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ABSTRACT 
 
 

Properly functioning ligaments are an essential characteristic of healthy joints.  

Despite numerous investigations, questions remain regarding the exact mechanical role of 

ligaments as well as the cause and effect of specific injuries and surgical procedures.  

This is in part due to inherent limitations of experimental and clinical studies.  

Computational modeling techniques such as the finite element method have tremendous 

potential for the study of ligaments, and the use of such models reduces some limitations 

of experiments.  Unfortunately, most finite element models to date have either used a 

simple one-dimensional ligament representation or a three-dimensional representation 

that uses a simplified application of ligament initial strain in combination with average 

material properties and geometry.  These simplifications limit the ability of previous 

models to make accurate predictions of complex three-dimensional ligament mechanics. 

 This dissertation investigated the mechanics of the human medial collateral 

ligament (MCL) and developed a number of tools that will facilitate future study of other 

ligaments and biological tissues.  A detailed experimental and computational study 

quantified the strain distribution in the human MCL during passive flexion as well as 

with subsequent valgus loading.  Subject-specific finite element models of the femur-

MCL-tibia complex were developed for a series of knees based on experimentally 

measured geometry, material properties, and boundary conditions.  The models featured a 

transversely isotropic, hyperelastic representation of the MCL and were validated using 



 

experimental measurements of MCL strain.  In addition, a new methodology was 

developed to characterize the response of MCL samples to large deformation shear 

loading.  Simple shear tests were performed along the fiber direction, allowing the 

normally dominant tensile resistance of collagen to be eliminated from the tissue 

response.  The inhomogeneous deformation during finite shear loading prompted 

development of a nonlinear optimization procedure that used specimen-specific finite 

element models to determine material coefficients for a transversely isotropic constitutive 

model.  This framework for parameter estimation will be used to develop new ligament 

constitutive models that will improve future finite element models.  The currently 

developed modeling methodologies can ultimately assist with patient-specific surgical 

planning and education and to study the effects of tissue level deformations on local 

cellular mechanotransduction. 
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CHAPTER 1 
 
 

INTRODUCTION 
 
 

Motivation 

Ligaments play a vital role in maintaining the stability of diarthrodial joints.  

Injuries to ligaments of the knee and other joints are common, and these injuries often do 

not achieve an acceptable level of healing even after significant clinical interventions.  

Poorly healed or completely torn ligaments can result in long-term joint instability and 

premature osteoarthritis. 

Ligaments in vivo are subjected to complex deformations that include tensile, 

shear, and compressive loading.  The in situ strain distribution within ligaments is highly 

inhomogeneous, and strains change considerably with passive joint movements and under 

the application of external loads.  Specific regions or bands of a ligament have changing 

levels of contribution to joint stability in different joint orientations.  Many questions 

regarding the mechanical role of specific ligaments, the cause and effect of injuries, and 

the efficacy of various reconstructive procedures remain unanswered.  This is in part due 

to limitations of experimental and clinical investigations. 

Computational modeling techniques such as the finite element method have 

tremendous potential for the study of diarthrodial joints.  Many of the inherent limitations 

of experimental studies may be eliminated with the use of finite element models.  Finite 

element modeling provides an ideal method for performing parameter studies or for 
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assessing surgical effects because the large intersubject variability that is present in 

experimental studies can be eliminated.  In addition, quantities that are difficult or 

impossible to measure experimentally such as stress and contact area may be predicted 

using the finite element method. 

The vast majority of studies that have examined ligament mechanics using 

computational methods have employed a one-dimensional representation of ligament 

geometry.  This entails representing the banded or cord geometry of the ligament as a 

single line element with bony attachment points at each end.  A one-dimensional 

representation greatly reduces model complexity by requiring only a few parameters to 

control the load-elongation behavior and this approach satisfactorily captures some of the 

mechanical features of ligament behavior.  This approach also possesses several 

significant shortcomings: 1) it does not allow for prediction of inhomogeneous 

ligamentous stresses or the incorporation of inhomogeneous distributions of initial 

tension, and 2) multiple combinations of values for load-elongation parameters, initial 

tensions, and even the number of line elements routinely produce nearly identical 

predictions of joint kinematics. 

Three-dimensional models of ligament mechanics can address many of the 

limitations of one-dimensional representations; however, the development of three-

dimensional models is complicated by the highly anisotropic, nonlinear material behavior 

and the large deformations to which ligaments are subjected.  The few finite element joint 

models developed to date that have used a three-dimensional geometric representation of 

ligaments have greatly simplified the application of ligament initial tension and used 

average material properties and geometry, likely limiting their ability to predict subject-
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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 understanding of ligament mechanics and a framework 

for studying the effect of tissue level deformations on local cellular mechanotransduction, 

subject-specific modeling techniques can provide an educational tool and assist with 

patient-specific surgical planning. 

 
Summary of Chapters 

 
The overall objective of the this dissertation research was to develop a framework 

for subject-specific modeling of ligament mechanics and to critically evaluate the 

effectiveness of the framework for predicting strain distributions in the loaded joint.  This 

was achieved through the detailed experimental measurement of strain over the entire 

surface of a ligament, the development of three-dimensional subject-specific finite 

element models, and through an improved material characterization achieved via large 

deformation simple shear testing.  The medial collateral ligament (MCL) of the human 

knee was chosen for study because of the high incidence of MCL injuries and the 

important functional interplay between the MCL and the frequently injured anterior 

cruciate ligament in restraining valgus rotations and anterior-posterior translations.  

Further, the relatively planar structure and superficial location of the MCL simplify 

experimental strain measurement, geometry extraction using medical imaging techniques, 

and the harvesting of multiple samples for material testing. 

In the current research, the stress and strain distribution in the MCL was 

quantified as a function of flexion angle and valgus rotation through a combination of 

experimental and computational methods.  Novel techniques were developed to allow the 
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construction of three-dimensional, subject-specific finite element models of the femur-

MCL-tibia complex.  This work will facilitate the future modeling of other ligaments and 

entire joints, allowing the study of normal ligament mechanics, ligamentous injury, and 

clinical interventions.  In addition, the response of the human MCL to finite deformation 

simple shear was studied, yielding information about load transfer between the 

microstructural components of ligaments and providing data useful for the development 

of improved constitutive models for fiber reinforced soft tissues.  The current research is 

presented in the following chapters as a series of published and “in review” manuscripts. 

Chapter 3 contains the results of experimental measurements of MCL strain 

during passive flexion as well as with subsequent valgus loading (Gardiner et al., 2001).  

Eight human male cadaver knees were cyclically loaded to ± 10 N-m of varus-valgus 

torque using custom built kinematic fixtures at flexion angles of 0°, 30°, 60°, and 90°.  A 

three-dimensional motion analysis system was used to quantify fiber direction strain 

between markers placed on the MCL surface that defined 12 discrete measurement 

regions.  Average strain values for each region were reported at each flexion angle for 

passive flexion as well as during peak valgus load.  Strain was found to vary significantly 

between different regions of the MCL, and this distribution changed with flexion angle.  

The highest measured strain values were found near the femoral insertion with the knee at 

full extension, suggesting this region of the MCL may be most vulnerable to injury under 

these loading conditions. 

Chapter 4 describes the development and analysis of finite element models of the 

femur-MCL-tibia complex.  Eight subject-specific models were built from the same 

knees that were tested for the experimental work of Chapter 3.  Novel methods were 
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developed that allowed models to be constructed to simulate valgus loading for each of 

the eight models at flexion angles of 0°, 30°, and 60°.  A transversely isotropic, 

hyperelastic continuum representation was used for the MCL permitting regional 

variations in the stress and strain distribution to be predicted.  The models featured 

individual geometry, material properties, and boundary conditions.  Each model was 

individually validated with the local measurements of MCL surface strain described in 

Chapter 3.  An extensive parameter analysis was also performed to evaluate the necessity 

of using a subject-specific modeling approach.  Accurate subject-specific predictions of 

MCL strain during valgus loading could not be made in models that featured an average 

distribution of initial strain; however, the use of average material properties did not 

significantly diminish the quality of strain predictions for the current modeling 

methodology. 

In Chapter 5, a parameterized finite element analysis was used to investigate a 

finite deformation simple shear test of transversely isotropic soft tissue samples (Gardiner 

and Weiss, 2001).  This work was motivated by a desire to better characterize the 

material behavior of human MCL to aid interpretation of the femur-MCL-tibia modeling 

results as well as to guide future work in constitutive model development.  The 

application of a simple shear deformation parallel to the fiber direction provides unique 

information about the material response of parallel-fibered soft tissues because it allows 

the normally dominant fiber response to be essentially eliminated from the overall tissue 

behavior.  However, inhomogeneities in the deformation field during large deformation 

simple shear due to clamping and free edge effects had not been previously documented.  

Finite element analyses were performed to assess the effects of aspect ratio, clamping 
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prestrain, and bulk modulus on the deformation field during finite simple shear of 

transversely isotropic, hyperelastic material.  The models predicted substantial 

inhomogeneities in the deformation field that were most sensitive to the specimen aspect 

ratio.  The inhomogeneous deformation field suggests that an inverse finite element 

technique may be necessary to estimate material coefficients from experimental data. 

The results of the finite element shear simulations were used to guide experiments 

that quantified the quasi-static response of human MCL samples to large deformation 

simple shear and the effect of strain rate on stress relaxation under shear (Chapter 6).  

The shear behavior of human MCL was found to be highly nonlinear, and the shape of 

the curve and its magnitude were independent of strain rate.  Due to the highly 

inhomogeneous strain fields present within the shear sample that were discussed in 

Chapter 5, a new material parameter estimation technique was developed that utilized 

specimen-specific finite element models.  An iterative, nonlinear optimization process 

was able to estimate material parameters from the shear tests based on evaluation of an 

objective function that compared experimentally measured and finite element model 

predictions of force in the direction of applied shear. 

Chapter 7 provides a cohesive discussion of the work from the previous chapters.  

The overall significance of the project is emphasized and the strengths and limitations of 

the work are presented.  Finally, an outline of future work stemming from the current 

project is presented. 

 
References 

Gardiner, J.C., Weiss, J.A., 2001. Simple shear testing of parallel-fibered planar soft 
tissues. Journal of Biomechanical Engineering 123, 170-175. 

 



 7

Gardiner, J.C., Weiss, J.A., Rosenberg, T.D., 2001. Strain in the human medial collateral 
ligament during valgus loading of the knee. Clinical Orthopaedics and Related 
Research 391, 266-274. 



 
 
 
 
 

CHAPTER 2 
 
 

BACKGROUND 
 

 
Healthy articulating joints allow for nearly effortless motion along preferred 

anatomical directions yet they must also restrict abnormal motions.  The freedom of 

mobility is achieved by the lubricating action of cartilage that covers the articulating 

surfaces of the bones.  Joint stability is maintained by a combination of bony geometry 

and ligament and other soft tissue interactions.  Ligaments guide and restrict the motion, 

defining the normal range of passive joint motion. 

 
Ligament Composition and Structural Organization 

Ligaments are well suited to the physiological functions that they perform.  

Ligaments are a biological composite consisting of a ground substance matrix reinforced 

by a fibrous network of collagen and elastin.  Ligaments are sparsely populated by 

fibroblast cells that have an elongated shape in the tissue midsubstance and a more 

rounded shape near the insertions to bone (Matyas, 1994; Woo and Buckwalter, 1988).  

Similar to other musculoskeletal soft tissues, the primary function of the cells is to 

maintain the collagen scaffold.  Water makes up about two-thirds of the weight of normal 

ligaments and 70-80% of the remaining weight is made up by the fibrillar protein 

collagen (Amiel et al., 1984).  Collagen is the primary component that resists tensile 

loads in ligaments. 
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Collagen 

The collagen of ligaments and tendons is primarily Type I collagen existing in a 

fibrous structure.  The large diameter (1-12 µm) collagen fibers that are visible using a 

light microscope are formed from a structural hierarchy (Kastelic et al., 1978).  Linear 

polypeptide chains are grouped to form alpha-helix chains that are then coiled together to 

form the triple-helix known as a tropocollagen molecule.  Tropocollagen molecules are 

then wound to form a collagen microfibril.  Microfibrils further associate to form sub-

fibrils and fibrils that are further grouped to form fascicles.  A final level of organization 

groups the collagen into fibers or fiber bundles. 

The collagen fibers of ligaments in unloaded configurations have a longitudinal 

waveform referred to as the crimp pattern that is visible under polarized light microscopy.  

The waveform disappears when the tissue is loaded in tension beyond the “toe region” of 

the stress-strain curve.  The straightening of the crimped collagen fibers is widely 

believed to be responsible for the upwardly concave stress-strain behavior of ligaments.  

The cause of the crimping is believed to be due to the shrinking of the surrounding 

matrix, transferring load to the fibers via collagen interfibrillar interactions (Dale and 

Baer, 1974; Viidik, 1990). 

The stability of the collagen molecule is due to its molecular coil configuration 

and its ability to form intramolecular and intermolecular crosslinks.  The crosslinks are 

partly responsible for the high stiffness and tensile strength of collagen and its resistance 

to chemical and enzymatic attack (Tanzer, 1973).  Degradation of collagen occurs after 

the activation of specific collagenases.  When activated, collagenases cleave the collagen 

triple helix, leaving it susceptible to other proteases.  The half-life of collagen has been 
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estimated to be between 300 and 500 days (Neuberger and Slack, 1953), although the 

collagen turnover rate can change drastically after injury or other stimuli. 

 
Ground Substance Matrix 

The connective tissue surrounding the collagen fibers is referred to as ground 

substance matrix.  The ground substance matrix is composed of proteoglycans, 

glycolipids, fibroblasts, and large amounts of water (Daniel et al., 1990).  The main solid 

constituent of the ground substance matrix is proteoglycan.  Although these molecules 

form less than 1% of the total dry weight of ligaments, they have a key role in ligament 

function (Ogston, 1970).  Ligament proteoglycans have a protein core and 

glycosaminoglycan side chains.  Some proteoglycans are aggregated with hyaluronic acid 

to form hydrophilic molecules.  These molecules associate with water to form the gel-like 

extracellular matrix. 

 Water comprises 60-70% of the total weight of normal ligaments (Hannafin and 

Arnoczky, 1994).  The interaction of water with the ground substance matrix and 

collagen is responsible for some of the time- and history-dependent viscoelastic behavior 

in ligaments.  Exudation of water from ligamentous tissue has been shown to occur under 

cyclic loading (Hannafin and Arnoczky, 1994).  In other collagenous soft tissues such as 

skin, the tissue retains most of its water even under high pressure gradients (Hvidberg, 

1960).  Because of the large fraction of water in ligaments and tendons, many studies 

have made use of the incompressibility assumption in the development of constitutive 

equations.  Recent work suggests that some volume change occurs during ligament 

deformation (Thielke et al., 1995; Weiss et al., 2000).  However, the actual change in 

volume that occurs during in vivo loading of ligaments is still controversial.  Further, the 
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mechanical and physiological significance of any such change in hydration or volume 

remains unknown. 

 
Elastin 

The protein elastin constitutes less than 1% of the dry weight of most skeletal 

ligaments (Woo et al., 1994).  Elastin takes on a complex coiled arrangement when 

unstressed.  When elastin is stressed, the coiled arrangement stretches into a more 

ordered configuration (Rosenbloom, 1982).  The behavior of elastin is responsible for a 

small part of a ligament's tensile resistance and its elastic recoverability (Minns et al., 

1973).  Ligaments with high elastin content have been shown to be less stiff and to 

undergo larger strains before failure when compared to ligaments with lower elastin 

content (Kirby et al., 1989). 

 
Insertion Sites 

The large forces supported by the skeletal system must be transmitted between 

stiff bones through the relatively flexible ligaments.  The insertion sites of ligaments are 

designed to reduce the stress concentrations that naturally occur as forces are transferred 

across the ligament-bone interface.  The microstructural composition of this junction is 

complex and can vary greatly from ligament to ligament as well as between the two ends 

of the same ligament.  Ligament insertion sites have been broadly grouped into two 

categories, direct and indirect. 

Direct insertion sites are generally well-defined areas with a sharp boundary 

between the bone and the attaching ligament occurring over a distance of less than 1 mm 

(Woo and Buckwalter, 1988).  The collagen fibrils quickly pass out of normal ground 



 12

substance matrix and continue through zones of fibrocartilage, mineralized fibrocartilage, 

and finally into bone (Cooper and Misol, 1970) (Figure 2.1).  Most of the fibrils at direct 

insertion sites are deep fibrils that meet the bone at approximately right angles.  Indirect 

insertion sites attach to the bone over a broader area than direct insertion sites and have a 

more gradual transition between hard and soft tissue.  Superficial fibers dominate at 

indirect sites and attachment to bone occurs mainly through fibers blending with the 

periosteum.  The deep fibers of indirect insertions attach directly to bone at acute angles 

without the fibrocartilagenous transitional zone observed in direct insertions (Benjamin et 

al., 1986).  Indirect insertions may be found at the tibial attachment of the MCL. 

 

 

 

 

 

 

 

 

 

 

 

 
 

Figure 2.1.  Direct insertion site at the femoral insertion of a rabbit MCL.  There are  
four distinct zones:  ligament (A), uncalcified fibrocartilage (B), calcified  

fibrocartilage (C), and bone (D). 

A 

B 
C 

D 
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Ligament injuries often occur at the insertion sites.  This is especially true when 

rapid remodeling of the insertion sites takes place during skeletal maturation or after joint 

immobilization (Noyes et al., 1974; Tipton et al., 1978; Vailas et al., 1981; Woo et al., 

1987).  Insertion sites have been shown to heal more slowly than ligament midsubstance 

tissue in response to injury or immobilization (Weiss et al., 1991; Woo et al., 1987).  This 

may be due to the sparse blood supply in the ligament substance near the insertion site.  

The different tissue microstructure found at insertion sites introduces inhomogeneous 

deformations throughout ligaments.  Tissue strains near the insertion sites have been 

shown to differ from strains measured in the midsubstance of ligaments (Noyes et al., 

1984; Woo et al., 1983). 

 
Ligament Contribution to Joint Function 

Joint kinematics are determined by a combination of articulating bony geometry, 

ligament forces, and muscle and tendon forces.  Ligaments contribute to maintaining 

proper joint kinematics by guiding normal motions and providing a passive mechanical 

restraint preventing abnormal motions.  The anatomical geometry of ligaments and the 

location of their insertion sites have roles in dictating joint motion and stability. 

Although the primary function of ligaments is to resist uniaxial loads, they also 

experience shear and transverse loading in vivo.  Complex loading patterns are especially 

common at the ligament insertions to bone (Matyas et al., 1995).  Additionally, ligaments 

wrap around bone surfaces in certain configurations and are subject to compressive 

contact stresses (Giori et al., 1993; Matyas et al., 1995).  Giori et al. (1993) showed that 

the fibrocartilagenous areas at locations of tendon wrapping around bone corresponded to 

areas with high levels of hydrostatic compressive stress.  Matyas et al. (1995) also 
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predicted soft tissue compressive stresses near the insertion sites in a two-dimensional 

finite element model of the rabbit MCL.  These areas were correlated with regions of the 

ligament containing rounded, fibrocartilagenous cells rather than the elongated cells of 

ligament midsubstance. 

 
In Situ Strain 

When joints such as the knee are in neutral positions, the ligaments are still under 

some tension.  This is usually referred to as in situ or initial stress, which is responsible 

for much of the joint stability in the absence of muscle and tendon forces.  In situ strain 

has been measured experimentally in ligaments of the knee joint and has been shown to 

be nonuniform throughout individual ligaments and to vary depending on joint position 

(Woo et al., 1990b).  Woo et al. (1990b) measured the in situ strain in anterior, middle, 

and posterior regions of the MCL in rabbits at three different flexion angles.  For 

skeletally mature rabbits, it was shown that at 90° of flexion the in situ strain was nearly 

uniform across the MCL width at 3.5%.  Reduction in flexion angle caused an increase in 

loading of the posterior fibers and a decrease in anterior fiber loading.  At increased 

flexion angles, the anterior portion of the MCL experienced increased in situ strain while 

the posterior region strain was reduced.  Inclusion of in situ stress in computational 

models of joints is necessary to prevent an underestimation of the actual stress state in 

ligaments. 

 
Material Properties of Ligaments 

The stress-strain curve resulting from a tensile test of ligamentous tissue reflects 

the  material  behavior   of   the   constituent   materials   (Figure  2.2).    The  stress-strain  
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Figure 2.2.  Stress-strain curve for a human MCL specimen tested 

under uniaxial tension. 
 

relationship of ligaments tested along the collagen fiber direction is nonlinear.  With 

initial lengthening of ligament tissue, the curve is upwardly concave as the collagen 

crimp pattern is straightened (Viidik and Ekholm, 1968).  This portion of the stress-strain 

curve is known as the toe region and is often described as having the shape of an 

exponential or polynomial relationship.  The toe region typically extends to a strain of 2-

5%, although there can be considerable interspecimen variability.  At the end of the toe 

region, there is a gradual transition into the “linear” region of the stress-strain curve as 

the collagen is straightened.  This portion of the curve is dominated by the material 

behavior of the straightened collagen.  The uniaxial stress-strain curve remains essentially 

linear until failure (Woo et al., 1994; Woo and Buckwalter, 1988).  Continued straining 

beyond this point results in catastrophic failure of collagen fibers. 
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Ligaments have viscoelastic properties that arise from the interaction of water 

with the ground substance matrix and from the inherent viscoelasticity of the solid phase.  

There have been numerous experimental investigations of the viscoelastic nature of 

ligaments (Chimich et al., 1992; Cohen et al., 1976; Kwan et al., 1993; Lam et al., 1990; 

Woo et al., 1981; Woo et al., 1990a; Yahia et al., 1991).  The loading and unloading 

curves of ligaments under tension do not follow the same path.  A hysteresis loop is 

typically observed during tensile testing due to internal energy losses.  Creep and stress 

relaxation are both observed in ligaments (Kwan et al., 1993).   The variation of ligament 

stress-strain behavior with strain rate is another indicator of the viscoelastic nature of the 

tissue.  Woo et al. (1990a) compared the material properties of rabbit MCLs tested at five 

different strain rates.  Results showed that changes in strain rate of over four orders of 

magnitude had relatively small effects on ligament material properties.  Tensile strength 

and ultimate strain increased slightly with increasing strain rate while tangent modulus 

remained essentially unchanged. 

