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This study determined which knee joint motions lead to anterior cruciate ligament (ACL) rupture with the knee at 258 of
flexion. The knee was subjected to internal and external rotations, as well as varus and valgus motions. A failure locus
representing the relationship between these motions and ACL rupture was established using finite element simulations. This
study also considered possible concomitant injuries to the tibial articular cartilage prior to ACL injury. The posterolateral
bundle of the ACL demonstrated higher rupture susceptibility than the anteromedial bundle. The average varus angular
displacement required for ACL failure was 46.6% lower compared to the average valgus angular displacement. Femoral
external rotation decreased the frontal plane angle required for ACL failure by 27.5% compared to internal rotation. Tibial
articular cartilage damage initiated prior to ACL failure in all valgus simulations. The results from this investigation agreed
well with other experimental and analytical investigations. This study provides a greater understanding of the various knee
joint motion combinations leading to ACL injury and articular cartilage damage.
Keywords: anterior cruciate ligament; failure locus; finite element; injury

1.

Introduction

The anterior cruciate ligament (ACL) is a major stabilizing
ligament of the knee. The ACL is known to prevent
anterior tibial displacement relative to the femur, and
provide torsional stability during internal and external
rotations (Girgis et al. 1975; Markolf et al. 1976; Butler
et al. 1980; Grood et al. 1981; Fukubayashi et al. 1982).
The ACL originates anterior and medial to the tibial
eminence, rising posteriorly and laterally, inserting on the
lateral wall of the femoral intercondylar notch (Girgis
et al. 1975; Arnoczky 1983; Amis and Dawkins 1991;
Takahashi et al. 2006). ACL tears are painful injuries, and
are reported to occur from 250,000 to 400,000 times
annually in the United States. (Boden, Dean, et al. 2000;
Boden, Griffin, et al. 2000; Griffin et al. 2006; Fleming
et al. 2010; Smith et al. 2012; Nau and Teuschl 2015).
Reconstructive surgery and rehabilitation are expensive
procedures which put significant burden on the healthcare
system (Feagin and Lambert 1985; Boden, Dean, et al.
2000; Boden, Griffin, et al. 2000; Griffin et al. 2006). It is
known that articular cartilage and meniscal injuries are
commonly associated alongside ACL injury. These
combined ACL/articular cartilage injuries are also
known as major risk factors for degenerative osteoarthritis
later in life (Vellet et al. 1991; Johnson et al. 1998; Faber
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et al. 1999). It is clinically important to determine which
movement combinations are likely to cause injury to knee
joint tissues, as an improved understanding of these injury
mechanisms will improve prevention techniques, rehabilitation, and surgical procedures (Renstrom et al. 2008).
ACL injuries are classified by two mechanisms:
contact and non-contact. ACL injuries commonly occur in
non-contact scenarios (McNair et al. 1990). Several
studies report non-contact ACL injury occurring with
athletes landing near full knee extension, in valgus, and in
femoral external rotation (McNair et al. 1990; Ferretti
et al. 1992; Malone et al. 1993; Ireland 1999; Boden,
Dean, et al. 2000; Boden, Griffin, et al. 2000; Griffin et al.
2006). These studies also described a deceleration closed
chain mechanism associated with ACL injury. The knee
was reported to be within 208– 308 of knee flexion at injury
(McNair et al. 1990; Ireland 1999; Boden, Dean, et al.
2000; Boden, Griffin, et al. 2000; Besier et al. 2001).
Video evidence has reported the main contributors to noncontact ACL injuries are motions in the frontal and
transverse planes (Boden, Dean, et al. 2000; Boden,
Griffin, et al. 2000; Olsen et al. 2004; Krosshaug et al.
2007).
While cadaver testing is the gold standard for studying
the mechanics of soft tissue, computational models are
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improving, and are being used more widely due to the
limitations of cadaver testing. Investigating ligament and
soft tissue failure for various knee joint motions using
cadaveric knees would be cost and time prohibitive.
A single cadaver sample provides only one failure result as
the original state cannot be restored after the ACL is torn.
Because of this, a number of cadavers would be required to
establish an injury locus. Furthermore, developing a
failure locus using multiple cadaver samples would not be
advantageous as each sample would have individual
geometries, creating sample-to-sample variations in the
results. In contrast, finite element (FE) models can
simulate multiple failures using different loading scenarios
for an individual knee joint model. Computational models
also provide a method to investigate subject specificity as
it is known that every subject has unique bone and soft
tissue geometries (Bisson and Gurske-DePerio 2010;
Hashemi et al. 2010; Simon et al. 2010). Using this
method, a subject specific set of failure data points, known
as a failure locus, can be generated. The present study used
a 3D FE model to perform a parametric analysis of knee
joint motions to generate a failure locus. The failure locus
included bundle specific failure data for the ACL along
with articular cartilage injury data. The failure locus is
based on Varus/Valgus (V/V) angle and Internal/External
(I/E) rotation when the knee is at 258 of flexion. Knee
flexion at 258 was chosen as this is within the range of
flexion angles commonly observed during ACL injury
(McNair et al. 1990; Ireland 1999; Boden, Dean, et al.
2000; Boden, Griffin, et al. 2000; Besier et al. 2001). Axial
stress within the ACL, and shear stress within the articular
cartilage were monitored during FE simulations, allowing
for virtual injury diagnoses.
Previous studies have used 3D FE knee joint models to
investigate the stress and strain fields in knee joint tissues
under various loading conditions (Gardiner and Weiss
2003; Limbert 2004; Mesfar and Shirazi-Adl 2006; Peña
et al. 2006; Papaioannou et al. 2008, 2010; Boyd et al.
2012; Wangerin 2013; Kiapour et al. 2014; Wang et al.
2014). Soft tissue injury was not investigated in any of
these studies. Peña et al. (2006) investigated the effect of
combined loading on the stress field in the ligaments and
menisci. In the study, Peña et al. (2006) validated that
subject specific FE knee joint models can accurately
predict the stresses and strains seen in these tissues under
complex loading. Mesfar and Shirazi-Adl (2006) investigated the effects of changes in pretension and material
properties in the cruciate ligaments on the biomechanics of
the knee joint. The results of their study highlighted that
incorrectly applied ligament prestrain can significantly
affect the natural motion of the knee joint (Mesfar and
Shirazi-Adl 2006). Limbert (2004) modeled the ACL as a
single bundle with and without prestrain and investigated
the differences in ligament stress during passive flexion.
The results of their study closely resembled results from

