
www.elsevier.com/locate/orthres

Journal of Orthopaedic Research 21 (2003) 1098–1106
Subject-specific finite element analysis of the human medial
collateral ligament during valgus knee loading
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Abstract

The objectives of this study were (1) to develop subject-specific experimental and finite element (FE) techniques to study the

three-dimensional stress–strain behavior of ligaments, with application to the human medial collateral ligament (MCL), and (2) to

determine the importance of subject-specific material properties and initial (in situ) strain distribution for prediction of the strain

distribution in the MCL under valgus loading. Eight male knees were subjected to varus–valgus loading at flexion angles of 0�, 30�,
and 60�. Three-dimensional joint kinematics and MCL strains were recorded during kinematic testing. Following testing, the MCL

of each knee was removed to allow measurement of the in situ strain distribution and to perform material testing. A FE model of the

femur–MCL–tibia complex was constructed for each knee to simulate valgus loading at each flexion angle, using subject-specific

bone and ligament geometry, material properties, and joint kinematics. A transversely isotropic hyperelastic material model was

used to represent the MCL. The MCL in situ strain distribution at full extension was used to apply in situ strain to each MCL FE

model. FE predicted MCL strains during valgus loading were compared to experimental measurements using regression analysis.

The subject-specific FE predictions of strain correlated reasonably well with experimentally measured MCL strains (R2 ¼ 0:83, 0.72,
and 0.66 at 0�, 30�, and 60�, respectively). Despite large inter-subject variation in MCL material properties, MCL strain distri-

butions predicted by individual FE models that used average MCL material properties were strongly correlated with subject-specific

FE strain predictions (R2 ¼ 0:99 at all flexion angles). However, predictions by FE models that used average in situ strain distri-

butions yielded relatively poor correlations with subject-specific FE predictions (R2 ¼ 0:44, 0.35, and 0.33 at flexion angles of 0�, 30�,
and 60�, respectively). The strain distribution within the MCL was nonuniform and changed with flexion angle. The highest MCL

strains occurred at full extension in the posterior region of the MCL proximal to the joint line during valgus loading, suggesting this

region may be most vulnerable to injury under these loading conditions. This work demonstrates that subject-specific FE models can

predict the complex, nonuniform strain fields that occur in ligaments due to external loading of the joint.

� 2003 Orthopaedic Research Society. Published by Elsevier Ltd. All rights reserved.
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Introduction

Despite the many investigations of ligament function,

the exact mechanical role of specific ligaments in main-

taining joint stability, the cause and effect of injuries, and

the efficacy of various reconstructive procedures remain

unclear or unknown. This is partially due to inherent
limitations of experimental studies such as their high

cost, low sensitivity, and the difficulties associated with

accurate measurement of quantities such as strain and
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especially stress. The use of computational methods for

the study of joint mechanics can elucidate ligament

function and yield information that is difficult or im-

possible to obtain experimentally [2,3,9,16,17]. In par-

ticular, the finite element (FE) method offers the ability

to predict spatial and temporal variations in stress,

strain, and contact area/forces. The FE method also
provides a standardized framework for parameter stud-

ies, such as evaluation of multiple clinical treatments,

that can reduce both the cost and time of such studies.

Subject-specific FE modeling of ligament stress–strain

behavior can potentially accommodate the large inter-

subject variability and eliminate noise in measurements

due to random and systematic errors that can limit the

sensitivity of experimental and clinical investigations.
However, the exact subject-specific model inputs that
hed by Elsevier Ltd. All rights reserved.
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Fig. 1. Flow chart of combined experimental/computational protocol

utilized for study of MCL mechanics during valgus loading.
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are necessary to obtain faithful predictions of ligament
stress–strain behavior are unknown.

