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Abstract 

 

This thesis presents an investigation of the material response of articular cartilage on 

subchondral bone to multiple impacts via indentation, focussing on the effect of tissue 

degeneration and the validity of using a linear Kelvin-Voigt viscoelastic model to describe the 

material response. Analysis was performed at the macrostructural level with reference to 

microstructure. Indentation was chosen as the mechanical methodology to simulate non-

destructive joint trauma, which can lead to degenerative diseases such as osteoarthritis. Bovine 

patellar cartilage was used as a model for human cartilage and was classified as either healthy 

or mildly degenerate depending on the surface features and material response to hydration. 

Multiple impacts from a slightly rounded indenter were then delivered to the cartilage surface, 

after which the damping and stiffness characteristics of the material were calculated and 

analysed.  

 

The validity of the approach used in the analysis was tested by applying indentation 

experiments to standard materials, aluminium and polyethylene. The approach was determined 

to measure material response rather than material properties of the standard materials. The 

investigation into articular cartilage was therefore focused on investigating the material 

response instead of directly determining material properties.  

 

The calculated peak stress and stiffness have been found to suggest a significant decrease in 

the cartilage material resistance to impact when mild degeneration has occurred; however, the 

calculated damping characteristics were not significantly different between healthy and mildly 

degenerate cartilage. These results are consistent with the findings of previous studies, which 

have suggested that tissue degeneration reduces the peak stress of cartilage on subchondral 

bone. 

 

The methodology to calculate the stiffness and damping was based upon linear viscoelastic 

modelling, which was found to be a poor representation of cartilage material response to 

impact. Therefore, the author believes this thesis shows that nonlinear modelling must be 

applied to future studies, and that cartilage material properties both in isolation and with 

attached subchondral bone should be measured directly rather than secondarily. 
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Glossary 

 

                        

𝛿 Logarithmic decrement 

휁 Damping ratio 

𝜆 Solution to the characteristic equation for linear Kelvin-Voigt 

impact 

𝜓 Phase difference 

𝜔𝑑 Damped natural frequency 

𝜔𝑛 Undamped natural frequency 

A Area of impact 

c Damping coefficient 

Ebulk Bulk modulus 

Eloss Effective loss modulus 

F Force during impact 

g Acceleration due to gravity 

Hz Frequency in hertz 

k Stiffness coefficient 

L Material thickness 

m Impactor mass 

n Number of cycles between peaks 

t Time 

S.D. Standard Deviation 

Td Period of the impact, approximately twice the contact time 

𝑣0 Initial velocity of impact 

𝑥 Displacement 

�̇� Velocity 

�̈� Acceleration  
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Chapter 1: Introduction 

 

Diarthrodial joints are one of three types in the human body, characterised by a large degree of 

motion. One of their primary functions is to help facilitate body movement and locomotion. 

All diarthrodial joints consist of synovial fluid and connective tissue, the latter including 

articular cartilage, meniscus, ligaments, and tendons (Mow, et al., 1984). In particular, the knee 

joint is subjected to regular large loads over a long time. A schematic of the human knee joint 

can be seen in figure 1.1. 

 

 

 

 

 

 

 

 

 

 

 

 

The knee joint is the most complex joint in the human body. It has the function of load bearing, 

damping, and reducing friction during locomotion. It has high frequency use and continually 

bears large loads, and as such is prone to damage. It is therefore important to understand the 

dynamics of the knee joint and how these can be affected by repetitive loading (e.g., from heavy 

exercise) and by joint impact (e.g., from an accident) (Gong, et al., 2019).  

 

Because of the large loads the knee joint is subjected to regularly, there is a risk of damage to 

the articular cartilage at the articulating ends of the femur and the tibia. Intact articular cartilage 

is essential for proper joint function. It is a low friction load-bearing material. During motion, 

it reduces contact stresses between opposing bones of a joint by deforming more than bone, 

and protects joints against wear (Kerin, et al., 2003). However, cartilage does not have blood 

Figure 1.1 - The anatomy of the human knee joint. Articular cartilage is visible at the 
articulating ends of the femur and tibia (Olinski, et al., 2016). 
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vessels or nerves, and therefore has limited intrinsic ability to repair itself (Mansour, 2010). 

Cartilage is therefore prone to damage caused by wear, trauma, and degenerative diseases such 

as osteoarthritis (Mansour, 2010). 

 

Osteoarthritis (OA) is the most common degenerative disease of articular cartilage; it is one of 

the top causes of disability in the world (Brody, 2015). OA is the loss of articular cartilage 

within a joint, also characterised by fissuring, which can result in the onset of changes in the 

bone structure such as sclerosis and the formation of cysts and osteophytes (Kerin, et al., 2003). 

Factors that contribute to OA include aging, dietary intake, occupations involving frequent 

knee bending and lifting, and previous joint injury or trauma (Kerin, et al., 2003; Brody, 2015). 

Normal joint usage can also contribute to OA, as repetitive mechanical loading can create fine 

fissures in the cartilage surface, similar to mild fibrillation seen in OA; these do not heal (Kerin, 

et al., 2003). Degeneration can cause structural and compositional changes in articular cartilage 

(Buckwalter & Mankin, 1998), altering the mechanical response to joint loading and making it 

more vulnerable to normal loading and wear. Therefore, it is important to understand the 

structure and material properties of healthy and degenerate cartilage. 

 

Many studies have aimed to determine the response of articular cartilage to normal and 

excessive joint loading in compression, both quasi-static and dynamic. Mow & Mansour (1977) 

showed that permeability decreased when compressive strain applied to cartilage increased 

during quasi-static loading, demonstrating the role of permeability in the material response. Lai 

& Mow (1980) demonstrated that this permeability effect was depth dependent. Mow et al. 

(1980) showed that cartilage exhibits creep and stress relaxation when under quasi-static load. 

They proposed an inhomogeneous biphasic model for cartilage behaviour under quasi-static 

compression (Mow, et al., 1980). Other models, such as a poro-viscoelastic model that accounts 

for the solid phase viscoelasticity of the biphasic model, have also been proposed (Taylor & 

Miller, 2006). Viscoelastic models have also been proposed, although these are not very useful 

for quasi-static loading; furthermore, parameters from this model do not correspond with 

parameters of the biphasic model (Argatov, 2013). However, during rapid dynamic loading, 

these models are much more helpful (Argatov, 2013). A linear Kelvin-Voigt model was used 

to describe cartilage behaviour for the present research. 

 

Most dynamic experimentation on articular cartilage was aimed at quantifying the material 

properties under repetitive loading under physiological conditions. However, joint trauma from 
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sudden impact can have a significant and accelerated effect on degeneration, potentially leading 

to OA. Some studies have investigated the effects of impact on cartilage mechanical properties, 

such as Burgin & Aspden (2008), Thambyah & Broom (2010), Workman et al. (2017), and 

Goodwin et al. (2021), and how tissue degeneration affects the response. These studies looked 

mainly at stress, strain, and coefficient of restitution. 

 

There is a need to further understand the effect of degeneration on the dynamic response of 

cartilage, which has prompted the present research into analysing the stiffness and damping 

characteristics of cartilage during impact loading. Bovine cartilage has been experimented on 

as a substitute for human cartilage, due to bovine cartilage being of approximately twice the 

bulk and loss moduli of human cartilage during dynamic experiments (Temple, et al., 2016), 

and due to the difficulty and ethical considerations of obtaining human cartilage. 
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Chapter 2: Background on Articular Cartilage 

 

Articular cartilage is a type of hyaline cartilage. It is a connective tissue found in diarthrodial 

joints, which includes the knee joint. It is attached to underlying subchondral bone, providing 

a smooth, lubricating surface for articulation and low friction transmission of loads. In adult 

humans, it is a 1-2 mm thick surface covering upon the end of articulating bones. Articular 

cartilage does not contain blood vessels, nerves, or a lymphatic system; therefore it has a 

limited capacity for intrinsic healing and repair (Fox, et al., 2009).  

 

There is a risk of damage to the articular cartilage at the articulating ends of the femur and the 

tibia during regular motion. This is because of the large loads that the knee joint is subjected 

to. Large impacts on the joint can also cause joint trauma, which can result in instantaneous 

damage to the articular cartilage. Trauma is one contributor to osteoarthritis, which is the loss 

of articular cartilage function. Trauma is known to increase the risk of developing osteoarthritis 

(Brody, 2015). As such, it is important to understand the structure and function of articular 

cartilage, and its material properties. It is also important to understand the effect that 

degenerative changes in articular cartilage can have on diarthrodial joints overall. 

 

2.1 Composition 

 

Articular cartilage is composed of a dense extracellular matrix containing primarily collagen 

(95% type II, 10% to 30% wet weight), proteoglycans (3% to 10% wet weight), and water, 

with a sparse distribution of metabolically active specialised cells called chondrocytes (10% 

wet weight) (Cohen, et al., 1998). There are three zones in articular cartilage: the superficial 

(tangential) zone (STZ), the middle zone (MZ), and the deep zone (DZ). Each components 

arrangement depends on the zone in which it resides (Fox, et al., 2009). This arrangement is 

shown in figure 2.1 below. 
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2.2 Structure 

 

The superficial zone comprises the first 10% to 20% of articular cartilage thickness. Collagen 

fibrils within it are tightly packed and aligned parallel to the articulating surface, while 

chondrocytes are relatively densely packed and have a flattened shape. This layer has the 

highest water content, is in contact with synovial fluid within the joint, and is responsible for 

most of the tensile properties of articular cartilage. The middle zone comprises 40% to 60% of 

articular cartilage thickness and contains proteoglycans and thinker collagen fibrils. Collagen 

is obliquely arranged, and chondrocytes have limited structure and are sparse and spherical. 

The deep zone consists of up to 30% of articular cartilage thickness. It has the largest collagen 

fibrils (arranged radially), the highest proteoglycan content, and the lowest water content. 

Chondrocytes are arranged in columnar formation parallel to the collagen fibrils (Fox, et al., 

2009).  

 

Between the deep zone and subchondral bone is the calcified layer. This layer anchors collagen 

fibrils to the underlying subchondral bone and is distinguished from the deep zone by the 

tidemark (Fox, et al., 2009).  

 

Articular cartilage has a preferred surface orientation, often referred to as split line orientation, 

in which the primary direction of collagen fibres coincides with the maximum tensile stress it 

is subjected to. Split line orientation influences the response of articular cartilage to loading, 

and suggests that it is orthotropic (Fischenich, et al., 2020). 

  

Figure 2.1 - Schematic of healthy articular cartilage. The left schematic shows the 
arrangement of chondrocytes by layer, and the right schematic shows the arrangement of 
collagen fibres by layer (Fox, et al., 2009). 
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2.3 Constituents and Function 

 

Each component of articular cartilage has specific functions relating to the overall structure of 

the material. The interaction between collagen and proteoglycan is shown in figure 2.2. 

 

 

 

 

 

 

 

 

 

 

 

 

Chondrocytes are highly specialised and metabolically active cells, used for developing, 

maintaining, and repairing the extracellular matrix. Each chondrocyte is responsible for the 

extracellular matrix turnover in its region. Each is trapped in place by the specialised 

microenvironment that it creates, preventing migration to adjacent areas of cartilage. 

Chondrocytes rarely form signal pathways for direct communication with adjacent cells, but 

they do respond to many stimuli such as growth factors, mechanical loads, piezoelectric forces, 

and hydrostatic pressure. Cellular replication of chondrocytes is limited so each cells survival 

depends on it having the optimal chemical and mechanical environment (Fox, et al., 2009).  

 

Collagen is the main constituent of the extracellular matrix, consisting of approximately 60% 

of dry weight. It forms fibrils and fibres intertwined with proteoglycan aggregates (Fox, et al., 

2009), as is shown in figure 2.2. It is a ubiquitous biomaterial found in numerous tissues 

(Cohen, et al., 1998). Minor collagens are also present and primarily help to form and stabilise 

the type II collagen fibril network (Fox, et al., 2009). Collagen does not offer much resistance 

in compression due to its slenderness ratio but is very strong in tension (Cohen, et al., 1998).  

 

Figure 2.2 - A representation of articular cartilage extracellular matrix shows how the collagen 
network traps the proteoglycan aggregate to form a fiber-reinforced composite (Cohen, et al., 
1998). 
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Proteoglycans are the second largest group of macromolecules within articular cartilage after 

collagens. These consist of a protein core with multiple linear glycosaminoglycan (GAG) 

chains attached each composed of up to 100 monosaccharides, which remain separated from 

each other due to charge repulsion. The largest and most abundant of these by weight is 

aggrecan (also present are decorin and fibromodulin). Aggrecan interacts with hyaluronan to 

form large proteoglycan aggregates via link proteins. It occupies the interfibrillar space and 

provides cartilage with its osmotic properties, which are critical to its ability to resist 

compressive loads (Fox, et al., 2009). Proteoglycans have repeating sulfate and carboxylate 

groups, which become negatively charged when in an aqueous solution, causing a large field 

charge density within articular cartilage due to their tight packing arrangement. A large 

swelling pressure is therefore exerted, along with tensile stress borne by the collagen network. 

This swelling pressure provides the mechanism for maintaining the high degree of hydration 

in articular cartilage (Cohen, et al., 1998). Furthermore, the balance between the expanding 

total swelling pressure exerted by proteoglycans and the constraining tensile force developed 

in the surrounding collagen network determines the degree of hydration in the cartilage. There 

are other proteins and non-collagenous molecules present in articular cartilage in much smaller 

amounts. Although these components are not as abundant as other macromolecules, they may 

be present in similar molar quantities (Cohen, et al., 1998). 

 

Water is the main constituent of articular cartilage, consisting of up to 80% of its wet weight. 

Water makes up approximately 80% of the superficial zone, which decreases with depth to 

approximately 65% in the deep zone. Approximately 30% of this water is located in the 

intrafibrillar space within collagen, and the remainder is located in the pore space of the 

extracellular matrix. Water flow through the extracellular matrix of articular cartilage helps 

distribute nutrients to chondrocytes (Fox, et al., 2009). Much of the interfibrillar water appears 

to exist as a gel. It is moved through the extracellular matrix by applying a pressure gradient 

across the tissue or compressing the solid matrix. Water flow through the matrix is restricted 

by frictional drag due to the small size of the extracellular matrix pores (Fox, et al., 2009).   
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2.4 Mechanical Characteristics 

 

Compressive Characteristics 

 

Articular cartilage has been shown to exhibit creep and stress relaxation characteristics when 

under a quasi-static compressive load (Mow, et al., 1980). The density and nature of the 

charged groups are important in governing the hydration, the rate of fluid transport, and the 

various other electromechanical and steric exclusion effects. These flow processes in turn 

govern the creep and stress relaxation behaviour of the tissue and the lubrication of diarthrodial 

joints (Mow, et al., 1980). The compressive aggregate modulus of articular cartilage varies 

between 0.08 MPa and 2 MPa, depending on the location within the joint and the depth within 

the tissue (Athanasiou, et al., 2013). 

 

Permeability  

 

The extracellular matrix of articular cartilage is a porous-permeable structure. The structure’s 

permeability affects the material response during loading, due to fluid flow resulting in drag 

forces being exerted on the matrix (Cohen, et al., 1998). The average permeability of human 

articular cartilage has been shown to range from 1.14 ⨯ 10−15 𝑚4/𝑁𝑠 to 2.17 ⨯ 10−15 𝑚4/𝑁𝑠 

(Cohen, et al., 1998) and has been shown to decrease with depth (Lai & Mow, 1980). 

Furthermore, articular cartilage has been shown to exhibit a nonlinear permeability response to 

high compressive strain, whereupon permeability decreases as compressive strain and 

hydraulic pressure increase (Mow & Mansour, 1977). Mow and Mansour (1977) discovered 

this when applying a compressive pressure difference across the thickness of articular cartilage, 

ranging from 0.137 MPa to 2.575 MPa. It is due to a decrease in the size of the pores of articular 

cartilage during high strain, which significantly increases the frictional resistance to fluid flow 

(Cohen, et al., 1998). The permeability of articular cartilage influences its compressive 

characteristics. Pore closure under compression is illustrated in figure 2.3. 
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Tensile Characteristics 

 

Articular cartilage is primarily characterized for its mechanical properties in compression. 

However, a significant tensile response within the extracellular matrix contributes to the overall 

cartilage response when subjected to a compressive load (Charlebois, et al., 2004). The tensile 

strength of articular cartilage is primarily due to collagen fibrils. When subjected to 

compression, there is a high tensile stiffness in the direction orthogonal to the load, meaning 

that the tensile characteristics of articular cartilage are essential to its function (Charlebois, et 

al., 2004). Tension is also generated within articular cartilage when two articular surfaces slide 

across one another and pull in a single direction (Athanasiou, et al., 2013). The tensile response 

is linear at up to 15% strain, and the tensile modulus of healthy human cartilage is between 5 

MPa and 25 MPa, depending on the location of the joint and the depth within the tissue 

(Athanasiou, et al., 2013). During tensile loading, articular cartilage has a stiffer response in 

the direction corresponding to split line orientation (Sasazaki, et al., 2006). 

 

Shear Characteristics 

 

Articular cartilage is subjected to shear forces during loading. This loading is due to the sliding 

of the opposing cartilage surfaces during joint loading (Wong, et al., 2008), and also to normal 

rotational and translational motion throughout cartilage depth (Athanasiou, et al., 2013). Shear 

in articular cartilage has been shown to be depth dependent (Buckley, et al., 2008), with a shear 

modulus varying between 0.05 MPa and 0.25 MPa at equilibrium (Athanasiou, et al., 2013). 

 

Figure 2.3 - The process of pore closure in a biphasic material (e.g., articular cartilage) under 
compression. Decreasing pore size reduces permeability and increases the frictional drag 
exerted by fluid flow on the matrix (Lin, et al., 2021). 
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2.5 Influence of Subchondral Bone on Articular Cartilage 

 

Changes in the loading of articular cartilage will lead to changes in the loading of the 

subchondral bone and vice versa. The underlying subchondral bone has a restrictive effect on 

articular cartilage, preventing lateral displacement at the tissue base (Lawless, et al., 2017). 

Subchondral bone attenuates the increased energy dissipation with increasing loading velocity 

observed during experiments (such as by Lawless et al., 2017) when articular cartilage is 

separated from subchondral bone (Lawless, et al., 2017).  This provides a mechanism for the 

protection of articular cartilage when it is subjected to large loads.  

 

2.6 Degenerative Changes 

 

Articular cartilage, in its healthy form, functions as a low friction surface for joint articulation 

and a load spreading surface during normal joint motion. The cartilage microstructure is 

important in understanding how degenerative changes relate to its proper function. However, 

this function is affected by degenerative changes, namely osteoarthritis. Osteoarthritis is the 

wearing down of the articular cartilage which protects joints from wear, and is one of the top 

causes of disability worldwide (Brody, 2015). Factors that can contribute to osteoarthritis are 

those such as aging, body mass index, hereditary factors (Brody, 2015), and repetitive 

mechanical loading. Furthermore, joint trauma from high impact, high rate loading can increase 

the risk of osteoarthritis development in both the short term (post-traumatic osteoarthritis) and 

later life (Brody, 2015). Figure 2.4 shows a progression of articular cartilage from healthy to 

severely degenerate. 
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Figure 2.4 - Microscopy images illustrating progressive disruption of the articular cartilage 
surface: (a) healthy cartilage, (b) mildly degenerate cartilage showing a localised minor 
disruption (see arrow), (c) moderately degenerate cartilage with a substantial localised 
disruption, (d) severely degenerate cartilage with deep clefts (Thambyah & Broom, 2007). 

 

Figure 2.5 shows a schematic of the interaction of collagen fibres in progression from healthy 

articular cartilage to moderately degenerate articular cartilage. This shows a progression from 

good interactivity in healthy cartilage to slight loss of interconnectivity in mildly degenerate 

cartilage to further loss of interconnectivity and collagen fibre bundling in moderately 

degenerate cartilage (Workman, et al., 2017). 
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Figure 2.5 - Sketches of the fibrillar arrangement in healthy, mildly degenerate, and 
moderately degenerate cartilage. Degeneracy causes a loss of structural uniformity 
(Workman, et al., 2017). 

 

Mechanical degradation affects the physiological abilities of cartilage and can be a predicator 

of osteoarthritis onset (Kerin, et al., 2003). Repetitive mechanical loading can result in fine 

fissures in articular cartilage, which are irreversible changes. Over time, with more repeated 

loading, these fissures can propagate across the surface of the tissue (Kerin, et al., 2003). It has 

been observed that chondrocyte death is increased in areas with microcracks, which further 

reduces the structural integrity of the material (Komeili, et al., 2020). During large deformation 

(strain of 10% or greater), Komeili et al. (2020) found that damaged areas of cartilage had 

greater compressive strains than healthy areas, which suggests that areas of cartilage with 

microcracks will continue to be degraded (Komeili, et al., 2020). Damage to articular cartilage 

in this manner can result in increased water content, increased hydraulic permeability, 

decreased glycosaminoglycan, loss of collagen, and a decrease in the load-bearing capability 

of the joint (Komeili, et al., 2020). 
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Chapter 3: Literature Review 

 

3.1 Common Models for Cartilage 

 

Articular cartilage has been modelled using various forms, primarily as an inhomogeneous 

biphasic material (Mow, et al., 1980) for quasi-static compression, and as a linear bulk 

viscoelastic material for both quasi-static and dynamic compression. These models are outlined 

in this section. 

 

3.1.1 Biphasic Model 

 

Articular cartilage, on account of its structure as a composite material consisting of a porous 

extracellular matrix and water, can be viewed as a biphasic material. This consists of a solid 

matrix phase made mainly of collagen which is assumed to be linearly elastic (for smaller 

strains this is a useful assumption, although experiments have shown collagen to exhibit a slight 

viscoelastic response at higher strains), and a viscous fluid phase (Mow, et al., 1980). The 

density and the nature of the charged groups are important in governing the rate of fluid 

transport, which in turn governs the tissue’s creep and stress relaxation behaviour and the 

lubrication of diarthrodial joints. Some researchers have proposed that it should be viewed as 

a triphasic material due to the interactions of charged particles (Mow, et al., 1980). However, 

the biphasic model is a good descriptor of creep and stress relaxation responses of cartilage 

under slow compressive loading. The biphasic model also explains the spread of load on 

articular cartilage during quasi-static loading, whereby the majority of the load is borne by the 

fluid phase at load onset, gradually transferring to the solid phase as fluid flows through the 

pores in the extracellular matrix (Athanasiou, et al., 2013). However, it is not a good descriptor 

of the response of cartilage to impact loading due to the rapidly decreasing permeability with 

a sudden compression, meaning that fluid flow through the extracellular matrix will be 

minimal.  

 

3.1.2 Kelvin-Voigt and Maxwell Models 

 

Articular cartilage also exhibits viscoelastic behaviour. However, there is no direct 

correspondence between viscoelastic parameters and parameters of biphasic/poroelastic 
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models of cartilage. For an impact situation, viscoelastic modelling is better suited to describe 

the response than biphasic modelling (Argatov, 2013).   

 

Argatov (2013) developed mathematical models to describe cartilage behaviour determined 

from prior impact experiments, such as those conducted by Burgin and Aspden (2008). Argatov 

(2013) modelled deformation of a cartilage as a linear spring with stiffness coefficient k 

(representing the extracellular matrix) and force 𝐹 = 𝑘𝑥, and a viscous damper (representing 

fluid flow through the extracellular matrix) with viscosity b (represented as c elsewhere) and 

force 𝐹 = 𝑏�̇�, in parallel and series (Argatov, 2013). The Kelvin-Voigt model (spring and 

damper in parallel) represented an equal strain of the elements and a sharing of the load (and 

stress) between them. For impact experiments, this can be represented in figure 3.1, where m 

is the impactor mass acting on the articular cartilage, at an impact velocity v0, with the 

underlying subchondral bone considered of significantly greater stiffness than that of articular 

cartilage. This was the model used when analysing the experimental data from the present 

research. 