cadaver testing in terms of the resultant force in the
ligament during passive knee flexion (Limbert 2004).
Limbert (2004) assumed uniform prestretch throughout
the ACL, which the authors stated as a limitation. Gardiner
and Weiss (2003) performed a subject specific study on
eight sample cadaver knees to study the stress –strain
behavior of the medial collateral ligament (MCL) during
knee joint loading. Each knee underwent valgus loading at
different knee flexion angles during which kinematic and
strain data was collected. Material properties were
obtained through uniaxial testing of the eight MCL
specimens. FE models of the bony geometries and the
MCL were constructed from volumetric CT image data for
each subject. The unique MCL material properties
extracted from the uniaxial testing of each specimen
were applied to each FE model. Each model was validated
by comparing the experimental results to the FE
predictions of MCL strain during valgus loading. Gardiner
and Weiss (2003) demonstrated that the complex nonuniform in vivo strain fields seen in the MCL under valgus
loading can be accurately predicted using FE techniques.
Kiapour et al. (2014) developed a 3D FE model of a knee
subjected to different loading conditions. They demonstrated their FE models accurately predict soft tissue
stresses and joint kinematics. Kiapour et al. (2014) state
that their model will be used to determine risk factors for
ACL injury in the future. These studies have all produced
useful results by modeling the knee joint using FE analysis
to monitor the stresses and strains in tissues under specific
loading schemes. There were no studies found using FE
knee models to investigate the effect of various knee joint
motions on ACL injury and concomitant injuries.
The purpose of the present study was to determine
which knee joint motions are most detrimental to the ACL
and articular cartilage at 258 of knee flexion. By displaying
the relative dangers between the designated knee motions,
the failure locus identifies knee motions that should be
avoided. This study produces useful information for
improving orthopaedic care by better understanding how
these injuries occur. The results will help healthcare
professionals improve injury prevention programs.

2.