The vast majority of studies that have employed

computational methods to study ligaments have used a

one-dimensional representation of ligament geometry

[3,12,33,46]. This entails using either single or multiple

line elements [46], while allowing load transfer to bones

at single or multiple points [5]. A one-dimensional rep-

resentation requires only a few parameters to control
load–elongation behavior, and overall in situ tension

can be specified with a single scalar value. This approach

has proved useful for predicting joint kinematics under

the application of external loads (e.g., [23]), but it pos-

sesses several significant shortcomings: (1) nonuniform,

3D stresses and strains cannot be predicted, and (2)

multiple sets of parameters and initial tensions routinely

produce nearly identical predictions of joint kinematics.
Ligaments are subjected to highly nonuniform defor-

mations in vivo that result from a combination of ten-

sion, shear, bending, and compression [11,29], and the

regional contribution of a ligament to joint stability

changes with joint orientation [1,4,10,18,19,47]. A three-

dimensional FE modeling approach is required to cap-

ture these characteristics.

Three-dimensional FE modeling of ligament stress–
strain behavior is complicated by highly anisotropic,

nonlinear material behavior and large deformations. To

date, three-dimensional FE models of ligaments have

incorporated greatly simplified representations of in situ

strain (defined herein as the strain measured from a

stress-free reference configuration) and have used aver-

age material properties and geometry [17,45], likely

limiting their ability to predict subject-specific behavior.
These limitations may be circumvented by incorporating

subject-specific material properties, ligament and bony

geometry, and in situ strain distributions. In addition to

providing a basic science understanding of ligament

mechanics and a framework for studying tissue-level

deformations, subject-specific modeling techniques can

be used for education and patient-specific surgical

planning. Unfortunately, quantities such as ligament in
situ strain distribution and material properties are time-

consuming and difficult to measure in an experimental

setting and nearly impossible to measure in a clinical

setting. Model construction could be greatly simplified if

average values could be used to represent these input

quantities. However, the effects of average versus sub-

ject-specific model inputs on FE predictions of ligament

mechanical behavior are unknown.
The objectives of this study were to develop subject-

specific experimental and FE techniques to study the

three-dimensional stress–strain behavior of ligaments,

with application to the human medial collateral liga-

ment (MCL), and to determine the importance of sub-

ject-specific material properties and in situ strain

distribution for the prediction of the strain distribution
in the MCL under valgus loading. The femur–MCL–
tibia complex of the human knee was chosen for study

because of the high incidence of MCL injuries [31] and

the clinical importance of interactions between the MCL

and the anterior cruciate ligament in restraining valgus

rotations and anterior–posterior translations [13,37].

Further, the extra-articular location of the MCL sim-

plifies experimental strain measurement and geometry

extraction using medical imaging techniques. Strain
distributions in the human MCL under valgus knee

loading were measured experimentally and predicted

using subject-specific FE models at three different knee

flexion angles. Numerical experiments were performed

to assess whether subject-specific FE models could pre-

dict experimentally measured MCL strain values, and to

determine whether FE predictions would be affected by

the use of average material properties or in situ strain
distributions rather than subject-specific values.
Methods

Eight male knees (donor age ¼ 50± 7 years, range 37–61) were
subjected to a detailed experimental and computational protocol to
study the stress–strain behavior of the human MCL during joint
loading (Fig. 1). Briefly, each knee was subjected to valgus loading at
flexion angles of 0�, 30�, and 60�. Joint kinematics and MCL strain
were quantified during all tests. Following kinematic testing, the MCL
was dissected free from the joint to allow measurement of in situ strain
and to perform material tests on isolated MCL samples. FE models
were created for each knee and validated on a subject-specific basis.
Each model was constructed from experimental measurements of geo-
metry, material properties, and kinematics and each model was vali-
dated by comparisons of experimental and FE predicted MCL strain
during valgus loading.

Specimen preparation

The knees were allowed to thaw at room temperature for 12 h prior
to dissection. All skin, muscle, and other periarticular soft tissue sur-
rounding the knee joint were removed, including the patella and pa-
tellar tendon (Fig. 2). At the time of dissection, no signs of arthritis or
previous soft tissue injury were found in any of the knees. The femur
and tibia/fibula were secured in mounting tubes using a low-melt alloy.
The mounting blocks for an instrumented spatial linkage (ISL,
Endura-Tec, Eden Prairie, MN) were secured to the femur and tibia.



Fig. 2. Photograph of human knee (right) prepared for kinematic

testing. All periarticular soft tissue has been removed and black

markers have been attached to the MCL surface for regional strain

measurement.
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These blocks allowed spatial registration of the experimental and
computational coordinate systems [7], while the ISL allowed contin-
uous monitoring of joint kinematics during testing. The tissue was kept
moist with 0.9% buffered saline applied via misting spray at three-
minute intervals during all dissection and testing.

