibial tuberosity transfer surgeries
on 20 patients, Cohen et al. demonstrated that the ideal surgery
varied between patients as a result of subject-specific geometry
[75]. In simulated periacetabular osteotomy for correction of
acetabular dysplasia, Tsumura et al. found that the peak pressure
initially decreased and then increased with rotation [76]. While
both of these studies suggest that cartilage contact pressure can be
used for optimization, other computational model outputs relevant
to OA may be of interest in future preoperative planning based on
computational models.

Fig. 11 Contact comparisons between a subject-specific FEA
model (left) and a subject-specific DEA model (right) indicate
good agreement in contact pattern, while the DEA model runs
in less than 1% of the time required for the FEA model. This
makes DEA an attractive option for analyzing large cohorts
(adapted from Ref. [83]).
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FE simulations of ligament and focal lesion repair in the knee
indicate that the material properties and orientation of the repaired
tissue are important surgical parameters. Several studies focused
on the effects of ACL repair on tibial translation and graft defor-
mations while ignoring the effects on joint contact mechanics
[202,285]. With joint contact analysis included, ACL repair
increased meniscus stress when compared to the reference config-
uration [77]. This analysis lends itself to future work using
subject-specific modeling to optimize factors such as tunnel orien-
tation and graft tension on a subject-specific basis. Evaluation of
the offset of osteochondral plugs used in focal defect repair dem-
onstrated stress discontinuities across the plug and native cartilage
interface as well as increased stresses in the opposing cartilage
layer [384]. Again, these methods can be employed to evaluate
optimal repair of focal defects on a subject-specific basis. In
another vein, Kelly and Prendergast [385] coupled a growth
model with FEA to demonstrate the effects of loading on healing
in a focal defect. Growth and differentiation depended on shear
strain and fluid velocity, both parameters which can be obtained
from biphasic and more complex constitutive models. The results
of the growth model were used to iteratively update the mechani-
cal properties of the finite element model [385]. These methods
are an exciting new direction, coupling FEA and growth models
for understanding the mechanical regulation in healing and in
tissue-engineering applications.

Insights from computational models using constitutive models
with specific collagen fiber orientation provide important guid-
ance for cartilage tissue engineering. Two studies examined the
effect of the superficial zone fibrillar organization in 2D models of
the human knee joint. In a study where the menisci were included,
the removal of superficial zone fibers reduced stresses at the cen-
ter of contact but increased stresses in and under the menisci.
Using simulated repair tissue with increased fibril stiffness and no
surface zone tangential organization, this study also demonstrated
that repair tissue that did not match the structure and properties of
native tissue caused increased peak stress and large strain at the
interface between repair and native tissue [304]. In a study with-
out the meniscus, repair tissue, which included superficial zone
fibers, decreased short-term axial compression and created flow
patterns and strain levels closer to those in intact cartilage than
repair tissue without superficial zone fibers [386]. These results
indicate that the zonal structure of cartilage is an important con-
sideration both in accurate models for understanding the pathoge-
nesis of OA and for success with engineered cartilage constructs.

In summary, the insights provided thus far from computational
modeling of whole joints include the effects of pathology on
cartilage contact mechanics, the effects of instability in joints pre-
disposed to degeneration, the effects of induced incongruency and
focal lesions, the effects of many different parameters on compu-
tational model predictions, and the beginning of using subject-
specific whole joint models for presurgical planning. Many of
these insights have been provided by leveraging advances in com-
putational methods with advances in imaging methods. However,
in many ways, the field of subject-specific computational model-
ing of whole joints is just at the cusp of its potential for utility in
understanding the pathogenesis of OA and for optimizing surgical
procedures on a patient-specific basis.

4 Conclusions and Future Directions

While the existing literature provides a solid foundation for
subject-specific computational modeling of joints, there are many
exciting future directions. We propose five areas for focus in
future studies: in addition to deterministic joint models, perform
parametric and probabilistic analysis to characterize model uncer-
tainty; determine the required levels of subject-specificity in
model geometry, constitutive models, boundary conditions, and
loading conditions; leverage the statistical advantage of large
cohorts in computational modeling; couple joint-level models
with those at other scales, including growth models; and apply

subject-specific computational modeling to diagnosis and preoper-
ative planning (Fig. 12).