Methods

In order to develop a reliable model and to validate our
results based on available experimental data and available
numerical investigations, we considered the following
important details.
(1) Time dependent material properties were not used
in this model. Preliminary FE simulations
performed at physiologically accurate loading
rates using a time dependent material model
revealed no significant variation in the frontal
plane knee angle at ACL failure, compared to
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corresponding time independent simulations (Orsi
2015). Hence, a transversely isotropic hyperelastic
model was chosen for the ACL in this study. This
model accurately represents the response of
cadaveric ACL, and is more computationally
efficient compared to the rate dependent material.
(2) It is known that a variable axis of rotation has been
proposed for the knee flexion axis (Hollister et al.
1993). Research has validated the transepicondylar axis as an optimal axis for representing proper
knee flexion (Churchill et al. 1998). Also, the
transepicondylar axis was used in several previous
investigations, and the results were in good
agreement with experimental data (Yang et al.
2010a; Homyk et al. 2012). For these reasons, in
this investigation the knee flexion axis of rotation
was chosen to be the transepicondylar axis.
(3) Displacement driven analyses were used instead of
force driven analyses for several reasons.
Accounting for muscle force contribution in a
force driven analysis is very inaccurate. Muscle
forces are not constant, and to record these muscle
forces experimentally for the motions of interest
would be inaccurate. Displacement controlled FE
analyses provide a way to bypass these limitations.
This is useful as the displacement based injury
results can be compared to video evidence which
is also displacement based. If an accurate model
can be established which accounts for the
contributions of the musculature and other soft
tissues during stress analyses of the knee joint, the
stress field would correspond to the same
kinematics used in the present investigation
(compatibility condition). A number of investigators have used force driven analyses to understand the stresses within the knee joint soft tissues
(Haut Donahue et al. 2003; Peña et al. 2006;
Kiapour et al. 2014). Studies have also used
displacement driven analyses to study the knee
joint soft tissue stresses (Gardiner and Weiss 2003;
Song et al. 2004; Park et al. 2010). The boundary
conditions for these displacement controlled
simulations are generally extracted from cadaver
experiments. As the present study simulates
several different failure modes for the ACL,
obtaining experimental cadaver data for this
would be extremely difficult, as each cadaver
knee is capable of only one ACL failure.
A subject-specific 3D FE model of a left knee was
created from sagittal view magnetic resonance images
(MRI) of a healthy 26-year-old male with a frontal plane
alignment angle of 7.678 valgus, seen in Figure 1 using the
method provided by Homyk et al. (2012) and Yang et al.
(2010a), similar to Haut Donahue et al. (2003).1 Images
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were obtained using short bore, high-field 1.5 Tesla MRI
and a fat suppressed fast spin echo sequence with a
TE ¼ 10 ms, 160 £ 160 mm field of view, and slice
thickness of 2 mm with 256 £ 256 matrix. A similar
model was successfully used in our previous investigation
(Yang et al. 2009; Yang et al. 2010a, 2010b; Homyk et al.
20122). The subject was imaged early in the morning and
had been unloaded for 30 minutes prior to imaging to
minimize a full day of weight bearing. This was done to
preserve the native geometry of the cartilage and menisci,
as the geometries of these tissues have been reported to
change due to body weight loading (Herberhold et al.
1999; Vedi et al. 1999; Gründer et al. 2000; Nishii et al.
2008). This may have prevented erroneous measurement
of the ACL length at full knee extension, which is required
in our subsequent analyses. However, we believe that the
error in ACL length measured from MRI after a full day of
load bearing would be small. The MRIs of the subject were
taken in the supine, non-load-bearing position. They were
converted into 3D solid structures using Rhinoceros and
SolidWorks; these solid structures were then imported into
ABAQUS and converted to an FE mesh.
A free meshing technique was used for the cartilage
and meniscus using four-node linear tetrahedral elements.
The ACL was meshed using hexahedral elements. The
model included a total of 40,793 nodes with 160,522
elements. The cartilage mesh size was between 0.8 and
1.0 mm, while the meniscus mesh size was 0.5 mm, and the
ACL was meshed at an average size of 1.0 mm. A mesh
sensitivity analysis was performed and an optimum mesh
size was selected based on less than a 5% difference from
the subsequently higher mesh density. For example, under
body weight loading there was only a 2.76% difference in
peak cartilage stress between the chosen mesh size
(density ¼ 0.8 mm) and the next higher mesh size
(density ¼ 0.6 mm). Linear elements, in conjunction
with material incompressibility, may lead to volumetric
locking resulting in higher stresses (Askes et al. 1999).
This problem can be overcome by using higher order
elements, using refined mesh, or reduced integration. Also,
the reduced integration scheme may result in an erroneous
solution, or no solution at all (Bell et al. 1993). For these
reasons, both refined linear and quadratic elements were
used. Both approaches produced the same results, and fine
tetrahedron elements were adopted for the cartilage and
meniscus in all simulations. This substantially reduced
computational time.
Bone was modeled as rigid, as it is much stiffer than
the soft tissue it interacts with (Fung and Zhang 2003;
Haut Donahue et al. 2003; Yang et al. 2010a; Homyk et al.
2012). The articular cartilage was modeled as isotropic
linear elastic and the meniscus was modeled as
transversely isotropic linear elastic, with the material
properties shown in Table 1. Linear elastic material
properties were appropriate in this study as similar
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Figure 1. (a) Anterior view: 3D FE model of left knee joint. Bone is shown as transparent, meshed with four node bilinear rigid quadratic
elements. Articular cartilage is shown in dark blue and meniscus is shown in red, both were meshed using linear tetrahedron elements. The
ACL bundles are detailed in (b), the amACL shown in light blue and the plACL shown in purple, both meshed with eight node brick
elements. (c) Boundary condition reference for the failure locus simulations performed.

techniques have been used to model cartilage and
meniscus in several previous studies (Haut Donohue et
al. 2002; Haut Donahue et al. 2003; Yang et al. 2010a;
Wangerin 2013; Kiapour et al. 2014). The menisci were
attached to the tibial plateau at the meniscal horns using
linear spring element sets, similar to the methods used by
Haut Donahue et al. (2003) and Yang et al. (2010a).
At each horn attachment 10 linear springs were used to
attach the meniscal horn to the tibial plateau. A transverse
ligament was modeled as a single spring element, which
attached the anterior horns of the menisci to each other
(Haut Donahue et al. 2003; Yang et al. 2010a; Homyk
et al. 2012).
There were six contact interactions between the
femoral articular cartilage, the tibial articular cartilage
Table 1.

and the medial and lateral menisci. All contact was
modeled using a frictionless finite-sliding formulation
where separation and sliding of finite amplitude and
arbitrary rotation of the surfaces are allowed. Contact
interaction normal to the contacting surfaces was
constrained using the standard penalty enforcement
method.
The posterior cruciate ligament (PCL), MCL, and
lateral collateral ligament (LCL) were modeled as multi
bundled nonlinear spring elements. 3D structures were
considered for these ligaments, specifically to see if
interaction existed between the ACL and PCL. The results
indicated no interaction between the ACL and PCL existed
for the range of motion used in this study (Orsi 2015). This
validated modeling the PCL, MCL, and LCL as spring

Cartilage and meniscus material properties.

Tissue

Constitutive model

Cartilage
Meniscus

Isotropic elastic
Transversely isotropic elastic

Source: Homyk et al. (2012), Kiapour et al. (2014), Haut Donahue et al. (2003) and Yang et al. (2010a).

Properties
E ¼ 15.0 MPa, v ¼ 0.45
Eu ¼ 140 MPa, Er ¼ Ez ¼ 20 MPa
vrz ¼ 0.2,vru ¼ vzu ¼ 0.3
Gru ¼ Gzu ¼ 57.7 MPa, Grz ¼ 8.33 MPa
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elements, while providing an accurate estimation of the
stresses in the ACL, and substantially reducing computational intensity. Ligament insertion sites were determined
from the MRI, similar to the group’s previous work (Yang
et al. 2010a; Homyk et al. 2012). The nonlinear spring
force-displacement relationship used is defined as a
piecewise continuous function,
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where f is the tensile force, k is a stiffness parameter, and
2e l is the lower bound strain limit for the linear ligament
behavior. e is the strain in the ligaments defined as
e ¼ ðL 2 L0 Þ=L0 , where L is the ligament length and L0 is
the unstretched zero-load length of the ligament. At full
knee extension the initial reference strain, e r , is listed in
Table 2 for each bundle. L0 is found using e r along with the
initial reference length of the ligament, Lr , using
L0 ¼ Lr =ðe r þ 1Þ, where Lr is determined from the MRI
as the distance between the tibial and femoral insertion
sites. This study modeled the PCL as a double bundle
(anterior and posterior bundle). The LCL and MCL were
modeled with three bundles. The properties of each
ligament were adapted from the work of Blankevoort et al.
(1991), shown in Table 2 (Blankevoort et al. 1991).
2.1