 
Ligament Injury 

Ligament failures can occur through the tissue substance, by bony avulsion, or at 

insertion sites.  Failure mechanism has been shown to be a function of age and activity 

level (Woo et al., 1987; Woo et al., 1986).  Substance failures are the most common 

failure mechanism in adults and are characterized by catastrophic rupture of collagen 

fibers.  The ruptured fibers are often described as having a “mop-end” appearance.  

Avulsion and insertion site failures are less common.  Bony avulsion failures occur in the 

cancellous bone located deep to the insertion sites.  Bone fragments can be found on 
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ligament ends that fail by bony avulsion.  Insertion site failures can be distinguished from 

bony avulsions by the lack of bone present on the failed ligament end. 

 
The Medial Collateral Ligament (MCL) 

 
Anatomy and Function of the Human MCL 

The MCL is generally considered to have three functional units.  The most 

prominent of these structures is the superficial MCL.  The superficial MCL consists of 

long, vertically oriented fibers that cross the joint on the medial side between a direct 

insertion site on the femur and an indirect insertion on the tibia.  The second functional 

unit is the deep portion of the MCL.  This layer appears as a thickening of the joint 

capsule and is composed of shorter fibers directly adjacent to the medial meniscus as well 

as the meniscofemoral and meniscotibial ligaments (De Maeseneer et al., 2000).  The 

third portion consists of the posterior oblique fibers that blend into the posterior capsule 

of the joint.  This portion of the MCL is often considered to be part of the superficial 

MCL.  The posterior oblique portion of the MCL has fibers that attach to the 

posteromedial meniscus (Warren and Marshall, 1979). 

The specific function of the MCL as well as other individual knee ligaments has 

been determined experimentally through the successive sectioning of ligaments in 

cadaveric knees and measuring the resultant changes in joint laxity.  It should be noted 

that in sequential cutting studies, the knee response to loading is highly nonlinear and 

laxity increases are strongly dependent on the cutting order.  Despite this limitation, 

altering the order of ligament sectioning can be used to assess the primary and secondary 

roles of ligaments.  For most ligament cutting studies, the MCL has been divided into the 

superficial MCL and the deep MCL.  The superficial MCL has been shown to be the 
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primary structure resisting valgus rotations of the knee (Grood et al., 1981; Markolf et al., 

1976; Seering et al., 1980; Warren et al., 1974).  Both the superficial and deep MCL also 

act as primary restraints to internal tibial rotation (Markolf et al., 1976; Seering et al., 

1980; Shoemaker and Markolf, 1986; Warren et al., 1974) and secondary restraints to 

anterior tibial displacement (Markolf et al., 1976; Shoemaker and Markolf, 1985). 

 
MCL Injury and Clinical Treatment 

Approximately 40% of all severe knee injuries involve the MCL (Miyasaka et al., 

1991).  MCL injuries often occur during participation in sports such as football and 

soccer due to a direct blow to the lateral side of the knee (Reider, 1996) or external 

rotation of the knee during a variety of activities including alpine skiing (Hull, 1997).  In 

a clinical setting, MCL injury may be diagnosed by a combination of joint laxity testing 

during valgus stress loading, medical imaging techniques, or local MCL tenderness (Lee 

et al., 1996).  Injuries are generally categorized into three grades (Fetto and Marshall, 

1978; Hughston et al., 1976).  Grade I injuries are ligament sprains that induce localized 

tenderness without noticeable instability.  Grade II injuries likely involve a minor tear of 

the MCL and are characterized by local tenderness and moderate joint laxity with a firm 

end point during valgus loading.  Grade III injuries feature a complete tear with 

significant instability and an indistinct end point during valgus stress testing.  The MCL 

is most commonly injured near the femoral origin or in the midsubstance (Kawada et al., 

1999; Lee et al., 1996; Shelbourne and Patel, 1995) and injuries in this region generally 

do not heal as well as injuries located distal to the joint line (Robins et al., 1993).  

Historically, isolated MCL tears have been treated with surgery, casting 

(immobilization), or immediate rehabilitation.  Clinical studies have shown functional 
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rehabilitation to be at least as effective as the other treatment options for returning the 

knee to its full range of motion and stability level in a timely manner (Ellsasser et al., 

1974; Indelicato, 1983; Lundberg and Messner, 1996; Reider et al., 1994).  However, the 

long-term results of conservatively treated Grade III injuries still present a higher 

incidence of medial instability, anterior cruciate ligament (ACL) dysfunction, and 

osteoarthritis than uninjured knees (Kannus, 1988; Kannus and Jarvinen, 1988).  Due to 

the relatively successful results of conservative care, nonsurgical rehabilitation has 

become the standard treatment for isolated MCL injuries. 

 Although isolated MCL injuries exhibit good healing results, approximately 50% 

of grade II and 80% of grade III MCL ruptures are accompanied by injury to other knee 

ligaments (Fetto and Marshall, 1978).  Concomitant injury involving the ACL is common 

(Hull, 1997) and results in significantly larger valgus and AP joint laxity than in isolated 

MCL tears (Haimes et al., 1994; Nielsen et al., 1984; Sullivan, 1984).  Combined 

MCL/ACL injuries are often accompanied by tears to the lateral and/or medial meniscus 

(Shelbourne and Nitz, 1991; Shelbourne and Patel, 1995).  Numerous clinical studies 

have assessed the recovery of patients suffering from combined MCL/ACL injuries after 

different treatment programs: reconstruction of both the ACL and MCL (Andersson and 

Gillquist, 1992; Fetto and Marshall, 1978), reconstruction of only the ACL (Shelbourne 

and Porter, 1992), reconstruction of only the MCL (Andersson and Gillquist, 1992; 

Frolke et al., 1998; Hughston, 1994), and nonsurgical rehabilitation (Jokl et al., 1984).  

Clinical results suggest that reconstruction of the ACL and conservative treatment of the 

MCL is the most promising treatment for combined MCL/ACL tears (Ballmer et al., 

1991; Hillard-Sembell et al., 1996; Shelbourne and Porter, 1992).  This treatment is 
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assumed to restore enough joint stability that the MCL is able to heal without operative 

intervention.  Reconstruction of both the MCL and the ACL does not seem to improve 

recovery as compared with reconstruction of the ACL only (Noyes and Barber-Westin, 

1995).  In fact, a reduction in range of motion has been reported with combined 

ACL/MCL reconstruction (Cross et al., 1993; Robins et al., 1993).  Although it allows for 

a rapid return of strength and range of motion, nonsurgical treatment of both structures 

seems to result in inferior long-term results (Shelbourne and Patel, 1995). 

 
Experimental Studies of MCL Mechanics 

Changes in MCL strain with joint motion were first observed more than 70 years 

ago by Palmer (1938) when he stated that the anterior border of the ligament is subjected 

to increasing tension as the joint is flexed.  Brantigan and Voshell (1941) reported that 

the anterior fibers remain “taut but not tight,” and that some portions of the superficial 

MCL remain tight through flexion to 90°.  Edwards et al. (1970) reported that MCL strain 

was highest at full extension and decreased nearly linearly to about 140° of flexion.  

Similarly, Wang et al. (1973) reported that fiber length decreased with increasing flexion.  

Warren et al. (1974) found that the anterior border of the superficial MCL is subject to 

increasing tension as the knee flexes from the fully extended position, but that the fibers 

only 5 millimeters posterior to the anterior edge of the ligament slacken as the knee 

flexes.  The length of the anterior fibers increased from full extension to 45° flexion and 

decreased thereafter.  The application of a valgus torque caused an increase in length to 

all MCL fibers.  The methods in the preceding studies ranged from qualitative 

observations to quantitative measurements of changes in distance between discrete points 

at the femoral and tibial insertion sites.  Although these methods did not allow strain 
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inhomogeneities throughout the MCL to be assessed, results indicated that MCL strain 

varied greatly with flexion angle and with the application of external loads. 

Arms et al. (1983) used more detailed methods to measure strain at eight specific 

sites on the MCL using Hall effect strain gauges.  During passive flexion/extension, 

strain in the anterior fibers increased slightly with increasing flexion to about 105°, 

whereas strain in the posterior fibers decreased.  At a particular flexion angle, strain in 

the anterior fibers was substantially greater superior than inferior to the joint line whereas 

the reverse was true for the posterior fibers.  Results of this study indicated that strain 

distribution throughout the MCL is highly nonuniform, with different parts of the 

structure becoming taut at different flexion angles and joint loading conditions.  

Unfortunately, in situ strain was not quantified in this study so all strain measurements 

were made relative to a loaded reference state. 

 Hull et al. (1996) measured regional strain in the superficial MCL using four 

liquid-mercury strain gauges while the knee was loaded under anterior-posterior force, 

medial-lateral force, varus-valgus torque, and internal-external tibial torque.  The MCL 

reference length was defined as the inflection point on the load versus strain curve 

allowing in situ strain to be quantified.  The posterior-superior measurement site 

experienced significantly greater strain at 0° flexion whereas strain was significantly 

greater at the superior anterior site at 30° flexion.  Of the single loading conditions 

applied to the joint, external tibial axial torque caused more strain than valgus torque at 

the same load levels.  External tibial torque has been proposed as a mechanism of MCL 

injury during alpine skiing (Pope, 1982). 
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Computational Models of Joint and Ligament Mechanics 

Constitutive Models for Ligaments 

Material models can provide insight into the contribution of different tissue 

components to overall tissue material behavior for both normal tissues and for tissues 

affected by injury, healing, immobilization, exercise, and other conditions that alter the 

homeostatic state of the tissue.  In addition, material models provide a framework for 

representing the properties of tissue in an analytical or finite element context.  The 

construction of accurate constitutive models is a difficult task because ligaments are 

nonlinear, anisotropic, inhomogeneous, viscoelastic, and are subjected to large 

deformations. 

Ligament material models can be broadly categorized as either microstructural or 

phenomenological depending on their basis of formulation.  Microstructural models are 

based on explicit representations of the different components of the tissue microstructure.  

The responses of the individual constituents of a tissue are combined to determine an 

overall description of its material behavior.  These models are useful in explaining the 

relationship between tissue microstructure and mechanical properties.  Phenomenological 

models describe the material behavior but do not necessarily have an explicit relationship 

to the components or structure of the tissue.  The material coefficients obtained from 

phenomenological models generally do not have a direct physical interpretation. 

 
Elastic Models 
 

The material behavior of ligaments is relatively insensitive to strain rate over 

several decades of variation.  In addition, these tissues reach a “preconditioned” state 

after repeated loadings and there is a minimal amount of hysteresis.  This has prompted 
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many investigators to neglect the time- and rate-dependent components of tissue behavior 

and concentrate on modeling the nonlinear elastic response.  Two general approaches 

have been used in forming microstructural models to describe the uniaxial behavior of 

ligaments.  One approach used numerous elastic elements that were sequentially recruited 

causing nonlinear, elastic behavior.  The second approach has been to describe toe region 

behavior by directly modeling collagen fiber geometry. 

Viidik (1968) provided an explanation for the upwardly concave stress-strain 

behavior of ligaments that was subsequently presented in more detail by Frisen et al. 

(1969).  The elastic response of ligaments was represented by numerous individual 

linearly elastic components, each of which represented a collagen fibril of different initial 

length in its unloaded, crimped form.  As the ligament was loaded, additional fibrils were 

recruited, yielding the nonlinear stiffening behavior characteristic of the toe region.  At 

higher loads, all fibrils were recruited and the stress-strain curve was linear.  More 

complex microstructural models have been developed utilizing a similar approach.  

Kastelic et al. (1980) proposed a structural representation referred to as the sequential 

straightening and loading model.  It was assumed that crimped fibrils had negligible 

resistance to extension and tensile forces arose only from the elasticity of previously 

straightened fibrils.  Crimp angles varied throughout the tissue, causing a gradual fibril 

recruitment.  This was in contrast to previous structural models in which initial crimp 

angle was assumed constant (Comninou and Yannas, 1976; Diamant et al., 1972; Lanir, 

1979).  Belkoff and Haut (1991) formulated a structural model for skin undergoing 

uniaxial tension based on earlier models (Decraemer et al., 1980; Lanir, 1979; Lanir, 

1983) that was later adapted to model human patellar tendon (Belkoff and Haut, 1992).  
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The model assumed that collagen fibrils had a normally distributed slack length that 

caused a gradual disappearance of the crimp pattern as the individual fibers became 

straight and began to bear load.  Liao and Belkoff (1999) recently extended earlier 

models of sequential recruitment to include failure.  Once recruited, individual fibers 

were linear elastic until exceeding a limit strain at which point brittle failure occurred. 

 The uniaxial behavior of ligaments has also been described by directly modeling 

collagen fibril geometry.  Diamant et al. (1972) proposed a microstructural model for 

ligaments and tendons that represented the crimp structure with straight elastic segments 

joined by hinges.  A similar structural model was developed for human patellar tendon by 

Stouffer et al. (1985).  The collagen crimp pattern was represented by a chain composed 

of short elements joined by pins and torsion springs.  Light microscopy was used to 

measure crimp pattern under load to quantify model parameters.  Comninou and Yannas 

(1976) developed constitutive equations for uniaxial extension by utilizing a sinusoidal 

waveform to model the crimp structure.  A constant crimp configuration was assumed 

restricting this model to small strains.  Lanir (1978; 1979) proposed a structural model for 

biological soft tissues by assuming that the collagen fibril crimp was induced and 

sustained by elastic fibers attached to each collagen fiber at numerous points along its 

length.  Initial stretching was resisted primarily by the elastic fibers and with increasing 

stretch, the stiffer collagen fibrils began to straighten and carry more of the load. 

All of the reviewed one-dimensional models can successfully describe the 

uniaxial behavior of ligaments.  However, because they are limited to one dimension 

there are no independent tests that can be performed to test their predictive value.  These 

models are not able to describe or predict the three-dimensional, anisotropic behavior of 
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ligaments, the contribution of the ground substance matrix to ligament material behavior, 

and shear or transverse loading.  In response to these limitations, three-dimensional 

continuum models have been developed to more accurately represent the material 

behavior of ligaments. 

Ault and Hoffmann (1992a; 1992b) developed a three-dimensional constitutive 

law for soft connective tissues that used a previously developed linearly elastic, 

composite materials approach (Hashin and Rosen, 1964; Hill, 1964).  The collagen fibrils 

and ground substance matrix were modeled over a representative material volume.  A 

cylindrical fibril was assumed to be surrounded by a concentric cylinder of matrix 

material.  Although the fibril and matrix were both assumed to be isotropic and linearly 

elastic solids, the fiber-reinforced geometry of the representative volume induced 

transversely isotropic symmetry. 

Lanir (1983) used a strain energy approach to form a continuum model for fibrous 

connective tissue.  The energy from deformation was assumed to arise from tensile 

stretch in the collagen fibers and the only contribution from the matrix was a hydrostatic 

pressure.  It was assumed that the collagen fibers buckle under a compressive load and 

the unfolding of the fibers during deformation squeezed the matrix, resulting in an 

internal hydrostatic pressure.  The stress due to deformation was described by: 

 
 T = λ Wλ a ⊗ a + p1,        (2.1) 
 
 
where λ is the collagen fiber stretch, Wλ is the strain energy contribution from the 

collagen fibers, a is a unit vector describing the local fiber direction, and p is the 

hydrostatic pressure arising from the matrix.  For a uniaxial tensile test along the fiber 
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direction, the model reduces to one dimension with the entire stress carried by the 

collagen fibers and p = 0. 

Hurschler et al. (1997) recently proposed a three-dimensional model for tendon 

and ligament that included both microstructural and tissue level aspects in its 

formulation.  Similar to the approach of Lanir (1983), fibrils were assumed to contribute 

to strain energy only when in tension and the sole matrix contribution was a hydrostatic 

pressure.  Individual fibrils were assumed to deform in a linear manner and overall fiber 

deformation was assumed incompressible.  Stretch-based failure criteria were established 

at both the fiber and fibril level to model damage and failure.  A simplified version of the 

model was used to describe uniaxial tensile data.  The model required a large number of 

material parameters, many of which could not be determined experimentally. 

Our laboratory developed a structurally motivated continuum model to represent 

ligaments and tendons as incompressible, transversely isotropic, hyperelastic materials 

(Weiss, 1994; Weiss et al., 1996).  A strain energy formulation was used that allowed for 

finite element implementation of the model with determination of coefficients from 

material testing.  It was assumed that transversely isotropic symmetry occurs in ligaments 

as a result of a single family of collagen fibers.  A unit vector field a0 in the undeformed 

configuration was used to describe the local fiber direction and the strain energy was 

required to depend on this vector.  The strain energy was an isotropic function of C and 

a0.  When the material undergoes deformation, a0(X) will deform with the body.  In 

general the fibers will also undergo length change.  The fiber stretch, λ, is then 

 
 λa = F•• a0,         (2.2) 
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where F is the deformation gradient.  This material symmetry is termed transverse 

isotropy. 

Elastic response of the tissue was assumed to arise from resistance of the collagen 

fiber family, ground substance matrix, and their interaction.  Further, it was assumed that 

the matrix was isotropic.  Finally, the composite structure was assumed incompressible 

because of the large amount of trapped water.  The strain energy was written as: 

 
 W = F1(I1,I2) + F2(λ) + F3(I1,I2, λ)      (2.3) 
 
 
The function F1 represented the material response of the isotropic ground substance 

matrix, F2 represented the contribution from the collagen fiber family, and F3 was the 

contribution from interactions between the fibers and matrix, such as a shear coupling.  I1 

and I2 were the standard invariants of the right Cauchy-Green deformation tensor and are 

the complete set of invariants associated with incompressible isotropic material behavior: 

 
 I1 = trC, I2 = ½{(trC)2 – trC2}.      (2.4) 
 

 
The second Piola-Kirchhoff stress for an incompressible material with strain 

energy given by Equation 2.2 is 
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Equation 2.5 is similar to many constitutive equations that have been successfully used in 

the past to describe biological soft tissues such as cardiac muscle (Chuong and Fung, 

1986; Horowitz et al., 1988; Humphrey et al., 1990; Humphrey and Yin, 1987). 
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Although recent work in our laboratory has begun to assess the importance of 

fiber-matrix interactions (Gardiner and Weiss, 2001; Weiss et al., 2001), most uses of this 

constitutive model have neglected the interaction term F3 due to the limited available 

experimental data.  This simplification has allowed general characteristics of the strain 

energy function to be illustrated.  The matrix was described by the isotropic Mooney-

Rivlin model (Mooney, 1940): 

 
 F1 = C1/2(I1-3) + C2/2(I2-3).       (2.6) 
 
 

Observations about the mechanical behavior of collagen fibers were incorporated 

into the form of F2.  First, collagen does not support a significant compressive load.  

Second, the tensile stress-stretch relation for ligaments can be approximated by an 

exponential function in the toe region and subsequently by a line.  These observations led 

to the following choice for the strain energy derivatives of the collagen fibers: 

 
 Wλ = 0,   λ ≤ 1, 
 
 Wλ = C3(exp(C4(λ - 1)) - 1), 1 < λ < λ*,     (2.7) 
 
 Wλ = C5λ + C6,  λ ≥ λ*. 
 
 
Here, λ* was the stretch at which the collagen fibers were straightened, C3 scaled the 

exponential stresses, C4 was the rate of collagen fiber uncrimping, and C5 was the 

modulus of the straightened collagen. 

Experimental work has evaluated the descriptive (Quapp and Weiss, 1998; Weiss, 

1994) and predictive (Weiss, 1994) capabilities of this transversely isotropic, hyperelastic 

material model.  Human fascia lata was subjected to uniaxial tensile tests both parallel 
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and transverse to the collagen fiber direction allowing determination of material 

parameters and evaluation of the model's ability to describe three-dimensional behavior 

(Weiss, 1994).  The model was then used to predict the results of an experimental strip 

biaxial test.  In a separate study (Quapp and Weiss, 1998), the model was successfully 

used to describe uniaxial tensile data from the human MCL tested both parallel and 

transverse to the collagen fiber direction. 

 
Viscoelastic Models 
 

Although ligaments are relatively insensitive to strain rate (Fung, 1993), tissue 

viscoelasticity plays a role in the response of joints to high-rate loading and impact 

scenarios (Danto and Woo, 1993).  Viscoelastic effects are also important when 

considering cyclic loading (Yahia and Drouin, 1990), creep (Cohen et al., 1976), and 

stress relaxation (Kwan et al., 1993).  Tissue pathologies can cause alterations in 

viscoelastic behavior that may be quantified through viscoelastic constitutive models. 

Microstructural viscoelastic models have been formulated with a similar basis as 

the previously discussed microstructural elastic models.  Viidik (1968) and Frisen et al. 

(1969) proposed microstructural models for parallel fibered viscoelastic tissues consisting 

of spring and dashpot combinations.  These general discrete element models of 

viscoelastic behavior were also modified to include nonlinearity of the elastic response.  

As with elastic models, one-dimensional viscoelastic representations for ligaments can 

describe one-dimensional behavior, but are incapable of representing complex three-

dimensional behavior.  Continuum viscoelasticity theory can be applied to circumvent 

this shortcoming of one-dimensional approaches.  Additionally, continuum hyperelastic 

models can be readily extended to continuum viscoelasticity. 
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Viscoelastic constitutive models have a long history in the description of time- 

and history-dependent materials such as polymers.  Most viscoelastic models that have 

been applied to ligaments are simplifications of general viscoelastic constitutive models 

previously developed in other fields.  Detailed descriptions of general viscoelasticity 

theory can be found in Coleman and Noll (1961) and Truesdell and Noll (1992). 

Fung (1967; 1968; 1993) introduced a viscoelasticity theory referred to as Quasi-

Linear Viscoelasticity (QLV) that has become the most widely used theory for soft tissue 

biomechanics.  The basis of this theory is that 1) the stress at any time can be described 

by a convolution integral representation, separating the elastic response and the relaxation 

function, and 2) that the relaxation function has a specific continuous spectrum. 

