
ABSTRACT 

SHOGE, RICHARD OLUSENI. Finite Element Analysis of an In-vitro Traumatic Joint 

Loading Model. (Under the direction of Dr. Peter Mente). 

 

Osteoarthritis (OA) is characterized by the degeneration of articular cartilage 

resulting in eventual bone on bone contact causing pain and inflammation to musculoskeletal 

joints. Even though the mechanisms linking joint trauma with post-traumatic OA are poorly 

understood, joint overloading has been shown to decrease cartilage matrix integrity and is 

associated with chondrocyte necrosis and apoptosis which are early signs of OA. 

An in vitro impact injury model that incorporated tangential loading was developed in 

our lab using intact porcine patellae to produce quantifiable degradation similar to that seen 

in early stage osteoarthritis. We carried out two separate sets of in vitro impact experiments: 

(1) axial impactions: an impact insult normal to the cartilage surface at a high load and 

relatively fast loading rate and (2) shear impactions: a compressive preload normal to the 

surface subsequently followed by a tangentially applied displacement generating a shear 

load. The first impact injury model (axial impaction) had been extensively investigated in the 

literature and incorporated loads known to cause cartilage damage and cell death. The second 

model incorporated greater shear forces along with the axial forces and was believed to give 

a better representation of physiological loading. 

A finite element model was created to determine the resulting mechanical stresses and 

strains in the underlying cartilage tissues. An Ogden hyperelastic constitutive model was 

used as the input material model for the finite element analysis. Cartilage in our model was 

broken into three homogeneous tissue zones: surface, mid, and deep and separate 

hyperelastic material models were developed for each of these primary layers. The output 



variables examined from the model were location and magnitude of compressive, tensile, and 

shear stresses and strains.  

 Intact patellae were maintained in organ culture up to two weeks to investigate the 

time course of cellular and matrix events post-injury. Cell death and matrix proteoglycan loss 

were quantified. After validation of the finite element model and collection of histological 

data, statistical analysis was used to correlate type, location and magnitude of stress and 

strain with cell death and proteoglycan loss. The overall hypothesis was that shear forces 

arising from traumatic impact injuries are more detrimental to cartilage matrix and 

chondrocytes than axial forces normally seen in most impact injury models. The long term 

goal of this project is to gain a better understanding of the effects normal and tangential 

loading have on the chondrocyte response and determine how this influences cartilage 

degeneration.  
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Chapter 1 

 

Introduction 

Osteoarthritis (OA) is a degenerative disorder affecting the articular joints and 

is characterized by the breakdown of cartilage covering the joint surface resulting in 

debilitating pain to those affected [54]. The ability of cartilage to allow smooth and 

painless transmission of joint forces is highly dependent on the condition of the 

cartilage tissue which in turn is dependent on the health of the cellular components. 

The final stages of osteoarthritis have been well documented in the literature but 

unfortunately, the pathways that initiate cartilage degeneration and osteoarthritis are 

still unknown. The best approach to finding a solution to osteoarthritis is investigating 

the mechanisms responsible for its progression over time. 

Traumatic joint injuries have been shown to be a predisposing factor for 

osteoarthritis [54]. During an injury, joints will experience predominantly compressive 

loads, however, in some cases if the joint is twisted or dislocated, from a sports injury 

or fall for example, joint surfaces can be subjected to large lateral forces leading to a 

variety of shear induced lesions [15]. In addition, the articular topography of the 

underlying bone can increase shear forces during joint motion [15]. Thus, in order to 

create a more accurate physiological model of cartilage injury, cartilage damage 

resulting from tangential forces must be considered.  
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In this study, we directly impacted porcine patellar cartilage using hydraulic 

loading frames in order to create traumatic joint injury. Two experimental set-ups were 

used to create injury:  (i) an axial impaction model which consisted of a predominantly 

compressive load and (ii) a shear impaction that incorporated compressive and 

tangential loading to the articular surface. After impaction, impacted patellae were 

maintained in culture for up to two weeks to follow the progression of degenerative 

changes. Numerical models of the axial and shear impaction were created using the 

finite element analysis software, ABAQUS, which incorporated a hyperelastic material 

model for cartilage, to determine the stress-strain distribution within the cartilage and 

bone layers. Correlations were then made between the stresses and strains within 

cartilage predicted from the axial finite element model and the histology data to 

determine possible mechanical causes of cartilage tissue damage.  

 

Specific Aims 

Aim #1: Create a hyperelastic material model for the three cartilage tissue layers that 

represents the constitutive stress-strain relationship at impact loading rates. This 

material model will be incorporated into a finite element model that simulates an axial 

impact injury in order to identify stress and strain distribution within the underlying 

cartilage tissue and bone resulting from a high speed impact normal to the articular 
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surface. From this model, areas of high shear, compressive and tensile stress predicted 

from the model will be correlated to regions of tissue damage. Hypothesis #1: A 

hyperelastic material model will effectively describe cartilage nonlinear large strain 

behavior in compression and tension. The predicted contact stresses on the cartilage 

surface from our finite element model will match contact stresses determined using 

pressure film analysis. Hypothesis: #2: The use of three distinct isotropic 

homogeneous materials models representative of the three cartilage layers incorporated 

into the finite element model will produce stress distribution within the cartilage that 

better correlates with observed tissue damage than single layer models. With the 

multilayered model compared to single layered models, stress concentrations are 

predicted at the interfaces between tissue zones because of the difference in properties. 

The region with the largest difference in tissue properties, the calcified cartilage-deep 

cartilage interface, should coincide best with the area shown to have the most tissue 

damage from histology studies.  

 

Aim #2: Use the multilayered cartilage material model in a shear impaction finite 

element model to predict regions of high shear, compression and tensile stress in the 

underlying tissue resulting from an experimental shear impact injury model. The stress 
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and strain results calculated by the shear impaction finite element model will be used to 

predict where tissue damage is likely to occur.  

 

The general hypothesis underlying these specific aims is that following an injury 

chondrocyte viability and integrity of the cartilage matrix depend critically on the type 

and magnitude of mechanical stress the tissue undergoes and it is suspected that shear 

stress is the main culprit for inducing chondrocyte death. Both mechanical loads: axial 

and shear, must be incorporated in order to realistically simulate an impact injury to 

articular cartilage. However, most previous impact injury studies have primarily 

focused on the response of articular cartilage to axial loading which means the true 

extent of damage to cartilage may be underestimated.  

 This injury model has clinical relevance because it can potentially allow us to 

identify how and the extent to which cells and matrix components are affected by 

detrimental forces resulting from traumatic injuries during a time period where 

therapeutic treatment of the injury may be the most beneficial. Identifying and 

controlling potential early degenerative matrix and cellular changes holds the promise 

for preventing or mitigating the disease process.  
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Chapter 2 

Background 

2.1. Cartilage Structure and Function  

Articular cartilage is an amazing and complex structure. It is the soft connective 

tissue that covers the bony surface of articulating joints and is responsible for the 

transmission of joint forces and joint lubrication [46]. Most importantly, it contributes 

to the low friction environment within the joint and allows for pain free motion. These 

essential qualities result from the unique structure of the tissue which includes a solid 

phase, comprised primarily of type II collagen and proteoglycans, and a fluid phase. 

Type II collagen fibers are long fibrous structural proteins that give cartilage its tensile 

strength [46]. Proteoglycans (PG) are a type of glycoprotein which consists of a core 

protein and highly negatively charged glycosaminoglycan chains. This negative charge 

density is what gives cartilage its superior compressive strength due to the repulsion of 

like charges and the attraction of water. The pull of water into the tissue creates a 

swelling pressure which pre-tenses the collagen fibers and limits fluid flow within the 

porous matrix. Proteoglycans form larger aggregates called aggrecan, and together with 

collagen type II, contribute to most of the dry weight of cartilage.  

Cartilage is a viscoelastic material meaning it shares viscous and elastic 

characteristics. The elastic solid phase of cartilage is porous and the interstitium is 
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filled with fluid [46]. Articular cartilage contains about 70% water by weight, and 

when under stress, this fluid flows throughout the matrix creating a drag force as it 

passes through, thus giving cartilage its viscous characteristics. As compression 

increases, the fluid can become trapped and this effect contributes to the stiffening 

behavior cartilage exhibits at fast loading rates [46]. This stiffening behavior also 

contributes to its exceptional compressive strength. In effect, the material properties of 

cartilage depend on the state of the fluid phase [71]. 

Chondrocytes are the only cells in cartilage and are responsible for general 

maintenance and repair of the matrix. Articular cartilage is an avascular, aneural tissue 

so the movement of fluid under stress coupled with diffusion is the principal way 

chondrocytes are able to distribute nutrients and remove wastes within the tissue [46]. 

The total solid constituents of cartilage, including chondrocytes, are found in different 

proportions and arrangements through the thickness of the tissue. The surface zone is 

the thinnest (10-20% of tissue height) and is where collagen and water are at their 

highest concentrations [31]. Collagen within this region is densely packed and runs 

parallel to the surface contributing to the region’s ability to resist large shear strains 

caused by motion [147]. Hultkranz [66] was able to determine the collagen fiber 

orientation by pricking the surface of cartilage with a sharp pointed object. Due to the 

pre-stressed collagen fibers, pricking the surface of cartilage causes the hole created to 
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be stretched, indicating the direction of the fibers. The chondrocytes in this layer tend 

to be elongated and lie parallel to the joint surface [66].  

The middle zone (40-60% of cartilage height) has the highest concentration of 

proteoglycans. Collagen fibers have larger diameters [70,71,72,73,74] and their 

orientations are more random although studies done by Clark [31] have suggested that 

this randomness may be caused by mechanical damage during specimen preparation. 

Chondrocytes tend to have a spherical shape in this region. The deep zone (30% of 

tissue height) also has a large PG content but lower water content than the superficial 

and mid region. Within the deep zone, collagen fibers are anchored in the calcified 

cartilage and run perpendicular to the cartilage-bone interface. The calcified cartilage 

region is the transition zone from cartilage to bone. Hydroxyapatite, the same inorganic 

constituent found in bone, is found in this zone and gives this tissue its rigidity. A 

demarcation exists between the deep cartilage and calcified cartilage zone and is 

referred to as the tidemark. As a result of this structural heterogeneity within the 

cartilage matrix, tissue material properties also vary with respect to depth within the 

matrix. 

The synovium which is the inner tissue that surrounds the inner joint produces 

synovial fluid which acts as both a lubricant between articular surfaces and transport 

medium for nutrients and wastes [132]. Since articular cartilage has no blood supply, 
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the synovial fluid provides nutrients and removal of wastes duties for the cartilage 

tissue through diffusion. One very important quality the synovial fluid has is 

contributing to the nearly frictionless motion between contacting articular surfaces 

[46].   

 

2.2. Clinical Relevance: 

Arthritis is one of the most common medical problems and the number one cause of 

disability in America [27]. There are different kinds, but the most common is 

osteoarthritis [104]. Based on a survey done in 2001 through the Behavioral Risk 

Factor Surveillance System, the disease affected about 69.9 million adults in the US 

[17] (about 10% of the population over the age of 60). The cost to the US healthcare 

industry is more than $60 billion per year [27]. Symptoms include persistent joint pain 

and stiffness; radiographs show evidence of articular cartilage loss, bone spurs, 

increased subchondral bone density and cysts on the bone surface [27]. The smooth 

cartilage surface becomes rough, and fibrillation and softening occur 

(chrondromalacia) in areas of greatest pressure and joint movement [109]. 

Biochemically, the organization of the collagen fiber network in the superficial zone 

becomes disrupted leading to a loss of proteoglycans from the extracellular matrix 

[70,71,72,73,74]. This increases the permeability of articular cartilage which in-turn 
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reduces the load-bearing capabilities of the tissue with potential for further destruction 

of the tissue [74]. Histologic features include cartilage clefts, loss of the cartilage 

layers, cellular necrosis, chondrocyte cloning, and a duplication of the tidemark.  

Complicating matters is the fact that cartilage has a limited ability to repair 

itself following disease or injury. Thus when damaged, the pre-existing composition, 

structure, and material properties are never completely restored and continued loading 

of damaged cartilage leads to progressive loss of extracellular matrix. The final stages 

of osteoarthritis have been well documented in the literature 

[18,19,20,25,31,34,38,39,40,42,43,68,69]; and it is during this end stage that treatment 

is generally sought. Clinically, however, despite the developments of surgical 

interventions that can restore joint stability and function, these procedures do not offer 

long term solutions [56]. This underscores the importance of finding early solutions to 

cartilage degeneration when the events may be reversible. 

The causes of OA are multi-factorial; various factors such as obesity, injury, 

age, and genetics have been identified to initiate the disease. However, the cellular 

mechanotransduction pathways and molecular mechanisms that initiate the 

degeneration of cartilage have not been concretely elucidated making therapeutic and 

preventative measures hard to establish. To better understand these pathways, impact 

injury models have been used because unlike other risk factors for OA, traumatic joint 
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injury is a discrete event. Patients who have sustained a traumatic joint injury have an 

increased risk of OA in that joint [54]. Therefore the use of impact injury models can 

give us a better understanding of the general pathogenesis of OA. 

 

2.3. In vivo Osteoarthritic Models: 

Studying the early degeneration of cartilage in humans is difficult to conduct, 

thus animal models provide a practical tool to study the disease process.  These models 

have included procedures that disrupt the normal physiology of the joint 

[5,6,21,22,41,63,125,126] and acute models that directly introduce cartilage damage 

[39,54,55,59,140] such as impact models. One popular method of disrupting the 

normal joint mechanics involves transection of the anterior cruciate ligament (ACL) 

which increases motion between the joint surfaces and alters normal load magnitudes 

on the articulating surface [21,22,41]. These models have successfully produced early 

osteoarthritic changes in the articular joint such as increased water content, cartilage 

fibrillation, chondrocyte clones, and loss of proteoglycans. Another popular model 

includes partial resection of the meniscus in various animal models [63,100]. Observed 

changes include crack formation in cartilage, chondrocyte clone formation and loss of 

proteoglycans.   
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Besides indirect trauma to the articular surface, short duration high pressure 

impact loads are also known to cause detrimental effects to the cartilage matrix and the 

cells underneath [5,90,95,96,97,123]. Popular methods used to simulate traumatic joint 

injuries included blunt impacts to the cartilage surface using either drop towers or 

servo-hydraulic machines. This experimental model is advantageous because it is 

simple, repeatable, allows testing of intact cartilage samples and provides an ideal 

approximation of the sharpness and speed of a traumatic joint injury. These impact 

models have included single and multiple in vivo impactions 

[39,44,45,90,95,96,97,107,108,141] and single and multiple in vitro impactions with 

cartilage explants [19,20,38,40,44,45,68,69,78,84,86,124,147]. From these models, 

documentation of several types of degeneration commonly found in early and late stage 

osteoarthritis within the extracellular matrix such as proteoglycan loss, cell cloning, 

and crack development on the surface and in the calcified cartilage region were made 

[6,20,39,59,69,127, 126,141,140]. For instance, Borelli et al. [20] observed a 

significant increase in water content relative to non-impacted control explants implying 

deterioration of the collagen-proteoglycan matrix. Thompson et al. [141] used a closed 

joint canine model and drop tower device and reported surface fissures on the articular 

surface in conjunction with a loss of proteoglycans. Jeffrey et al. [68,69] impacted 

cartilage explants and observed a linear decrease in chondrocyte viability, an increase 
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in tissue hydration and a decrease in precursors for leucine and glycosaminoglycans 

(GAGs), components important in chondrocyte metabolism, with increasing impact 

energy. Using an in vivo model, Haut et al. [59] recorded a high frequency of surface 

cracks and softening of the cartilage after impaction of rabbit knees. Ewers et al. [45] 

impacted cartilage plugs to 158, 633, and 1267 N and observed an increase in surface 

lesions where cell death primarily occurred.  

In vivo models have contributed substantial information about the mechanical 

factors that contribute to the OA process. However, they do not allow the mechanical 

insult to the tissue to be quantified. In joint instability models the actual joint loading 

across the joint cannot be accurately measured. This problem may develop from the 

inability to completely define the contributions from all anatomical components such 

as ligaments and tendons and mathematically describe the motion of the articulating 

surfaces. In vitro models, using systems capable of controlling load and displacement, 

even though sacrificing the exact anatomical environment, offer better repeatability, 

and a more accurate analysis of the mechanical factors that are applied to the tissues so 

the specific causes of degenerative mechanisms can be studied. 

The majority of studies have focused only on axial loading of tissue 

[39,44,45,90,95,96,97,107,108,141,19,20,38,40,44,45,68,69,78,84,86,124,147] and 

ignore the effects of tangential loading that result from a complex impact injury. 
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Tangential or shear forces are often ignored because of the low coefficient of friction 

between contacting articular surfaces during low impact loads. The coefficient of static 

friction for synovial joints has been measured as less than .01 [46] which is a 100
 
times 

lower than the smoothest artificial materials. However, high normal contact forces 

resulting from traumatic injuries can cause frictional forces that are not insignificant for 

the tissue to resist [3] and these forces have been shown to influence matrix integrity 

and chondrocyte metabolism. Research has linked large shear strains and stresses to 

fissures on the articular surface [15,42,43]. In order to understand how chondrocytes 

respond to shear stress, investigators have used fluid flow to induce shear upon isolated 

monolayered chondrocytes [135]. Smith et al. used an in vitro study where shear was 

applied using a cone viscometer at stress levels of 0.16, 0.41, 0.82, and 1.64 Pa [135]. 

They observed an upregulation of interleukin-6, an immunoregulatory cytokine found 

upregulated in osteoarthritic tissues, and nitric oxide, which is also upregulated in OA 

tissue. However, despite degrading conditions, they also observed an increase in 

glycosaminoglycan synthesis compared to unstimulated controls. 

The fluid induced shear studies show that fluid flow can significantly affect 

chondrocyte metabolism, however, under tangential loads applied to the intact cartilage 

matrix, the stiffness is resisted by intra and inter-molecular cross-links between 

collagen fibrils and the proteoglycan matrix [109]. Although the fluid phase is an 



14 

 

integral part of the mechanical properties of cartilage under compressive loading, there 

is no intratissue fluid flow under shear loading because the specimen volume is 

preserved as the matrix deforms [151]. Researchers have had success promoting 

cartilage matrix synthesis from application of dynamic shear directly to the cartilage 

surface. Using an in vitro model, Grodzinsky et al. applied between 1-3% dynamic 

shear strain to the cartilage surface at frequencies of .1-1.0 Hz up to 24 hours. This 

strain range was believed to be in the range of physiological tissue loading [50]. They 

reported that dynamic shear forces applied at low constant amplitudes can increase the 

rate of matrix synthesis in cartilage explants and appear to favor synthesis of collagen 

over proteoglycans [50]. Waldman et al., carried this same dynamic shear study for 

longer periods of time, up to a week, and found that collagen and proteoglycan 

synthesis was increased by approximately the same amount when subjected to 

intermittent shear loading [144]. All in all, Grodzinsky et al. [50,56] and other 

researchers has shown a positive effect on cartilage metabolism caused by simple shear 

loading of articular cartilage, but at low strains and frequencies. 