ACL modeling

Studies report the ACL as comprising two main bundles,
the anteromedial bundle (amACL) and posterolateral
bundle (plACL) (Girgis et al. 1975; Blankevoort et al.
1991; Sinkov et al. 2004; Peña et al. 2006; Takahashi et al.
2006; Steckel et al. 2007). This composition was chosen
for modeling the ACL in this study. In full knee extension,
both bundles are parallel and under prestrain. The prestrain
values are provided by Blankevoort et al. (1991) and are
listed in Table 3, showing the plACL has a higher prestrain
at full extension than the amACL. During larger degrees of
knee flexion the amACL increases in tension and the
Table 2. Material properties for nonlinear spring ligaments
(PCL, LCL, MCL).
Ligament
PCL
LCL
MCL

Bundle

Stiffness parameter, k[N]

er

Anterior
Posterior
Anterior
Superior
Posterior
Anterior
Inferior
Posterior

9000
9000
2000
2000
2000
2750
2750
2750

20.24
20.03
20.25
20.05
0.08
0.04
0.04
0.03

Source: Adopted from Blankevoort et al. (1991).

Table 3. Initial prestrain data for ACL bundles.
ACL bundle
plACL
amACL

% Prestrain

Lr (mm)

L0 (mm)

10.0
6.0

24.54
27.57

22.08
25.91

plACL decreases in tension (Blankevoort et al. 1991). The
3D structure of the double bundle ACL is shown in
Figure 1(b). The bundle cross sections and insertion sites
were determined from the MRI, and were validated based
on anatomical studies (Girgis et al. 1975; Takahashi et al.
2006). The bundles were created by lofting from both
insertion sites to mid-substance uniform cross section
regions using SolidWorks 2010 (DassaultSystemes,
Concord, MA, USA). This produced ligament structures
at the reference length, Lr , seen in Figure 2(a). Lr was
defined as the distance between the centroids of the
insertion sites. The ligament bundles were then resized
from Lr to L0 , based on the data provided by Blankevoort
et al. (1991) in Table 3. This was done by transecting the
bundles in their uniform regions according to their
prestrain values. The transected bundles were then
reattached to achieve zero-load length structures, shown
in Figure 2. The superior (red) portions remained fixed to
the femur, while the inferior (blue) portions were
translated superiorly to attach to the superior (red)
portions. This created zero-load length structures able to
develop prestrain during extension from L0 to Lr during FE
simulation. The 3D structures were then meshed using
ABAQUS (Simulia, Providence, RI, USA).
Using a user subroutine, a fiber orientation dependent
transversely isotropic hyperelastic material, defined by a
strain energy density, c was used to obtain the constitutive
equations of the ACL (Puso et al. 1998). The strain energy
density was defined as,

c ¼ C 1 ðI~1 2 3Þ þ C 2 ðI~2 2 3Þ þ F 2 ðl~Þ þ

K
ðlnðJÞÞ2 ; ð2Þ
2

where J is the Jacobian of the deformation gradient F
defined as ›x=›X where x and X are coordinates of each
point in the deformed and undeformed configurations. C 1
and C 2 are constants representing the Mooney-Rivlin
material model and K is the bulk modulus of the material.
I~1 and I~2 are the first and second invariant of the modified
 ¼ J 22=3 F T F. The derivaCauchy-Green strain tensor C
tive of the fiber strain energy function F 2 defined in
Equation (3) (Puso et al. 1998) is given as,

l~ ››Fl~2

l~ ››Fl~2 ¼ 0;
l~ # 1
h
i
~
¼ C3 eC4 ðl21Þ 2 1 ; 1 , l~ , l* :

l~ ››Fl~2 ¼ C 5 l~ þ C6 ;

l~ $ l*

ð3Þ
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Figure 2. (a) Outline of ACL resizing process. The bundles were initially created at the reference length (Lr). They were then transected
in the midsubstance according to their prestrain values. The bundles were then reconnected to create an unstretched structure at the zero
load length (L0). (b) ACL prestrain simulation showing the ligament stretching from L0 to Lr, creating the bundle specific strain which is
present at full knee extension. LE is defined as maximum principal strain.

The first relationship reflects the inability of ligament
structures to support compressive loads. The second
relationship is the nonlinear ‘toe region’ corresponding to
the uncrimping of the collagen fibers. The third corresponds
to the linear stress-stretch response of the straightened
fibers. l* is the amount of stretch at which the material
transitions from unstraightened to straightened fibers. l~ is
defined as the deviatoric stretch along the fiber direction.
The material constants were extracted from the work of
Peña et al. (2006). These constants are shown in Table 4.
Fiber direction was defined by the lines between the tibial
and femoral insertion sites for both ligament bundles.
As stated earlier, to simulate in vivo prestrain of the
ACL at full knee extension, the ACL bundles were
stretched from their zero-load lengths to their reference
lengths. Figure 2 shows the double bundle ACL structure
undergoing the simulated in vivo prestrain inherent in the
ACL at full knee extension.
2.2

Spring ligament validation

While ligaments are 3D structures, modeling them as spring
structures reduces complexity whereas there is no
Table 4.