The formulation of QLV theory is similar to finite linear viscoelasticity.  It is 

assumed that the stress relaxation function can be expressed as a convolution of a 

relaxation function with an elastic response: 

 
 S(t) = G(t) ∗ Se(E) ,        (2.8) 
 
 
where Se(E) is the elastic response and G(t) is a reduced relaxation function.  In general, 

G(t) is a fourth order tensor providing direction dependent relaxation phenomena. 

Using the superposition principle and representing the strain history as a series of 

infinitesimal step strains, the overall stress relaxation function can be expressed as the 

sum of all individual relaxations.  For a general strain history, the stress at time t, S(t), is 

given by the strain history and the convolution integral over time of G(t): 
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For biological soft tissues, Fung proposed a continuous relaxation representation 

for G(t).  It was assumed that the relaxation function was the same in all directions, which 

reduced G(t) to a scalar, G(t): 
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where E1(t) was an exponential integral function. 

This relaxation function provides a smooth, linear decrease from short to long 

relaxation times.  The stiffness increases with increasing frequency, while the damping is 

relatively constant over a wide range of frequencies.  This yields a hysteresis loop that is 

relatively insensitive to strain rate over several decades of change, a feature often 

observed for soft tissues.  The viscoelastic material coefficients, τ1, τ2, and c, can be 

determined from analysis of a stress relaxation experiment.  τ1 and τ2 are time constants 

bounding lower and upper limits of the constant damping range of the relaxation function 

and c is a dimensionless constant scaling the degree to which viscous effects are present. 

One advantage of QLV theory is that it decouples the elastic contribution to the 

stress from the time- and rate-dependent contributions.  This makes it convenient to use 

any hyperelastic model for the elastic contribution since the viscoelastic portion will be 

unaffected.  However, the finite element implementation of QLV and other 

viscoelasticity theories is made difficult by the large amounts of required computer 

storage.  To compute stresses at each timestep, it is necessary to store a second order 

tensor at each integration point, for each element, at each previous timestep.  This is due 

to the continuous relaxation spectrum used in the convolution representation for the QLV 

theory.  For even the smallest problems, these storage requirements are prohibitive. 
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Puso and Weiss (1998) developed a finite element implementation of QLV using 

a discrete spectrum approximation that reduced the large amounts of storage required for 

a continuous relaxation function.  A series of exponentials with equal spectral strengths 

and relaxation times spread one decade apart provided the linear transition region 

between short and long times characteristic of QLV theory. 

Johnson et al. (1996) proposed a viscoelastic soft tissue model called the single 

integral finite strain (SIFS) theory based on earlier work by Pipkin and Rogers (1968).  A 

single integral representation was used to relate stress and strain for an isotropic, 

incompressible material.  Experimental data from uniaxial tests of patellar tendon and 

MCL were used to validate a one-dimensional form of SIFS theory.  Material coefficients 

were extracted from stress relaxation and stress-strain data.  The model was then used to 

successfully predict material behavior for stress relaxation and cyclic loading. 

Pioletti et al. (1998) recently developed a three-dimensional, viscoelastic model 

for ligament and tendon behavior.  A strain energy formulation was proposed containing 

three terms representing the contribution from the elastic, short-term, and long-term 

memory effects.  The short-term memory effects described the behavior for which stress 

depended on strain rate and the long-term memory effects described stress relaxation on a 

longer time scale.  The model was limited by considering specimens to be isotropic, 

homogeneous, and incompressible. 

 
Poroelastic Models 
 

Poroelastic models provide a quantitative description of the relative contributions 

of soft tissue solid and fluid phases to the behavior of the composite structure.  In 

addition, knowledge of fluid flow in ligaments may help to elucidate the possibility that 
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fluid transport contributes to the nutrition of the tissue (Manske and Lesker, 1985), as is 

known to be the case in articular cartilage (O'Hara et al., 1990).    Poroelastic models 

were originally developed to describe soil mechanics (Terzaghi, 1943; Truesdell and 

Toupin, 1960) and have been utilized extensively in the biomechanics field for the study 

of cartilage (Mow et al., 1980) and intervertebral disks (Simon et al., 1985).  Although 

experimental investigations have indicated that the material behavior of ligaments and 

tendons is a function of tissue hydration (Chimich et al., 1992; Haut and Powlison, 1990), 

few models have incorporated fluid effects into their formulation (Atkinson et al., 1997).  

The limited usage of poroelastic representations of ligaments is due in part to the limited 

experimental data describing quantities such as tissue permeability. 

 
Homogenization Models 
 

Homogenization modeling techniques offer advantages over standard continuum 

level or microstructural approaches for the analysis of composite materials such as 

biological tissue.  Homogenization theory was developed specifically for the analysis of 

microstructured materials and has been extensively used in the study of composites 

(Guedes, 1990; Suquet, 1985).  Using homogenization theory, microstructural and 

continuum analyses are performed independently, saving tremendous computational 

expense, and then results are combined to predict stress and strain on a microstructural 

level throughout a large region of material.  In the biomechanics field, linear forms of 

homogenization theory have been used to study trabecular bone mechanics by Hollister et 

al. (1994; 1991).  The analysis of ligaments with homogenization theory requires a 

formulation capable of describing finite deformations.  Livesay et al. (1997; 1998) 

extended homogenization theory to encompass large deformations.  This extension of 
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homogenization theory allows it to be applied to biological soft tissues such as ligaments 

to provide insight into the role of individual tissue constituents and their interactions. 

 
Finite Element Modeling of Ligaments and Joints 

Computational models of diarthroidal joints can provide a powerful tool for the 

study of ligament function, prosthesis design, and the effects of ligament reconstruction.  

Models can predict quantities that are difficult or impossible to measure experimentally.  

Construction of accurate and useful joint models is a challenging task requiring precise 

description of systems containing numerous geometric and material nonlinearities.  A 

general approach that has been widely used in formulating joint models has been to 

predict static equilibrium positions for given external loads and kinematic constraints. 

Nearly all computational models of joints have used a one-dimensional 

representation of the ligaments.  This simplification has been used because the primary 

function of ligaments is to resist tensile forces.  The one-dimensional discrete element 

representation of ligaments has usually been simple linear or nonlinear springs allowing 

the entire representation of ligaments to be reduced to a simple load-elongation 

relationship.  This greatly reduces model complexity while still enabling investigators to 

predict quantities such as joint kinematics.  However, this simplification does not allow 

prediction of ligamentous stresses and load cannot be transferred between soft tissue and 

bone at points other than the discrete element insertion sites. 

 Joint models can be broadly categorized as using either analytical or finite 

element solution methods.  Static analytical models generate a system of equations by 

balancing forces or minimizing system energy from which equilibrium joint positions are 

predicted.  The finite element method uses similar overall methods, but the discretization 
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of geometry into a finite element mesh allows complex systems to be more easily studied.  

A large number of both analytical and finite element models of joints featuring discrete 

element representations of ligaments have been published in recent years.  A summary of 

general modeling approaches and characteristics is provided in the following paragraphs. 

A discrete element representation of ligaments requires investigators to specify a 

force-elongation relationship for each element.  Linear (Andriacchi et al., 1983; Gibson et 

al., 1986) and quadratic (Abdel-Rahman and Hefzy, 1993; Beynnon et al., 1996; 

Blankevoort et al., 1991; Crowninshield et al., 1976; Essinger et al., 1989; Li et al., 1999; 

Mommersteeg et al., 1996; Wismans et al., 1980; Wongchaisuwat et al., 1984) force-

elongation functions have often been used to describe ligaments in joint models.  A 

common approach has been to specify a reference length below which the element force 

was zero.  At low strains, a nonlinear (quadratic) function was used to describe toe-region 

behavior and at higher strains a linear function was used (Blankevoort et al., 1991). 

Ligaments have been represented by individual discrete elements or in some cases 

by two or more elements representing different fiber bundles (Blankevoort et al., 1991; Li 

et al., 1999; Mommersteeg et al., 1996).  It is thought that multiple line elements will be 

more capable of representing the regional inhomogeneities that exist in ligaments.  

Mommersteeg et al. (1996) studied the effects of using different numbers of line elements 

to represent the ligaments of the human knee.  It was shown that models utilizing three or 

less line elements per ligament were very sensitive to geometrical parameters whereas 

models with seven or more line elements were mathematically redundant.  The ideal 

compromise will likely be specific to the model and loading conditions. 
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The in situ strain observed in ligaments has been included in some discrete 

element joint models.  Unfortunately, there are little data quantifying these strain levels 

so many models have neglected in situ strain or assumed a uniform value for all 

ligaments.  Blankevoort et al. (1991b) developed a method for applying a different initial 

strain to each ligament in a three-dimensional knee model.  An optimization technique 

was used to alter the initial strain of each ligament until the model reproduced kinematics 

that had been previously measured experimentally.  Although this technique allows a 

model to be formulated that describes joint kinematics, the reference strains that it 

predicts are often physiologically unrealistic.  Initial ligament strains ranged from -25% 

for the anterior bundle of the LCL to 10% for the posterior bundle of the ACL.  Also, this 

approach for the determination of in situ strain does not guarantee a unique solution. 

Ligaments in vivo often wrap around each other (ACL-PCL) or around bones 

(MCL-tibia).  This causes soft tissue load to be transferred at locations other than the 

insertion sites and alters the direction of load transfer at the insertion sites.  Most one-

dimensional ligament representations allow only forces that act in a straight line between 

insertion sites (Blankevoort et al., 1991), although significant exceptions have been 

developed (Blankevoort and Huiskes, 1991; Garg and Walker, 1990; Hefzy and Grood, 

1983).  Blankevoort and Huiskes (1991) incorporated the algorithm proposed by Hefzy 

and Grood (1983) that allowed line elements to follow the curved edge of a contacting 

bone.  This algorithm was used to model the contact between the MCL and the tibia.  

When compared to a model without bony interactions, the bony edge redirected the 

ligament force to more effectively counterbalance valgus moments on the tibia. 
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Discrete element joint models have also been expanded to include articular 

contact.  Contact allows loads to be transferred directly between two bones, rather than 

just through connecting ligaments.  It also permits contact area and stress to be predicted 

(Andriacchi et al., 1983; Blankevoort et al., 1991; Essinger et al., 1989).  Andriacchi et 

al. (1983) included deformable contact between the rigid femur and tibia in by 

introducing hydrostatic elements representing the contact surface.  Essinger et al. (1989) 

implemented deformable contact with elastic compression springs defined at discrete 

points on the joint surface.  Blankevoort et al. (1991b) compared rigid and deformable 

contact in a finite element knee model.  For the deformable case, a thin layer of isotropic, 

linear elastic material was attached to the rigid bone surface representing a cartilage 

layer.  For both the rigid and deformable cases, frictionless contact was assumed.  The 

rigid contact model was found to be much more sensitive to changes in surface geometry. 

Discrete element joint models have also been developed to simulate joint response 

to dynamic loads (Abdel-Rahman and Hefzy, 1993; Abdel-Rahman and Hefzy, 1998; 

Moeinzadeh et al., 1983; Wongchaisuwat et al., 1984).  Inertial effects of bones were 

included in these models; however, tissue viscoelasticity was neglected in all cases as the 

ligaments were represented by simple elastic springs and the bones were modeled as rigid 

bodies.  The approach used by Moeinzadeh et al. (1983) in the development of a two-

dimensional knee joint model is representative of the other modeling efforts in this group.  

Elastic ligaments were used to connect the rigid bones allowing predictions of ligament 

and joint contact forces with the application of dynamic loads to the tibia. 

Sensitivity analyses have been performed to assess the dependence of discrete 

element models on various parameters.  Wismans et al. (1980) studied the effects of 
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changing ligament stiffness, initial strain, and insertion site locations on knee laxity.  

Changes in initial ligament strain had larger effects than insertion site locations or 

ligament stiffness.  In contrast, a sensitivity analysis performed by Beynnon et al. (1996) 

on a two-dimensional knee model showed a greater sensitivity to insertion site location 

and articular surface geometry than ligament stiffness and initial strain. 

In addition to the simulation of normal joint kinematics, models have also been 

utilized to study joint pathologies and the effects of surgical procedures (Crowninshield 

et al., 1976; Essinger et al., 1989; Garg and Walker, 1990; Gibson et al., 1986; Li et al., 

1999; Wismans et al., 1980).  Wismans et al. (1980) and Crowninshield et al. (1976) 

simulated ligament sectioning by removing discrete elements from knee models.  Gibson 

et al. (1986) used the model of Andriacchi et al. (1983) to simulate the surgical effects of 

using Muller's anterolateral femorotibial ligament (ALFTL) graft (Muller, 1983) as an 

ACL substitute or to augment an ACL reconstruction.  Additional spring elements were 

added representing the surgically constructed graft.  Essinger et al. (1989) and Garg and 

Walker (1990) developed models to simulate the effects of total knee replacement. 

A recent finite element model of the knee by Bendjaballah et al. (1995; 1997) 

represents one of the most comprehensive efforts at modeling quasi-static knee joint 

mechanics utilizing discrete element ligaments.  Thirty-nine nonlinear springs were used 

to model the four major ligaments of the knee.  Frictionless contact occurred between the 

rigid bones through deformable, isotropic cartilage layers and through anisotropic 

menisci.  Material properties for the soft tissue structures and ligament initial strain were 

taken from previously published experimental and computational studies.  The model was 

used to simulate the response of the knee at full extension to varus-valgus moments.  The 



 39

effects of removing the collateral ligaments on the resulting joint motion, contact stresses, 

and cruciate ligament forces were also investigated.  Results indicated that the highest 

strains in the MCL during valgus loading at full extension occur in the posterior oblique 

portion of the ligament, a region where strains have not been previously quantified 

experimentally.  The removal of the collateral ligaments caused an increase in varus-

valgus laxity, cruciate ligament forces, and compressive stress on the cartilage layers. 

 
Two-Dimensional Representation of Ligaments 
 

Models featuring two-dimensional ligament representations are able to predict 

quantities such as soft tissue stress that are not possible with one-dimensional 

representations.  Two-dimensional representations offer many of the advantages of three-

dimensional representations, yet they are simpler computationally.  A two-dimensional, 

plane stress finite element model of the rabbit MCL in the mid-coronal plane was 

developed by Matyas et al. (1995) using experimentally determined geometry.  Linearly 

elastic, isotropic, homogeneous material properties were used for the MCL.  The MCL 

was rigidly attached to the femur and tibia at the insertion sites and frictionless contact 

was enforced between the MCL and bones at contact areas between the insertion sites.  

The model was used to predict MCL mechanics after displacing the tibia to induce a 2% 

tensile strain.  The highest levels of tensile stress occurred in the tissue midsubstance, 

while high levels of hydrostatic compressive stress were found near the insertion sites.  

The areas of high compressive stress correlated with regions of rounded, 

fibrocartilagenous cells rather than the elongated cells of ligament midsubstance.  Giori et 

al. (1993) created a two-dimensional finite element model to study stresses that develop 
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as tendons wrapped around bones.  The model also predicted compressive stresses near 

the bony contact areas that corresponded with areas of fibrocartilagenous tissue. 

The preceding group of models featuring a two-dimensional representation of 

ligaments illustrates some of the insufficiencies of discrete element models.  Although 

discrete elements are able to support only tensile loads, each of the two-dimensional 

models predicted that regions of tissue were also subjected to compressive and shear 

loading.  The ability to correlate microstructural differences in tissue type with 

differences in the mechanical environment has many implications in terms of the ability 

to understand healthy and pathological soft tissues. 

 
Three-Dimensional Representation of Ligaments 
 

To accurately model ligament stresses and interactions with surrounding soft 

tissues and bone, it is necessary to use a three-dimensional continuum representation.  

Although one-dimensional representations can be used to predict ligament forces, they 

are unable to predict stress distributions.  One-dimensional representations may also be 

used to predict joint kinematics, but load transfer via contact with other tissue structures 

will not be correctly represented.  Additionally, models featuring one-dimensional 

ligaments do not provide unique solutions for ligament load sharing.  Any number of 

one-dimensional elements, with different insertion site locations on the bones or initial 

strain levels, can produce a model with similar joint stiffness characteristics.  Two-

dimensional representations of ligaments are also insufficient for studying the complex 

three-dimensional behavior of ligaments.  Despite the limitations and inaccuracies 

induced by simplifying ligaments to one- and two-dimensions, few investigators have 

utilized three-dimensional representations for ligaments when modeling joint kinematics 
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due to the difficulties associated with model formulation and additional complexity in 

representing the constitutive behavior of ligaments. 

Martelli et al. (1998) created a detailed model of the ACL consisting of a network 

of viscoelastic discrete elements.  Ten “fibers” were used to describe the curved surface 

geometry between the ACL insertions.  Twenty equidistant “knots” were defined on each 

fiber and each knot was connected to the adjacent knots on the same fiber through a 

linear spring in series with a linear dashpot and also through an angular damper.  Knots 

on adjacent fibers were connected by linear dashpots.  The model was used to predict 

fiber strain during passive flexion of the knee.  Although this three-dimensional network 

of discrete elements offers advantages over simpler one-dimensional representations in 

the ability to predict regional variations in tissue strain, the utility of this model is limited.  

The particular number and configuration of discrete elements is not based on any actual 

tissue characteristics.  The model would presumably behave differently if the discrete 

elements were arranged in parallel rather than in series.  Also, the stiffness and viscosity 

values for the individual discrete elements were unknown, forcing the use of somewhat 

arbitrary values.  A final limitation of this model is that tissue stresses again cannot be 

predicted indicating that continuum representations may be more appropriate. 

Pioletti (1997) developed a three-dimensional finite element model of a human 

ACL.  Curves describing the external geometry of the insertion sites were determined 

experimentally and a solid was created to join the two curves.  An isotropic, elastic 

material was used to represent the ACL and an isotropic, linear elastic material was used 

to represent bone at the insertion sites.  In situ stress was included in the model by 

applying a 100 Newton force along the ligament axis at full extension.  Joint kinematics 
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were determined in a separate experimental study performed by Heegaard (1993) wherein 

knees were subjected to flexion between 0° and 150°.  A tibial drawer test was simulated 

by flexing the knee model to 20° and then applying 4 mm of anterior tibial displacement.  

The model predicted inhomogeneous stress fields in the ACL during flexion and anterior 

drawer tests.  Model results predicted that with increasing knee flexion, increases in von 

Mises stress and hydrostatic stress could be found near the anterior femoral insertion of 

the ACL.  Stresses near the tibial insertion were only slightly increased with increasing 

flexion angle.  Tibial drawer tests predicted a large increase in ligament stresses at all 

flexion angles.  The general trends observed in these results agreed with numerous 

previously published experimental studies (Ahmed et al., 1992; Berns et al., 1992; 

Livesay et al., 1995; Markolf et al., 1990; Takai et al., 1993).  Although this model 

predicted experimentally observed trends, there were several limitations to its accuracy.  

The ligament was represented by an isotropic material model that can introduce large 

errors in fiber-reinforced structures such as ligaments.  Additionally, the geometry of the 

ligament was simplified.  Rather than following the curved fibers of the ACL in vivo, the 

unknown ligament geometry was “extruded” in a straight line between the two insertion 

sites.  It was also assumed that the ACL consisted of a single bundle although it has been 

shown that the ACL consists of two main bundles, the anteriormedial bundle (AMB) and 

the posteriorlateral bundle (PLB).  This assumption may have neglected important 

interactions between the AMB and PLB.  Interactions between the ACL and PCL were 

also neglected due to the lack of a PCL in the model. 

Wilson et al. (1996) developed a three-dimensional finite element model of the 

rabbit femur-MCL-tibia complex featuring a transversely isotropic representation of the 
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MCL.  Geometry of the bones and MCL was generated by sectioning the harvested knee 

of a rabbit.  The bones were modeled as linearly elastic materials.  The ligament was 

modeled with an isotropic, poroelastic material model in the finite element code 

ABAQUS (Hibbitt, Karlsson, & Sorenson, Pawtucket, RI).  Anisotropy was introduced to 

the ligament structural response by the addition of discrete spring elements representing 

collagen fibers.  The nonlinear spring elements connected nodal points in the longitudinal 

direction of the ligament.  This provides a relatively simple means of extending 

continuum models to anisotropy, however the fiber-matrix coupling allows load transfer 

to occur only at discrete nodal points (Gardiner and Weiss, 1998).  The MCL material 

representation introduced numerous parameters that were unknown by the authors.  To 

determine some of the unknown material coefficients, a tensile test was simulated using 

the finite element model.  The stiffness of each spring element was adjusted to match the 

finite element force-displacement data with average experimental data.  During this 

optimization process, stiffness of the isotropic continuum elements was fixed at an 

assumed value and the fluid component of the model was neglected.  After material 

properties were determined, the model was again used to simulate a uniaxial tensile test.  

Areas of compressive stress were predicted in the MCL near the femoral insertion and 

just proximal to the tibial insertion as the MCL wraps around the tibia highlighting the 

importance of using a three-dimensional representation for the ligament.  Model 

validation was attempted by making local comparisons of predicted MCL strains with 

average experimentally measured values.  General trends in strain were predicted by the 

model, but strains near the femoral insertion were lower than the range of values 
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measured experimentally.  Also, no initial tension was applied to the ligament in the 

finite element model, which may have greatly affected the predicted strain values. 

A three-dimensional finite element model of the human ACL has recently been 

published by Hirokawa and Tsuruno (2000).  The ACL was represented by a hyperelastic 

continuum model featuring an isotropic ground substance matrix reinforced by nonlinear 

fibers.  ACL geometry and kinematics were determined from a previous experimental 

study (Hirokawa et al., 1992).  The model was loaded by prescribing displacements of the 

insertion sites to simulate passive flexion and anterior tibial displacement.  Results 

indicated an inhomogeneous stress distribution existed in the ACL and this distribution 

changed with flexion angle.  Even in the longitudinal direction, stresses and strains were 

nonuniform indicating the importance of multi-axial deformations such as shear and 

bending.  Numerous characteristics have limited the utility of this model.  Nearly all of 

the material parameters were unknown by the authors so values have been estimated 

based on previous theoretical and experimental papers.  The initial stress distribution in 

the ligament was also unknown and was generated by moving the ACL insertion sites 

from a non-physiological position into their position at full extension.  This generated an 

arbitrary initial stress state upon which all following measurements were based. 
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CHAPTER 3 
 
 

STRAIN IN THE HUMAN MEDIAL COLLATERAL LIGAMENT DURING  

VALGUS LOADING OF THE KNEE 

 
Abstract 

 
 The medial collateral ligament (MCL) is one of the most frequently injured 

ligaments in the knee.  Although the MCL is known to provide a primary restraint to 

valgus and external rotations, details regarding its precise mechanical function are 

unknown.  In this study, strain in the MCL of eight knees from male cadavers was 

measured during valgus loading.  A material testing machine was used to apply 10 cycles 

of varus-valgus rotation to limits of ± 10.0 N-m at flexion angles of 0°, 30°, 60°, and 90°.  