In conclusion, it is apparent that mechanical forces such as hydrostatic and 

shear loads can stimulate chondrocytes to synthesize extracellular matrix as well as 

regenerative and degrading components. While the effects of shear on cartilage tissue 

and chondrocytes have been investigated, most studies involving impact injury models 
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where large compressive and shear forces are expected, have not included the effect of 

shear loading on cartilage integrity. Instead, impact injury models have shown 

detrimental effects on chondrocyte gene expression and viability when subjected to 

large axial strains and rapid displacement rates that take place in traumatic injuries. The 

specific role shear loading has upon the maintenance of the cartilage matrix, how it 

affects chondrocyte gene expression and viability, and how it compares to hydrostatic 

loading of the matrix and chondrocytes would need to be determined to truly 

understand the initiation of specific mechanical pathways that cause cartilage 

degeneration.  

 

 

2.4. Analytic Models of Articular Cartilage Behavior: 

The influence of mechanical loading on cartilage function and cellular 

metabolism has prompted the development of mathematical analyses that model the 

stress and strain distribution within the tissue. Before a numerical model can be 

implemented an applicable constitutive material model relating stress and strain needs 

to be determined. Several different constitutive models have been developed to explore 

the complex nature of cartilage response towards applied loads: linear elastic models 

[73,101,102,128,4,41,50,134] viscoelastic models [6,101,102,103,76,88], biphasic 
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models [65,6,88,64,102], triphasic models [76,77], and non-linear models 

[64,80,81,64,90,95]. The first models were derived from linear elastic theory where 

cartilage was treated as a homogenous isotropic material. Hirsch [132] applied the 

Hertz solution for contacting elastic bodies to measure the Young’s modulus of 

articular cartilage.  Sokoloff et al. [136], Kempson et al. [71], and Hayes et al. [60] 

modeled cartilage as an elastic layer and determined the material properties such as the 

elastic and shear modulus using a variety of tests such as indentation, compression and 

torsion tests. These linear elastic models offer the advantage of describing the 

mechanical response of materials with only two parameters: the Young’s or shear 

modulus and Poisson’s ratio. Due to the time dependent response of the tissue, usually 

two values for the elastic modulus were determined: the instantaneous and relaxed or 

equilibrium modulus [60,71,136]. Again, these elastic models only provide information 

on the instantaneous or equilibrium time-independent behavior of cartilage over a small 

strain range. These models are limited because of their inability to describe the 

transient response of the material such as creep and stress relaxation as well as non-

linearity and large strain behavior usually exhibited by cartilage.  

In order to account for these time dependent viscoelastic properties such as 

creep and stress relaxation, various viscoelastic models [60] were developed that 

utilized springs and dashpots, also known as variations of the Kelvin-Voigt and 
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Maxwell models, to simulate elastic and fluid characteristics. Hayes et al., [60] used a 

Kelvin system of dashpots and springs to represent cartilage’s creep compliance. 

Parson et al. [116] determined the unrelaxed and relaxed shear modulus of cartilage 

from indentation tests. Hayes and Bodine [61] in 1978 measured the viscoelastic 

complex shear modulus for bovine articular cartilage using a sinusoidal shear 

generator. Using these methods, future investigators were able to determine the time 

dependent properties of cartilage; however, these constitutive models neglected to 

describe the interstitial fluid flow seen in cartilage. 

The free fluid movement in and out of the cartilage body is restrained by the 

proteoglycans and the collagen network, thus fluid flow is dependent on the 

permeability of the cartilage matrix. Mow et al. [102] proposed a biphasic model which 

was based on mixture theory and accounts for fluid flow through the tissue. It models 

cartilage as two distinct phases: a porous, linear elastic solid phase which is permeable 

to fluid flow and an incompressible fluid phase [103]. Interaction between the solid and 

liquid phases comes from the frictional drag caused by the relative movement of the 

fluid phase through the solid phase during deformation. Fluid flow and solid 

deformation are coupled through a momentum exchange term which is linearly 

proportional to the relative velocity of the two phases and is responsible for the time-

dependent (viscoelastic) deformational behavior [103].  The biphasic model describes 
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the material response using linear material constants: permeability, k, aggregate 

modulus, HA, Poisson’s ratio, ν, and solid phase volume fraction, α0. The material 

constants are obtained from curve fits of experimental creep and stress relaxation data. 

This model has been expanded over the years to incorporate viscoelasticity of the solid 

phase components (proteoglycans and the collagen fibers) [101,102,152]. Inclusion of 

these intrinsic viscoelastic properties have come to make up the biphasic 

poroviscoelastic model [36,88] and the fiber reinforced model [81,137,148].  

The analytical models that place emphasis on fluid flow and the viscoelastic 

properties throughout the matrix were derived to explain the time dependent behavior 

of cartilage under relatively small loads [109]. However, when modeling high loads 

and corresponding large deformations that can occur in a tissue like cartilage, small 

strain data might not be adequate over the entire loading range [90]. Also, even though 

large displacements are expected, cartilage has been shown to exhibit a stiffening effect 

at high strain rates because the fluid is locked in place and is unable to flow. This 

implies that it might not be necessary to separate the fluid and solid properties of 

cartilage when modeling high speed loading. With this in mind, nonlinear models were 

developed to account for large strains and the nonlinear response exhibited for material 

like cartilage when the effect of fluid flow is assumed negligible as in impact injury 

models. Woo et al. [149] used an exponential model for the stress strain relationship 
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and the constitutive relationship was curve fit to tensile and compression stress strain 

data. Another model that incorporates the phenomenological response of biological 

tissue and has shown favorable results in describing soft biological tissue mechanical 

behavior is the hyperelastic model [14,50,64]. Ateshian et al. [14] have shown the 

ability of the hyperelastic function to fit transient finite deformation curves of cartilage 

and Garcia et al. [50] have demonstrated the ability of a hyperelastic model developed 

by Holmes and Mow [64] to describe the nonlinear and viscous effects of the solid 

phase using finite element software.  

 

2.5. Numerical Models of Cartilage Deformation: 

 The derived constitutive relationship is included into a numerical model where 

the underlying stresses, strains and reaction forces can be calculated. Finite element 

methods use numerical techniques to find approximate solutions of partial differential 

equations (PDE) and integral equations by reducing these equations to a set of linear 

equations or ordinary differential equations (time-dependent problems) which can be 

solved analytically. The need for this comes from the nonlinear geometry and boundary 

conditions of the contact model and the heterogeneity and anisotropy of the materials. 

Most investigators incorporated the material properties they obtained from tensile, 

compression, torsion, and indentation tests into various finite element models of impact 
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injuries. Eberhardt et al. [42,43] used an analytic multi-layered Hertzian contact model 

to model the canine patellae impactions of Thompson et al. [140]. The rabbit patellae 

impactions of Haut and coworkers [59] were modeled using a 2-dimensional quasi-

static finite element model [82]. Quasi-static stress analysis is used to analyze linear or 

nonlinear problems with time-dependent material response (creep, swelling, 

viscoelasticity, and two-layer viscoplasticity) when inertia effects can be neglected [1]. 

Anderson et al. [5,6] created a dynamic 2-dimensional plane strain finite element 

model to model the rabbit knee impactions of Radin et al. [125,126]. They, however, 

did not find any significant differences in stress distribution over the quasi-static 

solution [6], suggesting that a quasi-static solution is sufficient for the calculation of 

the prevailing tissue stresses. Moreover, the potential error associated with this quasi-

static assumption was investigated using a discontinuous-medium model by Li et al. 

and they showed peak load to be altered by at most ± 6 percent [15,80]. 

Most of these models assumed linear elastic material properties for both the 

cartilage and bony layers, which is acceptable for high speed loads, but, as stated 

earlier these parameters do not account for large deformation. Mente et al. 

[90,95,96,97] had success modeling canine femoral impactions using an axisymmetric 

and plane strain finite element model with a hyperelastic constitutive material model. 

This hyperelastic model accounted for the compression and tension nonlinearity. There 
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are more recent models by Wilson et al. [147,148] and Li et al [81] that expand upon 

poroviscoelastic theory and combine fiber reinforcement into the model to account for 

nonlinearity. With these models the solid stress is represented by the sum of the matrix 

and fibril stresses. As strain increases, the fiber properties account for the stiffening of 

the tissue. Since the fiber direction has to be accounted for, these fiber reinforced finite 

element models also characterize the anisotropy of the matrix.  

There are a couple shortcomings to these models. For one, any relative 

tangential motion between the two impacting joints or load contributions from the 

ligaments, muscles, and other joint structures was ignored. Eberhardt et al. [43] 

examined the effects of friction using their layered Hertzian contact model but found it 

added little to the tensile stresses that they assumed were necessary for crack 

formation. However, with no available measurement of the actual frictional forces, it is 

difficult to assess the true magnitude of this effect. For the in vivo impactions modeled 

in all these studies, where relative motion between impaction bodies is likely to occur 

during the impaction, this may be a significant effect. Second, homogenous material 

properties were used to model the cartilage (and other tissues). The changes in cartilage 

material properties with depth has been demonstrated by many researchers [4,72,128] 

as have the directional properties [128]. This detailed approach may be 
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computationally expensive but these differences may be very significant in explaining 

damage differences observed in different layers of the tissue [147].  

Lastly, the incorporation of viscoelastic behavior may not be necessary for 

modeling high speed impactions. Oloyede et al. and others have shown that the 

viscoelastic behavior can be simplified to an elastic model at high loading rates 

[5,42,43,82,112,113]. Due to cartilage stiffening and the short loading time during high 

speed impacts, fluid flow is constrained making it an insignificant factor in cartilage 

deformation [6,43]. Moreover, as stated earlier fluid flow plays less of a role in 

cartilage’s shear mechanical properties. 

 

2.6 Purpose: 

Previous research has shown that acute mechanical trauma to cartilage can 

cause damage similar to osteoarthritic tissue. Most of these impact injury models have 

focused on analyzing the stress-strain response due to normal joint contact and have 

not included shear or tangential forces which we feel will have a more pronounced 

effect on chondrocyte viability and matrix deterioration than axial loading. In this study 

the nonlinear stress-strain relationship of articular cartilage was modeled at a fast 

loading rate and a multi layered material model of cartilage was incorporated into a 

finite element program to determine the stress-strain behavior during axial and 
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tangential loading. Our multilayered hyperelastic material model was validated by 

comparing peak stress and contact area predicted from our model with measurements 

from pressure film tests of the axial impactions.  

 Compressive, tensile, and shear stress and strain from the axial impactions 

were correlated to proteoglycan loss and chondrocyte viability. A finite element model 

of our shear impaction was created to identify areas that were susceptible to cartilage 

damage. The overall goal of the project was to understand how specific loading forces 

affected chondrocyte health which in turn will dictate the repair capabilities of cartilage 

following traumatic joint injuries.  
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Chapter 3 

Experimental Procedure 

3.1. Experimental Impact Injury Model 

3.1.1. Tissue Preparation 

 Intact porcine knee joints were collected from a local slaughterhouse. Porcine 

tissue was chosen because of its abundance in North Carolina and the ability to obtain 

fresh tissue within two hours of slaughter. Tissue was obtained from retired sows of 

unknown age with a minimum weight of approximately 180 kg. After the knee was 

wiped down with betadine and alcohol, the patella was removed sterilely from the knee 

joint capsule and kept moist throughout the impaction procedure by periodic 

application of sterile phosphate buffered saline (PBS) containing antibiotics. Only 

patellar cartilage with no visible pre-existing defects to the cartilage surface was used. 

All equipment that came into contact with the patellae such as dissection and culture 

tools were autoclaved for 60 minutes at 121
o
C.  

Two different in vitro set-ups were developed: axial loading and shear loading. 

Each patella was impacted twice with identical impactions performed in the middle of 

each of the two facets for consistency.  
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3.1.2. Axial Impaction Injury Model:  

The impacting surface was a 10mm long, 10mm diameter stainless steel 

cylindrical impactor (Figure 1, Figure 2e). The impactor was oriented with the cylinder 

axis perpendicular to the loading direction and running along the medial-lateral axis of 

the patellae (Figure 2e). The steel impactor was specially designed to rotate along its 

radial axis, allowing the impactor surface to adapt to various curvatures while applying 

a relatively uniform load along its long axis (Figure 1). Spherically bottomed 

polymethyl methacrylate (PMMA) molds (Figure 2a) were used to encapsulate the 

patellar bone, which was then placed in a well fixture (Figure 2b) underneath the 

impactor. Stainless steel bolts were used to align and secure the PMMA mold within 

the mating spherical cavity that allowed the patellae to be aligned visually so that the 

cartilage surface target area was perpendicular to the impactor and to prevent 

movement during impaction (Figure 2d). Axial loads were applied using a hydraulic 

load frame (MTS 858, MTS Systems Corporation, Eden Prairie, MN, USA) to the 

patellar cartilage.  
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Figure 1. Schematic of rotating impactor design. The diagram on the left shows that the 

cylindrical impactor rotates with respect to the r axis. The axial direction is the vertical 

direction and is the direction the actuator travels towards the cartilage surface. The 

longitudinal (l) and radial (r) directions are perpendicular to the axial direction and are 

parallel to the cartilage surface. The diagram on the right shows how the impactor is 

oriented when it makes contact with the cartilage surface. The axial and radial directions 

 

Targeted axial loads of 2000 N were applied at a displacement rate of 25 mm/s. 

A three degree of freedom piezoelectric load cell was used to measure forces in the 

axial, radial and longitudinal direction. The axial direction is normal to the cartilage 

C B A D E 

Figure 2. A. Patellae potted in spherically bottomed mold. B. x-y positioning jig to hold 

patellae. C. Impaction set up for axial impaction. D. Close up of axial impactor impacting 

the patellar surface. E. Schematic of the 3-degree of freedom load cell. The force applied 

during the axial impaction is shown.  
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surface. The radial and longitudinal directions are orthogonal to the axial direction, 

with the longitudinal direction corresponding to the 10 mm length of the impactor 

(Figure 1). Force and displacement data was recorded and saved using LabView 

(National Instruments, Austin, TX, USA) software. Tissue marking dye was used to 

create marks on the cartilage surface at each end of the impactor to provide reference 

markers to identify the impaction region.  

  

3.1.3. Shear Impaction Injury Model: 

For the shear impaction design, patellae were obtained using the same 

procedures as the axial impactions. For the shear impaction set-up, the x-y positioning 

jig (Figure 2b), in which the patella is secured, is bolted to a moving platform that can 

translate in one direction (Figure 3). The moveable platform is attached via pulley 

system to a second hydraulic loading frame (Instron 8501, Instron Corporation, 

Canton, MA) (Figure 4). This second loading frame pulls the moving platform and x-y 

positioning jig at a specific speed. With this set-up, the patella is subjected to a 

compressive preload, then translated from underneath, creating a tangential load on the 

cartilage surface.  
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Figure 3. Axial applied load for shear impaction. A. X-Y positioning jig with secured 

patella in PMMA mold. B. Schematic of X-Y jig secured to moving platform underneath. 

After the 500 N load is applied, the impactor is kept stationary as the tangential 

displacement takes place. For the angle shown above, the patella would be translated into 

the plane of the picture by the Instron second hydraulic loading frame (Figure 4).  

 

 

 

Axial applied load 

A B 
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Figure 4. Shear impaction set-up. A. The MTS loading frame on the right applies a 

ramped preload of 500N then remains stationary as the Instron loading frame on the left 

translates the moving platform 5 mm. The Instron and MTS machines are connected 

together with grip arms. B. A stop bar is bolted to the base of the MTS platform and 

ensures that the base translates the set distance.  

An axial preload of 500 N at a displacement rate of .05 mm/s was applied to the 

cartilage surface using the MTS hydraulic loading frame and after the peak load of 500 

N was reached, the displacement of the MTS actuator was held constant while the 

moveable platform was displaced tangentially underneath the impactor 5 mm at a rate 

of 200 mm/s in the radial direction creating the shear load. The purpose of shear 

impactions was to determine how dynamic shear influences initial damage and 

subsequent chondrocyte response. From preliminary work in our lab, axial peak loads 

of 500 N at displacement rates of .05 mm/s produced minimal macroscopic damage to 

the cartilage surface. A tangential displacement rate of 200 mm/s has been observed 

from previous work in our lab to create normal forces (axial-direction) that can reach 

the 2000N axial force recorded from the axial impactions. This may be due to the 

Stop 

bar 
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irregular topography of the cartilage surface or because the cartilage surface was at an 

angle and the impactor had to translate uphill. 

 

3.2. Development of Cartilage Multilayer Material Model 

3.2.1. Cartilage Hyperelastic Material Model: 

In order to understand the mechanical behavior of cartilage, a constitutive 

stress-strain material model was developed. A hyperelastic material model was selected 

because of its ability to describe nonlinear compressive and tensile behavior at large 

strains and because of its success in modeling the elastic response of biological tissues 

[23,57,105,106,111,144]. Hyperelastic materials are described in terms of a strain 

energy potential, U, which defines the strain energy stored in the material per unit of 

reference volume (volume in the initial configuration) as a function of the strain at that 

point in the material [1]. In order to develop the constitutive material model of articular 

cartilage, the tensile and compressive stress-stretch responses were determined. 

Tension and compression stress-stretch data from the surface, mid, and deep zones of 

cartilage were previously collected by a former student at a displacement rate of 25 

mm/s [120]. Stretch is engineering strain + 1, and is the nondimensionalized unit used 

to represent deformation in most hyperelastic strain density functions. Three zones of 
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cartilage were chosen to create a more accurate model of the disparity in material 

properties with depth from the cartilage surface.  

 

3.2.2. Tensile Test procedures: 

M. Prasath conducted the tension and compression work for his master’s thesis 

[120]. Rectangular sections, 15 X 4 mm, of cartilage attached to the subchrondal bone 

were cut from the most flat and smooth portion of the patella. Thin strips 120 μm thick 

were further cut from the tissue in the three zones for tensile testing. Classification of 

the sections into the different zones was done by taking the first 10% of the total 

number of sections in each block to be in the surface zone, the next 60% was regarded 

as the mid-zone and the last 30% were regarded as the deep zone. Rectangular tensile 

strips of cartilage measuring 15mm by 2mm were then obtained from each section. 

Each tensile strip was marked with evenly spaced dots 2 mm apart using tissue 

marking dye (Polysciences, Inc., PA) which served to mark the initial gage length. 

