
  

Abstract 
 
Prasath Mageswaran. Experimental determination of the non-linear, large strain zonal 

mechanical properties of cartilage for use in quasi-static finite element model. (Under the 

direction of Dr. P. L. Mente)  

A series of impact tests on porcine cartilage are being conducted to investigate the 

mechanism of tissue degeneration. In order to investigate the stress distribution over the 

impact area of the tissue and to correlate that with the available physical data, an Ogden 

hyperelastic constitutive model for porcine articular cartilage was determined.  The Ogden 

model was determined for surface, mid and deep zones of cartilage. The model will be used 

as an input for a finite element model for an impact test on cartilage. The inhomogeneous 

nature of cartilage was also investigated in this study. Tensile and compressive properties 

of porcine articular cartilage were determined by carrying out uniaxial tensile and 

compression tests at a high rate of loading.  The tests were carried out on 120 – 160 µm 

thick specimens from the surface, mid and deep zones of cartilage. Specimens tested in 

tension, were obtained from orientations that are parallel to the split-line direction. 

Deformation measurement for the tensile test was obtained using a high speed camera set at 

250 fps.  

The nonlinear tensile stress-strain relationship of the cartilage specimens from the 

three zones was approximated mathematically using Fung’s exponential equation. It was 

found that the Fung’s model did not provide an adequate fit to the stress-strain relationship 

of mid and deep zone specimens when compared to that of the surface zone. The Young’s 

modulus for tension and compression was determined from the uniaxial tests. The study 

found that both tensile and compressive stiffness of cartilage varied with depth. There was 

a high degree of tension-compression nonlinearity. 
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Chapter 1 

Introduction 

Articular cartilage is the smooth connective tissue found in articulating joints. It is a 

unique and vital tissue for joint movement. Its functions are to distribute the load within the 

joint, to transfer forces between bones, and to aid in the lubrication of the joint to reduce 

friction. Articular cartilage is an avascular, aneural tissue with relatively small                                              

cells called chondrocytes, and an extracellular matrix. The matrix is composed mostly of 

collagens, proteoglycans, and water. Articular cartilage can be considered structurally as a 

water-swollen macromolecular arrangement of proteoglycans trapped within a three-

dimensional meshwork of collagen [1-3]. Cartilage overlays the subchrondal bone and serves 

as a protective barrier against large forces. Damage to cartilage can result in prolonged 

healing period due its avascularity.  

One of the most common causes of cartilage failure is as a result of the disease 

osteoarthritis (OA). This disease causes the once smooth surface to become rough and 

wrinkled, resulting in severe joint pain. It involves the fibrillation and softening 

(chrondromalacia) of the cartilage tissue in areas of greatest pressure and movement [4]. The 

disease causes a disruption in the organization of the collagen fiber network in the superficial 

zone leading to a loss of proteoglycans from extracellular matrix [5-9]. This increases the 

permeability of articular cartilage which in-turn reduces the load-bearing capabilities of the 

tissue with potential for further destruction of the tissue [9]. Little is known about what 

initiates the degeneration of the cartilage although trauma, obesity, and genetic factors are 

believed to play a role. The degenerative nature of the disease causes variations in the 



 

 

2

mechanical properties. Therefore understanding the mechanical properties of cartilage is the 

first step in understanding the pathological behavior of cartilage [10].  

We are studying cartilage behavior following an applied impact injury as a model for 

OA. Cartilage impact experiments are performed using porcine patella to examine the 

mechanism of progression of early tissue degeneration following an impact injury. Forces of 

1000 N or 2000 N are applied on the cartilage surface during impaction. Degenerative 

changes to cells and matrix are followed in culture for up to two weeks. In order to correlate 

these degenerative changes with the stresses and strains generated by the impaction a finite 

element model is being developed. One of the goals of this work was to develop a 

constitutive model for cartilage, which can serve as input for a finite element model of the 

impact experiment. Since cartilage is a layered structure, constitutive model for the three 

layers, surface, mid and deep were developed. In order to accurately model cartilage behavior 

under impaction, the non-linear large strain behavior of the compliant cartilage layer needs to 

be modeled at the high loading rates that occur during impaction. Therefore material 

properties data must be obtained to include large strains and at high strain rates. The layered 

structure of this tissue requires material properties to be examined as a function of depth. 

Test data must be obtained from uniaxial tension and compression to accurately model 

cartilage. Therefore the specific objectives of this project  

(i) To measure the mechanical properties of cartilage in the different zones in 

tension and in compression at high loading rates.  

(ii) Curve fit the data for each zone to previous constitutive models (linear and 

non-linear). 
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(iii) Curve fit the data to a hyperelastic model and obtain the material constants 

for use in finite element model. 
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Chapter 2 
 
 
Background 

 There are three broad classes of cartilage tissues present in the body: hyaline or 

articular cartilage, elastic cartilage and fibrocartilage [11]. They differ in their chemical 

composition, function, structure and mechanical properties. The most common cartilage 

studied is the hyaline cartilage found in articulating joints. It has a smooth glassy texture with 

a pinkish-white appearance. Articular cartilage is structurally heterogeneous [4]. It exhibits 

non-linear time dependent material properties which vary with depth and location on the 

joint. 

 

2.1 Composition of Articular Cartilage 

Articular cartilage consists of chondrocytes surrounded by an extracellular matrix. 

The matrix is often divided into two phases: a liquid phase and a solid phase. The solid phase 

is made up primarily of collagens, proteoglycans and other glycoproteins. Collagens are 

insoluble proteins having a triple helical structure. The main collagen found in cartilage is 

type II collagen; it makes up roughly 65% of the dry weight of the tissue. Mechanically it 

predominantly contributes towards the tensile properties of cartilage. Proteoglycans are large 

complex macromolecules composed of a protein core to which one or more 

glycoaminoglycan (GAG) chains are covalently attached [11]. They make up approximately 

25% of the dry weight of the tissue [12]. Proteoglycans have a very high negative 

electrostatic charge and show a high affinity towards water.  Mechanically they contribute 

more towards the compressive properties of cartilage. The liquid phase is made up of water 
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and electrolytes. Water is the most abundant component of the articular cartilage accounting 

for roughly 68 – 85% of the tissue by weight [11]. 

2.2 Structure of the cartilage 

Cartilage has a complex structure with the chemical compositions (relative amounts) 

of the various constituents varying with depth. The structure of cartilage can be divided into 

4 different zones or layers each having unique features, (Figure 1). 

Surface Zone: This layer is approximately 10-20% of cartilage thickness making it the 

thinnest zone. This zone has the highest concentration of collagen fibers which are arranged 

primarily parallel to the surface. It also has the highest concentration of water, approximately 

80% of the tissue’s weight [11]. It has a relatively low proteoglycans concentration. The 

direction of the orientation of the collagen fibers can be determined from the split line pattern 

as described by Hultkranz [13]. Hultkranz was able to determine the collagen fiber 

orientation by pricking the surface of cartilage with a sharp pointed object. Cartilage is 

always in a state of pre-stress because of the interaction between collagens and proteoglycans 

and so pricking the surface of cartilage causes the hole created to be stretched, making it look 

more like a dash. The direction of these dashes was taken as the collagen fiber orientation. 

The chondrocytes in this layer tend to be elongated and lie parallel to the joint surface.  

Middle Zone: This layer is approximately 40-60% of the full layer thickness. It has the 

highest concentration of proteoglycans. The orientation of the collagen fibrils are thought to 

be more random although studies done by Clark [14] in 1985 have suggested that this 

random orientation is as a result of mechanical damage during slicing of the specimens. The 

cells tend to have a spherical shape. The collagen fibrils have a larger diameter than those of 

the superficial zone [11]. 
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Deep Zone: The collagen fibers here tend to be aligned perpendicular to the bone surface. 

The cells are round and are stacked together. The collagen fibrils found in this zone are the 

largest of the four zones. It contains a limited amount of water and a high concentration of 

proteoglycans [4].  

Calcified Zone: This is the transition zone from cartilage to bone. Hydroxyapatite, the same 

inorganic constituent found in bone, is also found in this zone. It provides the rigidity. The 

line that demarcates the deep zone and the zone of the calcified cartilage is referred to as the 

tidemark. Bundles of collagen fibers from the deep zone cross the tidemark and anchor into 

the calcified zone and subchrondral bone thereby firmly securing the cartilage onto the bone.     

 

                                                                      SSuurrffaaccee  

  MMiidd  

  

DDeeeepp  
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2.3 Osteoarthritis 

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

disability in America. There are many different kinds of Arthritis but the most common is 

osteoarthritis (OA), which is a form of degenerative joint disease, (Figure 2). Based on a 

survey done in 2001 through the Behavioral Risk Factor Surveillance System, the estimated 

Figure 1: Cartilage Structure [11] 
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prevalence of the disease is about 69.9 million adults in the US [15]. It is a condition 

affecting synovial joints and is characterized by cartilage loss and an accompanying 

periarticular bone response which can lead to the development of osteophytes and 

subchondral sclerosis [16, 17]. The cartilage loss in the joints results in eventual bone on 

bone contact causing pain and decreasing joint range of motion.  

 

 

 

 

 

 

 

 

 

 

OA in general, adversely affects the load bearing, stabilizing, and lubrication 

functions of articular cartilage [18]. The changes that take place as a result of the disease are 

surface fraying and splitting, appearance of gross ulcerations, disappearance of the full 

thickness surface, loosening of the collagen fibrils, loss of proteoglycans, increased water 

content, and increased chrondrocyte activity [19-23]. Studies have also shown that OA 

causes an alteration in the mechanical properties of articular cartilage in tension, 

compression, and shear [18, 24, 25]. Various factors such as obesity, injury, age, and genetics 

have been speculated to lead to the initiation of the disease. Once the tissue is damaged, 

Figure 2: Osteoarthritic knee joint [73]
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subsequent and continuing use of it can lead to progression of the pathological process. Thus, 

emphasizing the importance of early diagnosis and prevention of the disease. 

                                         

2.4 Constitutive models for cartilage 

Cartilage is an anisotropic material which responds viscoelastically to loading and has 

a high compliance.  This behavior is mainly due to the interactions taking place between the 

constituents in the extracellular matrix of the cartilage when forces are applied. Cartilage 

modeling is a difficult and time consuming task because of the complex nature of its 

structure and constituents. It involves rigorous mathematical analysis and experimental tests 

to obtain stress-strain data for model verification. Some of the most frequently used 

experimental tests on cartilage are tensile, compression (confined and unconfined) and 

indentation tests. Implementation of these tests on cartilage has proven to be difficult because 

of the size and shape of tissue test specimens, its high compliance and viscoelastic nature.  

However, several different constitutive models have been developed to explore the 

complex nature of cartilage response towards applied loads. These have include linear elastic 

models [8, 11, 21, 24, 26-32], viscoelastic models [33-36], biphasic models [10, 25, 37-45] 

triphasic models [46, 47], and non-linear models [39, 48-54].  