A three-dimensional motion analysis system measured local tissue strain on the MCL 

surface within 12 regions encompassing nearly the entire MCL surface.  Results indicated 

that strain is significantly different in different regions over the surface of the MCL and 

that this distribution of strain changes with flexion angle and with the application of a 

valgus torque.  Strain in the posterior and central portions of the MCL generally 

decreased with increasing flexion angle whereas strain in the anterior fibers remained 

relatively constant with changes in flexion angle.  The highest strains in the MCL were 

found at full extension on the posterior side of the MCL near the femoral insertion.  

These data support clinical findings that suggest the femoral insertion is the most 

common location for MCL injuries. 
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Introduction 

The MCL is one of the most frequently injured ligaments in the knee (Miyasaka et 

al., 1991).  MCL injuries often occur during sports such as football or soccer from a 

direct blow to the lateral side of the knee or because of external rotation of the tibia 

during alpine skiing.  Clinical reports suggest injuries to the MCL are most commonly 

located near the femoral insertion (Kawada et al., 1999; Lee et al., 1996).  After an 

isolated MCL injury, adequate healing often occurs without surgical intervention.  

However, many MCL injuries are accompanied by disruption of the anterior cruciate 

ligament (ACL), resulting in a poor healing outcome for both the MCL and the ACL 

leading to chronic instability of the knee.  A complete understanding of the normal stress 

and strain state in the MCL can aid in the understanding and prevention of ligament 

injuries and in the formulation of treatments. 

  Previous studies of the mechanical function of the MCL can be broadly 

categorized as studies of ligament cutting that measured changes in joint laxity after 

cutting specific regions of the MCL and other structures (Haimes et al., 1994), or studies 

that measured overall load in the ligament (Sakane et al., 1999; Shapiro et al., 1991) or 

local tissue strain (Arms et al., 1983; Fischer et al., 1985; Hull et al., 1996) during 

external loading.  Studies of ligament cutting and measurements of tissue load have 

shown that the MCL provides a primary restraint to valgus rotation and a secondary 

restraint to external rotation as well as anterior and posterior translations.  Measurements 

of local tissue strain provide detailed information regarding the relative importance of 

different regions of the MCL during specific loading conditions.  Measurements have 

indicated that the strain distribution is inhomogeneous over the MCL surface and that this 
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nonuniform distribution changes with flexion angle and with the application of external 

loads. 

 Computational modeling techniques such as the finite element method provide an 

additional means to assess MCL function and situations that may lead to injury 

(Bendjaballah et al., 1997; Gardiner and Weiss, 1998).  Computational models of joints 

have the potential to predict quantities such as tissue stress and joint contact pressure that 

can be difficult or impossible to measure in experimental or clinical settings.  

Computational models also provide a repeatable tool for evaluating multiple clinical 

treatments, an approach that can eliminate the large intersubject variability that often 

limits the sensitivity of experimental and clinical investigations.  Musculoskeletal 

modeling methodologies and computing power have advanced significantly in recent 

years.  Unfortunately, the effective construction and validation of complex models can be 

a difficult and time-consuming process.  Accurate experimental input parameters such as 

in situ strain are essential for creating subject specific models.  The validation of 

computational models also is dependent on experimental data to confirm that model 

predicted quantities such as local tissue strain or joint stiffness are accurate.  Once 

validated, these models can provide a valuable tool for understanding the mechanical 

function of normal and diseased joints and ligaments, and for assessing the effects of 

clinical interventions. 

Despite the importance of the MCL in maintaining joint stability, many 

fundamental questions remain regarding its precise mechanical function.  Measurements 

of MCL strain reported in previous studies have been limited to relatively few locations 

within the tissue despite indications that strain is highly inhomogeneous over the entire 
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MCL surface (Arms et al., 1983; Fischer et al., 1985; Hull et al., 1996).  In particular, 

strain in the region of the MCL often referred to as the posterior oblique ligament has not 

been quantified previously despite indications of its importance from ligament cutting 

studies (Haimes et al., 1994).  Also, strain measurements often have been made relative 

to a loaded reference state (Arms et al., 1983).  This procedure may grossly 

underestimate actual tissue strain levels by assuming a zero strain value exists in tissue 

that actually may be loaded at a level of 3% or more.  Quantifying the initial tension in 

ligaments is an essential step in the construction of accurate computational models.  The 

objective of the current study was to quantify the strain distribution in the entire MCL 

during passive flexion and valgus loading.  It was hypothesized that the strain distribution 

in the MCL is nonuniform and that this distribution changes with flexion angle and with 

the application of a valgus torque.  It was also hypothesized that strain would be highest 

near the femoral insertion in correspondence with clinically observed injury patterns and 

that strain in the anterior portion of the MCL would decrease with increases in knee 

flexion angle. 

 
Materials and Methods 

 
Sample Population and Preparation 

Eight knees from male cadavers were used in this study (age, 50 ± 7 years).  The 

fresh-frozen specimens were thawed at room temperature overnight before dissection and 

were inspected for signs of previous injury or arthritis.  All periarticular soft tissue was 

removed until only the medial collateral, lateral collateral, anterior cruciate, and posterior 

cruciate ligaments and medial and lateral menisci remained intact (Figure 3.1).  The 

femur, tibia, and fibula were potted in  mounting tubes using a low-melt alloy.  During all  
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Figure 3.1.  Photograph of human knee that has been prepared for kinematic testing.  All 
periarticular soft tissue has been removed and black, plastic markers have been  

attached to the MCL surface for video strain measurement. 

 

dissection and testing, the tissue was kept continuously moist with 0.9% buffered saline.  

All testing was completed within 5 hours during which time no noticeable changes in the 

tissue were observed. 

 
Kinematic Testing 

 
The knees were mounted in custom fixtures on a biaxial material testing machine 

(MTS, Eden Prairie, MN) that allowed application of varus-valgus rotation at fixed 

flexion angles (Figure 3.2).  A combination of linear and rotary bearings allowed joint 

distraction, medial-lateral translation, and tibial axial rotation to be unconstrained, 

whereas anterior-posterior translation was fixed in a neutral position based on an anterior-

posterior test performed with the same fixtures before beginning each valgus test 

sequence.  It has been previously shown that anterior-posterior translations do not occur 

during unconstrained varus-valgus loading  (Inoue et al., 1987), suggesting that constraint  
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Figure 3.2.  Schematic of the kinematic fixtures used to apply valgus  
loading using a material testing machine. 
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of anterior-posterior translations should not affect joint kinematics.  Varus-valgus torque 

and rotation were measured to an accuracy of ± 0.20 N-m and ± 0.10°, respectively.  Ten 

cycles of varus-valgus rotation were applied at flexion angles of 0°, 30°, 60°, and 90°.  

The cyclic loading served to precondition the soft tissue structures of the knee. The 

varus-valgus rotation was applied at 1.0°/second to torque limits of ± 10.0 N-m.  The 

rotation speed was chosen to provide quasistatic loading where tissue viscoelastic effects 

and inertial effects of the kinematic fixtures could be minimized.  The torque limit of 10 

N-m is sufficiently large to enter the terminal stiffness region of the varus-valgus torque 

rotation curve but is much smaller than the torque required to induce tissue damage 

allowing multiple tests to be done with the same specimen.  All data analysis was 

performed using the results obtained during the loading phase of the tenth valgus cycle. 

 
Strain Measurement 

 
A noncontact three-dimensional motion analysis system (Peak Performance 

Technologies, Englewood, CO) was used for simultaneous measurement of strain at 

multiple locations on the MCL surface.  A custom calibration frame was constructed, and 

18 retroreflective fiducial markers were attached to the frame.  The coordinates of the 

markers were measured with a coordinate measuring machine (± 0.01 mm accuracy) to 

allow calibration of the test volume (approximately 350 cm3) using the direct linear 

transformation method (Shapiro, 1978).  Before experimental varus-valgus loading, three 

rows of black acrylic markers (1.4 mm diameter) were attached to the MCL surface using 

cyanoacrylate.  The markers followed the local fiber direction between the insertions of 

the MCL.  A 3 x 5 grid of markers formed 12 gauge lengths of approximately 15 to 20 

mm for measurement of strain along the local fiber direction (Figure 3.1).  The marker 



 66

positions on the MCL surface were defined in terms of universal anatomic landmarks.  

The anterior and middle rows were arranged along the well-defined superficial MCL and 

the posterior markers were attached to the area of the MCL often referred as the posterior 

oblique ligament (Hughston and Eilers, 1973).  Direct linear transformation calibration 

error estimates showed that the three-dimensional coordinates of each MCL marker could 

be determined with a maximum error of ± 0.1 mm during all testing. 

 
In Situ Strain 

 
At the conclusion of kinematic testing, the MCL was dissected free from its 

femoral, tibial, and meniscal attachments to measure the zero-load reference lengths 

between the markers (Woo et al., 1990).  The isolated ligament was placed on a saline 

covered glass plate and allowed to assume its stress-free configuration.  The test volume 

for the motion analysis system was recalibrated and used to record the stress-free position 

of the surface markers. 

 
Data Analysis and Statistics 

 
The lengths between marker pairs were determined in the reference state (l0) and 

during each experimental condition (l).  The tensile strain along the fiber direction 

between marker pairs was calculated as ( )0 0l l lε = − , assuming that the deformation 

between marker pairs was homogeneous.  Although the MCL was subjected to a complex 

deformation in this study, transverse or shear strains were not measured.  The effects of 

region, flexion angle, and loading condition (no valgus torque or 10 N-m valgus torque) 

on strain were assessed using statistical methods.  Two separate sets of two-way analysis 

of variance tests with repeated measures were done using a Tukey test for multiple 
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comparisons.  In the first set of tests, the effects of region and flexion angle on MCL 

strain were assessed for both loading conditions.  In the second set of tests, loading 

condition effects were assessed for each flexion angle and region.  The anterior, middle, 

and posterior bands of the central region (labeled A3, B3, and C3, respectively in Figure 

3.1) were used for statistical comparisons.  Significance was set at p ≤ 0.05 for all 

comparisons. 

 To aid the visualization of the results, the mean values of fiber direction strain 

were interpolated onto a finite element mesh constructed from computed tomography 

data of a human male distal femur, proximal tibia, and MCL (Gardiner and Weiss, 1998).  

Areas between discrete measurement locations were assigned fiber strain values based on 

a least squares interpolation method to yield a continuous spatial representation of the 

results. 

 
Results 

The application of a 10 N-m valgus torque induced a valgus rotation that 

increased with increasing flexion angle (3.2° ± 0.8°, 3.9° ± 1.0°, 5.3° ± 1.7°, and 5.8° ± 

2.1° at flexion angles of 0°, 30°, 60°, and 90°, respectively).  The valgus rotation was 

accompanied by internal tibial rotation as has been observed by other investigators 

(Haimes et al., 1994).  The cyclic varus-valgus torque versus rotation curves and strain 

values were repeatable by the tenth cycle as the soft tissue structures of the knee were 

preconditioned (Figure 3.3). 
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Figure 3.3.  Varus-valgus rotation (°) versus torque (N-m) at flexion angles of 0°, 30°, 

60°, and 90°.  These data represent the tenth cycle of one knee specimen. 
 
 

Effect of Knee Flexion 
 

During passive flexion, average fiber strain ranged between 1% and 5% 

depending on the MCL region and flexion angle (Figure 3.4; Table 3.1).  At full 

extension, the largest strain was measured in the posterior fibers and the smallest strain 

was in the anterior fibers.  There was a statistically significant difference between strain 

in the anterior and middle regions and the anterior and posterior regions (p < 0.05 for 

both cases).  Strain values in the posterior fibers decreased from full extension values as 

flexion angle was increased to 30° (not significant), 60° (p < 0.001), and 90° (p < 0.001).  

Similarly, strain in the central portion of the MCL decreased with flexion angle increases 

to 30° (not significant), 60° (p = 0.029), and 90° (p < 0.006).  Strain in the anterior border 
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Figure 3.4.  Regional MCL fiber direction strain at four different knee flexion angles.  
Experimental values have been interpolated onto a finite element mesh to generate 

 a continuous spatial representation of results.  MCL strain is observed to vary  
with position within the ligament and to change with flexion angle. 
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Table 3.1.  MCL strain (%) during passive flexion at each measurement location 
(mean ± standard deviation).  Measurement locations A1-C4 are defined in  

Figure 3.1.  Ligament buckling prevented accurate strain measurement  
in regions indicated by *. 

 
 

Flexion 
Angle 

Measurement 
Location 1 2 3 4 

 A 1.8 ± 1.5 1.5 ± 1.1 2.6 ± 1.5 2.4 ± 2.1 

0°°  B 2.0 ± 1.0 2.0 ± 1.1 3.9 ± 2.0 5.2 ± 3.4 

 C 2.5 ± 1.6 2.7 ± 2.1 4.8 ± 2.7 5.8 ± 3.5 

 A 1.8 ± 2.2 1.1 ± 1.0 1.7 ± 1.3 1.1 ± 1.7 

30°°  B 2.4 ± 2.3 1.7 ± 1.0 3.1 ± 2.0 1.7 ± 2.8 

 C 2.3 ± 1.6 2.3 ± 2.2 3.8 ± 2.1 1.9 ± 3.3 

 A 2.9 ± 1.9 1.4 ± 1.4 1.9 ± 1.2 * 

60°°  B 2.8 ± 1.8 1.3 ± 1.4 2.1 ± 1.2 * 

 C 2.6 ± 1.5 1.7 ± 2.0 1.0 ± 1.5 * 

 A 2.2 ± 3.3 2.0 ± 1.8 2.9 ± 2.4 * 

90°°  B 1.1 ± 2.2 1.2 ± 1.5 1.7 ± 2.2 * 

 C 0.8 ± 0.9 1.2 ± 2.1 0.2 ± 2.5 * 
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of the MCL experienced no significant effects with changes in flexion angle from 0° to 

90°.  Buckling of the posterior proximal region of MCL was observed during testing at 

high flexion angles, resulting in negative measured values of strain (Figure 3.5). 

 
Effect of Valgus Loading 

 
During valgus loading, variations in MCL surface strain between regions were 

observed for all flexion angles (Figure 3.6; Table 3.2).  Valgus loading caused a 

significant increase in strain when compared with the unloaded configuration at all 

flexion angles and regions (p < 0.01 for all cases).  The regional differences and trends 

were similar to those observed for passive flexion.  At full extension, the largest strains 

again were found in the posterior proximal region of the MCL.  Strain values in the 

posterior fibers decreased from their values at full extension as flexion angle was 

increased to 60° (p = 0.007) and 90° (p = 0.004).  Similarly, the central portion of the 

MCL experienced decreasing strain with flexion angle increases to 60° (p = 0.015) and 

90° (p < 0.001).  There were no significant effects of changes in flexion angle between 0° 

and 90° on strain in the anterior border of the MCL. 

 
Discussion 

 
This study determined the strain distribution in the human MCL as a function of 

knee flexion angle and valgus loading using a three-dimensional motion analysis system 

(Peak Performance Technologies, Englewood, CO).  MCL surface strain varied with 

position on the MCL surface and with knee flexion angle, and increased substantially 

during valgus loading of the knee.   Results  indicated that the most highly strained region  
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Figure 3.5.  Photograph of human knee during flexion.  Buckling can be observed  
in the MCL on the posterior side of the femoral insertion. 
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Figure 3.6.  MCL fiber direction strain after application of 10 N-m valgus torque at four 
different knee flexion angles.  Experimental values have been interpolated onto a finite 
element mesh to generate a continuous spatial representation of results.  MCL strain 

is observed to vary with position within the ligament and  
to change with flexion angle. 
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Table 3.2.  MCL strain (%) during 10 N-m valgus loading at each measurement location 
(mean ± standard deviation).  Locations A1-C4 are defined in Figure 3.1.  Ligament 

buckling prevented accurate strain measurement in regions indicated by *. 
 
 

Flexion 
Angle 

Measurement 
Location 1 2 3 4 

 A 2.9 ± 1.9 2.9 ± 1.2 4.1 ± 1.6 4.8 ± 2.1 

0°°  B 4.0 ± 1.3 3.3 ± 1.0 5.8 ± 2.5 7.9 ± 3.8 

 C 3.6 ± 1.9 3.7 ± 2.1 7.4 ± 2.8 9.4 ± 3.4 

 A 3.1 ± 2.4 2.9 ± 1.2 4.1 ± 1.9 3.8 ± 1.1 

30°°  B 3.9 ± 2.8 3.4 ± 1.5 5.0 ± 2.2 5.2 ± 2.7 

 C 3.8 ± 2.1 3.8 ± 2.2 6.4 ± 3.8 4.7 ± 3.2 

 A 4.0 ± 1.8 2.7 ± 1.6 3.6 ± 1.4 1.9 ± 1.6 

60°°  B 4.3 ± 1.8 2.8 ± 1.5 3.6 ± 1.6 1.1 ± 3.3 

 C 3.4 ± 2.1 2.8 ± 2.0 3.2 ± 2.2 1.0 ± 2.5 

 A 3.1 ± 3.3 3.1 ± 1.8 3.8 ± 2.2 1.7 ± 3.3 

90°°  B 2.3 ± 2.2 1.9 ± 1.5 2.7 ± 2.5 * 

 C 1.4 ± 1.2 2.1 ± 1.9 2.3 ± 3.4 * 
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of the MCL changed with flexion angle suggesting that the localized area of the MCL 

most  vulnerable to injury may change with knee position. 

Hull et al. (1996) measured strain in four regions corresponding to the four most 

anterior and proximal portions of the MCL as identified in the current study.  Similar 

trends were observed for the strain behavior under valgus loading, but the generally lower  

strains reported in their study can be attributed in part to the lower magnitude of joint 

loading, differences in strain measurement method, and location of measurement.  

Differences in the reported strain magnitudes also may be attributable to the 

fundamentally different techniques used for establishing the ligament reference length.  

In the study of Hull et al. (1996), strain was measured using liquid mercury strain gauges 

and the reference length was defined as the inflection point on the load versus strain 

curve.  

 The results from the current study indicated that the largest strain in the MCL 

during valgus loading occurs near the femoral insertion in the fully extended knee, 

suggesting that this region may be most vulnerable to injury under these loading 

conditions.  Although previous experimental studies have not measured strain in this 

region (Arms et al., 1983; Fischer et al., 1985; Hull et al., 1996), computational models in 

the study of Bendjaballah et al. (1997) support this result.  Clinical observations of injury 

patterns and locations also confirm that this region of the MCL is the most common 

location for MCL injuries (Kawada et al., 1999; Lee et al., 1996) and injuries in this area 

generally do not heal as well as injuries located distal to the joint line (Robins et al., 

1993). 
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 Measurement of ligament strain was limited to uniaxial stretch along the local 

collagen fiber direction.  Transverse and shear strains in the MCL are also present during 

the complex deformations experienced by the MCL.  Fiber direction strain has been the 

focus of other studies of ligament strain (Arms et al., 1983; Fischer et al., 1985; Hull et 

al., 1996) attributable to ligament’s primary function of resisting tensile loads.  In 

addition, transverse and shear strains are small in magnitude relative to the fiber direction 

strains and were not possible to quantify accurately using the current techniques.  The 

fiber direction strain values are also essential for the approach the laboratory has used for 

providing an initial tension to computational models of the MCL (Gardiner and Weiss, 

1998; Weiss et al., 1995). 

 When interpreting the results from kinematic measurements taken in the cadaveric 

knee, one must consider that normal kinematics may have been altered because of the 

dissection necessary for strain measurement or because of the lack of stabilizing muscle 

or joint compressive forces.  These changes may increase joint laxity from normal 

physiologic conditions and may contribute to an overestimation of MCL strain.  Also, 

viscoelastic effects that may be important in impact loading situations were neglected in 

the quasistatic loading of the current study.  Under high-rate loading, a stiffer joint 

response may be observed because of viscoelastic effects that would result in less MCL 

strain for a given loading level. 

The calculation of strain in the current study was based on changes in gauge 

length between discrete markers.  Inherent to this technique is the assumption of a 

homogeneous deformation between marker pairs.  Any bending or buckling of the tissue 

between markers will cause the measured value of strain to differ from the actual local 
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tissue state.  To ensure a homogeneous deformation, markers should be placed as close 

together as possible.  Conversely, accuracy limitations of the optical system imply that 

markers should be separated as far as possible for the most accurate measurement of 

length changes between markers.  In the current study, markers were attached to form 

gauge lengths of 15 to 20 mm.  This distance was chosen to provide a compromise 

between the two conflicting accuracy limitations and allowed measurements to be made 

to within an accuracy of 0.5% strain.  Buckling was observed in the MCL in the posterior 

proximal region during knee flexion (Figure 3.5).  Under these conditions, the measured 

strain in the corresponding regions was negative (Tables 3.1, 3.2).  It is unlikely that 

strain in these regions is in as severe a compressive state as predicted by the data.  More 

likely, the strain measurement technique is incapable of distinguishing the differences 

between compressive strain and an inhomogeneous strain field. 

Additional characteristics of the strain measurement method may introduce some 

inaccuracy and variability between specimens.  The use of cyanoacrylate adhesive for 

marker attachment may cause local hardening of the tissue altering natural tissue 

deformation.  However, the area of application for the adhesive was small relative to the 

marker size and ligament cross-section so this effect was likely minimal.  In addition, 

strain measurement on the MCL surface may not accurately predict the state of tissue 

deeper within the ligament substance.  However, previous work has suggested that strain 

is uniform throughout the thickness of relatively thin soft tissue structures such as the 

MCL (To et al., 1988).  Similarly, the continuous strain values shown in Figures 3.4 and 

3.6 were calculated assuming that fiber direction strain is distributed uniformly in the 
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cross-fiber direction between rows of markers.  These interpolated values may be 

inaccurate if inhomogeneities exist in the cross-fiber direction. 