Volumetric CT scan acquisition

After dissection, a volumetric CT image dataset was obtained with
the knee at zero degrees of flexion (Somatom Plus4; Siemens, Munich,
Germany). An average of 225 slices were collected (12 bit resolution,
512· 512 image matrix, FOV ¼ 140 mm, slice thickness ¼ 1.0 mm,
on-center distance ¼ 1.0 mm).

Kinematic testing

Each knee was mounted in a custom kinematic fixture on a ser-
vohydraulic testing machine (MTS, Eden Prairie, MN). Tibial axial
rotation, medial-lateral translation, and joint distraction were uncon-
strained, while the anterior–posterior (A–P) tibial translation was
constrained in a neutral position. A–P neutral position was defined as
the midpoint between displacement limits from the tenth cycle of an
A–P test between limits of ±5 N load applied to the tibia with the same
fixtures. Embedded coordinate systems were established for the femur
and tibia as defined by the Grood–Suntay convention [14] by digitizing
anatomical points with the ISL via the method of Kirstukas et al.
[20,21]. Kinematic testing was performed at fixed flexion angles of 0�,
30� and 60�, as determined from the Grood–Suntay representation of
flexion angle [14]. Ten cycles of varus–valgus (V–V) rotation were
applied at 1� per second to limits of ±10 Nm torque at each flexion
angle. V–V torque and rotation were recorded (accuracy of ±0.2 Nm
and ±0.1�, respectively) and data from the loading phase of the tenth
valgus cycle were used for data analysis and modeling. The ISL pro-
vided continuous recording of rigid body motion (accuracy ±0.2� and
±0.2 mm for rotations and translations, respectively [21]).

Strain was measured on the MCL surface during all kinematic
testing using a three-dimensional marker tracking system (Peak Per-
formance Technologies, Englewood, CO). Prior to testing, 1.4 mm
diameter markers were adhered to the MCL surface using cyanoac-
rylate. The markers formed a 3· 5 grid and followed the local fiber
direction between the MCL insertions, yielding 12 gauge lengths (15–
20 mm) for measurement of fiber strain (Fig. 2). The marker tracking
system was calibrated over a 350 cm3 volume using the direct linear
transformation method [38], allowing the 3D coordinates of the
markers to be tracked to within ±0.1 mm during all testing [10]. The
distance between marker pairs was computed from the three-dimen-
sional coordinates, yielding the current length l.

In situ strain measurement

Following kinematic testing, the MCL in situ strain distribution
was determined [10]. Briefly, the MCL was dissected free from its
femoral, tibial, and meniscal attachments. The isolated MCL was
placed on a saline covered glass plate and allowed to assume its stress-
free configuration. The marker tracking system was used to determine
the gauge lengths in the stress-free reference state ðl0Þ [47]. These data
were combined with the gauge length measurements during kinematic
testing ðlÞ to calculate fiber-direction tensile strain between marker
pairs as e ¼ ðl� l0Þ=l0.

MCL material testing and constitutive modeling

Uniaxial tensile test specimens were harvested from the MCL
parallel and transverse to the collagen fiber direction with hardened
steel dogbone-shaped punches using an established protocol [34].
Cross-sectional area of the tensile test specimens was measured using
digital calipers, assuming a rectangular cross-sectional area. The as-
sumption of a rectangular cross-section was justified based on the
geometry of the specimens obtained with the hardened steel punch.
The stress–strain relationship was determined for longitudinal and
transverse samples from the load–time (accuracy ±0.1 N) and strain–
time (noncontact optical measurements, accuracy ±0.1%) data and the
specimen cross-sectional area.