Material coefficients for the ACL.

C1 (MPa)

C2

C3 (MPa)

C4

C5 (MPa)

l*

K

1.95

0.0

0.0139

116.22

535.039

1.046

1950

interaction between ligaments and bony surfaces. As the
purpose of this research was to investigate which
combinations of knee joint movements (displacements)
create mid substance rupture within the ACL bundles, it
was necessary to investigate if there was interaction
between the ligaments of interest within the range of
motions considered in this investigation. To determine if
this was a factor, a preliminary study investigated PCL –
ACL interaction for the knee motions considered, and
determined whether the spring model was appropriate for
modeling the PCL in order to reduce computation cost. The
3D PCL was constructed from MRI, similar to the ACL
construction method described in the previous section. Four
extreme case knee motions were simulated to monitor
PCL – ACL interactions. Each simulation started with the
ACL prestrained followed by 258 knee flexion. The four
simulations investigated were; (i) 158 internal femoral
rotation (IR) with varus angle applied until ACL failure, (ii)
158 IR with valgus angle applied until ACL failure, (iii) 158
external femoral rotation (ER) with varus angle applied
until ACL failure, and (iv) 158 ER with valgus angle applied
until ACL failure. The ACL failure results from these
simulations were compared to those obtained from the PCL
spring ligament model. No significant differences were
found regarding the stress distribution in the ACL or the
failure angles, and no contact between the ACL and PCL
was observed, justifying the use of nonlinear springs in
modeling the PCL for the range of motions considered in
this investigation.
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2.3 Failure criterion
Previous investigations have reported on the ultimate
tensile strength of the ACL using cadaveric knees. Woo
et al. (1991) determined the ultimate failure load for ACL
from nine separate young donors to be 2160 ^ 157 N.
Kennedy et al. (1976) determined the ultimate failure load
to be 625 ^ 22 N. Noyes et al. (1976) determined the
ultimate failure load for the ACL to be 1730 ^ 660 N. The
failure load determined by Woo et al. (1991) was adapted
for this study as Kennedy et al. (1976) had a high median
age for the donors (62 years), and Noyes et al. (1976) used
a smaller sample size of six samples from three young
donors. The lower bound from Woo et al. (1991) was
selected corresponding to a failure force of 2003 N.
To adapt this for a 3D structure, the axial force was
converted to an axial true stress using st ¼ ðF=A0 Þð1 þ e Þ.
F is the failure force, A0 is the cross sectional area of the
ACL bundles, e is the engineering strain at failure
determined from Blankevoort et al. (1991), and st is the
corresponding true failure stress. Both bundles had
identical mid-substance cross sectional areas,
(A0 ¼ 23.04 mm2). The axial failure force was divided
between the bundles and the true failure stress at tear
initiation was determined to be 50:2 MPa. Butler et al.
(1986) found the average failure stress for the ACL to be
36:4 MPa. This value was found using the engineering
stress at ACL failure from a small sample size of three
subjects. Using true stress would greatly change this result
which could explain the difference between the failure
stress used in this investigation and the failure stress
reported by Butler et al. (1986).
The articular cartilage failure criterion for this study
was adapted from the work of Atkinson et al. (1998). They
determined that articular cartilage fissuring is caused
primarily from shear stress initiated at the surface of the
articular cartilage. The authors suggested a critical shear
stress of 4:15 MPa is required to initiate articular cartilage
fissuring. In this study, when the maximum shear stress in
the articular cartilage reached 4:15 MPa, cartilage was
assumed to have been damaged. The critical shear stress
obtained by Atkinson et al. (1998) should be considered as
the lower bound shear stress required to initiate cartilage
damage. It is known that fluid pressure in the cartilage may
result in higher critical shear stress for damage initiation.
As there is no available critical shear stress for cartilage
damage obtained through in vivo experiments, we used
4:15 MPa as the critical shear stress damage criterion. This
limitation may apply to all available mechanical properties
obtained through in vitro experiments.
As the simulations are under displacement control, the
kinematics needed for ACL failure will not be affected by
the initiation of cartilage fissuring. The extent of articular
cartilage damage reported at ACL injury may be
inaccurate due to changes in the material properties of
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damaged cartilage. Currently there is no accurate data
regarding the constitutive equations for damaged cartilage.
The extent of cartilage damage reported at ACL injury
should be considered an underestimation as a damage
model was not used. As stated earlier the knee joint
motions required for ACL injury were not affected by
cartilage injury in these simulations as the simulations
were under displacement control. This further demonstrates that displacement control should be considered as a
proper method for investigating many injuries in future
research.

2.4

Sequential loading validation

Two simulations were performed to validate that loading
sequence had no significant effect on the results. In the first
validation simulation knee flexion was applied initially,
followed by simultaneous IR and valgus loading until
ACL failure. IR angles were recorded at ACL failure from
this simulation for use in the second validation simulation.
In the second validation simulation, knee flexion and IR
were applied simultaneously, followed by valgus loading
until failure. There was negligible difference in the valgus
angle at ACL failure between the first and second
validation simulations, indicating that ACL failure is
independent of loading sequence in these simulations.