The strain variability between specimens shown in Table 3.2 is a result of many 

factors, but most notably the relative stiffness of the joints in valgus loading will affect 

the strain measured between specimens.  Although each knee was loaded with the same 

10 N-m valgus torque, geometric and material differences between specimens caused a 

wide range in the subsequent amount of valgus rotation.  Interspecimen strain variability 

would likely be less if rotation limits were used rather than torque limits.  For the current 

study, a torque controlled experiment allowed assessment of the variation in strains 

between specimens that was produced by the differences in joint stiffness of the studied 

knee specimens.  This information allowed the current authors to assess the variance in 

the population.  Rotation limits may provide more consistent strain measurements 

between specimens but they would not be at comparable levels of joint loading.  It has 

been suggested that ligaments function to resist repetitive loads rather than repeated 

deformations during cyclic activities such as walking (Holden et al., 1994).  In addition, it 

can be argued that clinically observed injuries generally are caused by exceeding a critical 

torque or force limit rather than a rotation limit, although torque and rotation are certainly 

interrelated and it seems likely the quantity that causes a particular injury will depend on the 

specific injury mechanism. 

This study showed that MCL strain varies dramatically with region and flexion 

angle.  The MCL is most highly strained near the femoral insertion while the knee is at 

full extension, indicating that the femoral insertion is likely to be most vulnerable to 

injury at this flexion angle.  Valgus rotation causes an increase in MCL strain in all 
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regions at all flexion angles.  These results are useful for understanding the relative roles 

of different regions of the MCL in various knee orientations.  The strain distribution data 

obtained in this study are currently being used for the development and validation of 

subject-specific finite element models for each knee of this study (Gardiner and Weiss, 

1998).  The regionally measured in situ stretch is applied to each model (Weiss et al., 

1995) and local strain measurements during valgus loading are used for validation.  

Validated models of the medial compartment will be used to simulate the effects of injury 

and surgical treatments. 
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CHAPTER 4 
 
 

SUBJECT-SPECIFIC FINITE ELMENT MODELS CAN PREDICT 

STRAIN IN THE HUMAN MEDIAL COLLATERAL 

LIGAMENT DURING VALGUS  

KNEE LOADING 

 
Abstract 

 
 Combined experimental and computational techniques were used to study the 

mechanics of the human medial collateral ligament (MCL).  Eight male knees were 

subjected to varus-valgus loading at flexion angles of 0, 30, and 60°.  Joint kinematics 

and MCL strain were measured during all testing.  Subject-specific finite element models 

of the femur-MCL-tibia complex were developed for all specimens to simulate valgus 

loading at each flexion angle.  A transversely isotropic hyperelastic material model was 

used to represent the MCL.  Models featured individual geometry, material properties, 

and joint kinematics.  Experimentally measured strain during passive flexion was used to 

apply an initial tension to the finite element models.  Finite element predicted MCL 

strains during valgus loading were compared to experimental measurements.  The 

subject-specific finite element models were able to successfully predict experimentally 

measured MCL strains.  Despite large intersubject variation in MCL material properties, 

finite element models constructed with average MCL material properties were also able 

to predict experimental values.  However, finite element models with average initial 
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strain values did not provide accurate predictions of experimental values.  An 

inhomogeneous strain field was found to exist within the MCL and this distribution of 

strain changed with flexion angle.  The highest strain values were found 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.  

Numerical techniques such as the current finite element models are essential to accurately 

characterize the complex deformations that occur in soft tissue structures such as 

ligaments and to quantify the resultant inhomogeneous stress and strain fields on tissue 

and microstructural levels. 

 
Introduction 

Despite the many investigations of ligament function, the exact mechanical role of 

specific ligaments in maintaining joint stability, the cause and effect of injuries, and the 

efficacy of various reconstructive procedures remain unclear or unknown.  This is 

partially due to limitations of experimental studies.  The use of computational methods 

for the study of joint mechanics can elucidate ligament function and yield information 

that is difficult or impossible to obtain experimentally (Atkinson et al., 1997; 

Bendjaballah et al., 1997; Gardiner and Weiss, 1998; Heegaard et al., 1995; Hirokawa 

and Tsuruno, 2000).  In particular, the finite element method offers the ability to predict 

spatial and temporal variations in stress, strain, and contact area/forces.  The finite 

element method also provides a standardized framework for parameter studies such as the 

evaluation of multiple clinical treatments.  This approach can reduce cost, time, and 

potentially accommodate the large intersubject variability that often limits the sensitivity 

of experimental and clinical investigations.  Studies of cellular mechanotransduction also 
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demand knowledge of localized stress and strain distributions to describe and predict 

cellular response and extracellular matrix remodeling (Bolcato-Bellemin et al., 2000; Ko 

and McCulloch, 2001; You et al., 2000).  The local stresses around cells are typically 

highly inhomogeneous and thus require the use of a numerical technique to obtain 

solutions (Guilak and Mow, 2000; Smit and Burger, 2000; Wu and Herzog, 2000).  The 

development and validation of tissue-level constitutive and finite element models of 

ligament mechanics will facilitate investigations of cell-level mechanobiology. 

 The vast majority of studies that have examined ligament mechanics using 

computational methods have employed a one-dimensional representation of ligament 

geometry (Bendjaballah et al., 1997; Grood and Hefzy, 1982; Mommersteeg et al., 1996; 

Wismans et al., 1980).  This entails representing the banded or cord geometry of the 

ligament as a single line element with bony attachment points at each end.  The 

methodology can be extended to model discrete ligament bands by using multiple line 

elements (Wismans et al., 1980), while allowing load transfer to bones at single or 

multiple points (Blankevoort and Huiskes, 1991).  A one-dimensional representation 

greatly reduces model complexity by requiring only a few parameters to control the load-

elongation behavior.  Residual or in situ tension can be represented by a single scalar 

value.  One-dimensional model representations have proved useful for predicting 

resultant joint kinematics under the application of external loads (e.g., (Li et al., 1999)).  

This approach also possesses several significant shortcomings:  1) it does not allow for 

prediction of inhomogeneous stresses or the incorporation of inhomogeneous 

distributions of in situ tension, and 2) multiple combinations of values for load-

elongation parameters and initial tensions estimated from experimental kinematic 
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measurements routinely produce nearly identical predictions of joint kinematics.  

Ligaments are subjected to complex deformations in vivo that include tensile loading, 

shear, bending, and compression (Giori et al., 1993; Matyas et al., 1995).  The 

deformations are highly inhomogeneous and specific regions or bands of a ligament have 

changing levels of contribution to joint stability in different knee orientations (Ahmed et 

al., 1987; Arms et al., 1983; Bach et al., 1997; Berns et al., 1992; Gardiner et al., 2001b; 

Hull et al., 1996; Kawada et al., 1999; Woo et al., 1990).  An alternative approach is 

required to capture these features. 

 Three-dimensional modeling of ligament mechanics is complicated by highly 

anisotropic, nonlinear material behavior and large deformations.  To date, three-

dimensional finite element models of ligaments have incorporated greatly simplified 

representations of initial tension and have used average material properties and geometry 

(Hirokawa and Tsuruno, 2000; Wilson et al., 1996), 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 the effect of tissue level deformations on local 

fibroblast mechanotransduction, subject-specific modeling techniques can be used for 

education and patient-specific surgical planning.  However, the sensitivity of finite 

element model predictions to subject-specific in situ strains and material properties is 

unknown, and these quantities cannot be readily measured in a clinical setting. 

The objectives of the current study were to develop and analyze subject-specific 

models of knee ligament mechanics.  The femur-MCL-tibia complex of the human knee 
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was chosen for study because of the high incidence of MCL injuries (Miyasaka et al., 

1991) and the clinical importance of interactions between the MCL and the anterior 

cruciate ligament in restraining valgus rotations and anterior-posterior translations 

(Grood et al., 1981; Seering et al., 1980).  Further, the extra-articular location of the MCL 

simplifies 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 finite element models 

at three different knee flexion angles.  The hypotheses were 1) subject-specific finite 

element models could predict experimentally measured MCL strain values, and 2) 

accurate predictions of strain distributions within the MCL using the finite element 

method could be obtained without the use of subject-specific material properties or 

distributions of in situ strain. 

 
Materials and Methods 

 
Eight male knees (donor age = 50±7 years) were subjected to a detailed 

experimental and computational protocol to study the mechanics of the human MCL 

during valgus knee loading (Figure 4.1).  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.  Finite element models were created for each knee and validated on a subject-

specific basis.  Each model was constructed from experimental measurements of 

geometry, material properties, and kinematics and was validated by comparison of MCL 

strain during valgus loading. 
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Figure 4.1.  Flow chart of combined experimental/computational protocol  
utilized for study of MCL mechanics during valgus loading. 
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Specimen Preparation 

The knees were allowed to thaw at room temperature for 12 hours prior to 

dissection.  All skin, muscle, and other periarticular soft tissue surrounding the knee joint 

were removed, including the patella and patellar tendon (Figure 4.2).  Specimens were 

screened to ensure there were no signs of previous soft tissue injury or arthritis.  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.  These blocks allowed spatial registration of the 

experimental and computational coordinate systems (Fischer et al., 2001), while the ISL 

allowed continuous monitoring of joint kinematics during testing.  The tissue was kept 

continuously moist with 0.9% buffered saline during all dissection and testing. 

 
 

 
 

Figure 4.2.  Photograph of human knee 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 (A1-C4). 
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Volumetric CT Scan Acquisition 

After dissection, a volumetric CT image dataset was obtained with the knee at 0° 

of flexion (SOMATOM Plus4; Siemens, Munich, Germany).  An average of 225 slices 

were collected (16 bit resolution, 512x512 image matrix, FOV=140 mm, slice 

thickness=1.0 mm, on-center distance=1.0 mm). 

 
Kinematic Testing 

Each knee was mounted in a custom kinematic fixture on a servohydraulic testing 

machine (MTS, Eden Prairie, MN).  Ten cycles of varus-valgus (V-V) rotation were 

applied at 1°/second to limits of ±10 N-m torque at fixed flexion angles of 0, 30, and 60°.  

Tibial axial rotation, medial-lateral translation, and joint distraction were unconstrained 

while anterior-posterior tibial displacement was constrained in a neutral position based on 

an anterior-posterior displacement test performed with the same fixtures.  V-V torque and 

rotation were recorded (accuracy of ±0.2 N-m and ±0.1°, respectively) and data from the 

loading phase of the tenth valgus cycle were used for data analysis and modeling.  Rotary 

encoders on the ISL provided continuous recording of the rigid body motion (accuracy 

±0.2° and ±0.2 mm for rotations and translations, respectively (Kirstukas et al., 1992)). 

 Strain was measured on the MCL surface during all kinematic testing using a 

three-dimensional marker tracking system (Peak Performance Technologies, Englewood, 

CO).  Prior to testing, 1.4 mm diameter markers were adhered to the MCL surface using 

cyanoacrylate. The markers formed a 3x5 grid and followed the local fiber direction 

between the MCL insertions, yielding 12 gauge lengths (15-20 mm) for measurement of 

fiber strain (Figure 4.2).  The marker tracking system was calibrated using the direct 
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linear transformation method (Shapiro, 1978) allowing the position of each marker to be 

tracked to within ±0.1 mm during all testing (Gardiner et al., 2001b). 

 
In Situ Strain Measurement 

Following kinematic testing, 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 (l0) (Woo et al., 

1990).  These data were combined with the gauge length measurements during kinematic 

testing (l) to calculate tensile strain between marker pairs as ( )0 0l l lε = − . 

 
MCL Material Testing and Constitutive Modeling 

Uniaxial tensile test specimens were harvested from the MCL parallel and 

transverse to the collagen fiber direction using an established protocol (Quapp and Weiss, 

1998).  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 (Weiss et al., 1996a): 

 

 ( ) ( ) ( )( )2
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Here 1I%  is the first deviatoric invariant, λ

~
is the deviatoric part of the stretch ratio along 

the local fiber direction, and J is the determinant of the deformation gradient, F.  The 
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three terms represent the contribution from the matrix, the collagen fibers, and the tissue 

volumetric response.  The matrix strain energy F1 was chosen so that 111
~ CIF =∂∂ , 

yielding the neo-Hookean constitutive model (Quapp and Weiss, 1998).  The derivatives 

of the fiber strain energy function F2 were defined as a function of the fiber stretch: 
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C3 scales the exponential stress, C4 specifies the rate of collagen uncrimping, C5 is the 

modulus of straightened collagen fibers, and λ* is the stretch at which the collagen is 

straightened.  Material parameters were determined via a nonlinear curve fit (Quapp and 

Weiss, 1998).  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.  Cross-sectional contours of the superficial MCL were manually 

digitized from each CT slice and a polygonal surface of the MCL was generated from the 

contours (Boissonnat, 1988).  Polygonal surfaces of the femur and tibia were extracted 

using marching cubes (Lorensen and Cline, 1987) with decimation (Schroeder et al., 
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1992) (Figure 4.3A).  Surfaces were imported into a finite element preprocessing 

program (TrueGrid, XYZ Scientific, Livermore, CA) and block-structured, hexahedral 

finite element meshes were constructed for each structure (Figure 4.3B).  Models 

consisted of approximately 25,000 elements. 

 
Boundary Conditions 

The experimentally measured kinematics were used to prescribe motions of the 

finite element 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 

measurements with geometric data (Fischer et al., 2001).  The entire finite element model 

was translated and rotated so that the global coordinate system was aligned with the 

coordinate system of the tibial ISL block.  Rigid body motion was described by 

incremental translations and rotations referenced to coordinate systems at the ISL 

mounting blocks (Maker, 1995b; Maker, 1995a).  Incremental rotation parameters were 

extracted from the experimental transformation matrix using the method described by 

Simo and Vu-Quoc (1988), while incremental translations were obtained directly from 

the transformation matrix. 

The MCL finite element mesh was attached to the femur and tibia by specifying 

the final row of elements at the proximal and distal end of the ligament to be 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. 
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Figure 4.3.  Geometric representation of the femur, MCL, and tibia of one of the eight 
knees extracted from volumetric CT data.  A – Polygonal surfaces representing  

the femur and tibia.  B – Hexahedral finite element 
meshes of femur, MCL, and tibia. 

A BA B
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There was no representation in the model of the attachment 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 enforced using the penalty method (Weiss et al., 1996b). 

 The in situ strains that were measured experimentally during passive flexion were 

applied to the finite element models (Gardiner et al., 2001a; Weiss et al., 1995).  Failure 

to include this initial tension can lead to gross underestimation of the actual stress and 

strain in the tissue.  It was assumed that the MCL existed in three distinct configurations:  

the stress-free state (0), the initial stress 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 = FrRFR0.         (4.3) 

 
Here, FR0 represents the deformation gradient due to the initial stress and FrR is the 

deformation gradient that results from other applied loads, as determined from the search 

for equilibrium by the finite element code.  As an initial estimate, FR0 was assumed to be 

a uniaxial stretch, 
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where λ is the local fiber-direction stretch.  The fiber stretch values were experimentally 

measured between discrete points on the MCL and interpolated over the finite element 

mesh to apply a continuous range of stretch over the entire MCL mesh. An iterative 

update algorithm was used to determine the final values for the components of FR0 by 
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ensuring that the experimentally measured initial stretch value λ was satisfied exactly at 

each integration point in the mesh  (Gardiner et al., 2001a). 

 
Finite Element Solution Procedure 

The implicitly integrated finite element code NIKE3D was used for all analyses 

(Maker, 1995b).  Quasi-static loading was applied in two phases.  During the first phase, 

initial stretch was 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, knee 

kinematics corresponding to valgus loading were applied.  An automatic timestepping 

strategy was employed, with iterations based on a quasi-Newton method (Matthies and 

Strang, 1979) and convergence based on the L2 displacement norm (Maker, 1995b).  The 

finite element postprocessing software GRIZ (Lawrence Livermore National 

Laboratories, Livermore, CA) was used to visualize the results.  Finite element 

predictions for fiber strain were obtained from locations corresponding to the 

experimental discrete measurement regions.  The finite element 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 in during in vivo 

studies:  material properties and in situ strain distribution.  All eight knee models were 

reanalyzed using average MCL material properties and then analyzed again using average 

MCL in situ strain distributions. 
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Statistical Analysis 

Regression analyses were used to evaluate the ability of the subject-specific finite 

element models to predict experimentally measured values of MCL strain.  Coefficients 

of determination (R2), regression lines, and p-values were calculated.  Scatter plots of 

subject-specific finite element 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 regression analysis because of ligament buckling during 

experimental measurements.  Regression analyses were also used to compare subject-

specific finite element model predictions of strain with strain predictions from the finite 

element models that used average material properties and in situ strain distributions. 

 
Results 

 
Strain was inhomogeneously distributed over the MCL surface at all flexion 

angles for passive flexion as well as with valgus loading (Gardiner et al., 2001b).   

During passive flexion, fiber strain varied between 1% and 5% depending on the region 

and flexion angle.  At full extension, the largest strain values were measured in the 

posterior fibers while the smallest strains were in the anterior fibers.  With increasing 

flexion angle, strain generally decreased in the posterior and central MCL regions 

whereas strain along the anterior border remained relatively constant.  Valgus loading 

caused an increase in MCL fiber strain compared to the unloaded configuration for all 

regions and flexion angles.  The regional differences and trends were similar to those 

observed for passive flexion. 

 Subject-specific finite element models were good predictors of experimentally 

measured MCL strain during  valgus  loading  (Figure  4.4  and 4.5).  The subject-specific  
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Figure 4.4.  MCL fiber direction strain after application of 10 N-m valgus torque at 
flexion angles of 0°, 30°, and 60° for experimental measurements (left column) 
and subject-specific finite element models (right column) for a representative  

knee.  Discrete experimental values have been interpolated onto the 
finite element mesh to generate the continuous spatial 

representation of results in the left column. 
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Figure 4.5.  Scatter plots of MCL strain for subject-specific finite element models 
 vs. experimental measurements during peak valgus loading for all eight  

specimens at a flexion angle of 0°.  
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finite element predictions of strain were significantly correlated with the experimental 

measurements at all three flexion angles (p<0.001 at all flexion angles; R2 = 0.83, 0.72, 

and 0.66 at 0°, 30°, and 60° respectively).  The R2 values indicate a slightly decreasing 

correlation between the models and experiments with increasing flexion angle.  The slope 

and intercept of the regression lines did not indicate a consistent trend toward under- or 

overpredictions by the finite element models. 

Even during passive flexion, tensile forces exist in the MCL due to the in situ 

stress.  The finite element models predicted significant forces (mean (Newtons) ± 

standard deviation) at the insertion sites of both the tibia (25.8±10.6, 10.8±6.9, and 

22.6±22.1 at passive flexion angles of 0°, 30°, and 60° respectively) and femur (24.4±9.7, 

10.5±6.7, 22.7±21.7 at passive flexion angles of 0°, 30°, and 60° respectively).  After the 

application of a 10 N-m valgus torque, the insertion sites forces increased at both the tibia 

(111.7±49.0, 82.5±51.5, and 96.5±91.0 at flexion angles of 0°, 30°, and 60° respectively) 

and femur (107.4±47.0, 78.5±48.6, and 95.6±83.2 at flexion angles of 0°, 30°, and 60° 

respectively).  Valgus loading was accompanied by large compressive 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 at flexion angles of 0°, 30°, and 60° respectively). 

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 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 



 99

transversely isotropic material model (Quapp and Weiss, 1998) indicate the variability in 

tangent modulus (C5) and fiber uncrimping length (λ*) between specimens (Table 4.1). 

The use of average material properties instead of subject-specific properties had 

very little effect on finite element predictions of strain (Figure 4.6, R2 = 0.99, p<0.001 at 

all flexion angles).  In contrast, use of an average in situ strain distribution resulted in 

relatively poor predictions of subject-specific strain during valgus loading (R2 = 0.44, 

0.35, and 0.33 at flexion angles of 0°, 30°, and 60° respectively). 

 

 

 

 

 

Table 4.1.  Material coefficients for the transversely isotropic, hyperelastic constitutive 
model determined via nonlinear curve-fitting of experimental stress-strain data. 

 
 

Specimen C1 λλ * C3 C4 C5 
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 
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Figure 4.6.  Scatter plots of MCL strain from subject-specific finite element models  
vs. models featuring average material properties (l) and average initial  

tension (s) for all eight specimens at a flexion angle of 0°. 
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Discussion 
 

The primary goal of this study was to assess the ability of three-dimensional finite 

element models of the human femur-MCL-tibia complex to predict experimentally 

measured values of MCL strain during valgus loading.  Finite element models with 

subject-specific geometry, material properties, and boundary conditions (in situ strain and 

kinematics) resulted in very good predictions of experimental MCL strains (Figures 4.4 

and 4.5).  Despite intersubject variation in MCL material properties, finite element 

models constructed with average material properties were also able to predict 

experimental values (Figure 4.6).  However, finite element calculations with average in 

situ strain values did not provide accurate predictions of experimental values (Figure 4.6). 

 Hull et al. (1996) reported similar trends for strain distribution in the anterior 

fibers of the MCL during valgus loading.  Differences in strain magnitude can be 

attributed to differences in the level of joint loading, strain measurement technique, and 

method for establishing the ligament reference length.  In the current study, the highest 

strains occurred with the knee at full extension and were located in the posterior proximal 

region of the MCL near the femoral insertion, 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 finite element knee model using 

a one-dimensional representation for discrete regions of the MCL also predicted the 

highest strains in this region (Bendjaballah et al., 1997).  Clinical injury patterns also 

confirm that the posterior-proximal region of the MCL is the most common injury 

location (Kawada et al., 1999; Lee et al., 1996).  Injuries in this area generally do not heal 

as well as those located distal to the joint line (Robins et al., 1993). 
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 Three-dimensional finite element models of the MCL allow shear, compression, 

and bending to be represented more accurately than is possible with discrete element 

ligament 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 assign some assumed or 

average material 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 (Figure 4.6). 