Parameter studies and probabilistic studies assessing the effects
of uncertainty in input variables will provide more reliable model
results that properly incorporate forward error propagation. The
effects of uncertainty in constitutive models can be assessed at
two levels: the preferred constitutive model and the error in con-
stitutive model coefficients. The first level would include compar-
ing different levels of material symmetry, hyperelastic versus
viscoelastic versus multiphasic constitutive models, and spatial
variation through the cartilage thickness and throughout the joint.
Once the preferred constitutive model is selected, the effects of
experimental uncertainty in that constitutive model should be
assessed. Similar assessments should be used for the variability in
other inputs (e.g., boundary and loading conditions). The effects
of geometric error from imaging resolution and segmentation
should also be evaluated via parametric or probabilistic analysis.

The required level of subject-specificity in model geometry,
constitutive assumptions, boundary conditions, and loading condi-
tions is an open area for evaluation. While assumptions concern-
ing cartilage thickness and geometric idealization have been
assessed in the hip [172,184], these results are unavailable in other
joints. Direct comparisons between models with and without
idealizations provide the most robust prediction of the effects of
idealization. Direct comparisons between models results with
subject-specific, population-averaged, and literature inputs for
cartilage constitutive coefficients, anatomical alignment, kinemat-
ics, and kinetics should be made to determine what level of
subject-specificity is required for accurate model predictions.
While some of these areas are not currently ready for routine
incorporation into subject-specific modeling (e.g., subject-specific
cartilage properties), continued technical developments make
them a prospect for the future.

The study of large populations using subject-specific modeling
has recently started, with cohorts of up to 30 in each group [73].

Fig. 12 Five key areas for future work for subject-specific com-
putational modeling of joint contact mechanics
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The use of large populations allows more robust conclusions
about groups of subjects and therefore provides more reliable
insight into the pathogenesis of OA. There are several continued
veins of further development and future work in this area: more
efficient computational methods for predicting contact pressure
and area (as started by Refs. [73], [84], [85], and [344]), more effi-
cient methods that provide accurate predictions of results other
than contact stress and area, and sharing data sets for model inputs
(e.g., Osteoarthritis Initiative, which provides MR and other
data for the knee, http://oai.epi-ucsf.org/datarelease/, and the
Musculoskeletal Research Laboratories dataset, which provides
CT arthrography image data for the hip, http://mrl.sci.utah.edu/
software/hip-image-data). As an alternative to subject-specific
analysis to capture the effects of geometry in large cohorts, the
use of parameterized or statistical shape modeling should be
explored further. This has been done previously in the spine and
knee with promising results [338,387].

Coupling joint-level mechanics with other physical scales and
with other models (e.g., growth models) is also an emerging field.
Methods such as those used by Andriacchi et al. [388] to predict
cartilage thinning and by Kelly and Prendergast [385] to predict
healing in focal defects hold promise for modeling the effects of
mechanical loading on cartilage growth and structural changes.
Similarly, multiscale methods can be applied to understand the
feedback loops between joint-level mechanics and cell-level
mechanics and metabolism.

Finally, the use of computational methods in surgical planning
and optimization is a largely open area. While the existing studies
suggest promise in preoperative planning based on subject-
specific modeling, additional work has to be done to actually
apply those findings to clinical practice. Therefore, this area is an
active area of development, both from the basic science side of
developing models, which produce accurate predictions with well-
characterized uncertainty, and from the translational science side
of moving the resulting optimization into the clinic.

In conclusion, subject-specific computational modeling of
joint contact mechanics has already provided insight into the
mechanical causes of OA and has already demonstrated promise
for presurgical planning, with many exciting advances and poten-
tial for additional insight on the near horizon.
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