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Abstract 
 

Articular cartilage is a biological tissue located in diarthrodial joints of vertebrate animals. It 

covers the ends of the long bones in a synovial fluid filled lined cavity. Although articular 

cartilage is only 2–4 mm thick, it can sustain extreme biomechanical conditions, while still 

maintain a remarkably low initial coefficient of friction (i.e., on the order of ~0.01), which 

outperforms the current best manufactured bearing, such as Teflon which can only achieve 

a coefficient of friction ~0.04. Furthermore, unlike most man-made metal bearings with 

very smooth contact surfaces, cartilage surfaces are rough, with peak asperity heights 

around 10 μm. The lubrication mechanisms have puzzled many engineers and researchers 

and remain to be controversial despite of half a century of investigation. A number of 

lubrication theories have been proposed in mixed-mode regime, among which weeping 

lubrication and boosted lubrication are of particular interest, as under contact the interfacial 

fluid flow directions are completely opposite in these two competing theories. Weeping 

lubrication hypothesised fluid would exude from cartilage tissue into the gap space to 

minimise direct solid-to-solid contact, while boosted lubrication argued fluid would 

ultrafiltrate into cartilage tissue, leaving behind a concentrated protein gel as boundary 

lubricant. However, due to the lack of direct experimental evidence, it is difficult to assess 

the plausibility of these hypothesises. Therefore, this thesis adopted a computational 

approach and developed a coupled cartilage contact model to investigate the interaction 

between contact gap and cartilage tissue, and their influences on joint lubrication. 

 

Literature review in Chapter 2 has identified a research gap in the existing cartilage contact 

models that the assumption of perfectly smooth surfaces was generally adopted to derive 

the cartilage contact models. However, in reality, the roughness is present on cartilage 

surface and the random asperity contact will form an interconnected pore space at the 

contact interface (termed as the “contact gap”), which plays an important role in cartilage 

lubrication. To this end, a contact gap flow model, which is presented in Chapter 3, was 

developed with experimental measurements of cartilage surface roughness (bovine medial 

tibia) and shear-thinning viscosities of synovial fluid as inputs. The results identified a 

turning point where the gap permeability reduced to less than the tissue permeability (at a 
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contact gap size ~1 μm and fluid pressure gradient ≤ 5 × 105 Pa/m in this study), which 

indicated that the lubrication mechanism could shift from weeping lubrication to boosted 

lubrication.  

 

In Chapter 4, the pathological changes of fluid flow in cartilage contact gap in 

osteoarthritic condition were also investigated using the contact gap flow model developed 

in Chapter 3. The results showed that the rougher surface of OA cartilage decreased gap 

permeability by around 30–60%. Moreover, the pathological synovial fluid had more 

deleterious effects on the gap permeability than the OA cartilage surface roughness, as it 

could potentially increase the gap permeability by a few hundred times for pressure 

gradients less than 106 Pa/m, which inhibited the fluid ultrafiltration into the tissue.  

 

In Chapter 5, on the basis of the contact gap flow model, a contact gap model was further 

derived and subsequently integrated to an existing cartilage tissue model, forming a coupled 

cartilage contact model. The contact gap is comprised of three sets of equations: (1) fluid 

flow was modelled by Darcy’s; (2) fluid exchange was modelled by the mass conservation 

equation; (3) the closure of the gap was approximated by an exponential constitutive 

equation. The contact gap model and tissue model were linked by three boundary 

conditions at the contact interface, they are the continuity of fluid pressure, normal fluid 

flux, and total surface traction. Using a tibial plug under indentation as a proof-of-concept 

model, the predictions supported the weeping lubrication theory under static compression. 

Specifically, the interstitial fluid would exude from the underlying cartilage into the contact 

gap to extend the mixed-mode duration by > 20-fold compared with a no fluid exudation 

counterpart. Moreover, the traditional contact model with the assumption of perfectly 

smooth surface, could potentially overestimate the interstitial fluid pressure compared with 

the proposed coupled model.  

 

As presented in Chapter 6, since experimental evidence has suggested the function of 

polymer brush border (PBB) on cartilage surface in joint lubrication, the proposed contact 

gap model developed in Chapter 5 was extended to incorporate the effects of PBB. In the 

modelling, the gap permeability was divided into two parts: for a gap size greater than 1 μm, 

the flow resistance was assumed to be dominated by the cartilage roughness, whilst for gap 

size less than 1 μm, flow resistance was assumed to be dominated by the surface polymers 

extending beyond the collagen network of articular cartilage. The gap permeability was then 

incorporated in the coupled contact model above. The results suggested that PBB could 

substantially sustain weeping lubrication by increasing the gap fluid load support (e.g., by 
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26 times after 20-min indentation compared with the test model without PBB). 

Additionally, the fluid flow resistance of PBB helped sustain the cartilage interstitial fluid 

pressure, and thus reduced the vertical deformation of the tissue.  

 

The last contribution of this thesis, which is presented in Chapter 7, was to introduce a 

probabilistic approach into evaluation of joint lubrication performance. The influences of 

the uncertainties of gap asperity stiffness, PBB thickness and cartilage surficial aggrecan 

content on joint lubrication were investigated. Specially, two scenarios were investigated, 

one representing the effects mechanical stimuli on lubrication (aggrecan content dependent 

asperity stiffness), the other one considering the influence of aggrecan shedding on 

lubrication (the dependence of PBB thickness on cartilage surficial aggrecan content). 

Although aggrecan content dependent asperity stiffness enhanced the mechanical 

resistance of cartilage tissue to external loading, joint lubrication performance could be 

impaired. In addition, increasing the loss rate of aggrecan caused more aggrecan molecules 

shedding through the surface. The aggrecan shedding could make PBB denser and thicker, 

which contributed to the maintenance of the lubrication performance in mixed-mode 

regime. 

 

The main contributions and findings of this research project are highlighted below: 

 A computational cartilage contact model under static compressive condition (i.e., 

representing two-legged stance) was developed to investigate the interaction 

between contact gap and cartilage tissue, and their influence on joint lubrication. 

 The contact gap permeability reduced with the closure of the gap and decay of gap 

fluid pressure. At a contact gap size ~1 μm and fluid pressure gradient ≤ 5 × 105 

Pa/m in this study, the gap permeability reduced to less than the tissue 

permeability. 

 Results of the developed cartilage contact model supported “weeping” lubrication 

theory, as the interstitial fluid exudation extended the mixed-mode duration by > 

20-fold compared with a no fluid exudation counterpart. 

 PBB could substantially sustain weeping lubrication by increasing the gap fluid load 

support (e.g., by 26 times after 20-min indentation compared with the test model 

without PBB). 

 A probabilistic approach accounting for the uncertainties and internal relations 

between the key parameters in contact gap and cartilage tissue could potentially 

result in more accurate evaluation of joint lubrication performance. 
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Introduction 
 

 

 Background 

There are totally 206 bones in the adult human body, the bones are connected to 

each other through joints (also called articulations) [1]. The joints are classified structurally 

into three types, namely fibrous, cartilaginous and synovial joints [1]. At fibrous joints, the 

bones are connected by fibrous tissue, for example, the bones in human skulls are 

connected by the narrow fibrous joints called suture. The cartilaginous joints are formed in 

locations where bones are united by hyaline cartilages or fibrocartilages, such as between 

the ends of ribs and spine bones. These two kinds of joints are also known as synarthrosis 

joints in function, which means they are immobile or have limited mobility, they serve the 

purpose to protect internal organs and retain body stability [1]. A synovial joint (also 

known as diarthrodial joint) is very different from the previous two joints that it allows for 

more extensive movements of the bones or limbs. Synovial joints are the most common 

type of joint in the body, such as the knee, elbow and shoulder joints [1]. 