The linear constitutive models describe cartilage as a homogenous isotropic material 

which is linearly elastic. Generally only a small portion of cartilage response such as 

instantaneous response or equilibrium response is described using these models. One of the 

earliest applications of this model was in 1944 by Hirsch who applied the Hertz solution for 

contacting elastic bodies to measure the Young’s modulus of articular cartilage [55].  Early 

investigators had observed that cartilage didn’t fully recover when deformed and termed it 
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“imperfect elasticity” of articular cartilage. The tests carried out by these investigators on 

cartilage were done in air without the use of physiological solutions.  

Elmore et al..[30] in 1963, studied articular cartilage in compression. The study was 

aimed at exploring the deformation and elasticity of cartilage immersed in a saline solution. 

Tests were carried out using samples obtained from humans, canine, bovine, and porcine. 

Full thickness cartilage attached to the bone was used and compression was achieved using 

an indenter having an area of 1-6 mm2. The loading ranges used were 13.7 -80.4 Pa. The 

results showed that deformation reached a steady value after 12-18 mins and recovery was 

prompt on load removal under immersion. This effect was not observed when cartilage was 

tested in air. The study found that loss of fluid due to evaporation prevented the cartilage 

from fully recovering when tested in air and solving the issue of “imperfect elasticity” 

observed by earlier investigators [55]. 

Sokoloff et al.,[29] in 1966, also carried out tests to measure linear elastic material 

properties of cartilage. Specimens were obtained from a human patella. A plane-ended, 

1mm2 indenter was used to perform the indentation tests. Cartilage testing was done in-situ 

and the Young’s modulus, E, was obtained from an equation derived for indentation of an 

elastic space; E = P (2.67w0 a)-1, where P is the constant applied load, w0 is the depth of 

penetration and a is the radius of the indenter. Two values of Young’s modulus were obtain, 

the first, 0.8 s after load application (instantaneous modulus), and the other 1 hour after load 

application (equilibrium modulus).Values of 2.28 MPa and 0.79 MPa were obtained for the 

instantaneous and equilibrium modulii respectively. 

Kempson et al. [27, 28] in 1971, also used in situ indentation tests on human femoral 

head cartilage to determine material properties. The equations for obtaining the modulus 
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were based on the work done by Waters et al. [56], who developed equations for calculating 

Young’s modulus of thin natural rubber sheets. Young’s modulus, determined from Waters 

equation is given as 
),(2

)1(

0

2

v
h
aaw

P
E

κ

ν−
=  where P is the constant applied load, w0 is the depth 

of penetration, a is the radius of the indenter, h is the cartilage thickness, κ is a constant, 

dependent on Poisson’s ratio, v, and the aspect ratio, 
h
a

.  The loading was done using two 

types of indenters a flat plane-ended cylinder or a hemi-spherically-ended indenter, both 

having a diameter of 3 mm. In both cases compressive stress of approximately 2.36 MPa 

were applied to the cartilage. The creep modulus was measured 2 seconds after loading. The 

values of the modulus obtained ranged from 1.9 – 14.4 MPa.  

Akizuki et al. [24] in 1986 conducted tensile experiments using specimens of 

cartilage obtained from human knee joints. The specimens were harvested from two regions 

categorized as high weight-bearing area (HWA) and low weight-bearing area (LWA). The 

specimen dimensions were 1.8 x 15 mm with a thickness of about 250 µm. Stepwise 

increments in strain were applied to the specimens and corresponding equilibrium stress data 

was recorded. Complete stress relaxation occurred within 15 mins at each applied strain 

increment. The results showed a linear stress-strain relationship for strains up to 15%. The 

HWA specimens showed lower stiffness than the LWA specimens. The intrinsic tensile 

modulus was measured to be less than 30 MPa for all samples with majority of the samples 

falling in the range between 1 to 15 MPa.  

Roberts et al. [21] in 1986 carried out both tensile and compression tests on articular 

cartilage obtained from human femoral heads. Full thickness discs 10 mm in diameter were 
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cored out from the femoral head at the zenith and the antero-inferior sites for compression 

tests. The cartilage discs were subjected to a stress of 1.4 MPa using a 3.2 mm diameter 

plane-ended indenter. Strain was measured after 2 seconds of load application. Dumb bell 

shaped specimens from similar locations as the compressive discs with a thickness of 200 µm 

and a gage length of 4 mm were tested in tension. The specimens were obtained from the 

surface zone and the deep mid zone in the direction of the split line axis. The tensile tests 

were carried out at a displacement rate of 5 mm/min. The Young’s modulus for both 

compression and tension were taken at 10% strain. A compressive stiffness of 13.1 ± 3.6 

MPa and 9.7 ± 3.6 MPa was measured at the zenith and the antero-inferior sites respectively. 

The tensile moduli were 100 ± 49.7 MPa and 58.8 ± 30.8 MPa for the surface zone from the 

zenith and the antero-inferior sites respectively and 26.89 ± 19.9 MPa and 18.5 ± 12.1 MPa 

for the deep zone from the same locations. 

Simon et al. [57] in 1989 carried out shear fatigue tests on full thickness specimens of 

cartilage obtained from bovine tibial plateaus. The specimens had a diameter of 3 mm and 

were tested at a frequency of 100 Hz to measure the complex shear response of cartilage. The 

initial storage modulus was determined to be 0.79 ± 0.25 MPa and the loss modulus was 0.13 

± 0.03 MPa. These values were found to decrease by about 60% over the duration of 1 X 106 

cycles depending on the strain level. 

Schmidt et al. in 1990 [32], carried out tensile tests on articular cartilage specimens 

harvested from bovine knee joints. The cartilage sections measuring between 200 – 300 µm 

in thickness were obtained by serially microtoming rectangular blocks of cartilage. Dumbbell 

shaped tensile strips were made from the cartilage sections measuring 2.3 cm in length and 

1.5 to 3.6 mm in width. Uniaxial tensile test were performed on the strips at a constant rate of 
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0.5 mm/min. The Young’s modulus measured from the linear portion of the stress-strain 

curve was 29.7 ± 20.4 MPa.  

Kempson et al. [58] in 1991 measured the Young’s modulus of articular cartilage 

obtained from human femoral heads and the talus of the ankle joints of humans from 

different age groups. Serial sections measuring 200 µm in thickness were obtained from 

rectangular blocks of cartilage using a microtome. Sections, one (surface zone) and four 

(mid-deep zone) were selected for testing. The sections were cut into dumb bell shaped strips 

10 mm x 1 mm using a special die. The tensile tests were carried out at a constant rate of 5 

mm/min. Cartilage stiffness was measured at stresses of 1 MPa and 10 MPa. The results 

showed that the tensile stiffness at 10 MPa for the surface zone from the femoral head 

decreased from 150 MPa at 7 years to 80 MPa at 90 years while the mid-deep zone showed 

stiffness values ranging from 60 MPa at age 7 years to 10 MPa at 60 years. For surface zone 

specimens obtained from the talus of the ankle joint, the modulus showed a decrease from 

125 MPa at 10 years to 100 MPa at 85 years. The mid-deep zone on the other hand increased 

from 35 MPa at 20 years to 40 MPa at the age of 85years. The stiffness at 1 MPa for the 

surface zone of the femoral head showed a reduction from 70 MPa at 7 years to 50 MPa at 

the age of 90 years. The mid-deep zone from the same location was between 20 MPa and 26 

MPa at the age of 15 years and between 10 MPa and 18 MPa for 85 years.  Similar 

measurements for specimens from the talus showed a decrease from 60 MPa at 10years to 55 

MPa at 85 years for the surface zone. The mid-deep zone values from the same location 

showed an increase from 20 MPa at 18 years to 30 MPa at 85 years. The study concluded 

that the decrease in tensile stiffness with age especially in the femoral head may be as a result 

of deterioration in the tensile properties of the collagen network. 
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While these elastic models have provided information on instantaneous time-

independent stiffness over a small strain range, the limitation of the linear elastic constitutive 

models is in their inability to describe the time-dependent properties such as creep and stress 

relaxation as well as non-linear and large strains usually exhibited by cartilage. In order to 

account for these time dependent viscoelastic properties in creep and stress relation, various 

viscoelastic models [33-35] were developed that utilized springs and dashpots to simulate 

elastic and fluid characteristics.  

Hayes et al., [36] in 1971 determined the creep compliance of cartilage in shear and 

bulk using torsion and confined compression tests. The time-dependent response of cartilage 

in creep was modeled using a generalized Kelvin model. Articular cartilage was modeled as a 

homogenous isotropic material. Full thickness cartilage plugs, 6.35mm in diameter were 

obtained from the tibial-pleateau regions of humans. The samples were loaded using 6.35 

mm porous and non-porous indenters. The elastic response was recorded 1 sec after load 

application. The short-term (t = 0) and the long-term viscoelastic compliance responses (t = 

∞) was used to determine the shear (G) and bulk moduli (K). Based on the calculated values 

of G and K, Young’s Modulus (E) and Poisson’s ratio (υ) were also determined assuming a 

linear elastic relationship. The long term values were found to be G = 2.6 MPa, K= 9.1 MPa, 

E=7.1MPa and υ=0.37 while the short-term values were G = 4.1 MPa, K= 25 MPa, E = 12 

MPa and υ = 0.42. 

 Parsons et al. [35] in 1977 used a viscoelastic constitutive model to describe cartilage 

behavior. A set of in situ indentation tests, were performed on distal femurs of adult rabbits. 

Femoral condyles were subjected to an initial tare stress of 0.016 ± 0.01 MPa at a loading 
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rate of 16.3 N/sec. After stabilization, a test stress of 0.078 ± 0.01 MPa was applied at the 

same rate as the tare load. Analysis of the experimental data was based on the theoretical 

solution developed by Hayes et al. [26], for indentation of an infinite elastic layer bonded to 

a rigid half-space. The results for the unrelaxed shear modulus, Gu, was 0.511 MPa  while the 

relaxed shear modulus, Gr, was 0.11 ± 0.05 MPa at 1500 s. Both moduli were calculated 

assuming Poisson’s ratio to be 0.4.  

Hayes and Bodine [33] in 1978 measured the viscoelastic complex shear modulus for 

bovine articular cartilage using a sinusoidal shear generator. The generator was used on 0.1 

mm thick bovine specimen obtained from the mid zone at varying sinusoidal displacements. 

This method could measure the viscoelastic properties of the cartilage matrix independent of 

the interstitial fluid flow because testing in shear separated the fluid and solid responses.  In 

other words this method uncoupled the matrix response from the fluid flow effects. The tests 

were done at room temperature and at an applied frequency of 100 Hz. The complex modulus 

was determined using a linear regression analysis to fit the recorded data. The measured 

mean complex modulus at 100 Hz was 2.53 ± 0.70 MPa and the loss angle, δ (phase 

difference between the cartilage response and applied frequency) was found to be 10.11ο ± 

1.24ο.   