 

 

 

 

 

 

 

 

 

The equation for the force response of the articular cartilage to impact loading under this model 

was the summation of that experienced by each element, i.e. 

   

𝐹 = 𝑘𝑥 + 𝑏�̇�                                                                                                          (3.1) 

 

The Maxwell model (spring and damper in series) represented an equal load (and stress) of the 

elements and a sharing of the strain between them. For impact experiments, this can be 

represented in figure 3.2. 

Figure 3.1 - Impact viscoelastic Kelvin-Voigt model (Argatov, 2013) 
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The equation for the force response of the articular cartilage to impact loading under this model 

is given by the following equation: 

 

𝐹

𝑘

̇
+

𝐹

𝑏
=  �̇�                                                                                                              (3.2) 

 

3.1.3 Other Standard Solid Models 

 

There are two variations of the standard solid model, one based on the Kelvin-Voigt model and 

the other based on the Maxwell model, as shown in figure 3.3. Each standard solid model is 

the first order of its generalised form (Argatov, 2013). The purpose of these models is to enable 

the prediction of both creep and stress relaxation under quasi-static loading conditions. 

 

3.1.4 Generalised Models 

 

The generalised Kelvin-Voigt model has n spring and dashpot parallel units connected in series, 

with a single spring extended from this series to represent the instantaneous elastic response 

(Serra-Aguila, et al., 2019). The stress in each unit is the same, and the strain is the summation 

of strains in each unit. The generalised Maxwell model has n spring and dashpot series units 

connected in parallel, with a single spring also connected in parallel. The strain in each unit is 

Figure 3.2 - Impact viscoelastic Maxwell model (Argatov, 2013) 

Figure 3.3 - Kelvin-Voigt based (left) and Maxwell based (right) standard solid models, 
including spring and damping coefficients (Argatov, 2013). 
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the same, while the stress in the model is the summation of the stresses of each unit (Serra-

Aguila, et al., 2019). Adding more units to a model will improve accuracy but increase the 

computational cost of solving the resulting equations. These models are represented 

schematically in figure 3.4.  

 

 

 

 

 

 

 

 

3.1.5 Nonlinear Viscoelastic Modelling 

 

Articular cartilage shows nonlinear viscoelastic behaviour due to fluid flow effects through the 

extracellular matrix, and hence can be modelled nonlinearly. This modelling can improve the 

prediction of the effects of compression on articular cartilage both for quasi-static and dynamic 

loading. These were not used in the present research due to a need for simplicity and a lack of 

all the necessary information from the experiments. 

 

There are several approaches to nonlinear viscoelastic modelling. One such approach is the 

Hunt-Crossley model, based on Hertz’s theory of contact with a nonlinear damping force 

defined in terms of local penetration and the corresponding rate (Momani, et al., 2021). This 

model simulates viscoelastic body impact by specifying general impact model parameters (i.e., 

n and p) in a relation given by n = p + 1. Equation 3.3 gives the overall model. 

 

𝑚�̈� + 𝑐𝑥𝑛�̇� + 𝑘𝑥𝑝𝑥 = 0                                                                                       (3.3) 

 

In this model, m is the impactor mass, c is a damping coefficient, k is a stiffness coefficient, 

and x is the displacement. This model improved upon the linear Kelvin-Voigt model relating 

Figure 3.4 - Schematics of the generalised Kelvin-Voigt (left) and generalised Maxwell (right) 
models for viscoelastic behaviour, with elastic parameters E and viscosities η (Serra-Aguila, 
et al., 2019). 
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to articular cartilage dynamic experimental data. Hunt and Crossley suggested that the 

coefficient n mainly depended on the geometry of the contacting bodies, such that the impact 

of a sphere on a flat rigid body results in n being equal to 1.5. Initial position (zero for the 

impact problem) and initial velocity (the velocity at the onset of impact) are required, along 

with damping and stiffness coefficients (which need to be calculated from data fitting of the 

displacement-time experimental data curve), and mass and geometry factor, which are both 

known (Momani, et al., 2021). In the case of most soft tissues, the value of n will range from 

1.1 to 1.3, although this depends on the geometry of the invasive material (for example, a 

cylindrical indenter) (Pappalardo, et al., 2016).  

 

Another approach is using a quasi-linear Kelvin-Voigt model based upon Fung’s nonlinear 

assumptions as described by Selyutina et al. (2015), described by equation 3.4.  

 

𝜎(휀, 𝑡) = 𝐸 ∫ 𝐾(𝑡 − 𝑠) exp(𝐵휀(𝑠)) 
𝑑

𝑑𝑠
 𝑠 𝑑𝑠 

𝑡

0−                                                      (3.4) 

 

In this equation, B is a dimensionless nonlinearity parameter, σ and ε are stress and strain 

respectively, E is the Young’s modulus, and K(t) is a relaxation function with dirac delta 

function δ(x) and characteristic relaxation time τR, described by equation 3.5. 

 

𝐾(𝑡) = 1 +  𝛿 (
𝑡

𝜏𝑅
)                                                                                                (3.5) 

 

This model is a further improvement upon the Hunt-Crossley model for describing articular 

cartilage behaviour. However, its formulation is different as it is focused on stress and strain 

rather than force and displacement.  

 

3.2 Mechanical Response to Quasi-Static Loading 

 

The purpose of quasi-static testing is to determine the properties of a material; its deformation 

under a constant load (creep response) or its stress under a constant strain (stress relaxation 

response).  
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3.2.1 Compressive tests 

 

Mow et al. (1980) applied a sudden constant confined compressive load to cylindrical plugs of 

bovine articular cartilage with no underlying subchondral bone, using a permeable loading 

block. They found that articular cartilage exhibits a creep response when under a constant load 

and that articular cartilage does not exhibit an instantaneous response immediately subsequent 

to a suddenly applied load during confined compression, although they expected such 

responses for unconfined compression (Mow, et al., 1980). Stress relaxation was observed 

when a constant strain was applied to articular cartilage. 

 

Gao et al. (2014) applied unconfined compression to rectangular porcine articular cartilage 

blocks using three levels of constant stress (0.1 MPa, 0.5 MPa, 1 MPa). Prior to testing, the 

thickness of each sample was measured. They found that creep was most prominent in the 

superficial layer, as is shown in figure 3.5. They also found that a nonlinear viscoelastic 

constitutive equation (shown in equation 3.6) proposed by Onaran and Findley (1965), and Lai 

and Findley (1968), described the experimental creep data much better than the Kelvin-Voigt 

model, and that the Young’s modulus of articular cartilage increased with depth in the tissue 

(Gao, et al., 2014).  

 

휀(𝑡) = 𝐾1(𝑡)𝜎 + 𝐾2(𝑡)𝜎2 + 𝐾3(𝑡)𝜎3                                                                   (3.6) 

 

In equation 3.6, K1, K2, and K3 are functions of the material under consideration, ε is the strain, 

and σ is the stress.  



19 
 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Gong et al. (2019) applied an unconfined compressive load of 1 MPa to porcine articular 

cartilage rectangular blocks, investigating the effect of defects on the creep response. They 

applied artificial defects to articular cartilage of 1 mm width and 0.2 mm depth, 0.7 mm depth, 

and 1.1 mm depth prior to loading, with a control of no artificial defect for comparative 

purposes. They found that increasing the defect depth increased the strain response to constant 

stress in every layer of articular cartilage. They also found that the strain response of articular 

cartilage is greatest in the superficial zone, regardless of artificial defect depth. Figure 3.6 

shows the creep response of the superficial zone of articular cartilage with different artificial 

defect depth (Gong, et al., 2019). 

Figure 3.5 - Creep strain for different articular cartilage layers during unconfined compression 
with a compressive stress of 0.1 MPa (Gao, et al., 2014). 
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3.2.2 Tensile tests 

 

Tensile testing has had less focus than compressive testing due to most of the load that articular 

cartilage faces being compressive. However, due to the nature of the collagen fibril 

arrangement in articular cartilage, tension generated within this network has an impact on the 

compressive load bearing of the tissue. Therefore, it is useful to understand the tensile 

characteristics of articular cartilage (Cohen, et al., 1998). Furthermore, cartilage on cartilage 

sliding contact during normal joint motion generates some tensile forces when both cartilage 

surfaces pull in the same direction (Athanasiou, et al., 2013). Sasazaki et al. (2006) used slices 

of articular cartilage in a tensile experiment to determine the tensile properties of articular 

cartilage, both parallel and perpendicular to the split lines (Sasazaki, et al., 2006). It was found 

that articular cartilage has better tensile properties parallel to the split lines than perpendicular, 

as is shown in figure 3.7. They also found that the preferred orientation of collagen in the 

articular surface realigned itself to the direction of the applied strain, regardless of the 

orientation of the sample. Charlebois et al. (2004) applied tension in ramps with time allowed 

for stress relaxation between each applied load on bovine articular cartilage (Charlebois, et al., 

2004). They found that deeper regions of articular cartilage are much stiffer than surface 

regions and that age increases the tensile stiffness. 

Figure 3.6 - Creep response of the superficial layer of porcine articular cartilage to a 1 MPa 
load, comparing the effect of the depth of an applied defect (Gong, et al., 2019). 
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3.2.3 Comparison of Results 

 

The results from four experimental studies on articular cartilage using quasi-static loading 

conditions have been tabulated in table 3.1. It should be noted that many of the values of interest 

are estimates based upon data plotted in figures 3.5 to 3.7. Mow et al. (1980), Gao et al. (2014), 

and Gong et al. (2019) have conducted compressive loading experimentation due to cartilage 

mainly being subjected to compressive loading in vivo. Mow et al. (1980) and Gao et al. (2014) 

conducted both creep and stress relaxation experimentation, while Gong et al. (2019) focussed 

only on creep. Sasazaki et al. performed tensile loading experimentation due to some of the 

loading articular cartilage was subjected to in vivo being tensile and the effect that the tensile 

properties of the collagen network within articular cartilage has on resistance to compressive 

loading.  

 

Mow et al. (1980) found the aggregate elastic modulus of articular cartilage to be 0.7 ± 0.06 

MPa when conducting creep experiments using a load of 0.1 MPa, and 0.87 ± 0.4 MPa when 

conducting stress relaxation experiments using 10 % strain. These values are similar; however, 

they are much less than the compressive moduli reported by Gao et al. (2014) for each layer of 

articular cartilage when applying a stress rate, although these authors experimented on porcine 

cartilage rather than bovine. Furthermore, Mow et al. (1980) reported the modulus for the 

aggregate tissue, which is not directly comparable with the moduli reported for each layer. 

Sasazaki et al. (2006) found the tensile modulus of bovine articular cartilage to be greater than 

Figure 3.7 - Stress-strain curves of articular cartilage under tension, comparing response for 
tissue parallel to the split lines and tissue perpendicular to the split lines (Sasazaki, et al., 
2006). 
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the aggregate compressive modulus reported by Mow et al. (1980) by an order of magnitude 

for testing both parallel and perpendicular to the split lines. Sasazaki et al. (2006) found that 

increasing the applied strain increased the stress within cartilage.  

 

Mow et al. (1980) found the permeability of articular cartilage to be 0.76 ± 0.30 × 10-14 m4/Ns, 

which is much larger than the range of permeability mentioned in Cohen et al. (1998). They 

also found that as articular cartilage was compressed, the permeability decreased, and 

increasing the applied pressure decreased the permeability for all strains. As a result, the 

reported permeability for a 1 MPa applied pressure must be viewed as an average value, which 

can explain the discrepancy between the reported value and those reported in other studies. 

 

Gao et al. (2014) found that increasing the rate of compressive applied stress caused the 

compressive modulus of articular cartilage to increase in all layers and that the deep zone had 

a compressive modulus of up to 3.6 times that in the superficial zone. These authors also found 

that when applying stress of 0.1 MPa, the long-time strain response of the superficial zone was 

much larger than those of both the middle and deep zones and that increasing the applied stress 

increased the strain response in the bulk material.  

 

Gong et al. (2019) found that the strain within each layer of articular cartilage was affected by 

the depth of an artificially applied defect when testing porcine articular cartilage with an 

unspecified thickness of underlying subchondral bone. These strains were all greater than those 

found by Gao et al. (2014) for each layer due to larger applied stress and the presence of the 

artificially induced defects. However, the strain in the superficial zone was found by Gong et 

al. (2019) to be similar to that reported by Gao et al. (2014) when cartilage was healthy, despite 

larger induced stress. This could results from the restrictive effect provided by the underlying 

subchondral bone used during the study by Gong et al. (2019).  
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Table 3.1 - Comparison of loading protocols and results for quasi-static loading experiments. Note that NA means that the authors did not 
investigate. 

Study Loading Protocol Cartilage 

Dimensions 

Specific 

Experimentation 

Applied 

parameters 

Aggregate 

Elastic 

Modulus 

(MPa) 

Permeability 

(10-14 m4/Ns) 

Stress Strain (%) Creep 

compliance 

(/MPa) 

Mow et al., 

1980 

Compressive load 

applied to circular 

plugs of bovine 

articular cartilage via 

a permeable loading 

block. Confined 

compression. 

Aggregate moduli 

reported. 

6.35 mm 

diameter, 1.78 

mm average 

thickness. No 

bone attached.  

Creep testing on bovine 

cartilage, pressure 

applied 

0.1 MPa 0.70 ± 0.06 0.76 ± 0.30 NA NA NA 

Not specified Stress relaxation testing 

on bovine cartilage, 

strain applied 

10 % 0.87 ± 0.4 NA 

Sasazaki et 

al., 2006 

Tensile load applied 

to bovine articular 

cartilage slices, 

parallel and 

perpendicular to split 

lines. Tensile moduli 

reported. Applied 

strain rate of 1%/s. 

12 mm length, 

1 mm width 

dumbbell 

shaped, no 

bone attached 

Strain applied parallel to 

split lines, induce to 

failure. Modulus 

evaluated from linear 

zone. Final value was at 

failure. 

5 % 25.5 NA 0.7 NA NA 

10 % 1.3 

20 % 3.8 

24.5 ± 4.8 % 4.9 

Strain applied 

perpendicular to split 

lines, induce to failure. 

Modulus evaluated from 

linear zone. Final value 

was at failure. 

5 % 15  0.3   

10 % 0.6 

20 % 1.9 

30.2 ± 5.4 %  3.3 

Gao et al., 

2014 

Unconfined 

compressive load 

applied to 

rectangular plugs of 

5.5 mm by 4 

mm surface, 

approximate 

thickness of 2 

Creep testing – depth 

dependency.  

σ = 0.1 MPa,  

t = 2800 s 

Superficial NA NA NA 32.5 ± 3 NA 

Middle 13.5 ± 1.5 

Deep  

 

 

8 ± 0.5 
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bovine articular 

cartilage.  

 

 

Compressive moduli 

reported. 

mm, no bone 

attached. 

 

 

 

Creep testing – stress 

dependency of bulk 

tissue. t = 3000 s. 

 

σ = 0.1 MPa 

 

31 

 

3.1 

σ = 0.5 MPa 47  0.9 

σ = 1 MPa    52 0.55 

 

Gao et al., 

2014 

Unconfined 

compressive load 

applied to 

rectangular plugs of 

bovine articular 

cartilage. 

Compressive moduli 

reported. 

5.5 mm by 4 

mm surface, 

approximate 

thickness of 2 

mm, no bone 

attached. 

Uniaxial compression 

testing, stress rate 

applied. Superficial, 

middle, and deep zone 

respectively within each 

stress rate field. 

σ rate = 

0.0045 

MPa/s 

1.4 ± 0.05 NA NA NA NA 

3.2 ± 0.4 

4.8 ± 0.2 

σ rate = 

0.045 MPa/s 

2.4 ± 0.15  

4.15 ± 0.05 

6.35 ± 0.2 

Gong et al., 

2019 

Unconfined 

compressive load 

applied to 

rectangular plugs of 

porcine articular 

cartilage. Strains 

reported at 3500 

seconds, and with 

defect depths of no 

defect, 0.2 ± 0.02 

mm, 0.7 ± 0.02 mm, 

and 1.1 ± 0.02 mm 

respectively for each 

layer of cartilage. 

10 mm by 3 

mm surface, 

depth of 2 ± 

0.2 mm. 

Unspecified 

thickness of 

subchondral 

bone attached. 

Stress induced.  

Superficial zone 1 MPa NA NA NA 30 NA 

34 

36 

41 

Middle zone  23 

28 

32 

40 

Deep zone 20 

23 

26 

30 
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3.3 Mechanical Response to Dynamic Loading 

 

The purpose of dynamic testing is to find the mechanical properties of a material of interest 

under dynamic loading conditions. This includes dynamic stiffness (combination of storage 

and loss stiffnesses), dynamic modulus (combination of storage and loss moduli), damping 

ratio, and the coefficient of restitution (a ratio describing the amount of energy returned from 

the material). Dynamic testing will best approximate the loading of articular cartilage in vivo 

during normal joint motion (cyclic loading) and impact loading (e.g., car accident, blunt object 

to the knee). It is also useful to understand the impact that everyday actions can have on the 

cartilage quality and how this can lead to osteoarthritis later in life. Finally, understanding the 

influence of subchondral bone on articular cartilage both in normal activity and under impact 

loading conditions is useful in interpreting the dynamic properties of articular cartilage.  

 

3.3.1 Cyclic Loading 

 

Viscoelastic materials can be characterised by their storage (E’) and loss (E’’) moduli, while a 

viscoelastic structure can be characterised in terms of a storage (k’) and loss (k”) stiffness. The 

storage modulus represents energy storage for subsequent elastic recoil, and the loss modulus 

represents energy dissipation throughout the tissue. Viscoelastic properties of articular 

cartilage have been characterised over a frequency range of 1 to 88 Hz (Temple, et al., 2016); 

(Lawless, et al., 2017); (Fell, et al., 2019), using dynamic mechanical analysis. It is implied 

that articular cartilage (with underlying subchondral bone) undergoes a glass transition at 10 

Hz to 20 Hz, with a frequency-independent loss modulus but a storage modulus that increases 

with frequency (Lawless, et al., 2017). 

 

Verteramo & Seedhom (2007) applied cyclic loading to articular cartilage samples before and 

after single impacts were applied (Verteramo & Seedhom, 2007). They prepared samples of 

articular cartilage of 12 mm diameter and a 4 mm subchondral bone depth. They applied 1200 

compressive loading cycles to the samples to determine the storage and loss moduli prior to 

impact, subjecting each sample to stress and loading frequency associated with walking (1.5 

MPa stress at 1 Hz), and subsequently running (7 MPa at 2 Hz). They monitored the storage 

and loss moduli for the duration of these experiments. Each sample was immersed in PBS 

solution for 2 hours between loading cycles and before impact. For impact, they used masses 
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of 0.5 kg and 0.75 kg with an impact height of 100 mm, and masses of 0.75 kg and 1 kg with 

an impact height of 200 mm, in order to subject a sample to a minimum strain rate of 500 s-1 

and minimum stress of 10 MPa. These impact testing configurations resulted in the energy of 

impact applied being over the following values: 0.49 J, 0.74 J, 1.47 J, and 1.96 J. Following 

these impacts, the samples were immersed in PBS solution and fully rehydrated before being 

retested with the aforementioned loading conditions over 1200 compressive cycles, again 

monitoring the storage and loss moduli for the experimental duration.  

 

Verteramo & Seedhom (2007) analysed these moduli over six loading windows throughout (0 

to 50 cycles, 50 to 100 cycles, 100 to 200 cycles, 200 to 500 cycles, 500 to 800 cycles, and 800 

to 1200 cycles), with the narrower ranges at the start due to the most changes to the moduli 

occurring early in the experiments. They found from these experiments that the storage 

modulus of articular cartilage under walking loading conditions changed little before and after 

impacting up to 1.47 J and that impacting articular cartilage with an energy of 1.96 J 

considerably reduced the storage modulus at all stages of loading. They found that the storage 

modulus of articular cartilage during running loading conditions was reduced after impacting 

at an energy of 1.47 J and above, as is shown in figure 3.8. Furthermore, during walking loading 

conditions, the loss modulus was found to increase after impact loads of 1.47 J and above, and 

during running loading conditions, the loss modulus was found to increase after all impact 

loads, as is shown in figure 3.9. 
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Figure 3.8 - Percentage variation of compressive storage modulus following impact under 
running loading conditions during a range of cycles (Verteramo & Seedhom, 2007). 

Figure 3.9 - Percentage variation of compressive loss modulus following impact under running 
loading conditions during a range of cycles (Verteramo & Seedhom, 2007). 
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Lawless et al. (2017) applied dynamic mechanical analysis for the effect of testing medium, 

loading, and substrate (the underlying subchondral bone) on articular cartilage response. They 

prepared samples with a 5.2 mm diameter with a slice of underlying subchondral bone, 

although the thickness of bone used is not specified. They applied a frequency sweep with the 

previously mentioned range using a 20 mm diameter impermeable compression plate, using a 

sinusoidally varying load of 16 N to 36 N to determine the effect of the testing medium. They 

found that this effect on the dynamic response was insignificant. They also applied loads of 

varying size to simulate low load, walking (approximate) load, and high load. They found that 

increasing stress (by increasing load) increased the dynamic modulus by at least 3.8 times, as 

seen in figure 3.10. The loss modulus had significantly higher values for walking stress than 

both low and high loading, as can be seen in figure 3.11 (Lawless, et al., 2017).  

 

 

Figure 3.10 - Storage modulus for different magnitudes of loading across a range of loading 
frequencies (Lawless, et al., 2017). The low quality of this image and some following images 
was due to a lack of appropriate processing power. 
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Figure 3.11 - Loss modulus for different magnitudes of loading across a range of loading 
frequencies (Lawless, et al., 2017). 

 

When testing the influence of the underlying subchondral bone, samples with a diameter of 4.1 

mm were used, although the thickness of the bone is not specified. A sinusoidally varying load 

of 10 N to 24 N was applied using a 20 mm diameter impermeable compression plate to induce 

a 1.8 MPa stress, which is approximately the stress experienced in human knee joints when 

walking. The storage stiffnesses for articular cartilage on and off bone were similar, and both 

were frequency dependent, as seen in figure 3.12. However, the loss stiffness for articular 

cartilage on subchondral bone is frequency independent. In contrast, the loss stiffness for 

articular cartilage without subchondral bone is frequency dependent (Lawless, et al., 2017), as 

can be seen in figure 3.13. 
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Figure 3.12 - Storage stiffness for articular cartilage when on subchondral bone and with the 
subchondral bone removed (Lawless, et al., 2017). 
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Figure 3.13 - Loss stiffness for articular cartilage when on subchondral bone and with the 
subchondral bone removed (Lawless, et al., 2017). 

 

Lawless et al. (2017) found that loading frequency affects articular cartilage failure, 

independent of load. The ability of articular cartilage to store energy is higher at higher loading 

frequencies. Past a certain loading frequency, this predisposes articular cartilage failure, 

dissipating energy within the tissue. They found that frequencies above the glass transition are 

particularly important in analysis (Lawless, et al., 2017). 

 

Fell et al. (2019) performed a similar dynamic mechanical analysis on both articular cartilage 

and subchondral bone separate from each other, and together in osteochondral plugs (articular 

cartilage on subchondral bone), to determine the separate responses to loading. The 

osteochondral plugs obtained had a diameter of 8 mm, and a subchondral bone depth of 3 mm, 

before being separated and retested in isolation. Fell et al. (2019) applied a sinusoidally varying 

load ranging from 37.7 N to 85.5 N using a 20 mm diameter impermeable compression plate 

to induce stress of 1.7 MPa in the cartilage samples, similar to physiological stresses in the 
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lower limb. They found that the storage stiffness of articular cartilage on bone was less than 

that of both articular cartilage and bone when tested separately. In contrast, the loss stiffness 

of cartilage on bone was frequency independent, as seen in figure 3.14. The loss stiffness of 

bone decreased logarithmically, and the loss modulus of cartilage increased logarithmically, as 

seen in figure 3.15 (Fell, et al., 2019). The results for both storage and loss stiffnesses differed 

markedly from the experiments performed by Lawless et al. (2017).  