The two key structural characteristics of a synovial joint that distinguish it from a 

fibrous joint or a cartilaginous joint are, firstly the presence of a joint cavity, and secondly 

the bones are not directly joined by fibrous connective tissue or cartilage [1]. Instead, 

cartilage only covers the ends of articular bone and the joint is bathed in synovial fluid 

confined in the joint cavity. A typical structural view is shown in Figure 1-1 (a). The 

synovial fluid is secreted from the synovial membrane, it is a blood plasma dialysate that 

contains proteins produced by the synovial lining cells [3]. Synovial fluid serves as lubricant 

and shock absorber to articular joints and also provide nutrients and oxygen to cartilage 

tissue [2]. This unique structure gives synovial joints extensive degrees of freedom which 

enable a wide range of body movements. For example, the allowable flexion, rotation and 

abduction/adduction of a knee joint is around 150°, 6° and 10° respectively [9]. 
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Figure 1-1. Schematic view of (a) a synovial joint [1] and (b) a knee joint [4] 

The knee joint is a typical synovial joint and it is also one of the most complex joints 

in the human body, in which three bones come into junction: femur, tibia and patella [5]. In 

addition, a knee joint also consists of meniscus, ligaments and cartilages. An anatomy of a 

knee joint is shown in Figure 1-1 (b). The meniscus are two pieces of crescent-shape 

fibrocartilaginous tissues, they are concave on the top and flat on the bottom, located in 

the inner and outer aspects of the knee. The meniscus helps to disperse the body weight 

applied on the knee joint and retain the stability of body [6]. The tibia and femur are not 

completely separated in a knee joint, they are connected by four short bands of tough 

fibrous connective tissues called ligaments [6]. The ligaments are crucial to knee stability 

and research has reported that people who experienced an anterior cruciate ligament (ACL) 

injury were at higher risk of developing osteoarthritis [7]. Articular cartilage is a remarkable 

load-bearing tissue in transferring the tibio-femoral contact forces. Knee joints are involved 

in a wide range of physiological activities such as standing, walking and stair climbing, 

which require knee joints to work under high loading. The average peak loads on knee 

joints during daily activities have been measured in vivo and compared with the body weight 

(BW). It is the highest during stair descending (3.46 times of BW), followed by stair 

ascending (3.16 BW), level walking (2.61 BW), standing up and sitting down may generate 

more two times of BW (2.46 and 2.25 BW respectively), even standing still on two legs 

would cause a single knee joint to withstand the total body weight (1.07 BW) [8]. For daily 

physical excises such as jogging, peak contact forces can even reach 5.84 BW [10]. This is 

because the joint load is not only produced by the tibio-femoral contact forces, the muscle 

forces and inertia forces are also involved. For example, in a simple toe-off action, the 

quadriceps muscle acts to stabilise the knee whilst the gastrocnemius muscle produces 
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plantar flexion at the ankle [5]. These muscle forces combined with the acceleration forces 

of the body movement generate the peak load on knee joint [9]. In terms of stress, Smith et 

al. [11] has conducted a simple calculation, assuming a 100 kg person has 1000 mm2 of 

contact area in each knee joint [12], the peak average stress during level walking was 

estimated to be around 4 MPa. Other in vitro measurements also revealed that a 2250 N 

static load would produce a peak stress of 11.1 MPa on a femoral head [13]. The high loads 

are decomposed into two components, compressive and shear forces, transferring to 

articular cartilage. 

Articular cartilage is also known as “hyaline cartilage”, in which “hyaline” is derived 

from the Greek and Latin words meaning “transparent” and “glassy”. Hyaline cartilage is 

different from fibrocartilage which has less flexibility and more toughness. Instead, it is 

histologically similar to elastic cartilages, such as in the outer ear, but with much fewer 

elastic fibres within the extracellular matrix [11]. Articular cartilage is a highly organised 

structure. The tissue contains two phases, a fluid phase that takes up 65–80% of the total 

weight, and a solid phase that consists of chondrocytes, collagens, proteoglycans and other 

matrix biomolecules [14]. The unique structure and composition of articular cartilage grant 

it excellent load bearing capability, although normal human knee joint cartilage is only 2–4 

mm thick. Under compression, the negatively charged proteoglycans are pushed closer to 

each other, which will enhance the repulsive force and hence increase the compressive 

modulus [15]. At the same time, the negatively charged proteoglycans will also result in a 

very low tissue permeability (around 10−15–10−16 m4/Ns) [17]. This means the interstitial 

fluid flow through the solid phase inside the cartilage tissue will experience a large drag 

force that generates pressure gradients [16]. Similar to a semi-undrained consolidation in 

soil mechanics, the interstitial fluid pressure will initially rise to support the applied load 

and gradually decline due to fluid exudation. By contrast, the solid phase will increase to 

compensate the declined fluid pressure. In an equilibrium state, the total applied load will 

be transferred to the solid phase.  

In addition to the load bearing capability, articular cartilage also exhibits remarkable 

lubrication capability and wear resistance to shear loads. The initial coefficient of friction 

can be as low as 0.001, which outperforms current man-made bearings [18]. Furthermore, 

unlike most man-made metal bearings with very smooth contact surfaces, cartilage is a soft 

and porous material, its surface is much rougher with the peak asperity height around 10 

μm [11]. Although it has been investigated for more than half a century, the lubrication 

mechanism of articular cartilage has not been fully understood. Knowledge gained from 

engineering tribology has been applied to study this biological problem. Since cartilages are 



Department of Infrastructure Engineering 

Chapter 1                                                                                       The University of Melbourne 

1-4 

submerged in fluid, it was argued that the two opposing cartilage surfaces were separated 

by a relatively thick fluid film, and so hydrodynamic lubrication was responsible for the low 

friction [19]. In addition, studies also revealed that boundary lubricants were either 

adsorbed from synovial fluid onto the cartilage surface, or secreted from the cartilage 

superficial zone to prevent mechanical wear [20]. Furthermore, the boundary lubricant 

layer is closed-packed, brush-like, strongly adsorbing and self-replenishing [21]. Other 

studies focused on the biphasic nature of articular cartilage and emphasised on the load 

support capability of the pressurised interstitial fluid inside cartilage tissue rather than the 

lubricants on the surface. It was explained that the high-level interstitial fluid pressurisation 

inside cartilage could minimise direct solid phase shear at the contact interface and hence 

reduce the friction [22]. Some researchers looked into the role of fluid exchange between 

the temporarily trapped fluid at the contact interface of two opposing cartilage tissues (due 

to rough surfaces) and the interstitial fluid inside the cartilage tissue in the mixed-mode 

regime. The concept of “weeping lubrication” was first proposed by McCutchen [23], 

according to this theory, the compression of asperities in the contact interface would 

pressurise the interstitial fluid within the cartilage, and the interstitial fluid would then flow 

down its pressure gradient to “weep” into the contact interface. With the pressurised 

incompressible fluid at the contact interface initially carrying most of the applied load, the 

friction is reduced significantly. This weeping lubrication mechanism can significantly 

extend the duration of lubrication, because the fluid lost from the contact gap can be 

replenished by the expelled interstitial fluid into the contact interface from the underlying 

cartilage. On the other hand, the competing boosted lubrication theory was proposed by 

Walker et al. [24], which argued that the pressurised synovial fluid was more likely to 

undergo ultrafiltration, that is the gap fluid would flow down its pressure gradient into the 

cartilage, leaving behind a concentrated protein gel as a boundary lubricant. An illustration 

of the lubrication mechanisms is shown in Figure 1-2. However, none of the above 

theories can individually provide comprehensive explanations to all aspects of synovial 

joint lubrication, therefore, a consensus has been reached that it may require a synergistic 

combination of various lubrication modes (i.e., fluid film lubrication, mixed-mode 

lubrication, boundary lubrication) to achieve the low friction and remarkable wear 

resistance of articular cartilage [39]. Furthermore, the activation of different lubrication 

mechanisms is triggered by different operating conditions [16].  
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Figure 1-2. An illustration of various lubrication mechnisms [21] 

Some experimental studies have shown that healthy normal human cartilage 

thickness does not vary much with age [25, 26]. However, many people still suffer from a 

cartilage loss pathology called osteoarthritis (OA). OA is a degenerative disease in synovial 

joints, it primarily affects the biological compositions and biomechanical functions of 

articular cartilage. The pathological changes of OA initiate at molecular scale (i.e., disorders 

in synthesis of collagen and proteoglycans [28]), and gradually spread to cartilage tissues, 

and further to ligaments, subchondral bones and synovial membranes [27]. In the early 

stage of OA, the symptoms are the degeneration of cartilage (e.g., softening and swelling) 

and some local fragmentation and fissuring are visible [30]. From biomechanical aspect, 

cartilage degeneration manifests as decrease in stiffness, increase in permeability and water 

content [29]. In the late stage of OA, the whole joint structure is affected, significant loss of 

cartilage is visible associated with exposed bones, the underlying bones are subjected to 

bone collapse, bone cysts and osteophyte formation [31]. A schematic view of early and 

late stages of OA is shown in Figure 1-3.  