Testing was carried out at a displacement rate of 25 mm/sec to simulate the loading 

rate during our experimental impaction. A total of 30 specimens were obtained; eleven 

from the surface zones, eleven from the mid zones and eight from the deep zones. All 

specimens were oriented parallel to the split line axis and loaded to failure. 

Deformation of the specimen was measured using a high speed camera (Redlake 
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Motionscope, San Diego, CA) at 250 fps. The camera was used to obtain high speed 

images of the displacement of the ink dots on the specimen. Obtaining deformation 

data using this procedure eliminated errors due to slippage at the grips and machine 

and holder compliance. The difference in positions of the dots in the first image was 

taken as the initial length. Stress (σ) versus Stretch (λ) curves were obtained for all 

specimens from the dot position data and the force data using the formulas for stretch, 

λ = 
0L

L
 and σ = 

A

F
 where L is the current distance between the dots per frame, 0L is 

the distance between the dots in the first frame, F is the applied force and A is the 

original cross sectional area of the specimen.  

 

3.2.3. Compression Test Procedures: 

Cartilage plugs from each zone were tested in compression. Circular plugs of 

cartilage attached to the subchondral bone were obtained from the flattest portions of 

the patellae using a 5mm circular punch. Two slices, 120 μm thick were sectioned off 

the surface of the plugs using a sledge microtome.  These slices were considered to be 

in the surface zone. Subsequent slices were then made at 160 μm and these slices were 

divided into the mid and deep zone using the same method that was used for separating 

the tensile specimens by zone. From the 5 mm diameter slices, 2.75 mm diameter 
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cartilage compression specimens, were punched out, placed in saline and frozen at -80 

C to await testing. 

Individual specimen thickness were recorded by taking the initial position of 

the top plate in contact with the bottom plate and then placing in the specimen and 

recording the position of the top plate in contact with the specimen at a tare load of 2 g 

(0.02 N). The difference between the two positions of the actuator gave the thickness of 

the specimen. A total of 23 specimens from the surface zone, 23 from the mid zone and 

21 from the deep zone were tested in compression. Compressive stretch was calculated 

by dividing the current thickness by the initial thickness L0. Compressive stress 

calculations, σ = ,
A

F  where F is the applied force and A is the cross-sectional area, 

were carried out assuming that the specimens were perfectly circular. The cross-

sectional area was calculated using the formula for calculating the area of a circle,
4

2D  

where D, the initial diameter was taken to be 2.75 mm for all specimens. 

   

3.2.4. Hyperelastic Model Curve Fit: 

There are many different functions available in hyperelastic theory to model 

approximately incompressible isotropic elastomers such as rubberlike materials. The 

primary functions available in finite element programs are either variations of the 

polynomial (e.g. Mooney-Rivlin), reduced polynomial (i.e. Yeoh, neo-Hookean), or 
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Ogden function. An Ogden model was chosen over other hyperelastic functions 

because of its flexibility in fitting multiple experimental test data with minimal 

coefficients. The coefficients derived from the Ogden hyperelastic model [1,110] have 

shown favorable results when used to create a curve that fits tensile and compression 

data from cartilage (Figure 5) particularly over large deformations [90]. The Ogden 

hyperelastic model, as well as the other available functions in finite element programs, 

was described in terms of a strain energy potential, U, which is a function of deviatoric 

(shear) and volumetric components of the strain tensor. The deviatoric response of the 

material relates to deformation where a change in shape occurs without a change in 

volume, while the volumetric term relates to a change in volume without deformation. 

The general form of the Ogden formulation [1] is,  
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  Equation 1 

          

where the terms in the first summation make up the deviatoric component and the 

terms in the second summation make up the volumetric component of the strain energy 

potential. Within the strain energy function (U) λ1, λ2 and λ3 are principle extension 

ratios (ratio of current length and original length) or stretches in the principal direction. 

The parameters: μi and αi found within the deviatoric component are unknown and are 
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approximated by curve fitting 

the function to experimental 

stress-stretch data. D and elJ  

are the compressibility 

coefficient and elastic-volume 

ratio respectively.  

An assumption made 

for the cartilage material 

model is that it is 

incompressible. This means 

there is no change in volume when the material deforms corresponding to a Poisson’s 

ratio of 0.5. Cartilage is assumed to be incompressible because at high loading rates, 

the interstitial fluid which accounts for most cartilage deformation and viscoelasticity 

is held in place and is unable to move. Studies have shown Poisson’s ratio of cartilage 

to be greater than 0.4 at low strain rates [61] and increasing the rate significantly 

stiffened the cartilage [112,113,114] during uniaxial testing. Wong et al., [149] verified 

the assumption of cartilage incompressibility and determined a Poisson’s ratio of .49 in 

unconfined compression at fast loading rates. Therefore, with this incompressible 

Figure 5.Example of preliminary experimental stress 

stretch data for hyperelastic material fit. The 

calculated fit using the six terms in the table insert is 

shown as solid line.  
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assumption, the volumetric terms of the Ogden strain energy function were set to zero. 

This reduced the Ogden formulation to:  

 3
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  Equation 2 

 

Stress was calculated using the principle of virtual work by the equation 

. U   Equation 3 

         

For uniaxial tension and compression, which assumes pure homogeneous deformation, 

the principle stretches, , were expressed as   11
 where 




1
32  for an incompressible material. Therefore using the principle of virtual 

work, the equation for stress simplified to: 
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   Equation 4 

Equation 4 for stress was curve fitted to experimental compression and tension 

data using a weighted nonlinear least squares optimization algorithm in ABAQUS. The 

function to be minimized was the relative error measure, E, which is the difference 

between the fitted data and the experimental data:  
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     Equation 5 

w, is the weighted parameter, n is the number of data points, 
test
i

  is a stress value 

from the test data and 
th
i

 is the stress value derived from the Ogden formulation 

using the principle of virtual work. A weighted least squares algorithm was chosen 

because of the larger data variability in tension than in compression. Weights were 

calculated from the variance in stress using the following equation (Equation 6): 

vi

iw


1
       Equation 6 

where σvi is the variance in stress. In order to calculate the variance, the compression 

and tension data were broken up into intervals with three data points in them. For each 

interval, the three stress and stretch values were averaged. Thus, the compression and 

tension data for each zone (surface, mid, and deep) was divided by three and the 

dividend was the number of intervals. For example, Figure 6 shows plots of the total 

surface data and the reduced surface data averages. The reduced surface data plot 

contains 1/3 the values of the total surface data plot because the average stress is now 

plotted with respect to the average stretch.  
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Figure 6. Total and reduced surface compression and tension data used to determine curve 

fit. The total surface data is the complete data set from tensile and compression tests. The 

reduced surface data plot contains the averages of every three stretch and stress value. The 

standard deviation was calculated from each group of three and this was used to calculate 

the weights for the nonlinear least squares curve fit algorithm.  

 

The average stress values were then plugged into the following equation to determine 

the stress variances: 





3 )(

i

i
vi

n

x 
      Equation 7 

where xi is the stress,   is the average stress, and n is the number of stress values in 

each group. A program was created in FORTRAN (Compaq Visual FORTRAN 6) that 

created the reduced surface, mid, and deep data sets and calculated the weights using 

equations 6-7.  

The total number of material constants used to describe the stress-stretch 

relationship depended on the choice of the integer N (N=6 is the maximum allowed by 
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ABAQUS and results in a total of 12 material constants). The larger the value of N, the 

more variables the algorithm could adjust to achieve a better fit of the data. 

 An important consideration in judging the quality of the fit to experimental data 

is the concept of material or Drucker stability. The Drucker stability condition for an 

incompressible material requires that the change in the stress, d , following from any 

infinitesimal change in the logarithmic strain, d , satisfies the inequality: 

0332211   dddddd  for isotropic elastic materials. This requires the 

tangential material stiffness to be positive-definite [1]. We satisfied this requirement by 

requiring the hyperelastic function be monotonically increasing for every value of 

stretch within the stretch range of the material. This constraint is exemplified by the 

following equation: 
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    Equation 8 

 

  To impose this restriction on the curve fitting algorithm, the nonlinear 

constraint curve fitting software EASYFIT (Easy-Fit Model Design, Schittowski, K., 

Univ. of Bayreuth, Germany) was used. The reduced compression and tension data 

sets, with respective weights, were used as the experimental data input for EASYFIT 
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and the constraint (Equation 8) was imposed at intervals of .01 ranging from .2 to 2.5 

(domain of stretch values). One of the major drawbacks to using hyperelastic models 

was the fact that the accuracy of the model cannot be compared and verified with a 

known solution because there were no established hyperelastic materials with well 

defined material properties with which to test the procedure. 

 

3.3. Development of the Finite Element Model: 

Finite element analysis was performed using the software package ABAQUS 

(ABAQUS, Hibbett, Karlsson and Sorensen, Inc., Pawtucket, RI). This software was 

chosen because it allowed non-linear modeling capabilities including interface 

elements to allow for changing contact conditions and unrestricted motion between 

contact bodies. The axial and shear impactions were modeled as 2-dimensional quasi-

static problems using ABAQUS/Standard. ABAQUS/Standard solves a system of 

equations implicitly at each solution “increment” [1] and can automatically control 

iteration size for each problem. The problem was assumed quasi-static because inertial 

effects were considered minimal compared to the stiffness of the tissue.  
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3.3.1. Part and Mesh Definitions 

The finite element model consisted of two parts: an analytically rigid impactor 

and a deformable porcine patella. A 2-D plane strain model of the parts was used to 

represent a cross section in the middle of the impactor. Since plane strain was used, out 

of plane strain was considered zero. This was opposed to using plane stress 2-D 

analysis because out-of-plane dimensions were not significantly smaller than in-plane 

dimensions, thus assuming out-of-plane stress to be zero was inappropriate. To test the 

plane strain assumption, a 3-D model of the axial impaction was done with equivalent 

part, interface, mesh, and boundary condition definitions as the 2-D model. The stress 

and strain distribution from the middle cross section of the impactor in the 3-D model 

was compared to the 2-D results.     

The half-cylindrical impactor had a radius of 5 mm and was modeled as a rigid 

surface. The patella was represented as a deformable part and was partitioned into six 

homogeneous isotropic layers: trabecular bone, subchondral bone, calcified cartilage, 

and the three regions of cartilage: surface, mid, and deep. The total width of the patella 

block was 40 mm and the thicknesses of the subchondral bone, calcified cartilage, deep 

cartilage, mid cartilage, and surface cartilage were: .098, .011, .279, .395, and .119 mm 

respectively. The width and thicknesses were determined from histology measurements 

of porcine patella by a former student in our lab [153].  
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Figure 7. Axial (left) and shear (right) impaction part and boundary condition definitions. 

The impactor and cartilage on the left were modeled with a symmetrical axis at the center 

of impaction. The shear impaction was modeled fully. The tissue layers were created by 

partitioning the initial block. Boundary conditions were applied to the left and bottom of 

the axial impaction model. Boundary conditions were applied to the bottom and both 

sides in the shear impaction model.  

 

Second order 8 noded and 4 noded quadrilateral elements were used for the 

cartilage and bony tissue, respectively, in the model. Quadrilateral elements had better 

convergence for incompressible materials and second order elements allowed for better 

bending qualities and helped reduce the effect of hourglassing, which occurs for large 

deformation problems. Hourglassing is an artifact in finite element programs where 

elements shear but the reduced integration point in the middle of the element does not 

deform (thus no energy exists for the system); the displacement is assumed zero for the 

element. This distortion can be passed on to other elements and thus affects the 
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accuracy of the solution [1]. The cartilage elements were modeled as incompressible 

hybrid elements which mean a very small change in displacement produces large 

changes in hydrostatic pressure within the element. Hybrid elements do this by 

employing a Lagrange multiplier to add a hydrostatic term where a hydrostatic pressure 

can be added without changing the displacements [1].  

   

     

Figure 8. Top and bottom left figures show full meshes of the patella from the modeled 

axial and shear impactions, respectively. Areas in the red squared regions are enlarged in 

the right two figures for the axial and shear impaction, respectively. Meshed tissues layers 
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include the cartilage layers and the top of the bone. 8 and 4 noded quadrilateral plane 

strain elements were used for cartilage and bone analysis respectively.  

 

Element size and shape were dictated by how well the solution algorithm could 

handle large deformation. Consideration was taken into how the elements looked after 

load was applied to ensure completion of the model solution. The larger aspect ratio 

elements were oriented so that when compressed element distortion was reduced thus 

preventing divergence of the equilibrium solution. In the stiffer tissues farther away 

from the impaction zone such as the subchondral and trabecular bone, the number of 

elements was decreased since less deformation occurred there.  

To check the validity of the mesh for both impaction 

models a Hertzian contact analysis was run using the same 

nodal definitions as well as the same interface definitions. 

The finite element model was analyzed, statically, as a rigid 

cylinder compressed onto a flat surface similar to the diagram 

shown in Figure 9.  The only thing difference was that the 

cylinder was modeled as a half cylinder in the finite element model which did not 

affect the solution. All model elements (cartilage and bone) were given the same 

material properties of trabecular bone (E = 3.0 GPa, Poisson’s ratio = .3). The analytic 

solution (Equation 9) for the peak contact stress, σc, and width, b, followed the method 

P 

Figure 9. Hertzian 

Contact Diagram. 
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used by Timoshenko for contact between two deformable bodies [105]. Since linear 

elastic theory was used, a small load of 200 N was used to ensure a small contact area.  
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 To test the quality of the mesh, the mesh density was doubled and halved and 

the solution was compared. The mesh density for both impaction models was doubled 

until the solution reached a constant value. 

 

3.3.2. Material Property Definitions 

The linear elastic material properties of the bony tissues were taken from 

literature: trabecular bone: E = 3.0 GPa, υ = .3 [75]; subchondral bone: E = 2.30 GPa, υ 

= .3; and calcified cartilage: E = .32 GPa, υ = .3 [94]. The resulting Ogden hyperelastic 

constitutive models that were developed from tension and compression data for the 

three cartilage layers were entered in as the material models for cartilage. Using a 

hyperelastic material model involved making various assumptions about our model. 

Cartilage is an anisotropic, heterogeneous material, but our hyperelastic model 

assumed that the material was isotropic and homogenous. We were accounting for 

some of the heterogeneity by dividing the cartilage layer into three regional material 



46 

 

models through the thickness. While cartilage is known to have different material 

properties perpendicular and parallel to the split line direction, the isotropic assumption 

has been widely accepted and shown considerable success for articular cartilage 

modeling in previous viscoelastic studies [138] under certain loading conditions mainly 

rapidly applied loads. 

 

3.3.3. Load and Boundary Condition Definitions: 

To prevent rigid body motion of the patella part when the load was applied and 

simulate the securing of the patella in the PMMA mold, the bottom edge of the bone 

had zero displacement and rotation along the x, y, and z axes (Figure 7). To simulate 

the axial impactions, the model was broken into two steps: initial contact and 

impaction. During initial contact a small displacement (1E-8 m) was applied in the 

negative y direction toward the patella to initiate contact. A small displacement was 

chosen so minimal deformation takes place but initiates contact between two parts 

before force control is used by the solution algorithm. This method helped to initiate 

contact convergence. For the impaction step, the impactor moved in the negative y 

direction towards the patella, without rotation, until a ramped force of 2000 N was 

reached. The shear impaction was broken into three steps: initial contact, axial 

impaction and shear translation. Initial contact was similar to the axial impaction 
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model. For the axial impaction step, a ramped load of 500 N was applied in the 

negative y or axial direction toward the patellar surface. The shear impaction step 

consisted of two parts: translation in the radial direction 5 mm and restrictions of 

displacement in the axial direction and in-plane rotation.  

For the axial impactions, a plane of symmetry was used at the center of 

impaction (Figure 7). This helped reduce the number of nodes and computation time. 

At this plane of symmetry, displacement in the x direction was equal to zero.  For the 

shear impaction the full cross section was modeled because of translation in the radial 

direction.  

 

3.3.4. Validation of Multilayered Finite Element Model 

 Once the mesh, contact parameters, and analysis procedure were verified, the 

next step determined the accuracy of the nonlinear material model in conjunction with 

large strains. Since, cartilage is a nonlinear and nonhomogeneous tissue, the contact 

area and stress resulting from the impaction model could not be solved analytically. 

Validation would need to be determined experimentally. Pressure film, a popular 

method used to validate contact problems because of its affordability, ease of use, and 

allowance for detection of high loads with minimal disruption of the experimental 

impact, was used to quantify the contact stresses and areas on the articular surface of 
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the patella. These values were compared to the values predicted by the finite element 

model as validation of our multilayered quasi static model. When pressure is applied to 

the film, microcapsules are broken forming a red color impression in varying density 

according to the amount of pressure. Thin strips of high pressure range pressure film 

(Sensor Products Inc) were sealed in plastic wrap to keep them dry, and then placed 

directly on top of the cartilage surface directly below the impactor. Accurate 

measurement of peak local contact pressures were dependent on not exceeding the 

saturation threshold of the film and making sure minimal patella movement occurred 

during the impaction. High grade pressure film captured stress readings between 48 – 

131 MPa which were shown to include the stress range from the axial impactions. The 

axial impactions followed the same procedures as the axial impaction injury model 

methods described earlier in the methods section.  

Once the impactions were complete, the pressure film was removed from the 

plastic wrap seal and digitally scanned at 1200 dpi grayscale (CanonScan 5000). 

Scanned images were analyzed using the computer-based image analysis software, 

Metamorph (Metamorph, Medical Devices, Toronto, Canada). Three values were 

obtained from pressure film: peak contact stress, contact area, and contact width. To 

determine peak contact stress, a linescan through the middle of the impaction imprint 

length (Figure 10A) was drawn. The averaged pixel intensity along that line was then 
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compared to intensity values from scanned correlation swatches to determine the 

respective stresses. Contact area and width were determined from lines drawn through 

the middle (Figure 10 B) and around the perimeter of the imprint contact area.  

There are disadvantages to using pressure film for 

stress verification. These include the limited response range, 

presence of artifact, and sensitivity to shear forces. We made 

every effort in our study design to minimize these potential 

disadvantages by aiming for flat cartilage surfaces and using 

the right pressure film range. Since pressure film is 

susceptible to shear stress, a correlation analysis test was 

used to determine if the pressure film contact stress values 

were correlated to shear forces recorded from the impactions. 

 The axial forces recorded from the piezoelectric load 

cell during the pressure film tests were averaged and this 

averaged force was entered into the finite element model as the impactor force. A 

mathematical routine was developed in Matlab to compute the sum of the squared 

residuals (Equation 10) or differences between the finite element model and pressure 

film contact stress when analyzing cross sections of the impact. R is the sum of the 

residuals, N equals the total number of data points from the pressure film width 

Figure 10. Imprint of 

pressure film. A. 

Linescan drawn through 

length to determine 

peak stress and B is 

linescan drawn to 

determine contact 

width.   
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linescan, SPF are the pressure film stresses and SFEA are the finite element model stress 

values.  