The MCL was represented as transversely isotropic hyperelastic
with the following strain energy W [42]:

W ¼ F1ð~II1Þ þ F2ð~kkÞ þ
K
2
ðlnðJÞÞ2: ð1Þ

Here ~II1 is the first deviatoric invariant, ~kk is the deviatoric part of the
stretch ratio along the local fiber direction, and J is the determinant of
the deformation gradient, F. The three terms represent the contribu-
tion from the matrix, the collagen fibers, and the tissue volumetric
response. The matrix strain energy F1 was chosen so that oF1=oeII1 ¼ C1,
yielding the neo-Hookean constitutive model [34]. The derivatives of
the fiber strain energy function F2 were defined as a function of the
fiber stretch:

~kk
oF2
ok

¼ 0; ~kk6 1;

~kk
oF2
ok

¼ C3½expðC4ð~kk� 1ÞÞ � 1�; 1 < ~kk < k�;

~kk
oF2
ok

¼ C5
~kkþ C6; ~kkP k�:

ð2Þ

C3 scales the exponential stress, C4 specifies the rate of collagen
uncrimping, C5 is the modulus of straightened collagen fibers, and k� is
the stretch at which the collagen is straightened. Material parameters
were determined via a nonlinear regression procedure [34]. The bulk
modulus K controlled the entire volumetric response of the material.
Due to a lack of experimental data describing ligament bulk behavior,
the bulk modulus was specified to be two orders of magnitude greater
than C1, yielding nearly incompressible material behavior.

Finite element models

The surface geometries of the femur, MCL, and tibia of each knee
were obtained from the CT data. Polygonal surfaces of the femur and
tibia were extracted using marching cubes [24] with decimation [36]
(Fig. 3A). Cross-sectional contours of the superficial MCL were digi-
tized from each CT slice and a polygonal surface of the MCL was
generated from the contours [6]. Surfaces were imported into a FE
preprocessing program (TrueGrid, XYZ Scientific, Livermore, CA)
and hexahedral FE meshes were constructed for each structure (Fig.
3B). Models consisted of approximately 25,000 elements.

Boundary conditions

The experimentally measured 3D kinematics were used to prescribe
motions of the FE model. The femur and tibia were represented as
rigid bodies. This reduced the computational expense of the model by
allowing bone motions to be represented by three translations and
three rotations. The coordinates of the ISL mounting blocks in the CT-
defined coordinate system allowed correlation of kinematic measure-
ments with geometric data [7]. The entire FE model was translated and
rotated so that the global coordinate system was aligned with the co-
ordinate system of the tibial ISL block. Rigid body motion was de-
scribed by incremental translations and rotations referenced to
coordinate systems at the ISL mounting blocks [25,26]. Incremental
rotations were extracted from the transformation matrix using the
method of Simo and Vu-Quoc [39].



Fig. 3. (A) Polygonal surfaces representing the femur and tibia of one

of the eight knees as extracted from volumetric CT data. (B) Hexa-

hedral finite element meshes of femur, MCL, and tibia.
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The MCL FE mesh was attached to the femur and tibia by speci-
fying the final row of elements at the proximal and distal ends of the
ligament to be part of the same rigid material as the corresponding
bone. To accurately model the direct insertion site characteristic of the
femoral attachment of the MCL, the mesh was refined allowing the
final 3–5 mm of the MCL to curve and meet the bone at approximately
a 90� angle. There was no representation in the model of the attach-
ment of the superficial MCL to the deeper fibers of the MCL or to the
medial meniscus. Contact and load transfer between the MCL and
bones was accommodated using the penalty method [44].

The in situ strains that were measured experimentally during pas-
sive flexion were applied to the FE models [8,43]. Failure to include
this in situ strain distribution can lead to gross underestimation of the
actual stress and strain. Three distinct configurations were proposed:
the stress-free state (0), the in situ strain state (R), and the current or
deformed state (r). This allowed the total deformation gradient, Fr0 to
be expressed as a multiplicative decomposition of the deformation
gradients between the three states:

Fr0 ¼ FrRFR0: ð3Þ

Here, FR0 represents the deformation gradient due to the in situ strains
and FrR is the deformation gradient that results from other applied
loads, as determined from the search for equilibrium by the FE code.
As an initial estimate, FR0 was assumed to be a uniaxial stretch,

½FR0� ¼
k 0 0

0 1 0
0 0 1

2
4

3
5; ð4Þ

where k is the local fiber-direction stretch. The experimental in situ
fiber strain values between discrete points on the MCL were interpo-
lated over the FE mesh to apply a continuous range of in situ strain
over the entire MCL mesh. An iterative update algorithm was used to
determine the final values for the components of FR0 by ensuring that
the experimentally measured in situ strain value k was satisfied exactly
at each integration point in the mesh [8].