The etiology of OA has not been completely understood yet, it is widely believed to 

be caused by mechanical factors, such as aging and wear, injury, overloading and trauma 

[32]. However, recent investigations have revealed that the process was much complex that 

the mechanical factors were not the only player, disruption of biological, biochemical, 

molecular and enzymatic feedback loops was also responsible to the cause of OA [33]. It is 

also believed that in healthy cartilage, there is a homeostatic balance between the synthesis 

and degradation of the cartilage matrix, and the cause of OA is a disruption of this balance 

[34]. The current treatments for OA mainly adopt non-pharmacological, pharmacological 

and surgical approaches [35]. Typical non-pharmacological treatments involve performing 
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exercise, weight control and physiotherapy. Pharmacological treatments include anti-

inflammatory drugs and injection of hyaluronic acid supplements. The surgical treatments 

employ invasive surgeries such as osteotomy, arthroscopy, cartilage transplant and joint 

replacement [35].  

In Australia, the number of OA patients has exceeded 2.1 million in 2015, which is 

about 9% of the total population [36]. Globally, for people over 60 years old, about 10% of 

males and 18% of females are suffered from OA [37]. As more and more Australian 

population is aging in the future, OA becomes a problem worth solving, and a detail 

understanding of the joint lubrication mechanism will be a good start. 

 

Figure 1-3. Schematic view of OA cartilage [31] 

 Research Goals and Significance 

The synovial joint lubrication mechanism has puzzled many engineers and clinicians 

for a long time. A better understanding of consolidation and lubrication of articular 

cartilage is required. This research project specifically focuses on investigating the 

lubrication mechanisms in the mixed-mode regime. The primary difficulties in this research 

area are the difficulty in performing in vivo experiments and the lack of theoretical (or 

computational) tools. Therefore, this research project primarily adopts a computational 

approach, and the research goals are detailed as follows: 

1. To develop a computational cartilage contact model considering the effects of 

surface roughness, polymer brushes and interfacial fluid flow on cartilage 

lubrication, to hopefully more accurately simulate cartilage contact in a static 

standing case. The model development involves the following steps: 
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(a). Develop a computational model for synovial fluid flow behaviour in the 

contact gap formed by two opposing cartilage tissues under contact. 

(b). Develop a contact gap model to describe the spatio-temporal changes of fluid 

pressure in the gap with respect to the asperity local deformation under cartilage 

contact. 

(c). Develop an integrated computational model consisting of the contact gap 

model and cartilage tissue model which are interactive through a few continuity 

boundary conditions. 

2. To assess the plausibility of the lubrication theories (weeping and boosted 

lubrication) using the developed computational mode. 

3. To develop a method accounting for the uncertainties and internal relations of the 

model parameters on the evaluation of cartilage lubrication performance. 

 

This research project has the following significance: 

 Gain fundamental understanding of cartilage lubrication. As mentioned above, 

the underlying mechanism of cartilage lubrication has not been fully understood. 

Different and opposite theories have been proposed. This project may help 

deepen the understanding of cartilage lubrication and clarify the basic issues (e.g., 

interfacial fluid exchange path). The research outcomes in this project could help 

understand the causes and find cures for osteoarthritis, and also make invaluable 

contributions to prevent cartilage wear and prolong its service life.     

 Advance basic science. Biotribology is a cutting-edge and rapidly growing science. 

It is also an interdisciplinary subject which involves solid mechanics, fluid 

mechanics, mechanobiology, etc. Knowledge gained in this project may help 

develop bio-inspired smart materials for civil, mechanical or biomedical 

engineering in the future. 

 Thesis Organisation 

This thesis consists of eight chapters. The seven chapters following this introductory 

chapter are arranged as follows: 

Chapters 2 presents an extensive literature review on previous studies on synovial 

joint lubrication. It covers the topics of cartilage compositions and mechanics, cartilage 
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surface roughness, rheology of synovial fluid, various lubrication theories and current 

research approaches (experimental and computational) in investigating cartilage lubrication. 

Chapters 3 presents a computational model that describes the synovial fluid flow 

behaviour in the micro-scale level and quantifies the permeability in the contact gap formed 

by two opposing cartilage tissues under contact. The model involves advanced 

mathematical algorithm to re-construct the experimentally measured surface topography 

and non-Newtonian viscosity of synovial fluid. 

In Chapter 4, the computational gap flow model developed in Chapter 3 is adopted 

to perform a comparison study of the fluid flow behaviour between healthy and 

osteoarthritic conditions considering the effects of the pathological states of surface 

roughness and synovial fluid. 

Chapter 5 develops an integrated cartilage contact model, in which the contact gap 

and cartilage tissue are modelled as two poroelastic systems and linked by continuity 

boundary conditions. Parametric studies of the effects of synovial fluid viscosity and 

roughness stiffness on joint lubrication are also conducted. 

Chapter 6 extends the contact model developed in Chapter 5 to incorporate the 

effects of polymer brush border on the surface, which involves dividing the gap 

permeability into two parts. Beyond polymer brush border, flow resistance is resulted from 

the roughness obstruction effect to viscous synovial fluid. Within polymer brush border, 

the fluid retention effect of the negatively charged polymers is accounted for. 

Chapter 7 proposes a probabilistic approach in studying cartilage lubrication. The 

influences of uncertain variables (i.e., polymer brush border thickness, cartilage surficial 

aggrecan content and asperity stiffness) on cartilage lubrication are analysed using the 

integrated model developed in Chapter 6. 

Finally, Chapter 8 summarises the main outcomes of this research, and gives 

suggestions for future studies. 
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Literature Review  
 

 

 Overview 

This chapter presents a systematic review on articular cartilage, synovial fluid, 

lubrication mechanisms of synovial joint, and current investigation methods. It covers the 

topics of compositions of cartilage and synovial fluid, mechanical properties of cartilage, 

rheological and viscoelastic properties of synovial fluid, cartilage surface roughness and 

measurement, different lubrication theories and current investigation techniques in 

studying lubrication of cartilage.  

 Compositions and Mechanics of Cartilage 

 Structure and Composition 

Cartilage is comprised of chondrocytes, extra-cellular matrix (ECM) and interstitial 

fluid [38]. Chondrocytes are specialised cells in cartilage, they produce the ECM of 

cartilage, which consists of collagen network, proteoglycan and glycoproteins with complex 

cross-linking [14]. Chondrocytes are embedded in the ECM and together they form the 

solid phase of cartilage. There are no blood vessels in cartilage to supply the chondrocytes 

with nutrients, instead, the nutrients are transported into the cartilage through diffusion 

process of synovial fluid exchange [40], therefore, cartilage grows and repairs much slower 

than other tissues and is prone to damage and wear [41].  

As shown in Figure 2-1, cartilage exhibits a zonal structure along its depth, which is 

classified into four zones: superficial tangential zone, middle zone, deep zone and calcified 

zone [43]. In addition, a surface amorphous layer that overlies the superficial zone has also 

been reported in recent studies [44–46]. 
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Figure 2-1. Cartilage zonal classification [47]  

The superficial (tangential) zone is the thinnest layer (10–20%) in tissue thickness 

[48], it is directly involved in cartilage contact and gliding. The water content and collagen 

are the highest in this zone, while proteoglycan content is the lowest [49]. The collagen 

fibrils in this zone are much smaller in diameter compared with those in other zones [50], 

but they are densely packed and oriented parallel to the surface [51, 52]. The compact 

collagen network gives cartilage high tensile stiffness in superficial zone [53]. In addition, 

the collagen network and proteoglycans are strongly interconnected in this zone, which 

helps cartilage resist shear loading [54]. The chondrocytes are relative flatten in an oval 

shape with the major axis parallel to the surface [55]. Chondrocytes are present in the lower 

part of the superficial zone [57], the cell volume is small, but the density is high in this zone 

[56].  