 








 


N

i PF

FEAPF

S

SS
R

2

   Equation 10 

 

3.3.5. Incorporation of Friction  

 Axial impactions from previous literature usually assume a frictionless contact 

surface in their finite element models due to cartilage’s low coefficient of friction. For 

our axial impactions, the cartilage interface properties were assumed frictionless also. 

For the shear impaction finite element model, shear would be added and scaled up to 

match the radial direction reaction force recorded during the shear impactions. 

Coloumb’s law (Ffr=µFN), which relates the normal force, FN, to the friction force, Ffr, 

by a friction coefficient, µ, was used to determine an initial approximation of the 

coefficient of friction. The coefficient of friction was calculated by averaging the ratio 

of the recorded radial shear force and the axial force during the tangential displacement 

phase of the shear impaction. This initial coefficient of friction value was then entered 

into the finite element model as a penalty kinetic coefficient of friction. The value was 

then adjusted until the tangential reaction forces from the model matched the average 

radial shear force recorded from the impactions.   
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3.4. Histology Procedures 

3.4.1. Patella Culture 

Following impactions intact patellae were washed three times in PBS with 

antibiotics and placed in 100x80 mm Pyrex dishes that allowed them to be completely 

immersed in culture media: Delbeco's MEM/Ham’s F12 with 10% fetal calf serum, 

ascorbic acid (25 μg/ml), and antibiotics (penn.100 units/ml, strep.100 μg/ml, and 

amphotericin B 25 μg/ml). Patellae were incubated at 37°C, in a humidified incubator 

with 5% CO2 for 0, 3, 7 or 14 days. Media was changed daily and culture dishes were 

constantly agitated on a rocking shaker. 

 

3.4.2. Histology Procedures 

 Axially impacted articular cartilage tissue has been examined histologically by 

former students in our lab [85] to quantify chondrocyte death and proteoglycan loss as 

a function of distance from the center of impaction and depth. Tissue was stained for 

cell viability with 0.5 mg/ml 3-[4,5-dimethylthiazol-2-yl]-2,5-diphenyltetrazolium 

bromide (MTT). Measurements were made at the center of the impaction (r = 0), r/2 

(.89 mm), r (1.79 mm), and 2r (3.58 mm) where r is the contact radius determined from 

pressure film. Photographs running from the surface to the tidemark were montaged 

together to create full thickness strips at each radial position. An example of the final 
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result is shown in Figure 11 (Figure 11 c). The strips were subdivided into six zones; 

surface, mid, and deep (Figure 11 b).  

 

 
Figure 11. A. Impact geometry showing the contact radius. B. Location where histology 

measurements were made. C. Montages of MTT stained cartilage tissue showing strip 

taken at each radial position from a control patella. 

 

Aggrecan Staining - Sections were post fixed in formalin and stained with Safranin-O. 

The staining intensity was analyzed using the method of Shimizu et al. [133] and 

Puustjarvi et al. [122]. The average pixel intensity on the red channel in each of the 

regions shown was used as a measure of aggrecan distribution. Gaps in the tissue 

(associated with tissue cracks or cutting artifact), or tissue overlap were excluded from 

the average pixel intensity calculation.  

 

 

 

C 
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3.5. Statistical Analysis 

Correlations between mechanical stresses and strains and cell death and 

proteoglycan loss were determined from the axial impactions only. Genetic data and 

histology data from the shear impactions was not completed in the time frame of this 

project. Von Mises stress, maximum and minimum principal stress, shear stress, and 

respective strains were predicted from the finite element model for each of the tissue 

regions that were measured in the histological sections. An analysis of covariance was 

conducted with mean percent cell death and normalized proteoglycan stain intensity as 

the dependant variable; stress and strain as the continuous variables; and culture day as 

the categorical variable using the statistical software JMP (Version 5, SAS Institute 

Inc., Cary, North Carolina). 
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Chapter 4 

Results 

4.1. Axial and Shear Impaction Results 

 A total of 42 axial and 38 shear impactions were used for data analysis. Six 

axial and 10 shear impaction data sets could not be used because of excessive patellar 

movement during the impaction or mechanical equipment errors. Excessive patellar 

movement was caused by the mold or patella not being secured tightly to prevent rigid 

body movement. Figure 12 and Figure 13 show examples of axial and shear force 

(longitudinal and radial) curves from separate axial and shear impactions recorded by a 

3 degree of freedom piezoelectric load cell that was in series with the impactor. In each 

plot of the axial force (Figure 12A and Figure 13A) peak loads were close to 2000 N. 

The axial impaction (Figure 12A and B) shows a ramped loading phase as the impactor 

contacts the patella with the MTS actuator moving at 25 mm/s followed by an 

unloading phase where the MTS impactor is moving in reverse at 200 mm/s. The shear 

impaction force data (Figure 13A and B) shows the axial load of 500 N applied during 

the preload phase (Figure 13A) with the actuator moving at .05 mm/s, followed by a 

spike in the axial (Figure 13A) and shear force (Figure 13B) curves during the shear 

impaction phase as the patella was translated horizontally at 200 mm/s by the second 

hydraulic loading frame. This spike in the shear impaction force curves (Figure 13A 
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and B) is a direct result of the horizontal translation of the patella. As the patella is 

compressed into the cartilage surface it has to overcome tissue deformation outside the 

impact area resulting from lateral expansion, thus causing this increase or spike in 

recorded load.  

Axial Impaction - Applied Normal Force

-2500

-2000

-1500

-1000

-500

0

0 20 40 60 80 100
Time (msec)

A
x
ia

l 
F

o
rc

e
 (

N
)

Axial Impaction - Applied Shear Forces

-400

-300

-200

-100

0

100

0 20 40 60 80 100
Time (msec)

S
h

e
a

r 
F

o
rc

e
 (

N
)

 
Figure 12. Data from axial impaction applied at a rate of 25 mm/s to 2000 N. Plot in A 

shows recorded axial forces while the graph on the right shows transverse forces recorded 

in the longitudinal (blue) and radial (red) direction. 
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Figure 13. Data from the shear impaction. A preload of 500 N was load applied at .05 

mm/s during the ramped preloading phase before the shear load took place. At the end of 

the 500 N preload, a spike in the normal and shear force occurred during the shear 

impaction phase. Shear force plot in B. is a zoomed in window of the spike in the shear 

force curve which explains why the time is shorter than the axial force curve plot in A. It 

is important to note that the time the increase and decrease in shear forces occurs (~60 

ms) is similar to the ramped loading phase time recorded in the axial impaction. 
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The cartilage surface was not always flat and directly parallel to the impactor. 

Adjustments were made by eye to correct for unevenness between the impactor and 

articular surface before impaction. Nonetheless, shear forces were still recorded during 

the axial loading phase for both axial and shear impactions. The radial shear forces over 

the entire impaction were larger in the shear impactions than the axial impactions. Figure 

12B and Figure 13B show examples where the radial shear forces from the shear 

impaction were much larger than the axial impaction while peak axial forces were 

more comparable. For the entire impaction data set (42 axial and 38 shear), peak axial, 

radial, and longitudinal force were compared between the two types of impactions 

using a t-test with a significance level of p<.05 (Figure 14).  
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Figure 14. Scatterplot showing the statistical average of the axial forces in Newtons (N) 

recorded from piezoelectric load cell during axial (left) and shear (right) impactions. Axial 

impaction axial forces were significantly higher than axial forces recorded from the shear 

impactions (p<05).   

 

 

Significantly higher average axial forces (-2076 ± 61 N) were obtained from the axial 

impactions compared to the shear impactions (-971 ± 63 N) (p< .001). Radial shear 

forces (force ± S.D.) were significantly larger in the shear impactions (185 ± 140 N) 

compared to the axial impactions (90.54 ±141 N) (p< .0002) while longitudinal forces 

were significantly larger in the axial impactions (104 ± 80 N) than in the shear 

impactions (70.2 ± 39 N) (p<.0207). 
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Figure 15. Scatterplots showing the radial (A) and longitudinal (B) shear forces recorded 

from the axial and shear impactions in Newtons (N). In plot A, radial shear forces were 

significantly larger in the shear impactions compared to the axial impactions. In plot B, 

longitudinal shear forces were significantly larger  in the axial impactions that the shear 

impactions.  

    

 Comparing the axial, radial, and longitudinal shear force curves from the axial 

impactions, the curve shape showed little variance between the test samples and 

resembled the desired force curves presented in Figure 12. However, the shear 

impaction force curves were not as consistent between samples. Different trends were 

observed in the axial, radial and longitudinal force response during the shear impaction 

phase after application of the 500 N preload (Figure 16). For most shear impaction 

samples, the force would ramp up to a maximum force during the shear impaction 

phase (Figure 16A). In some tests, after ramping up to 500 N, the axial force would 

decrease then ramp up very quickly to a peak force before returning back to zero at the 

A

. 

B

. 
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end of the impaction (Figure 16B). In other tests, the force would not increase at all 

after application of the ramped 500 N preload. These trends observed in the axial force 

were also observed in both the radial and longitudinal shear force curves (data not 

shown). 

 

Figure 16. Shear impaction force curves recorded in the axial direction from two different 

shear impactions where variance in curve shapes is clearly shown. The x-axis is in 

seconds. The first curve (A) shows how the force increased after the initial 500 N ramped 

preload during the shear impaction phase. The second curve (B) shows how the force 

magnitude dips then increased directly after application of the 500 N preload. The 

maximum forces recorded from the impactions were respectively: 2312 and 686 N. 

 

A 

B 
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4.2. Cartilage Multilayer Material Model Results 

4.2.1. Tension and Compression Results 

  Figure 17 shows the tension and compression data that was recorded by Prasath 

Mageswaran’s [120]. Both tension and compression data exhibited a nonlinear 

response and stiffening with increasing strain which is typical of biological tissues. 

With the exception of nine surface zone specimens, the stress-stretch plots of most of 

the specimens tested showed a toe region followed by a relatively linear region in their 

stress-stretch plots. Compression and tension tests were stopped at the maximum load 

of the 500 gram load cell. In tension, failure in the surface zone occurred in all 23 

specimens with stress levels ranging from 5.91 – 16 MPa and with most of the failure 

occurring at a strain level of approximately 65%. Only 5 out of 23 specimens failed 

from the mid zone with failure stresses ranging from 0.95 – 8.77 MPa and a strain level 

of approximately 120% in tension. For the deep zone, only one specimen out of 23 

failed with a failure stress of 7.57 MPa. Specimens from the deep zone exhibited 

stretch ranging from 2.02 to 2.82. The mid zone specimens had a maximum stretch 

range of 1.65 to 2.53 while the surface specimens had a range of 1.19 to 2.65. There 

were no significant difference (p=0.45) in the maximum stretch attained by the deep 

zone when compared to that of the mid zone; however, there were significant 
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differences in maximum stretch attained by specimens from the surface zone when 

compared to the deep zone (p<0.002) and mid zone (p<0.003). 
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Figure 17. Uniaxial tension and compression data from the three cartilage layers.  
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 In compression, specimens from the deep zone showed significantly (p<0.015) 

greater compressive strains, -0.49 ± 0.13, than specimens from the surface zone, -0.38 

± 0.12, and mid zone, -0.39 ± 0.14.  

 

4.2.2. Hyperelastic Strain Energy Function Curve Fit Results: 

 The computationally determined best fit Ogden functions were plotted with the 

compression and tension data values in Figure 18 for the three cartilage layers. N=6 

parameters provided the best fit for the surface values and N=5 provided very good fits 

for the mid and deep region. For the surface layer, the computational and experimental 

results match well from a stretch of .5 to 2. For the mid and deep region, the 

computational and experimental results match well for a stretch range of .4 to 2.5.  
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Figure 18. Stress and stretch data plotted with the line of best fit for the surface, mid, and 

deep regions of cartilage.  
 

The parameter values obtained from the curve fit program EASYFIT (EASYFIT, 

Schittowski, 2007, University of Bayreuth, Germany) with slope constraints to achieve 

the plots in Figure 18 for the three cartilage regions are shown below in Table 1. The 

parameters mu (µ) and alpha (α) were from the Ogden hyperelastic strain energy 

equation: 
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Table 1. Parameter Values mu (µ) and alpha (α) for Surface, Mid and Deep Cartilage 

Layers 

Surface Parameters Mid Parameters Deep Parameters 

mu alpha mu alpha mu  Alpha 

2.11E+07 9.70E-01 2.11E+07 -2.02E-02 2.24E+07 -9.66E-02 

-3.95E+07 2.16E+00 -3.95E+07 7.26E-01 -4.07E+07 2.98E-01 

1.99E+07 3.41E+00 1.99E+07 1.51E+00 1.93E+07 8.59E-01 

2.14E+05 -3.36E+00 2.14E+05 -3.78E+00 3.51E+05 -3.31E+00 

-1.53E+06 -2.69E+00 -1.53E+06 -2.49E+00 -9.12E+05 -2.72E+00 

-1.51E+04 -8.19E-01     

 

4.2.3 Axial Impaction Finite Element Model Mesh Validation 

 The hyperelastic parameters presented in Table 1 were entered into the finite 

element model as hyperelastic material models for the three cartilage layers. After a 

mesh was created that ensured completion of the axial impaction solution, the mesh 

density was then continuously doubled until the change in the nodal solution was less 

than 1%. The first and final mesh element and node totals are listed in Table 2 with the 

solution for peak contact stress. The final number of nodes and elements to accomplish 

the final solution was 453,816 and 150,996 respectively. To further validate the mesh 
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density for the axial impaction, Hertz contact theory was used. All the cartilage and 

bony layer tissues were changed to linear elastic with an elastic modulus of .32 GPa 

and a Poisson’s ratio of .3. The peak contact stresses calculated from the Hertz contact 

model and predicted by the finite element model are shown in Table 3 for three loads: 

100, 200, and 2000 N. The percent difference between the finite element model and 

analytic peak contact stress were less than 1% for the 100 and 200 N loads and less 

than 3% for the 2000 N load.  

 

Table 2. Convergence of Finite Element Model Solution for 2000 N Load With Respect 

to Varying Mesh Density 

Model Name Peak Contact Stress (MPa) % Difference elements nodes 

Axial Impaction 1 -69.3  9,907 29,940 

Axial Impaction 2 -69.9 .9 150,996 453,816 

 

Table 3. Axial Impaction Model and Hertz Contact Comparison 

Force (N) 

Hertz Peak 

Contact Stress 

(MPa) 

Finite Element Model Peak 

Contact Stress (MPa) % Diff 

100 14.97 14.98 0.0 

200 21.18 21.2 0.1 

2000 66.97 68.91 2.8 
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To ensure infinitesimal strain (contact area << impactor radius), the contact area 

resulting from the 2000 N load was checked and was well below the radius of the 

impactor (by less than 1%).   

 

4.2.4. Axial Impaction Finite Element Model Pressure Film Validation 

 A total of 27 pressure film tests were completed. The pressure film results and 

predicted results are compared in Table 4. The average axial recorded force from the 

pressure film impactions was 2156.9 ± 297.2 N and this value was entered into the 

axial impaction finite element model as the load.  

 

Table 4. Pressure Film – Axial Impaction Finite Element Model Comparison 

 Pressure Film Results Finite Element Results % Difference 

Contact Stress (MPa) 76.88 ± 20.61 75.04 -2 

Contact Area (mm2) 23.9 ± 5.2 19.9 -16.7 

Length (mm) 9.1 ± .8 10 9 

Width (mm) 2.8 ± .9 2.0 -42 

 

The peak stress predicted in the center of impaction from the multilayered axial finite 

element model was within 2% of the values determined using pressure film. However, 

there was a considerably larger difference in contact area, width, and length. This was 

due to curvature of the patellar cartilage surface. In some cases, the full length of the 

impactor did not make contact with the cartilage surface because the patellar surface 
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was convex resulting in a larger cross section in the middle of the impaction region and 

smaller cross sections at the ends of the impaction (Figure 19B). In other cases, the 

patellar surface was concave resulting in pronounced end effects as stress 

concentrations developed at the edges of the impactor while the middle cross section 

was thinner. This meant force was applied to a nonuniform contact area (Figure 19A). 

                         

Figure 19. Examples of pressure film imprints resulting from axial impaction showing 

different areas that could result. A. Impaction 17, Force: 2114 N, width: .00285m B. 

Impaction 25, Force: 1583 N, width: .002943m. In A, the entire length of the impactor 

can be seen. In B, the entire length of the impactor did not make contact. 

 

Conversely, the finite element model assumed a uniform contact width throughout the 

length of the impactor. Since the pressure film accuracy range is from 48-138 MPa, the 

width values calculated from the finite element model were only from nodes that 

corresponded to stress values 48 MPa and higher. The pressure film width range was 

A B 
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from 0.91-4.99 mm, thus the finite element width values were well within the pressure 

film values. The length values from the pressure film tests were closer to the finite 

element model values (Table 4).  

 Figure 20 shows two 2-D cross sections of stress along the contact surface 

comparing the finite element model contact stress results and the pressure film results 

from two separate pressure film tests. The finite element contact stress results are stress 

values predicted at the nodes along the contact surface. For the pressure film cross 

sections, contact stress was calculated from a line drawn through the middle of the 

pressure film imprint similar to methods outlined in the methods section (Figure 19). 

The stress profile predicted by the finite element model was thinner overall compared 

to the width from the pressure film. For these two examples, the middle of the 

impaction was larger than the impaction ends. To help quantify the degree of 

correlation between the numerical and experimental contact stress results, the sum of 

the squared differences (residuals) between the model and pressure film stress was 

computed. The average squared sum of residuals for the 27 impactions was 165.95 ± 

27 MPa which was comparable to another impact injury model of cartilage that used 

pressure film as validation of their model [82].  

 Given the concave patellar surface, the effect of shear forces on the pressure 

film results was determined using a correlation test. Very weak correlations existed 
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between longitudinal shear force and pressure film stress, r= -.13, but a greater 

correlation was observed between radial shear force and pressure film stress, r= .41. As 

a result, the effect of shear at the cartilage surface and its contribution to increased 

contact area and stress during the axial impactions cannot be ruled out. 

 

 

Figure 20. Plot of the cross section from the axial impactions comparing the contact 

stresses from the pressure film (crosses) and the finite element model (circles).  

 

4.3. Axial Impaction Finite Element Model Stress Strain Results: 

 Stress and strain data for all contour plots were analyzed at the cartilage 

thickness regions 1-6 and radial positions 0 (impact center) – 2R (2 contact radial 

positions from impact center) where R is the radius of the contact region. The radius of 

the contact region was measured from pressure film data to be 1.79 mm from previous 

work in the lab [85]. These positional designations were made to coincide with the 
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histology data locations, explained in the methods section (Figure 11). The surface 

cartilage layer was the top 20% of the total cartilage thickness, which included 

thickness regions 1 and 2. The mid cartilage layer was the next 40% of the cartilage 

thickness, which were thickness regions 3 and 4. Lastly, the deep cartilage layer was 

the bottom 40% of the cartilage tissue, thickness region 5 and 6. The radial distances 

from the plane of symmetry in the finite element model were: impact center (R = 0), 

R/2 (.89 mm), R (1.79 mm), and 2R (3.58 mm). The radial distances are superimposed 

upon the mesh of the cartilage layers in ABAQUS (Figure 21). 