Even though the viscoelastic models were successful in describing the creep and 

stress relaxation phenomena exhibited by cartilage, they were unable to describe the 

interstitial fluid flow [40-42, 50] seen in cartilage. One of the main constituents of cartilage is 

fluid and when cartilage is subjected to any form of loading, it deforms and causes fluid to be 

exuded through small pores. Similarly when cartilage is placed in a fluid medium, fluid is 
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reabsorbed. The free fluid movement in and out of the cartilage body is restrained by the 

proteoglycans and the collagen framework. This combined interaction makes cartilage act 

like a sponge.  

In order to account for the movement of interstitial fluids and its influence on 

cartilage time dependent response, a linear biphasic model was introduced by Mow et al. [40] 

in 1980. The biphasic model was based on mixture theory and models cartilage as a material 

made up of two distinct phases; an incompressible solid phase with no energy dissipation and 

an incompressible fluid phase with no energy dissipation. The solid phase is porous, linearly 

elastic and permeable to fluid flow [11]. Interaction between the phases comes from the 

frictional drag caused by the relative movement of the fluid phase through the solid phase 

during deformation. This interaction is dissipative. The 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 description of the time-dependent 

(viscoelastic) deformational behavior [59].  Material constants, permeability, k, aggregate 

modulus, HA, Poisson’s ratio, υ, and solid phase volume fraction, α0, obtained from the 

model using a curve fitting algorithm describes the behavior of cartilage. Based on the 

model, experimental data obtained from confined compression creep test (applied stress = 0.1 

MPa, duration = 50 mins) of bovine cartilage plugs (6.35 mm in diameter, average thickness 

of 1.78 mm) were curve fitted using a nonlinear numerical regression procedure to obtain 

values of HA and k for α0 = 0.1. Measured values for HA and k were 0.70 ± 0.064 MPa and 

0.76 ± 0.30 X 10-15m4/Nsec respectively. A similar experiment using a 1 MPa applied stress 

over a duration of 10,000 s was conducted by Armstrong et al.[25] in 1982 on human 
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cartilage plugs. Results for HA and k were 0.79 ± 0.36 MPa and 0.47 ± 0.36 X 10-15 m4/Nsec 

respectively. 

Over the years the biphasic theory has been refined and expanded by several others. 

A biphasic poroviscoelastic theory [37] has been developed to describe the compressive 

behavior of cartilage which uses the biphasic model and incorporates an intrinsic viscoelastic 

solid matrix. This theory has been shown to be successful in describing tissues with high 

permeabilities [41, 49, 50, 60]. 

 DiSilvestro et al., [61-63] in 2001, studied the response of articular cartilage at 

varying strain rates using unconfined compression. They investigated the abilities of the 

linear biphasic poroviscoelastic (BPVE) model which incorporated a fluid flow-dependent 

viscoelastic mechanism and a fluid flow-independent viscoelastic mechanism, and the linear 

biphasic poroelastic (BPE) model which incorporated only a fluid flow-dependent 

viscoelastic mechanism to simulate cartilage response at various strain rates in unconfined 

compression. A set of stress relaxation experiments in unconfined compression was done 

using 3 mm diameter mature bovine cartilage plugs. After initial surface contact, the plugs 

were subjected to successive ramp displacements ranging from 2 to 30% strain and the 

corresponding equilibrium stresses were measured. Another set of stress-strain relationship 

for 3 mm diameter cartilage plugs in unconfined compression was carried out at varying 

strain rates from 0.0001%/s to 0.01%/s until a ramp displacement of 5% was reached. Each 

test lasted about 2000 secs at which time, equilibrium was reached. The models were fitted to 

the experimental data using a global optimization algorithm. From the curve fitting 

procedure, material parameters E, was determined to be 0.84 ± 0.27 MPa for both BPE and 

BPVE models, υ was 0.01 for the BPE model while the BPVE model had υ = 0.40 ± 0.10 
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and k was found to be 0.57 ± 0.51 X 10-15 m4/Nsec for the BPE and 3.72 ± 3.07 X 10-15 

m4/Nsec for the BPVE model. The linear BPE model could not suitably simulate cartilage 

response at strain rate higher than 0.0001%/s because it could not model the stress relaxation 

response. The BPVE model on the other hand was able to model the entire stress relaxation 

response over the range of strain rates from 0.0001%/s to 0.01%/s. The study concluded that 

the short-term viscoelastic behavior of articular cartilage under fast strain rates (>0.01 %/s) is 

due to the fluid flow-independent mechanism while the long-term response at slower rates is 

due to the fluid flow-dependent viscoelastic mechanism. 

Other modifications made to the biphasic theory have included the introduction of 

material symmetry to study transversely isotropic properties of cartilage. This has been 

investigated by Cohen et al. [59] in 1998 for cartilage tested in unconfined compression. This 

model differs from the biphasic model in that the linear elastic solid matrix is replaced with a 

transversely isotropic elastic solid matrix. It requires seven constitutive parameters: five 

elastic constants and two permeability coefficients (in and out of plane) [59]. The elastic 

properties are Young’s Modulus and Poisson’s ratio in and out of the transverse plane and 

the out of plane shear modulus. A set of confined and unconfined compression tests were 

carried out using 6.35 mm disks of bovine cartilage with 1mm thick underlying bone 

attached. The specimens were preloaded with a stress of 0.03 MPa and then unloaded to 0.01 

MPa which was followed by stress relaxation test at a strain rate of 7.6 X 10-1/s until 10% 

compression was reached. Material parameters were obtained by curve fitting the model to 

the experimental data. The transversly isotropic model parameters obtained are Young’s 

moduli, E1 = 4.3 MPa in tension and E3 = 0.64 MPa in compression, Poisson’s ratios, υ12 = 

0.49 and υ31 = 0 and permeability coefficient, k1 = 5.0 X 10-15 m4/Nsec in the transverse plane. 
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The model provided a better representation of the experimental data than a linear isotropic 

biphasic model.  

Another model developed from the linear biphasic theory is the fibril-reinforced 

composite model by Soulhat et al. in 1999 [64]. The model is essentially a linear 

homogenous isotropic biphasic model with the addition of a tension-resisting fibril network. 

The model has been successfully used in unconfined compression to describe stress 

relaxation behavior of cartilage.  

Investigation into the permeability of cartilage has also led to some modification to 

the existing biphasic model. Permeability experiments have shown that non-linear 

permeability effects dominate creep and stress relaxation behaviors [55]. This resulted in 

further studies into non-linear permeability on articular cartilage [39, 49-51] and eventually 

led to the constant permeability term in the linear biphasic theory being replaced with a 

strain-dependent permeability.  Other studies have involved finite deformation effects and 

finite element formulations for cartilage behavior [42, 43, 45]. A triphasic theory has also 

been developed for cartilage by Lai and co workers [46]. This model accounts for the 

Donnan osmotic pressure effect, chemical expansion effect, ion transport through tissue and 

electrokinetic effects. The theory assumes that cartilage is made up of a solid matrix, a 

miscible ion phase and an immiscible fluid phase. 

Experiments that involve high loading rates can cause large strains and this generally 

results in non-linear finite deformation effects requiring more advanced theories. Most of the 

constitutive models presented here have represented the creep and stress relaxation responses 

which involve small deformations and use mostly infinitesimal strain theories. However, 

there are nonlinear constitutive models that have been developed to model the large strain 
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behavior of cartilage and account for the material nonlinearities. Under high speed loading, 

the interstitial fluid does not have time to move within the cartilage and so contributes 

significantly to the load bearing of the tissue [1]. This results in an increased stiffness in 

cartilage with increasing loading rates [1-3, 9, 53, 54, 65] which must also be modelled.  

Radin et. al in 1970 [65] conducted dynamic compression tests on  6.3 mm diameter 

articular cartilage plugs at strain rates in the range of 0.1 -670 %/s. This showed that the 

compliance of the cartilage decreased with increasing speed of deformation. The peak impact 

force also increased with loading rate. The damping coefficient, measure of the 

responsiveness of a material to the speed of deformation, increased with increasing strain as 

well. The damping coefficient varied from about 60 - 280 Kg-sec/cm2 for a strain rate of 

0.27%/sec to about 90 – 320 Kg-sec/cm2 for a strain-rate of 8.6%/sec. 

Woo et al. in 1976 [66, 67] were among the first to use a non-linear constitutive 

relationship to model cartilage behavior. They carried out tensile tests to determine the non-

homogenous, directional properties of articular cartilage. Specimens of bovine cartilage 

measuring 250 -325 µm in thickness were obtained from 3 different zones and 3 different 

orientations, 0, 45 and 90 degrees relative to the split line axis using a microtome. Dumbbell 

shaped tensile strips were cut using a specially designed die cutter. The dumbbell shaped 

strip dimension was 12.5 mm x 1mm (middle portion). The gage length portion was stained 

at two ends with histology ink. The distance between the two ends measured approximately 2 

– 3 mm. The deformations of the marked ends were tracked using a video dimensional 

analyzer to obtain strain data during the tensile tests. The tensile test was run at a strain rate 

of 1.2%/sec. The experimental data was fitted to Fung’s nonlinear elastic equation,  
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σ  = A (eBε
 – 1), to obtain the values of material constants, A and B. The values of A and B 

ranged from 2.0 – 2.6 MPa and 2.66 -3.38 respectively for the 0 degree specimens, the values 

for the other two orientations ranged from 1.1 – 3.3 MPa for A and 1.65 – 3.52 for B. The 

results showed a similar trend to the study done by Kempson [6] in that the siffness values 

decrease with depth from the surface. The ultimate stress for the three different zones was 

found to be in the range of 9 – 18 MPa.  

Roth et al. [52] in 1980, carried out tensile tests on dumbbell shaped specimens of 

cartilage obtained from bovine patellofemoral joints. The specimens were obtained from the 

three different zones found in cartilage. Each specimen was between 250 – 300 µm thick, and 

measured 1.5 mm x 22.8 mm and had a 2 mm gage length. The tensile tests were carried out 

at the rate of 1.2%/sec. The experimental data was fitted to the nonlinear elastic equation 

developed by Fung and used previously by Woo et al. The results showed values for the 

material constants A and B to be in the range 0.25 – 2.11 MPa and 1.3 – 5.0 respectively.  

Mizrahi et al. [68] in 1986 conducted unconfined compression tests and observed the 

instantaneous changes on the surface of human articular cartilage. Three groups of 

compressive specimens, 4 – 7 mm in diameter were tested; (a) Full thickness plugs with 

attached bone (b) Full thickness plugs without bone; and (c) 400 µm sections obtained from 

the superficial, middle and deep zones. The study investigated the instantaneous diameter 

deformation of specimens under stresses ranging from 0 – 60 MPa. A transparent Perspex 

plunger was used for loading the specimens while a video dimensional analyzer was used for 

deformation measurement. An instantaneous diameter increase of about 0.70 – 6.50% from 

the initial value for an applied stress of 0.6 MPa was found. The specimens with attached 

bone had a significantly smaller instantaneous diameter deformation (1.02 ± 0.30%) than 
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those without the bone attached (1.88 ± 0.70%) for an applied pressure of 0.56 MPa. There 

was a greater increase in diameter in the direction perpendicular to the split line when 

compared to parallel to the split line. Specimens from the different zones showed varying 

stiffness levels with the surface being the stiffest. An average instantaneous diameter 

deformation of 1.2 ± 0.9% was determined for the surface zone specimens along the split line 

direction while the mid and deep zone specimens instantaneous diameter deformation were 

measured to be 2.5 ± 1.2% and 3.3 ± 1.5% respectively. All three zones were compressed 

with an applied stress of 0.56 MPa. 