Recently, another layer known as surface amorphous layer (SAL) on top of the 

superficial zone has been identified thanks to the advanced microscopic techniques (e.g., 

cryoscanning electron microscope) [44, 58]. The image is reproduced in Figure 2-2. 

Although it has not reached a consensus on the composition and thickness of SAL, it is 

generally believed that typical SAL may range from 200 nm to a few microns [16, 45], and 

it contains no fibrils but a combination of sulphated sugars, hyaluronic acid, glycoproteins 

and lipids [16]. Investigations on this SAL have underlined its importance in cartilage 

lubrication. For example, experimental study has compared that removal of SAL by simply 

wiping it out would result in an escalation of friction [59]. Numerical studies have managed 

to model SAL as biphasic layer, the results suggested that SAL would delay the stress rising 

in cartilage solid phase under static loading [60], and protect the bulk cartilage tissue from 

shock loads [61].  
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Figure 2-2. Cryoscanning electron micrograph of (A) SAL and (B) cartilage [44] 

The middle (transitional) zone is the thickest zone (40–60% of the total thickness) 

[62]. In this zone, the diameter of collagen fibrils is greater than those in the superficial 

zone (2–3 times thicker) [53]. Furthermore, unlike those in superficial zone, the fibrils in 

middle zone are oriented randomly [70]. However, the collagen concentration is smaller 

compared with its counterpart in superficial zone [64]. The proteoglycan content is higher 

and increases with depth roughly in a linear manner [65]. The chondrocytes are in a more 

spherical appearance and also larger in diameter. Although the cell density is lower in 

middle zone, chondrocytes are more active than those in superficial zone [49]. 

In the deep (radial) zone, the water and collagen content are the lowest. The collagen 

fibrils in the deep zone are the greatest in diameter, they are anchored in the underlying 

calcified zone and aligned perpendicular to the surface [66]. The proteoglycan content is 

the highest in deep zone, but it remains relatively constant across the thickness of this zone 

[65]. The chondrocytes are arranged in groups of 4 to 8 cells in a columnar fashion that 

perpendicular to the surface [68]. The chondrocytes synthetic activity is the highest in deep 

zone [67].   

The calcified zone is the transition layer (3–8% of the total thickness) between 

cartilage and subchondral bone [69]. The separation line between calcified zone and deep 

zone is called the tidemark [70]. The calcified zone is highly mineralised with crystals of 

calcium salts, it is about 10–100 times stiffer than the cartilage above but less stiff than the 

underlying subchondral bone [71]. The calcified zone can transmit mechanical stress and 

biological stimuli from cartilage to subchondral bone [72]. Furthermore, the interstitial fluid 

can also be transferred between cartilage and subchondral bone through this layer [72]. 
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The key components of cartilage and their characteristics are reviewed below in 

detail. 

(a) Collagens 

The collagen network plays an important role in maintaining the structural integrity 

of articular cartilage. Collagen fibres take up more than 50% of the dry weight of cartilage 

[54]. In an adult articular cartilage, collagen network contains mainly type II collagen (up to 

90%), about 1% type IX collagen covalently linked to type II, 3% type XI and up to 10% 

type III collagen [73]. 

The collagen molecule is a long triple-helical structure, the molecules are then 

assembled in an exquisite architectural arrangement to form a collagen fibril. A schematic 

view of the micro-structure of a cartilage collagen fibril is shown in Figure 2-3 (a), which 

indicates that type II collagen fibril is actually a multi-molecular and multi-layered structure 

[11]. The nucleator core of type XI collagen is surrounded by type II collagen molecules to 

form the main body of a fibril [74]. The fibril grows in size when binding more type II 

collagen modules until it reaches a certain diameter. Type IX collagen covalently links to 

the surface and prevent further growth of the fibril [11]. The collagen fibril diameter of an 

adult human is around 100–200 nm [76]. The Col3 arms (sub-unit of type III collagen) 

attached to type IX collagen reach out from the main body, which is believed to “grab” 

aggrecans and increase mechanical entanglement between collagen fibrils and aggrecans 

[11, 75]. A collagen network is illustrated in Figure 2-3 (b), a collagen network model has 

been proposed and termed  the “collagen leaves”, in which collagen fibrils are weaved to 

form closely packed leaf-like layers [103]. The collagen leaves insert into bone in the deep 

zone, wrap over the cartilage and align tangentially to cartilage surface. There are also small 

fibres connected through between each collagen leaf [15]. 

Type II collagen is very special as it can only be found in articular cartilage, vertebral 

disc and elastic cartilage [11]. By contrast, type I collagen is the primary structural 

extracellular matrix fibre for tendons, ligaments muscles and bones, but not for articular 

cartilage and elastic cartilage [11]. This is because type I collagen is specialised in carrying 

tensile loads, while articular cartilage normally operates under compression loads. When 

articular cartilage is under compression, high concentration of aggrecan is required to resist 

the compressive load. Type II collagen is also involved in the load carrying action because 

it is specialised in retaining aggrecans [11], otherwise aggrecans will disperse into synovial 

fluid easily and provide less compressive resistance.  
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The special structural characteristics of collagen fibril gives it strong tensile strength 

(tensile stiffness of collagen up to 20–30 MPa [77]) but negligible compressive resistance, 

as the high slenderness ratio makes the fibril prone to buckling [78]. Therefore, collagen 

network can resist tensile stress resulted from applied loads and counter-balance the 

swelling pressure caused by aggrecans. In a steady state without external loading, collagen 

network is pre-stressed to the amount of the swelling pressure, which makes the cartilage 

surface appear to be very stiff [11]. Only when the compressive strain of applied load 

exceeds the initial strain of the swelling pressure, the collagen network becomes slack. 

 

Figure 2-3. Schematic view of collagen fibril [74] and collagen network [15] 

(b) Proteoglycans 

Proteoglycans are large molecules that take up 30–35% dry weight of cartilage tissue 

[49]. A single proteoglycan molecule contains a core protein and multiple 

glycosaminoglycans (GAGs) side chains (e.g., chondroitin sulfate, keratan sulfate and 
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dermatan sulfate [52, 57]) that are covalently bonded to the core, forming a bottlebrush-like 

structure [15]. There are a variety of proteoglycans in cartilage, such as aggrecan, decorin, 

biglycan, and fibromodulin [14]. Aggrecan is the largest in size, which contains more than 

100 chondroitin sulfate and keratan sulfate side chains [14]. Aggrecan is then non-

covalently attaches to hyaluronic acid to form a very large molecule known as 

“proteoglycan aggregate” [11], whose length can be measured up to 1 micron [79]. A 

schematic view of the structure is shown in Figure 2-4. 

 

Figure 2-4. Schemaic structure of proteoglycan aggreate [84]  

Aggregate is the major structural macromolecule of cartilage, which contributes to 

the compressive stiffness and water retention ability [80]. Since the GAGs are negatively 

charged, the repulsive forces between the adjacent aggrecans form the compressive 

resistance of cartilage when it is under compression [81]. In addition, the negative charge of 

GAG also gives rise to a high negative charge density [82], which causes aggrecans to 

imbibe water and cations from matrix or even from capsule [83]. Compressive load may 

drive GAGs closer together and hence further increase the charge density [82], this may 

partially explain the decreasing permeability with the increase of compressive strain as the 

water retention effect of aggrecan is enhanced. The compressive stiffness and water 

retention ability is related to the actual aggrecan concentration in extrafibrillar space [11]. 

Proteoglycans are enmeshed in collagen network, taking up most of the interfibrillar 

spaces. The linkage of proteoglycans to collagen network is either through chemical 

bonding or mechanical entanglement [53]. The non-aggregating proteoglycans are specially 

for the purpose of interaction with collagen [14]. For example, decorin and fibromodulin 

play a role in fibrillogenesis and interfibril interactions with type II collagen [14]. Biglycan is 

found to interact with type VI collagen in the surrounding of chondrocytes [14]. Both 

collagen network and aggrecans are responsible for the mechanical equilibrium and 

structural integrity of cartilage tissue. Experiments on rabbit ears has demonstrated that the 
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depletion of aggrecans could affect the function of collagen network [11, 85]. Following the 

injection of the enzyme papain into rabbits to digest aggrecans, the rabbit ears became 

slack and could not stand erected [11]. This is because the pre-tension of collagen network 

disappears with the digestion of aggrecans that produce the swelling pressure. However, 

after 3–4 days, the rabbit ears became erected again because chondrocytes secreted more 

aggrecans to restore the balance [85]. 