 

Figure 21. Mesh of the cartilage layers from the finite element axial impaction model. The 

radial distances from the impact center are superimposed on the mesh. R equals the radial 

distance of 1.79 which was determined from pressure film.  

 

4.3.1, Multilayered Finite Element Model Strain Results   

 To quantify the deformed mechanical behavior predicted by the finite element 

model, Figure 22 and 23 show a contour plot of the maximum and minimum principal 

logarithmic strain distribution predicted in the cartilage layers. Due to the large 

0 R 
2R 

R/2 
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deformation within the material, ABAQUS uses the notation natural logarithmic strain 

instead of stretch. Only the cartilage layers are shown in the figures and not the 

underlying bone layers.  

 

 
Figure 22. Contour plot of maximum logarithmic principal strain predicted from the axial 

impaction finite element model. Maximum tensile strain was predicted in the deep layer 

near the cartilage bone interface (dark red region) directly peripheral to the plane of 

symmetry. Peak tensile strain is identified by black arrow.  

 



73 

 

 

Figure 23. Contour plot of the minimum principal strains predicted from the axial 

impaction finite element model. Peak values of compressive strain (dark blue) also 

occurred in the deep cartilage region, R/2 radial positions away from the center of 

impaction. Peak compressive region is identified by black arrow.  

 

  

 In Table 5 the peak principal compressive and tensile logarithmic strain 

predicted from the finite element model were converted to stretch and compared to the 

peak tension and compression stretches from the uniaxial tension and compression 

tests.  Overall, the results predicted by the multilayered model resulting from a 2000 N 

applied load were beyond the stretch magnitudes of the tension and compression data. 

The highest disparity in strain occurred in the deep layer where the predicted stretch 

was more than twice as large as the experimental tensile stretch. 
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Table 5. Experimental Data - Finite Element Model Stretch Range Comparison for 2000 

N Load 

 Experimental Tension/Compression 
Stretch Magnitudes 

FEA Max Stretch Results 
@ 2000 N Load 

Cartilage 
Layer 

Maximum 
Compressive Stretch 

Maximum 
Tensile Stretch 

Minimum 
Principal Stretch 

Maximum  
Principal Stretch 

Surface .5 2.2 .29 3.4 

Mid .4 2.5 .23 4.3 

Deep .3 2.6 .14 7.3 

 

 Since the model at 2000 N exceeded the stretch range of the cartilage tissue 

layers, the model was run with smaller loads to determine which load applied to the 

impactor would create cartilage deformation that fell within the stretch range measured 

from the compression and tension tests.  The axial finite element model was run with 

the axial loads: 250 N, 500 N, and 1000 N loads. The following figures (Figure 24-

Figure 26) show contour plots of the maximum principal logarithmic strain distribution 

predicted by finite element model with 250, 500, and 1000 N applied loads, 

respectively. What is important to note is the consistency in the strain distribution 

predicted for all three loads. Peak tensile strains were predicted in the same region: the 

deep cartilage layer, adjacent to the cartilage bone interface, for all three axial load 

magnitude conditions. The deep cartilage region had the lowest tensile modulus of all 

three cartilage layers (Figure 17). The only difference between the strain distribution 

plots were the areas and the magnitudes. The magnitude of the logarithmic strain 

increased by 40% between the 250 N load model (Figure 24) and the 1000 N load 
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model (Figure 26). The maximum tensile and compressive logarithmic strain values 

predicted by the 250, 500, and 1000 N load axial impaction models for the three 

cartilage layers were converted to stretch and listed in Table 6. For the 500 and 1000 N 

loads, the stretch values were outside the material property compression and tension 

stretch range listed in Table 5. With a 250 N applied load, however, the stretch values 

were within the tension compression stretch range but very close to failure in tension in 

the deep cartilage layer. This would imply that loads larger than 250 N would cause 

some form of cartilage damage. In fact cartilage damage was observed from the 2000 

N experimental axial impactions in the form of cracks. 

 

Figure 24. Contour plot of maximum principal logarithmic strain predicted from the axial 

impaction finite element model with a 250 N applied load.  
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Figure 25. Contour plot of maximum principal logarithmic strain predicted from the axial 

impaction finite element model with a 500 N applied load. 

  

 

Figure 26. Contour plot of maximum principal logarithmic strain predicted from the axial 

impaction finite element model with a 1000 N applied load. 
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Table 6. Finite Element Strain Range at 250, 500 and 1000 N Applied Load 

Finite Element Model Stretch Range Comparison @ 1000 N 

Cartilage Layer 
Minimum Principal 

Stretch 
Maximum Principal 

Stretch 

Surface 0.386 2.59 

Mid 0.294 3.4 

Deep 0.195 5.11 

   Finite Element Model Stretch Range Comparison @ 500 N 

Cartilage Layer 
Minimum Principal 

Stretch 
Maximum Principal 

Stretch 

Surface 0.474 2.11 

Mid 0.426 2.34 

Deep 0.278 3.6 

   Finite Element Model Stretch Range Comparison @ 250 N 

Cartilage Layer 
Minimum Principal 

Stretch 
Maximum Principal 

Stretch 

Surface 0.523 1.91 

Mid 0.482 2.07 

Deep 0.378 2.54 

 

4.3.2. Multilayered Finite Element Model Stress Results: 

 The contour plots (Figure 27 to Figure 32) show the stress distributions 

throughout the cartilage thickness predicted by the multilayered finite element model 

resulting from the 2000 N applied load. Again, only the cartilage layers were 

represented in the contour plots. Figure 27 shows the deformed mesh and contour plot 

of the vertical stress (S22) distribution throughout the cartilage tissue. At the center of 

impaction, the vertical compressive stress was at its highest (dark blue region). Outside 
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of the contact radius, the stresses were tensile (red). This trend was also observed for 

all other loads (250 to 2000 N). The largest vertical compressive stress, 75.04 MPa, 

occurred in the center of impaction directly adjacent to the plane of symmetry, which is 

a trend most of the other stress variables exhibited.  

 The other stress tensor variables examined were the Von Mises equivalent, 

Tresca, maximum and minimum principal and equivalent pressure stress. The Von 

Mises stress is defined as a function of the deviatoric stress tensor and the equivalent 

pressure stress. Tresca is the maximal principal shear and is defined as the difference 

between the principal stresses. The pressure stress is defined as one third of the trace of 

the deviatoric stress tensor which is equivalent to the hydrostatic stress. The strain 

tensor variables examined were the maximum and minimum principal strain. These 

stress tensor variables are plotted on the undeformed mesh in Figure 28 to Figure 32. 
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Figure 27. Contour plot showing stress predicted in the vertical direction by the axial 

impaction finite element model. The maximum compressive stress was at the plane of 

symmetry (darkest blue region). All three cartilage layers are shown including the 

calcified cartilage and bony layers. The cartilage layers experienced the most deformation 

compared to the bone. 
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Figure 28. Undeformed mesh contour plot of the Von Mises stress predicted by axial 

impaction finite element model. Only the three cartilage layers are shown (also in 

subsequent plots). The highest predicted equivalent stresses were found in the surface 

region within the center of impaction. The surface layer can be demarcated by the greater 

mesh density.  
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Figure 29. Contour plot of the maximum principal stress predicted by the axial impaction 

finite element model. Maximum principal stresses occurred in the surface layer in the 

center on impaction (dark red region).  

 

 

Figure 30. Contour plot of the minimum principal stress predicted by the axial impaction 

finite element model. Maximum principal stresses occurred in the surface region in the 

center of impaction (darkest blue region).  
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Figure 31. Contour plot of Tresca stress predicted by the axial impaction finite element 

model. This shows the maximum shear that occurred within the cartilage tissue. 

Maximum shear occurred within the surface layer directly in the center of impaction. 
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Figure 32. Contour plot of the equivalent pressure stress predicted by the axial impaction 

finite element model. Maximum pressure stress regions were predicted in the deep layer 

and mid layer near the surface-mid interface in the center of impaction.  

 

Maximum compressive and tensile stresses, 83.2 and 132.3 MPa respectively were 

both predicted in similar locations in the surface layer within the center of impaction 

(Figure 29, Figure 30). The tensile stress indicates the resistance to lateral expansion 

during compression. Maximal shear stress in the cartilage from the Tresca contour plot, 

215.1 MPa, was also predicted in the surface region (Figure 31).   

 Figure 33-Figure 36 show average values of the stress tensor values predicted 

by the multilayered finite element model plotted with respect to each cartilage 

thickness layer (1-6). Each plot represents one of the four radial positions (0, R/2,R, 

and 2R). At radial position 0, the highest average Von Mises (177 ± 10.1 MPa), 

maximum principal (101 ± 7.54 MPa), minimum principal (-79.8 ± 3.15 MPa), and 

Tresca (181 ± 10.3 MPa) stress predicted by the model were located in the top surface 

region (thickness layer 1) (Figure 33). These same peak average predicted stresses 

were also the highest values predicted for all radial positions. The peak average Von 

Mises and Tresca stresses were higher than the other stress variables and decreased 

with distance from the cartilage surface. Minimum principal stress (compressive stress) 

showed a more gradual decrease in value from thickness layer 1 – 6. Both principal 
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stresses were compressive in the mid layer as maximum principal stress decreased 

from surface layer 1 to 3 and became compressive in layers 3 and 4 (mid cartilage 

layers). It also reached its lowest value in depth layer 6 (Figure 33). The equivalent 

pressure stress or hydrostatic stress was the only variable to increase with distance 

from the cartilage surface. Its highest average value was in depth layer 6 (16.9 ± 1.47 

MPa) (Figure 33).   

 

 

Figure 33. Plot of average Von Mises, maximum principal (P. Max), minimum principal 

(P. Min), Tresca and pressure stresses from the surface (1-2), mid (2-3), and deep 

cartilage layers (5-6) at the center of impact. Maximum tensile, compressive and shear 

stress for the entire cartilage layer occurred at this radial position in the top surface region 

(1).  
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 At radial position R/2 and R, the average stress variables exhibited the opposite 

response compared to radial position 0 (Figure 34, Figure 35). Stress values were at 

their highest in the deep cartilage layer (thickness layer 6). For radial position R/2, 

peak values were: Von Mises (47.7 ± 1.42 MPa), maximum principal stress (9.98 ± 

7.01 MPa), minimum principal stress (-40.1 ± 10.3 MPa), Tresca (50.0 ± 16.2 MPa), 

and pressure (21.6 ± 4.18 MPa). Maximum and minimum principal stress were both 

compressive in the mid layers at this radial position also. At radial postion R, peak 

values were: Von Mises (28.3 ± 7.91 MPa), principal maximum stress (11.3 ± 3.59 

MPa), principal minimum stress (-17.9 ± 4.2 MPa), Tresca (29.2 ± 7.69 MPa), and 

pressure (7.53 ± 1.85 MPa). 
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Figure 34. Plot of Von Mises, maximum principal, minimum principal, Tresca and 

pressure stresses from the surface to the deep layer at a half radial distance from the center 

of impaction. All stresses had peak values in the deep region.    
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Figure 35. Plot of Von Mises, maximum principal, minimum principal, Tresca and 

pressure stresses from the surface to the deep region at one radial distance from the center 

of impaction. Peak stress values here occurred in the deep cartilage layer.  

 

 Two radial positions away (2R), the stress variables showed little variation 

through the thicknesses (Figure 36) and were at their lowest value. Values were largest 

in the top surface (1) or bottom deep layer (6) and reached minimum values in the mid 

cartilage layers (3-4). 
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Figure 36. Plot of Von Mises, maximum principal, minimum principal, Tresca and 

pressure stresses from the surface to the deep region at two radial distances from the 

center of impaction. Two radial positions showed the least amount of variance between 

the thickness layers than the other radial positions. 

 

The values from Figure 33-Figure 36 are reported in Table 7. 

Table 7. Stress Variables Predicted by 2000N Load Axial Finite Element Model with 

Respect to Cartilage Thickness Layer (surface 1- deep 6) and Radial Position (0-2R)  

Von Mises Stress (MPa) 
 

Principal Maximum Stress (MPa) 

    Radial Position 
 

    Radial Position 

    0 R/2 R 2R 
 

    0 R/2 R 2R 

Th
ic

kn
es

s 
La

ye
r 1 176.9 18.8 1.7 2.5 

 

Th
ic

kn
es

s 
La

ye
r 1 101.0 3.9 -0.8 -0.0092 

2 143.9 16.3 3.8 2.1 
 

2 69.6 1.8 -0.4 0.0269 

3 44.7 3.6 4.2 1.5 
 

3 -25.6 -8.7 0.1 0.2 

4 57.5 2.9 6.8 1.9 
 

4 -11.2 -9.8 0.5 0.3 

5 31.6 12.9 12.1 2.5 
 

5 -36.8 -5.7 3.7 0.6 

6 14.2 47.7 28.3 3.3 
 

6 -57.6 10.0 11.3 1.0 

 



89 

 

Table 7. Continued 

Principal Minimum Stress (MPa) 
 

Tresca - Maximal Shear (MPa) 

    Radial Position 
 

    Radial Position 

    0 R/2 R 2R 
 

    0 R/2 R 2R 

Th
ic

kn
es

s 
La

ye
r 1 -79.8 -15.5 -2.5 -2.6 

 

Th
ic

kn
es

s 
La

ye
r 1 180.8 19.4 1.8 2.6 

2 -77.6 -15.1 -4.4 -2.2 
 

2 147.2 16.8 4.0 2.2 

3 -71.7 -12.4 -4.3 -1.4 
 

3 46.1 3.8 4.4 1.6 

4 -70.1 -13.0 -6.6 -1.7 
 

4 58.8 3.1 7.1 2.0 

5 -69.6 -19.5 -9.3 -2.1 
 

5 32.7 13.7 12.9 2.6 

6 -72.7 -40.1 -17.9 -2.6 
 

6 15.1 50.0 29.2 3.5 

 

Equivalent (Hydrostatic) Pressure (MPa) 

  
Radial Position 

  
0 R/2 R 2R 

Th
ic

kn
es

s 
La

ye
r 

1 16.9 8.7 1.9 1.7 

2 26.3 9.1 2.9 1.4 

3 55.4 11.0 2.7 0.8 

4 49.6 11.8 4.0 1.0 

5 57.8 14.3 4.4 1.1 

6 67.0 21.6 7.5 1.2 

 

 The strain predicted from the axial impaction finite element model when 

graphed from the surface layer to the deep for the radial positions 0, R/2, R and 2R 

(Figure 37-Figure 40) showed different trends than the stress plots. Regions of peak 

logarithmic strain were predicted in the mid and deep layers at half radial (R/2) (Figure 

38) and one radial (R) position away ( 
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Figure 39). In the stress plots, peak stress values were all found in the surface layer at 

the center of impaction (Figure 33). These peak strains were located in regions where 

the modulus of the tissue is weaker, i.e. the deep cartilage layer, while high stress 

occurred in the regions where cartilage is stiffer (surface layer). However, at radial 

positions R/2 and R from the impaction center, the higher regions of strain did coincide 

with regions of higher stress. The highest stress and strain were both predicted in the 

deep cartilage layer, between region 5 and 6. Also, progressing farther away from the 

impaction center, shear logarithmic strain became larger with respect to the maximum 

and minimum principal strain within the deep cartilage layer and reached its largest 

value at one radial position away from the impaction center ( 

 

Figure 39). 
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Figure 37. Plot of maximum principal (P. Max LE), minimum principal (P. Min LE), and 

shear (LE12) log strains with respect to thickness region predicted from axial impaction 

finite element model. All strains reached peak values in the mid and deep layer (regions 4-

5). 
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Figure 38. Plot of maximum principal (P. Max LE), minimum principal (P. Min LE), and 

shear (LE12) log strains with respect to thickness region predicted from axial impaction 

finite element model. The highest strains values for all strain variables, except shear, for 

all radial positions were found at this radial position in deep cartilage layer 6.  
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Figure 39. Plot of maximum principal (P. Max LE), minimum principal (P. Min LE), and 

shear (LE12) log strains with respect to thickness region predicted from axial impaction 

finite element model. Highest shear strain for all radial directions was predicted in the 

upper deep cartilage layer (region 5). 

 

 

Figure 40. Plot of maximum principal (P. Max LE), minimum principal (P. Min LE), and 

shear (LE12) log strains with respect to thickness region predicted from axial impaction 

finite element model. The highest values of strain at this radial position were all found in 

the deep cartilage region. 

 

 

The values from the plots above are included in chart form below ( 

 

 

 

 

 

 

 



94 

 

Table 8).  

 

 

 

 

 

 

 

 

Table 8. Strain Variables Predicted by 2000N Load Axial Finite Element Model with 

Respect to Cartilage Thickness Layer ( surface 1- deep 6) and Radial Position (0-2R)  

   

Maximum Principal Logarithmic Stretch 
 

Minimum Principal Logarithmic Stretch 

    Radial Position 
 

    Radial Position 

    0 R/2 R 2R 
 

    0 R/2 R 2R 

Th
ic

kn
es

s 
La

ye
r 1 1.07 0.62 0.30 0.36 

 

Th
ic

kn
es

s 
La

ye
r 1 -1.07 -0.62 -0.30 -0.36 

2 1.12 0.67 0.45 0.37 
 

2 -1.12 -0.67 -0.45 -0.37 

3 1.32 0.55 0.63 0.43 
 

3 -1.32 -0.55 -0.63 -0.43 

4 1.41 0.54 0.75 0.47 
 

4 -1.41 -0.54 -0.75 -0.47 

5 1.42 1.12 1.10 0.59 
 

5 -1.42 -1.12 -1.10 -0.59 

6 1.19 1.78 1.54 0.69 
 

6 -1.19 -1.78 -1.54 -0.69 

 

4.3.3. Thickness Parametric Study: 

 The thickness of the cartilage layers was doubled to determine the role 

thickness played in the magnitude of stress and strain and the stress distribution of the 

model. The cartilage thickness was doubled from .797 mm to 1.594 mm. Comparing 

the doubled cartilage thickness model stress distribution (Figure 41-Figure 46) with the 

original cartilage thickness model plots (Figure 29-Figure 32), the spatial distribution 

of Von Mises, principal maximum and minimum, Tresca, and equivalent pressure were 
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consistent. Peak stress values were predicted in the surface layer at the center of 

impaction and maximum strain was predicted in the deep layer at the cartilage bone 

interface a half radial position away from the impaction center (Figure 46). The only 

difference between the original and doubled cartilage thickness were the stress 

magnitudes. Increasing each cartilage layer by two decreased all stress values by about 

20% which is shown in Table 9. The maximum principal strain increased by 4%. 