Finite element solution procedure

The implicitly integrated FE code NIKE3D was used for all ana-
lyses [25]. The FE analysis was performed in two phases. During the
first phase, the in situ strains were applied while the femur was moved
from the CT scanning position to the current passive flexion position
(0�, 30�, or 60�). During the second phase, experimental knee kine-
matics corresponding to valgus rotation were applied. An automatic
timestepping strategy was employed, with iterations based on a quasi-
Newton method [28] and convergence based on the L2 displacement
norm [25,28]. The FE postprocessing software GRIZ (Lawrence Liv-
ermore National Laboratory, Livermore, CA) was used to visualize the
results. FE predictions for fiber strain were obtained from locations
corresponding to the experimental discrete measurement regions. The
FE models were also used to predict the magnitude and direction of
ligament forces at the insertion sites as well as the resultant force due to
contact as the MCL wraps around the tibia.

Parameter studies

The necessity of using subject-specific modeling techniques was
assessed for two quantities that would be difficult to quantify on an
individual basis for in vivo studies: material properties and in situ
strain distribution. All eight knee models were reanalyzed using sub-
ject-specific in situ strains and average MCL material properties and
then again using average MCL in situ strain distributions and subject-
specific material properties.

Statistical analysis

Regression analyses were used to evaluate the ability of the subject-
specific FE models to predict experimentally measured values of MCL
strain. Coefficients of determination (R2), regression lines, 95% confi-
dence intervals, and p-values were calculated for each of the 12 mea-
surement regions. To simplify presentation, a combined analysis was
also performed in which all measurement regions were combined in a
single regression analysis at each flexion angle. Scatter plots of the
combined datasets showing subject-specific FE model strains versus
experimentally measured strains were generated for flexion angles of
0�, 30�, and 60�. Data from the most posterior-proximal region were
not included in the combined regression analyses because of ligament
buckling during experimental measurements. Regression analyses were
also used to compare subject-specific FE model predictions of strain
with strain predictions from the FE models that used average material
properties and in situ strain distributions.
Results

MCL strain was nonuniform at all flexion angles for

passive flexion as well as with valgus rotation [10].
During passive flexion, fiber strain varied between 1%

and 5% depending on the region and flexion angle. At

full extension, the largest strains occurred in the poste-

rior fibers while the smallest strains were in the anterior

fibers. With increasing flexion angle, strain generally

decreased in the posterior and central MCL regions

while strain along the anterior border remained rela-

tively constant. Valgus rotation caused an increase in
MCL fiber strain compared to the unloaded configura-

tion for all regions and flexion angles. The regional

differences and trends were similar to those observed for

passive flexion. Complete results of the experimental

strain measurements can be found in our previous work

[10].

Experimental measurements of MCL tensile material

behavior confirmed the highly anisotropic nature of
this tissue. Specimens tested along the fiber direction

exhibited the upwardly concave stress–strain behavior

characteristic of collagenous tissues. The transverse



Table 1

Material coefficients for the transversely isotropic, hyperelastic constitutive model determined via nonlinear curve-fitting of experimental stress–strain

data

Specimen C1 (MPa) k� C3 (MPa) C4 (no units) C5 (MPa)

1 1.50 1.055 0.493 47.9 356.8

2 1.29 1.080 0.120 48.3 327.4

3 1.28 1.100 0.352 31.1 352.4

4 1.09 1.055 0.488 46.2 363.5

5 1.13 1.045 0.539 66.8 823.7

6 1.79 1.060 0.854 38.0 401.6

7 1.41 1.060 1.303 40.6 462.3

8 2.05 1.050 0.387 65.2 649.1

Mean± std 1.44± 0.33 1.062± 0.018 0.57± 0.36 48.0± 12.5 467.1± 177.4

Fig. 4. MCL fiber direction strain after application of 10 Nm valgus

torque at flexion angles of 0�, 30�, and 60� for experimental mea-

surements (left column) and subject-specific FE models (right column)

for a representative knee. The discrete experimental values have been

interpolated onto the FE mesh to generate a continuous spatial rep-

resentation of results.
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specimens had a nearly linear stress–strain relationship

and were approximately two orders of magnitude less

stiff than the specimens tested along the fiber direction.