(c) Chondrocytes 

Chondrocytes are the only cell type found in cartilage, they only occupy less than 2% 

of volume per unit volume in normal cartilage [11]. In healthy cartilage of adult human, the 

density of chondrocytes is about 150 million per milli-litre in superficial zone, and 

decreasing towards depth, for example, at 1 mm below the surface the density reduces to 

around 50 million per milli-litre [11]. Chondrocytes are located in the ECM openings called 

“lacunae”, they are surrounded by the “pericellular matrix”, which has high concentration 

of proteoglycans and collagens (mainly type VI) [86]. A histological view of chondrocytes is 

shown in Figure 2-5. 

 

Figure 2-5. Histology of chondrocytes [87] 

The primary responsibilities of chondrocytes are growth and maintenance of cartilage 

tissue. Chondrocytes synthesise various macromolecules, including all structural 

components of cartilage (e.g., collagen, proteoglycan, linker protein, etc.), regulatory 

molecules that control the polymer assembly and signalling molecules that control cell 

behaviours [11]. The synthesis process is affected by a number of environmental stimuli, 

such as physical factors (e.g., stress and strain, pore pressure changes, electric current, etc.) 

and chemical factors (e.g., soluble mediators, interleukins, etc.) [49]. 

The structural arrangement of chondrocytes embedded in ECM is specifically 

designed to protect chondrocytes from intermittent compressive loadings experienced by 
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synovial joints. The in-situ compressive stiffness of chondrocytes is around 3–6 kPa [88], 

while the initial compressive stiffness of ECM is about three orders greater at around 0.5–5 

MPa [89], which indicates that under compression most of the load will be undertaken by 

the stiffer ECM, but chondrocytes still need to adapt to the local ECM strain and change 

of pore pressure [11]. It is also noted by experiment that the chondrocytes in deep zone 

would experience less local strain than those in superficial zone [90] because of the higher 

proteoglycan content in deep zone [11].  

 Mechanical Behaviours 

The presence of various components and their interactions with each other in 

cartilage makes the biomechanical behaviours inhomogeneous, anisotropic and nonlinear 

[42]. It is easier to understand the complex cartilage mechanics by treating cartilage as a 

biphasic material: a porous-permeable solid phase (i.e., ECM) fully saturated in an 

interstitial fluid phase [91]. The primary mechanical properties (e.g., viscoelasticity, 

permeability, compression, tension, chemical and osmatic swelling, shear and failure 

mechanisms) are reviewed below.   

(a) Permeability 

For cartilage, there are two types of energy dissipation mechanisms. One is due to 

the frictional drag associated with the interstitial fluid flowing through the pore walls of 

solid matrix, which is known as flow-dependent viscoelasticity. The other is called flow-

independent viscoelasticity that is intrinsic to the components of solid matrix, i.e., 

formation and breaking of temporary bonds between macromolecules [22].    

The flow-dependent component in loaded cartilage is affected by the permeability, 

which is a measure of the degree of difficulty for fluid to flow through porous material 

[78]. The permeability of cartilage tissue is very low, which means the frictional drag force 

generated from the interaction between interstitial fluid flow and the solid matrix is very 

high [78]. The cartilage permeability can be experimentally measured with the configuration 

shown in Figure 2-6. The cartilage specimen is hold in a fluid-filled chamber secured by 

two rigid porous blocks. The pressure in the upstream is held greater than the pressure in 

the downstream. The flow discharge volume per unit time Q is measure by a U-tube. The 

permeability coefficient κ is computed using Darcy’s law [92].  
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where A is the area of permeation; h is the thickness of the specimen. The typical 

permeability of cartilage is around 10−15–10−16 m4/Ns [17]. 

 

 Figure 2-6. Experimental configuration to measure cartilage permeability [15]  

However, permeability is not constant throughout the tissue due to the anisotropic 

and inhomogeneous structure of cartilage. The permeability of cartilage is the highest at its 

surface and decreases with depth [93], in a similar fashion to the distribution of aggrecan 

content. This is because the charge density increases with aggrecan content and causes 

cartilage to limit fluid flow. Experimental study has confirmed that the permeability of 

cartilage tissue is aggrecan-dependent and closely correlated with the actual aggrecan 

volume fraction in cartilage ECM [94]. Additional to aggrecan concentration, cartilage 

permeability is also dependent on compressive strain. The reason is obvious because 

interstitial fluid relies on the interconnected pore space to flow, and compaction of the 

solid matrix decreases the pore space and hence closes down some flow paths. It has been 

found that cartilage permeability decreases exponentially with compressive strain [96]. And 

a non-linear power law relationship has been widely used to describe the change of cartilage 

permeability against the compaction of solid matrix as follow [97], 

 0
0

1

1

M
e

e
 

 
   

 (2-2) 

where e0 and κ0 are initial void ratio and initial permeability respectively; M is a material 

constant. Furthermore, compressive strain may also cause further decrease of cartilage 

permeability because compression increases the actual aggrecan content and thereby 

increases the charge density. Even under the same compressive strain, cartilage 

permeability shows strong dependence on the applied pressure level. The study of Lai and 



Department of Infrastructure Engineering 

Chapter 2                                                                                       The University of Melbourne 

2-10 

Mow [111] suggested that permeability also decreased exponentially with the increase of 

fluid pressure. For example, by increasing the applied load by 10 times (from 0.172 to 1.723 

MPa), the initial permeability at zero strain was decreased by 73% (from 11 × 10−16 to 3 × 

10−16 m4/Ns) [111].  

(b) Tensile Behaviour 

In a uniaxial tension condition, collagen fibrils are responsible of the tensile stiffness 

of cartilage, and the magnitude of tensile stiffness is dependent on fibril orientation, fibril 

density and the level of collagen cross-linking [77, 82]. Since cartilage is a viscoelastic 

material that has both properties elastic solid and vicious fluid, in order to obtain the 

intrinsic tensile properties of the collagen network, it is necessary to suppress the effects of 

interstitial fluid flow [78]. There are two practical ways to conduct experiments [78], the 

first one is to apply the loading in a very slow strain rate [91], the second one is to achieve a 

near-equilibrium state before applying increment of strain [77]. However, it should be 

emphasised that only the equilibrium intrinsic tensile stiffness is obtained from these two 

test methods [78]. 

A typical tensile stress-strain curve of cartilage is shown in Figure 2-7, it is seen that 

the tensile stiffness is nonlinear and strain-dependent. There are two distinct regions, a toe 

region followed by a linear region (strains > 15%) [77]. Since the tensile stiffness increases 

gradually with strain in the toe region, it is more suitable to use the tangential modulus to 

describe the tensile stiffness of cartilage [78]. The tangential modulus gives a wide range of 

tensile stiffness from 3 to 100 MPa, however. If only focus on the physiological strain 

which is normally less than 15%, the tensile stiffness is around 5–10 MPa [77, 78]. The 

nonlinear behaviour of the tensile stiffness could be due to the cross-linking and re-

arrangement of collagen fibrils. In the initial toe region where strain is relatively small, the 

tensile forces break the cross-linking between the collagen fibrils and realign them to the 

force applied direction. With the increase of strain, the linear region is caused by the 

stretching of the already aligned fibrils. Finally, failure occurs when the fibril ruptures [78]. 
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Figure 2-7. Typical tensile stress-strain curve of cartialge [78] 

In addition, the tensile stiffness of cartilage also shows anisotropic (orientation-

dependent) and inhomogeneous (layer-dependent) characteristics [78]. On cartilage surface, 

the direction of collagen fibrils follows a split-line pattern, which can be determined by 

inserting a dissecting needle with Indian ink into cartilage surface. The orientation of 

cartilage collagen can be identified through the split at each needle inserting point [110]. 