Oloyede, et al. [1] in 1992, conducted compression tests to study the influence of 

loading velocities on articular cartilage stiffness. Two sets of bovine cartilage samples (15 x 

20 mm) were used, one with full thickness cartilage without underlying bone attached while 

the other with the bone attached. The samples were loaded using a planar circular indenter, 

7.7 mm in diameter. The tests were run at strain rates in the range of 10¯5 /sec to 103 /sec. 

Stiffness was determined at stress level of 0.5 MPa.  Stiffness increased with increase in 

strain rates. Compressive strains on the order of 42% were achieved under quasi-static 

loading while impact loading caused only 25% strain. At lower strain rates, stiffness 

increased almost linearly with progressive increase in strain rate up to about 10¯2 /s and for 

higher strain rates, minimal stiffness changes were observed. 

A nonlinear model based on the theory of hyperelasticity was used to fit stress-strain 

data obtained from high speed tensile tests on bovine cartilage by Mun [54] that subjected the 

cartilage to large strains. A hyperelastic model of the form W = C1 (I1 – 3)2 + C2 (I2 – 3)2 

where W is the strain energy density, I1 and I2 are the strain invariants and C1and C2 are 

material constants was used to model the response. Specimens were obtained from bovine 
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humeral heads and were cut into rectangular strips of dimension 5 – 7 mm wide, 8 -15 mm 

long and 250 – 300 µm thick. High speed tensile tests were conducted on the specimens at 

displacement rates ranging from 128 -192 mm/sec which is equivalent to strain rates of 16 – 

24 %/sec. Specimens were tested to strains as high as 40%. The values for the material 

constants C1and C2 obtained through curve fitting were 1.76 ± 0.52 MPa and 0.91 ± 0.60 

MPa for the surface zone, 1.28 ± 0.38 MPa and 0.53 ± 0.36 MPa for the mid zone, and 0.43 ± 

0.24 MPa and 0.41 ± 0.11 MPa for the deep zone. Tensile stiffness decreased with depth 

from the surface which was consistent with the work done by Roth, 1980[52], Woo 1976 

[66] and Kempson, 1972 [5]. 

Mente in 1995 [53] used a 6 term Ogden hyperelastic constitutive model available in 

the Finite Element Package ABAQUS to model cartilage response to high speed loading 

rates. The Ogden model was chosen for its ability to model large strains and the resulting 

non-linear stress-strain curves. The Ogden Hyperelastic constitutive equation has the form 
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 where U is the strain energy function, λ1, λ2 and λ3 

are principle stretches and µi and αi are material parameters obtained by fitting the model to 

the experimental data using a least square optimization scheme. Circular compressive plugs 

having a diameter of 2 mm and an average thickness of 1.5 ± 0.3 mm (range of 0.95 – 2.2 

mm) were tested in compression at a displacement rate of 100 mm/sec after an initial preload 

of 0.019 ± 0.008 N. Tensile data from mid zone bovine cartilage was obtained from a 

previous study by Mun [54]. Both the tensile and the compressive experimental data were 

combined to obtain the 6 material constants. A slope restriction constraint was included in 

the optimization scheme to ensure that the stress-strain curve was monotonically increasing. 
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From the material constants obtained from the curve fitting procedure, a finite element 

impact model was developed to study cartilage behavior and the resulting stress distribution 

under impact loading. 

Flachsmann, et al., [9] in 2001, investigated the static and dynamic response of 

articular cartilage under direct compressive loads. The tests were done to closely simulate in 

vivo conditions. Square (14mm x 14mm) shaped cartilage-on-bone specimens were made 

from the flattest portions of bovine patellae and a regular grid was drawn on the specimen 

surface using a 3D plotting machine. Strain measurements were made from the images taken 

by high speed cameras and using an edge detection software that calculates centroid locations 

of the positions of the grid. Compression was done using an acrylic transparent circular 

plane-ended indenter. Static loads were applied in the range of 4 – 15 MPa while dynamic 

loads were in the range of 4 – 25 MPa. Rupture of the articular surface occurred 45 s after a 

stress of 15 MPa was applied statically; rupture occurred primarily in the direction of the 

split-line. On the other hand, dynamic loading at high stresses (28 MPa) produced no rupture 

at all. Comparison between compressive strains obtained by static loading to dynamic 

loading showed higher values of strain approximately 75% for static loading to 8% for 

dynamic loading at an applied stress of 10 MPa. The study concluded that different 

deformation mechanisms are involved that influence the in-plane strains induced on the 

articular surface at high and low loading rates. 

In 2003, a theoretical study by Li et. al [69] on cartilage response to loading at high 

loading rates showed the dependence of stiffness on tissue volume change and load sharing 

interaction between the solid matrix and the interstitial fluid. The study was modeled using 

finite element software, ABAQUS, at strain rates ranging from zero to infinity. Initial 
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material properties, Young modulus equal to 0.36 MPa and Poisson’s ratio υ = 0.38 were 

used in the software were obtained from previous literature. A strain range of 0 to 15% was 

studied at different stain rates. The study demonstrated that the fluid phase contribution 

towards load bearing increased with strain rate. At a strain rate of 0.05%/sec, the fluid phase 

in cartilage supported about 60% of the load. At equilibrium, 100% of the load was carried 

by the solid phase. At higher strain rates, the load supported by the solid phase decreased to 

about 50% showing a significant contribution by the fluid phase towards load bearing. The 

apparent stiffness of cartilage under impact was several times larger than under static loading 

i.e. a higher strain rate is associated with a stiffer material. At strain rates ≥ 0.5%/sec, an 

increased volume change produced higher stiffness. 

Haung et al. [10], in 2004 performed a series of tensile and compressive tests on 

human glenohumeral cartilage to study the anisotropy and inhomegenity of articular 

cartilage. Tensile and compressive specimens were obtained from different regions across the 

humeral and the glenoid sites. Full thickness compressive plugs having a diameter of 6.36 

mm and strips of rectangular tensile specimens measuring 1.5 mm x 8 mm were obtained. 

Both the compressive plugs and the tensile strips were serially sectioned using a microtome 

to obtain specimens from the superficial and the middle zones. The compressive specimens 

had a thickness of 350 µm while the tensile specimens were 250 µm thick. The tensile 

specimens were sectioned in two different orientations, parallel to split-line axis and 

perpendicular to it. The tensile test protocol involved applying a 0.02 N tare load for 1000 

sec followed by step increments in strain from 2% to 25% in steps of 2 with a 20 minute 

dwell period after each increment. Poisson’s ratio was found by measuring the lateral strains 



 

 

25

using a video dimensional analyzer. The Young’s modulus (E) was determined at 0% and 

16% strains and the experimental data was curve fitted to Fung’s exponential function,  

σ = A (eBε
 – 1). For the compressive test protocol, the specimens were subjected to a tare 

load of 4.9 N for 60 s followed by a step-wise strain increments of 10% at a displacement 

rate of 0.25 µm/sec. The compressive modulus at 0 % and 16% strain was determined by 

curve fitting an equilibrium stress-stretch response   t ( )1
12
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experimental data where HA0 is the Aggregate modulus at 0% strain, λ  is the stretch and β is 

a material parameter. The Young’s modulus at 0% for the humeral head was 4.23 ± 2.88 

MPa while the glenoid modulus was 2.24 ± 2.93 MPa. The modulus for the humeral head 

was significantly greater (p<0.01) than the glenoid modulus at 0% strain. The study showed a 

non-linear behavior for the tensile response under finite loading. The specimens from the 

superficial zone were stiffer than the middle zone specimens for the humeral head at both the 

0% and 16% strain. The glenoid specimens showed no significant zonal differences for the 

same strains. The results also showed that the tensile specimens parallel to the split-line axis 

were stiffer than those specimens perpendicular to it. The compressive modulus for the 

humeral head at 0% strain was 0.116 ± 0.043 MPa for surface specimens and 0.141 ± 0.048 

MPa for middle specimens. At 16%, the humeral head compressive modulus for the surface 

zone was 0.141 ± 0.051 MPa and 0.226 ± 0.053 MPa for middle zone. The compressive 

modulus for the glenoid site at 0% was 0.138 ± 0.062 MPa (surface) and 0.178 ± 0.094 MPa 

(middle). The compressive modulus at 16% for the glenoid was 0.178 ± 0.073 MPa (surface) 

and 0.203 ± 0.116 MPa (middle). The study found no significant regional differences in the 

humeral sites or the glenoid sites for the compressive modulus. Poisson’s ratio was found to 
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be 1.16 ± 0.28 for the humeral head and 0.95 ± 0.31 for the glenoid. The study concluded 

that based on the observed differences in the mechanical properties between the two 

locations, the glenoid site is more susceptible to degeneration than the humeral head. 

Different constitutive models have been proposed to study cartilage behavior under 

different experimental protocols. The resulting data have been interpreted using linear elastic, 

visco-elastic, biphasic, triphasic and non-linear theories. The limitations of the linear elastic 

model is its inability to describe the time-dependent and non-linear properties of cartilage. 

Visco-elastic models described the time-dependent stress-relaxation and creep properties of 

cartilage but do not take into account the interstitial fluid movement. Biphasic models have 

been developed that incorporated the effect of interstitial fluid flow. These models were 

successful in describing the cartilage compressional behaviors in long-term creep behavior. 

Effects of permeability, the viscoelastic behavior of the solid matrix, and finite deformations 

have also been investigated in terms of the biphasic model.  Other non-linear models have 

been developed to study the large strain behavior exhibited by cartilage under high loads. 

Material properties of cartilage and its variation with age, location and zone have also been 

investigated. Other studies have examined the influence of strain rate on interstitial fluid 

movement and the behavior of cartilage under high loading rates. 

In order to develop a model for the study of cartilage behavior under an applied 

impact load, appropriate material properties must be obtained under impact loading 

conditions. Very few people have studied cartilage behavior under high loading rates and 

over a large strain range [1-3, 9, 53, 54]. Most of the research done at high loading rates in 

compression has involved the use of full thickness cartilage but cartilage properties have 

been shown to vary significantly with depth. Previous research has shown that cartilage tends 



 

 

27

to stiffen with increase in strain rate but little is known about the zonal material properties of 

cartilage at high loading rates. Mun [54] was one of the first to carry out tensile tests at high 

strain rates on the different zones of cartilage. Mente [53] developed a model for cartilage 

behavior under impaction by incorporating Mun’s [54] tensile data and high strain rate 

compressive data obtained from testing full thickness cartilage.  