The material coefficients obtained by curve-fitting the
stress–strain data to the transversely isotropic material

model [34] indicate the variability in tangent modulus

(C5) and fiber uncrimping length (k�) between specimens

(Table 1).

Predictions of strain from subject-specific FE models

were correlated with experimentally measured MCL

strain during valgus loading, although the degree of

correlation depended on the particular region and flex-
ion angle (Figs. 4 and 5). The means of the R2 values for

the 12 regions at each flexion angle were 0.73 ± 0.14,

0.75 ± 0.15, and 0.55± 0.32 for flexion angles of 0�, 30�
and 60�, respectively. There were not any apparent

trends in the variation of R2 values with region, with the

exception that all R2 values were very low (R2
6 0:1) in

the three proximal regions at 60� flexion. The regression
analyses that combined all measurement regions at each
flexion angle indicated that subject-specific FE predic-

tions of strain were correlated with the experimental

measurements at all three flexion angles (p < 0:001 at all

flexion angles; R2 ¼ 0:83, 0.72, and 0.66 at 0�, 30�, and
60�, respectively). The R2 values indicate a decreasing

correlation between the models and experiments with

increasing flexion angle, while the 95% confidence in-

tervals demonstrated that the true best fit line fell within
a very small area around the fitted lines (Fig. 5).

Even during passive flexion, tensile forces exist in the

MCL due to the in situ strains. The FE models predicted

forces that varied with flexion angle (mean± standard

deviation) at the insertion sites of both the tibia

(25.8 ± 10.6, 10.8 ± 6.9, and 22.6 ± 22.1 N at angles of 0�,
30�, and 60�, respectively) and femur (24.4 ± 9.7,

10.5 ± 6.7, and 22.7 ± 21.7 N at angles of 0�, 30�, and
60�, respectively). After application of 10 Nm valgus

torque, the insertion site forces increased at both the

tibia (111.7 ± 49.0, 82.5 ± 51.5, and 96.5 ± 91.0 N at 0�,
30�, and 60�, respectively) and femur (107.4 ± 47.0,

78.5 ± 48.6, and 95.6 ± 83.2 N at 0�, 30�, and 60�, re-
spectively). Valgus loading was accompanied by contact
forces at the midsubstance location where the MCL

wraps around the tibia (20.8 ± 11.8, 15.8 ± 11.5, and

15.3 ± 24.8 N at 0�, 30�, and 60�, respectively).
The use of average material properties instead of

subject-specific properties had very little effect on FE
predictions of strain (Fig. 6, R2 ¼ 0:99, p < 0:001 at all

flexion angles). In contrast, use of an average in situ

strain distribution resulted in relatively poor predictions
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of subject-specific strain during valgus loading

(R2 ¼ 0:44, 0.35, and 0.33 at flexion angles of 0�, 30�,
and 60�, respectively).
Discussion

The objectives of this study were to develop subject-
specific experimental and FE techniques to study the

three-dimensional stress–strain behavior of ligaments,

with application to the human MCL, and to determine
the importance of subject-specific material properties
and in situ strain distribution for the prediction of the

strain distribution in the MCL under valgus loading. FE

models with subject-specific geometry, material proper-

ties, and boundary conditions (in situ strain and kine-

matics) resulted in generally good predictions of

experimental MCL strains (Figs. 4 and 5). Despite large

inter-subject variation in MCL material properties, the

use of average material properties did not have a sig-
nificant effect on subject-specific FE model predictions

of regional strain (Fig. 6). However, FE models with

average in situ strain values and subject-specific material

properties, geometry, and kinematics did not provide

accurate predictions of subject-specific FE predictions

(Fig. 6).