The tensile stiffness of human humeral head cartilage samples taken parallel to the split 

lines is 8.22 MPa (at zero strain), which is greater than the stiffness measured perpendicular 

to the split lines (at 5.02 MPa). The difference is more pronounced when the tissue strain 

reaches 16% (i.e., parallel at 37.43 MPa, perpendicular at 18.13 MPa) [42]. Furthermore, the 

tensile stiffness measured from superficial zone where collagens are abundant and parallel 

to the surface, are significantly greater than that from middle zone where collagen density is 

low and the orientation is random [42]. 

(c) Compressive Behaviour 

As a bearing tissue, cartilage normally operates in long-term compressive loads. In a 

simple standing action, the compression load can be simplified as an abruptly applied 

impulse load in a very short time and then kept constant, as shown in Figure 2-8. Since 

both solid and fluid components in cartilage are incompressible, when the load is initially 

applied, cartilage volume does not change, and cartilage is deformed in shear. In this stage, 

cartilage is in an “undrained” condition because fluid has not enough time to escape [11], in 

which the applied load is completely undertaken by the pressurisation of interstitial fluid. 

Only when the fluid begins to exit the tissue, cartilage volume begins to change accordingly, 

where it is in a “drained” condition. With the constant load kept on and more fluid flowing 

out of the tissue, the cartilage consolidates with deceasing volume [11]. In this stage, the 
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interstitial fluid pressure subsides and the load carrying duty is shifted to the solid matrix of 

cartilage. This behaviour is called “creep”, the initial consolidation is relatively rapid due to 

fluid exudation, and then both fluid exudation and cartilage deformation gradually diminish, 

and finally come to a stop at an equilibrium state [11], which is shown in Figure 2-8. At 

equilibrium state, the interstitial fluid pressure drops to zero and the applied load is entirely 

supported by the solid stress. However, it does not mean that cartilage is “dry”, in fact, 

cartilage remains saturated with aqueous solution, but more fluid can be squeezed out with 

further increase of the applied load [11]. If the compressive load is incrementally applied, in 

each incremental step cartilage will go through the undrained, drained and equilibrium 

states [11]. 

 

Figure 2-8. Typical compressive behaviour (creep) of cartilage [78, 91] 

At equilibrium state with no fluid flow, the intrinsic aggregate modules of solid 

matrix can be measured based on the equilibrium deformation [78]. Three different 

experiment configurations are normally adopted, they are confined compression, unconfine 

compression and indentation. Cylindrical cartilage samples without subchondral bones are 

normally used in both confined and unconfined compression. A confined compression 

prohibits radial deformation and fluid loss, only allows fluid to exit through the rigid 

porous-permeable loading platen. The confined test configuration creates a uniaxial, one-

dimensional test field that eliminates the anisotropy in radial direction [78]. In a confined 

test, the aggregate modulus can be computed from the slope of the best linear-fitted trend 

line to the equilibrium stress against the applied strain [40]. The aggregate modulus is 

typically in a range of 0.5–0.9 MPa [112, 116]. In an unconfined test, loads are applied 
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through rigid impermeable platen, but samples are free to expand and drain radially [57]. 

The unconfined test configuration allows for equal and homogeneous deformation of the 

sample, and thus it simplifies the problem to be one-dimensional axisymmetric along radial 

direction [57, 63]. In an unconfined test, the elastic compressive modulus can be directly 

calculated from the stress-strain ration at equilibrium state [40]. The typical compressive 

modulus at equilibrium state of adult cartilage is 0.5–1 MPa [53]. An indentation test does 

not require to remove the underlying bone and hence it can be performed in-situ, the 

indenter can be either porous or impermeable usually with a dimension greater than 0.8 

mm [15]. Clinical indentation devices can even be used in vivo, which is operated under 

dynamic cyclic condition with a relevant frequency of 0.5–3 Hz, the average dynamic 

compressive modulus is around 2.6 MPa [113]. 

The magnitude of aggregate modulus H-A is strongly dependent on aggrecan 

concentration. It has been experimentally demonstrated that aggregate modulus H-A at 

equilibrium state increases with the increase of aggrecan content and decreases with the 

increase of water content [105, 114]. A quadratic relationship has been proposed to 

correlate the aggregate modulus H-A with the aggrecan volume fraction [95, 115],  

 2
1 2A agg aggH c c     (2-3) 

where cagg the actual aggrecan concentration respectively. α1 and α2 are empirical constants. 

The aggrecan concentration is inhomogeneously distributed throughout cartilage depth. It 

is measured to be lowest in superficial zone, increases linearly with depth and reaches its 

peak in middle zone, then remains relatively constant in deep zone [117].   

(d) Tension-Compression Nonlinearity 

The tension and compression behaviours of cartilage are not just anisotropic and 

inhomogeneous, it also exhibits tension-compression nonlinearity, that is the tension 

stiffness could be one or two orders of magnitude higher than the compressive stiffness 

[42]. For example, in the study of Huang et al. [42], the average tensile stiffness measured 

from glenohumeral joint cartilage at zero strain condition was 3.90 MPa, which was 27 

times greater than the aggregate modulus (0.145 MPa). The high disparity between tensile 

and compressive stiffness is believed to be important in maintaining the high interstitial 

fluid pressure in cartilage [116]. This is because higher tensile stiffness can restrain the 

lateral expansion of cartilage under compression, which enhances the interstitial fluid 

pressurisation which is believed to be the main reason for reducing friction and surface 

wear in biphasic lubrication theory [22, 118]. In addition, since fibrillation causes a 
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reduction in tensile stiffness on the surface [119], it is also reasonable to believe that loss of 

the high ratio of tensile over compressive stiffness is a sign of cartilage early degradation 

and may lead to further tissue degeneration [42]. 

(e) Swelling Behaviour 

Cartilage swelling is the result of two effects, chemical expansion and Donnan 

osmotic swelling [57, 98], which can be ultimately traced back to the characteristics of the 

key structural component of cartilage. In cartilage, proteoglycan aggregates are restrained in 

collagen network, the GAG side chains contain densely packed fixed anionic groups, such 

as SO3
- and COO- [78].  

In the ECM environment, the proteoglycan aggregates are restrained in a smaller 

space (around 1/5 of the space) compared with that in a proteoglycan only solution [99]. 

The confined environment renders the fixed charged GAG side chains to be located very 

close to each other, resulting in charge-to-charge repulsive force on each other [98]. This 

electrostatic repulsive force causes the swelling of the ECM, which is known as the 

chemical expansion.    

The Donnan osmotic swelling is also caused by the GAG negatively charged groups 

but in a different mechanism. The density of this negatively charged groups is called fixed 

charged density (FCD). In normal physiological condition, FCD in cartilage is around 

0.04–0.18 mEq/g of wet tissue [98, 100]. In order to restore eletro-neutrality, the negatively 

charged groups bind counter-ion (e.g., Na+) from nearby environment (NaCl solution from 

the synovial fluid). This makes the ion concentration inside the cartilage always higher than 

the surrounding synovial fluid. The imbalance of ion concentration results in a 

phenomenon called osmosis, that is the fluid flowing from low concentration (synovial 

fluid) to high concentration (cartilage), which makes cartilage swell, until the concentration 

of both sides is equal to each other [57, 101]. The osmotic swelling plays an important role 

in cartilage recovery from high compressive strain [57]. If only rely on the chemical 

expansion, cartilage can only recover partially (from the elastic solid matrix [57]) as the 

interstitial fluid has been wrung off. However, since cartilage is immersed in synovial fluid 

once unloaded cartilage can imbibe water from its surrounding environment to gain a full 

recovery [57, 102]. 

The work of Lai et al. [98] has proposed a triphasic model of cartilage by adding the 

ion phase (cations and anions of a single salt NaCl) as the third phase. In their theory, the 

fluid stress is comprised of two parts, the excess pore water pressure and the osmotic 

pressure [11]. The expression of the osmotic pressure is given below [78, 98], 
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* *[ (2 ) 2 ]FRT c c c P        (2-4) 

where R is the universal gas constant. T is the absolute temperature. c is the ion 

concentration inside cartilage. c* is the ion concentration of the external environment. cF is 

the CFD. φ and φ* are osmotic coefficients. P∞ is the osmotic pressure caused by 

concentration of proteoglycans. It has been estimated that osmotic pressure may contribute 

to less than 5% of the load support [78, 109], which suggests that for very small loads, 

osmotic pressure is adequate to resist them, however, for heavy loads in daily activities, 

interstitial fluid pressure is still the predominant contributor [78]. Although introduction of 

the third phase may not significantly advance the understanding of cartilage lubrication 

behaviour, it is more useful to elucidate potential mechanosignal transduction mechanisms 

in cartilage, such as their effects on chondrocyte function [78].  