2.5

Failure locus simulations

Fourteen simulations were conducted with knee flexion
held at 258, as this angle is reported to be within the range
of maximum injury susceptibility (Ireland 1999; Boden,
Dean, et al. 2000; Boden, Griffin, et al. 2000; Besier et al.
2001). Each simulation was a five step quasi-static
sequential loading analysis with the following order; (i)
ligament prestrain, (ii) 3:6 £ body weight, (iii) knee
flexion, (iv) axial femoral rotation, and (v) valgus or
varus angular displacement. As this model does not
consider muscle forces, the body weight was adjusted to
3:6 £ body weight to account for joint compression due to
muscle contraction. This value was used to simulate the
maximum compressive joint force during gait and was
applied through the midpoint of the trans-epicondylar axis,
consistent with previous investigations (Yang et al.
2010a). Furthermore, we believe body weight does not
contribute significantly to ACL failure in this investigation. Excessive body weight may slightly reduce the
ACL pretension, however the main contributors to ACL
stresses are I/E rotation and V/V motion. 258 knee flexion
was applied through the trans-epicondylar axis of the
femur as this axis has been determined as the optimum
knee flexion axis (Churchill et al. 1998). In this
investigation, the relative motion between the femur and
tibia is important. One can move the femur with respect to
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Figure 3. ACL tear initiation and tibial articular cartilage damage locus relative to the subjects initial frontal plane alignment of 7.678
valgus. The figure provides the relationship between knee orientation and knee tissue failure. The locus shows lateral tibial articular
cartilage failure for valgus motions (Lat Cart Valgus), medial tibial articular cartilage failure for varus motions (Med Cart Varus), and
both amACL and plACL failure for varus and valgus motions.

the tibia, or the tibia with respect to the femur. The femur
was moved with respect to the tibia by fixing the tibia to
the ground as this simulated closed chain foot-to-ground
contact. The axis of rotation for I/E femoral rotation was
the line normal to the tibial plateau intersecting the
midpoint of the femoral trans-epicondylar axis. Figure 1(c)
shows the boundary conditions for these simulations. Each
simulation had a unique axial femoral rotation angle
ranging from 158 IR to 158 ER in 58 increments (7
increments of axial rotation with varus þ 7 increments of
axial rotation with valgus ¼ 14 total simulations).
ACL failure locus points were processed by tracking the
normal stress within the mid-substance of both ACL
bundles. Each simulation produced data points indicating
the frontal plane knee angle at tear initiation for both
bundles. The simulations also provided tibial articular
cartilage damage data. This included the frontal plane knee
angle at cartilage damage initiation as well as the extent of
cartilage damage at the point of ACL failure. This produced
the relationship between knee orientation and tissue injury,
seen in Figure 3,3 which shows a complete failure locus for
the ACL and cartilage. The locus is divided into four
quadrants, valgus/IR, valgus/ER, varus/IR, and varus/ER.

3. Results
3.1 ACL bundles: plACL versus amACL
For all simulations, the plACL required less V/V angle to
reach failure compared to the amACL. In the valgus/IR
quadrant, the plACL required an average of 11.18 of valgus
rotation to tear, while the amACL required 14.58, meaning

26.7% less valgus angle was needed to reach plACL
failure. In the valgus/ER quadrant the plACL required on
average 20.4% less valgus angle than the amACL to reach
failure. In the varus/IR quadrant the plACL required on
average 36.8% less varus angle than the amACL to reach
failure. In the varus/ER quadrant the plACL required on
average 34.0% less varus angle than the amACL to reach
failure. The average combined (varus and valgus) failure
angle for the plACLwas 7.98, while the average combined
failure angle for the amACL was 10.68. Overall, the
plACL was 28.5% more susceptible to tearing than the
amACL. Complete ACL tear occurs when both bundles
rupture. The data demonstrates that complete ACL tear is
more likely to occur in ER than in IR. Furthermore, the
results indicate that the ACL is more prone to complete
rupture in varus knee motion than in valgus motion,
especially in varus/ER.

3.2

Frontal plane motion: varus versus valgus

Comparing varus motion simulations to valgus motion
simulations indicated the varus motion simulations
required less angle to initiate ACL tear for all degrees of
I/E rotation. Comparing varus/IR to valgus/IR for the
amACL, the average frontal plane knee angle at tear
initiation for varus/IR was 9.78 varus, while in valgus/IR it
was 14.58 valgus, a 40.1% increase in frontal plane knee
angle at amACL failure from varus/IR to valgus/IR. The
same comparison performed on the plACL resulted in a
50.0% increase in frontal plane knee angle at plACL
failure from varus/IR to valgus/IR. Comparing varus/ER
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to valgus/ER for the amACL, the average frontal plane
knee angle for varus/ER was 7.08 varus, while in valgus/
ER it was 11.08 valgus, indicating a 44.8% increase in the
frontal plane knee angle at amACL failure from varus/ER
to valgus/ER. The same comparison for plACL resulted in
a 57.7% increase in frontal plane knee angle at plACL
failure from varus/ER to valgus/ER. Overall, varus
simulations required 46.6% less frontal plane knee angle
for tear initiation compared to valgus simulations.
3.3 Transverse plane motion: ER versus IR
The ER simulations required less V/V angle for ACL
failure compared to IR simulations. Looking at valgus
simulations, the average amACL valgus failure angle in
the valgus/IR quadrant was 14.58 compared to 11.08 in the
valgus/ER quadrant indicating a 27.8% decrease in valgus
failure angle from valgus/IR to valgus/ER. The same
analysis on the plACL in valgus resulted in a 21.5%
decrease from valgus/IR to valgus/ER. Looking at varus
simulations, the average amACL varus tear initiation angle
in varus/IR was 9.78 compared to 7.08 in varus/ER
indicating a 32.5% decrease in varus failure angle from
varus/IR to varus/ER. The same analysis on the plACL in
varus resulted in a 29.7% decrease from varus/IR to varus/