 

 

Figure 3.14 - Storage stiffness for different cartilage and bone arrangements over a range of 
frequencies (Fell, et al., 2019). 
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Figure 3.15 - Loss stiffness for different cartilage and bone arrangements over a range of 
frequencies (Fell, et al., 2019). 

 

3.3.2 Comparison of Results 

 

The results of interest from the research of five papers have been compiled into table 3.2. It 

should be noted that these values (and any value ranges) are estimates based on plots of 

measured parameters. Temple et al. (2016), Lawless et al. (2017), and Fell et al. (2019) contain 

research conducted as part of a similar research group. Hence, they applied the same dynamic 

mechanical analysis to articular cartilage samples using similar equipment, although the focus 

of each varied. Experimentation consisted of a frequency sweep from 1 Hz to 88 Hz, 

representing the frequency of normal walking to that of rapid heel-strike rise time seen in a 

small proportion of the population. For the purposes of this table, only data from frequencies 

of 1 Hz, 10 Hz, and 29 Hz are used to compare results. This is because the larger frequencies 
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are much less commonly experienced and because above 20 Hz, the moduli and stiffnesses 

tend to plateau.  

 

Veretamo & Seedhom (2007) subjected bovine articular cartilage to four energy levels of 

impact loading, monitoring the dynamic moduli both before and after impact to determine the 

effect of impact loading on normal cyclic loading during walking (1 Hz, 1.5 MPa stress), and 

running (2 Hz, 7 MPa stress). They did not report any values for loss moduli, so this is presented 

as a percentage change. They impacted articular cartilage with 4 mm of subchondral bone, 

which according to Burgin and Aspden (2008) is not enough to stabilise results in the event of 

increasing this thickness. Prior to any impact, they found the storage modulus to be 

approximately 33 MPa for walking conditions, which is considerably less than the values 

reported by Temple et al. (2016) and Lawless et al. (2017) for bovine articular cartilage in 

isolation (16 N to 36 N force range induces stress of approximately 1.8 MPa in articular 

cartilage of diameter 5 mm). However, it is a lot closer to the 38 MPa reported by Fell et al. 

(2019). No other study subjected articular cartilage to loading at 2 Hz to represent loading 

under running conditions. 

 

Lawless et al. (2017) found the storage stiffness of articular cartilage on bone and in isolation 

to be similar, although they did not specify the subchondral bone thickness. This contrasts 

widely with the result reported by Fell et al. (2019). They found the storage modulus to be 

considerably affected by the absence of subchondral bone for all loading frequencies of 

interest. Fell et al. (2019) reported a considerable reduction in the storage stiffness when 3 mm 

of subchondral bone was attached to articular cartilage compared with when articular cartilage 

was tested in isolation. It is not apparent what the reasons for this difference are, so it is 

something that requires further investigation. Both studies found that the presence of 

subchondral bone resulted in the loss stiffness being independent of loading frequency, and 

that without subchondral bone loading frequency does affect the loss stiffness. Both studies 

also found that the loss stiffness was increased when the subchondral bone was absent for all 

loading frequencies, although they reported different margins of increase.  

 

Another discrepancy between these studies is the marked difference in storage and loss stiffness 

values reported both for cartilage in isolation and cartilage with subchondral bone attached. 

This cannot be explained by differences in loading protocol other than that Lawless et al. (2017) 

did not specify subchondral bone thickness, which could be different from that used by Fell et 
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al. (2019). The difference in cartilage dimensions used should not produce different results, 

given that the applied load was adjusted to fit the dimensions to induce approximately 1.8 MPa 

of stress in the samples. This property of articular cartilage, therefore, requires further 

investigation. 

 

Data for the study conducted by Temple et al. (2016) are presented and explained further in 

section 3.3.3 (bovine articular cartilage as a model for human articular cartilage). This data is 

also presented in table 3.2 as a means of comparison of the results from experiments on bovine 

articular cartilage with other studies. 

 

Based upon the presented results for cyclic loading in this section, it is apparent that there is 

only some crossover in the investigated properties of articular cartilage. Temple et al. (2016), 

Lawless et al. (2017), and Fell et al. (2019) being part of the same research group means that 

their research focussed on different properties of articular cartilage. However, Verteramo & 

Seedhom (2007) were the only authors who investigated the effect of impact loading on 

articular cartilage cyclic loading, possibly the most important investigation within this section 

due to the possibility of joint trauma being a factor in the early onset of osteoarthritis. It is 

therefore apparent that more research needs to be conducted into this. Research into the effects 

of subchondral bone and the comparison between bovine and human articular cartilage are also 

important and have been well covered. Damping properties have also been investigated, 

although during impact experiments coefficient of restitution has been the investigated property 

rather than damping ratio (from experiments conducted by studies such as Burgin and Aspden 

(2008), Workman et al. (2017), and Goodwin et al (2021). This is therefore an area in which 

more research could be conducted. 
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Table 3.2 - Comparison of results of interest from cyclic loading experiments. Note that NA means that the authors did not investigate. Also note 
that Verteramo & Seedhom (2007) did not specify a force range, only induced stress, and that all percentage changes mentioned are positive. 

Study Loading Protocol Cartilage 

dimensions 

Specific 

experimentation 

Force 

Range 

(N) 

Induced 

Stress 

(MPa) 

Loading 

Frequency 

(Hz) 

Storage 

Modulus 

(MPa) 

Loss 

Modulus 

(MPa) 

Storage 

Stiffness 

(N/m) 

Loss 

Stiffness 

(N/m) 

Verteramo & 

Seedhom, 

2007 

Compressive cyclic load 

applied to bovine 

osteochondral plugs over 

1200 cycles, with frequency 

1 Hz and induced stress 1.5 

MPa, and frequency 2 Hz 

and induced stress 7 MPa. 

Note that the loss modulus 

values are reported as a 

percentage increase, due to 

the initial values being not 

specified (NS). 

 

12 mm 

diameter, 4 

mm thickness 

of subchondral 

bone attached 

Prior to impact NS 1.5 1 33 NS NA NA 

 7 2 46.5 NS 

0.491 J Impact  1.5 1 32.6 ± 1.1 27 ± 12 % 

 7 2 44.9 ± 1.4 12 ± 4 % 

0.736 J Impact  1.5 1 33.1 ± 1.4 47 ± 6 % 

 7 2  45.3 ± 1.8 15 ± 7 % 

1.472 J Impact  1.5 1 32.5 ± 1.5 28 ± 20 % 

 7 2 42.5 ± 1.4 13 ± 5 % 

1.962 J Impact  1.5 1 30.2 ± 0.8 23 ± 15 % 

 7 2 45.1 ± 0.9 11 ± 6 % 

Temple et 

al., 2016 

Sinusoidally varying force at 

many different frequencies 

(1 - 88 Hz) applied to 5 mm 

diameter samples of human 

and bovine articular 

cartilage using a 20 mm 

diameter compression plate, 

following preloading at 25 

Hz for 1500 cycles and at 50 

Hz for 3000 cycles. 

5 mm 

diameter, no 

bone  

Human 

Cartilage 

16 - 36 1.83 1 31.9 5.2 NA NA 

 10 38 7.2 

 29 41 7.7 

    

Bovine 

Cartilage 

 1 54 10.3 

 10 66 14.3 

 29 73 16.2 

    

Lawless et 

al., 2017 

Sinusoidally varying force at 

many different frequencies 

applied to cylindrical 

samples of cartilage of 

varying diameter using a 20 

mm diameter compression 

plate (1 - 88 Hz), following 

5.2 mm 

diameter, no 

bone 

 

 

Cartilage in air 16 - 36 1.70 1 52 10 NA NA 

 10 63 15 

 29 71 17 

Cartilage in 

Ringer’s 

solution 

 1 56 11 

 10 70 16 

 29 78 17 
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preloading at 25 Hz for 1500 

cycles, and at 50 Hz for 

3000 cycles. 

Effect of 

applied force, 

tested in air 

2 - 22 1.04 1 21 5 

 10 24 6.5 

 29 27 7.4 

Lawless et 

al., 2017 

 5.2 mm 

diameter, no 

bone  

 

 

Effect of 

applied force, 

tested in air 

16 - 36  1.70 1 47 8 NA NA 

  10 57 9.8   

  29 60 10.5   

65 - 85 4.00 1 100 6.2 

 10 111 6.3 

 29 113 5.9 

4.1 mm 

diameter, bone 

attached. 

Effect of 

subchondral 

bone, tested in 

air 

10 - 24 1.82 1 NA NA 540 57 

 10 620 59 

 29 660 56 

4.1 mm 

diameter, no 

bone  

 1 540 69 

 10 620 77 

 29 670 80 

Fell et al., 

2019 

Sinusoidally varying force at 

many different frequencies 

applied to cylindrical 

samples of cartilage, 

subchondral bone, and 

osteochondral plugs using a 

20 mm diameter 

compression plate (ranging 

from 1 Hz to 88 Hz), 

following preloading at 25 

Hz for 1500 cycles, and at 

50 Hz for 3000 cycles. 

8 mm 

diameter 

cartilage, no 

bone  

Effect of 

subchondral 

bone 

37.7 - 

85.5 

1.70 1 38 5.3 1500 195 

 10 41 5.7 1670 215 

 29 43 5.7 1770 215 

 88 47 5.9 1860 220 

8 mm 

diameter 

cartilage, 3 

mm bone 

attached. 

 1 NA NA 1230 105 

 10 1360 100 

 29 1400 95 

 88 1450 95 

8 mm 

diameter, 3 

mm thickness 

bone in 

isolation. 

Properties of 

subchondral 

bone 

 1 102 6.3 1580 98 

 10 109 5.1 1650 85 

 29 110 4.6 1690 75 

 88 109 4.6 1670 70 

 



38 
 

3.3.3 Bovine Cartilage as a Model for Human Cartilage 

 

Due to the difficulty of obtaining healthy samples of human articular cartilage, bovine articular 

cartilage is often used as a model during cartilage experiments, whether dynamic or quasi-

static. There is some experimentation on human articular cartilage from donors following 

surgery, although this is from 3 people, of the ages 69, 78, and 83 (Temple, et al., 2016).  

 

The frequency-dependent trends of human and bovine articular cartilage were compared by 

Temple et al. (2016). They prepared samples of human and bovine articular cartilage with 

underlying subchondral bone, with a 5 mm diameter. They used dynamic mechanical analysis 

with a 20 mm diameter impermeable compression plate to induce a peak stress of 1.8 MPa in 

the articular cartilage samples, by applying a sinusoidally varying 20 N to 36 N compressive 

load. They found that the storage modulus was greater than the loss modulus for all frequencies 

on both human and bovine articular cartilage. They also found that bovine articular cartilage 

had a mean storage modulus of 1.7 to 1.9 times greater than human cartilage (shown in figure 

3.16) and a mean loss modulus of 2 times greater (shown in figure 3.17) (Temple, et al., 2016). 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 3.16 - Storage modulus for bovine articular cartilage vs human articular cartilage over 
a frequency range (Temple, et al., 2016). 



39 
 

 

 

 

 

 

 

 

 

 

 

 

 

 

It can therefore be assumed, with some limitations (namely the age of the human samples), that 

bovine articular cartilage response to loading is approximately two times that of human 

articular cartilage, over a large range of loading frequencies (Temple, et al., 2016). This can be 

extended to the response during impact testing.  

 

 

3.4 Impact Studies of Cartilage 

 

3.4.1 Results on Cartilage Response 

 

The impact experiment aims to simulate what would occur in the human knee (or other joints) 

during suddenly applied large loading, and to determine the articular cartilage response. Burgin 

and Aspden (2008) dropped 100-gram and 500-gram masses onto articular cartilage in isolation 

(diameter 5 mm), on subchondral bone (diameter 9 mm), and other substrates of varying length 

(diameter 9 mm), from varying heights (25 mm to 100 mm). They also performed quasi-static 

compression testing on isolated articular cartilage, applying a strain of 100% per minute and a 

maximum stress of 0.15 MPa. The results for articular cartilage tested in isolation and on 

subchondral bone are shown in table 3.3, while the results for articular cartilage on other 

substrates of varying length are shown in figure 3.18. They found that the maximum dynamic 

Figure 3.17 - Storage modulus for bovine articular cartilage vs human articular cartilage over 
a frequency range (Temple, et al., 2016). 
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modulus of isolated articular cartilage increased nonlinearly as the applied force from impact 

(and hence stress in the material) was increased. This value was approximately two orders of 

magnitude greater than modulus values calculated from quasi-static compression tests. When 

testing cartilage on varying substrates, the dynamic modulus increased as the substrate 

thickness increased, plateauing when substrate length reached approximately ten times the 

cartilage thickness. They also found that the coefficient of restitution decreased with increasing 

impact height and hence with increasing impact energy. Furthermore, they found that the 

presence of subchondral bone decreased the dynamic modulus (Burgin & Aspden, 2008). 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Edelstan et al. (2010), using a drop impact test to apply unconfined compression to articular 

cartilage, investigated the assertion from prior experimentation that as the loading rate of 

articular cartilage increases, it exhibits an increasingly elastic response. They performed impact 

loading on 5 mm diameter isolated articular cartilage samples harvested from two femoral 

heads removed from two 85-year-old people during surgery, investigating how the Poisson’s 

ratio changes with increasing force (by varying the impact height between 25 mm and 75 mm). 

They also performed impact loading on bovine articular cartilage to determine the energetic 

coefficient of restitution, with the methods and results reported in Burgin & Aspden (2008). 

For impact testing on human articular cartilage, a 500-gram mass was dropped from varying 

Figure 3.18 - Effective dynamic modulus of cartilage with underlying substrates of varying 
length (Burgin & Aspden, 2008). 
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heights to apply a single defined impact to each sample. Stress and strain data were obtained 

from the measured force and acceleration responses. The results from these experiments are 

shown in table 3.3, for femoral heads A and B, with the variation between results due to samples 

from femoral head A being thicker than samples from femoral head B. This study showed that 

articular cartilage deforms nonlinearly during impact loading. As applied load increased, the 

tissue deformation tended toward isovolumetric deformation, as the Poisson’s ratio tended 

toward 1 with increased load. Furthermore, as reported in Burgin & Aspden (2008), the 

coefficient of restitution decreased as the impact height (and hence impact velocity) increased, 

meaning that articular cartilage does not tend toward linear elasticity with increased rates of 

loading. To account for this result, Edelstan et al. (2010) modelled articular cartilage using a 

Kelvin-Voigt model, with an elastic spring of stiffness k with force response 𝐹 =  −𝑘𝑥 and a 

dashpot with a damping coefficient c which depended on displacement and velocity, 

represented as 𝐹 = −𝑐|𝑥|�̇� (Edelstan, et al., 2010). This is a variation of the Hunt-Crossley 

model. 

 

Thambyah and Broom (2010) performed impact loading on bovine articular cartilage, 

focussing on healthy immature, healthy mature, and mildly degenerate mature tissue. They 

applied a compressive impact load using a cylindrical 6 mm diameter plane ended indenter 

attached to a rigid swing pendulum (of mass 1.6 kg) released from a fixed height to induce the 

articular cartilage to failure. The sample sizes of articular cartilage used were 14 mm × 14 mm, 

with an underlying subchondral bone depth of 6 mm. For healthy bovine articular cartilage, 

they released the pendulum from a height such that the applied energy of the impact was 

approximately 2.3 J, while for mildly degenerate articular cartilage, the height was lowered 

such that the applied energy of the impact was 1.6 J. They found that the peak nominal stress 

in healthy mature articular cartilage was much larger than that in healthy immature articular 

cartilage when induced to failure, indicating that immature joints were able to sustain lesser 

loads. They also found that the peak nominal stress in mildly degenerate articular cartilage at 

failure was significantly reduced from that of healthy articular cartilage, indicating that when 

articular cartilage has imperfections, the amount of load required to cause failure in the tissue 

is much reduced (Thambyah & Broom, 2010).  

 

Kim et al. (2012) performed impact loading using the same loading protocol as did Thambyah 

& Broom (2010), following compressive creep loading at 4 MPa over a range of durations. 

They used healthy articular cartilage samples of 14 mm × 14 mm, with 10 mm cartilage and 
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subchondral bone combined depth, impacting with an energy of 2.2 J. They found that 

increasing the creep time and therefore the creep strain affected the mechanical response of 

articular cartilage to impact loading, such as considerably reducing the impact strain, increasing 

the peak force, decreasing the impact duration and the time to peak force, and marginally 

increasing the energy lost in impact. They also found that the amount of damage to articular 

cartilage following impact loading was increased by increasing the creep strain. Figure 3.19 

shows how the creep strain increased over time and affected the impact strain (Kim, et al., 

2012). 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Workman et al. (2017) performed impact loading via unconfined compression on bovine 

articular cartilage of varying quality. They used an indenter with a 10 mm diameter attached to 

a mass of 0.619 kg set on Teflon bushings on a stainless steel rail (shown schematically in 

figure 3.20). The indenter was released from 420 mm. They focussed on how peak stress and 

the coefficient of restitution were affected by increased levels of damage to the tissue 

(Workman, et al., 2017). The sample size tested had 15 mm × 15 mm surface dimensions, with 

15 mm of underlying subchondral bone attached. They defined bovine articular cartilage 

according to the following grades: G0 (healthy with no surface irregularities), G1 (small 

irregularities in the tangential zone), G2 (highly irregular surface layer) and G3 (no effective 

surface layer), based on the Outerbridge scale (Outerbridge, 1961). The results of this 

experimentation are shown in table 3.3. They found that peak stress decreased as the pre-

Figure 3.19 - The effect of creep time on the creep strain and subsequently on the impact strain 
following impact at 2.2 J energy (Kim, et al., 2012). 
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existing damage in articular cartilage increased, although this was only significant between 

healthy articular cartilage and considerably damaged articular cartilage (G2 and G3). They also 

found that the coefficient of restitution decreased as the degree of pre-existing damage 

increased, although this was only significant between healthy articular cartilage and G2 

articular cartilage, and in G3 articular cartilage it was higher than in G2 articular cartilage 

(Workman, et al., 2017). 

 

 

Figure 3.20 - Schematic of impact testing setup for indenting articular cartilage as described 
by Workman et al. (2017). 
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Goodwin et al. (2021) performed impact loading via unconfined compression on bovine 

articular cartilage of varying quality, using the same experimental setup as Workman et al. 

(2017) (Goodwin, et al., 2021). They used impact heights of 160 mm (corresponding to an 

impact energy of 0.9 J) and 250 mm (corresponding to an impact energy of 1.4 J), impacting 

both healthy and mildly degenerate cartilage. They then used polarisation-sensitive optical 

coherence tomography to examine subtle alterations of the optical properties of healthy and 

mildly degenerate cartilage (Goodwin, et al., 2021). They prepared square samples with 

dimensions of 12 mm × 12 mm (with an unspecified thickness of subchondral bone attached) 

and used a 2000 fps high speed camera such that motion tracking could be performed and the 

coefficient of restitution evaluated. The mechanical results from this experimentation are found 

in table 3.3. They found that degeneration of the tissue decreased both the peak stress and the 

coefficient of restitution (Goodwin, et al., 2021). They also found that increasing the impact 

energy increased the peak stress for both healthy and mildly degenerate cartilage. They also 

found that increasing impact energy reduced the coefficient of restitution more for impact on 

mildly degenerate cartilage than it did for impact on healthy cartilage (Goodwin, et al., 2021). 

 

3.4.2 Comparison of results 

 

The results from studies on impacting articular cartilage are presented in table 3.3. Burgin & 

Aspden (2008) investigated the coefficient of restitution of articular cartilage under various 

impacting energies, ranging from 0.025 J (0.1 kg mass dropped from 25 mm) to 0.245 J (0.5 

kg mass dropped from 50 mm). They found that the coefficient of restitution decreased as the 

impact height and therefore velocity was increased. They also found that the dynamic modulus 

increased as impact energy increased and that when subchondral bone was attached to articular 

cartilage, the dynamic modulus decreased. Goodwin et al. (2021) also investigated the effect 

of varying the impact energy on the coefficient of restitution and found the same as Burgin & 

Aspden (2008). Workman et al. (2017) impacted cartilage with 15 mm subchondral bone 

attached to articular cartilage with an impact energy of 2.3 J (inducing cartilage to failure), 

which was far greater than the maximum impact energy Burgin & Aspden (2008) subjected 

cartilage in isolation to. However, the coefficient of restitution found was much larger than that 

at the highest impact energy investigated by Burgin & Aspden (2008), which is most likely due 

to the influence of the subchondral bone on articular cartilage. The peak stress in articular 

cartilage found by Workman et al. (2017) is only slightly larger than that found by Burgin & 

Aspden when they used a much lower impact energy, which could be explained by the 
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influence of subchondral bone on articular cartilage attenuating the force the articular cartilage 

is subjected to.  

 

Workman et al. (2017) also investigated the effect of tissue degeneration on the peak stress and 

coefficient of restitution. They found that with increasing degeneration, peak stress decreased, 

and coefficient of restitution decreased, although for G3, coefficient of restitution increased. 

Goodwin et al. (2021) investigated the same effect as Workman et al. (2017), although using 

smaller impact energy, and found the same results as Workman et al. (2017) for mild tissue 

degeneration.  

 

The results for the peak stress in articular cartilage are somewhat different between the study 

by Thambyah & Broom (2010) and that by Workman et al. (2017), with that measured by 

Workman et al. (2017) found to be higher at 82.8 MPa for healthy mature cartilage with an 

impact energy of 2.3 J. In contrast, Thamyah & Broom (2010) found this value to be 65.2 ± 6.6 

MPa for the same impact energy. This difference could be due to a difference in loading 

protocol, as Workman et al. (2017) subjected cartilage to a direct vertical impact while 

Thambyah & Broom (2010) subjected cartilage to impact via a pendulum impactor. It could 

also be due to a difference in the thickness of subchondral bone attached to the articular 

cartilage during loading. The peak stress measured for mildly degenerate articular cartilage was 

considerably different due to the impact energy used by Thambyah & Broom (2010) being 

much lower than that used by Workman et al. (2017). 

 

Based upon the presented results in this section for impact loading of articular cartilage, there 

is an apparent lack of research into the dynamic modulus during impact loading, and into 

volumetric changes during impact loading. There is also a lack of overlap in the experimental 

procedures, meaning the results are hard to compare for many dynamic properties. 

Furthermore, none of the above studies focused on the stiffness or damping of articular 

cartilage, which is an area that needs future research. 
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Table 3.3 - Comparison of impact loading protocols and results. Note that NA means that the authors did not investigate. Also, note that 
Thambyah and Broom (2010) specified applied energy rather than impact height. 

 

Study 

 

Loading Protocol 

 

Dimensions of 

Cartilage 

 

Specific 

Experimentation 

 

Impactor 

Mass (kg) 

 

Impact 

height 

(mm) 

 

Coefficient of 

Restitution 

 

Peak Stress 

(MPa) 

 

Dynamic 

Modulus 

(MPa) 

 

Poisson’s 

Ratio 

 

Burgin & 

Aspden, 2008 

 

Drop impact from 

specified height. Results 

from using other 

substrates shown in 

figure 14.  

 

5 mm diameter 

full thickness. 

No bone. 