(f) Response to Shear  

For viscoelastic material that has both solid and fluid properties, it is useful to use 

“dynamic shear modulus” to describe the stress and strain relationship. The expression of 

dynamic shear modulus magnitude G* and phase shift angle δ are given as follows [78], 

 
   

2 2 2*

1

;

tan ( / )

G G G

G G 

  

 
 (2-5) 

where G' is the elastic storage modulus. G'' is the viscous loss modulus. The phase shift 

angle δ is a measure of the total frictional energy dissipated within the material, it is 0° for 

pure elastic material (indicating no internal dissipation), and 90° for pure viscous fluid [78].  

The method for cartilage testing is by applying a steady sinusoidal torsional shear 

with a frequency range of 0.01–20 Hz to a cartilage specimen, and measure G' and G'' for 

shear strains ranging from 0.2% to 2% [78, 104]. The dynamic shear modulus of normal 

bovine cartilage is around 1–3 MPa, and phase shift angle is 9°–20° [78, 104]. It is believed 

that the collagen network must be responsible for cartilage shear stiffness, because another 

experiment has shown that the dynamic shear modulus and phase shift angle of a 

proteoglycan only solution of the same concentration as cartilage varied significantly from 

the typical values of cartilage [78, 105].   

In daily activities, cartilage is normally subject to long-term compressive loads and 

intermittent shear loads [11]. Even the compressive load can also generate shear stress in 

cartilage. By taking the free body diagram with an inclined cut, the resultant compressive 

force is decomposed to two components (i.e., parallel and normal to the cut surface), the 



Department of Infrastructure Engineering 

Chapter 2                                                                                       The University of Melbourne 

2-16 

parallel force component is the cause of shear stress [15]. The shear stress is expected to be 

resisted by collagen network in tension in a similar manner to stirrups in reinforced 

concrete. It is found that collagen network damage due to shear stress usually occurs in 

cartilage middle zone [11], and the shear damage is localised because the collagen network 

in middle zone is heterogeneous in its tensile fatigue properties [11, 106]. Another shear 

stress generated by compression that may be overlooked is at cartilage and subchondral 

bone interface [15]. This is because for a Poisson’s ratio of cartilage ranging from 0–0.42 

[107], the compressive force will generate lateral expansion that is restrained by the 

calcified bed, which causes local shear stress concentration (see Figure 2-9). It has been 

tested experimentally that under compressive impulsive load, the shear damage at cartilage-

bone interface was more severe that it could lead to degeneration at cartilage base or even 

osteoarthrosis [108]. 

 

Figure 2-9. Shear stress at cartialge-bone interface by impulsive compression [15] 

In addition, the repeated shear loading on cartilage surface also generate shear stress 

and more importantly abrasive wear. Smith et al. [11] has provided a new thought in the 

clever design of the collagen network in reducing surface wear. As shown in Figure 2-3 (b), 

the collagen leaves (or sheets) are anchored to the bones and warp over the cartilage, 

forming a “compliant attachment” [11]. The key function of this compliant attachment is 

load sharing, it reduces the in-plane shear load encountered by the collagen network in 

superficial zone, by allowing certain deformation to occur for the collagen network in 

middle and deep zone but without excessive tension [11]. In other words, it shifts certain 

amount of shear stress on the collagen sheet of the superficial zone to those in the middle 

and deep zone due to the continual collagen sheet and anchorage system, rather than 

retaining them all in superficial zone [11]. 
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(g) Damage and Degeneration Modes 

The degeneration of cartilage is manifested as swelling, loss of stiffness, increase in 

permeability and water content [82]. It is evident that swelling of cartilage is due to the 

damage to collagen network [122], which can be classified into two major types: loss of 

fibril interconnectivity [123] and fibril plastic stretch [121]. 

Lewis et al. [124] have found that at the tips of surface cracks on cartilage, most 

collagen fibrils were partially peeled apart and “tied” together to form aggregated parallel 

bundles [123], which was been attributed to the failure of collagen fibril bonding and thus 

identified as the onset of crack propagation [124]. There are two major bonding types in 

the collagen fibril connectivity as shown in Figure 2-10 (a), one is through fibril direct 

physical entwinement which can only be broken by fibril rupture, the other one is non-

entwinement-based interaction which is an indirect bonding via some mediating 

components (i.e., nonenzymatic glycation products) [123]. Broom et al. [120] proposed an 

interweaved collagen network model (with 30% physical entwinement and 70% non-

entwinement-based interaction) and predicted its partial and advanced damage forms (see 

Figure 2-10 (b)). The transmission electron microscope (TEM) of the degenerated collagen 

network (reproduced in Figure 2-10 (c)) favoured this mixed interconnectivity model, as 

both model simulation and experiment observation exhibited extended fibril aggregation 

[120]. Another failure of collagen network is the permanent stretch, which means that the 

collagen fibril is plastically deformed and cannot return to its original state [11, 125]. It has 

been experimentally tested that the elongation ranged from 2% to 140% of the initial 

specimen length [106]. The test also indicated that the collagen fibres in middle zone were 

much weaker than those highly packed and ordered collagen fibres in superficial zone and 

deep zone [106]. Clark and Simonian [121] also found that the interfibrillar loosening 

would initiate in middle zone rather than superficial and deep zone. It has also been 

predicted that the fatigue failure number of load cycles might be around 1.5–2 million [106]. 

One of the most significant consequences of the degeneration of collagen network is 

the loss of retention of proteoglycan aggregates [82, 126]. In addition, aggregates can also 

suffer from fatigue damage from continual squeezing and relaxing of cartilage tissue. 

Moreover, aggregates can even be tore apart (i.e., rupture of aggrecan from hyaluronic acid) 

due to occasionally violent pushing and pulling [11]. The fragmented aggrecan may be 

rejected out of tissue into synovial fluid, which is responsible for the reduction in 

compressive stiffness and increase of tissue permeability. There is another failure mode 

called “segregation” of the collagen network and aggrecan, which occurs when biaxial 

stresses (i.e., tensile in one direction and compression in the other direction) force 
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aggrecans to flow through the openings of collagen network, and at the same time collapse 

the collagen fibrils into compact bands [11].  

 

Figure 2-10. Damage to collagen fibril interconnectivity [120] 

The compromise of compressive stiffness and increase of permeability result in 

higher loads on solid matrix and thus greater deformation under the same physiological 

loads, which may ultimately cause damages to chondrocytes. These abnormally high stress 

and strain levels, together with other mechano-electrochemical changes can trigger an 

imbalance of chondrocyte anabolic and catabolic activities, further contributing to a 

deleterious cycle of progressive degeneration of cartilage [78]. 

 Synovial Fluid 

 Synovial Membrane 

Synovial fluid is secreted from synovial membrane (or synovium) which is a 

connective tissue extended from the edge of the articular bones in a synovial joint [128], as 

shown in Figure 1-1 (a). It usually has two layers: an intimal layer which is a thin internal 

surface layer of two to three cells deep and has no basement, and a deeper subintimal layer 

which is a loose, areolar and fibrous layer [127]. A microscopy of a 5-μm section of 

synovial membrane is shown in Figure 2-11. The subintimal tissue is highly vascular and it 

functions like a filter that prevents large molecules (e.g., blood cells and platelets) from 



Department of Infrastructure Engineering 

Chapter 2                                                                                       The University of Melbourne 

2-19 

entering synovial fluid but allows small molecules typically less than 10 kDa (e.g., glucose 

and oxygen) to pass through [127, 128]. This filtration is one of the primary functions of 

synovial membrane as it regulates the composition of synovial fluid [127, 128]. There are 

two major types of intimal cells: fibroblasts synovial cells (type B cells) and macrophage 

synovial cells (type A cells), which fulfil another primary function of synovial membrane, 

that is the regulation of metabolic process [127]. The type A cells are responsible for 

removal of unwanted substances from synovial fluid, and the type B cells are responsible 

for protein secretion, such as hyaluronan and lubricin that are the important components 

of synovial fluid [127]. 