The experimental and FE-predicted MCL strains re-

ported in the current study are supported by the data of
previous experimental, computational, and clinical

studies. Hull et al. [18] reported similar trends for strain

distribution in the anterior fibers of the MCL. Strain

increased with valgus loading and regional differences in

strain with changes in flexion angle were consistent with

the current study. However, the magnitudes of strain

reported in their study were in general lower than those

in the present study. As an extreme example, we mea-
sured a strain of 7.9 ± 3.8% for the region labeled pos-

terior–superior in the Hull et al. study [10], while that

study reported a strain of 3.5 ± 3.1. Nevertheless, the

percent differences in strain between regions are com-

parable. The differences in strain magnitude can be at-

tributed to differences in the level of joint loading (±10

Nm varus–valgus torque presently versus ±7 Nm in the

Hull study), strain measurement technique (optical
versus liquid mercury strain gauge), and method for

establishing the ligament reference length. Arms et al. [1]

also reported changes in strain in the human MCL

under valgus loading. In general their results are con-

sistent with the presently reported results under appli-

cation of valgus loading, although the manner of torque

application and joint degrees of freedom used in their

study were quite different from the present study. For
instance, they reported an increase in strain in the an-

terior portion of the MCL with knee flexion under val-

gus loading. Direct comparison with our results is

further complicated because a true zero-strain state was

not established in their study.

It is interesting to note that the highest strains of

approximately 10% occurred in the posterior proximal

region of the MCL near the femoral insertion. This was
under the relatively low level of 10 Nm valgus loading at

0� flexion, suggesting this region may be most vulnerable

to injury under similar loading conditions. Although

prior experimental investigations have not quantified

strain in this region, a FE knee model using a one-

dimensional representation for discrete regions of the

MCL also predicted the highest strains in this region [3].
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Clinical injury patterns also confirm that the posterior
proximal region of the MCL is the most common injury

location [19,22]. Injuries in this area generally do not

heal as well as those located distal to the joint line [35].

Strain may increase more slowly in this region at higher

strain levels due to greater load sharing within the MCL

as a result of increased axial rotation.

The subject-specific FE models provided the best

predictions of experimental strain values at 0� and 30�
flexion (overall R2 ¼ 0:73� 0:14 and 0.75± 0.15, re-

spectively), which corresponded to the flexion angle used

for CT imaging and model construction. The less ac-

curate predictions at 60� of flexion (overall R2 ¼ 0:55�
0:32) are partly due to the increased complexity of the

deformation with increasing flexion angle. The joint

orientation used for geometry acquisition may not be as

crucial if the structure of interest does not experience
extreme deformations. Also, FE predictions at 30� and

60� required that flexion of the knee from 0� was first

simulated. This likely introduced additional error in the

predictions by emphasizing potential inaccuracy in the

assumed constitutive behavior of the MCL.

Numerical experiments that examined the effects of

average material properties and average in situ strain

distributions provided insight into the importance of
subject-specific model input parameters. The FE strain

predictions were insensitive to the use of average mate-

rial properties. This was demonstrated by a very strong

correlation between FE predictions that utilized subject-

specific material properties for each model versus model

predictions using average properties (Fig. 6). In con-

trast, an average in situ strain distribution resulted in

relatively poor predictions of subject-specific strain
during valgus loading. The latter observation is unfor-

tunate, as it suggests that subject- or patient-specific FE

predictions may necessitate a means to measure the in

situ strain distribution.

The three-dimensional, subject-specific modeling ap-

proach used in the current study offers several advan-

tages over previous approaches for describing and

predicting the load–elongation and stress–strain behav-
ior of ligaments. Three-dimensional FE models allow

shear, compression, and bending to be represented more

accurately than is possible with discrete element liga-

ment models. In addition, the subject-specific approach

allows incorporation of individual material properties,

geometry, and boundary conditions. Previous studies

have used a single model based on the geometry of one

specimen and assigned some assumed or average mate-
rial properties and boundary conditions. The use of

‘‘average’’ models can in fact be useful for predicting

general trends in mechanical behavior; however, it may

not be possible to accurately predict stress and strain on

a subject-specific basis with such an approach (Fig. 6).