 Subject-specific finite element models provided a good description of the 

experimentally measured MCL strain fields, but there are potential areas for model 

improvement.  The MCL is subjected to large deformations during joint motions and the 

extreme material distortion is challenging to model using the finite element method.  

During simulated flexion, some 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 (Mei et al., 1999).  With such an approach, the finite element 

mesh could be “reset” periodically throughout an analysis to reduce element distortion 

and allow the accurate simulation of larger deformations. 

Although the transversely isotropic hyperelastic material model (Weiss et al., 

1996a) used in this study accurately describes the longitudinal and transverse tensile 

behavior of the MCL (Quapp and Weiss, 1998), there are a number of improvements that 

could be made to the material representation.  The response of the strain energy function 
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used in this study may be too stiff under shear loading as evidenced by large deformation 

simple shear tests of MCL samples (Gardiner et al., 2000).  This suggests that fiber-fiber 

interactions such as crosslinking may be responsible for the majority of the transverse 

material stiffness and that these crosslinks have a reduced resistance to shear due to their 

initial transverse orientation.  A new constitutive model that describes all three sets of 

material test data (longitudinal tension, transverse tension, finite simple shear) is under 

development.  Additional improvements in modeling accuracy could be achieved by 

including inhomogeneities in MCL material properties that occur throughout the ligament 

midsubstance.  The method of material characterization used in this study prohibits 

quantifying material properties throughout the entire MCL substance because of the 

needed sample sizes, but histological (Mommersteeg et al., 1994) or optical (Hansen et 

al., 2002) measurements could be utilized to estimate material properties on a regional 

basis.  Improved data for material properties and geometry near the ligament insertions to 

bone would greatly enhance the predictive capability of the models in those regions.  This 

could be achieved by transitioning material properties and geometry to more closely 

simulate in vivo structure.  Unfortunately, real variations in material properties near 

ligament insertions to bone occur over such a small distance that they are difficult to 

quantify experimentally.  Finally, incorporation of three-dimensional viscoelastic 

behavior could provide insight into injury mechanisms during traumatic events such as 

automobile accidents and sporting activities. 

 To simplify the construction and analysis of the finite element models, it was 

assumed that the superficial MCL interactions with the deep fibers of the MCL and the 

medial meniscus did not substantially influence the MCL strain distribution.  This 
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simplification was justified by our pilot work that included sectioning the MCL 

attachment to the meniscus and by previous experimental studies that have shown the 

superficial MCL is the primary structure resisting valgus rotations of the knee (Grood et 

al., 1981; Markolf et al., 1976; Seering et al., 1980; Warren et al., 1974).  Future models 

could be improved by allowing load transfer through interactions of the superficial MCL 

with the medial meniscus or deep fibers of the MCL, but currently available imaging 

techniques and experimental methods do not provide the spatial resolution necessary to 

characterize these interactions. 

In summary, experimental and computational methods have been developed and 

validated for study of the three-dimensional deformation of the human MCL during 

passive flexion and valgus loading of the knee.  A subject-specific finite element 

modeling technique was used to predict experimental strain measurements, contact 

forces, and insertion site forces.  Numerical techniques such as the current finite element 

models are essential to accurately characterize the complex deformations that occur in 

soft tissue structures such as ligaments and to quantify the resultant inhomogeneous 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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CHAPTER 5 
 
 

SIMPLE SHEAR TESTING OF PARALLEL-FIBERED 

PLANAR SOFT TISSUES 

 
Abstract 

 
 The simple shear test may provide unique information regarding the material 

response of parallel-fibered soft tissues because it allows the elimination of the dominant 

fiber material response from the overall stresses.  However, inhomogeneities in the strain 

field due to clamping and free edge effects have not been documented.  The finite 

element method was used to study finite simple shear of simulated ligament material 

parallel to the fiber direction.  The effects of aspect ratio, clamping prestrain and bulk 

modulus were assessed using a transversely isotropic, hyperelastic material model.  For 

certain geometries, there was a central area of uniform strain.  An aspect ratio of 1:2 for 

the fiber to cross-fiber directions provided the largest region of uniform strain.  The 

deformation was nearly isochoric for all bulk moduli indicating this test may be useful for 

isolating solid viscoelasticity from interstitial flow effects.  Results suggest this test can 

be used to characterize the matrix properties for the type of materials examined in this 

study, and that planar measurements will suffice to characterize the strain.  The test 

configuration may be useful for the study of matrix, fiber-matrix and fiber-fiber material 

response in other types of parallel-fibered transversely isotropic soft tissues. 

 



 111

Introduction 

Collagenous soft tissues are subjected to complex three-dimensional deformations 

in vivo that may include tension, compression, and shear.  The shear behavior affects 

load transfer between microstructural parts of the tissue.  Accurate measurement of 

material coefficients that govern the shear behavior of soft tissue can improve the 

descriptive and predictive value of constitutive models.  Quantification of the effects of 

disease or treatment on shear properties can provide insight into the relationship between 

different tissue components and continuum level shear behavior. 

 Finite simple shear is a homogenous deformation consisting primarily of 

deviatoric strain.  It is used as a canonical problem to highlight differences between 

infinitesimal and large strain theory and to compare the response of different constitutive 

models.  The deformation is applied in-plane to a relatively thin material sample (Figure 

5.1).  If the material is transversely isotropic and the local fiber direction is aligned with 

the shear direction, there will not be elongation along the fiber direction.  This eliminates 

the normally dominant fiber material behavior from the tissue response to simple shear, 

providing an ideal method to investigate matrix properties, fiber-matrix and fiber-fiber 

interactions.  These data can augment tensile test data and help to identify an appropriate 

form for the matrix stress-strain behavior. Unlike the infinitesimal strain theory, finite 

simple shear cannot be maintained by shear stress alone (Marsden and Hughes, 1993).  

Normal stresses are needed to maintain the normal strains at zero.  In the absence of 

normal stresses, the tissue will experience some contraction through the thickness and 

along the in-plane directions as shear strain is applied.  This will result in an 

inhomogeneous strain field that cannot be predicted without additional analysis. 



 112

 

 

 

 

 

X 

Y 

θθ 

Applied 

displacement 

Test sample  

Fixed 

Clamp 

Moving 

Clamp 

 

 

Figure 5.1.  Schematic of simulated simple shear test configuration.  Sample is gripped 
with two clamps and the right clamp is displaced vertically to induce a shear of  

κ = tan(θ), where θ is the angle between the x-axis and the top edge of the 
 tissue.  The coordinate axes illustrate the directions used to reference 

 strain components, with the z-axis oriented out of the plane. 
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 Infinitesimal cyclic shear loading has allowed the effects of strain rate and 

orientation to be quantified in biological soft tissues (Anderson et al., 1991; Zhu et al., 

1993).  These studies applied infinitesimal strains as either simple or torsional shears.  In 

contrast, Wilson et al. (1997) subjected rabbit medial collateral ligament to 

inhomogeneous, large deformation shear loading during uniaxial tests by making lateral 

incisions that generated longitudinal shear planes.  Results demonstrated that ligaments 

have a finite resistance to shear.  Shear properties have also been investigated via tensile 

(Goertzen et al., 1997) or biaxial (Sacks, 1999) tests with an oblique fiber direction.  

These techniques apply both shear and tension. 

The finite simple shear test could provide unique information regarding the 

material response of planar, transversely isotropic soft tissues such as ligaments.  

However, strain field inhomogeneities in the experimental setting have never been 

quantified. Further, it is unclear if out-of-plane strains will be significant in these tests.  

Nonuniform strain fields could extend into the central portion of the test specimen, 

polluting the measured strains and making the assumption of a homogeneous deformation 

unreliable.  Also, bulk properties could interact with clamping effects and sample 

dimensions.  The objectives of this study were to examine finite simple shear of 

simulated ligament material using the finite element method.  The effects of aspect ratio, 

clamping prestrain and bulk modulus were assessed.  It was hypothesized that complete 

characterization of the deformation within a central region of the tissue could be obtained 

using only planar measurements of strain, providing a protocol for future experimental 

studies of soft tissue shear properties. 
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Materials and Methods 
 
 The finite element method was used to simulate a finite simple shear test of a 

planar sample of transversely isotropic material.  The coordinate system in Figure 5.1 is 

used throughout the following sections.  Initial fiber direction was oriented along the y-

axis.  This orientation eliminates the fiber contribution.  Orientation of the fibers along 

the x-axis would result in the shear response being dominated by the fiber stress.  

Specimen dimensions and material properties were chosen to represent the human medial 

collateral ligament (MCL). 

 
Comparison to Theoretical Solution 

 
The Green-Lagrange shear (EXY, EYZ, EXZ) and normal strains (EXX, EYY, and 

EZZ) predicted by the finite element simulations were compared to expected values for 

homogeneous simple shear.  For simple shear parallel to the y-axis, the deformation 

gradient F can be determined from the shear angle θ between the x-axis and the 

top/bottom edges of the sample (Figure 5.1): 
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Here, κ = tan(θ).  Because det(F ) = 1, the deformation is isochoric (no volume change).  

The Green-Lagrange strain tensor E follows: 
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The only nonzero components of E should be EXY and EXX.  When κ = 1/3, these 

components should be EXY = 0.167 and EXX = 0.055. 

 
Constitutive Model 

 
The test sample was represented by a transversely isotropic hyperelastic material 

that has been used to describe and predict the behavior of ligaments and tendons (Puso 

and Weiss, 1998; Weiss, 1994; Weiss et al., 1996).  The strain energy was 
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�1 is the first deviatoric invariant, λ

~
is the deviatoric part of the stretch ratio along the 

local fiber direction, and J=det(F).  The three terms represent the contribution from the 

matrix, the collagen fibers, and the tissue bulk response.  The only nonzero strain energy 

derivative for the matrix strain energy F1 was chosen so that 111
~ CIF =∂∂ , yielding the 

relatively simple neo-Hookean constitutive model.  In the limit of infinitesimal strains, C1 

has the interpretation of shear modulus.  More complex representations of matrix 

behavior, such as the Mooney-Rivlin model, can be represented by introducing an 

additional strain energy dependency on the second deviatoric invariant, �2 (Weiss et al., 

1996).  The function F2 represents the strain energy from the fibers.  It was assumed there 

was no dispersion in fiber orientation.  Because the last term on the right-hand side of 

Equation 5.3 represents the entire volumetric response of the material, the bulk behavior 

was controlled by the parameter K, referred to herein as the bulk modulus.  The strain 

energy derivatives for the fibers were defined as a function of the fiber stretch: 
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Here, C3 scales the exponential stress, C4 determines the rate of collagen uncrimping, C5 

is the modulus of the straightened collagen fibers, and λ* is the fiber stretch at which the 

collagen is straightened.  The theoretical solution predicts 1~
22 ==λ F , and thus the 

collagen should not contribute to the stress.  With the exception of bulk modulus, 

material properties were taken from a previous experimental study of MCL material 

behavior (C1 = 4.6 MPa, C3 = 2.4 MPa, C4 = 30.5, C5 = 323.7 MPa, λ*=1.055) (Quapp 

and Weiss, 1998).  The effective bulk modulus was introduced as a study parameter. 

 
Finite Element Analysis 

 
A hexahedral finite element mesh was constructed consisting of 7072 elements 

and 9275 nodes, with four elements through the thickness (Figure 5.2).  Boundary 

conditions were applied through the nodes that were in contact with the clamps (Figure 

5.2).  The tissue extended 3 mm into each clamp and was assumed to form a perfect bond 

with the clamp.  Experimental loading was simulated in two phases.  First, displacements 

were prescribed for nodes beneath the clamps to simulate tissue compression due to 

clamping (compression along z-axis in Figure 5.1).  Second, a translation along the y-axis 

was prescribed to nodes contacting the right clamped surfaces to induce a shear 

deformation of θ = tan-1(1/3).  To simulate experimental conditions, the clamped surfaces  
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Figure 5.2.  Finite element mesh used for the 12x12 mm geometry.  Four elements were 

used along the z-axis (out-of-plane) direction.  Shaded regions indicate the 
areas of the tissue held within the clamps. 

 

were left unconstrained along the x-axis during application of clamping strain but were 

constrained during application of shear strain. 

 Nonlinear finite element analyses were performed using NIKE3D (Maker et al., 

1990).  Three-field brick elements were used to avoid element locking for near-

incompressible behavior (Weiss et al., 1996).  Quasi-static analysis was used with the 

clamping strain applied from "quasi-time" t=0.0 to t=1.0, followed by application of 

shear strain from t=1.0 to t=2.0.  An incremental-iterative solution strategy was used with 

a quasi-Newton procedure controlling the iterative process (Matthies and Strang, 1979).  

To determine the optimal configuration for shear testing, a series of parameter studies 

were performed. 
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Effect of Sample Geometry 
 

Three geometries (x-y sample dimensions of 12x12, 6x12, and 12x6 mm) were 

analyzed with a bulk modulus of 1.0e4 MPa and clamping prestrains of 0% and 10%.  

These geometries represented the largest samples of relatively homogeneous tissue that 

could be harvested from human MCL and they allowed the effect of different aspect 

ratios on the strain fields to be assessed. 

 
Effect of Bulk Modulus 

 
The bulk modulus was varied over four orders of magnitude using the 12x12 mm 

geometry and 10% clamping prestrain.  In the analysis of rubber and other high polymers, 

if the effective bulk modulus is two or more orders of magnitude larger than the effective 

shear modulus, the material may be considered incompressible for all practical purposes 

(Ogden, 1984).  Values of bulk modulus were chosen to be on the same order of 

magnitude as C1, and then one, two and three orders of magnitude larger than C1 (K = 

1.0e1, 1.0e2, 1.0e3, and 1.0e4 MPa). 

 
Effect of Clamping Prestrain 

 
The effect of clamping was studied at levels of 0, 5, 10, and 15% compressive 

prestrain for the 12x12 mm geometry with K=1.0e4 MPa.  These levels of clamping 

represented a range between no clamping and the most clamping that could be applied 

without element inversion during solution with the finite element code. 

For each analysis, the predicted Green-Lagrange strains (EXX, EYY, EXY, EXZ, EYZ 

and EZZ) and volume ratio (J = det(F) = V/V0) were examined at the sample center and 

compared to the theoretical solution (Equation 5.2).  The spatial distribution of strains 
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and volume ratio were examined to determine areas of homogeneous strain and isochoric 

deformation. 

 
Results 

 
As clamping strain was applied, the tissue bulged toward the sample center and 

outside of the clamps.  Because the clamps were free in the x-direction during the 

application of clamping prestrain, the bulging caused the clamps to move slightly apart.  

As shear was applied, effects from the free and clamped edges influenced the predicted 

strain and stress fields in the sample.  The main area of positive EYY strains was near the 

clamp edges (Figure 5.3).  Since positive EYY strains were necessary to obtain positive 

fiber stretch λ, these are the areas where transverse isotropy contributed to the response.  

For all cases, the through-thickness shear strains (EYZ and EZX) were essentially zero 

(<0.1%) except within approximately 1 mm of the clamped edges.  Detailed results are 

described for each parameter study, while representative results are presented in graphical 

form (Figure 5.3 and 5.4). 

 
Effect of Sample Geometry 

 
In the absence of clamping prestrain, 12x12 and 6x12 mm geometries predicted 

the theoretical strains at the mesh center with good accuracy (Figure 5.5).  However, EXY 

strain for the 12x6 mm geometry became progressively lower than the predicted value 

with increasing shear strain.  This was also the case for EXX strain but to a lesser extent. 

When 10% clamping prestrain was applied before the shear strain, the x-distance 

between the clamps increased and the strains near the clamp edges were altered.  The 

strains at a distance greater than 1 or 2 mm from the clamps were essentially unaffected 



 120

  

 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 

Figure 5.3.  Contours of Green-Lagrange strain and relative volume (V/V0) for sample 
dimensions of 12x12 mm (top row), 6x12 mm (middle row) and 12x6 mm (bottom 

row). Note that the entire sample undergoes nearly isochoric deformation  
regardless of sample dimensions.  Clamping prestrain = 10%,  

K = 1.0e04 MPa, tan(θ)=1/3. 
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Figure 5.4.  Regions of homogeneous Green-Lagrange strain distribution for sample 
dimensions of 12x12 mm (top row), 6x12 mm (middle row), and 12x6 mm  

(bottom row).  Black areas indicate regions of strains that correspond  
to ±0.005 of the indicated center value.  Clamping prestrain = 10%,  

K = 1.0e04 MPa, tan(θ)=1/3. 

EXX EXY EZZ EYY 

Center value = 0.0515 Center value = 0.0018 Center value = -0.0057 Center value = 0.154 

Center value = 0.0479 Center value = 0.0031 Center value = 0.00035 Center value = 0.160 

Center value = 0.0465 Center value = -0.0031 Center value = -0.0239 Center value = 0.0946 
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Figure 5.5.  Effect of specimen geometry on predicted Green-Lagrange components of 
normal (EXX) and shear (EXY) strain, as a function of shear angle applied to the 

clamps.  Clamping prestrain = 0%, K = 1.0e04 MPa. 
 
 

by clamping, with the exception of a small positive EZZ strain located throughout the 

central region of the sample due to the bulging effect.  A 10% clamping prestrain resulted 

in tensile EZZ strains in the specimen center of 0.01%, 0.05%, and 0.16% for the 12x6, 

12x12, and 6x12 mm geometries, respectively.  Subsequent application of shear strain 

produced the opposite effect on the EZZ strain, with resulting values of –2.40%, -0.56%, 

and 0.01% for the 12x6, 12x12, and 6x12 geometries, respectively (Figure 5.3).  

Following application of both clamping prestrain and shear strain, all geometries 

experienced alteration in the central region strains due to clamping and free edge effects 

(Figure 5.3).  The size of the central region of homogeneous strain was greatly affected 

by sample geometry (Figure 5.4).  For the 12x12 mm geometry, the EXY, EXX, EYY, and 

EZZ strains varied over the sample, but there was a core area of approximately 5x2 mm in 
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which the strains were homogeneous.  The region of homogeneous strains increased to 

approximately 4x5 mm for the 6x12 mm geometry (Figure 5.4).  Within these 

homogeneous regions, the EXX and EXY strains for the 12x12 and 6x12 mm corresponded 

well with the theoretical strains of Figure 5.5.  The 12x6 mm geometry predicted EXY and 

EXX strains below the theoretical level (Figure 5.3); however there was still a small 

central region over which this level was homogeneous.  The homogeneous region for the 

12x6 mm geometry was limited by the EXX and the EZZ strain to an area of only 

approximately 2x2 mm (Figure 5.4).  For all geometries, the out of plane shear strains 

EYZ and EZX were essentially zero over the entire specimen.  Regardless of sample 

geometry, the deformation was isochoric over the vast majority of the sample (Figure 

5.3). 

 
Effect of Bulk Modulus 

 
The main effect of bulk modulus was observed during application of clamping 

prestrain.  As the bulk modulus was increased for the 12x12 mm sample, an increased 

amount of bulging of the tissue towards the sample center occurred resulting in a small 

increase in the amount of EZZ strain at the sample center.  EZZ strains of 0.01%, 0.007%, 

0.05%, and 0.06% were observed following clamping prestrain for bulk moduli of 1.0e1, 

1.0e2, 1.0e3 and 1.0e4 MPa, respectively.  Increasing bulk modulus resulted in an 

increased x-displacement during clamping (0.081, 0.176, 0.246, and 0.259 mm for bulk 

moduli of 1.0e1, 1.0e2, 1.0e3 and 1.0e4 MPa, respectively) which induced little change in 

strains at the specimen center.  With subsequent application of shear strain, the bulk 

modulus had virtually no effect on the predicted EXX and EXY strains at the center, with 

results remaining nearly identical to those depicted in Figure 5.3.  The volume ratio at the 
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center was 1.0220, 1.0041, 1.0004, and 1.0000 for bulk moduli of 1.0e1, 1.0e2, 1.0e3 and 

1.0e4 MPa, respectively, indicating that the deformation was nearly isochoric regardless 

of bulk modulus. 

 
Effect of Clamping Prestrain 

 
There was virtually no change in strain at the specimen center with variations in 

clamping prestrain.  Increases in clamping prestrain caused an increase in EZZ; however, 

these effects were isolated to near the clamps.  The main effect of increased prestrain was 

increased clamp x-displacement and strain alterations that were isolated to the clamped 

region. 

 
Discussion 

 
 This study analyzed finite simple shear testing of planar, transversely isotropic 

biological soft tissues using the finite element method.  Parameter studies assessed the 

sensitivity of the strain field to changes in geometry, bulk modulus, and clamping 

prestrain.  Although the geometry and material properties used in the simulations 

represented the human MCL, the modeling technique may be used to examine the simple 

shear response of other constitutive models with homogeneous fiber orientation. 

 Sample geometry had the largest influence on strain field, and the effect was 

directly related to the relative proximity of the clamps and free edges to the specimen 

center.  The 6x12 and 12x12 mm geometries reproduced the theoretical EXX and EXY 

strains with the most fidelity.  The 6x12 mm geometry had a slightly larger area of 

homogeneous strain than the 12x12 mm geometry.  This was mainly due to the EXX and 

the EZZ strains, which were sensitive to the proximity of the clamps and free edges to the 
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sample center.  The 6x12 mm geometry may provide the best compromise between these 

errors and still provide a sufficiently large homogeneous central region for attachment of 

fiducial markers for strain measurement. 

 Variations in bulk modulus of four orders of magnitude induced virtually no 

change in relative volume near the specimen center.  Regardless of geometry, bulk 

modulus, and clamping prestrain, the deformation was nearly isochoric over a large area.  

This indicated that simple shear provides an ideal method for studying solid matrix 

viscoelasticity.  The isochoric nature of the deformation allows intrinsic matrix 

viscoelasticity to be separated from interstitial fluid flow. 