501
9

ER. Overall, ER decreased the V/V failure angle by 27.5%
relative to IR.
3.4 Articular cartilage injury
In all valgus cases, articular cartilage injury initiation
occurred prior to ACL failure, Figure 3. In varus cases, it
occurred in between the amACL and plACL bundle
failures in six out of the seven simulations. For valgus
cases, the average injury initiation angle for articular
cartilage was 3.28 valgus. For varus cases the average
articular cartilage injury angle was 7.68 varus. The varus/
IR simulations demonstrated greater varus angles at
articular cartilage injury compared to the varus/ER
simulations, following a similar trend as the ACL bundle
failures. This was not seen in valgus, as an increase in both
ER and IR increased the valgus injury initiation angle for
the articular cartilage. In valgus simulations, the most
detrimental orientation for articular cartilage injury
initiation was 58 IR. In varus, the articular cartilage is
most susceptible to injury initiation at higher degrees of
ER.
The extent of articular cartilage damage at ACL
failure was much higher in valgus cases than in varus
cases. This is because articular cartilage injury initiated

Figure 4. (a) Articular cartilage damage map reporting the % volume of damaged tissue relative to femoral axial rotation and valgus
angle. (b) Isosurface plot of the 108 IR valgus simulation showing the growth in articular cartilage damage from injury initiation at
tmax ¼ 4.15 MPa to the time of ACL failure. Here, Tresca stress is defined as 2*tmax.
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prior to ACL failure in valgus while in varus it occurred
coincidentally with ACL tear initiation. Thus, it was only
necessary to investigate the extent of articular cartilage
damage for the valgus cases. The results, seen in Figure 4
(a), indicate that with greater IR there will be greater
articular cartilage damage at ACL failure for valgus
cases. This is in part due to ACL failure occurring at
greater degrees of valgus when in internal rotation. If an
ACL injury were to occur in IR, the cartilage damage
would be greater compared to that seen from an ACL
injury occurring in ER. Figure 4(b) demonstrates the
growth of the lateral articular cartilage injury from
initiation until ACL failure for the 108 IR valgus case.
As indicated before, damage extent should be considered
as an estimate as the exact constitutive equations of
damaged tissue and critical stress required for damage
growth are not available at this time. Regardless, the
results indicate that the extent of cartilage injury is
greater when ACL failure occurs in valgus motion
compared to varus motion.
4. Discussion
The accuracy of the FE model used in this investigation
was validated in our previous investigations (Homyk et al.
2012). The results from Homyk et al. (2012) compared
well with the published experimental data reported by
Rupp et al. (1999). Rupp et al. (1999) performed cadaver
knee experiments, measuring patellar tendon ACL graft
forces under various loading conditions. ACL graft tension
was recorded due to valgus moments of 5 Nm and
15 Nm and varus moments of 5 Nm and 15 Nm at 308
and 608 of knee flexion, respectively. Using the model
from this study, simulations were performed using the
same loading conditions to compare results with Rupp
et al. (1999). The ACL forces from the model used in this
investigation compared well with the ACL forces reported
by Rupp et al. (1999).
In a previous investigation, the ACL was modeled
using a viscohyperelastic material to understand the effect
of loading rate on ACL rupture (Orsi 2015). The results
from this previous study demonstrated no difference
existed in the frontal plane knee angle at ACL failure
across the range of physiologically accurate loading rates
(Orsi 2015). The differences between the frontal plane
knee angles at ACL failure between the viscohyperelastic
model and the hyperelastic model were minimal,
validating the use of the time independent hyperelastic
material model in this study.
In this investigation, the results obtained across all
simulations indicate that the plACL was on average 28.5%
more susceptible to rupture than the amACL. This may be
partly due to the prestrain values at full knee extension.
The plACL had 10% prestrain compared to the 6%
prestrain in the amACL at full extension. The higher