This study is aimed at obtaining the material properties of the different zones of 

cartilage at high loading rate. Using the tensile and compressive data from the independent 

zones, an accurate constitutive model can be developed for cartilage that incorporates the 

zonal properties at high loading rates. This model can serve as input for a finite element 

model of cartilage impact tests and can be used for correlating actual cartilage damage under 

impaction with the predicted stresses and strains from the model. 
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Chapter 3 

Experimental procedure 

3.1 Tensile Test on articular cartilage  

3.1.1 Tensile Specimen Preparation 
Cartilage specimens were taken from frozen porcine knee joints obtained from the 

local slaughter house. The procedure for harvesting the specimens was similar to that used by 

Woo [66]. Six patellae were harvested from three adult porcine knees. Each patella was 

tested for its split-line orientation using a sharp needle dipped in India ink. The poked area 

was then viewed under the microscope to determine the orientation of the collagen fibers in 

the surface (split lines), (Figure 3). Split-line orientation shows the alignment pattern of the 

collagen fibers on the surface of cartilage. 
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Rectangular sections of cartilage attached to the subchrondal bone were cut from the 

most flat and smooth portion of the patella.  Section dimension were approximately 15mm by 

   Split-line direction 

Figure 3: Split-line orientation 



 

 

29

4mm, (Figure 4). Cartilage tissue in each section was removed from the bone and frozen in 

OCT gel (Sakura Finetek, Inc., Torrance, CA) with the articular surface flattened against the 

bottom of a rectangular mold, (Figure 5). The frozen Cartilage-OCT block (Figure 6) is then 

removed from the mold and stored in a -80 °C freezer until it could be used for zonal 

specimen preparation. In order to obtain specimens of cartilage from the different zones, a 

sledge microtome was used (Figure 7). The microtome comes equipped with a freezing 

platform where specimens are placed for sectioning. The freezing platform is kept in a -80 °C 

freezer. 
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Figure 4: Rectangular Blocks of 
cartilage before sectioning

Figure 5:  Mold and Embedded tissue

Figure 6: OCT-Cartilage Block Figure 7: Sledge Microtome 



 

 

30

After a period of two hours, the platform is taken out and placed on the microtome. A frozen 

OCT block with cartilage is then placed on the platform and the sides of the block are 

sprinkled with water. The water freezes almost immediately and holds the block onto the 

platform. After alignment of the block (making the block surface parallel to the movement of 

the blade), serial cartilage sections measuring 120 µm in thickness were cut. Because it is 

difficult to determine the exact thickness of the different zones and because of the variability 

in cartilage thickness from block to block, the total number of serial sections obtained from 

the OCT blocks varied. 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 using a specially made die, (Figure 8) consisting of a pair of razor blades held 2 

mm apart, (Figure 9).  The strips were obtained by stamping the die onto each cartilage 

section. The strips were placed in saline and immediately frozen at -20 °C.  Each tensile strip 

was marked with evenly spaced dots 2 mm apart using tissue marking dye (Polysciences, 

Inc., PA). The central 2 mm served as the gage length for the specimen. 

      

                                                                                          

               
            
 
 
 
 
 
 
 Figure 8: Tensile strips Figure 9: Die cutter 
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A total of 30 specimens were obtained; eleven from the surface zones, eleven from the mid 

zones and eight from the deep zone. All specimens were oriented parallel to the split line 

axis.  

 

3.1.2 Handling and Clamping                                                                                                                             

 A small aluminum former, (Figure 10), was used to hold the cartilage strips and help 

clamp them into the test frame. The aluminum former is a rectangular sheet of aluminum 

measuring roughly 32 mm by 14 mm with a circular hole punched in the center. The 

diameter of the hole is approximately 8mm. A cartilage strip was placed on the former with 

the gage length lying over the hole. The ends of the cartilage strip are bonded onto the former 

using cyanoacrylate glue (Loctite 420, CT). Only a small amount of glue was applied to 

prevent seepage onto the gage length region. The strip was placed in the load frame by 

clamping the former in specially made tensile clamps, (Figure 11).  

 

 

 

 

 

 

                 

The jaws of the clamps grip the aluminum portion of the former. Before running the 

tensile test, the sides of the former around the hole were cut off to free the cartilage strips. 

The use of a former facilitates specimen handling, protects the specimen during the clamping 

Figure 10: Aluminum Former Figure 11: Tensile Clamps 
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process by preventing unnecessary loading on the specimen until the actual tensile testing, 

provides a firmer grip for the clamps since the aluminum ends are held, thereby reducing 

slippage, and provides a wider field of view of the gage length area.  

 

3.1.3 Tensile Experiment 

The tensile test was carried out using a material testing machine (Figure 12) 

(Enduratec ELF3200, Minneapolis, MN) with a ±500 g load cell (Sensotec, Columbus, OH). 

Tests were carried out at a displacement rate of 25 mm/s, a rate chosen to match the loading 

rate of cartilage impact tests being run in the lab. Deformation of the specimen was measured 

using a high speed camera (Redlake Motionscope, San Diego, CA) at 250 fps, (Figure 12). 

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 camera speed of 250 frames/sec (fps) was chosen because it provided adequate 

number of frames for the test duration at a high resolution of 480 by 410 pixels which is 

important for accurate tracking of the dots. The accuracy of tracking improves with increased 

resolution. The camera was focused on the central dotted portion of the tensile strip. Halogen 

lamps which are high heat emitting lamps were used for lighting. In order to ensure that the 

temperature was maintained constantly within acceptable limits, the lamps were turned on 

only seconds before the test started, (Figure 13). During specimen handling and testing, the 

specimens were kept moist by spraying them with saline. 
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Figure 12: Enduratec load frame and camera setup 
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The load frame and the camera were synchronized to begin at the same time in order 

to obtain matching force and displacement data. This was achieved by enabling the load 

frame to trigger on the camera at the start of the tensile test. The camera has a 

 built-in triggering circuitry which turns on the camera when it receives a 5 V signal. The 

load frame was programmed to send out a 5 V digital output signal to the camera’s triggering 

circuitry at the start of the tensile test. This triggers the camera to begin recording images 

which are stored in a second computer running the camera (Figure 14). Force data was 

collected at 250 Hz to match the camera rate (250 fps) using a data acquisition card 

(DAQCard-AI-16E-4, National Instruments Co.) via a BNC connector box (BNC-2090 

National Instruments Co.). The DAQCard has a maximum sampling rate of 250 kS/s and can 

have up to 16 single-ended channels. The BNC connector box is a rack-mountable adapter 

used for simplifying connections of analog, digital and trigger signals to the DAQ card.  

Figure 13: Halogen light and camera setup 
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Data acquisition software (Labview, National Instruments, Co.) was used for the data 

collection. The software was used to control the data acquisition and to save the data from 

the load cell.  
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            Camera 
 
                                              Board 

 
             
               5 V Digital Output                     5 V Triggering Signal 
 

 

 

A hexagonal wrench, 2.33 mm wide was placed next to each specimen during the test 

to serve as a calibration standard on the image (Figure 15). The images are saved as TIF files 

and transferred to an image analyzing software (Metamorph, Universal Imaging Co.) which 

provided a point tracking algorithm that calculates the positions of the ink dots that were 

applied to the specimen. The algorithm tracks the position of the centroid of the intensity of a 

selected region, in this case the two ink dots, in each image.  The accuracy of tracking 

increases with the resolution of the image. The difference between the positions of the dots 

on every image was used to calculate the strain in the specimen. The difference in positions 

of the dots in the first image was taken as the initial length. Stress (σ) versus Stretch (λ) 

Figure 14: Schematics for triggering camera 
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curves were obtained for all specimens from the dot position data and the force data using the 

formulas for stretch, λ = 1
0

+
∆
L
L  and σ = 

A
F  where L∆ is the change in  

 

 

 

 

 

 

 

 

                                                                                           Calibration object                         

 

 

position of the dots per frame, 0L is the initial position of the dots in the first frame, F is the 

applied force and A is the crossectional area of the specimen. It was assumed that every 

specimen was 120 µm thick and 2 mm wide. The experimental data for the different zones 

were curve fitted to Fung’s exponential function, σ = A (eB(λ -1)
 )– 1) using a program to 

calculate the least-square fit (Matlab, Mathworks, Inc.). The material parameters A and B 

were obtained from the curve fitting procedure for each specimen. Initial guesses of A and B 

used for the optimization procedure were obtained from previous research by Woo [66]. The 

Young’s modulus, E, for the different zones was obtained by fitting a straight line through 

the linear section of the stress-strain curve plotted from spreadsheet data (Excel, Microsoft, 

Figure 15: Specimen image with ink dots 
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Inc.). The mean difference in calculated E between the different zones, was determined using 

student’s t- test at a significance level, α=0.05. 

3.1.4 Evaluation of the accuracy of tracking software 

Evaluation of the tracking software (Metamorph) was done by placing a strip of paper, 4 

mm by 20 mm in size onto the grips of the load frame. The strip of paper was marked at its 

central portion with ink dots placed 8 mm apart. After the strip was aligned in the load frame, 

it was cut in the middle between the dots using a scissors, thus separating the strip into two 

pieces, (Figure 16). The load frame’s actuator was set up to move at the same rate as the 

tensile test protocol used for cartilage testing. The camera setup, triggering and image 

recording was also the same as that used in the tensile test on cartilage. Since the strips were 

separated, there is no slippage in the grips; hence the displacement of the dot should be the 

same as that of the actuator displacement in the load frame. The accuracy of the software 

tracking was measured by comparing the displacement data obtained from the tracking 

software to the displacement data obtained from the load frame. 

The ability of the software to track an object on an image depends on the resolution of the 

image, the shape of the object, and the intensity of the object. Two factors were compared to 

determine how effectively the software tracked the displacement of the specimen; one factor 

compare two levels of ink intensity, a high intensity ink dots versus low intensity dots. The 

other factor compared shape, a regular circular shaped dots versus irregular shaped dots more 

like a smudge.  
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                           Cut off section of paper 

 

 

                               

                                  Circular dots 

 

 

                                          
 

 
 

 

 

In order to compare the effect of intensity of the ink on tracking, two different pairs of 

ink dots were tested. One pair of dots was made very dark and was considered the high 

intensity pair while the other pair, the low intensity pair, was made less dark by using diluted 

ink. Circular ink dots were considered regular shaped while smudge-like shaped dots with no 

defined shape were used for irregular shaped dots. Plots of Metamorph displacement data 

versus the actuator displacement were obtained. One plot compared the effect of two 

intensities on the tracking accuracy while the other compared the effect of shape on tracking 

accuracy. The data from the actuator and image analysis were fitted to a linear trend line and 

the slope of the line was calculated to determine the correlation between the two methods. 

 

Figure 16: Circular dots on paper strip 
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3.2 Compression testing of articular cartilage 

  

3.2.1 Compression specimen preparation 

Circular plugs of cartilage attached to the subchrondal bone were obtained from the 

flattest portions of the patellae using a 5mm circular punch, (Figure17). 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 cartilage compression specimens, (Figure 18), were punched out, placed in saline 

and frozen at -20 °C to await testing.  