 

 

Figure 41. Contour plot of Von Mises stress predicted from the axial impaction finite 

element model with doubled cartilage thickness.  
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Figure 42. Contour plot of maximum principal stress predicted by the axial impaction 

finite element model with doubled cartilage thickness.  

 
Figure 43. Contour plot minimum principal stress predicted by the axial impaction finite 

element model with doubled cartilage thickness.  
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Figure 44. Contour plot of Tresca stresses predicted by the axial impaction finite element 

model with doubled cartilage thickness.  
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Figure 45. Contour plot of equivalent pressure predicted axial impation finite element 

model with doubled cartilage thickness.  

 

 
Figure 46. Contour plot of logarithmic strain predicted by the axial impaction finite 

element model with doubled cartilage thickness.  
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Table 9. Effect of Cartilage Thickness on Cartilage Mechanical Behavior 

 Cartilage Thickness  

Variable Double Original % change 

Von Mises Stress (MPa) 165.6 210.7 21.4 

Maximum Principal Stress (MPa) 103.3 132.3 21.9 

Minimum Principal Stress (MPa) -66.8 -83.3 19.8 

Tresca Stress (MPa) 169.2 215.1 21.3 

Equivalent Pressure Stress (MPa) 55.6 72.0 22.8 

Maximum Principal Log. Strain 1.906 1.991 4.3 

 

4.3.4. Axial Finite Element Model with Added Friction 

 An average friction coefficient was calculated from the axial impaction data 

during the ramped loading phase in the radial and longitudinal directions. Longitudinal 

and radial friction values were .042 ± .029 and .041 ± .031, respectively (Appendix, 

Table 17). The coefficient of friction .04 was entered into the axial impaction finite 

element model and run successfully to completion. The maximum contact stress, 

contact area, and contact width were determined and compared to the finite element 

results obtained earlier without friction in Table 10. The addition of friction to the 

model increased the peak contact stress and area by 4% and width by 5%.   

Table 10. Effect of Friction Added to Finite Element Model 

 
Finite Element 

Model w/ Friction 
Finite Element 

Model w/o Friction % Change  

Contact Stress (MPa) 78.53 75.04 4.4 

Area (mm2) 20.8 19.9 4.3 

Width (mm) 2.1 1.99 5.2 
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4.3.5. Comparison of Multilayered Model to Single Layered Model 

 To determine the importance of a cartilage multilayered material model, the 

stress and strain distribution predicted by the multilayered model were compared to the 

results from a single layered cartilage material model. The single layered model 

applied the mid cartilage layer material definition in Table 1 for all three cartilage 

layers. There were some major differences observed in the spatial stress distribution 

between the multilayered and single layered finite element model ( 

 

 

Table 11). In general, the multilayered model predicted higher stress distributions that 

were more localized to the surface layer of cartilage ( 

 

 

Table 11). Comparing the Von Mises stress contour plots (Figure 47 vs. Figure 28) and 

the Tresca stress (Figure 50 vs. Figure 31), higher stresses were localized to the lower 

surface layer in the multilayered model but in the single layered model, the larger 

stresses were spread deeper through the mid layer. Peak Von Mises and Tresca stresses 

were 2.3 times larger in the multilayered model than the single layered model.  
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 Maximum and minimum principal stress distribution displayed the largest 

difference between the two models ( 

 

 

Table 11). In both models, regions of high tensile stress (red) were found in the 

surface, mid, and deep layers at the center and one half radial distance from the center 

of impaction. However, the peak maximum principal stress was negative (dark blue) in 

the deep layer near the center of impaction indicative of a compressive tissue state 

(Figure 48). In the multilayered model, the peak maximum principal stress was positive 

and predicted in the surface region at the center of impaction, indicative of tension 

(Figure 29). Peak tensile stress was considerably higher in the multilayered model (on 

the order of 5) than the single layered model indicating a much larger stiffness in the 

surface region. The compressive stress (darker blue regions), on the other hand, was 

not much larger in the multilayered model than the single layered model (Figure 49 vs. 

Figure 30).  

 Comparing equivalent pressure stress, the location of highest pressure was 

localized to the deep cartilage layer in the single layered model (Figure 51) compared 

to the multilayered model where high hydrostatic stress was predicted in the upper 

deep cartilage layer and the upper mid layer near the surface-mid interface (Figure 32). 
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Comparing regions of high logarithmic strain, locations of large maximum principal 

strain were similar between the two. Regions of high strain were predicted at the 

cartilage bone interface one half to one full radial position away from the center of 

impaction (Figure 22 and Figure 52).  

 

 

 

Table 11. Cartilage Layer (surface, mid, deep) and Thickness Regions (1-6) of Elevated Stress 

and Strain Predicted by Multilayered and Single Layered Axial Finite Element Model @ 2000 N 

Applied Load (Peak Value in Parentheses) 

Model 

Von Mises 

Stress 

Maximum 

Principal 

Stress 

Minimum 

Principal 

Stress 

Tresca - Max. 

Shear 

Stress 

Eq. Pressure 

(Hydrostatic) 

Stress 

Maximum 

Principal 

Log. 

Strain 

Single 

layered 

surface - 2 

(210.7 MPa) 

surface - 2 

(132.3 MPa) 

surface 1-2  

(83 MPa) 

surface - 2  

(215  MPa) 

deep 5-6  

(72 MPa) 

deep - 2 

(1.991) 

Multi-

layered 

surface - mid  

(91.5 MPa) 

deep -2  

(-71.80 MPa) 

surface – deep 

 (75.4 Mpa) 

surface - mid 

(91.7 MPa) 

deep - 6 

(71.9 MPa) 

deep - 2 

(2.00) 
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Figure 47. Contour plot of Von Mises stress predicted by the axial impaction single 

layered model finite element model. 

 

 

Figure 48. Contour plot of maximum principal stress predicted by the axial impaction 

single layered model finite element model. 
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Figure 49. Contour plot of minimum principal stress predicted by the axial impaction 

single layered model finite element model. 

 

 

Figure 50. Contour plot of Tresca stress predicted by the axial impaction single layered 

model finite element model. 
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Figure 51. Contour plot of equivalent pressure stress from the axial impaction single 

layered model finite element model. 

 

 

Figure 52. Contour plot of logarithmic strain from the axial impaction single layered 

model finite element model. 
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4.4. Experimental Axial Impaction Histology Data 

 Chondrocyte viability and proteoglycan data were obtained from Jennifer 

Lossing’s master’s thesis [85] where she used the same test conditions for the axial 

impactions. Impacted specimens showed a significant increase (p<0.0001) in cell death 

after 3 and 7 days in culture compared to the unloaded controls (data not shown). 

 

 

Figure 53. Percentage cell death with respect to depth through the surface and distance 

from the impact center. High refers to the 2000 N load axial impaction. (A) Percentage of 

cell death with respect to depth within the tissue. Significant cell death was observed from 

depth 2 to depth 10. (B) Percentage cell death with respect to distance from the impaction 

center. There was no significant difference in cell death between the radial positions.   

 

The loads obtained from her axial experiments were 2239 ± 178 N normal, 233 ± 164 

N for radial shear and 81 ± 61 N for longitudinal shear which were higher than the 

A B 
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values recorded from the axial impaction in this study. Figure 53 shows an overall 

increase in the average cell death (p<0.0001) from depth=2 to depth=10. The top layer, 

depth 1, had significantly higher cell death (10.5 ± 16.6 %) than depth 2 just beneath it 

(p=0.005).  

 The proteoglycan content was assessed and pooled for all culture days 

according to the color intensity and the normalized intensity (relative to the center of 

impaction radial position at depth 6), through the depth of the tissue and at each radial 

position (Figure 54A and B, respectively). Higher intensity values represented lower 

proteoglycan concentrations. In the loaded samples (designated as High in Figure 54 A 

and B), the normalized intensity values were significantly greater (p<0.0001) in the 

surface layers (depths 1-2) than in the mid layers (3-9) but were not significantly 

greater than the deep layer. This shows less proteoglycans in the surface layer than the 

other layers. There was no significant difference in the normalized intensity between 

radial positions.  
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Figure 54. Proteoglycan normalized intensity data from all culture days. The control 

(blue) samples were not impacted and the high samples were loaded to 2000 N. (A) 

Normalized intensity with respect to the depth within the tissue. (B) Normalized intensity 

with respect to radial position. The data for each sample was normalized to the deep 

cartilage region (6d) from the center of impaction (0).  

 

4.5. Correlation of Multilayered Finite Element Model with Histology Data 

 The average Von Mises, Tresca, maximum and minimum principal, and 

equivalent pressure stresses and maximum principal logarithmic strain data plotted in 

Figure 33 to Figure 36 were correlated to the cell viability and proteoglycan data from 

plotted in Figure 53 and Figure 54 by radial position and depth within tissue. The 

analysis of covariance for cell viability indicated there was moderate positive 

correlation between mean percent cell death and Von Mises stress (r=.53), Tresca 

stress  (r=.53), and maximum principal strain (r=.69) after 3 days culture (Table 12, 

Figure 55). Mean percent cell death had weak correlations with equivalent pressure 

stress, maximum principal stress and minimum principal stress after 3 days culture. 

A B 
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There were no significant correlations found between the predicted stress and strain 

variables and the proteoglycan intensity for any of the culture days (Table 13). The 

complete tables of correlation coefficients for mean percentage cell death and 

proteoglycan intensity are in the Appendix (Table 21 and Table 22).  

 

Table 12. Correlation Coefficients (r) Comparing Percentage Cell Death with Axial 

Impaction Multilayered Finite Element Model Stresses and Strains 

Percentage Cell Death and Stresses and Strains Predicted from Model, Correlation Coefficient 

 

Von 

Mises 

Stress 

Max. 

Principal 

Stress 

Min. 

Principal 

Stress 

Tresca 

(Shear) 

Stress 

Pressure 

Stress 

Max. 

Principal 

Strain 

Mean % Cell Death 

(0 culture day) 
-0.24 -0.36 0.00 -0.24 0.18 0.32 

Mean % Cell Death 

(3 culture day) 
0.53 0.35 -0.46 0.53 0.25 0.69 

Mean % Cell Death 

(7 culture day) 
-0.02 0.06 0.09 -0.02 -0.12 0.08 

Mean % Cell Death 

(14 culture day) 
-0.26 -0.42 -0.03 -0.26 0.24 0.23 

 

 

Figure 55. Correlation chart for 3 day culture where mean % cell death (y-axis) is plotted 

with respect to (A) Von Mises Stress (B) Max. Principal Stress, (C) Minimum Principal 

Stress, (D) Tresca Stress, (E) Pressure Stress, and (F) Maximum Principal Strain (x-axis).  

 

 

A B C D E F 
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Table 13. Correlation Coefficients Comparing Proteoglycan Content with Axial 

Impaction Multilayered Finite Element Model Stresses and Strain 

Proteoglycan (PG) Concentration and Stresses and Strains Predicted from Model  

 

Von  

Mises 

 Stress  

Max.  

Principal  

Stress  

Min.  

Principal  

Stress  

Tresca  

(shear)  

Stress  

Pressure  

Stress  

Max.  

Principal  

Strain  

PG Norm. Int.  

(0 culture Day)  
0.06 0.06 -0.02 0.06 -0.01 -0.16 

PG Norm. Int.  

(3 culture Day)  
0.05 0.09 0.01 0.05 -0.06 -0.13 

PG Norm. Int.  

(7 culture Day)  
-0.03 0.00 0.05 -0.03 -0.05 -0.13 

PG Norm. Int. 

(14 culture Day)  
0.07 0.14 0.03 0.07 -0.10 -0.14 

 

4.6. Shear Impaction Finite Element Stress and Strain Results:  

 The shear impaction finite element model had a total of 6,464 elements and 

19,746 nodes. To test how well the multilayered model captured the contact stress 

during the slower loading rate of the 500 N preload, pressure film was again used. At 

the end of the 500 N applied preload, pressure film results matched the contact pressure 

predicted in the model very well, even at a slower displacement rate of .5 mm/s. 

Pressure film average peak stress results were 27.6 ± 3.1 MPa (N=4) compared to 28.9 

MPa predicted from the multilayered finite element model.  

 The impactor displaced 5 mm in the radial direction while remaining vertically 

restrained to simulate the shear load. The resulting deformed mesh is shown in Figure 

56 which plots the Von Mises stress distribution. This figure also shows the calcified 

cartilage and bone layer underneath. Maximum Von Mises stress was predicted in the 
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surface layer but high levels were also observed in the deep cartilage layer. Due to the 

element of friction added to the shear impaction model compared to the axial impaction 

model, the mechanical behavior of stress and strain was antisymmetric. Instead of a 

vertical transfer of stress from the surface to the deep layer (Figure 27), stress was 

transferred in a diagonal fashion indicating the effect of the shear force applied to the 

contact surface during the impaction.  

 

 

Figure 56. Contour plot of Von Mises stress predicted by the shear impaction finite 

element model. This is the deformed plot of cartilage and bone. The top five layers are 

cartilage while the layers underneath are bone. High levels of Von Mises stress occurred 

in the surface and deep cartilage layers (dark red and orange regions).  

 

 

 The average radial shear force recorded from the 3 degree of freedom load cell 

during the experimental shear impactions was 185 N. In order for the finite element 

Cartilage 

Bone 
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shear impaction model to predict the surface shear forces recorded from the 

experimental shear impactions, friction was incorporated and incremented until a radial 

shear force was obtained that was comparable to the experimental radial shear force. 

Table 14 shows the friction coefficient increments entered into ABAQUS and the 

calculated reaction force in the radial direction (RF1), which represented the predicted 

radial shear force, and in the axial direction (RF2). A friction coefficient of 0.18 was 

able to create a peak radial force of 191.4 N, which was only 3% higher than the 

experimental results. However, this only produced an axial force of 619.6 N which was 

36% lower than the values measured experimentally. To see how well the determined 

friction coefficient compared to the experimental results, the friction coefficient was 

also calculated from the experimental shear impaction data during the shear impaction 

phase of the patella at 200 m/s. The average friction coefficient measured in the radial 

direction was .15 ± .05 from the experimental data, 16% lower than the determined 

value from the shear impaction finite element model (Table 14). 
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Table 14. Friction Coefficients and Resulting Reaction Forces Predicted by Shear 

Impaction Finite Element Model 

Friction 
Coefficient RF1 (N) RF2 (N) 

% Difference from 
Experimental Value 

% Difference from 
Experimental Value 

Frictionless 8.57 500   

F=.10 97.8 533.9   

F=.11 108.3 540.1   

F=.14 141.4 567.2   

F=.16 165.4 591.2   

F=.18 191.4 619.6 3 36 

  

 Figure 57-Figure 62 show the undeformed contour plots of the Von Mises, 

maximum and minimum principal, Tresca, and pressure stress and the maximum 

principal strain at the final step of the analysis. Due to convergence difficulties, the 

analysis had to be broken up into smaller shear displacement increments after the initial 

500 N preload was applied. Regardless, the peak values from the final increment were 

the highest values predicted from the entire shear impaction analysis. Unfortunately, 

the plots could not be displayed with the impactor in its final position, only its original 

location, which explains why it is located to the left of the plot image and not near the 

peak surface stress. Peak Von Mises (Figure 57), maximum principal (Figure 58), 

minimum principal (Figure 59), and Tresca stresses (Figure 60) were predicted in the 

surface layer but high levels were also found in the deep layer near the cartilage bone 

interface. What was similar with most of the contour stress variable plots, except the 

maximum principal stress distribution, was the diagonal distribution of stress from 



114 

 

regions of peak stress in the surface layer to regions of high stress in the deep layer 

indicated by the light green contours between the two high stress regions. What was 

different between the shear impaction finite element model compared to the axial 

impaction finite element model was the high pressure stress (Figure 61) localized to the 

mid cartilage layer.  

 

 
Figure 57. Contour plot of Von Mises stress predicted by the shear impaction finite 

element model. For the undeformed mesh, the impactor is on the left side of the image 

because it does not move from its original position. In this plot of stresses, high regions of 

Von Mises stress (dark red and orange) were predicted in the surface and the deep layer 

and spread diagonal through the mid layer notified by light green color. 
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Figure 58. Contour plot of maximum principal stress predicted by the shear impaction 

finite element model. Regions of high tensile stress (dark red) occurred in the surface and 

deep cartilage layer. Large negative stress was predicted in the deep layer also (dark blue) 

and found in the mid layer (light blue). There was no spread of tensile stresses from the 

surface to the deep layer like the Von Mises plot showed. 

 

 
Figure 59. Contour plot of minimum principal stress predicted by the shear impaction 

finite element model. Regions of high compressive stress occurred in the surface layer 

(dark blue region) and spread diagonally down to the deep layer, decreasing as it went 

(notified by lighter blue color).  
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Figure 60. Contour plot of the Tresca or maximum shear stress predicted by the shear 

impaction finite element model. Regions of high shear stress (dark red and orange) were 

predicted in the surface and deep cartilage layers. There was a diagonal spread of high 

shear from the surface to the deep layer notified by light green color.  

 

 
Figure 61. Contour plot of equivalent pressure stress predicted by the shear impaction 

finite element model. Regions of high pressure (dark red) occurred in the mid layer. 

Pressure decreased outward radially.  
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Figure 62.  Contour plot of maximum logarithmic strain predicted by the shear impaction 

finite element model. Regions of high strain (dark red) occurred in the deep cartilage layer 

decreased upward and outward.  

 

 

The peak values predicted by the shear impaction model and their location are reported 

in Table 15. Similar to the axial impaction, most of the peak stresses are localized to 

the surface layer. All stress values predicted by the shear impaction finite element 

model were several orders lower than the axial impaction results (Table 15). Maximum 

principal strain was also larger in the axial impaction but less than one order. 