 

Cartilage in 

isolation 

 

0.1 

 

25 

 

0.636 ± 0.080 

 

15.6 ± 2.9 

 

86 ± 22 

 

NA 

50 0.46 ± 0.14 24.5 ± 3.5 100 ± 32 

80 0.468 ± 0.050 34.2 ± 5.0 118 ± 33 

100 0.405 ± 0.081 40.5 ± 4.6 128 ± 28 

0.5 25 0.411 ± 0.086 51.8 ± 5.0 195 ± 47 

50 0.265 ± 0.075 76.4 ± 9.7 237 ± 51 

9 mm diameter, 

bone included. 

Cartilage attached 

to subchondral 

bone 

0.1 50 NA NA 32.8 ± 9.1 

 

Edelstan et al., 

2010 

 

Drop impact from 

specified height. Human 

cartilage results. Bovine 

cartilage results reported 

in Burgin & Aspden, 

2008. 

 

5 mm diameter, 

bone included. 

 

Femoral Head A  

 

0.5 

 

 

 

25 

 

NA 

 

NA 

 

NA 

 

0.86 ± 0.28 

Femoral Head B 25 0.63 ± 0.19 

Femoral Head A  50 0.95 ± 0.05 

Femoral Head B 50 0.49 ± 0.22 

Femoral Head A  75 0.94 ± 0.02 

Femoral Head B 75 1.03 ± 0.22 

 

Thambyah & 

Broom, 2010 

 

Impact of specified 

energy from indenter 

attached to pendulum. 

Induce to failure.  

 

14 mm x 14 mm 

surface. 6 mm 

bone depth. 

 

Immature healthy 

 

1.6 

 

E = 2.3 J 

 

NA 

 

59.0 ± 8.1 

 

NA 

 

NA 

Mature healthy    65.2 ± 6.6 

Mature mildly 

degenerate 

 

 

E = 1.6 J  44.9 ± 4.4 

 

Workman et 

al., 2017 

 

Drop impact from 

specified height. Induce 

to failure. 

 

15 mm x 15 mm 

surface. 

 

G0 Cartilage 

 

0.619 

 

420 

 

0.55 

 

82.8 

 

NA 

 

NA 

 G1 Cartilage   0.49 79.9 

G2 Cartilage   0.34 71.9 
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 15 mm bone 

depth. 

G3 Cartilage  

 

 

 

0.47 71.0 

Goodwin et 

al., 2021 

Drop impact from 

specified height. 

12 mm x 12 mm 

surface; bone 

attached 

G0 Cartilage 

G0 Cartilage 

G1 Cartilage 

G1 Cartilage 

0.619 160 

250 

160 

250 

0.63 ± 0.06 

0.55 ± 0.11 

0.57 ± 0.07 

0.38 ± 0.08 

19.3 ± 2.4 

25.3 ± 3.9 

14.5 ± 1.8 

20.4 ± 2.4 

NA NA 
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3.5 Research gaps 

 

More research is required on the effect of impact loading on the dynamic properties of articular 

cartilage, and on investigating the effects of cartilage degradation on impact loading, 

particularly focussing on the stiffness and damping properties. More research is also required 

on the efficacy of different mathematical models to represent impact on cartilage.  The research 

following this literature review will therefore aim to better understand these properties of 

healthy and mildly degenerate cartilage under impact loading, and aim to determine 

qualitatively how effective a linear Kelvin-Voigt model can represent this loading and whether 

further complexity is required. 
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Chapter 4: Objectives and Specific Aims 

 

The prior experimentation on cartilage discussed in Chapter 3 focussed mainly on the stiffness 

and the stress of the cartilage, as well as largely on dynamic frequency dependent loading. Most 

impact testing was done using similar methodology to that used by Workman et al. (2017) and 

Goodwin et al. (2021), which was used in the experiments in the present research. Furthermore, 

little blunt impact experimentation has been conducted on degenerative cartilage outside of the 

aforementioned studies, and none looked at the effect of degeneration on the damping 

properties of cartilage. As a result, the objective of this research project is to conduct blunt 

impact experiments on cartilage and obtain stiffness and damping characteristics so that the 

effect of tissue degeneration can be analysed.  

 

Specific aims include: 

 

1. To explore theoretically how a Kelvin-Voigt model may be applied to study a material 

response to impact loading. 

2. To conduct actual impact loading experiments on articular cartilageon-bone, 

aluminium, and polyethylene rubber and compare with the theoretical approach. 

3. To gain insight into the damping and stiffness properties of healthy bovine articular 

cartilage using blunt impact testing and the influence of tissue degradation. 
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Chapter 5: Materials and Methods 

 

The impact experiment was designed to infer the material properties via a surrogate method of 

measuring the force and acceleration subjected to the impacting system itself. This was because 

of the degree of difficulty in measuring force and acceleration of impact on cartilage directly. 

Experimental data was obtained from blunt impact using an accelerometer (PCB 

Piezoelectronics Inc, Depew, NY, USA) and a washer load cell (Kistler 9021A, Kistler Holding 

AG). This was sampled using a Quattro dynamic signal analyser (Data Physics, W5 

Engineering), and recorded on a computer.  

 

A spring-damper system was chosen to represent the materials (cartilage, aluminium, and 

polyethylene rubber) during blunt impact, corresponding to the Kelvin-Voigt model (shown in 

equation 3.1). The material properties inferred from the experiments via this model were used 

to determine an estimation of the force response from the force solution to the Kelvin-Voigt 

impact model and from a mechanical engineering simulation package called MSC ADAMS 

(MSC Software, Irvine, CA, USA). These were compared with the measured data. Figure 5.1 

shows the process of how the data and the comparative methods were found. 

 

 

Figure 5.1 - Flow chart showing the process of obtaining results. The measured force was 
compared with the force response from insertion into the Kelvin-Voigt model solution and with 
the force response from insertion of mechanical responses into the MSC ADAMS model. 
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5.1 Theoretical Approach 

 

Derivation of Equations 

 

Articular cartilage was assumed to be represented by a Kelvin-Voigt model, where the solid 

matrix of the cartilage was assumed to be a linear spring, and the fluid phase was assumed to 

be a linear damper.  

 

For a blunt impact, the force applied to the cartilage was dependent on the indenter mass and 

acceleration, or 𝐹 = 𝑚�̈�, and the material response for a linear Kelvin-Voigt model is 𝐹 =

𝑐�̇� + 𝑘𝑥. According to Newton’s second law, these are equal and opposite, shown in equation 

5.1. In the following equations, c represents damping and k represents stiffness; these and all 

other terms are defined in the glossary on page v. 

  

𝑚�̈� =  −(𝑐�̇� + 𝑘𝑥)                                                                                                (5.1) 

 

This was rearranged to become equation 5.2. 

  

               𝑚�̈� + 𝑐�̇� + 𝑘𝑥 = 0                                                                                                (5.2)                                                                   

 

During the indentation, there is a forcing term 𝑚𝑔 from the mass of the indenter and 

gravitational acceleration. Equation 5.2 is a simplification which removes this forcing term. 

This means that the overall equation for Kelvin-Voigt impact is: 

 

𝑚�̈� + 𝑐�̇� + 𝑘𝑥 = 𝑚𝑔                                                                                            (5.3)                                                                                            

 

Equation 5.3 was formulated in terms of the damping ratio 휁 and the natural frequency 𝜔𝑛    

of the material, such that: 

 

�̈� +  2휁𝜔𝑛�̇� +  𝜔𝑛
2𝑥 = 𝑔                                                                                        (5.4)                                                                    

 

For the complementary solution, by substitution of 𝑥 = 𝑋𝑒𝜆𝑡, and hence �̇� = 𝑋𝜆𝑒𝜆𝑡 and �̈� =

𝑋𝜆2𝑒𝜆𝑡 into equation 5.2, the characteristic equation was found: 
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𝜆2 + 2휁𝜔𝑛𝜆 + 𝜔𝑛
2 = 0                                                                                          (5.5)                                                                                      

 

The solution to equation 5.5 was the following: 

 

𝜆1,2 =  −휁𝜔𝑛 ±  𝜔𝑛√휁2 − 1                                                                                 (5.6)                                                                             

 

The complimentary solution, therefore, was the following: 

 

𝑥𝑐(𝑡) = 𝐶1𝑒(− 𝜔𝑛+𝜔𝑛√ 2−1)𝑡 +  𝐶2𝑒(− 𝜔𝑛−𝜔𝑛√ 2−1)𝑡
                                         (5.7)                                      

 

This was rearranged to equation 5.8, where 𝐶 and 𝜓 are constants and depended on the initial 

conditions. 

 

𝑥𝑐(𝑡) = 𝐶𝑒− 𝜔𝑛𝑡 sin(𝜔𝑑𝑡 +  𝜓)                                                                          (5.8)                                                                        

 

In equation 5.8, 𝜔𝑑 =  𝜔𝑛√1 − 휁2. 

 

For the particular solution, a guess was made of 𝑥𝑝(𝑡) = 𝑏0. The initial conditions were 

�̇�𝑝(𝑡) = 0 and �̈�𝑝(𝑡) = 0. Substituting into the equation 5.4, 𝑏0𝜔𝑛
2 = 𝑔. Therefore, the 

particular solution was 𝑏0 =
𝑔

 𝜔𝑛
2. The overall solution for displacement was the summation of 

the complementary solution and particular solution, equation 5.9. 

 

𝑥(𝑡) = 𝐶𝑒− 𝜔𝑛𝑡 sin(𝜔𝑑𝑡 +  𝜓) +
𝑔

𝜔𝑛
2                                                                     (5.9)                                                       

 

Using equation 5.9, the logarithmic decrement was found by taking the natural logarithm of 

the ratio of displacement peaks n cycles apart (i.e., the first and second displacements, which 

are 0.5 cycles apart in an impact problem), where Td is the damped period. From this, the 

damping of cartilage was calculated. It was assumed that 
𝑔

𝜔𝑛
2 is << 𝐶𝑒− 𝜔𝑛𝑡sin (𝜔𝑑𝑡 +  𝜓). The 

resulting ratio is in equation 5.10, and the decrement is in equations 5.12 and 5.13. In these 

equations, 𝑡𝑖 and 𝑡𝑖+𝑛 were the starting time and a time n cycles after, and 𝛿 was the logarithmic 
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decrement. Equation 5.11 showed the damped natural frequency. It should be noted that 

equation 5.10 was the same for displacement as it would be for velocity, acceleration, and force 

once it has been simplified to its final form. 

 

𝑥𝑖

𝑥𝑖+𝑛
=

𝑒−𝜁𝜔𝑛𝑡𝑖

𝑒−𝜁𝜔𝑛𝑡𝑖+𝑛 
=

𝑒−𝜁𝜔𝑛𝑡𝑖

𝑒−𝜁𝜔𝑛(𝑡𝑖+ 𝑛𝑇𝑑) =  𝑒 𝜔𝑛𝑛𝑇𝑑                                                        (5.10)                                                  

 

𝜔𝑑 =
2𝜋

𝑇𝑑
                                                                                                                (5.11)                                                                                                                  

 

𝛿 =
1

n
ln (

𝑥𝑖

𝑥𝑖+𝑛
) =

1

𝑛
휁𝜔𝑛𝑛𝑇𝑑 =

2𝜋 𝜔𝑛

𝜔𝑑
                                                                  (5.12)                                                             

 

𝛿 =
2𝜋

√1− 2
                                                                                                             (5.13)                                                                                  

 

Equation 5.13 was rearranged to calculate the damping ratio from the experimentally measured 

logarithmic decrement (equation 5.14). 

 

휁 =
𝛿

√𝛿2+(2𝜋)2
                                                                                                       (5.14)                                                                         

 

By definition, 휁 =
𝑐

2√𝑘𝑚
, therefore k was found by rearranging this to form equation 5.15. 

 

𝑘 =
𝑐2

4 2𝑚
                                                                                                              (5.15)                                                                              

 

Given the assumption of cartilage damping being underdamped (Argatov, 2013), from the 

solution to equation 5.2, (which is equation 5.16), the damped natural frequency became 

equation 5.17. 

 

𝜆1,2 =  −𝑐 ±
√𝑐2−4𝑚𝑘

2𝑚
                                                                                          (5.16)                                                                             

 

𝜔𝑑 =
√4𝑚𝑘−𝑐2

2𝑚
                                                                                                      (5.17)                                                                               
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Equation 5.17 was rearranged to form equation 5.18, to find the stiffness coefficient. 

 

𝑘 = 𝑚𝜔𝑑
2 +

𝑐2

4𝑚
                                                                                                    (5.18)                                                                               

 

Equating 5.15 and 5.18, the damping coefficient was found as equation 5.19. 

 

𝑐 =
2𝑚 𝜔𝑑

√1− 2
                                                                                                            (5.19)                                                                               

 

The stiffness and camping coefficient calculated using the logarithmic decrement method were 

used to predict the internal force (stiffness and damping) response of the cartilage to impact.  

 

Equation 5.11 was written in the form of equation 5.20, where 𝛽 =
𝑐

2𝑚
. 

 

𝑥(𝑡) = 𝑒−𝛽𝑡(𝐴 cos 𝜔𝑑𝑡 + 𝐵 sin 𝜔𝑑𝑡) +
𝑚𝑔

𝑘
                                                        (5.20)                                                                 

                                                                                                                                                                                       

The initial conditions for the impact problem shown in figure 5.11 were 𝑥(0) = 0, which 

represents that the location of impact is where displacement is zero, and �̇�(0) = 𝑣0, which 

indicated that the impactor has velocity upon impact. Substituting 𝑥(0) = 0 into 𝑥(𝑡) gives 

equation 5.21.        

 

𝐴 =  −
𝑚𝑔

𝑘
                                                                                                            (5.21)                                                                                                          

 

Substituting �̇�(0) = 𝑣0 into �̇�(𝑡) gives the solution for B. 

 

𝐵 =
𝑣0

𝜔𝑑
−

𝑚𝑔

𝑘𝜔𝑑
𝛽                                                                                                    (5.22)                                                                                             

 

Hence, the particular solutions for displacement, velocity, and acceleration were equations 

5.23, 5.24, and 5.25, respectively. 

 

𝑥(𝑡) =
𝑔

𝜔𝑛
2 (1 − 𝑒−𝛽𝑡 cos 𝜔𝑑𝑡) +

1

𝜔𝑑
(𝑣0 −

𝑔𝛽

𝜔𝑛
2) 𝑒−𝛽𝑡 sin 𝜔𝑑𝑡                             (5.23)                        
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�̇�(𝑡) = 𝑣0𝑒−𝛽𝑡 cos 𝜔𝑑𝑡 +
𝑔−𝛽𝑣0

𝜔𝑑
𝑒−𝛽𝑡 sin 𝜔𝑑𝑡                                                    (5.24)                                         

 

�̈�(𝑡) = (𝑔 − 2𝑣0𝛽)𝑒−𝛽𝑡 cos 𝜔𝑑𝑡 +
1

𝜔𝑑
(𝑣0𝛽2 − 𝛽𝑔 − 𝑣0𝜔𝑑

2)𝑒−𝛽𝑡 sin 𝜔𝑑𝑡       (5.25)          

 

In these equations, 𝜔𝑛 =  √
𝑘

𝑚
. The internal force of the cartilage, by substituting equations 5.23 

and 5.24 into equation 𝐹 = 𝑐�̇� + 𝑘𝑥, is therefore: 

 

𝐹 = 𝑐𝑣0𝑒−𝛽𝑡 cos 𝜔𝑑𝑡 +
𝑐(𝑔−𝛽𝑣0)

𝜔𝑑
𝑒−𝛽𝑡 sin 𝜔𝑑𝑡 +  

𝑘𝑔

𝜔𝑛
2 (1 − 𝑒−𝛽𝑡 cos 𝜔𝑑𝑡) +

𝑘

𝜔𝑑
(𝑣0 −

𝑔𝛽

𝜔𝑛
2) 𝑒−𝛽𝑡 sin 𝜔𝑑𝑡                                                                                                                 (5.26)                                                                                                          

 

The effective bulk modulus of cartilage was calculated from the stiffness coefficient during the 

impact, the cartilage thickness, and dividing by the nominal impact area, as shown in equation 

5.27. The effective loss modulus was calculated from the damping coefficient, multiplied by 

the calculated natural frequency and the thickness of the cartilage, and divided by the nominal 

impact area, shown in equation 5.28. 

 

𝐸𝑏𝑢𝑙𝑘 =
𝑘𝐿

𝐴
                                                                                                            (5.27)                                                                                               

 

𝐸𝑙𝑜𝑠𝑠 =
𝑐𝜔𝑛𝐿

𝐴
                                                                                                         (5.28)                                                                                     

 

The procedure for calculating the mechanical response of polyethylene rubber had a further 

step due to the response of the underlying aluminium which needed to be considered. A Kelvin-

Boltzmann standard material model with a spring-damper unit representing the polyethylene 

rubber and a sequential spring representing the aluminium was therefore used, shown in figure 

3.1. The damping of the aluminium was assumed to be negligible in this combination due to it 

being an elastic material, so the damping coefficient from the combination was assumed to be 

that of the polyethylene rubber. The stiffness coefficient of the polyethylene rubber on 

aluminium was found using equation 5.18; then equation 5.30 was used to determine the 

stiffness of the polyethylene rubber with the influence of the aluminium removed. This was 

based upon the principle that the stiffness of two springs in series is represented by equation 
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5.29, where the measured stiffness coefficient from the experiments was applied as the overall 

stiffness coefficient, and k1 and k2 are the stiffness coefficients of the polyethylene and 

aluminium respectively. Rearranging for k1 gives equation 5.30, the stiffness coefficient of the 

polyethylene. 

 

1

𝑘𝑜𝑣𝑒𝑟𝑎𝑙𝑙
=

1

𝑘1
+

1

𝑘2
                                                                                                  (5.29) 

 

𝑘1 =
𝑘2𝑘𝑜𝑣𝑒𝑟𝑎𝑙𝑙

𝑘2−𝑘𝑜𝑣𝑒𝑟𝑎𝑙𝑙
                                                                                                    (5.30)                                                                                             

 

 

On Simulation 

 

MSC ADAMS, a mechanical simulation package, was used as a validation tool for the efficacy 

of the Kelvin-Voigt model to describe blunt impact on cartilage. The calculated stiffness and 

damping coefficients from the experiments were used to simulate the force response to impact. 

Due to the spring-damper model being used for all materials to calculate the internal stiffness 

and damping forces, each model followed the spring-damper format.  

 

For aluminium and cartilage-on-bone, the model consisted of a spring-damper with relevant 

stiffness and damping coefficients as determined from the experiments, with a mass (of 0.619 

kg) attached on top. This mass had initial velocity based upon that estimated for each impact 

height and an initial displacement of 0 metres for each impacted material. This model was 

specifically for the first impact; a visual representation is shown in figure 5.2. 

 

For experiments on polyethylene rubber, the MSC ADAMS model was adapted such that it 

became a mass attached to a spring-damper (representing the polyethylene) and a spring 

(representing the aluminium) in series. This was done to remove the effect that the underlying 

aluminium had on the polyethylene material response to impact.  
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5.2 Experimental Approach 

 

5.2.1 Mechanical Equipment 

 

The experimental equipment has been set up similarly to the approach described in Workman 

et al. (2017) and is shown in figure 5.3. A cylindrical indenter was attached to ultra-low friction 

guiding rods of Teflon using a weighted object with holes in each side to connect with guiding 

rods for uniaxial freefall. This was held at a predetermined height using a clip attached to a 

hook which fits over the back of the indenter. It was released by pulling a string which lifted 

the hook away from the indenter back. There was a bottom plate, where the steel sample holder 

containing a cartilage sample was secured using three strong magnets, ensuring that the 

experiment was purely uniaxial assuming a completely horizontal and flat cartilage surface. 

Rectangular aluminium and polyethylene-on-aluminium samples were secured to the bottom 

plate with the strong magnets only. 

Figure 5.2 - The model used for the impact on aluminium and cartilage, which is a mass with 
initial downward velocity attached to a spring-damper. The bottom of the spring-damper is 
attached to the ground, represented by the green arrow and lines.  
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Figure 5.3 - Mechanical equipment setup, including a cartilage sample secured using dental 
cement and strong magnets 

 

5.2.2 Instrumentation 

 

A washer load cell was attached to the impactor just above the cylindrical indenter (shown in 

figure 5.3); its mass was included in the overall indenter mass. This measured the force that the 

cartilage exerted on the indenter during impact. It was connected to a charge amplifier (Kistler 

5015, Kistler Holding AG) by a cable which was inserted through a gap in the back of the 

impactor rig, due to its output charge needing to be converted into a voltage. The charge 

amplifier was then connected to a Quattro dynamic signal analyser, which was connected to a 

computer which logged all the data in a program called SignalCalc ACE. An accelerometer 

was attached horizontally just above the indenter on a flat surface behind the weighting object 

and was connected directly to the Quattro signal analyser. Each experiment was started by an 
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electrical pulse emitted from an impact hammer (PCB Piezotronics Inc, Depew, NY, USA) 

acting as a trigger prior to the string attached to the hook holding the impactor in place being 

pulled. The indenter was released into freefall for impact with the materials and allowed to 

bounce until rest. A sampling frequency of 6.4 kHz was used for the recordings, which gave 

approximately 10 data points over the duration of an impact on cartilage (less for aluminium 

and polyethylene), and covered approximately 1.6 seconds, which allowed for the entire 

experiment from indenter release until indenter rest to be recorded. This was a compromise 

between the Quattro system constraints and the peak frequency that the accelerometer could 

measure at (10 kHz). This system is shown in figure 5.4. 

 

 

Figure 5.4 - Flow chart of the experimental setup. The cartilage was fixed in plaster within the 
sample holder. An impact hammer (not shown) was connected to the Dynamic Signal Analyser, 
and was used to trigger the experiment.  
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5.2.3 Material and Sample Preparation 

 

Aluminium and Polyethylene Rubber 

 

Two standard materials were experimented on using the impacting system so that the approach 

could be validated. These were aluminium and polyethylene rubber. These experiments were 

carried out prior to experiments on cartilage. How well the measured force and acceleration 

aligned was evaluated for both materials, according to Newton’s Second Law (𝐹 = 𝑚𝑎). 

During this comparison, the force data was used as a reference, and the expected acceleration 

calculated using Newton’s Second Law was compared with the measured acceleration. This 

was evaluated for impact heights of up to 5 cm for aluminium, and up to 14 cm for 

polyethylene, as the accelerometer had a maximum measurement of 5000 m/s2. 

 

Aluminium was cut into blocks 15 mm by 15 mm, with 19.5 mm thickness, then secured on 

the steel bottom plate of the impactor rig by the strong magnets otherwise used to secure the 

sample holders when testing on cartilage. Polyethylene rubber was cut into 15 mm by 15 mm 

squares (each had 1.5 mm thickness), then glued to a block of aluminium using Loctite, which 

was left to cure for a minimum of 24 hours, following which the experimental procedure was 

the same as for aluminium itself. The mechanical response of these materials was compared 

with those recorded in the literature. 

 

Articular Cartilage 

 

Bovine patellae, both healthy and mildly degenerate (shown in figure 5.5), as determined 

previously by staining with India Ink and based on the Outerbridge Scale, were defrosted for 

20 minutes using cold running water. A cartilage-on-bone core is obtained from each patella 

from the distal lateral quadrant using a hacksaw, a section of which is shown in figure 5.6. Each 

core is a 15 mm by 15 mm square segment with approximately 15 mm of subchondral bone 

attached, with the cartilage typically having a 1 mm to 2 mm thickness. This section was 

selected due to its flatness, making it ideal for mechanical testing, and because previous studies 

have shown that cartilage degradation tends to begin there (Workman et al., 2017). 
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Figure 5.6 - Schematic outline of bovine knee patella. The black outline is the entire patella, 
and the blue outline within it covers the cartilage area. The sampling region is indicated by the 
blue square in the distal-lateral quadrant. A cartilage-on-bone sample is shown top right. 
 