 

 

 
           
          5 mm 

 
 

                            
                            

    
 
 
 
 
  
 
 

 

 

 

Figure 17: Circular full thickness cartilage plugs 
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             (a)           (b)                                  
                      

                    

3.2.2 Compression test 

Special compression plates were made using a 35 mm petri dish, (Figure 19), which 

served as the base plate and an aluminum rod measuring 5 mm in diameter attached to the 

actuator side which served as the top plate. Both the circular base of the petri dish and the 

aluminum rod on the actuator side were covered with a Teflon film. This helped reduce 

friction in the lateral direction during testing. The petri dished was attached via a ball and 

socket joint to the Enduratec load frame. The ball and socket joint aided in alignment of the 

plates with the specimens. The top plate was attached first to a ±500 g load cell and then onto 

the load frame’s actuator.  

The specimens were placed inside the dish which was filled with a thin film of saline. 

Excess saline is sucked out using a syringe with a very small needle just before testing. 

Compression tests were carried out in displacement control at 25 mm/s. Compliance of the 

Figure 18: (a) Compression Plugs and (b) Circular Punches 
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system was accounted for by carrying out the compression test with no specimen on the petri 

dish. The force-displacement relationship obtained with the actuator in direct contact with the 

petri dish was used for calibration with force-displacement readings obtained when testing 

the specimens. Individual specimen thickness were recorded by taking the initial position of 

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

position of the top plate in contact with the specimen at an average tare load of 2 g (0.02 N). 

The difference between the two positions of the actuator gave the thickness of the specimen. 

Both displacement and load data were collected at 4000 Hz using the data acquisition system 

described for the tensile test. 

 

 

 

 

 

 

 

 

 

 

A total of 23 specimens from the surface zone, 23 from the mid zone and 21 from the 

deep zone were tested in compression. Initial thickness of each specimen, L0, was used in 

compressive strain, є, calculations by dividing the change in thickness, L– L0 (compression) 

by L0 where L is the final actuator height. Compressive stress calculations, σ = ,
A
F  where F 

Figure 19: Compression Clamps 
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is the applied force and A is the cross-sectional area, were carried out assuming that the 

specimens were perfectly circular and thus the cross-sectional area was calculated using the 

formula for calculating the area of a circle,
4

2Dπ  where D, the initial diameter was taken to be 

2.75 mm for all specimens.  Stress versus strain curves were generated for all the specimens 

from the different zones.  Young’s modulus, E, was determined by curve fitting a linear trend 

line to the data the in linear region of the curves for each specimen and an average value for 

each zone was determined. Mean difference in Young’s modulus, E, between the different 

zones, was measured using a student’s t- test (Microsoft Excel) at a significance level, 

α=0.05. 

3.2.3 Size effect on compression specimens 

It was important to verify if there was any size effect on the material properties of the 

specimens since the compression tests were done on very thin specimens. Different sizes 

(thickness) of a homogenous rubber material were tested in compression using the same 

compression test protocol as that used on cartilage. The different sizes obtained from the 

rubber are shown in figure 20. 

 

 

 

Table 1 shows the thickness and diameter of the rubber plugs tested. Rubber plugs 

ranging from 120 µm to 2 mm in thickness were obtained using the sliding microtome. The 

22..7755  mmmm  

                                    22..0000    
00..224400                        00..115500  

55..4400 mmmm88..4400mmmm

                          55..4400  

                          11..0000    00..336600    00..448800                                                 00..112200      00..118800  

                                1155..0000mmmm  

Figure 20: Different thickness and diameter of rubber ranging from 120 µm 
to 5.4 mm 
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same method used for obtaining cartilage compressive specimens was utilized for obtaining 

rubber plugs. Three different sizes of die cutters, 2.75 mm, 5.4 mm and 8.4 mm, were used to 

obtain the rubber plugs for the thickness range from 120 µm to 2 mm. Plugs with a thickness 

of 5.4 mm were obtained using a band saw and a grinder to cut out and shape the plug to the 

appropriate thickness (5.4 mm). A die cutter, 15 mm in diameter was then used to punch out 

the plugs.  Stress-strain plots were obtained from the compression test after adjusting for 

compliance of the load frame. Young’s modulus, E, was determined for each specimen as the 

slope of the straight line portion of the curve. An analysis of variance (ANOVA) was 

performed to determine if there was any significant size effect at a significant level of 

α=0.05. 

Table 1: Thickness and Diameter of Rubber plugs 

 

  

 

 

 

 

 

 

 

 

 

 

Thickness (mm) Diameter (mm) Number of plugs tested 

0.120 2.75 3 

0.150 2.75 3 

0.180 2.75 3 

0.240 2.75 3 

0.360 5.40 3 

0.480 5.40 3 

1.000 5.40 3 

2.000 8.40 3 

5.400 15.00 1 
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3.3 Ogden Hyperelastic Model 

The Ogden model is a strain energy function for modeling rubber-like materials 

(hyperelastic) that can undergo large deformations. These materials are described in terms of 

a strain energy potential, U, which relates the strain energy density as a function of deviatoric 

(shear) and volumetric components of the strain tensor. The general form of the Ogden 

formulation [70] is,  

( ) iel
N

i i
i

N

i i

i J
D

U iii 2

1
32

1
2

)1(13
2

−+−++= ∑∑
==

ααα λλλ
α
µ

                                    (1) 

where U is the strain energy function, λ1, λ2 and λ3 are principle stretches and µi , αi , D and 

N are material parameters. elJ  is the elastic-volume ratio.  

An assumption made for the cartilage specimens tested was that they are 

incompressible. Therefore the volumetric terms of the strain energy function are set to zero. 

Cartilage is assumed to be incompressible because at high loading rates, the interstitial fluid 

which accounts for most of cartilage deformation and viscoelasticity is held in place and is 

unable to move. This reduces the Ogden formulation to,  

( )32
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1
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=

iii
i

N

i i

iU ααα λλλ
α
µ                                                                                (2) 

The material parameters in the Ogden formulation that define the mechanical response of 

cartilage can be obtained by curve fitting the formulation to data from simple mechanical 

property tests like uniaxial tension, compression, biaxial or planar tension tests.  

 An Ogden model was chosen over other hyperelastic models because it provides 

more flexibility for fitting multiple experimental test data [70]. It not only describes the non-
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linear stress-strain response of the tissue in terms of variable powers of stretch but also 

incorporates the large strain behavior exhibited by cartilage.  

Using a similar approach as that of Mente [53], the 6 term Ogden hyperelastic 

constitutive equation found in the finite element software, ABAQUS, (version 6.4, 

ABAQUS, Inc. ) was fitted to the stress-strain data from both the tensile tests and the 

compression tests. ABAQUS uses a least-square optimization procedure to carry out the 

curve fitting. The procedure minimizes the relative error in stress values between the test data 

and the nominal stress derived from the strain energy potential, U, of the Ogden formulation. 

For a given set of stress-strain data points, the relative error measure, E, is minimized as;  

2
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1∑ ⎟⎟
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σ
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         (3) 

where n is the number of data points, test
iσ  is a stress value from the test data and th

iσ is 

the stress value derived from the Ogden formulation using the principle of virtual work. 

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

.λσ ∂∂ =U                     (4) 

For uniaxial deformation the principle stretches,λ , can be expressed as  

λ
λλελλ 1,1 321 ==+== where  for an incompressible material. Therefore using the 

principle of virtual work,  
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The combined data (both compression and tension) for each zone was curve fitted 

together using the Ogden formulation to obtain a set of material constants for each of the 
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three zones. There were more stress-strain data points in the tensile tests when compared to 

that of the compressive tests. In order to provide a more even field of data for curve fitting, 

only every tenth tensile data point was used. The total number of stress-strain data points for 

each of the zones tested in both compression and tension are summarized in Table2. 

Table 2: Summary of data points used for curve fitting the data from the three zones  

 Surface Zone Mid Zone Deep Zone 

Compression 164 208 189 

Tension 171 235 216 

Total no. of data 
points 

335 443 405 
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Chapter 4 

Results 

4.1 Tensile tests 

 The stress-stretch curves for most of the different zones showed a non-linear trend 

which is typical of biological materials (Figure 21). 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. Specimens from the deep 

zone showed the largest extensibility with stretch ranging from 2.02 to 2.82. The mid zone 

specimens had a 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 

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).  

 The material parameters A, B and C from Fung’s exponential equation are obtained 

by curve fitting the exponential equation to the experimental stress-stretch data for each 

specimen individually, (Figure 22). Young’s modulus was obtained from the slope of the 

linear portion of the curves for each specimen as well. The values of A, B and C (Table 3) for 

the surface zone ranged from 6.349 to 66.77, 0.4089 to 4.94 and 6.122 to 31.364 

respectively. The values of A, B and C for the mid zone ranged from 0.1575 to 1465, 

0.00188 to 1.725 and 0.191 to 4.561 respectively and the values of A, B and C for the deep 

zone ranged from 0.2961 to 874.8, 0.002336 to 2.059 and 0.384 to 4.746 respectively.  
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Surface Zone Tensile Properties
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Figure 21: Tensile stress-stretch curves for surface, mid and deep 
zones 
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 Figure 22: Curve fitting surface, mid and deep zone data to Fung's viscoelastic 

equation
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         Table 3: Material parameters A, B and C (=AB) and E for the three different zones 

       Surface Zone specimens 

Specimen A (MPa) B C (MPa) R2 E (MPa) R2 

1 7.903 2.901 22.926 0.997 35.030 0.997 
2 7.391 0.996 7.364 0.984 10.150 0.990 
3 25.130 0.855 21.488 0.983 20.800 0.991 
4 12.660 0.483 6.122 0.993 8.371 0.951 
5 14.190 1.501 21.299 0.993 30.622 0.989 
6 66.770 0.125 8.379 0.998 8.803 0.998 
7 12.000 0.752 9.027 0.999 13.026 0.995 
8 6.349 4.940 31.364 0.989 61.526 0.992 
9 25.760 0.445 11.468 0.998 14.208 0.992 

10 41.990 0.408 17.169 0.995 21.088 0.997 
11 14.350 1.302 18.683 0.994 25.690 0.997 

 

       Mid Zone specimens 

Specimen A (MPa) B C (MPa) R2 E (MPa) R2 
1 0.157 1.213 0.191 0.971 0.472 0.952 
2 0.390 1.314 0.513 0.987 2.050 0.981 
3 3.754 1.113 4.178 0.997 8.107 0.982 
4 1.501 0.778 1.168 0.995 2.590 0.985 
5 1.450 1.725 2.501 0.991 5.850 0.973 
6 7.757 0.588 4.561 0.990 4.997 0.989 
7 1465 0.002 3.516 0.781 5.518 0.959 
8 3.339 0.892 2.978 0.991 0.529 0.329 
9 388.200 0.001 0.729 0.871 4.990 0.987 

10 4.643 0.803 3.731 0.992 2.718 0.936 
 

       Deep Zone specimens 

Specimen A (MPa) B C (MPa) R2 E (MPa) R2 

1 0.996 1.365 1.360 0.997 4.539 0.984 
2 399.500 0.001 0.624 0.971 0.448 0.939 
3 3.051 1.233 3.761 0.993 6.300 0.978 
4 392.700 0.006 2.684 0.980 2.170 0.994 
5 0.316 1.215 0.384 0.908 1.330 0.903 
6 874.800 0.002 2.371 0.874 1.670 0.993 
7 1751.000 0.002 4.746 0.843 3.280 0.960 
8 0.296 2.059 0.609 0.996 7.960 0.981 
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 Mean values of E 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.  The stress-stretch plot 

comparing the stiffness specimens from the three zones are shown in Figure 23. There was 

significant difference between the stiffness of the surface zone and the mid zone (p<0.001). 