Table 15. Peak Stress and Strain and Their Location Predicted by Shear Impaction Finite 

Element Model 

 Variable Value  Layer 

Von Mises Stress (MPa) 38.0 surface 

Maximum Principal Stress (MPa) 15.0 surface 

Minimum Principal Stress (MPa) -26.5 surface 

Tresca - Max Shear  Stress (MPa) 39.1 surface 

Equivalent Pressure Stress (MPa) 17.7 mid 

Maximum Principal Strain 1.64 deep 
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Table 16. Comparison of Stress and Strain Variables Predicted From Axial and Shear 

Impaction 

Peak Values: Axial vs. Shear Impaction 

  Axial Shear 

Von Mises Stress (MPa) 210.7 38.0 

Maximum Principal Stress (MPa) 132.4 15.0 

Minimum Principal Stress (MPa) -83.26 -26.5 

Tresca – Max Shear Stress (MPa) 215.1 39.1 

Equivalent Pressure Stress (MPa) 72 17.7 

Maximum Principal Strain 1.991 1.64 
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Chapter 5 

Discussion 

 The main objective of this study was to develop a multilayered material model 

for cartilage, incorporate it into a finite element model to analyze the stress and strain 

distribution resulting from axial impact loads, and find correlations between tissue 

stresses and strains and chondrocyte viability and proteoglycan loss. After using 

pressure film to corroborate the predicted axial impaction finite element results, 

predictions of cartilage damage resulting from shear applied impact loads could then be 

made. Several studies have shown that impact injuries can lead to matrix and cell 

damage similar to those seen in the degenerative process that leads to osteoarthritis 

[20,38,44,45,68]. However, the application of shear impact loading has not been fully 

investigated and the outcome of model criteria used in this study would provide a 

better understanding of the mechanical effects of axial and shear impact loading and 

the role they play in early degenerative changes that can lead to osteoarthritis.  

 

5.1. Experimental Axial and Shear Impaction Results 

Acute traumatic joint injury is known to increase the risk of subsequent 

development of osteoarthritis but the mechanisms responsible for this process are 

unclear [51,118]. Impact injury models are needed tools to determine how traumatic 
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loads at high speeds can affect the health and well being of chondrocytes, the cells 

responsible for cartilage matrix maintenance. First, an in vitro axial impact injury 

model was successfully developed in this study and the goal was to apply a large 

compressive force perpendicular to the cartilage surface while minimizing shear forces. 

To accomplish this, the impactor and patella mold were designed to be adjustable to 

encourage parallel contacting surfaces. The average maximum shear force recorded 

during the axial impaction was within 5% of the average maximum axial force which 

we believed to be reasonable.  

The second goal of the experimental impact model was to capture a more 

physiological loading environment by applying axial and shear loading to the cartilage 

surface. An in vitro experimental axial and shear loading environment was achieved 

that significantly differed from the aforementioned axial impaction model. The average 

radial shear force recorded from the shear impactions was 19% of the average axial 

force and two times larger than the average radial shear force recorded from the axial 

impactions. The average radial and longitudinal shear force recorded from the shear 

impactions may have been higher if decreases in the force after application of the 

preload did not occur in about a third of the samples. This decrease in force was likely 

due to the curved shape of the cartilage surface.  
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 The surface topography of the patellar cartilage surface may have contributed to 

the variability in the recorded data. As stated earlier, some patella surfaces were highly 

curved, thus the impactor may have had to resist an inclined cartilage surface during 

the shear impaction phase. Since the impactor did not move vertically during the 

horizontal translation of the patella, this vertical restriction would magnify the recorded 

axial and shear force, resulting in a larger spike in the shear impaction phase. 

Conversely, the impactor could have transcended downhill, resulting in a lower 

recorded spike in force or no spike at all. The use of a larger cartilage surface such as 

the femoral or tibial condyle from larger animals such as bovine may have provided a 

larger flatter target contact surface and reduced variability in the test data.  

 

5.2. Validity of Multilayered Hyperelastic Model for Cartilage 

5.2.1. Significance of a Hyperelastic Multilayered Model 

To understand what caused cartilage damage during our axial impactions and to 

make predictions about cartilage damage resulting from different loading conditions, a 

material model that captured cartilage tissue’s highly nonlinear stress-strain behavior 

was developed in this project. Due to the difficulty in addressing the full spectrum of 

cartilage’s complex mechanical behavior, several models of articular cartilage from 

literature have been proposed that describe specific responses of the tissue to injury 
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[33,35,36,37,47,50,81,88,101,106,137,138,147,148]. The material model in this project 

was based on previous literature [35,36, 93] that show cartilage tissue can be modeled 

as a hyperelastic material.  

Another key feature of this hyperelastic cartilage model included the use of a 

nonhomogeneous or multilayered model to represent the cartilage tissue. The tissue 

was broken into three layers (surface, mid, and deep) and each was successfully 

modeled using an Ogden hyperelastic strain energy function with a restriction that 

prevented the curve from becoming unstable within the tension and compression 

stretch limits. Nonhomogeneous cartilage models are important because numerous 

models have shown the compressive modulus of cartilage to vary with depth reflecting 

the change of the fixed charge density, water content and collagen fiber orientation 

[52,65,56,71,81,130,131]. Most studies report a significant increase in compressive 

modulus with depth [65,56,71, 81]. The graduate student who collected the cartilage 

layer compression and tension data used in this study reported the opposite. The 

compressive modulus for each of the three layers decreased with respect to depth, but 

not significantly. The modulus was 2.98 ± 1.09 MPa for the surface zone, 2.47 ± 0.98 

MPa for the mid zone specimens, and 1.92 ± 0.62 MPa for the deep zone in his thesis 

[120]. Inconsistency with literature might be because at higher loading rates, collagen 

fibers found in greater concentration in the surface zone tend to restrict fluid flow, thus 
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increasing the interstitial fluid pressure and creating a stiffer cartilage layer. This 

mechanical phenomenon has been reported in the literature [99] which showed that the 

surface zone was considerably stiffer than the deep zone in instantaneous compression. 

This discrepancy may also be attributed to the lack of stabilizing support from the 

underlying bone. The material properties determined in this study for each cartilage 

layer were from tissue explants. The mechanical response of cartilage is stiffer when 

attached to bone [130,131], and excising the explants from the osteochondral surface 

may add defects which can reduce tissue properties further.  

The tensile properties exhibited a larger change with respect to cartilage tissue 

depth. The tensile modulus decreased with cartilage depth matching well with 

published work [4,72,81]. Mean values of the elastic modulus for the surface, mid and 

deep zones were determined to be 22.66 ± 15.68 MPa, 3.78 ± 2.64 MPa and 3.46 ± 

2.61 MPa respectively [120]. The surface cartilage elastic moduli were larger because 

the tensile properties were obtained in the collagen fiber direction whereas in the deep 

zone, tensile properties were obtained in the nonfibrillar direction because collagen 

fibers are perpendicular to the cartilage surface in this region [4,72,130]. The cartilage 

fiber component of cartilage is known to be stiffer than the nonfibrillar cartilage matrix 

[4]. This would have a direct effect on the material deformation predicted in the 

cartilage layers by the finite element model. The transition from compression to tension 
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for the stiffer surface cartilage layer created difficulty in obtaining a strong fit of the 

tension data at low stretch values. The curve fit algorithm needed additional parameter 

pairs (N=6) to create the reported curve fit (Figure 18) compared to the mid and deep 

cartilage layer which only needed five (N=5).  

 

5.2.2. Comparison of Multilayered to Single Layered Finite Element Model  

 The objective of the multilayered material model was to obtain a more detailed 

description of the mechanical stress state in the underlying cartilage tissue. The stress 

and strain distribution predicted by the multilayered model was compared to the results 

predicted by the single layered model to prove the importance of including the depth 

dependent properties of cartilage. First, consider the distribution of stresses within the 

cartilage tissue (Figure 28-Figure 32) predicted by the multilayered material model. 

Von Mises, maximum and minimum principal, Tresca, and equivalent pressure stress 

were all at their highest levels in the surface layer. This is in contrast to the single layer 

model, where stresses were lower, more evenly distributed between the surface, mid, 

and deep layers and attained their highest values in the deep layer at the cartilage-bone 

interface (Figure 29) farther away from the center of impaction.  

 It has been shown that the local stresses and strains in articular cartilage are 

highly influenced by the morphology of the collagen fiber network [147,148]. Fiber 
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orientation is parallel to the surface in the surface layer but loosely arranged in the mid 

layer [31,32], and as a result making the mid layer less stiff in tension [4]. By 

determining the material properties for each layer separately, the properties of the 

surface layer and its horizontally aligned collagen fibers were captured. This resulted in 

a stiffer surface material that resisted lateral expansion [33] as the surface conformed to 

the shape of the impactor. This stiffness is the reason for higher predicted tensile 

stresses in that region. In the single layer model, the same deformational response 

occurred but with a less stiff upper cartilage surface since this model only used the 

hyperelastic material properties from the mid cartilage layer. The mid cartilage layer 

was used in order to use average properties from all three layers. 

 Both the multilayered model and the single layered finite element model 

predicted peak strain at the cartilage bone interface at similar radial positions from the 

center of impaction (Figure 22,Figure 46). However, the lower cartilage stiffness in the 

single layered model had a direct effect on the predicted strain magnitude compared to 

the multilayered model. Without the stiffer top surface layer, overall strain in the single 

layer model was larger, particularly strain at the cartilage bone interface, where peak 

values were reached (Figure 46) compared to the multilayered model (Figure 22).  

 With the incorporation of multiple layers with varying properties, the 

multilayered model magnified the shear response within the tissue. Peak maximal shear 
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stress (Tresca stress) predicted from the multilayered model was 2.3 times higher than 

the peak shear stress predicted by the single layered model (Figure 31,Figure 50). What 

is also important is the location of the peak shear stress. Both the multi and single 

layered model predicted peak shear stress in the surface layer and elevated levels in the 

deep layer near the bone interface. However, in the multilayered model (Figure 31), the 

peak shear stress was localized to the surface layer near the surface-mid layer interface, 

whereas in the single layered model, the maximal shear stress was more diffuse and 

spread through the surface to the mid layer in the center of impaction (Figure 50). The 

multilayered model had layers with different properties and during deformation of the 

cartilage tissue, stress concentrations developed at these interfaces. High shear stress 

was predicted at the cartilage bone interface where a large difference in properties 

existed between the two tissues in both the single and multilayered model. 

Nonetheless, incorporation of the depth dependent properties of articular cartilage 

allowed for a more localized description of the stress state through the thickness of the 

cartilage tissue which the single layered model could not.   
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A                                    B 

5.2.3. Axial Impaction Finite Element Model Strain Results  

 In the axial and shear 

impaction experimental design 

presented in this study, 

articular cartilage had to 

withstand very large loads. 

These loads were more 

extreme than experienced physiologically during everyday activities (walking, running) 

where articular stresses can reach up to 20 MPA [2]. The 2000 N and 500 N axial load 

used in the axial and shear impactions, respectively, generated stresses and strains in 

the cartilage tissue that were predicted by the axial impaction finite element model to 

be beyond the material strength of the tissue and much larger than normal 

physiological stresses. A load of 250 N applied axially to the cartilage surface was 

predicted to create tensile strains that approached the tensile strength of the deep 

cartilage layer, thus any load considerably larger is predicted to create matrix damage. 

The 2000 N load used in the experimental axial impactions was observed to create 

surface damage in the form of cracks (Figure 63A). The 500 N preload in conjunction 

with the shear load from the shear impaction, which produced average axial loads of 

970 N, had also produced crack damage to the cartilage surface (Figure 63B).  

Figure 63. India Ink staining of an impacted patellae 

showing surface damge. A. 2000 N normal 

impaction B. 500 N axial load with shear impaction. 
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 The Ogden hyperelastic material model used 

to represent cartilage properties in this study was not a 

failure model, so analysis of the failure mechanisms 

of the tissue cannot be determined. However, at loads 

approaching the failure strength of cartilage 

predictions can be made about potential sights of 

cartilage damage. The observed surface matrix 

damage from the axial and shear impactions 

compliment the predicted finite element model 

locations for high stresses and strains resulting from and exceeding the 2000 N axial 

applied load. From the results predicted in this study it would suggest stress plays a 

role in cartilage failure. Both the axial impaction and shear impaction finite element 

model predicted peak compressive, tensile and shear stress in the surface region while 

predicting peak tensile strain in the deep cartilage region. Work is currently being done 

to analyze cartilage crack damage through the entire thickness,   including the deep 

cartilage layer, resulting from a 2000 N applied load to determine how damage in the 

mid and deep layer coincides with excessive tensile strain predicted by the finite 

element model. This would also help answer the role strain plays in cartilage failure. 

Work is also being done to measure strain through the thickness of the cartilage tissue 

Figure 64. Cross sectional 

image used to track deformation 

of spray painted markers on 

cartilage surface. A 2000 N 

applied load was used.  



129 

 

by tracking spray painted markers on patellar cross sections (Figure 64). Determining 

strain throughout the thickness will provide an improved method of validating the 

finite element model strain results. In addition, it would be beneficial to quantify the 

amount and location of matrix damage resulting from a 250 N applied load. This would 

help to draw connections between the extent of damage resulting from 250 and 2000 N 

loads, which are loads within and beyond the predicted failure strength of tissue 

predicted by the model in this study. A question that could be answered from this work 

is whether the stresses and strain predicted by the finite element model resulting from a 

250 N load correlate with damage in the same locations as damage observed from the 

2000 N applied load. 

 

5.2.4. Comparison of Finite Element Model Results with Published Literature 

 Numerous impact injury studies have implicated tension and shear as causes of 

initial cartilage damage [15,42,59,82,92,141,142,147,148]. The results reported from 

these studies coincide with observed matrix damage and the finite element model 

locations of high stress and strain predicted from this study. With respect to tissue 

damage, experimental studies in human [15] and canine specimens [141] have 

documented micro-cracks at the cartilage-bone interface following blunt injury with 

axial forces as large as 1600 N. Armstrong et al. [7] reported separation of the articular 
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cartilage from the subchondral bone in loads up to 2000 N. In severely damaged 

cartilage tissue, the angles of crack propagation were reported to be approximately 45
o
 

into the superficial [59], middle [59,141] and eventually deep cartilage layer [127,142]. 

Also, deterioration of articular cartilage in animal trauma models have shown vertical 

cracking initiating at the cartilage surface [91], as well as horizontal splitting at the 

tidemark [92].   

 Given the assumptions used to create the multilayered material model, the 

regions of high stress and strain matched reasonably well with more complex published 

finite element models that accounted for the collagen architecture throughout the 

cartilage thickness. One study’s results [11] suggested maximum principal elastic shear 

stress and possibly tensile maximum principal stress might be responsible for 

mechanical failure of cartilage which corroborates with the results from the 

multilayered model presented here. One of the more recent material models reported in 

the literature that correlated damage regions very well with areas of high stress and 

strain was the transversely isotropic fiber reinforced model developed by Wilson et al. 

[147]. This model incorporated the depth dependent properties of articular cartilage by 

modeling the collagen microstructure within the tissue layers. Their group reported 

higher shear and tension stress and strain in the surface and cartilage bone interface 

region compared to isotropic models. This multilayered hyperelastic model was also 
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able to identify shear and tension as co-candidates for cartilage matrix damage similar 

to the Wilson et al. study, without the inclusion of viscoelasticity or a fiber-reinforced 

model. However, the multilayered model presented here is limited to modeling the 

instantaneous response and not the time dependent fluid flow response. Also, this 

model cannot identify regions of microstructural stress and strain within the fiber 

network and the nonfibrillar matrix like the more complex fiber reinforced models 

[47,50,81,137,147,148]. This hyperelastic model treats each cartilage layer as a 

homogeneous isotropic elastic material, so it is simpler and less computationally 

expensive to use which makes it more advantageous for modeling larger tissue systems 

such as the entire knee joint.  

 The multilayered finite element model in this study also predicted large 

compressive (negative maximum and minimum principal stress) and equivalent 

pressure stress in the impact center. Other studies [11,13,87,146] also show that fluid 

pressurization accounts for a significant portion of the applied load; however, some 

studies have shown compressive stress and hydrostatic pressure [14,58] are not likely 

to be responsible in mechanical failure mechanisms. 

Since the multilayered finite element model developed in this study is not a 

failure model, it cannot determine how crack damage occurs within the collagen 

network. Nevertheless, it can be used to identify regions of high stress and strain where 
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fissures could develop. The finite element model developed in this project predicted 

locations of high shear and tension that correspond well with crack damage regions 

reported from literature and observed in this study. These results support the use of 

multilayered hyperelastic over single layered elastic models to describe the response of 

cartilage to impact loads. 

  

5.2.5. Pressure Film Validation Results 

Comparing the stress strain distribution results at 250N and 2000N loads, the 

same regions are affected by the same stress states, the only difference was the 

magnitude of stress and strain. Given the finite element model strain results, pressure 

film peak contact stress matched well with the predicted finite element model peak 

contact stress from the applied 2000N load. The cartilage surface crack damage that 

was observed in some samples may have contributed to pressure film contact pressure 

variability. When analyzing, the pressure film results, the manufacturer (Pressurex) 

prefers for momentary contact to consist of an increase in pressure up to the desired 

level (over 5 seconds) followed by a 5 second hold at the desired pressure value. 

However, the total axial impaction time is less than the manufacturer required time 

thus contact pressure and area results predicted by pressure film may be lower than the 
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actual values. This has shown to result in inconsistencies in correlations between 

impact force and the contact results [59,141]. 

Even though the peak contact stress comparison was favorable, the percent 

difference between model and pressure film impaction width and area data was larger. 

There are a few reasons why this might have occurred. One reason may result from the 

difficulty in obtaining a uniform pressure film distribution through the impaction 

length. Experimental design measures were taken to adjust the impactor and patella in 

order to target the flattest patellar surface of each facet to give a nice even impaction. 

This was hindered in many cases by the concave topography of the articular surface. 

This resulted in bimodal or skewed pressure distributions with the width either being 

larger near the middle or ends of the impaction length. The use of a hemispherical 

impactor design might have avoided these issues because a smaller target impaction 

area would have been required. However, this smaller contact area would have resulted 

in larger tensile and shear stresses in the cartilage tissue from the applied loads used in 

the present impaction model. This would have also changed the finite element 2 

dimensional reduction from a plane strain model to an axisymmetric finite element 

model. 

 Overall, pressure film is a widely used method to measure contact surface 

pressure and area between two bodies [59,83,149, 141]. The pressure film data from 
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this study indicate contact areas and stresses can be consistently measured. This 

technique of estimating contact stress distribution offers distinct advantages when used 

for the axial impaction set-up. The film is thin and pliable and can be inserted beneath 

the impactor and the cartilage surface under various loading arrangements with 

minimal disruption of the contact surface. It has a high sampling density and can 

generate estimates of both contact area and stress distributions. The disadvantages of 

pressure film include a limited range of response (48-132 MPa for high pressure film), 

artifact when loaded over an irregular surface and overestimation of contact area and 

stress when a shearing force is applied. The shear force incurred would cause relative 

surface motion during loading, creating an artifactual stain response [83]. Nevertheless, 

given the disadvantages of pressure film, the stress and strain distributions predicted 

from the axial impaction finite element model were used with a good degree of 

confidence.  