prestrain decreased the amount of displacement needed for
tear initiation. While the plACL was more likely to tear
prior to the amACL, the largest separation between the V/
V failure angles for the two bundles was only 3.98, and the
average separation between bundle failures across all
simulations was only 2.68.
From the subjects’ initial frontal plane alignment of
7:678 valgus, less varus angle was needed for ligament
failure relative to valgus angle for all values of I/E
rotation, similar to the previous study (Homyk et al. 2012).
Evidence exists that supports valgus motion as the
predominant injury mechanism for ACL failure (Arnold
et al. 1979; Ferretti et al. 1992; Malone et al. 1993; Ireland
1999; Boden, Dean, et al. 2000; Boden, Griffin, et al.
2000). The present study indicates that varus motion may
be more influential than what has been previously been
understood for ACL injury. The present study does not
refute the valgus mechanism theory for ACL failure;
however, it is suggested that future cadaver and FE studies
may be needed to confirm this finding. Based on these
results, we believe that ACL injury may occur during the
varus portion of the contra-coup as the knee moves from
valgus to varus.
ER simulations demonstrated a 27.4% increase in ACL
injury susceptibility relative to the IR simulations. This
can be partially explained by the geometries of the
insertion sites. With the femoral insertion located posteriorly and laterally from the tibial insertion, an applied IR
will displace the femoral insertion site anteriorly and
medially relative to the fixed tibial insertion. This
decreases the distance between the insertion sites,
decreasing ligament stress. An applied ER will do the
opposite, increasing ligament stress. This increase in stress
due to ER reduces the V/V failure angle for ACL injury
relative to IR. Along with this, there is increased
probability of a full ligament tear compared to IR
simulations. Because ER increases the chance for an ACL
tear by decreasing the V/V angle needed for ACL injury,
and ER increases the chance of a complete tear, this
suggests ER may be a more injury prone motion than IR.
The model predicted which motions will cause ACL
failure and concomitant injuries. For the ACL, the valgus/
ER quadrant demonstrated greater susceptibility to ACL
failure than the valgus/IR quadrant. The varus/ER
quadrant also demonstrated greater susceptibility to ACL
failure than the varus/IR quadrant. Concomitant articular
cartilage damage initiated prior to ACL failure in valgus
cases, and coincidentally with the ACL in all varus
simulations. Both valgus/ER and varus/ER could be
argued as the most detrimental motions investigated for
several reasons. First, ER had lower V/V failure angles for
ACL failure. Second, in ER the articular cartilage damage
initiated prior to, or in sequence with, ACL failure which
increased the likelihood for concomitant injuries. Last, ER
demonstrated greater susceptibility for complete ACL
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rupture. The valgus/ER quadrant was arguably more
detrimental compared to varus/ER as the articular cartilage
damage at ACL failure is greatest.
The extent of articular cartilage damage at ACL failure
was minimal in varus cases as cartilage damage initiation
was coincident with ACL rupture. In valgus cases
significant cartilage damage could occur prior to ACL
failure. In addition, an ACL tear in valgus/IR may create
the most articular cartilage damage. These results correlate
well with many studies which report ER and valgus motion
as leading mechanisms for ACL injury (Arnold et al. 1979;
Ferretti et al. 1992; Malone et al. 1993; Ireland 1999;
Boden, Dean, et al. 2000; Boden, Griffin, et al. 2000;
Olsen et al. 2004; Krosshaug et al. 2007). The results also
demonstrate that in addition to ACL failure occurring from
this motion, cartilage injury will occur prior to ACL
failure. The results are validated with available data in the
literature and support the use of displacement controlled
FE analyses of knee joint models to investigate subject
specific tissue failure mechanisms. Other studies have
used displacement controlled FE models to investigate
knee joint ligament kinetics. Song et al. (2004) used a
displacement controlled FE knee joint model to compare
ACL forces with a cadaver experiment. They recorded the
kinematics of a cadaver knee under a 134N anterior force.
The cadaver model was then dissected, leaving only the
two bundles of the ACL. The dissected knee was subjected
to the kinematics recorded from the intact cadaver model,
and the forces in the ACL bundles were recorded. An FE
model of the two ACL bundles, femur, and tibia was
subjected to the same kinematics, and the forces were
compared with the dissected model. The FE model
accurately predicted the forces in the ACL bundles (Song
et al. 2004).
The present study used sequential loading analyses,
while simultaneous loading simulations may better
simulate in vivo ACL disruptions. Using sequential
loading was validated as the results reported little to no
difference in the V/V angle at ACL tear initiation between
sequential and simultaneous loading simulations. Using
sequential analysis enables independent control of I/E
rotation and V/V angle, allowing the results to reveal the
dominant motion causing the injury. Such an understanding is not possible using simultaneous loading.
By using displacement controlled simulations, the results
will determine the tibiofemoral orientations causing
damage or injury to knee joint tissue. For this procedure
it is not required to know muscle forces. This is beneficial
as modeling the subject specific muscular forces is
complex and inaccurate. Material properties for the
various tissues included in our model were taken from
several recent publications which have been used and
validated in several simulation based studies (Blankevoort
et al. 1991; Puso et al. 1998; Haut Donohue 2002; Fung
and Zhang 2003; Haut Donahue et al. 2003; Peña et al.
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2006; Yang et al. 2010a; Wangerin 2013; Kiapour et al.
2014). It is known that ACL injury and cartilage damage
will change the material properties of these soft tissues.
Accurately developing a constitutive model for damaged
soft tissue is extremely complex. This requires numerous
careful experimental investigations to properly establish
the constitutive equations for the damaged tissue. As an
accurate material model for damaged tissue has yet to be
determined, the material properties did not change through
our investigation. The cartilage damage initiation results
should be considered reliable; however, the cartilage
damage growth up until ACL injury may be underestimated. It should be noted that because the simulations
are displacement controlled, the extent of articular
cartilage damage will have little effect on the ACL failure
results. As stated earlier, the cartilage failure criterion
determined from Atkinson et al. (1998) should be viewed
with discretion as this criterion was determined through ex
vivo experimentation. Sagittal plane motion (knee flexion)
was fixed at 258 in all simulations as this angle was seen as
most commonly associated with ACL injury. Future
investigations may be conducted to see the relationship
knee flexion has on the failure locus.
This investigation highlights detrimental motions
leading to ACL and concomitant injuries. The results
indicate the ACL as more susceptible to injury when the
knee is subjected to ER compared to IR. The results also
demonstrate that cartilage injury occurred prior to ACL
injury when the knee is subjected to valgus motion. The
greatest amount of cartilage damage was seen during ACL
injuries occurring in valgus/IR. The knee motion based
tissue failure results provide valuable data for clinicians
and sports medicine professionals. By better understanding how these injuries occur, orthopaedic surgeons
can more accurately diagnose patients. The novel methods
described in this investigation can provide individuals
with their own unique ACL failure locus and may provide
information that identifies individuals whom are more at
risk for future ACL failure, articular cartilage pathology,
and potential future osteoarthritis. Athletic training
professionals can also adapt training programs to address
targeted movement avoidance of injury prone motions.
Physical therapy programs will benefit by incorporating
strengthening for specific muscles which stabilize the knee
joint against detrimental motions.
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Notes
1. Informed consent was obtained prior to MR imaging.
2. Future subject specific models can be established
including higher resolution MRI with a slice thickness
of 0.5 mm. Regardless of MRI resolution, this study
establishes a procedure for investigating subject specific
ACL failure.
3. 158 IR Valgus simulation reached ,80% amACL failure,
noted by the hollow blue triangle in Figure 3.
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