Each cartilage-on-bone core was secured in a steel sample holder using dental cement and was 

pressed into place gently using the indenter surface such that there was a flat cartilage surface 

for impact. An example is shown in figure 5.7. This was left to set for 20 minutes prior to 

experimentation to ensure that the dental cement had fully set. Before and during this stage, 

Figure 5.5 - Cow patellae showing healthy cartilage (left) and mildly degenerate cartilage 
(right) 
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each sample was covered in tissue paper and supplied with 0.15 Molar saline to keep it hydrated 

at physiological conditions. Cartilage thickness was measured afterward with a ruler with 0.5 

mm resolution at all four corners, and the average was taken. 

 

 

 

Figure 5.7 - Cartilage-on-bone sample set in dental cement in a steel sample holder 

 

Assessing Cartilage Material Quality (Gross) 

 

Bovine patellae were assigned to either healthy or mildly degenerate sample sets prior to 

freezing; however, this did not guarantee the correct classification of a sample. When 

determining which grade each sample was, two factors were analysed; the surface quality and 

how much swelling the tissue was subjected to when kept hydrated in a wet paper towel after 

slicing. Healthy cartilage had a smooth surface, possibly with some slight perturbations, and 

minimal swelling, while mildly degenerate cartilage usually had a rough surface and some 

swelling to severe swelling. Both categories were assessed on a scale of 0 to 2 prior to impact, 

and a combination of these two factors was used to classify cartilage as either healthy or mildly 

degenerate. A score of 0 or 1 was classified as healthy and a score of 2 to 4 was classified as 

mildly degenerate. Figure 5.8 shows the surface quality scale from 0 to 2 (left to right), while 

figure 5.9 shows the swelling scale from 0 to 2 (left to right). 
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Figure 5.8 - Slices depicting tissues with a surface quality score of "0" (left), "1" (centre), and 
“2” (right). “0” shows a pristine, consistent colouration and a smooth surface, “1” shows some 
surface disruption, and “2” shows considerable surface disruption. 

 

 

 

Figure 5.9 - Slices depicting tissues with a swelling score of "0" (left), "1" (centre), and “2” 
(right). “0” shows no evidence of swelling, “1” shows slight swelling, and “2” shows 
considerable swelling. 
 

 

Bull Patellae as a Control 

 

Bulls are slaughtered at a much younger age than cows (approximately 2 years old), and 

therefore have much more pristine cartilage. Cows are slaughtered at approximately 8 years 

old, and cartilage from their patella may seem healthy but at the micro and sub-micro scales 

can show some degeneration due to the age of the animal (Thambyah & Broom, 2007). Some 

experiments were therefore conducted on bull patellae as a means of comparison. 
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5.2.4 Data Processing 

 

The raw data was recorded on the computer in SignalCalc ACE using the Quattro dynamic 

signal analyser. The relevant data was exported directly to text files corresponding to the time 

history (i.e., force and acceleration over time). The results from experiments on aluminium and 

polyethylene rubber were compared with previous results in the literature. The results from 

healthy cartilage and mildly degenerate cartilage were compared with each other for all 

calculated responses. 

 

Determination of Peak Forces and Impact Time 

 

The maximum force exerted by the cartilage on the indenter for the first two impacts is 

determined following cubic spline interpolation in a MATLAB (MathWorks, Natick, MA, 

USA) script file, such that the result is equivalent to a sampling frequency of 100 kHz. This is 

demonstrated in figures 5.10 to 5.12 and was also followed to find the peak force during the 

second impact (following the impactor bouncing on the tested material). 

 

 

Figure 5.10 - A typical force profile during the impact of the indenter on cartilage-on-bone.  
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Figure 5.11 - A typical interpolated force profile during the impact of the indenter on cartilage-
on-bone, with the impact time indicated.  

 

 

Figure 5.12 - Force versus time for impact on cartilage-on-bone. In theory, the logarithm of 
the ratio of peak 1 to peak 2 was the same as the logarithm of the ratio of peak 2 to peak 3, 
and so on.  



66 
 

There was a considerable amount of post-impact noise in the acceleration data. A Fast Fourier 

Transform indicated that this noise was largely above a frequency of 2300 Hz for aluminium and 

polyethylene rubber and above a frequency of 1400 Hz for cartilage. Therefore, a low pass filter of 2300 

Hz for aluminium and polyethylene rubber and 1400 Hz for cartilage was applied in MATLAB and 

passed over the entire dataset, which resulted in much cleaner data. The force data was much cleaner 

than acceleration data due to the load cell being designed to overcome inertial effects during high 

frequency loading. The acceleration data was used to confirm that the mechanical response calculated 

from the force data was correct. It was also intended to be used to calculate velocity and displacement 

of the indenter, but due to low resolution and inaccuracy from inertial effects this was not possible. 

 

Statistical Analysis 

 

Statistical analysis was performed on the results included in all tables in the appendix. The 

average and standard deviation were calculated for each separate dataset for all mechanical 

properties investigated. MATLAB was used to perform One-Way ANOVA on the results to 

compare the means of different sample groups for the different cartilage classifications. A p-

value of < 0.05 indicated a significant difference in the results. 
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Chapter 6: Results  

 

The tissues experimented on have been placed into groups for ease of reporting. Mature cow 

cartilage was separated into Groups 1 and 2 for healthy and mildly degenerate cartilage 

respectively, as is detailed in table 6.1. Significant differences in measured and calculated 

material response were denoted with an asterisk. Young adult bull cartilage was designated as 

Group 3 and is further explained in table 6.2. All samples tested were cartilage-on-bone slices, 

and the presented results are for the material response to sudden impact loading.  

 

 

Table 6.1 - Categorisation of cow cartilage by qualitative tissue quality. Tissue measurements 
and mechanical responses are included. The error included is the standard deviation. 
Significant differences are denoted with an asterisk. 

Grouping Score Number 

of 

samples 

Thickness 

(mm)* 

Nominal 

Peak 

Stress 

(MPa)* 

Damping 

Ratio (%) 

Stiffness 

Coefficient 

(MN/m)* 

Bulk 

Modulus 

(MPa)* 

Effective 

Loss 

Modulus 

(MPa)* 

Group 1 

 

0-1 21 1.49 ± 

0.26 

23.3 ± 

1.9 

28.3 ± 10.2 3.60 ± 

0.54 

67.1 ± 

10.5 

37.8 ± 

14.3 

Group 2 

 

2-4 38 1.84 ± 

0.34 

21.5 ± 

2.2 

34.6 ± 12.6 3.26 ± 

0.58 

74.6 ± 

12.4 

53.7 ± 

26.5 

Tissue Source – Mature Bovine Patella (Female) 

Pristine cartilage; Minimal to no surface roughness or rupture 

Somewhat to completely smooth glistening appearance; minimal to no excessive swelling = 0 - 1 

Some surface roughness or rupture and/or minimal to excessive swelling = 2 - 4 

 

 

Table 6.2 - Categorisation of bull cartilage. Measurements and mechanical responses are 
included. The error included is the standard deviation. Significant differences between Groups 
2 and 3 are denoted with an asterisk; no differences between Groups 1 and 3 were significant. 

Grouping Score Number 

of 

samples 

Thickness 

(mm)* 
Nominal 

Peak 

Stress 

(MPa)* 

Damping 

Ratio (%)* 
Stiffness 

Coefficient 

(MN/m) 

Bulk 

Modulus 

(MPa)* 

Effective 

Loss 

Modulus 

(MPa)* 

Group 3 

 

0-1 6 1.45 ± 

0.08 

23.2 ± 

3.0 

26.2 ± 8.2 3.36 ± 

0.67 

62.4 ± 

14.3 

33.1 ± 

13.0 

Tissue Source – Young Adult Patella (Male) 

Pristine cartilage; Minimal to no surface roughness or rupture 

Somewhat to completely smooth glistening appearance; minimal to no excessive swelling 
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6.1 Healthy versus Mildly Degenerate Cartilage Material Response 

 

The average nominal peak stress calculated during impact for healthy cow cartilage (Group 1) 

was 23.3 MPa (S.D. 1.9 MPa), compared with 21.5 MPa (S.D. 2.2 MPa) for mildly degenerate 

cow cartilage (Group 2). This difference is significant (p = 0.004). The average peak force 

measured for Group 1 was 1830 N (S.D. 151 N), which was significantly (p = 0.004) larger 

than the average peak force for Group 2 of 1691 N (S.D. 176 N).  

 

Peak stress was inversely related to the difference in thickness between Groups 1 and 2, where 

Group 2 has a significantly (p < 0.001) larger average thickness of 1.84 mm (S.D. 0.34 mm) 

than Group 1, which has an average thickness of 1.49 mm (S.D. 0.26 mm). 

 

The average effective damping ratio for Group 1 was 28.3 % (S.D. 10.2%), which was not 

significantly different (p = 0.124) to the average effective damping ratio for Group 2, which 

was 34.6% (S.D. 12.6%). The average effective stiffness coefficient for Group 1 was 3.60 

MN/m (S.D. 0.54 MN/m), compared with 3.26 MN/m (S.D. 0.58 MN/m) for Group 2; these 

are significantly different (p = 0.032). The average bulk modulus for Group 1 was 67.1 MPa 

(S.D. 10.5 MPa), which was significantly smaller (p = 0.025) than the average bulk modulus 

for Group 2, which was 74.6 MPa (S.D. 12.4 MPa). 

 

The effective loss modulus for Group 2 was significantly larger (p = 0.015) than that for Group 

1; these were 53.7 MPa (S.D. 26.5 MPa) and 37.8 MPa (S.D. 14.3 MPa), respectively.  

 

 

6.2 Healthy Cow versus Healthy Bull Cartilage Material Response 

 

The average nominal peak stress during impact for healthy bull cartilage (Group 3) was 23.2 

MPa (S.D. 3.0 MPa), which was statistically similar to the peak stress calculated during impact 

on Group 1 (p = 0.922). The average thickness for Group 3 was 1.45 mm (S.D. 0.08 mm), 

which was statistically similar to the thickness of Group 1 (p = 0.754).  

 

The average damping ratio for Group 3 was 26.2 % (S.D. 8.2%), which was statistically similar 

to the average damping ratio for Group 1 (p = 0.656). The stiffness for Group 3 was 3.36 MN/m 
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(S.D. 0.67 MN/m), which was statistically similar to the stiffness for Group 1 (p = 0.396). The 

average bulk modulus for Group 3 was 62.4 MPa (S.D. 14.2 MPa), which was statistically 

similar (p = 0.405) to the average bulk modulus for Group 1. 

 

The effective loss modulus for Group 3 was 33.1 MPa (S.D. 13.0 MPa), which was statistically 

similar (p = 0.491) to the effective loss modulus for Group 1. 

 

 

6.3 Secondary Indicators of Cartilage Material Response 

 

Qualitatively Assigned Tissue Score 

 

The effective damping ratio for the assigned tissue scores were compared to determine any 

correlations; these have been plotted in figure 6.1. 

 

 

Figure 6.1 - Tissues grouped by qualitatively assigned combined score accounting for surface 
quality and tissue swelling.  
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There was a general trend where an increase in the qualitatively assigned tissue score increased 

the calculated damping response. Tissues with a score of “0” have an average damping ratio of 

25.5% (S.D. 8.7%), tissues with a score of “1” 30.8% (S.D. 10.8%), tissues with a score of “2” 

27.5% (S.D. 11.0%), tissues with a score of “3” 32.5% (S.D. 11.5%), and tissues with a score 

of “4” 43.8% (S.D. 9.8%). The damping ratio for tissues assigned “2” was lower than those 

assigned “1”, but all other tissue scores follow the increasing damping ratio trend with 

increasing tissue score. No difference between any groups assigned a tissue score of “0” to “3” 

was significant. In contrast, the differences between the group assigned a tissue score of “4” 

and all other tissue score groups were significant (p < 0.05). 

 

Effect of Cartilage Thickness on Damping Response 

 

There was no apparent relationship between cartilage thickness and damping response, for 

either group 1 (p = 0.430), group 2 (p = 0.481), or the combined (group 1 and group 2) datasets 

(p = 0.249). This was determined using Pearson correlation and is illustrated in figure 6.2 for 

group 1.  

 

 

Figure 6.2 - The variation in damping ratio with regard to cartilage thickness for group 1 
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Effect of Cartilage Thickness on Peak Stress 

 

There was a significant inverse relationship between cartilage thickness and the peak stress 

during impact experiments for group 1 cartilage (p < 0.001), determined using Pearson 

correlation and shown in figure 6.3. There was also an inverse relationship between cartilage 

thickness and peak stress during impact experiments on group 1 cartilage, although this was 

not significant (p = 0.256). For the combined dataset (group 1 and group 2), there was a 

significant inverse relationship between cartilage thickness and peak stress (p < 0.001). 

 

 

Figure 6.3 - The variation in peak stress with regard to cartilage thickness for impact on group 
1 cartilage. There is a clear trend where thicker cartilage results a lesser peak stress. 

 

6.4 Results for Aluminium and Polyethylene Rubber and Comparison with Cartilage 

 

Results for Aluminium 

 

Aluminium has a Young’s Modulus of 70 GPa (Shackelford & Alexander, 2000) and a 

damping ratio of approximately 0.5% (Cremer & Heckl, 1988), calculated by dividing the 
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flexural loss factor quoted by 2. The results for testing on aluminium in the present research 

are shown in table 6.3. It can be seen that the damping ratio for testing on aluminium was much 

larger than expected, although the bulk modulus was somewhat similar to expected, because 

aluminium is a linear elastic material. Table 6.4 shows the brief validation of the acceleration 

data compared with the force data, showing general agreement. 

 

Table 6.3 – Calculated average values for the damping coefficient, stiffness coefficient, 
damping ratio, and Young's Modulus for impact on aluminium at various impact heights. Error 
is the standard deviation. 

Impact 

height 

(m) 

Peak 

Force 

(N) 

Impact 2 

Peak 

Force 

(N) 

 Time of 

Impact 

(ms) 

Damping 

Coefficient 

(N/m) 

Stiffness 

Coefficient 

(x107 N/m) 

Damping 

Ratio (%) 

Bulk 

Modulus 

(GPa) 

0.04 2738 

± 66 

1634 ± 

76 

0.53 ± 

0.005 

1215.5 ± 

103.7 

2.287 ± 

0.045 

16.2 ± 1.4 62.4 ± 1.1 

0.05 3234 

± 46 

1846 ± 

62 

0.50 ± 

0.008 

1388.0 ± 

58.9 

2.524 ± 

0.073 

17.6 ± 1.0 69.6 ± 2.0 

0.075 3733 

± 79 

2172 ± 

152 

0.46 ± 

0.005 

1452.3 ± 

162.9 

2.933 ± 

0.054 

17.0 ± 1.9 71.1 ± 1.3 

 

 

Table 6.4 - Comparison of force and acceleration measurements for small impact heights onto 
aluminium, using measured force as a reference. 

Impact height 

(m) 

Impact Force 

(N) 

Measured 

Acceleration 

(m/s2) 

Expected 

Acceleration 

(m/s2) 

Ratio of 

Measured to 

Expected 

0.04 2673 4267 4318 0.988 

2713 4163 4383 0.950 

0.05 3171 4977 5123 0.972 

3278 4941 5296 0.933 
 

 

Results for Polyethylene Rubber 

 

Polyethylene rubber has a Young’s Modulus of 1.07 GPa to 1.09 GPa (Dielectric 

Manufacturing, 2022) and a damping ratio of 5% to 10% (Anas, et al., 2018). The results for 

impact testing polyethylene rubber on an aluminium block are shown in table 6.5, with the 

adjustment to consider the underlying aluminium shown in table 6.6. It can be seen from table 

6.6 that the damping ratio calculated from the present research is much larger than expected 

from the value reported by Anas et al. (2018), and that the bulk moduli calculated are much 
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less than expected. Table 6.7 shows the brief validation of the acceleration data compared with 

the force data. There is general agreement, although this is less similar to expected than testing 

on aluminium. 

 

Table 6.5 – Mechanical response for polyethylene rubber glued to an aluminium block using 
Loctite.  

Impact 

height 

(m) 

1st 

Impact 

(N) 

2nd 

Impact 

(N) 

Impact Time 

(ms) 

Damping 

Coefficient 

(Ns/m) 

Stiffness 

Coefficient 

(x10^6 

N/m) 

Damping 

Ratio 

(%) 

Bulk 

Modulus 

(MPa) 

0.08 1899 

± 14 

396 ± 

7 

1.04 ± 0.02 1860.8 ± 

20.6 

7.012 ± 

0.250 

44.7 ± 

0.3 

134.0 ± 

4.8 

0.11 2357 

± 155 

444 ± 

47 

0.89 ± 0.03 2336.9 ± 

53.2 

10.002 ± 

0.512 

47.0 ± 

1.5 

191.0 ± 

9.8 

0.14 2805 

± 41 

527 ± 

21 

0.87 ± 0.02 2390.9 ± 

15.7 

10.454 ± 

0.387 

47.0 ± 

0.6 

199.7 ± 

7.4 
 

 

Table 6.6 – Mechanical response for polyethylene rubber with the effect of the underlying 
aluminium removed. 

Impact 

height 

(m) 

Impact 

Force 

(N) 

Impact Time 

(s) 

Damping 

Coefficient 

(Ns/m) 

Stiffness 

Coefficient 

(x106 N/m) 

Damping 

Ratio 

(%) 

Bulk 

Modulus 

(MPa) 

0.08 1899 ± 

14 

1.04 ± 0.02 1860.8 ± 

20.6 

7.194 ± 0.268 44.1 ± 

0.3 

137.4 ± 5.0 

0.11 2357 ± 

155 

0.89 ± 0.03 2336.9 ± 

53.2 

10.365 ± 

0.550 

46.2 ± 

1.5 

198.0 ± 

10.5 

0.14 2805 ± 

41 

0.87 ± 0.02 2390.9 ± 

15.7 

10.851 ± 

0.417 

46.1 ± 

0.6 

207.2 ± 8.0 

 

 

Table 6.7 - Comparison of force and acceleration measurements for small impact heights onto 
polyethylene rubber glued onto an aluminium block, using measured force as a reference. 

Impact height 

(m) 

Impact Force 

(N) 

Measured 

Acceleration 

(m/s2) 

Expected 

Acceleration 

(m/s2) 

Ratio of 

Measured to 

Expected 

0.08 1908 3614 3082 1.173 

 1910 3779 3086 1.225 

 1880 3742 3037 1.232 

0.11 2151 3878 3475 1.116 

 2394 4222 3868 1.092 

 2525 4460 4079 1.093 

0.14 2747 5329 4438 1.201 

 2834 4917 4578 1.074 

 2834 5292 4578 1.116 
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Comparison of Stiffness and Damping with Cartilage 

 

The damping ratio of group 1 cartilage statistically similar to (p = 0.0813) the damping 

response of aluminium (average 17.0%, S.D. 1.9%). The damping ratio of group 1 cartilage 

was smaller than the damping ratio of polyethylene rubber (average 46.0%, S.D. 1.5%), which 

was statistically significant (p = 0.009). These comparisons are shown in figure 6.4. It should 

be noted that the impact energy applied to aluminium (approximately 0.49 J) was less than that 

applied to cartilage and polyethylene rubber (approximately 0.67 J). This was due to the range 

of the accelerometer used not covering the 0.67 J impact on aluminium. 

 

 

Figure 6.4 - Internal damping of group 1 cartilage to impact loading, compared with 
aluminium and polyethylene rubber. Note that the aluminium response is to slightly lower 
impact energy. 
 

The stiffness response, i.e., an indicator of the internal restoring force, of group 1 cartilage was 

significantly (p < 0.001) lesser than the stiffness response for both aluminium and polyethylene 

rubber. The average stiffness coefficient for aluminium was 29.33 MN/m (S.D. 0.55 MN/m), 

and the average stiffness coefficient for polyethylene rubber was 10.45 MN/m (S.D. 0.56 

MN/m). These comparisons are shown in figure 6.5. Again, the impact energy applied to 

aluminium was less than that applied to cartilage and polyethylene rubber. 
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Figure 6.5 - Stiffness coefficient, internal restoring force, of cartilage to impact loading, 
compared with aluminium and polyethylene rubber. Note that the aluminium response is to 
slightly lower impact energy. 

 

6.5 Comparison of Cartilage and Aluminium Results with Kelvin-Voigt Model Output 

 

Cartilage 

 

The stiffness and damping coefficients for experiments on all materials were inserted into 

equation 5.26 to predict the force response over time, the peak force, and the overall impact 

time. The average predicted peak force for impact on group 1 was 2142 N (S.D. 230 N), which 

was significantly larger (p < 0.001) than the average measured force of 1830 N (S.D. 151 N). 

The average predicted impact time was 1.16 ms (S.D. 0.10 ms), which was significantly smaller 

(p < 0.001) than the average measured impact time of 1.38 ms (S.D. 0.11 ms). The average 

predicted peak force for impact on group 2 was 2130 N (S.D. 318 N), which was significantly 

larger (p < 0.001) than the average measured force of 1691 N (S.D. 176 N). Furthermore, this 

was very similar to the predicted force of impact on group 1 (p = 0.890), despite the measured 

forces for groups 1 and 2 being significantly different. The average predicted impact time was 

1.21 ms (S.D. 0.13 ms), which was significantly smaller (p < 0.001) than the average measured 

impact time of 1.50 ms (S.D. 0.13 ms). The average predicted force for group 3 was 2034 N 

(S.D. 227 N), which was statistically similar (p = 0.178) to the average measured force of 1821 
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N (S.D. 238 N). This was also statistically similar to the average predicted force for group 1 (p 

= 0.492). The average predicted impact time for group 3 was 1.21 ms (S.D. 0.14 ms), 

significantly lower than the average measured impact time (p = 0.042). 

 

Figure 6.6 shows the force response and the resultant Kelvin-Voigt model prediction for sample 

6, which has a similar damping ratio to the average for the group 1 dataset (26.1% damping 

ratio). The Kelvin-Voigt model predicted force response to impact does not account for the 

graded beginning or end of the measured force, which is consistent across all data in all groups. 

 

`  

Figure 6.6 - Model reconstruction of the force profile using the solution to the Kelvin-Voigt 
model for force from test 6 (26.1% damping ratio), compared with the interpolation of the 
dataset itself, where crosses represent experimental data points.  

 

Aluminium 

 

The Kelvin-Voigt model predictions for impact on aluminium are shown in table 6.8, comparing the 

peak force and the impact time for all impact heights used. The Kelvin-Voigt model predicted a 

significantly larger peak force and a significantly smaller impact time for all impact heights. 
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Table 6.10 - A comparison of average measured and average Kelvin-Voigt model prediction 
peak force and time of impact for impact on aluminium. The error values are the standard 
deviation.  

Impact 

height 

(m) 

Impact 

Velocity 

(m/s) 

Measured 

Peak Force 

(N)  

KV Model 

Peak Force 

(N) 

p-value 

Force 

Measured 

Time of 

Impact 

(ms) 

KV Model 

Time of 

Impact 

(ms) 

p-

value 

Impact 

Time 

0.04 0.90 2738 ± 66 3264 ± 30 <0.001 0.53 ± 

0.01 

0.47 ± 

0.01 

<0.001 

0.05 0.99 3234 ± 46 3799 ± 47 <0.001 0.50 ± 

0.01 

0.45 ± 

0.00 

<0.001 

0.075 1.12 3733 ± 79 4094 ± 40 0.005 0.46 ± 

0.01 

0.42 ± 

0.00 

<0.001 

 

 

6.6 ADAMS Simulation Results 

 

Cartilage 

 

For simulations evaluated in MSC ADAMS for group 1, the average peak force was 1751 N 

(S.D. 191 N), which was statistically similar to the average measured force (p = 0.157). It was 

significantly smaller than the average peak force predicted by the Kelvin-Voigt model (p < 

0.001). The average simulated impact time was 1.12 ms (S.D. 0.11 ms), which was significantly 

smaller than the average measured impact time (p < 0.001) but was statistically similar to the 

average predicted time from the Kelvin-Voigt model (p = 0.303).  