 

5.3. Axial Impaction Finite Element Results - Histology Results Correlation 

  The objective of this project was to compare the stress and strain predictions 

from the multilayered model with observed sites of chondrocyte death and 

proteoglycan loss in articular cartilage subjected to impact loading. The multilayered 

finite element model predicted peak shear, tensile and compressive stresses in the 
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surface region in the center of the impaction while still maintaining elevated values at 

the cartilage bone interface at a half contact radial (R/2) and one full contact radial 

position (R) from the impact center. Peak compressive, tensile and shear strains were 

predicted in the deep cartilage layer, near the cartilage bone interface, between half a 

radial and one full radial position away from the impact center. No peak stress or strain 

values were predicted in the mid cartilage layer of the multilayered model. The 

histology data shows predominant cell death in the surface and deep cartilage layers 

compared to the unimpacted controls (Figure 53) which coincides with the regions of 

high stress and strain predicted from the multilayered model. Proteoglycan loss was 

significantly higher in the surface region than any other depth region in the impacted 

patella (Figure 54). To determine which stress and strain variable had a stronger effect 

on cartilage damage, mean percentage cell death and normalized proteoglycan intensity 

were correlated with the stress and strain variables predicted from the model. From the 

percent mean cell death correlation data (Table 12), there was moderate correlation 

between chondrocyte death and Tresca, maximum principal stress and minimum 

principal stress implicating the potential role of these stress variables in tissue failure 

(Table 13). Maximum principal strain, however, had the largest correlation coefficient 

and thus may play the biggest role in tissue failure. There were no significant 
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correlations between normalized proteoglycan intensity with respect to the stress and 

strain variables even though predominant proteoglycan loss was in the surface layer.  

   

5.4. Shear Impaction Finite Element Model 

Given the results from the axial finite element model and its corroboration with 

material models and cartilage impact injury damage models from literature, reasonable 

predictions can be made about cartilage damage locations from the shear impaction 

finite element model developed in this project. The shear impaction model predicted 

regions of high Von Mises equivalent stress, maximum principal stress (tensile), and 

Tresca (maximal shear) stress in the surface and deep layers. Regions of high strain 

were also predicted in the deep cartilage layer very similar to the axial impaction finite 

element model. These variables show a favorable correlation with cartilage damage 

based on data from the axial impaction experiments conducted in this study and 

coincide with regions of cartilage damage reported from previous literature 

[14,58,93,156,147,148]. Unlike the axial impaction finite element model, the shear 

impaction model had regions of elevated stress in the mid layer between the surface 

and deep layer, thus the mid layer might experience cartilage damage via cell death 

also. In addition, peak values of stress and strain predicted by the shear impaction 

model were all less than the values predicted by the axial impaction model. The extent 
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to which damage would occur in the underlying cartilage tissue cannot be predicted 

from this model because the threshold at which cells remain viable depends on strain 

rate, impact load duration and integrity of the tissue. Milentijevic et al. report matrix 

damage above 30 MPa and cell death above 20 MPa from impact injuries. With this 

being the case, the surface and deep cartilage regions would experience predominant 

cell death and matrix damage. However, Milentijevic et al work used smaller impact 

loading times (<10 ms) [98] than the times experienced in this model, so peak forces 

may have been higher due to the strain rate stiffening properties of cartilage. Given 

axial impaction histology data, this model does help identify regions of peak stress and 

strain where predictions can be made about cartilage damage sights. 

The addition of a tangential load to the cartilage surface increased reaction 

forces measured at the impactor. In the normal joint, the intact, superficial surface 

provides a highly efficient lubrication mechanism with an extremely low coefficient of 

friction. Some studies have determined this friction coefficient from contacting bodies. 

Ateshian [10] used biphasic theory to develop a theoretical derivation for friction 

between a rigid surface and articular cartilage and reported friction values between 

0.05 and 0.15. The resulting coefficient depended on the velocity of the contacting 

surface and loading time. Ateshian’s study used a small force of 25 N. Forster and 

Fisher [48] reported a much larger friction coefficient range, .05 and .5, between 
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articular cartilage and metal, but they looked at much larger loading times. Their 

friction coefficient values decreased with decreasing loading time, and the friction 

coefficient reported from this finite element model fell within the friction coefficient 

range reported by their work within the 5 second loading time range. However, they 

too used a small applied force of 35 N.  

Authors from both studies postulate that fluid phase load carriage (being 

dependent on loading time) within the articular cartilage is largely responsible for the 

lower friction coefficients. This has been shown in other studies [46,71] and is assumed 

in this study to play a large role in load support during impact injuries, so friction 

coefficients are expected to be on the lower end of the scale. Determined 

experimentally from the shear impaction force data, average friction coefficient values 

were 0.15. Even though the average friction coefficient determined experimentally and 

the one derived from the finite element model fell within the range reported in 

literature (.05-0.5), the values used in the shear impaction model were higher than the 

reported literature coefficients for the respective loading times. This may have been 

due to the larger axial forces (500 N) applied in the shear impaction model compared to 

the axial loads used in their work.  
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Chapter 6 

Conclusion 

The finite element model developed here describes the instantaneous response 

of cartilage and does this by modeling the three cartilage layers individually, creating a 

depth dependent cartilage material model. A hyperelastic strain energy function was 

used to describe the nonlinear constitutive relationship between stress and strain in 

tension and compression. This model was an improvement from single layer isotropic 

models because it identified more localized regions of peak tensile and shear stress and 

strain in the surface and deep layers where cartilage damage regions have been 

reported to occur from published impact injury models. For more accurate stress strain 

distributions, the model may have to be restricted to smaller applied loads. 

 This model sets precedence for future work in analysis of impact injuries 

because it outlines the importance of shear forces when recreating physiological 

injuries and creates a simple model to build from when analyzing the response of 

tissues to more complex impact events. Regions of high stress and strain were 

identified from this multilayered model that coincide with regions of cartilage damage, 

so the next step would be to determine what stress and strain magnitudes initiate tissue 

failure. Even though the depth dependent material properties and nonlinearity of the 

mechanical response were included, isotropy and homogeneity was assumed within 
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each cartilage layer. A material model that was fiber reinforced for the three cartilage 

layers may have improved the strain response predicted by the axial and shear finite 

element model. Nevertheless, this study has demonstrated that by incorporating known 

mechanical cartilage characteristics such as tension-compression nonlinearity and the 

multilayered structure of cartilage tissue, improved predictions of cartilage deformation 

and failure sites are obtained compared to linear elastic homogenous models which are 

widely used to describe impact loading of cartilage. This model is a key step towards 

understanding the mechanical causes of cartilage degeneration and the initiation of 

osteoarthritis resulting from impact injuries.  
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Figure 65. Contact stress predicted by the axial impaction finite element model between -

48 and 48 MPa. 48 MPa was the minimum pressure the pressure film could accurately 

measure. This contact stress was compared to the pressure film width to determine the 

summed square of residuals.  
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Table 17 

Axial Impactions Friction Coefficients 

Impaction Name 
Long. 

Friction 
Radial 

Friction 

h00llaxf031108_13.xls 0.071 0.009 

h00llaxf060808_04.xls 0.050 0.017 

h00llaxf070708_06.xls 0.037 0.040 

h00llaxf081208_24.xls 0.020 0.063 

h00llaxf100209_04.xls 0.035 0.060 

h00llaxf100209_08.xls 0.017 0.024 

h00llaxf250608_06.xls 0.039 0.041 

h00lmaxf031108_13.xls 0.012 0.018 

h00lmaxf060808_03.xls 0.110 0.022 

h00lmaxf070708_05.xls 0.048 0.008 

h00lmaxf081208_24.xls 0.082 0.129 

h00lmaxf100209_03.xls 0.056 0.005 

h00lmaxf100209_07.xls 0.011 0.025 

h00lmaxf250608_05.xls 0.021 0.061 

h00rlaxf050908_13.xls 0.040 0.099 

h00rlaxf060808_01.xls 0.059 0.068 

h00rlaxf060808_02.xls 0.032 0.013 

h00rlaxf070708_02.xls 0.076 0.061 

h00rlaxf100209_02.xls 0.022 0.053 

h00rlaxf100209_06.xls 0.029 0.073 

h00rlaxf250608_01.xls 0.022 0.080 

h00rllsf120208_01.xls 0.033 0.019 

h00rmaxf011208_02.xls 0.017 0.016 

h00rmaxf031108_14.xls 0.016 0.009 

h00rmaxf050209_07.xls 0.076 0.022 

h00rmaxf050209_08.xls 0.049 0.016 

h00rmaxf050209_09.xls 0.063 0.019 

h00rmaxf050209_10.xls 0.011 0.010 

h00rmaxf070708_01.xls 0.059 0.028 
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h00rmaxf100209_01.xls 0.040 0.087 

h00rmaxf100209_05.xls 0.134 0.070 

h00rmaxf250608_02.xls 0.039 0.007 

h00rmaxf290109_02.xls 0.027 0.094 

h00rmaxf290109_03.xls 0.020 0.030 

h00rmaxf290109_04.xls 0.029 0.011 

h00rmaxf290109_05.xls 0.025 0.006 

h00rmaxf290109_06.xls 0.025 0.072 

h00rmaxf290109_07.xls 0.163 0.020 

h00rmaxf290109_08.xls 0.041 0.078 

h00rmlsf120208_02.xls 0.057 0.041 

h00rmlsf290109_01.xls 0.048 0.009 

h01llaxf060808_06.xls 0.045 0.013 

h01llaxf150708_06.xls 0.014 0.077 

h01llaxf250608_04.xls 0.004 0.047 

h01lmaxf060808_05.xls 0.020 0.042 

h01lmaxf150708_05.xls 0.083 0.144 

h01lmaxf250608_03.xls 0.059 0.073 

h01rlaxf250608_07.xls 0.014 0.031 

h01rmaxf060808_10.xls 0.023 0.008 

h01rmaxf150708_07.xls 0.065 0.051 

h01rmaxf150708_08.xls 0.042 0.029 

h01rmaxf250608_08.xls 0.097 0.047 

h03llaxf031108_15.xls 0.027 0.020 

h03llaxf070708_03.xls 0.026 0.015 

h03llaxf070708_07.xls 0.004 0.033 

h03llaxf081208_22.xls 0.047 0.034 

h03llaxf150708_01.xls 0.065 0.027 

h03lmaxf031108_15.xls 0.026 0.030 

h03lmaxf070708_04.xls 0.035 0.024 

h03lmaxf081208_22.xls 0.032 0.039 

h03lmaxf150708_02.xls 0.024 0.021 

h03rlaxf031108_14.xls 0.029 0.094 

Table 17. Continued 
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h03rlaxf120908_16.xls 0.009 0.077 

h03rlaxf150708_04.xls 0.059 0.025 

h03rmaxf031108_13.xls 0.050 0.027 

h03rmaxf070708_08.xls 0.008 0.019 

h03rmaxf150708_03.xls 0.019 0.105 

h03rmlsf120908_16.xls 0.017 0.036 

h07llaxf081208_23.xls 0.081 0.011 

h07lmaxf081208_23.xls 0.029 0.088 

h07rlaxf011208_20.xls 0.084 0.089 

h07rlaxf120908_19.xls 0.028 0.018 

h07rmaxf011208_20.xls 0.061 0.037 

h07rmaxf120908_18.xls 0.027 0.011 

h14llaxf120908_17.xls 0.008 0.042 

h14rlaxf050908_14.xls 0.076 0.010 

h14rmaxf050908_14.xls 0.041 0.014 

Average 0.042 0.041 

Standard Deviation 0.029 0.031 
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Table 18. 

Shear Impaction Friction Data 

Impaction Name Long. Friction  Radial Friction 

l00lllss090609_02.xls 0.02 0.21 

l00lllss130709_13.xls 0.03 0.11 

l00lmlss090609_01.xls 0.04 0.17 

l00rllss130709_10.xls 0.06 0.12 

l00rmlss011208_03.xls 0.02 0.15 

l00rmlss011208_04.xls 0.04 0.13 

l03lllss090609_04.xls 0.02 0.13 

l03lmlss090609_03.xls 0.09 0.17 

l03rmlss130709_07.xls 0.05 0.11 

l03rmlss190608_15.xls 0.01 0.15 

l07lmlss130709_14.xls 0.10 0.15 

l14lllss190608_02.xls 0.03 0.11 

l14lmlss190608_01.xls 0.02 0.11 

l14lmlss280308_02.xls 0.05 0.07 

l14rmlss090609_10.xls 0.01 0.15 

l14rmlss120908_17.xls 0.02 0.08 

h03lllsf050908_16.xls 0.08 0.17 

l00lllss120208_03.xls 0.01 0.20 

l00lmlss120208_02.xls 0.03 0.32 

l00lmlss120208_04.xls 0.09 0.20 

l00rmlss081208_24.xls 0.07 0.10 

l03lllss011208_22.xls 0.05 0.13 

l03lmlss011208_22.xls 0.04 0.17 

l03rllss190608_14.xls 0.11 0.21 

l03rlrss250408_08.xls 0.04 0.09 

l03rmrss250408_08.xls 0.07 0.12 

l07lllss120208_04.xls 0.06 0.16 

l07lmlss120208_03.xls 0.16 0.21 

l07rllss081208_23.xls 0.03 0.14 

l07rllss230709_37.xls 0.05 0.21 

Average 0.05 0.15 

Standard Deviation 0.03 0.05 
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Table 19. Pressure Film vs Finite Element Model Comparison at Slow Loading Rate to 

500 N Preload for Shear Impaction 

500 N Load @ .05 mm/s 

Pressure Film # Contact Stress (Mpa) Area  (m^2) 

M18 27.94 1.42E-05 

M19 23.04 2.23E-05 

M20 29.9 2.02E-05 

M21 29.4 2.11E-05 

Avg 27.6 1.94E-05 

Standard Dev 3.13 3.63E-06 
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Table 20. Axial Impaction Pressure Film Data 

PF # Width (m) Length (m) Force (N) Area (m2) Stress (Mpa) 

2 0.000091 0.009065 -1645.78 2.31E-05 -45.10 

3 0.002993 0.009863 -2341.48 2.39E-05 -87.43 

4 0.003203 0.010073 -2152.66 2.24E-05 -97.65 

6 0.002789 0.00916 -2050.22 1.69E-05 -61.39 

17 0.002825 0.009795 -2114.3 1.64E-05 -68.13 

18 0.003222 0.009588 -2431.76 2.13E-05 -93.25 

22 0.002489 0.009759 -2057.6 2.26E-05 -55.59 

24 0.002893 0.008432 -1811.6 1.34E-05 -92.99 

25 0.002943 0.008935 -1583.15 1.86E-05 -90.50 

27 0.003570 0.006665 -2187.2 2.38E-05 -59.44 

28 0.004990 0.009157 -2571.38 3.12E-05 -68.75 

29 0.002869 0.007922 -2187.69 2.73E-05 -56.44 

30 0.003410 0.008903 -2363.71 2.88E-05 -77.17 

31 0.001841 0.00886 -2070.74 2.8E-05 -53.93 

32 0.001653 0.00982 -2228.01 2.87E-05 -51.98 

33 0.000441 0.007453 -2220.92 2.41E-05 -51.25 

34 0.003256 0.009709 -2224.9 3.03E-05 -91.66 

35 0.003487 0.009575 -2467.07 3.01E-05 -87.47 

36 0.003906 0.009742 -2848.04 3.31E-05 -93.01 

37 0.003421 0.009381 -2306.39 2.55E-05 -102.97 

38 0.002897 0.009733 -2167.91 2.41E-05 -71.25 

39 0.003357 0.009749 -2146.45 1.52E-05 -105.52 

40 0.003641 0.006924 -2157.4 1.99E-05 -120.52 

41 0.002741 0.009731 -2402.67 2.57E-05 -88.34 

231 0.001649 0.00907 -1523.34 2.48E-05 -41.14 

116 0.002731 0.008968 -1674.88 1.68E-05 -80.81 

181 0.003408 0.009202 -2180.32 2.69E-05 -93.25 

540 0.002744 0.009552 -2276.35 2.69E-05 -65.77 

AVG 0.002838 0.0091 -2156.93 2.39E-05 -76.88 

Stdev 0.000989 0.000884 297.2358 5.15E-06 20.61 
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Table 21. Correlation Chart: Mean Percentage Cell Death and Stress and Strain Variables Predicted by Axial Impaction Finite 

Element Model 

 

Radial 

Position 

Thickness 

Region 

Mean 

Percentage 

Cell Death 

Von  Mises 

Stress 

Max. Prin. 

Stress 

Min. Prin. 

Stress 

Tresca 

Stress 

Pressure 

Stress 

Maximum 

Prin. Strain 

Radial 

 

0.00 -0.35 -0.55 -0.05 0.80 -0.55 -0.73 -0.63 

Depth 0.00 

 

0.52 -0.23 -0.42 -0.07 -0.23 0.28 0.56 

Mean -0.35 0.52 

 

0.53 0.35 -0.46 0.53 0.25 0.69 

V Mises -0.55 -0.23 0.53 

 

0.77 -0.75 1.00 0.32 0.46 

Max P Stress -0.05 -0.42 0.35 0.77 

 

-0.16 0.77 -0.36 0.01 

Min P Stress 0.80 -0.07 -0.46 -0.75 -0.16 

 

-0.76 -0.86 -0.71 

Tresca -0.55 -0.23 0.53 1.00 0.77 -0.76 

 

0.32 0.47 

Pressure -0.73 0.28 0.25 0.32 -0.36 -0.86 0.32 

 

0.66 

Max P Strain -0.63 0.56 0.69 0.46 0.01 -0.71 0.47 0.66 

 Table 22. Correlation Chart: Proteoglycan Normalized Intensity and Stress and strain Variables Predicted by Axial Impaction 

Finite Element Model 

culture = 14 

Radial 

Position 

Thickness 

Region 

Proteoglycan 

Norm. Int. 

Von Mises 

Stress 

Max. Prin. 

Stress 

Min. Prin. 

Stress 

Tresca 

Stress 

Pressure 

Stress 

Max. Prin. 

Strain 

Radius 

 

0.00 0.00 -0.51 -0.04 0.74 -0.51 -0.69 -0.53 

Layer 0.00 

 

-0.32 -0.13 -0.32 -0.12 -0.13 0.27 0.64 

PG Normalized Intensity 0.00 -0.32 

 

0.07 0.14 0.03 0.07 -0.10 -0.14 

Von Mises -0.51 -0.13 0.07 

 

0.76 -0.77 1.00 0.36 0.47 

Max. Prin. Stress -0.04 -0.32 0.14 0.76 

 

-0.17 0.76 -0.33 0.06 

Min. Prin. Stress 0.74 -0.12 0.03 -0.77 -0.17 

 

-0.77 -0.87 -0.67 

Tresca -0.51 -0.13 0.07 1.00 0.76 -0.77 

 

0.36 0.48 

Pressure -0.69 0.27 -0.10 0.36 -0.33 -0.87 0.36 

 

0.60 

Max. Prin.  Stress -0.53 0.64 -0.14 0.47 0.06 -0.67 0.48 0.60 
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