Although the present study did not examine the effects

of an ‘‘average’’ geometry for subject-specific prediction
of MCL strains using the FE method, this was primarily
because it was unclear as to how an appropriate average

geometry should be constructed. Further, of all neces-

sary subject-specific inputs, geometry is arguably the

easiest to generate since it can be obtained readily from

medical image data. Although the current studies were

based on cadaveric knees, the geometry extraction

methods can be used to create patient-specific models

from medical image data obtained in vivo. In contrast,
in vivo measurements of ligament material properties

and in situ strains would be extremely difficult.

The robustness and range of utility of subject-specific

ligament FE models could be improved by using adap-

tive meshing strategies. The MCL is subjected to large

deformations during joint motions and the extreme

material distortion is challenging to model using the FE

method. During simulated flexion, some finite elements
became severely distorted as knee flexion proceeded

beyond 60�, resulting in element inversion. This was

especially problematic near the femoral insertion of the

MCL. Remeshing or rezoning could potentially alleviate

some of these problems [30]. With such an approach, the

FE mesh could be ‘‘reset’’ periodically throughout an

analysis to reduce element distortion and facilitate the

accurate simulation of larger deformations.
Although the transversely isotropic hyperelastic ma-

terial model [42] used in this study accurately describes

longitudinal and transverse tensile behavior of the MCL

[34], there are improvements that could be made to the

material representation. The response of the strain en-

ergy function used in this study may be too stiff under

shear loading as evidenced by large deformation simple

shear loading of MCL samples [41]. This suggests that
fiber–fiber interactions such as crosslinking may be re-

sponsible for the majority of the transverse material

stiffness and that these crosslinks have a reduced shear

resistance due to an initial transverse orientation. A new

constitutive model that describes all three sets of mate-

rial test data (longitudinal tension, transverse tension,

finite simple shear) is under development. Further im-

provements in modeling accuracy could be achieved by
including inhomogeneities in MCL material properties

that likely occur throughout the ligament substance [32].

The method of material characterization used in this

study prohibits quantifying material properties

throughout the entire MCL because of the needed

sample sizes, but histological [32] or optical [15] mea-

surements could be utilized to estimate material prop-

erties on a regional basis. Improved data for material
properties and geometry near the ligament insertions to

bone would enhance the predictive capability of the

models in those regions. This could be achieved by

transitioning material properties and geometry to better

simulate in vivo structure. Unfortunately, the variations

in material properties near ligament insertions to bone

occur over such a small distance that they are difficult to
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quantify experimentally. Finally, incorporation of three-
dimensional viscoelastic behavior could provide insight

into injury mechanisms during sporting activities.

To simplify the FE model geometry, it was assumed

that the superficial MCL interactions with the deep fi-

bers of the MCL and the medial meniscus did not sub-

stantially influence the MCL strain distribution. In two

of the knees in this series, varus–valgus rotation was

determined both before and after the MCL attachment
to the meniscus was sectioned. Sectioning did not

change the amount of varus–valgus rotation under ±10

Nm applied varus–valgus torque at any of the flexion

angles. This is in agreement with the results of other

studies [13,27,37,40]. However, we did not examine the

strain distributions in the MCL after sectioning of the

meniscal attachment. Thus it is possible that the absence

of MCL interaction with the meniscus affected the
ability of the FE models to predict the experimental

strains. This would likely be most problematic at larger

flexion angles as the posterior aspect of the MCL

buckles, and may in fact explain the poorer correlations

between experimental measurements and FE predictions

at 60� of knee flexion. Future models could be improved

by allowing force transfer through interactions of the

superficial MCL with the medial meniscus or deep fibers
of the MCL, but the CT image data used in this study

did not allow easy visualization of the boundaries of

these structures.

In summary, experimental and computational meth-

ods have been developed and validated for study of the

three-dimensional deformation of the human MCL

during passive flexion and valgus rotation of the knee. A

subject-specific FE modeling technique was used to
predict experimental strain measurements as well as in-

sertion site and contact forces. Numerical techniques

such as the current FE models are essential to accurately

characterize the complex deformations that occur in soft

tissue structures such as ligaments and to quantify the

resultant nonuniform stress and strain fields on tissue

and microstructural levels. The methodologies developed

in this work can be readily adapted to the study of other
ligamentous structures and joints. This should provide a

solid foundation for further studies of ligament injury,

healing, and patient-specific clinical treatment.
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