 

For simulations on group 2 data, the average peak force was 1753 N (S.D. 293 N), which was 

statistically similar to the average measured force (p = 0.276). This was significantly smaller 

than the average peak force predicted by the Kelvin-Voigt model (p < 0.001) and was 

statistically similar to the average simulated force for group 1 (p = 0.985). The average 

simulated impact time was 1.17 ms (S.D. 0.15 ms), which was significantly smaller than the 

average measured impact time (p < 0.001) but was statistically similar to the average predicted 

time from the Kelvin-Voigt model (p = 0.211). 

 

For simulations on group 3 data, the average peak force was 1656 N (S.D. 156 N), which was 

statistically similar to the average measured force (p = 0.224). This was significantly smaller 

than the average peak force predicted by the Kelvin-Voigt model (p = 0.012) and was 
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statistically similar to the average simulated force for group 1 (p = 0.294). The average 

simulated impact time was 1.20 ms (S.D. 0.15 ms), which was significantly smaller than the 

average measured impact time (p = 0.035) but was statistically similar to the average predicted 

time from the Kelvin-Voigt model (p = 0.889). 

 

An example comparison is shown in figure 6.7 for sample 6 (damping ratio 26.1%). It can be 

observed that there is an offset between the respective peak forces and that the simulated force 

profile does not account for the graded beginning measured. It can also be observed that the 

simulation force profile has a lesser peak force than the Kelvin-Voigt model force profile but 

is otherwise similar. This is consistent across all groups. 

 

 

Figure 6.7 - Force of cartilage impact simulated using the material properties calculated from 
sample 6 data (26.1% damping ratio, approximately the average healthy sample) compared 
with the interpolated experimental data and the Kelvin-Voigt model prediction. The peak 
forces and impact times are different, although the simulation and Kelvin-Voigt model impact 
times are similar. 
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Aluminium 

 

For simulations evaluated in MSC ADAMS for aluminium, the average peak forces and impact 

times are compared with the experimental data in table 6.10. The modelled peak forces were 

similar to the measured data for all impact heights. The impact times are significantly shorter 

than the measured data for all impact times. The force profile comparisons were similar to that 

shown in figure 6.7 for cartilage impact, the main difference being a greater similarity in peak 

force with the measured data. The simulated peak forces are all significantly smaller than the 

Kelvin-Voigt model predictions (p < 0.05 for all impact heights), and the simulated impact 

times are all similar to the Kelvin-Voigt model predictions (p > 0.05 for all impact heights). 

 

Table 6.10 - A comparison of average measured and average simulated peak force and time 
of impact for impact on aluminium. The error values are the standard deviation.  

Impact 

height 

(m) 

Impact 

Velocity 

(m/s) 

Measured 

Peak Force 

(N)  

Simulated 

Peak Force 

(N) 

p-

value 

Force 

Measured 

Time of 

Impact 

(ms) 

Simulated 

Time of 

Impact 

(ms) 

p-

value 

Impact 

Time 

0.04 0.90 2738 ± 66 2782 ± 30 0.443 0.53 ± 

0.01 

0.48 ± 

0.01 

0.001 

0.05 0.99 3234 ± 46 3206 ± 63 0.632 0.50 ± 

0.01 

0.45 ± 

0.00 

0.001 

0.075 1.12 3733 ± 79 3919 ± 58 0.055 0.46 ± 

0.01 

0.41 ± 

0.01 

<0.001 

 

 

Polyethylene Rubber 

 

For simulations evaluated in MSC ADAMS for aluminium, the average peak forces and impact 

times are compared with the experimental data in table 6.11. The modelled peak forces and 

impact times for the simulations were significantly larger than the measured data for all impact 

heights. An example force profile is shown in figure 6.8 for an impact height of 11 cm. There 

is a larger difference in the peak force and the impact time, and the loading curve is much 

steeper than the unloading curve. 
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Table 6.11 – A comparison of measured and simulated peak force and time of impact on 
polyethylene rubber. The simulated forces are larger than the measured forces, and the 
simulated impact times are smaller than the measured impact times. 

Impact 

height 

(m) 

Impact 

Velocity 

(m/s) 

Measured 

Peak 

Force (N) 

Simulated 

Peak Force 

(N) 

p-

value 

Force 

Measured 

Time of 

Impact 

(ms) 

Simulated 

Time of 

Impact 

(ms) 

p-

value  

Impact 

Time 

0.08 1.20 1899 ± 14 2273 ± 30 <0.001 1.04 ± 

0.02 

0.74 ± 

0.01 

<0.001 

0.11 1.40 2357 ± 155 3279 ± 61 0.001 0.89 ± 

0.03 

0.62 ± 

0.01 

<0.001 

0.14 1.70 2805 ± 41 4063 ± 41 <0.001 0.87 ± 

0.02 

0.61 ± 

0.01 

<0.001 

 

 

 

Figure 6.8 - Force of polyethylene rubber impact simulated using the MSC ADAMS model 
plotted in comparison with experimental results for an impact height of 0.11 m. The simulated 
peak force is significantly larger, and the impact time is significantly shorter. Furthermore, the 
simulated force profile is uneven compared to the measured force profile. 
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Chapter 7: Discussion 

 

Impact experiments were conducted on healthy cartilage-on-bone and mildly degenerate 

cartilage-on-bone from mature cows (with cartilage-on-bone from young adult bulls as a 

control), and the tissue responses were analysed. One of the purposes of this study was to 

explore the feasibility of using a Kelvin-Voigt model to gain insight into the impact material 

response of articular cartilage. By comparing a purely theoretical and numerical approach with 

data obtained from experiments, it was found that there were significant deviations in the 

results from the two approaches. Another purpose was to compare the healthy versus mildly 

degenerate cartilage response to impact loading, where it was found that the latter state 

corresponded to a significant reduction in the impact stress. This stress was inversely 

proportional to the thickness of the tissue but did not have a significant relationship with the 

calculated damping ratio. This implies that the solid phase and its elastic stiffness were much 

more important to the impact response than the fluid phase. 

 

The stiffness and damping coefficients presented in the results chapter (Chapter 6), and in more 

detail in appendices A to C, represented cartilage material properties under impact loading. For 

an ideal experiment, the cartilage would be impacted, and the subsequent vibration measured, 

especially regarding the vibration rate of decay. Since this is very difficult to obtain when 

testing soft tissues, the kinematics of the indenter were measured as a “surrogate” to the 

material response of the impacted tissue. Thus, the assumption was that any vibrational 

response of the cartilage following impact was positively correlated to the indenter rebound. 

Another assumption was made that the stiffness and damping of the subchondral bone were 

not different between samples, such that the cartilage response as a function of tissue health 

could be extracted. Such an assumption is reasonable given the soft-hard tissue differential 

between the cartilage and underlying bone. However, it should be noted that the underlying 

bone does have a deformation response in impact loading, as found previously (Malekipour, et 

al., 2013); (Shaktivesh, et al., 2019); (Malekipour, et al., 2020), and further studies should be 

conducted to include the bone response. For the scope of the present study, assuming that the 

relative deformation in the bone was minimal and was not significantly different between 

healthy and mildly degenerate samples, it was reasonable for comparisons to be made on the 

cartilage tissue responses. Importantly, significant differences in microstructure were found to 

exist between healthy and mildly degenerate bovine tissue. This has been shown in many 



82 
 

microanatomical studies carried out from the present laboratory (Broom, et al., 2001); 

(Thambyah & Broom, 2007); (Thambyah & Broom, 2010). These microanatomical studies 

used very similar tissue cohorts to the present study. They showed that structural changes in 

cartilage from mild degeneration is mechanically detectable, from creep loading of the 

cartilage-bone unit (Thambyah & Broom, 2007) as well as from impact loading (Workman, et 

al., 2017); (Goodwin, et al., 2021). 

 

 

7.1 Effect of Cartilage Degeneration on Material Properties 

 

7.1.1 Stiffness 

 

In cartilage, where the extracellular matrix is intact, the intrinsic compressive stiffness results 

from water being trapped by the hydrophilic proteoglycans, which are immobilised within the 

fibrillar network (Thambyah & Broom, 2007). This factor also causes low permeability in the 

matrix (Thambyah & Broom, 2007). The fluid flow rate in the lateral direction away from the 

area of compression depends on the level of applied stress and the compressive resistance (or 

stiffness) of the extracellular matrix; once the matrix consolidates, water can be displaced 

(Thambyah & Broom, 2007). Water is incompressible, so the low rate of fluid transfer provides 

the physical continuum linking the overall compressive strain of the matrix to volumetric 

dilatation (Thambyah & Broom, 2007). 

 

During impact experiments, the rate of loading, and therefore the applied stress, was much 

larger than that applied during quasi-static creep or stress relaxation experiments, or other 

forms of dynamic loading such as dynamic mechanical analysis. This large, rapidly applied 

stress results in the incompressible water providing an ultra-high stiffness response. Together 

with the porous structure of the matrix (which contains the hydrophilic proteoglycans that 

restrict fluid flow under normal physiological conditions), the water held in the structure cannot 

travel away from the loading area (Cohen, et al., 1998). This results in the apparent stiffness of 

the material being much larger than its intrinsic stiffness, which arguably explains the large 

stiffness response of the healthy cartilage-on-bone observed in the present study. 
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The stiffness of healthy cartilage-on-bone was significantly larger than that of mildly 

degenerate cartilage-on-bone, which was an expected result. Mildly degenerate cartilage is not 

too different from healthy cartilage clinically (Hargrave-Thomas, et al., 2013), but there are 

some observable differences visually, such as a rougher surface or a surface that deforms with 

light pressure. Degradation is known to affect both fibrillar and proteoglycan components (the 

latter can be decreased) and their interactions. Therefore, alterations in proteoglycan swelling 

potential and fibril network destructuring and aggregation in combination with visually 

observable changes to the strain limiting articular surface can cause a significant change in the 

material response to compression (Thambyah & Broom, 2007). The swelling stiffness of 

articular cartilage is also important; this is the swelling of hydrated proteoglycans exerting 

pressure against the constraining network of collagen fibrils (Chen & Broom, 1998). Any 

decrease in the proteoglycan content should result in a smaller intrinsic swelling stiffness and 

a more deformable matrix (Chen & Broom, 1998). Furthermore, a loss of interconnectedness 

of the collagen network (only occurring in the superficial zone), which could cause the 

constraints on the swelling of the proteoglycan domains, would lead to a lower matrix stiffness 

(Chen & Broom, 1998). Mildly degenerate cartilage also has a higher water content due to the 

loss of proteoglycans (which occurs due to a less cohesive solid matrix structure). This was 

evident with the increased swelling of the cartilage observed (see figure 5.9), and a lesser 

stiffness. As shown in the present study, the overall effect is that the stiffness of mildly 

degenerate cartilage could range from being similar to healthy cartilage (depending on the 

degradation levels and types) to being significantly less stiff when responding to sudden 

compressive loading.   

 

7.1.2 Nominal Peak Stress 

 

The nominal peak stress in the cartilage from an impact was significantly larger in healthy 

cartilage than in mildly degenerate cartilage. This was an expected result because the stiffness 

of healthy cartilage-on-bone was significantly larger than the stiffness of mildly degenerate 

cartilage-on-bone. The stiffness of the cartilage-on-bone reflected its resistance to deformation 

when a force is applied; hence healthy cartilage-on-bone had a larger resistance to the applied 

force during impact loading than mildly degenerate cartilage-on-bone did. This increased 

resistance to the applied impact resulted in the measured impact force from healthy cartilage-

on-bone (measured by the load cell, exerted upon the indenter by the cartilage-on-bone) being 

significantly larger than mildly degenerate cartilage-on-bone. 
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All the following stresses mentioned can be found in table 3.3. The peak stress that the present 

research found was larger than that found by Goodwin et al. (2021), despite the impact energy 

of the present research being lesser. However, the bone thickness for Goodwin et al. (2021) is 

not specified, and if it is smaller than for the present research, that can explain the difference. 

Burgin & Aspden (2008) showed that increasing the bone length increased the bulk modulus 

and by inference, the peak stress. Furthermore, the stress presented was the nominal stress: the 

actual impact area is impossible to know; hence the area of the indenter was used.  

 

The stress found by Workman et al. (2017) during impact on healthy cartilage was 

approximately four times larger (average of 82.8 MPa) for impact energy of approximately 

four times, which was expected, due to the impacting approach being identical and the length 

of the underlying bone being similar. This comparison could also be made for impact on mildly 

degenerate cartilage. The peak stress found by Thambyah & Broom (2007) was approximately 

three times what the present research found, when impacting with an energy approximately 

three point five times larger. For an impact energy of approximately two point five times that 

used in the present research, Thambyah & Broom (2007) found the peak stress in mildly 

degenerate cartilage to be approximately twice that found by the present research. These were 

both expected, although the comparison differs slightly when compared with Workman et al. 

(2017). This was due to differences in loading protocol (Thambyah & Broom (2007) used a 

swinging pendulum rather than a vertical impact tower which was used by the present 

research). However, the peak stresses found by Burgin & Aspden (2008) for much smaller 

impact energies were considerably larger than the peak stress found in the present research. 

This was because the experimental procedure was different; Burgin & Aspden (2008) 

performed impact experiments on cartilage which had the subchondral bone removed and a 

much stiffer substrate used instead. This shows that the bone is a crucial component of the 

cartilage-bone unit in that it acts to reduce the stress that the cartilage endures when under high-

rate loading. 
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7.1.3 Damping  

 

The internal damping force of cartilage was not influenced by mild degeneration. While there 

was a difference between the effective damping ratio of healthy cartilage and mildly degenerate 

cartilage, this was not significant. This was an expected result based on the research of 

Goodwin et al. (2021). Goodwin et al. (2021) found that the coefficient of restitution was not 

significantly different between healthy and mildly degenerate cartilage when impacting from a 

height of 0.16 m (impact energy of 0.9 J). The energy return to the impactor following impact 

was therefore not significantly different between healthy and mildly degenerate tissue for a 

relatively similar impact energy (Goodwin, et al., 2021), which lends credence to the findings 

of the present research. 

 

Because there was a difference in the solid matrix between healthy and mildly degenerate 

cartilage, both experimentally and in terms of microstructure (Broom, et al., 2001); (Thambyah 

& Broom, 2007); (Thambyah & Broom, 2010), the main determinant of the damping response 

was the flow-dependent mechanisms of the fluid phase. We therefore propose that the fluid 

phase differences between healthy and mildly degenerate cartilage were not different enough 

for there to be a significant difference in the damping between healthy and mildly degenerate 

cartilage.   

 

 

7.1.4 Bulk and Effective Loss Moduli 

 

The nominal bulk modulus for healthy cartilage-on-bone being smaller than the bulk modulus 

for mildly degenerate cartilage-on-bone was an unexpected result. Bulk modulus was 

calculated as the stiffness multiplied by the thickness of the cartilage, divided by the area of 

impact. A thickness increase between healthy and mildly degenerate cartilage was a tissue 

quality decrease, rather than an increase, due to collagen matrix de-structuring. This, combined 

with the stiffness of healthy cartilage being significantly larger than the stiffness of mildly 

degenerate cartilage, meant that healthy cartilage was expected to have a larger bulk modulus 

than mildly degenerate cartilage. The bulk modulus, therefore, did not imply a reduced 

stiffness, because the modulus was normalised to cartilage thickness. 
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The effective loss modulus for mildly degenerate cartilage-on-bone being significantly larger 

than the corresponding value for healthy cartilage-on-bone was an expected result. This was 

because mildly degenerate cartilage had a larger damping response, meaning that more energy 

was dissipated by the cartilage and therefore lost from the impacting system. Furthermore, 

mildly degenerate cartilage was thicker than healthy cartilage. This was because it was prone 

to more swelling (Brown, et al., 2021). Mildly degenerate cartilage had some fibrillar network 

destructuring when compared with healthy cartilage. This difference was suggested by Brown 

et al. (2021) to be due to thinning of and disruption in the surface zone collagen network and 

due to a less dense fibrillar arrangement throughout the tissue. Both of these resulted in the 

collagen network being less able to restrain the osmotic pressure exerted on the solid matrix by 

the water and proteoglycans, resulting in swelling and increased tissue thickness for mildly 

degenerate tissue (Brown, et al., 2021). 

 

 

7.1.5 Secondary Indicators 

 

Effect of Cartilage Thickness on Damping 

 

There was no significant correlation between cartilage thickness and damping ratio for either 

healthy or mildly degenerate cartilage. This suggests that the internal damping ratio was 

dependent on other factors, such as the tissue score for mildly degenerate cartilage (p = 0.002). 

For healthy cartilage, however, the damping was dependent only on the magnitude of the 

second impact force (p < 0.001), which is due to the method of calculating the damping ratio. 

This was an unexpected result. Stiffness has a significant inverse correlation with cartilage 

thickness for both mildly degenerate and healthy cartilage; therefore, it was expected for 

damping to be significantly correlated with thickness.  

 

Effect of Cartilage Thickness on Peak Stress 

 

The results showed that with increasing cartilage thickness, there was a corresponding 

reduction in the peak stress measured. An increase in cartilage thickness was due to a weakened 

solid matrix being less able to restrain the osmotic pressure exerted upon it by the fluid phase 

(Brown, et al., 2021). A weakened solid matrix means that the measured force during the 
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impact was reduced as the material’s stiffness was reduced. This meant that cartilage thickness 

was negatively correlated to peak stress by secondary correlation. This was especially present 

for mildly degenerate cartilage, where the negative correlation between thickness and peak 

stress is significant (p < 0.001).  

 

The cartilage thickness and peak stress for healthy cartilage were negatively correlated, 

although this was not significant (p = 0.256). Healthy tissue would be expected to have little 

matrix destructuring, if any, resulting in a lesser range in thicknesses when compared with 

mildly degenerate cartilage.   

 

Analysis of Aluminium and Polyethylene Results 

 

The bulk modulus of aluminium, as determined by impact testing, approximately fits results 

reported in the literature of 70 GPa (Shackelford & Alexander, 2000). The lower impact heights 

have less agreement with the literature because the energy input was lesser. Furthermore, the 

increase in the bulk modulus with increases in impact energy suggests a nonlinearity in the 

experimental procedure, as aluminium is a linear elastic material. The damping ratio, however, 

was much different to the expected value of approximately 0.5% (Cremer & Heckl, 1988). This 

is because the methodology for measuring the damping ratio is secondary (the load cell is not 

attached to the samples), which means that the damping ratio measured is a surrogate for the 

actual damping ratio of aluminium, normally measured by exciting the structure and observing 

the vibrational decay. Furthermore, larger excitation forces usually result in larger damping, 

and the forces involved in the impact experiments are all much larger than those usually 

involved when measuring damping.  

 

The reasons for aluminium damping being larger than expected were also the reasons for the 

damping ratio of polyethylene being much larger than that reported in the literature of 5% to 

10% (Anas, et al., 2018). Polyethylene also resulted in a smaller bulk modulus than reported in 

the literature of 1.07 GPa to 1.09 GPa (Dielectric Manufacturing, 2022). This was due to the 

testing methodology being different from usual and the methodology when securing the 

polyethylene rubber into place. Compared with the aluminium samples, the rubber samples had 

an added complexity and, therefore ideally, would be secured more rigidly to obtain more 

accurate results. 
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On the Validity of the Present Measurement System 

 

The large difference between the expected and resultant aluminium and polyethylene rubber 

damping ratios as calculated by the present research from the expected values in the literature 

means that similar has occurred with impacting on cartilage. The damping ratio for cartilage 

has therefore been massively overestimated. However, it is currently difficult to measure the 

vibration of soft tissues such as cartilage directly, leading to surrogate methods such as the 

present research. The present research aimed to analyse the effect of degeneration on material 

response, and the methodology was successful to that effect. Furthermore, past research such 

as Workman et al. (2017) has employed a similar methodology, albeit for larger impact energy, 

and Goodwin et al. (2021) for slightly larger impact energy, so there is previous research to 

compare the present research with when looking at the nominal peak stress.  

 

Comparison of Cartilage with Aluminium and Polyethylene Rubber 

 

The damping ratio of cartilage calculated from the present research was larger than aluminium 

because aluminium is a much more rigid material and was, therefore, better able to resist the 

impact. The damping ratio of cartilage was smaller than that of polyethylene rubber due to 

inherent properties of the rubber, which is a highly dissipative material used in applications for 

reducing vibrational energy of structural elements.  

 

 

7.1.6 Bull Cartilage as a Control 

 

The mechanical response of healthy young adult bull cartilage was similar to healthy mature 

cow cartilage for all material responses considered. This was expected, as the cartilage in both 

cases is healthy. The bull cartilage came from animals that were younger (approximately two 

years old) than the cow cartilage (6 to 8 years old), meaning that the bull cartilage was healthier. 

Having the assumed healthy cow cartilage present with similar calculated material responses 

to the bull cartilage confirms that the cartilage in the healthy cow dataset was representative of 

a healthy tissue response. 
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7.2 ADAMS Simulations 

 

Aluminium and Polyethylene Rubber 

 

The MSC ADAMS simulations for aluminium showed a general agreement in peak force with 

the experimental results because aluminium is a linear elastic material. Aluminium is a less 

complex material than polyethylene rubber or cartilage, so the calculated stiffness was accurate 

and could be inserted into the model and expected force output. However, due to the damping 

calculated from the experiments, there was a lead time to reach peak force. This damping 

coefficient being not insignificant resulted due to the measurement system being secondary; 

with proper measurement of the aluminium damping, the damping coefficient would be 

minimal, and then the peak forces would occur at similar times in the simulations as to the 

experiments. Furthermore, the overall impact time would be much more similar than the 

significantly different measurement shown in the results. 

 

The MSC ADAMS simulations for polyethylene rubber did not show good quantitative 

agreement with experiments due to the numerical model being a relatively rough 

approximation of the real system. The results obtained by the model still qualitatively agree 

with what was measured in experiments.  

 

 

Cartilage 

 

The MSC ADAMS simulations for cartilage-on-bone showed close similarity in the peak 

forces measured between groups, despite significant differences in the measured force between 

healthy and mildly degenerate cartilage in particular. This shows that the simulation model 

cannot distinguish between the groups based upon calculated stiffness and damping 

coefficients. These simulations also showed differences between the peak force and the 

measured peak force because the model used for cartilage was simplified. This model could be 

evaluated due to the stiffness of the bone in isolation being somewhat similar to the stiffness 

of the cartilage-on-bone, as was evaluated in the prior experiments from 2014 (see Appendix 

F). However, the model assumed that the cartilage and bone were a single homogeneous unit, 

which was not true, and could account for the variation between the simulated force and the 
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experimental force. Furthermore, the damping measured during the experiments was much 

larger than it should have been, assuming the same phenomena of the measurement system 

being secondary, increasing the damping ratio above what was expected that was observed for 

aluminium and for polyethylene rubber. This affects the simulated impact time, as the inserted 

damping coefficient for every individual experiment was larger than it should have been; 

therefore if the damping was measured directly rather than secondarily, the impact times from 

the simulations would have been similar. This would not have affected the profile comparison, 

though; the model cannot consider the graded beginning and end of impact. Finally, the 

measured stiffness of the impact on cartilage was larger than the intrinsic stiffness due to the 

larger impact energy (Edelstan, et al., 2010); if this did not occur, the simulated force might 

have been more similar to the measured force. 