The stiffness of the surface zone was also significantly different from that of the deep zone 

(p<0.003). However, no significant difference was found between the stiffness of the mid 

zone and the deep zone (p=0.7), (Figure 24). 

 

 

            Surface 

           Mid 

            Deep 

 

 

 

 

 

 

 

Failure in the surface zone occurred in all the 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 specimens failed from the mid zone with failure stresses ranging from 0.95 – 8.77 MPa and 

a strain level of approximately 120%. For the deep zone, only one specimen failed with a 

failure stress of 7.57 MPa.   

Figure 23: Variation in tensile properties between Surface, Mid and Deep 
Zones of Articular Cartilage 
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Comparing the Stiffness of the Surface, Mid and Deep 
zone
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 The stress at failure was considerably larger for the surface zone specimens. 

The mean values of peak stress and corresponding stretch values for the three zones at failure 

are shown in Figures 25 and 26. There was no significant difference in peak stress between 

deep zone and the mid zone specimens (p = 0.45) at failure. However there was significant 

difference in peak stress between surface and mid zone specimens (p< 0.00007) and surface 

and deep zone specimens (p < 0.00004). The surface specimens were found to fail at 

significantly lower (p < 0.01) stretch values than the mid zone specimens. Similarly 

specimens from the surface zone failed at significantly lower stretch levels when compared 

with deep zone specimens (p<0.002).  Comparing the stretch level at failure for specimens 

from the mid and deep zone showed no significant difference at failure between the two 

zones (P = 0.45).       

Figure 24: Stiffness comparison between Surface, Mid and Deep Zones 
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Peak Stress Levels

Surface Mid Deep0

2

4

6

8

10

12

14

16
St

re
ss

 (M
Pa

)

Surface
Mid
Deep

Peak Stretch levels

Surface Mid Deep1

1.2

1.4

1.6

1.8

2

2.2

2.4

2.6

2.8

St
re

tc
h

Surface
Mid
Deep

        

        

 p<0.00004       

                                p<0.00007        

 

 

 

 

 

 

 

 

 

 

           p<0.02 

                                                          p<0.01 

        

        

  

 

 

 

Figure 25: Mean values of Peak Stress for Surface, Mid and Deep Zones at 
failure 

Figure 26: Mean values of Peak Stretch for Surface, Mid and Deep Zones at 
failure 
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Metamorph tracking accuracy for low intensity and high intensity dots
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4.1.1 Tracking software accuracy 

        The plots of displacement data from the actuator and the Metamorph software for the 

low and high intensity dots are shown in figure 27. The high intensity plot was linear and its 

slope was found to be 0.97. The low intensity plot showed a wave like pattern and a slope of 

0.95. The displacement data plots obtained for the two different shaped dots (figure 28) 

showed a linear trend with the regular shaped dot having a slope of 0.97 and the irregular 

shaped dot having a slope of 0.96. The tracking accuracy seems to be more dependent on the 

intensity of the ink dot than the shape. Another factor that plays a vital role in the accuracy of 

the tracking software is the resolution of the image. Higher resolution images provide more 

pixels to define the image which improves the tracking efficiency because there are then 

more pixels defining the ink dot. This makes it easier for the software to determine the 

centroid of the region and track it. 

 

 

 

 

 

 

 

 

 

 

 Figure 27: High and Low intensity ink dots 
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Metamorph tracking accuracy for regular and irregular shaped dots
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Figure 28: Regular and Irregular shaped ink dots 
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4.2 Compression Test 

The stress/strain curves obtained exhibited a non-linear stress-strain behavior with an 

initial toe region followed by a linear elastic region. Figure 29 shows the stress-strain 

relationship for the different specimens in each zone. Young’s modulus, E, was calculated as 

the slope of the linear trend line for each specimen in the three different zones (Figure 30). 

The values of Young’s modulus and the corresponding R-square values of the fit are shown 

in Table 4. The mean value of Young’s modulus for the surface zone specimens was 2.98 ± 

1.09 MPa, for the mid zone specimens, the mean modulus was 2.468 ± 0.98 MPa and the 

mean modulus for the deep zone specimens was 1.92 ± 0.62 MPa. The results of the t- test 

showed no significant difference (p=0.1) between the surface zone and the mid zone for 

Young’s modulus. The Young’s modulus for the surface zone and the deep zone on the other 

hand showed significant difference (p<0.0003).  Similarly there was significant difference 

(p<0.03) between E for the mid zone and the deep zone (Figure 31). 

Table 5 shows the compressive strain for each specimen from the different zones at a 

stress level of 0.5 MPa. Specimens from the deep zone showed significantly (p<0.015) 

greater compressive strains than those of specimens from the surface zone with a mean value 

of 0.49 ± 0.13 for the deep zone compared to 0.38 ± 0.12 for the surface zone. The mean 

value for the compressive strain for the mid zone specimens was 0.39 ± 0.14 and there was a 

significant difference (p<0.03) between the mid zone and the deep zone values. There was no 

significant difference (p=0.80) between the mid zone and the surface zone values of 

compressive strain. Figure 32 summarizes the data for the values of compressive strain at 0.5 

MPa for the three different zones and their standard deviation. 
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Deep Zone Compressive Curves
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Figure 29: Compressive Stress-Strain Curves for the Surface, 
Mid and Deep Zones 
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Table 4: Values of E obtained from Curve fitting for the three zones 

Surface Zone Mid Zone Deep Zone 
Specimen E (MPa) R2 Specimen E (MPa) R2 Specimen E (MPa) R2 

1 3.1258 0.99 1 5.3539 0.99 1 2.3923 0.99
2 2.1138 0.98 2 1.8154 0.98 2 1.2913 0.97
3 3.2594 0.99 3 1.5487 0.98 3 1.7834 0.98
4 2.4503 0.99 4 3.4577 0.98 4 2.0459 0.98
5 4.2828 0.99 5 1.7000 0.99 5 1.5573 0.97
6 1.7073 0.97 6 2.4013 0.99 6 1.4365 0.97
7 2.7664 0.98 7 3.0510 0.99 7 2.4923 0.99
8 3.3716 0.98 8 1.6294 0.98 8 2.8222 0.99
9 2.9672 0.99 9 2.4156 0.99 9 1.6829 0.98
10 2.8122 0.99 10 1.4173 0.98 10 1.6074 0.99
11 5.2753 0.99 11 3.0788 0.99 11 3.6489 0.98
12 1.6272 0.99 12 4.4181 0.99 12 2.0488 0.98
13 1.8970 0.99 13 1.5971 0.98 13 2.0643 0.99
14 1.6505 0.97 14 2.6605 0.99 14 2.2917 0.99
15 3.3566 0.99 15 1.9342 0.99 15 1.9543 0.99
16 3.9954 0.99 16 2.1695 0.99 16 1.8105 0.99
17 2.0800 0.98 17 1.3609 0.98 17 1.6044 0.98
18 1.7205 0.97 18 2.1752 0.99 18 2.3089 0.98
19 5.0233 0.99 19 2.2465 0.98 19 1.5964 0.98
20 2.9321 0.99 20 2.3575 0.98 20 0.8884 0.98
21 2.4669 0.98 21 2.2203 0.99 21 1.0250 0.97
22 2.8665 0.99 22 3.5456 0.99    
23 4.8480 0.98 23 2.2310 0.99    
N 23 23 21 
Mean 2.9824 2.4689 1.9215 
Std. Dev. 1.0918 

 

0.9844 

 

0.6209 
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Portion of curve used for Determination of Young's 
Modulus

y = 2.231x + 0.3568
R2 = 0.9924
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Figure 30: A: Shows entire Stress-strain curve  
B: Shows only straight line portion used to calculate the Modulus      
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Zonal Variation in Compressive Modulus
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Figure 31: Comparing the differences in E between the Surface, Mid and Deep 
Zones with error bars showing Standard Deviation 

Figure 32: Comparing the mean differences in the strain values at 0.5 MPa 
between the Surface, Mid and Deep Zones with error bars showing Standard 

Deviation 
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                 Table 5: Compressive strains for the three zones at 0.5 MPa 

Surface Zone Mid Zone Deep Zone 
Specimen Strain Specimen Strain Specimen Strain 
1 0.460 1 0.540 1 0.415 
2 0.375 2 0.398 2 0.400 
3 0.326 3 0.460 3 0.220 
4 0.370 4 0.584 4 0.380 
5 0.408 5 0.605 5 0.344 
6 0.415 6 0.385 6 0.625 
7 0.542 7 0.344 7 0.540 
8 0.209 8 0.179 8 0.470 
9 0.439 9 0.248 9 0.648 
10 0.350 10 0.591 10 0.700 
11 0.429 11 0.130 11 0.732 
12 0.160 12 0.488 12 0.434 
13 0.330 13 0.282 13 0.575 
14 0.332 14 0.300 14 0.622 
15 0.360 15 0.565 15 0.560 
16 0.158 16 0.384 16 0.368 
17 0.580 17 0.335 17 0.364 
18 0.275 18 0.453 18 0.358 
19 0.248 19 0.312 19 0.518 
20 0.560 20 0.492 20 0.567 
21 0.505 21 0.139   
22 0.554 22 0.560   
23 0.580 23 0.414   
N 23 23 20 
Mean 0.380 0.390 0.490 
Std. Dev. 0.120 
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Size effect on Material Properties of Rubber
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 4.2.1 Size effect on compression test 

  The stress-strain curves for all the different sizes of rubber specimens tested in 

compression are shown in Figure 33.  The values of Young’s modulus calculated from the 

curves showed a variation with thickness of specimen tested with the thinner specimens 

showing a greater stiffness.  However, it was discovered that because the 500 g load cell was 

used in this test the full stress range for the bigger specimens was not attained.  

 

 

  

        

 

 

 

 

 

 

 

 

 

 Results of the ANOVA for the 8 groups of thickness tested showed no significant 

difference (p = 0.1) in Young’s modulus between the different sizes of specimens tested after 

load cell adjustment. This indicates that there was no significant size effect for the thickness 

range tested. 