The shear strains EYZ and EZX were negligible in the same areas over which the 

deformation was isochoric.   However, clamping prestrain and subsequent application of 

shear strain caused a small nonzero EZZ strain for the 12x12 and 12x6 geometries and a 

value near zero for the 6x12 geometry.  These results imply that two-dimensional strain 

measurements may be used to characterize the deformation in a central region of the 

sample during finite simple shear.  With marker-based measurement techniques, it is 

straightforward to determine the in-plane components of the deformation gradient, FxX, 

FxY, FyX and FyY (Sacks and Chuoung, 1998).  If det(F) = 1, 
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Thus, the entire deformation gradient can be determined from two-dimensional 

measurements, assuming that 1) through-thickness shear strains EYZ and EZX are 

negligible, and 2) deformation in the central region is homogeneous over the 
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measurement area.  The first assumption was valid for all cases examined, while the 

validity of the second assumption depended on specimen geometry.  The solution in the 

central region does not have to correspond to the theoretical solution predicted by 

Equation 5.2, as long as Equation 5.5 applies over a large enough region. 

 One of the goals of material testing is to determine coefficients for a specified 

constitutive model.  If a material undergoes homogeneous deformation and the 

constitutive law is known a priori, it is straightforward to estimate material coefficients 

(Ci) based on measurements of stress and strain using a nonlinear least squares method.  

Although a homogeneous deformation may be generated over a central region during 

finite simple shear, edge effects preclude homogeneous deformation over an entire cross-

section (Figure 5.4).  This prevents accurate measurement of local tissue stress levels 

from clamp measurements of force and thereby prevents the simple estimation of material 

coefficients.  Use of the inverse finite element method can circumvent this problem.  By 

estimating an initial set of Ci, the finite element method is used to predict the resultant 

clamp forces and strain field at the sample center for a given level of shear strain.  The Ci 

are then iteratively updated until the finite element predicted clamp forces and strain data 

match experimental measurements. 

 The rectangular specimen dimensions simulated in this study are easily created in 

an experimental setting by using steel punches to cut regular sample geometries from 

larger pieces of tissue (Gardiner et al., 2000; Quapp and Weiss, 1998).  Although the 

specific dimensions represented test samples of human MCL, other planar, parallel-

fibered soft tissues can be prepared with similar aspect ratios.  Tissues such as fascia lata 

and virtually any tendon would seem especially appropriate.  If spatial variations in tissue 
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thickness are large, they could affect the predicted results.  Thickness variations could 

easily be incorporated into specimen-specific finite element models for parameter 

estimation. 

 A secure bond between the tissue and the clamps can be challenging to achieve 

experimentally.  Tissue slippage or failure at the clamps has been reported during tensile 

failure tests performed along the fiber direction.  For the subfailure shear loading of this 

study, the loads in both the x- and y-directions are quite small (always less than 10 N in 

the simulations), suggesting that reactions at the clamps will not be sufficiently large to 

cause slippage or failure.  Gripping techniques such as serrated gripping surfaces, the use 

of sandpaper or cyanoacrylate, or freeze-clamping could be incorporated if slippage 

presented a problem. These techniques can also minimize the amount of clamping 

prestrain that is necessary to adequately secure the tissue.  Although a clamping prestrain 

of 10% had little effect on the resulting strain distribution at the center of the sample, 

larger values of prestrain could have a greater influence. 

 The predicted tissue response is valid only for the specific material model used 

for these simulations.  The model did not include fiber-matrix or fiber-fiber interaction 

terms. The appropriate form and significance of these terms are currently unknown for 

most soft tissues.  The model did not explicitly incorporate dispersion in the fiber angle 

of the material.  The effects of such dispersion are unknown, although they could be 

assessed if an appropriate constitutive model and material coefficients were available to 

describe the dispersion.  The effects of transverse isotropy on the predicted strains were 

isolated to areas near the clamps where the fiber stretch was greater than 1.0.  Other 

models of transverse isotropy may have different effects on the observed strain fields.  
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Specifically, the constitutive model used in this study was isotropic in compression, so a 

model with transverse isotropy in compression could produce different results.  The 

simple shear test provides a means to formulate a more sophisticated matrix model for 

description of the nonlinear material behavior observed for large deformation shear 

(Gardiner et al., 2000; Goertzen et al., 1997; Sacks, 1999).  Although fiber angle 

dispersion was not studied in the present work, the same finite element modeling 

techniques can be used to assess the effects of fiber angle dispersion on predicted 

response. 

In summary, finite deformation simple shear of a parallel-fibered, transversely 

isotropic hyperelastic material was analyzed using the finite element method.  When 

fibers were oriented along the shear direction, this configuration allowed characterization 

of matrix shear properties without the influence of the fibers.  Sample geometry had the 

largest effect on strain field, while clamping prestrain and bulk modulus caused only 

small changes.  An x-y aspect ratio of 1:2 provides the largest area of homogeneous 

strains, followed by an aspect ratio of 1:1.  For these geometries, two-dimensional 

measurements of strain are sufficient to fully characterize the applied deformation in the 

center of the test specimen.  The present approach allows for the direct application of 

shear strain using a uniaxial test machine, without the assumptions of incompressibility 

or in-plane deformations.  This provides the ability to characterize certain transversely 

isotropic compressible materials under shear without biaxial testing equipment. 
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CHAPTER 6 
 
 

ELASTIC AND VISCOELASTIC PROPERTIES OF THE HUMAN MEDIAL  
 

COLLATERAL LIGAMENT UNDER SHEAR LOADING 
 
 

Abstract 

This study examined the elastic and strain rate-dependent response of the human 

medial collateral ligament (MCL) under finite simple shear loading.  An experimental 

test configuration that applied shear loading in the plane of the collagen fibers was used 

to assess the mechanical response.  Human MCL exhibited a nonlinear, upwardly 

concave effective stress-strain curve under shear loading.  The response of the tissue 

during stress relaxation was highly viscoelastic in shear and exhibited minimal strain rate 

dependence.  A parameter estimation technique was developed and used in conjunction 

with the finite element method to determine the material coefficients that best predicted 

the experimental response of each test specimen to shear.  The experimentally measured 

clamp displacements and reaction forces from the simple shear tests were used with a 

nonlinear optimization strategy based around function evaluations from a finite element 

program.  A transversely isotropic material with an exponential matrix strain energy 

provided an excellent fit to the experimental load-displacement curves.  The results of 

this study provide a basis for development of three-dimensional viscoelastic constitutive 

models based on transverse isotropy to describe the mechanical behavior of ligaments. 
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Introduction 

 Experimental characterization of the multiaxial material properties of ligaments is 

necessary for development of three-dimensional constitutive models.  These models can 

provide quantitative description of changes in ligament material properties following 

injury, during healing, or in response to a specific treatment regimen.  Additionally, when 

constitutive models are used in conjunction with numerical techniques such as the finite 

element method, one can predict the mechanics of ligament contribution to normal and 

pathologic joint function, examine injury mechanisms, and study surgical repair and 

reconstruction. 

 The MCL is one of the most frequently injured ligaments in the knee (Fetto and 

Marshall, 1978; Miyasaka et al., 1991).  MCL injuries often occur during sporting 

activities due to a direct blow to the lateral side of the knee or from external rotation of 

the tibia with respect to the femur (Hull, 1997; Reider et al., 1994).  After an isolated 

medial collateral ligament injury, adequate healing often occurs without surgical 

intervention.  However, MCL injuries are often accompanied by disruption of the anterior 

cruciate ligament or other musculoskeletal soft tissues of the knee (Anderson et al., 1992; 

Grood et al., 1981).  The aggravated joint instability from injury to multiple structures 

often results in a poor healing outcome for both the MCL and additionally involved 

structures.  In addition to its importance to valgus and anterior-posterior knee stability 

and its high frequency of injury, the MCL also provides an ideal ligamentous structure 

for materials characterization.  It is a relatively thin, broad ligament, it can be visualized 

without dissection of the joint capsule, and its size allows multiple test specimens to be 

prepared from a single ligament. 
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With few exceptions (Quapp and Weiss, 1998; Weiss et al., 2000; Wilson et al., 

1997), studies of the material properties of ligaments have utilized a uniaxial test 

configuration (e.g., Butler et al., 1986; Noyes et al., 1984; Woo et al., 1994; Yoshitsugu 

et al., 1994).  Data analysis for a tensile test is straightforward when a homogeneous 

deformation is achieved within a central measurement region.  Ligaments are anisotropic; 

thus a single uniaxial test is insufficient to characterize their three-dimensional 

constitutive behavior.  Under in vivo loading conditions, the distribution of stress and 

strain in knee ligaments is highly inhomogeneous (Gardiner et al., 2001; Hollis et al., 

1991; Hull et al., 1996; Livesay et al., 1995; Livesay et al., 1997; Markolf et al., 1993; 

Pfaeffle et al., 2000; Wang et al., 1973; Warren et al., 1974).  Taken together, these 

observations demonstrate that accurate predictions of the mechanics of knee ligaments 

with the finite element method necessitate the development of three-dimensional 

constitutive equations.  The latter requires appropriate experimental data on the 

multiaxial quasi-static and viscoelastic material properties of the tissue. 

Because ligaments are primarily composed of type I collagen oriented along a 

single direction locally, transverse isotropy is a common choice for the material 

symmetry when developing three-dimensional constitutive models (Hannafin and 

Arnoczky, 1994; Hirokawa and Tsuruno, 2000; Hurschler et al., 1997; Kohles et al., 

1997; Lanir, 1980; Puso and Weiss, 1998; Simbeya et al., 1992; Weiss et al., 1996).  In 

the context of the engineering literature on composites, transverse isotropy has the 

physical interpretation of a matrix reinforced with a single fiber family.  With this 

interpretation, the resistance of a transversely isotropic material to shear along the fiber 

direction arises from matrix properties, fiber-matrix interactions and fiber-fiber 
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interactions.  The shear resistance of ligament affects load transfer between different 

parts of the tissue, and thus represents an important part of the material response to 

loading.  For a transversely isotropic material, the idealized case of finite simple shear 

applied along the fiber direction does not strain the fiber family (Gardiner and Weiss, 

2001).  In the case of ligament, this allows the normally dominant tensile material 

behavior of collagen to be eliminated from the tissue response.  Characterization of the 

material elastic response to shear can potentially provide information regarding the status 

of microstructural features of the tissue such as collagen crosslinking.  Since the finite 

simple shear test configuration test causes minimal volumetric change in the tissue 

(Gardiner and Weiss, 2001), viscoelastic characterization of shear behavior allows the 

separation of volumetric viscoelasticity micromechanisms from deviatoric (shearing) 

micromechanisms that are by definition independent of volume change.  The difficulty 

with the finite shear test configuration is that it produces an inhomogeneous deformation 

field when applied in practice. 

This study examined the elastic and strain rate-dependent response of the human 

MCL to finite simple shear under stress relaxation test conditions.  Based on the results 

for experimental shear testing, an exponential strain energy representation was adopted 

for the ligament matrix strain energy to accurately describe experimental data on simple 

finite shear testing.  To circumvent the difficulty of inhomogeneous deformation during 

shear loading, a parameter estimation technique was developed and used in conjunction 

with the finite element method to determine the material coefficients that best predicted 

the experimental response of each test specimen.  The experimentally measured clamp 

displacement and reaction force from the simple shear tests were used with a nonlinear 
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optimization strategy based around function evaluations from a finite element program.  

It was hypothesized that the MCL response to simple shear would stiffen with increasing 

shear strain.  Because the simple shear deformation causes minimal change in volume 

and fluid flow is likely to be responsible for at least part of the rate-dependent behavior of 

ligaments, it was further hypothesized that the response of the human MCL to shear 

would exhibit minimal rate-dependence. 

 
Materials and Methods 

Experimental Design 

Five human cadaveric MCL specimens were tested in shear (55±16 years, 4 

males, 1 female).  Rectangular samples were harvested from the anterior region of the 

human MCL, just distal to the medial meniscus, using a 10x25 mm hardened steel punch.  

Specimen dimensions and loading conditions were chosen based on a previous finite 

element parameter study that assessed the sensitivity of the strain field to changes in 

specimen aspect ratio (Gardiner and Weiss, 2001).  Specimens were mounted in a set of 

custom clamps on a material testing machine (MTS, Eden Prairie, MN) and subjected to a 

finite strain simple shear deformation (Figure 6.1). The initial width, height and thickness 

of each specimen were measured three times with digital calipers, and averages were 

used in all calculations that required these dimensions. 

 
Material Testing 

Testing was performed at room temperature and specimens were kept 

continuously moist with 0.9% normal saline during the entire test sequence.  Specimens 

were allowed to equilibrate in a stress-free configuration for 30 minutes before the testing  
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Figure 6.1.  Typical MCL test sample used for simple shear testing. 
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sequence. A sawtooth displacement profile was then applied at a shear strain rate of 

1.3%/sec, with a shear strain amplitude of tan (θ) = 0.4 for 10 cycles (Figure 6.2).  Clamp 

reaction force (measured with 10 N load cell, Transducer Techniques, Temecula, CA) 

and crosshead displacement were recorded during testing.  Global applied shear strain 

was computed using the specimen initial dimensions and crosshead displacement 

measurements.  The clamp reaction force and global applied shear strain from the loading 

portion of the 10th cycle were used for the parameter estimation studies described below.  

Following cyclic testing and a subsequent 30-minute recovery period, consecutive stress 

relaxation tests were performed at three different strain rates (1.3, 13, and 130 %/sec) 

with a strain amplitude of tan(θ) = 0.4.  For each strain rate, the specimen was allowed to 

stress-relax for 30 minutes, followed by a 30-minute recover time.  The relaxation time 

was based on preliminary testing that showed no measurable change in force after 30 

minutes.  An effective shear stress was defined as the clamp reaction force divided by 

sample cross-sectional area.  The peak and equilibrium effective shear stresses for the 

static stress relaxation tests were calculated from the data for each of the three strain 

rates. The effect of strain rate on effective shear stress and the ratio of peak/equilibrium 

shear stress were assessed using a one-way ANOVA with repeated measures. 

 
Constitutive Model 

For material parameter estimation, the ligament was represented as a fiber-

reinforced composite with transversely isotropic material symmetry using a hyperelastic 

strain energy that uncoupled deviatoric and dilational behavior (Weiss et al., 1996): 

 

1 1 2 2( , ) ( ) ( )W F I I F U Jλ= + +%% %      (6.1) 
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X-Y Positioning Table

X

Y

θθ

Applied
displacement

Test sample

Fixed
Clamp

Moving
Clamp

 
A. 
 

Applied
Displacement

Initial Width3 mm 3 mm

Initial
HeightClamp Clamp

 
 

B. 
 

Figure 6.2.  Simple shear test configuration.  A - Schematic of experimental 
configuration.  B - Finite element mesh and boundary conditions used  

in the parameter optimization studies. 
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The functions F1 and F2 represent the matrix and fiber family strain energies, 

respectively, and together they compose the entire deviatoric response of the material. 
1I%  

and 
2I%  are the deviatoric invariants of the right deformation tensor, and λ%  is the deviatoric 

local fiber stretch. U(J), the function governing the dilational response of the material, 

was defined as 

 

( ) ( )2ln
2

J
K

JU = ,       (6.2) 

 
where J is the volume ratio and K represents the effective bulk modulus of the material.  

An uncoupled deviatoric/dilational constitutive formulation has numerical advantages for 

simulating nearly incompressible material behavior with the finite element method 

(Weiss et al., 1996), and the formulation is identical to the fully coupled strain energy in 

the limit of incompressibility or for an isochoric deformation (J=1 for both cases). 

 The experimental data demonstrated stiffening behavior for the clamp force 

versus clamp displacement (Figure 6.3).  Since there should be minimal stretch along the 

fiber direction for simple shear, this stiffening behavior must be due to contributions from 

the matrix response, the fiber-matrix response, or fiber-fiber interactions.  It was assumed 

that this stiffening behavior was due to contributions from the matrix strain energy, F1.  

After testing several forms for F1, a form introduced by Veronda and Westmann (1970) 

was adopted: 

 

( )( ) ( )1 2
1 1 2 1 2exp 3 1 3

2
C C

F C C I I = − − − − 
% % .   (6.3) 
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Figure 6.3.  Load-displacement behavior of the specimen under simple  
shear testing (mean ± standard error). 
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This strain energy is convex and exhibits physically reasonable behavior under 

tension, compression and shear.  F2 was defined as per our previous studies (Gardiner et 

al., 2001; Quapp and Weiss, 1998): 

 

  0
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∂λ F
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The fiber stress is exponentially stiffening up to a level of fiber stretch λ*, after which the 

fiber stress-strain behavior is linear.  The values for the fiber family material coefficients, 

C3-C5, were taken from our previous work (C3=2.45, C4=30.6, C5=323.7 (Quapp and 

Weiss, 1998)).  C6 followed from the condition that stress must be continuous at λ=λ*. 

 The bulk modulus for each sample was chosen so that the ratio of initial bulk 

modulus to initial shear modulus was 1000:1.  Using the forms for F1 and F2 specified 

above, the Cauchy shear stress T12 can be expressed in terms of the shear strain κ=tan(θ) 

for a simple shear test as: 

 

( )( )12 1 2 22exp 1T C C C= κ − κ .       (6.5) 

 
When κ=tan(θ), the initial shear modulus is C1C2, and thus the bulk modulus K was 

chosen so that: 

 

1 2

1000.
K

C C
=          (6.6) 
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The true bulk behavior of the tissue was unknown and unavailable in the 

literature; the chosen ratio provides nearly incompressible material behavior (Simo and 

Hughes, 1998).  It was demonstrated previously that the initial bulk modulus had very 

little effect on the predicted response of ligament to finite shear because the deformation 

remained nearly isochoric regardless of the choice of K (Gardiner and Weiss, 2001). 

 
Parameter Estimation Technique 

The stress distribution in a test sample subjected to finite simple shear is 

inhomogeneous (Gardiner and Weiss, 2001).  To determine material parameters from this 

test configuration, it is necessary to simulate the experiment using a numerical technique 

such as the finite element method and then iteratively adjust material coefficients to 

match experimentally observed behavior.  Specimen-specific finite element models were 

constructed using the dimensions for width, length and thickness.  The modeling assumed 

a spatially homogeneous thickness for the specimen.  The finite element mesh was 

refined via a convergence study to ensure sufficient mesh density (Figure 6.2B).  The 

final mesh consisted of 7072 hexahedral elements.  A nonlinear optimization program 

was written to minimize the sum of squares difference between the experimental force-

displacement behavior for each specimen and the predicted response from the 

corresponding finite element model (Figure 6.4).  Starting values were chosen for 

material parameters C1 and C2 characterizing the matrix, and these were iteratively 

improved using a sequential quadratic programming method implemented in the NAG 

Fortran77 Library routine E04UNF (Numerical Algorithms Group, Oxford, England).  

The NAG routine solves the minimization of a smooth nonlinear sum of squares function  
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Figure 6.4.  Diagram of the procedure used for material parameter optimization. 
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(the objective function) subject to a set of constraints on the variables. The objective 

function F(x) has the form: 

 

 ( ) ( )( ) 2

1

1
2

m

i i
i

F x y f x
=

= −∑        (6.7) 

 
 

Here, yi were the experimentally measured values for the clamp reaction force 

evaluated at m displacement levels and f(xi) were the corresponding predicted values 

from the nonlinear finite element analysis.  The NAG subroutine incorporates an 

augmented Lagrangian merit function and a quasi-Newton approximation to the Hessian 

(matrix of 2nd partial derivatives).  The nonlinear, implicit finite element program 

NIKE3D was used to generate the predicted response to finite simple shear for evaluation 

of the objective function (Maker et al., 1990).  The entire process was implemented in a 

wrapper program that repeatedly called the finite element program with updated material 

parameters.  This program also performed polynomial interpolation of the resulting force 

and displacement values from the finite element program, allowing the finite element 

program to automatically adjust the step size as needed to maintain convergent behavior 

in the incremental-iterative solution process.  The effect of different starting values for 

the material parameters C1 and C2 was assessed for one of the five specimens used in the 

parameter optimization runs.  Data for this same specimen were also used to assess the 

effect of the bulk:shear ratio using ratios of 500, 1000, 2000 and 5000 as defined by 

Equation 6.6. 
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Results 
 

Material Testing 

The average dimensions of the test specimens were 10.2±1.1 mm width, 10.2±0.1 

mm height and 1.6±0.3 mm thickness.  None of the samples showed signs of tissue 

failure or slippage at the clamps at shear strain levels of up to tan(θ)=0.4 for either the 

cyclic or the stress relaxation tests.  Despite the large amount of shear strain, the resulting 

stresses were less than 1 MPa.  The effective shear stress-strain relationship was highly 

nonlinear (Figure 6.3). 

 During stress relaxation testing, a large amount of relaxation was observed 

regardless of strain rate (Figure 6.5).  The peak stress was significantly greater than the 

equilibrium stress at each strain rate (p=0.035).  There was no effect of strain rate on the 

peak stress (p=0.98) or the ratio of the peak/equilibrium stress (p=0.445).  For each 

sample, the load-displacement curve from the loading part of the stress relaxation test 

was nearly identical for all three strain rates. 

 
Parameter Estimation 

The nonlinear optimization program was successful in minimizing the difference 

between experimental and finite element force-displacement data for all specimens using 

the default convergence criteria in the NAG routine.  The optimization runs took 0.5-5.0 

hours on four processors of an SGI Origin 2000 (R10000 processor) and each 

optimization run required 60-200 executions of NIKE3D.  The fit of the experimental 

force-displacement data to that predicted by parameter optimization was excellent in all 

cases, as demonstrated by R2 values that were always greater than 0.995 (Table 6.1).  

There was no effect of changes in  the  starting  values for the two material parameters on  
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Figure 6.5.  Effect of strain rate on peak and equilibrium stresses during a stress 
relaxation test (mean ± standard error). 
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Table 6.1.  Optimized material coefficients for the matrix behavior of the MCL. 
 
 

Sample # Bulk/Shear Ratio C1 (Pa) C2 R2 
1 1000 1059.7 11.08 0.999 
2 1000 300.5 9.23 0.997 
3 1000 1644.1 9.73 0.998 
4 1000 697.7 11.37 0.995 
5 1000 460.2 13.86 0.996 

Mean ± Standard deviation 832.4 ± 536.2 11.05 ± 1.81  
 

3 500 1625.6 9.81 0.999 
3 2000 1652.0 9.70 0.998 
3 5000 1675.0 9.63 0.998 
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the resulting best-fit parameters as determined by the nonlinear optimization program.  