 

 

7.3 Suitability of the Kelvin-Voigt Impact Model for Cartilage Response 

 

This study finds that the simple linear Kelvin-Voigt model is not a very suitable descriptor of 

the cartilage impact response (refer to figure 6.6). These reconstructions used the effective 

stiffness and damping coefficients calculated from impact on cartilage-on-bone, from the 

Kelvin-Voigt impact model. The larger the damping ratio, the less accurate the reconstructed 

force response, and no calculated stiffness and damping characteristics were able to account 

for the graded beginning and ending of the force response. This was consistent for all sample 

groups. Furthermore, the time to reach peak force was not represented accurately, and the force 

response began at a non-zero value. This suggested that the damping of cartilage was much 

less than was measured by the impacting system. Another consideration is that the Kelvin-

Voigt model was not a good descriptor of cartilage impact because it is a linear model used to 

model a complex material in cartilage. Cartilage has been shown previously to exhibit highly 

nonlinear material behaviour (Mow & Mansour, 1977), and as such, a nonlinear model should 

be used to estimate material behaviour during impact. 

 

A model considering nonlinearity of the cartilage response to impact has to be applied to 

describe cartilage behaviour more accurately under these conditions. Two models can be used 

for this, as described in Chapter 3. These are the Hunt-Crossley model and Fung’s quasi-linear 

model. However, not enough information from the present research was available to evaluate 
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these models, so they have been explained with references to previous work. Some discussion 

on these possible models follows. 

 

Hunt-Crossley Model 

 

The most appropriate in this case is the Hunt-Crossley model, as the model formulation is 

similar to that for using the Kelvin-Voigt model. The equation for the impact using this model 

is as follows (Pappalardo, et al., 2016): 

 

𝐹 =  𝑐𝑥𝛽�̇� + 𝑘𝑥𝛽                                                                                                  (7.1) 

 

This model accounts for the damping of the cartilage depending upon its displacement and its 

velocity of displacement and includes an exponential term for the displacement (β replaces the 

n = p + 1 formulation from equation 3.3 as detailed in Chapter 3). This equation does not have 

an analytical solution and hence needs numerical solving. One of the issues with linear 

modelling, particularly the Kelvin-Voigt model, is that the stress-strain relationship does not 

make mechanical sense. The stress (and force) does not begin at zero for the loading curve and 

does not return to zero. Furthermore, linear models result in an incorrect power flow, which 

occurs after separating the indenter and the cartilage (Pappalardo, et al., 2016). Using the Hunt-

Crossley model, the stress (and force) begins at zero and increases to a maximum during the 

loading phase, returning to zero during unloading; furthermore, the power flow is correct 

(Pappalardo, et al., 2016). 

 

The Hunt-Crossley model can be applied if the velocity, displacement, and force during the 

impact are known. For soft tissues, it can be assumed that the exponential term β has the value 

of 1.1 to 1.3 (Pappalardo, et al., 2016). The stiffness and damping coefficients can be 

determined using nonlinear least squares fitting with the Levenburg-Marquardt algorithm 

(Pappalardo et al., 2022). During the present research, this was not possible with any 

confidence, for reasons explained in Chapter 5: Materials and Methods, so the research of 

Selyutina et al. (2015) has been explained instead. This study used similar methods and impact 

energy to the present study. A force-displacement curve is shown in figure 7.1, and includes 

the modelling and experimental data from Selyutina et al. (2015). 
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Figure 7.1 - Experimental data (dotted red lines) for stress versus strain with cartilage impact 
from 75 mm with a 0.5 kg mass indenter, compared with the Hunt-Crossley model (Selyutina, 
et al., 2015). 

 

Figure 7.1 shows that the Hunt-Crossley model struggles to match the stress-strain (and hence 

force-displacement) data during large blunt impact on cartilage. The strain response does not 

match the experimental data on the loading (upper) curve and the unloading (lower) curve. 

Furthermore, the unloading ends before the displacement of the cartilage returns to zero, which 

is also not reflected by the Hunt-Crossley model. However, it does show that the maximum 

force magnitude is similar and that the Hunt-Crossley model begins at a force of zero for the 

onset of impact, which the Kelvin-Voigt model fails to do. It also shows that the force returns 

to zero when contact ends, which the Kelvin-Voigt model fails to achieve. 

 

Fung’s Quasi-linear Model 

 

A second proposed nonlinear model is a version of Fung’s Quasi-linear Viscoelastic (QLV) 

model, as proposed by Selyutina et al. (2015) and explained in Chapter 3. This is again 

compared with the experimental data from the research of Selyutina et al. (2015). This model 

has a much different formulation than the linear Kelvin-Voigt model and the Hunt-Crossley 

model. 
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Fung’s QLV model is a better descriptor of the stress versus strain response, and hence the 

force versus displacement response, of cartilage impact than the Hunt-Crossley model is. This 

is shown in figure 7.2. Firstly, the Hunt-Crossley model does not account for impactor mass, 

while Fung’s QLV model does. Secondly, the Hunt-Crossley model struggles to follow the 

experimental data during the loading phase, while Fung’s QLV model qualitatively does, even 

though it overestimates the stress. Fung’s QLV model also predicts a return to zero stress at a 

non-zero strain, reflecting the experimental data qualitatively, though not quantitatively. 

 

 

Figure 7.2 - Experimental data (dotted red lines) for stress versus strain with cartilage impact 
from 75 mm with a 0.5 kg mass indenter, compared with Fung's QLV model (Selyutina, et al., 
2015). 

 

 

7.4 Limitations 

 

There were several limitations of the present study. The most important one was that the 

material response of the cartilage to blunt impact cannot be measured directly (the vibration 

during and following impact), which meant that the response of the impactor to blunt impact 

on the cartilage was necessary as a surrogate to estimate the material response. This meant that 

the calculated stiffness and damping calculations should be carefully studied for relevance. 
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The second is that it was a challenge to accurately measure the thickness of the cartilage in 

terms of its actual topographical variation. At present, only average thickness was used, but 

given the undulating contact with bone and its irregular thickness across, this meant that the 

storage and loss moduli comparisons between the datasets from different experimental 

procedures and relating to the literature will need to be considered with caution. Another 

limitation was that determining the actual impact area from the indenter was effectively 

impossible; therefore, the nominal value of the overall indenter area was used. The slight 

curvature was assumed to be insignificant regarding the indenter area. 

 

A further limitation was that the cartilage was classified based upon tissue scores for the 

qualitative surface quality and swelling amount. This was often subjective, and in some cases 

it was possible that samples were misclassified for either (or both) of these. This can explain 

why the presented results show that the tissues with a score of “2” have a lower average 

damping ratio than those with a score of “1”. Furthermore, as the “1-2” boundary was the 

boundary between healthy and mildly degenerate cartilage, some of the samples may have been 

grouped incorrectly, affecting the results. Prior staining for tissue health (for example, using 

India ink) could not be done prior to experimentation to ensure that there were no outside factor 

affecting the experiments. 
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Chapter 8: Conclusions 

 

Articular cartilage has a complex structural arrangement and interaction of collagen fibrils, 

proteoglycans, and water that allow it to resist large compressive loads during normal joint 

motion and large singular impacts. The findings from this study propose that the integrity of 

the collagen network is the most important factor in cartilage resisting large and rapid loading 

rather than the fluid phase. However, the fluid phase is important to the overall material 

response.  

 

The internal stiffness force and peak stress of mildly degenerate cartilage were significantly 

lesser than that of healthy cartilage, meaning it is less able to resist large compressive loads. 

However, this did not correspond to a significant difference in the damping ratio of mildly 

degenerate tissue when compared with healthy tissue because we believe that the solid phase 

was more important to the impact response than the fluid phase. The bulk modulus of healthy 

tissue was found to be lesser than mildly degenerate cartilage, however, due to the increase in 

the thickness of degenerate tissue. 

 

The linear Kelvin-Voigt model used to calculate the effective stiffness and damping 

coefficients is highly limited in its application to study the impact mechanics of cartilage. 

Further work should focus on investigating and developing nonlinear models; the Hunt-

Crossley and Fung’s Quasi-linear models are valid nonlinear alternatives. 

 

Recommendations for Future Work 

 

There are several ideas for future work based upon the research conducted during this project 

and the efficacy of the assumptions used. Some of these are experimental, and others are 

theoretical.  

 

The future experimental ideas are as follows: 

• Conduct more testing on cartilage samples with variable impact energy. During this 

project, only one impact energy value was tested – it would be useful to test with impact 

energy close to the failure energy of 1.6 J for healthy cartilage. 

• Conduct testing on moderately and severely degenerate cartilage. 
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• Investigate the mechanical properties of the bone in isolation more in-depth. Only a few 

tests were investigated using the earlier dataset from 2014; it would be useful to conduct 

tests using variable impact energies and thicknesses. 

• Investigate the properties of cartilage without the underlying bone. 

• Include differential interference microscopic imaging of the samples post-impact to 

confirm without any doubts what grade the cartilage is for more accurate classification. 

• Investigate the mechanical properties of subchondral bone and articular cartilage 

separately during experiments on cartilage-on-bone. 

 

The future theoretical steps are as follows: 

• Investigate the influence of the mathematical model used on the results and therefore 

calculate the internal forces of the cartilage more accurately. 

• Account for the nonlinearity in cartilage due to high rates of loading, and use a more 

appropriate model. 

• Develop a model for the vibration response of cartilage. 

 

Overall, there is a lot to work with regarding impact testing on articular cartilage. The present 

research has provided qualitative insight into the effect of tissue degradation on the internal 

damping and stiffness forces of articular cartilage when experimenting on cartilage using blunt 

impact. 
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APPENDIX 

 

Appendix A: Healthy Cow Cartilage Measurements and Mechanical Response 

 

Table A1 - Mechanical response of healthy cartilage-on-bone as determined from force data. Note that moduli and peak stress are nominal. 

Test Impact 

Time 

(ms) 

Force 

First 

Impact (N) 

Force  

Second 

Impact 

(N) 

Peak 

Stress 

(MPa) 

Damping 

Coefficient 

(Ns/m) 

Stiffness 

Coefficient 

(×106 

N/m) 

Damping 

Ratio (%) 

Bulk 

Modulus 

(MPa) 

Loss 

Modulus 

(MPa) 

Thickness 

(mm) 

Tissue 

Score 

4 1.48 1642.7 592.7 20.92 852.7 3.083 30.9 78.50 48.46  2 0 

6 1.57 1631 698 20.77 668.9 2.659 26.1 67.72 35.30 2 1 

15 1.38 1778.9 382.7 22.65 1378.4 3.975 43.9 75.92  66.71  1.5 1 

23 1.56 1594.9 428.1 20.31 1043.7 2.950 38.6 56.35 43.52 1.5 1 

24 1.20 1981.1 864.8 25.22 855.2 4.538 25.5 57.78 29.48  1 1 

25 1.29 1962.0 487.6 24.98 1336.1 4.392 40.5 83.88 67.97 1.5 1 

33 1.48 1656.7 288.0 21.09 1463.5 3.654 48.9 55.83 54.33  1.2 0 

34 1.50 1703.2 257.0 21.69 1560.9 3.699 51.6 61.23  63.16  1.3 1 

46 1.31 1916.2 712.5 24.40 934.9 3.913 30.0 64.77  38.91 1.3 1 

47 1.22 1932.6 1009.6 24.61 658.9 4.280 20.2 54.49  22.06 1 0 

49 1.52 1540.8 721.1 19.62 618.4 2.799 23.5 53.45 25.11  1.5 1 

53 1.45 1709.7 866.3 21.77 580.4 3.042 21.2 54.22  22.93 1.4 0 

56 1.32 1887.2 1106.7 24.03 500.6 3.607 16.8 64.30 21.54 1.4 0 

57 1.35 1965.6 871.6 25.03 745.8 3.577 25.1 68.31 34.24 1.5 0 

58 1.24 2051.5 930.1 26.12 789.8 4.225 24.4 80.70 39.41 1.5 1 

59 1.28 1991.7 1067.2 25.36 603.5 3.876 19.5 74.02 28.84 1.5 1 

61 1.29 1931.1 932.4 24.59 698.7 3.868 22.6 83.73 37.81 1.7 0 

63 1.33 1954.7 1200.8 24.89 453.5 3.539 15.3 85.56 26.22 1.9 1 

71 1.28 1973.3 920.0 25.12 738.1 3.949 23.6 65.36 30.86 1.3 0 

72 1.43 1816.5 761.8 23.13 752.3 3.216 26.7 65.52 34.93 1.6 0 
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75 1.50 1804.5 977.3 22.98 506.1 2.819 19.2 57.42 22.00 1.6 0 

Average 1.38 1829.8 765.5 23.30 844.8 3.603 28.3 67.10 37.80 1.5  

S.D. 0.11 151.0 265.0 1.93 320.3 0.542 10.2 10.53 14.33 0.3  

 

 

Table A2 - Mechanical response of healthy cartilage-on-bone as determined from acceleration data. Note that moduli and peak stress are 
nominal. 

Test Impact 

Time 

(ms) 

Acceleration 

First Impact 

(m/s2) 

Acceleration 

Second 

Impact 

(m/s2) 

Peak 

Stress 

(MPa) 

Damping 

Coefficient 

(Ns/m) 

Stiffness 

Coefficient 

(×106 

N/m) 

Damping 

Ratio 

(%) 

Bulk 

Modulus 

(MPa) 

Loss 

Modulus 

(MPa) 

Thickness 

(mm) 

Tissue 

Score 

4 1.48 3377.9 1265.5 20.92 821.3 3.062 29.8 77.96 46.51 2 0 

6 1.57 3342.5 1496.1 20.77 633.9 2.641 24.8 67.25 33.34 2 1 

15 1.38 3697.3 835.5 22.65 1334.3 3.927 42.9 75.00 64.19 1.5 1 

23 1.56 3315.0 952.9 20.31 989.4 2.906 36.9 55.49 40.94 1.5 1 

24 1.20 4113.3 1827.9 25.22 836.7 4.525 25.0 57.62 28.80 1 1 

25 1.29 4024.9 1067.6 24.98 1273.6 4.326 38.9 82.63 64.31 1.5 1 

33 1.48 3382.9 645.6 21.09 1385.5 3.564 46.6 54.46 50.80 1.2 0 

34 1.50 3497.0 584.8 21.69 1476.0 3.595 49.5 59.51 58.88 1.3 1 

46 1.31 3874.9 1493.1 24.40 901.3 3.888 29.1 64.35 37.39 1.3 1 

47 1.22 3970.8 2083.9 24.61 654.2 4.278 20.1 54.46 21.90 1 0 

49 1.52 3204.1 1536.5 19.62 598.6 2.789 22.8 53.27 24.27 1.5 1 

53 1.45 3518.0 1853.8 21.77 547.0 3.027 20.0 53.95 21.56 1.4 0 

56 1.32 3843.6 2282.9 24.03 488.6 3.603 16.4 64.22 21.01 1.4 0 

57 1.35 3968.5 1837.2 25.03 706.3 3.554 23.8 67.87 32.32 1.5 0 

58 1.24 4097.4 1912.9 26.12 760.5 4.209 23.6 80.34 37.86 1.5 1 

59 1.28 4011.3 2224.7 25.36 570.2 3.860 18.4 73.72 27.19 1.5 1 

61 1.29 3921.7 1959.7 24.59 665.8 3.320 21.6 71.87 33.38 1.7 0 

63 1.33 3986.3 2520.4 24.89 426.7 3.527 14.4 85.33 24.64 1.9 1 



99 
 

71 1.28 4009.8 1919.0 25.12 712.8 3.934 22.8 65.12 29.74 1.3 0 

72 1.43 3586.0 1579.6 23.13 709.8 3.191 25.3 65.01 32.83 1.6 0 

75 1.50 3656.7 2023.3 22.98 488.5 2.812 18.5 57.28 21.21 1.6 0 

Average 1.38 3733.3 1614.4 23.30 808.6 3.549 27.2 66.03 35.86 1.5  

S.D. 0.11 281.8 521.4 1.88 296.9 0.526 9.5 9.67 13.15 0.3  
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Appendix B: Mildly Degenerate Cow Cartilage Measurements and Mechanical Response 

 

Table B1 - Mechanical response of mildly degenerate cartilage-on-bone as determined from force data. Note that moduli and peak stress are 
nominal. 

Test Impact 

Time (ms) 

Force 

First 

Impact (N) 

Force 

Second 

Impact (N) 

Peak 

Stress 

(MPa) 

Damping 

Coefficient 

(Ns/m) 

Stiffness 

Coefficient 

(×106 

N/m) 

Damping 

Ratio (%) 

Bulk 

Modulus 

(MPa) 

Loss 

Modulus 

(MPa) 

Thickness 

(mm) 

Tissue 

Score 

1 1.61 1440.2 879.7 18.34 379.1 2.415 15.5 61.49  19.07  2 2 

2 1.67 1448.1 199.6 18.44 1469.1 3.062 53.4 77.05  79.18 2 4 

3 1.50 1770.0 880.7 22.54 576.1 2.849 21.7 72.56  37.47  2 3 

5 1.51 1583.6 214.3 20.16 1639.8 3.765 53.7 95.89 102.99  2 4 

7 1.67 1447.0 772.0 18.43 465.7 2.278 19.6 58.01  22.75  2 3 

8 1.54 1673.0 645.2 21.30 766.0 2.813 29.0 71.63 41.58  2 3 

9 1.50 1758.0 927.3 22.38 527.9 2.828 20.0 72.01  28.73  2 3 

12 1.34 1974.8 447.7 25.14 1371.1 4.162 42.7 79.48 67.90  1.5 4 

13 1.56 1431.9 199.8 18.23 1562.9 3.497 53.1 89.05  94.60  2 3 

14 1.80 1473.0 758.3 18.75 456.7 1.970 20.7 62.70  25.93  2.5 2 

16 1.39 1787.4 900.1 22.76 611.0 3.313 21.3 63.27  27.00 1.5 2 

17 1.47 1600.0 656.7 20.37 750.0 3.054 27.3 77.78  42.42  2 3 

18 1.26 2032.0 854.7 25.87 850.9 4.141 26.6 79.08  42.03  1.5 3 

19 1.42 1687.3 287.3 21.48 1543.5 3.992 49.5 76.24  74.86  1.5 4 

20 1.43 1817.0 917.4 23.13 591.6 3.129 21.3 59.76  25.40 1.5 3 

21 1.44 1840.0 606.5 23.43 960.8 3.360 33.3 85.57  57.01  2 3 

22 1.49 1761.8 358.3 22.43 1323.3 3.459 45.2 88.09  79.66  2 3 

30 1.30 1899.3 1062.3 24.18 553.3 3.739 18.2 66.64  24.24  1.4 2 

31 1.60 1577.1 399.0 20.08 1063.4 2.843 40.1 68.78  55.13  1.9 4 

32 1.30 1994.9 1178.3 25.40 501.4 3.717 16.5 52.05  17.21  1.1 2 

35 1.73 1448.6 555.4 18.44 686.0 2.231 29.2 65.34  38.14  2.3 2 

40 1.43 1710.3 499.7 21.78 1065.2 3.446 36.5 57.04 41.60  1.3 4 
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41 1.38 1912.8 535.2 24.35 1142.6 3.735 37.6 61.83  46.46 1.3 3 

48 1.48 1694.9 424.4 21.58 1158.3 3.331 40.3 80.58  65.00  1.9 2 

52 1.46 1687.2 360.6 21.48 1308.4 3.558 44.1 67.94  59.91 1.5 2 

54 1.45 1648.7 538.4 20.99 955.5 3.275 33.6 62.54 41.97 1.5 3 

55 1.56 1628.3 457.9 20.73 1006.8 2.920 37.4 55.76 41.76 1.5 3 

60 1.40 1903.2 295.9 24.23 1645.9 4.211 51.0 96.51 98.39 1.8 4 

62 1.50 1645.4 227.7 20.95 1632.3 3.791 53.3 96.54 102.87 2 3 

65 1.37 1845.4 808.0 23.50 746.3 3.480 25.4 70.89 36.05 1.6 4 

66 1.54 1743.6 752.7 22.20 675.3 2.760 25.8 73.80 38.13 2.1 3 

68 1.38 1910.1 260.6 24.32 1787.0 4.498 53.6 103.08 110.40 1.8 3 

69 1.75 1387.5 199.4 17.67 1372.4 2.756 52.5 84.20 88.48 2.4 4 

70 1.71 1498.4 249.3 19.08 1298.4 2.770 49.6 84.65 83.93 2.4 4 

73 1.42 1796.4 729.7 22.87 785.4 3.279 27.6 75.15 41.42 1.8 4 

74 1.48 1788.6 422.7 22.77 1206.7 3.377 41.7 86.00 71.77 2 2 

76 1.37 1511.8 624.0 19.25 799.6 3.513 27.1 80.52 43.66 1.8 3 

77 1.60 1495.8 797.7 19.05 486.4 2.482 19.6 75.84 29.76 2.4 3 

Average 1.50 1690.9 575.9 21.53 991.0 3.257 34.6 74.61 53.65 1.8  

S.D. 0.13 176.3 266.9 2.21 403.2 0.581 12.6 12.43 26.45 0.3  
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Table B2 - Mechanical response of mildly degenerate cartilage-on-bone as determined from acceleration data. Note that moduli and peak stress 
are nominal. 