Figure 33:  Stress-Strain curves for different sizes of rubber 
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4.3 Ogden Hyperelastic formulation 

 Each of the three zones was analyzed separately using ABAQUS to obtain the 

material parameters for the 6 term Ogden formulation. Experimental stress-strain data from 

compression and tensile specimens were complied together for each of the three zones and 

curve fitted in ABAQUS using the Ogden formulation (Figure 34). The material parameters 

for the 6 term Ogden Hyperelastic formulation obtained from the curve fitting procedure for 

the surface zone are given in table 6. Similar stress-strain curve fits were plotted for the 

experimental stress-strain data from the mid and deep zone specimens (Figures 35 and 36). 

The material parameters for the mid and deep zone are shown in tables 7 and 8 respectively. 

 The results of the fit showed that the Ogden model did not give an adequate fit to the 

experimental data from both compression and tension for the three zones.  It was unable to 

provide a good fit for the points on the tensile data for all three zones when compared to the 

compression data. It was also observed that each of the fit for the zones showed an abnormal 

stress-strain relation, where and increase in strain produced a decrease in stress. This unstable 

trend was earlier reported by Mente [53] and was corrected by a slope restricted optimization 

scheme using the IMSL routine NCONG (version 2.0, IMSL Inc. Houston, TX). In this study 

the second optimization scheme was not used.  

 In conducting these uniaxial tests, cartilage is assumed to be incompressible because 

of the high rate of loading used. The concept of incompressibility of cartilage under high 

loading rates has been supported by previous studies [1-3, 9, 49] which have shown that the 

stiffness of cartilage increases with increase in strain rate. The Ogden formulation in fitting 

the experimental data assumes that the cartilage specimens are incompressible. One of the 

major problems of determining hyperelastic material properties is the fact that the accuracy 
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of the procedure cannot be compared and verified, because there are no established 

hyperelastic materials with well defined material properties with which to test the procedure. 
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              Table 6: Surface Zone Material Parameters for the Ogden formulation 

 

 

 

 

 

                            

                           

 

 

n µn αn 

1 -4707.62 2.02 

2 3656.70 2.85 

3 -1351.56 3.34 

4 4145.49 1.08 

5 -2568.07 0.30 

6 825.28 -0.12 

Figure 34: Surface Zone Ogden Hyperelastic Curve fit 
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Table 7: Mid Zone Material Parameters for the Ogden formulation 

 

 

  

 

 

 

 

 

 

n µn αn 

1 -13.78         1.11        

2 10.33         2.58            

3 -3.23         3.46       

4 10.37                 -0.59  

5 -3.91        -1.88        

6 0.28               -3.55     

Figure 35: Mid Zone Ogden Hyperelastic Curve fit 
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               Table 8: Deep Zone Material Parameters for the Ogden formulation 

 

 

 

 

 

 

 

 

n µn αn 

1 -1.00      6.26       

2 2.07      7.18       

3 -1.17      7.54        

4 0.16             -0.74 

5 -1.64E-02    -4.47      

6 1.51E-03   -5.86        

Figure 36: Deep Zone Ogden Hyperelastic Curve fit 
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Chapter 5 

Discussion 

 The investigation was aimed at studying the complex, non-homogenous, non-linear 

anisotropic material properties of cartilage at high-rates. The main goal of this study was to 

determine the material properties of cartilage from the different zones using uniaxial tests at 

high loading rate. It was also important to establish appropriate test protocols for conducting 

these tests because very thin biological specimens were being tested at a high loading rate. 

Ultimately we want to develop a constitutive model that can be used in finite element 

modeling and will encompass difference in compressive and tensile behavior and include the 

non-linear, large strain behavior of the cartilage tissue. In the different zones of the tissue, the 

Ogden hyperelastic formulation is examined as a possible model to use. 

 

5.1 Compression test 

 In this study, cartilage specimens were obtained from the three zones and tested in 

compression at a high loading rate. A non-linear stress-strain relationship was observed. The 

result showed the surface zone to be stiffer than the deep zone while there were no significant 

correlation between the surface zone and the mid zone. This was not consistent with some 

previous studies which have shown that there was a significant increase in compressive 

modulus with depth [71, 10] however these studies were conducted at a low strain rate and 

using cartilage from a different source. The reason behind this inconsistency might be 

because at a higher loading rate, collagen fibers found in greater concentration in the surface 

zone tends to restrict the fluid flow, thus increasing the interstitial fluid pressure and creating 
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a stiffer cartilage. This has been reported by a previous research [68] which showed that the 

surface zone was considerably stiffer than the deep zone in instantaneous compression.  

 The mean compressive strains attained in this study at a stress level of 0.5 MPa for 

the three zones when compared to previous work by Oleyede [1] at the same stress level were 

much higher. Similar comparison with data from Mente [53] also showed higher strain values 

for the same stress level. Both previous studies used bovine specimens. This leads to the 

possibility that porcine specimens used in this study might be less stiff than bovine specimen. 

The structural and chemical composition between bovine and porcine specimens might be 

different although in this study the chemical composition was not measured.  

 Other variations between the studies are in the geometry of specimens tested. In 

comparing the technical differences regarding the methodology used in conducting the 

compression tests with previous studies showed that specimens tested for this study were 

much thinner than those used in the past. Most of the studies conducted in the past have 

carried out compression tests on full thickness cartilage or sections of cartilage 

approximately 400 µm in thickness.  

 

5.2 Tensile test 

 The tensile test was aimed at obtaining tensile properties of cartilage from the three 

zones at a high loading rate. The results showed characteristic stress-stretch curves having a 

toe-region followed by a quasi-linear section for the zones except the surface zone. Most of 

the stress-stretch curves from surface zone specimens showed no toe-region. It was found 

that the surface zone was the stiffest and has the lowest extensibility when compared with the 

other zones. This depth-dependent inhomogeneity agreed with similar findings from previous 
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researchers [5-8, 10, 21, 24, 32, 52, 54, 66, 67, 72] who found the tensile stiffness of cartilage 

to decrease with depth.  Comparing the tensile stiffness between the surface and the mid zone 

were inconsistent with the finding by Woo [66] who found no variation in stiffness between 

the surface and the mid zone. Although this can be attributed to the type of specimen tested 

and the loading rate used in this study.  

 The tensile stiffness obtained in this study for each of the three zones were much 

lower than that from previous studies [5-8, 21, 52, 66, 67] although in previous studies 

tensile tests were carried out on bovine and human tissues. There was a higher variation in 

the tensile stiffness of the surface zone (22.66 ± 15.68 MPa) compared to the compressive 

stiffness (2.98 ± 1.09 MPa) under similar loading conditions. There were also variations in 

the tensile and compressive stiffness of the other zones but the variation wasn’t as 

pronounced as the surface zone. The tension-compression nonlinearity observed in cartilage 

specimens has been reported by other researchers [5, 6, 10, 66, 67]. The specimens from the 

mid and deep zone were observed to deform more at lower stress levels than the surface 

specimens. The higher extensibility of the mid and deep zone is consistent with previous 

research by Roth [52]. Comparing the stress-stretch plots for the three zones of this study to 

plots from a previous study by Mun [54] who conducted tensile tests at high loading rates in 

the range of 16 to 24/sec showed a qualitative agreement in results with stiffness decreasing 

with depth but quantitatively, in this study, stress-stretch values obtained for each zone were 

of a higher magnitude. This difference could be due to several factors such as the specimen 

type (bovine), microstructural composition or age. 

 The curve fitting Fung’s model to the experimental data showed that the values of 

material parameters A, B and C were much larger than those found in previous research for 
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all three zones with the mid and deep zone specimens showing the highest variation. A 

similar observation was reported by Roth [52] in a previous study regarding the variability in 

material parameters for the mid and deep zones. The large variability in the values of A, B 

and C in the mid and deep region indicate that Fung’s model maybe inadequate to describe 

the stress-stretch behavior of these regions. It also means that the intrinsic material properties 

of these two zones when compared with that of the surface zone are different. Although 

Fung’s model has been used successfully in the past by Woo [66, 67] to fit stress-strain data 

from the mid and deep zone, the loading rate used was different. A slower rate of 1.25%/s 

strain rate was used compared to 14%/s used in this study. Moreover, this study used porcine 

specimens which are considerably of lesser thickness than the bovine specimens used by 

Woo [66, 67].  

 In comparing the results with those of previous studies regarding the methodology 

utilized for specimen preparation, handling and loading protocols requires a careful technical 

examination of the differences. Most of the previous studies [5-8, 21, 52, 66, 67] have used 

dumbbell shaped specimens for testing. In this study rectangular specimens were used 

because it was much easier to prepare the sample shape and also it wasn’t critical to ensure a 

mid section failure since the tests for this study were not intended to test samples to failure. 

The specimen thickness used for this study was approximately 120 µm which is considerably 

thinner than those used in the previous studies [6, 7, 8, 10, 24, 21, 54, 66, 67] where the 

thickness ranged from about 250 – 400 µm. Measurement of strain using video analysis even 

though it is efficient has its limitations. Its accuracy is limited to the resolution of the image 

and requires accurate calibration of the image. Moreover, there are issues of glare in the 

images caused by reflection of light on the saline used to keep the specimen moist. Glaring 
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causes contrasts in color on the images from frame to frame which makes it difficult for the 

tracking software to track the ink dots since the intensity of the image fluctuates from one 

frame to another.  

 

5.3 Ogden hyperelastic formulation 

 The experimental data was fitted to the Ogden formulation for each of the three zones 

and the material parameters were obtained. The model did not successfully fit the entire 

experimental data for the different zones. One reason might be the high stresses attained by 

the tensile specimens when compared to the stresses attained in compression. This disparity 

may have caused a bias in the accuracy of the fit. An unstable stress-stretch relationship was 

observed similar to that observed by Mente [53], who corrected it by running a second slope-

restricted optimization scheme to provide a better fit for the data.  

 As stated earlier, based on earlier studies [1, 9], at high rates the cartilage tends to 

stiffen and so in this study cartilage was assumed to be incompressible. There is no clear 

basis for comparison of the material parameters based on the assumption and methodology 

used in this study since there are no well defined materials that can be used for comparison. 
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Conclusions 

  Material properties of porcine cartilage were determined at a high strain rate. 

Articular cartilage is inhomogeneous with tensile stiffness increasing with depth. It was also 

determined that cartilage exhibits tension-compression nonlinearity. The properties varied 

from results in previous studies. The mean values of Young’s modulus in compression, E, 

was 2.98 ± 1.09 MPa, 2.468 ± 0.98 and 1.92 ± 0.62 MPa for the surface, mid and deep zone 

respectively while E in tension was 22.66 ± 15.68 MPa, 3.78 ± 2.64 MPa and 3.46 ± 2.61 

MPa for the surface, mid and deep zone respectively. The study was unable to provide a 

suitable fit to the experimental data using Ogden hyperelastic model. It is recommended that 

more experimental data be obtained and a slope restricted optimization to be carried out on 

the curve fitting procedure. The finite element model for impact testing should be developed 

using the hyperelastic parameters to define the three zones of cartilage. 
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