Changes in the bulk:shear ratio resulted in small changes in the material coefficients; a 

change of one order of magnitude produced a 3% change in the optimal value for C1 and 

a 5% change in the optimal value for C2. 

 The magnitude of C1, which scales the matrix stress response, demonstrated 

considerable variation between samples (Table 6.1).  This reflects the variation in force-

displacement curves that were obtained during experiments, as suggested by the error 

bars in Figure 6.3.  In contrast, the coefficient C2 that controls the rate of rise of 

exponential matrix stresses, exhibited much less variation (Table 6.1).  Thus the general 

shape of the response curve was consistent between samples. 

 
Discussion 

This study quantified the quasi-static large deformation shear behavior of human 

MCL along the fiber direction and the effect of strain rate on stress relaxation under 

shear.  The shear behavior of human MCL was highly nonlinear, and the shape of the 

curve and its magnitude were independent of strain rate.  Stress relaxation testing at three 

different strain rates of loading demonstrated that there was no significant effect of strain 

rate on peak or equilibrium loading values.  The stress relaxation behavior of MCL 

demonstrated over a 40% reduction in peak load during relaxation at all strain rates 

tested.  A parameter estimation technique was developed and used for fitting 

experimental shear data to specimen-specific finite element models.  A matrix strain 

energy function that was exponential in the invariants I1 and I2 provided an excellent 

description of the experimental load-displacement behavior, as evaluated using parameter 

optimization with specimen-specific finite element analyses. 
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 When interpreting the reported effective shear stresses, it is important to note that 

average values on the clamp surface are not reflective of local stresses, which may be 

higher or lower.  Our previous work demonstrated that the strain and stress distribution is 

not uniform along the clamps (Gardiner and Weiss, 2001).  However, the spatial 

distribution of stresses and strains along the clamped surfaces should be consistent 

between test specimens, and thus the reported effective stresses represent a consistent 

measurement between tests. 

 A significant amount of relaxation was observed during the shear stress relaxation 

experiments.  However, there was little change in peak effective stress or the ratio of 

peak/equilibrium effective stress with strain rate.  This suggests that the damping and 

stiffness associated with viscoelasticity under shear are relatively constant over a range of 

strain rates. Constant damping over a range of frequencies has been observed in many 

soft tissues under tensile loading, but most tissues exhibit at least a moderate stiffening 

with increasing strain rate.  When ligament is subjected to tensile testing at different 

strain rates, it exhibits some strain-rate dependence and less drop in stress during 

relaxation as compared to the shear loading (Danto and Woo, 1993).  Thus, the 

mechanism governing viscoelasticity under shear loading may be fundamentally different 

than that governing viscoelasticity under tensile loading. 

There appears to be only one other report in the literature that examined the 

experimental shear response of ligament (Wilson et al., 1997).  By incising the rabbit 

MCL at two positions along the length of the ligament on opposite sides and then testing 

the ligament in tension, a combined state of tension and shear was obtained.  The test 

condition yielded a highly inhomogeneous deformation, and also included stretching 
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along the collagen fiber direction.  The magnitude of the resulting stresses under shear in 

the present study is much smaller than that of this previous study.  However, it is likely 

that the tensile resistance of collagen dominated the measured stresses in the previous 

study.  Because ligaments are stiffest along the local fiber direction, it is expected that the 

forces generated would be larger. 

The parameter estimation technique provided a robust means to fit the 

experimental load-displacement behavior to specimen-specific finite element models.  In 

this case, an exponential function was chosen for the matrix and material coefficients C1 

and C2 were determined using the iterative technique.  It is worth noting that as values of 

C1 became small during the parameter estimation procedure, numerical difficulties were 

sometimes encountered in the incremental-iterative process used to obtain the finite 

element solution.  These difficulties were traced to the relative degree of anisotropy in the 

material.  As the ratio of effective longitudinal/transverse "modulus" became very large, 

numerical ill conditioning was observed in the spatial elasticity tensor corresponding to 

the hyperelastic material model.  This problem was then passed to the global stiffness 

matrix during the finite element assembly process, resulting in a poorly conditioned 

global stiffness matrix, an inaccurate answer for the inverted stiffness, and finally a poor 

estimate for the next increment in displacements.  This resulted in extra iterations to 

obtain a converged solution.  It is unlikely that this difficulty is specific to the particular 

constitutive model used in this study, as this problem is often encountered in nonlinear 

finite element analyses involving highly anisotropic materials. 

 There was a small effect of bulk modulus on the optimal material coefficients as 

determined by a parameter study for one of the specimens (Table 6.1).  Previous finite 
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element analyses of the simple shear configuration with a neo-Hookean matrix strain 

energy demonstrated minimal effect of the bulk modulus on the predicted strain 

distribution (Gardiner and Weiss, 2001).  Since the present study utilized a very different 

matrix strain energy and demonstrated only small effects of bulk modulus on the optimal 

material coefficients describing the shear loading, the particular form of the matrix strain 

energy may not have a large effect on the sensitivity to bulk behavior under shear 

loading, at least for uncoupled strain energies as examined in our present and previous 

studies.  This result is consistent with the fact that there was minimal change in volume 

observed in the analyses performed for the parameter estimation, i.e., the deformation is 

nearly isochoric. 

An exponential matrix strain energy was used in this study to describe the 

observed stiffening behavior under shear loading.  In the context of transversely isotropic 

material symmetry, there are other ways to achieve a stiffening response in shear in 

addition to an exponential matrix strain energy.  For instance, Criscione et al. (2001) 

reported on the development of a new, physically motivated set of invariants for 

describing transversely isotropic hyperelastic materials, and one of the invariants is 

directly proportional to the shear strain.  Using this approach, one could formulate a 

constitutive model that exhibited stiffening behavior in shear while not affecting the 

transverse tensile behavior.  The parameter optimization technique that has been 

developed and used in the present study and the nonlinear finite element code can 

accommodate any transversely isotropic strain energy. 

 The parameter optimization approach as developed and used in this study has 

several important limitations.  The particular form of the strain energy function for the 
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material was specified a priori and additional forms of the strain energy were not 

examined.  Further, cross-validation of the predicted material coefficients was not made 

with independent material test data.  There are surely other matrix strain energy functions 

that would describe the data equally well.  The choice of the form in Equation 6.3 was 

made based on its previous use in the literature as well as its convexity, ensuring 

numerical stability for the finite element analyses.  Also, the shear response reported in 

this study is specific to MCL and could be very different in shape and magnitude for 

other ligamentous structures.  The experimental test configuration requires a planar 

structure with relatively uniform thickness and fiber orientation.  Such a test specimen 

would be impossible to obtain for many ligaments.  Finally, the parameter estimation 

approach is computationally expensive.  This is offset by the ease of obtaining the 

necessary experimental data for the simple shear test, since strain measurement is not 

necessary to use the optimization strategy. 

The results of this study provide quantitative information on the response of the 

human MCL to shear and a technique to fit experimental shear data using the finite 

element method.  The results of the viscoelasticity testing will be used to formulate 

constitutive models that have separate mechanisms for shear and bulk viscoelasticity, 

providing improved representations of ligament material properties for experimental 

studies of healing and numerical simulation of joint mechanics.  Future experimental 

work will examine the strain level dependence of the viscoelastic response under 

sinusoidal excitation, using a range of frequencies.  The parameter optimization program 

will be adapted to accommodate other strain energies and experimental testing 

configurations.  The ability to utilize experiments that produce inhomogeneous strain 
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fields should provide more robust estimates for material coefficients via parameter 

estimation. 
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CHAPTER 7 
 
 

DISCUSSION 

 
Summary 

 
 The research described in this dissertation investigated the complex mechanics of 

the human MCL and developed a number of tools that will facilitate the future study of 

other ligaments and biological soft tissues.  A detailed experimental and computational 

study was performed to quantify the strain distribution in the MCL during passive flexion 

as well as with subsequent valgus loading.  Subject-specific finite element models of the 

femur-MCL-tibia complex were developed for a series of knees based on experimentally 

measured geometry, material properties, and boundary conditions.  The models were 

validated using experimental measurements of MCL strain.  In addition, a new 

methodology was developed to characterize the response of MCL samples to large 

deformation shear loading.  Simple shear tests were performed along the fiber direction 

allowing the normally dominant tensile resistance of collagen to be virtually eliminated 

from the tissue response.  A nonlinear optimization procedure was used in conjunction 

with the finite element method to determine material coefficients for a transversely 

isotropic constitutive model. 

Strain measurement in 12 discrete regions encompassing nearly the entire surface 

of the MCL allowed the nonuniform distribution of strain to be thoroughly characterized; 

previous investigations used a limited number of regions (Arms et al., 1983; Fischer et 
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al., 1985; Hull et al., 1996).  Thorough characterization of strain was essential for 

initializing the femur-MCL-tibia finite element models with an in situ strain and also for 

validation of the models with measurements of strain during valgus loading.  Results 

demonstrated that the largest MCL strains occur near the femoral insertion in the fully 

extended knee under valgus loading, suggesting that this region may be most vulnerable 

to injury under these loading conditions.  Although previous experimental studies have 

not measured strain in this region (Arms et al., 1983; Fischer et al., 1985; Hull et al., 

1996), finite element models featuring a one-dimensional ligament representation 

developed by Bendjaballah et al. (1997) support this result.  Clinical observations of 

injury patterns and locations also confirm that this region of the MCL is the most 

common location for MCL injuries (Kawada et al., 1999; Lee et al., 1996) and injuries in 

this area generally do not heal as well as injuries located distal to the joint line (Robins et 

al., 1993). 

The development of three-dimensional subject-specific finite element models of 

ligaments will help to improve our understanding of ligament function.  Most previous 

joint models have used one-dimensional representations of ligaments that are not capable 

of accurately representing the complex three-dimensional deformations that ligaments are 

subjected to in vivo (Bendjaballah et al., 1997; Li et al., 1999; Mommersteeg et al., 1996; 

Wismans et al., 1980).  Finite element joint models that have used a three-dimensional 

representation of ligaments have greatly simplified the application of ligament initial 

tension and used average material properties and geometry (Hirokawa and Tsuruno, 

2000; Wilson et al., 1996), simplifications that likely limit their ability to predict subject-

specific behavior.  The subject-specific approach used for the current models allows the 
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large variability known to exist between individuals in terms of material properties, 

geometry, and boundary conditions to incorporated into each finite element model and 

the relative importance of these different attributes to be assessed.  Despite the many 

complexities of joint mechanics that include large deformations, buckling, contact, and 

nonlinear anisotropic materials, the developed models of the femur-MCL-tibia complex 

were able to predict experimentally measured values of MCL strain.  Validated finite 

element models of ligaments will be useful for predicting other quantities that are 

challenging to measure experimentally such as stress and contact area.  Prediction of 

these quantities throughout a ligament of interest may help to understand the normal 

homeostatic state of tissue as well as changes that may be associated with ligament 

injury, healing, and clinical treatment.  These validated tissue level finite element models 

and multiaxial material property data will form the basis for developing microstructural 

level models that examine interaction of the cell with the extracellular matrix.  

Microstructural models will be an essential tool for understanding microstructural aspects 

of load transfer and fibroblast mechanotransduction. 

Understanding the elastic and viscoelastic shear behavior of ligaments yields 

insight into microstructural aspects of load transfer and will help to direct development of 

improved constitutive models to represent the three-dimensional mechanics of ligaments.  

Previous experimental studies of shear behavior in fibrous soft tissues have generally 

been restricted to small strains (Anderson et al., 1991; Zhu et al., 1993) or have induced 

inhomogeneous deformations in which the tissue response was likely dominated by the 

tensile resistance of collagen fibers (Goertzen et al., 1997; Wilson et al., 1997).  Finite 

element simulation of large deformation simple shear (Chapter 5) indicates that this 
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configuration does not induce tensile loading of collagen and thus provides a method that 

can isolate matrix properties as well as fiber-fiber and fiber-matrix interactions.  In 

addition, the deformation is nearly isochoric and thus provides an ideal test method for 

study of solid matrix viscoelasticity because it presumably minimizes apparent 

viscoelasticity due to interstitial fluid flow.  Experimental tests of MCL samples in 

simple shear (Chapter 6) determined that the shear behavior of human MCL is highly 

nonlinear and the shape of the curve and its magnitude were independent of strain rate.  

Stress relaxation testing at three different strain rates found over a 40% reduction from 

peak load during relaxation; however, there was no significant effect of strain rate on 

peak or equilibrium loads.  This is in contrast to the results of ligament tensile testing that 

demonstrated a moderate stiffening with increasing strain rate and a smaller drop in load 

during stress relaxation testing (Danto and Woo, 1993) suggesting that tensile and shear 

viscoelasticity may be governed by fundamentally different mechanisms.  The 

inhomogeneous deformation produced during large deformation shear loading prompted 

the development of a nonlinear, iterative optimization process that utilized specimen-

specific finite element models to provide a robust method of estimating material 

coefficients.  This framework for material parameter estimation may be easily adapted for 

use with other inhomogeneous loading conditions. 

 
Limitations and Future Work 

 Several limitations of the current work should be mentioned.  The MCL is 

subjected to large deformations during passive knee flexion and valgus loading, and the 

extreme material distortion is challenging to model using the finite element method.  For 

example, the posterior proximal region of the MCL is under significant tension (4-8% 
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strain) when the joint is at full extension, but it quickly becomes unloaded to a state of 

severe buckling during flexion beyond 30°.  The finite element models described in 

Chapter 4 were constructed from CT data of the knee in full extension.  During simulated 

flexion, some of the hexahedral finite elements became severely distorted as flexion 

angle proceeded beyond the range of 50-60°.  As a result, element inversion occurred 

during attempted simulations at flexion angles beyond 60°.  Element inversion was 

especially problematic at the femoral insertion of the MCL.  Remeshing or rezoning 

could potentially alleviate some of these problems (Mei et al., 1999).  With such an 

approach, the finite element mesh could be “reset” periodically throughout an analysis to 

reduce element distortion and allow the simulation of problems with larger deformations. 

The transversely isotropic hyperelastic constitutive model used to represent the 

MCL in the finite element models of the femur-MCL-tibia complex (Chapter 4) 

accurately captured the longitudinal and transverse tensile behavior of the MCL; 

however, this constitutive model did not accurately characterize the ligament shear 

behavior as evidenced by the finite simple shear tests of Chapter 6.  Because the 

constitutive model resulted in overly stiff shear behavior, finite element predicted MCL 

strains were generally higher than the experimentally measured values for passive knee 

flexion.  Although the alternative constitutive model utilized in Chapter 6 accurately 

describes finite simple shear of the MCL, the material coefficients determined from this 

method do not accurately predict transverse tensile properties.  Our laboratory is 

currently working to develop a new constitutive model that describes all three sets of 

material test data (longitudinal tension, transverse tension, finite simple shear).  The new 

model will better represent the shear response but would also result in a more anisotropic 
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material representation than the currently utilized model.  This will likely result in a more 

ill-conditioned stiffness matrix during the finite element solution process.  The reduced 

resistance to shear may also increase the tendency for elements to severely distort and 

invert and thereby further motivate the use of a remeshing procedure. 

 Accurate simulation of ligament mechanics during joint loading requires an 

accurate representation of bone and ligament geometry.  For the finite element models of 

Chapter 4, polygonal surfaces of the femur, MCL, and tibia were constructed from CT 

data.  Although the relatively high density of cortical bone allows for straightforward 

construction of femoral and tibial bone surfaces, the MCL is surrounded by other soft 

tissues of similar density which complicates its accurate reconstruction from CT images.  

To alleviate this problem, the overlying soft tissues were removed by careful dissection to 

expose the superficial MCL surface.  Unfortunately, it is not possible to remove all of the 

underlying soft tissue without damaging the MCL and as a result the MCL reconstruction 

may overestimate the thickness of the MCL in some regions.  This may further 

exacerbate the generally observed trend that the MCL behaved too stiffly during large 

joint motions.  In addition, precise determination of MCL insertion site locations and 

fiber orientations is not possible due to the difficulty in distinguishing the periosteal 

surface from the ligament substance in CT data.  Magnetic resonance imaging (MRI) is 

an alternative imaging modality that is extensively used clinically to assist in the 

diagnosis of ligament injuries (De Maeseneer et al., 2000; Hayes et al., 2000).  MRI can 

potentially provide a better resolution between different soft tissue structures than CT 

imaging and thus may allow for a more accurate MCL surface definition.  MRI may also 

be a more viable option for geometry construction for future in vivo studies in which 
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dissection is not possible.  MRI was not utilized for the current work because of its 

inferior spatial resolution and an insufficient capability to precisely distinguish the MCL 

from the surrounding soft tissue structures.  Ongoing advances in the development of 

MRI imaging sequences and image reconstruction algorithms will likely allow MRI to 

improve future geometric reconstructions of ligaments for experimental and clinical 

studies. 

The three-dimensional motion analysis system (Peak Performance Technologies, 

Englewood, CO) that was used for the experimental measurements of strain (Chapters 3 

and 4) measured marker centroid locations with an accuracy of approximately ± 0.1 mm.  

For the gauge lengths used in the experiments, this allowed strain between markers pairs 

to be calculated with an accuracy of approximately ± 0.5%.  Digitally based CCD 

progressive scan cameras are not limited by the resolution of NTSC-based video and thus 

provide dramatic increases in the accuracy and resolution of three-dimensional motion 

measurements.  In addition, advances in image processing software and hardware allow 

for real-time digitization of marker positions that can drastically reduce the analysis time 

compared to the approach of the current study.  These new systems are now in use in our 

laboratory and will allow improved accuracy and resolution for three-dimensional strain 

and kinematic measurements in future studies. 

To simplify the construction and analysis of the finite element models of the 

femur-MCL-tibia complex, it was assumed that the superficial MCL did not significantly 

interact with the deep fibers of the MCL or the medial meniscus.  This simplification was 

justified by previous experimental studies that have shown that the superficial MCL is the 

primary structure resisting valgus rotations of the knee (Grood et al., 1981; Markolf et al., 
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1976; Seering et al., 1980; Warren et al., 1974).  Future models could be improved by 

allowing load transfer through interactions of the superficial MCL with the medial 

meniscus or deep fibers of the MCL; however, currently available imaging techniques 

and experimental methods do not provide the spatial resolution necessary to characterize 

these interactions.  Similarly, a better representation of ligament insertion sites by 

transitioning material properties and geometry to more closely simulate in vivo structure 

would likely improve future models.  Unfortunately, these changes occur over such a 

small distance that they are also difficult to quantify experimentally or to accurately 

incorporate in large-scale finite element models. 

Additional improvements in modeling accuracy could be achieved by including 

inhomogeneities in MCL material properties that occur throughout the ligament 

midsubstance.  Observations of the MCL in the current study indicate that most MCL 

specimens have a highly organized structure of parallel collagen fibers connecting the 

femoral and tibial insertions along approximately the anterior half of the superficial 

MCL.  The posterior half of the MCL generally contains less organized and possibly a 

lower density of collagen fibers.  As a result, the use of homogeneous MCL material 

properties based on material tests of samples harvested from the anterior band of the 

MCL may overestimate the MCL stiffness in posterior regions.  The required sample size 

for the current method of material testing prohibited quantifying spatial variations in 

MCL material properties, but other measurements such as histological (Mommersteeg et 

al., 1994) or optically based imaging (Hansen et al., 2002) may provide a means to 

indirectly quantify inhomogeneities. 
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The nonlinear optimization process used in Chapter 6 to estimate material 

parameters from shear tests was based on evaluation of an objective function that 

compared experimentally measured and finite element model predictions of force in the 

direction of applied shear (Figure 6.2).  During large deformation shear loading, a small 

force will also develop in the lateral direction.  This force cannot be quantified with a 

standard uniaxial material testing machine.  In future studies, the test could be modified 

to also measure this lateral force and the parameter estimation process could be expanded 

to include both of the force values in the objective function during the material 

coefficient optimization process.  Although the lateral force is expected to be small 

relative to the force in the direction of applied shear, the lateral force may help to 

distinguish subtle differences between constitutive models that have different 

representations of fiber-matrix interactions. 

 Based largely on the work described in this dissertation, our laboratory has 

recently received NIH funding to continue the study of MCL material behavior and the 

development of subject-specific finite element models of the human femur-MCL-tibia 

complex.  This ongoing work will more thoroughly characterize the tensile and shear 

elastic as well as viscoelastic properties of the MCL (Bonifasi-Lista et al., 2002).  Finite 

element models of the femur-MCL-tibia complex will be developed using a similar 

approach as that described in Chapter 4.  The experimental and computational 

investigation will be expanded to study anterior-posterior translations as well as varus-

valgus rotations.  The models will be used to simulate the effects of ACL deficiency and 

posteriormedial meniscal damage on the stresses in the MCL. 
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The long-term goal of this research is to create patient-specific models of living 

subjects based on inputs that can be measured in a clinical setting.  Many of the necessary 

elements required to build subject-specific finite element models can already be 

quantified in an in vivo environment.  Geometry of bones and ligaments can be 

constructed from either CT or MRI data following a similar protocol as used in the 

current study.  MRI will likely be the imaging modality of choice due to its superior 

potential for distinguishing different soft tissue structures within an intact joint 

(Nakamura et al., 1999).  In addition, MRI eliminates the radiation dosages that are 

potentially problematic with a large number of CT scans.  Noninvasive measurement of 

joint kinematics is currently possible through the use of three-dimensional motion 

analysis systems using either optical methods (Antolic et al., 1999) or electromagnetic 

tracking devices (Meskers et al., 1998).  Unfortunately, other quantities such as ligament 

material properties and in situ strain distribution are not currently possible to quantify in 

vivo.  Recent advancements in medical imaging techniques such as the use of diffusion 

tensor MRI to measure fiber direction (Forder et al., 2001) hold promise for the future 

noninvasive measurement of these quantities.  Once constructed and validated, patient-

specific finite element models will be useful for aiding diagnosis of joint pathologies as 

well as for surgical planning (Jalliard et al., 1998) and predicting the effects of clinical 

interventions. 
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