Test Impact 

Time 

(ms) 

Acceleration 

First Impact 

(m/s2) 

Acceleration 

Second 

Impact 

(m/s2) 

Peak 

Stress 

(MPa) 

Damping 

Coefficient 

(Ns/m) 

Stiffness 

Coefficient 

(×106 

N/m) 

Damping 

Ratio 

(%) 

Bulk 

Modulus 

(MPa) 

Loss 

Modulus 

(MPa) 

Thickness 

(mm) 

Tissue 

Score 

1 1.61 3050.3 1882.1 18.34 371.3 2.413 15.2 61.44 18.67 2 2 

2 1.67 3061.5 456.3 18.44 1275.6 2.423 51.8 61.70 64.27 2 4 

3 1.50 3646.0 1876.7 22.54 548.1 2.837 20.7 72.23 29.88 2 3 

5 1.51 3312.2 486.7 20.16 1572.3 3.679 52.1 93.65 97.59 2 4 

7 1.67 3041.0 1656.9 18.43 450.2 2.272 19.0 57.87 21.97 2 3 

8 1.54 3492.0 1387.1 21.30 742.2 2.799 28.2 71.26 40.19 2 3 

9 1.50 3615.0 1996.4 22.38 490.0 2.812 18.6 71.61 26.60 2 3 

12 1.34 4055.8 992.6 25.14 1300.4 4.085 40.9 78.03 63.80 1.5 4 

13 1.56 3038.6 459.7 18.23 1498.8 3.418 51.5 87.03 89.68 2 3 

14 1.80 3050.8 1628.3 18.75 431.8 1.961 19.6 62.42 24.46 2.5 2 

16 1.39 3673.5 1896.6 22.76 588.8 3.302 20.6 63.06 25.97 1.5 2 

17 1.47 3321.9 1404.0 20.37 725.3 3.040 26.4 77.41 40.93 2 3 

18 1.26 4067.2 1769.3 25.87 818.0 4.118 25.6 78.65 40.30 1.5 3 

19 1.42 3514.5 646.5 21.48 1518.9 4.140 47.4 79.06 75.02 1.5 4 

20 1.43 3671.9 1925.8 23.13 558.7 3.114 20.1 59.47 23.93 1.5 3 

21 1.44 3593.0 1301.6 23.43 872.9 3.254 30.8 82.86 50.96 2 3 

22 1.49 3638.3 808.6 22.43 1249.6 3.383 43.2 86.14 74.39 2 3 

30 1.30 3863.6 2184.1 24.18 543.2 3.734 17.9 66.56 23.78 1.4 2 

31 1.60 3302.1 879.1 20.08 1024.0 2.810 38.8 67.98 52.78 1.9 4 

32 1.30 4029.9 2427.9 25.40 482.5 3.709 15.9 51.95 16.54 1.1 2 

35 1.73 3008.1 1215.1 18.44 648.7 2.211 27.7 64.75 35.90 2.3 2 

40 1.43 3498.2 1073.1 21.78 1023.0 3.410 35.2 56.45 39.74 1.3 4 

41 1.38 3903.0 1156.8 24.35 1091.0 3.669 36.1 60.72 43.96 1.3 3 

48 1.48 3534.6 941.4 21.58 1106.7 3.284 38.8 79.44 61.66 1.9 2 

52 1.46 3617.8 964.8 21.48 1120.7 3.373 38.8 64.43 49.97 1.5 2 
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54 1.45 3444.4 1191.1 20.99 906.6 3.234 32.0 61.84 39.60 1.5 3 

55 1.56 3371.5 1017.9 20.73 950.4 2.875 35.6 54.91 39.12 1.5 3 

60 1.40 3853.9 658.5 24.23 1562.4 4.103 49.0 94.03 92.19 1.8 4 

62 1.50 3391.2 908.3 20.95 1087.3 3.193 38.7 81.30 62.88 2 3 

65 1.37 3753.5 1672.7 23.50 730.4 3.470 24.9 70.70 35.23 1.6 4 

66 1.54 3519.6 1601.3 22.20 633.1 2.738 24.3 73.21 35.60 2.1 3 

68 1.38 3918.2 595.6 24.32 1690.0 4.362 51.4 99.96 102.81 1.8 3 

69 1.75 2931.8 470.3 17.67 1294.6 2.672 50.3 81.64 82.19 2.4 4 

70 1.71 3150.1 560.9 19.08 1249.3 2.720 48.1 83.11 80.02 2.4 4 

73 1.42 3658.9 1555.0 22.87 746.0 3.255 26.3 74.59 39.20 1.8 4 

74 1.48 3664.7 960.2 22.77 1120.4 3.296 39.2 83.93 65.84 2 2 

76 1.37 3850.6 1859.6 19.25 657.7 3.430 22.6 78.60 35.48 1.8 3 

77 1.60 3184.7 1710.2 19.05 481.1 2.480 19.9 75.78 29.43 2.4 3 

Average 1.50 3507.7 1267.9 21.53 925.3 3.186 32.7 72.89 49.28 1.8  

S.D. 0.13 313.2 531.3 2.21 364.1 0.575 11.6 11.37 23.18 0.3  
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Appendix C: Bull Cartilage Measurements and Mechanical Response 

 

Table C1 - Mechanical response of bull cartilage-on-bone as determined from force data. Note that moduli and peak stress are nominal. 

Test Impact 

Time 

(ms) 

Force First 

Impact (N) 

Force 

Second 

Impact 

(N) 

Peak 

Stress 

(MPa) 

Damping 

Coefficient 

(Ns/m) 

Stiffness 

Coefficient 

(×106 

N/m) 

Damping 

Ratio (%) 

Bulk 

Modulus 

(MPa) 

Effective 

Loss 

Modulus 

(MPa) 

Thickness 

(mm) 

78 1.34 1943.6 801.6 24.75 818.3 3.673 27.1 74.83 40.61 1.6 

79 1.27 1968.8 669.7 25.07 1051.2 4.234 32.5 80.86 52.51 1.5 

80 1.25 2171.2 1193.4 27.64 592.7 4.052 18.7 72.22 27.03 1.4 

81 1.46 1768.4 921.4 22.52 552.8 2.990 20.3 53.29 21.66 1.4 

82 1.59 1634.2 405.6 20.81 1085.0 2.892 40.6 51.55 41.80 1.4 

83 1.64 1442.7 818.0 18.37 428.3 2.346 17.8 41.81 14.86 1.4 

Average 1.43 1821.5 801.6 23.19 754.7 3.364 26.2 62.43 33.08 1.5 

S.D. 0.15 238.1 238.9 3.03 249.9 0.674 8.2 14.24 12.97 0.1 
 

Table C2 - Mechanical response of bull cartilage-on-bone as determined from acceleration data. Note that moduli and peak stress are nominal. 

Test Impact 

Time 

(ms) 

Acceleration 

First Impact 

(m/s2) 

Acceleration 

Second 

Impact 

(m/s2) 

Peak 

Stress 

(MPa) 

Damping 

Coefficient 

(Ns/m) 

Stiffness 

Coefficient 

(×106 

N/m) 

Damping 

Ratio 

(%) 

Bulk 

Modulus 

(MPa) 

Effective 

Loss 

Modulus 

(MPa) 

Thickness 

(mm) 

78 1.34 3944.3 1684.7 24.75 785.9 3.652 26.1 74.39 38.89 1.6 

79 1.27 4034.2 1430.6 25.07 1017.4 4.206 31.5 80.32 50.65 1.5 

80 1.25 4273.3 2403.5 27.64 569.9 4.041 18.0 72.03 25.96 1.4 

81 1.46 3601.6 1914.2 22.52 536.0 2.982 19.7 53.16 20.97 1.4 

82 1.59 3300.2 884.0 20.81 1025.7 2.841 38.7 50.65 39.17 1.4 

83 1.64 3048.6 1751.3 18.37 418.4 2.342 17.4 41.75 14.52 1.4 

Average 1.43 3700.4 1678.1 23.19 725.6 3.444 25.2 62.05 31.69 1.5 

S.D. 0.15 427.0 461.7 3.03 235.7 0.672 7.80 14.18 12.31 0.1 
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Appendix D: Correlations Between Material Responses for Healthy and Mildly Degenerate Cartilage 

 

Table D1 - Pearson correlation between the material responses for healthy cartilage 
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Table D2 - Pearson correlation between the material responses for mildly degenerate cartilage 

 

 



107 
 

Table D3 - Pearson correlation between the material responses for healthy and mildly degenerate cartilage combined 
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Appendix E: Aluminium and Polyethylene Measurements and Mechanical Response 

 

Table E1 - Results for impact on aluminium. Error is the standard deviation. 

Impact 

height 

(m) 

Peak 

Force 

(N) 

Impact 

2 Peak 

Force 

(N) 

 Time of 

Impact 

(ms) 

Damping 

Coefficient 

(N/m) 

Stiffness 

Coefficient 

(x106 N/m) 

Damping 

Ratio (%) 

Bulk 

Modulus 

(GPa) 

0.04 2672.5 1677.0 0.53 1088.5 22.228 14.67 61.32 

 2713.2 1527.2 0.53 1342.4 22.477 17.97 62.01 

 2829.4 1698.1 0.52 1215.5 23.190 16.04 63.98 

Average 2738.4 

± 66.5 

1634.1 

± 76.1 

0.53 ± 

0.00 

1215.5 ± 

103.7 

2.287 ± 

0.045 

16.23 ± 

1.35 

62.43 ± 

1.13 

0.05 3170.9 1808.5 0.50 1390.3 25.218 17.59 69.57 

 3277.6 1796.9 0.51 1459.0 24.348 18.79 67.17 

 3253.8 1933.7 0.49 1314.8 26.143 16.34 72.12 

Average 3234.1 

± 45.7 

1846.4 

± 62.0 

0.50 ± 

0.01 

1388.0 ± 

58.9 

2.524 ± 

0.073 

17.57 ± 

1.00 

69.62 ± 

2.02 

0.075 3739.5 2370.4 0.46 1226.9 29.480 14.36 71.48 

 3825.7 2145.3 0.47 1523.7 28.594 18.11 69.33 

 3632.4 1999.7 0.46 1606.4 29.914 18.67 72.53 

Average 3732.5 

± 79.0 

2171.8 

± 152.5 

0.46 ± 

0.00 

1452.3 ± 

162.9 

2.933 ± 

0.054 

17.05 ± 

1.91 
71.11 ± 

1.33 

 

Table E2 - Results for impact on polyethylene rubber with underlying aluminium. Error is the 
standard deviation. 

Impact 

height 

(m) 

Peak 

Force 

(N) 

Impact 

2 Peak 

Force 

(N) 

 Time of 

Impact 

(ms) 

Damping 

Coefficient 

(N/m) 

Stiffness 

Coefficient 

(x106 N/m) 

Damping 

Ratio (%) 

Bulk 

Modulus 

(MPa) 

0.08 1907.7 391.4 1.07 1832.6 6.693 45.02 127.82 

 1909.9 405.4 1.02 1881.2 7.301 44.24 139.44 

 1879.5 391.1 1.04 1868.7 7.059 44.70 134.81 

Average 1899.0 

± 13.8 

396.0 

± 6.7 

1.04 ± 

0.02 

1860.8 ± 

20.6 

7.018 ± 

0.250 

44.65 ± 

0.32 

134.02 ± 

4.78 

0.11 2150.9 379.8 0.89 2412.0 10.062 48.32 192.17 

 2393.7 492.6 0.85 2302.5 10.597 44.95 202.39 

 2525.1 458.4 0.92 2296.1 9.347 47.73 178.51 

Average 2357.6 

± 155.0 

443.6 

± 47.2 

0.89 ± 

0.03 

2336.9 ± 

53.2 

10.002 ± 

0.512 

47.00 ± 

1.47 

191.02 ± 

9.78 

0.14 2747.3 501.0 0.88 2394.1 10.204 47.63 194.88 

 2834.4 525.7 0.88 2370.3 10.158 47.26 194.00 

 2834.5 553.1 0.84 2408.3 11.001 46.15 210.10 

Average 2805.4 

± 41.1 

526.6 

± 21.3 

0.87 ± 

0.02 

2390.9 ± 

15.7 

10.454 ± 

0.387 

47.01 ± 

0.63 

199.66 ± 

7.39 
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Table E3 - Results for impact on polyethylene rubber with the influence of underlying 
aluminium removed. Error is the standard deviation. 

Impact 

height 

(m) 

Peak 

Force 

(N) 

Impact 

2 Peak 

Force 

(N) 

 Time of 

Impact 

(ms) 

Damping 

Coefficient 

(N/m) 

Stiffness 

Coefficient 

(x106 N/m) 

Damping 

Ratio (%) 

Bulk 

Modulus 

(MPa) 

0.08 1907.7 391.4 1.07 1832.6 6.853 44.49 130.88 

 1909.9 405.4 1.02 1881.2 7.492 43.68 143.09 

 1879.5 391.1 1.04 1868.7 7.237 44.15 138.22 

Average 1899.0 

± 13.8 

396.0 ± 

6.7 

1.04 ± 

0.02 

1860.8 ± 

20.6 

7.194 ± 

0.263 

44.11 ± 

0.33 

137.40 ± 

5.02 

0.11 2150.9 379.8 0.89 2412.0 10.428 47.47 199.17 

 2393.7 492.6 0.85 2302.5 11.004 44.11 210.16 

 2525.1 458.4 0.92 2296.1 9.662 46.94 184.54 

Average 2357.6 

± 

155.0 

443.6 ± 

47.2 

0.89 ± 

0.03 

2336.9 ± 

53.2 

10.365 ± 

0.550 

46.17 ± 

1.47 

198.97 ± 

10.49 

0.14 2747.3 501.0 0.88 2394.1 10.581 46.77 202.08 

 2834.4 525.7 0.88 2370.3 10.532 46.42 201.14 

 2834.5 553.1 0.84 2408.3 11.440 46.15 218.50 

Average 2805.4 

± 41.1 

526.6 ± 

21.3 

0.87 ± 

0.02 

2390.9 ± 

15.7 

10.851 ± 

0.417 

46.15 ± 

0.65 

207.24 ± 

7.97 
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Appendix F: Preliminary Work 

 

Due to a long-term COVID-19 lockdown from August 2021 to December 2021, there was no 

capability for experiments last year for this project. However, the lab in which the experiments 

were conducted (Soft Tissues Laboratory, Department of Chemical and Materials Engineering, 

Faculty of Engineering) had conducted similar experiments over several years. One such 

experiment was conducted by an engineering undergraduate Final Year Project (FYP) student 

in 2014. There were some issues with the force measurement during these experiments, as the 

calibration factor for the load cell was incorrect. This issue was subsequently resolved but 

meant that this data could not be used in comparison with the present research. The processing 

of this data was included in this appendix because it was useful for understanding the 

experimental and theoretical approaches for the present research. 

 

 

F.1 Description of Experiment 

 

This student used the same setup as Workman et al. (2017), with a load cell as described in 

Chapter 5: Materials and Methods, and a high-speed camera to analyse the impacts. The 

purpose of this experiment was to analyse the force response of bovine articular cartilage when 

subjected to blunt impact and to determine qualitatively whether this cartilage is affected 

structurally during such impact (by analysing the video files). The load cell was connected to 

a charge amplifier, which was then connected to an oscilloscope to record the force data. The 

highspeed camera was connected directly to a computer, which recorded the video of the 

impacts. 

 

 

F.2 Analysis of Data 

 

Force Data Correction 

 

The force exerted on the load cell by the cartilage was measured with a sampling frequency of 

100 kHz. As the average impact was approximately 1.4 milliseconds, there were approximately 

140 data points over which the first impact occured, enabling close analysis of what is 

happening during each impact. However, these force measurements were incorrect when using 
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verification by impulse-momentum theory, and this was resolved to find out that the calibration 

of the charge amplifier in the experimentation was too high by approximately a multiple of 

two, meaning that the force output was doubled for the analysis. The force data hence was 

halved prior to analysis.  

 

Stiffness and Damping 

 

The dynamic properties of the cartilage were calculated using a logarithmic decrement method, 

the equations for which are described and explained in Chapter 5. This resulted in the damping 

ratio being calculated and from this, the stiffness coefficient and damping coefficient. 

 

Coefficient of Restitution 

 

The video files were analysed using motion tracking to determine the position of the indenter 

over time during impact and to determine the impact and rebound velocities. This motion 

tracking algorithm was a point tracking method, whereby a region of interest was selected 

encompassing the indenter. Points of interest were automatically determined (seen in figure 

A5.1, leftmost frame) and then tracked frame by frame (shown sequentially in figure A5.1, 

frames 2 through 4). The average position of these points was used to determine the position 

of the indenter in any given frame, given a known position in the initial frame, and a known 

displacement of the indenter edge from the cartilage sample for this frame.  
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From the tracking of the indenter displacements, the initial impact velocity and rebound 

velocity could be calculated. This was used to calculate the coefficient of restitution, which is 

simply the ratio of rebound velocity to impact velocity.  

 

F.3 Results for Healthy Cartilage Impact 

 

The results for healthy cartilage impact on fully intact cartilage-on-bone are shown in table 

A6.1. A wide variation in the results for damping and stiffness coefficients and damping ratio 

results from this dataset. The damping response and the stiffness coefficient are the most 

important outputs. The damping response varies from below 13% to approximately 35%, with 

the majority of results between 20% and 30%; the average is 24.7% (S.D. 6.6%). In the case 

of the extremes, this can be due to various factors, including insufficient hydration (for low 

damping responses) and non-flat surfaces (for high damping responses). 

 

Figure F1 - A sequence of images showing the initial selection of points and the subsequent 
tracking of these points across multiple frames prior to impact with cartilage. From left to 
right: initial frame and frames at further points in time from impactor release. 
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In general, a lower damping ratio should correspond to a higher coefficient of restitution due 

to less energy being absorbed by the cartilage-on-bone system. The coefficient of restitution is 

effectively a ratio of the energy return from the system to the energy input into the system, with 

a value of 1 corresponding to a fully elastic collision. In the data displayed in table F1, this is 

not obvious. A possible reason for this discrepancy is error in the calculation of rebound 

velocity.  

 

The stiffness coefficients in table F1 range from 2.39 MN/m to 4.74 MN/m, with the bulk of 

the data lying between 3 MN/m and 3.5 MN/m; the average is 3.21 MN/m (S.D. 0.47 MN/m). 

The data is mostly consistent across experiments. The time of impact is generally 1.35 

milliseconds and 1.5 milliseconds, with a few impacts being outside of this range; the average 

is 1.44 milliseconds (S.D. 0.09 milliseconds). The time of impact is generally consistent across 

experiments. 

 

F.4 Results for Impact on Bone 

 

The experimental procedure in 2014 also accounted for impact testing on subchondral bone in 

isolation. After an impact experiment had been conducted on a given cartilage-on-bone sample 

set in dental cement, the cartilage was removed and the experiment was repeated on the 

subchondral bone. There is some non-alignment of these results (presented in table F2) with 

the results presented in table F1; this was due to either a lack of a corresponding experiment or 

destruction of the bone samples. The samples included in table F2 are those where there was 

minimal to some destruction. The coefficient of restitution is not included in this table; 

comparisons of the damping and stiffness responses should suffice. 

 

The average damping response of impact on the subchondral bone was 23.9% (S.D. 6.1%). 

This was very similar to the average damping response of cartilage-on-bone (p = 0.815). The 

average stiffness response of the subchondral bone was 4.31 MN/m (S.D. 0.47 MN/m). This 

was significantly larger than the average stiffness response of cartilage-on-bone (p < 0.001). 

The average contact time of impact on subchondral bone was 1.23 milliseconds (S.D. 0.07 

milliseconds), which is significantly lesser than that for cartilage-on-bone (p < 0.001) and 

explains the significant difference in the calculated stiffness response. The average impact 

force on the subchondral bone of 2111 N (S.D. 136 N) was significantly larger than that for 

cartilage-on-bone impact (p < 0.001). Overall, the effect of the cartilage on the cartilage-on-
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bone unit is small compared with the bone in isolation in terms of damping response. Although 

it has a significant effect on the measured force and the calculated stiffness response, there is 

not a large difference. 
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Table F1 - Results from the 2014 FYP dataset for impact testing on cartilage-on-bone. The lack of displayed incident and rebound velocities and 
coefficient of restitution for experiments T1 through T7 was due to poor and inconsistent camera angles during the data collection process. 

Test First 

Impact 

Force 

(N) 

Second 

Impact 

Force 

(N) 

Contact 

Time 

(ms) 

Nominal 

Peak 

Stress 

(MPa) 

Damping 

Coefficient 

(Ns/m) 

Stiffness 

Coefficient (x 

106 N/m) 

Damping 

Ratio (%) 

Impact 

Velocity 

(m/s) 

Rebound 

Velocity 

(m/s) 

Coefficient of 

Restitution 

T1 1909 773 1.35 24.3 829.0 3.6297 27.65 Unable to calculate 

T2 2094 609 1.22 26.7 1252.4 4.7381 36.56 

T3 2045 848 1.33 26.0 819.4 3.7249 26.98 

T5 2077 1278 1.43 26.4 420.3 3.0589 15.27 

T6 1911 585 1.39 24.3 1053.6 3.6104 35.24 

T7 1893 725 1.46 24.1 814.3 3.1339 29.23 

T10 1917 957 1.41 24.4 610.2 3.2233 21.60 1.40 0.86 0.619 

T11 2063 1187 1.39 26.3 492.1 3.2598 17.32 1.38 1.02 0.738 

T15 1951 800 1.45 24.8 761.7 3.1400 27.32 1.39 0.86 0.616 

T17 1632 968 1.62 20.8 399.3 2.3923 16.41 1.38 0.94 0.684 

T19 1805 796 1.59 23.0 637.7 2.5808 25.23 1.40 0.94 0.668 

T20 1896 890 1.46 24.1 641.5 3.0323 23.41 1.39 0.95 0.682 

T21 2126 984 1.36 27.1 701.0 3.5015 23.81 1.39 1.02 0.737 

T22 2125 1422 1.37 27.1 363.1 3.3082 12.69 1.38 1.06 0.768 

T23 1864 873 1.52 23.7 618.0 2.7985 23.48 1.39 0.90 0.648 

T24 2124 1080 1.39 27.0 602.1 3.3084 21.04 1.38 1.00 0.726 

T25 2043 1108 1.43 26.0 529.8 3.1009 19.12 1.37 0.97 0.708 

T26 1900 929 1.47 24.2 602.1 2.9736 22.19 1.37 0.90 0.654 

T27 1920 982 1.43 24.4 581.1 3.1239 20.89 1.40 0.96 0.689 

T28 1705 594 1.63 21.7 840.0 2.5844 33.21 1.39 0.84 0.601 

T29 1956 595 1.45 24.9 1016.8 3.3233 35.45 1.40 0.87 0.622 

T30 1940 719 1.44 24.7 853.6 3.2405 30.13 1.39 0.97 0.698 

Average 1950 896 1.44 24.8 701.8 3.2176 24.74 1.39 0.94 0.679 

S.D.   128 221 0.09 1.6 216.5 0.4682 6.56 0.01 0.06 0.048 
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Table F2 - Results from the 2014 FYP dataset for impact testing on subchondral bone. Note that not all experiments from table 6.1 are shown. 
Also, note that the coefficient of restitution is not shown. 

Test First 

Impact 

Force (N) 

Second 

Impact 

Force (N) 

Contact Time 

(ms) 

Nominal 

Peak Stress 

(MPa) 

Damping 

Coefficient 

(Ns/m) 

Stiffness Coefficient (x 

106 N/m) 

Damping Response 

(%) 

T6 1918 907 1.41 24.4 657.5 3.2475 23.19 

T7 2092 726 1.25 26.6 1048.2 4.3537 31.94 

T10 2073 1013 1.20 26.4 738.8 4.4630 22.23 

T11 2221 1307 1.15 28.3 570.8 4.7511 16.64 

T15 2141 1023 1.16 27.3 788.2 4.7911 22.89 

T17 2047 1074 1.20 26.1 665.4 4.4214 20.11 

T19 2177 1261 1.27 27.7 532.3 3.9022 17.11 

T20 2058 1132 1.23 26.2 601.6 4.1843 18.69 

T21 2266 702 1.17 28.9 1239.9 5.0839 34.94 

T22 2332 1358 1.11 29.7 603.1 5.1053 16.97 

T23 1968 997 1.35 25.1 623.6 3.5092 21.14 

T24 2320 1131 1.21 29.5 735.1 4.3910 22.28 

T25 2277 899 1.25 29.0 920.4 4.2521 28.37 

T26 1844 504 1.30 23.5 1235.3 4.2312 38.16 

T27 1991 970 1.22 25.4 729.7 4.3197 22.32 

T28 2020 838 1.27 25.7 857.7 4.0849 26.98 

T29 2206 890 1.19 28.1 944.3 4.6743 27.77 

T30 2055 1144 1.28 26.2 566.5 3.8584 18.33 

Average 2111 993 1.23 25.5 781.0 4.3125 23.89 

S.D. 136 213 0.07 5.7 212.9 0.4744 6.10 
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F.5 Mechanical Simulation 

 

To validate the experimental results shown in table 6.1, a mechanical model of the cartilage 

impact was developed in MSC ADAMS, similar to that described in Chapter 7. A comparison 

of the force profile from impact on cartilage-on-bone with that of the MSC ADAMS model is 

shown in figure A6.2, for the experiment T10. The differences between these are similar to 

those between them for the present research, with a key difference being that the peak force is 

less similar to the present research.  For the dataset shown in table 6A.1, the average maximum 

simulated force during impact was 1531 N (S.D. 122 N). The average impact time was 1.16 

milliseconds (S.D. 0.18 milliseconds), compared with the average measured force being 1950 

N (S.D. 128 N) and the average measured impact time being 1.44 milliseconds (S.D. 0.09 

milliseconds).  

 

 

Figure F.2 - An example of the difference between the measured force profile and the 
simulated force profile, taken from experiment T10. Note that the simulated force response 
leads the experimental force response. 
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F.6 Issues With The Data 

 

The data recorded during the 2014 experiments had the issue of an incorrect calibration factor 

for the load cell, so it could not be used to compare with previous research. Furthermore, the 

useful comparison between healthy and mildly degenerate cartilage was not evaluated. As such, 

the present research was necessary.
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