 

Figure 2-11. Microscopy of a 5-μm section of synovial membrane [127] 

Synovial villi are projected into the joint space from synovial membrane, villi are 

vascular but do not contain lymphatic vessels [11]. Synovial fluid originates from villi, flows 

to joint space and circulates back to lymphatic vessels in subintimal layer [11]. In this 

circulation, synovial fluid carries nutrients (e.g., oxygen, growth hormone, etc.) that nourish 

chondrocytes in cartilage, and removes the unwanted substance (e.g., cytokines, signalling 

molecules and debris of cartilage ECM) from joint space to lymphatic vessels [11]. Smith et 

al. [11] has compared synovial fluid to the “hand-maiden of articular cartilage”, although its 

volume is very small, normally less than 5 mL in adult knee joint [129, 153]. The turnover 

rate of synovial fluid is also very important for the maintenance of cartilage. It has been 

reported that synovial fluid was replaced every 8 hours for pigs [130], and it was even more 

rapid for human (around 1 hour in normal knees [131]). Zhou et al. have found out that 

increasing the turnover rate (by increasing the number of lymphatic vessels) in mice could 

reduce the severity of joint inflammatory, and reducing the turnover rate would worsen the 

inflammatory arthritis [11, 132, 133].  
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The degeneration of synovial membrane will cause impairment or even damage to 

cartilage. For example, both decrease and increase of membrane permeability result in 

membrane inflammation. Decrease of membrane permeability may result in filtration of 

glucose and thus disrupts energy supply to chondrocytes. On the other hand, increase of 

permeability may give rise to the entrance of more fibrinogen and thus cause clotting of 

synovial fluid [128]. Therefore, the regulation role of synovial membrane to synovial fluid is 

of great importance to the tribological performance of synovial joint. 

 Composition of Synovial fluid 

Synovial fluid is a mixture of protein-rich ultrafiltrate of blood plasma and 

hyaluronan produced by type B cells (synoviocytes) [131]. Normal synovial fluid is 

transparent, viscous, and an egg white-like material [2]. The chemical compositions of 

synovial fluid are complex, it is primarily comprised of protein, hyaluronic acid (HA) and 

phospholipids [128]. Table 2-1 (summarised by Mazzucco [128] and Fam et al. [2]) reports 

the various components and their typical ranges of concentrations in normal, osteoarthritis 

(OA) and rheumatoid arthritis (RA) synovial fluid.   

Protein is the richest component in synovial fluid if water is excluded. As shown in 

Table 2-1, the protein content is dependent on the pathological state of synovial fluid. It is 

commonly accepted that the protein content is close to 20 mg/mL for healthy synovial 

fluid extracted from human knee joint [128]. Notably, the protein content increases 

significantly in pathological conditions. For example, it is almost double in OA joints to 

around 35 mg/mL [136], and it is even higher in rheumatoid joints at about 65 mg/mL 

[136]. This remarkable increase in protein content may suggest that the filtration function 

of synovial membrane is impaired [128].  

Table 2-1. Composition of synovial fluid [2, 128] 

Component Normal OA RA 

Protein 10–30 mg/mL 24–44 mg/mL 27–63 mg/mL 

HA 
Mw ~6.3–7.6 MDa 

2–4 mg/mL 

Mw ~1.1–3.5 MDa 

0.5–1 mg/mL 

Mw ~3.2–6.8 MDa 

0.1–0.9 mg/mL 

Phospholipids ~0.1 mg/mL 0.1–0.5 mg/mL 0.4–0.8 mg/mL 

Triglycerides 0 0.12–0.59 mg/mL 0.17–1.00 mg/mL 

Cholesterol 0.07–0.08 mg/mL 0.04–1.69 mg/mL 0.76–1.30 mg/mL 

 

The main protein found in synovial fluid is albumin (55–70%) and alpha, beta and 

gamma globulins (30–45%) [11]. Large proteins such as fibrinogen, immunoglobulin IgM, 
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and the metalloproteinase inhibitor, α2-macroglobulin are of very small amounts in normal 

synovial fluid, but their concentrations increase in pathological conditions [2, 134]. In 

addition, synovial fluid also contains a small amount of lubricin, which is a surface-active 

mucinous glycoprotein. In normal synovial fluid, the concentration of lubricin is around 

364 μg/mL, and unlike protein content, the concentration of lubricin decreases 

significantly in pathological conditions, around 152 μg/mL in late OA and 139 μg/mL in 

RA [135]. A lubricin molecule has three domains as shown in Figure 2-12 (a), the central 

domain mostly contains negatively charged amino acids, the ends contain positively 

charged hydrophobic amino acids [142]. Lubricin is highly similar to mucin proteins which 

particularly bind to epithelial surfaces and form a gel-like protective layer (“mucus”) [142]. 

Lubricin plays an important role in the boundary lubrication mode, which is discussed in 

Section 2.4.2. 

HA is a glycosaminoglycan comprising alternating N-acetyl-D-glucosamine and D-

glucuronic acid units [2], whose chemical structure is shown in Figure 2-12 (b). HA is a 

long and unbranched chains secreted by type B cells, it is the largest molecule and the 

second most abundant component (less than protein) in synovial fluid [128]. Normally, HA 

is chemically bound to proteins, forming an HA-protein complex that affects the flow 

properties of synovial fluid [143]. The flow properties of synovial fluid are characterised by 

the concentration and molecular weight of HA [128]. The hyaluronidase digesting HA 

method used by Balazs et al. [147] is thought to be reliable and representative [128], and the 

HA concentration is reported in a range of 1–4 mg/mL in normal synovial fluid. The HA 

concentration of pathological synovial fluid is usually found to be less than 1 mg/mL [136]. 

The concentration of 1 mg/mL is found to be a key threshold for flow property of 

synovial fluid. At lower concentration (< 1 mg/mL) HA chains exist as extended random 

coil and flow freely in the solution, while at higher concentration (> 1 mg/mL) HA chains 

entangle with each other and form a transient network which is stabilised by hydrogen 

bonds and non-covalent intermolecular associations [2, 144]. In addition, the concentration 

of HA is also characterised by the molecular weight. The mass average molecular weight 

Mw is widely used for quantification, it is computed by summing the mass at each molecular 

weight over all molecular weights and divided by the total mass of HA in the sample [128]. 

In healthy synovial fluid, mean molecular weight of HA ranges from 2 × 106 Da to 7.6 × 

106 Da [146]. It is also found that it requires a molecular weight more than 1.2 × 106 Da for 

the formation of entanglement network, while entanglements are absent when HA 

molecular weight is less than 0.15 × 106 Da [145].  
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Although HA has many functions in synovial fluid, such as healing and reducing scar 

formation [128], it is primary role is to determine the rheological behaviour of the synovial 

fluid that significantly affects the hydrodynamic lubrication of synovial joint [146]. The 

entanglement of HA is responsible for the viscosity and shear-thinning effect of synovial 

fluid. In addition to entanglement, the hydrogen bonding between HA chains also plays 

important roles. It has been found out that the presence of additional urea and guanidine 

hydrochloride in synovial fluid would decrease the viscosity because urea and guanidine 

hydrochloride could break the hydrogen bonds [148]. Since glucose can create new 

hydrogen bonds, the presence of more glucose may increase the storage and loss moduli of 

synovial fluid [149].  

Phospholipid is also a candidate for boundary lubricants, however, their presence in 

synovial fluid is found in small amount. The phospholipid content is at 0.13–0.15 mg/mL 

in normal synovial fluid, and it also increases significantly in pathological conditions (i.e., 

0.26–0.98 mg/mL in OA, 0.40–1.40 mg/mL in RA) [137]. Phospholipids are characterised 

for their partly hydrophilic and partly hydrophobic property, so that the macromolecules 

are automatically organised in water with their hydrophilic “heads” turned to the water-

molecule interface and hydrophobic “tails” cluster in the opposite direction (see Figure 

2-12 (c)) [11]. Therefore, it forms a surface-active phospholipid layer (SAPL) that covers 

the surface of cartilage as boundary lubricant [138]. The influence of phospholipid on 

cartilage lubrication is also discussed in Section 2.4.2. 

In addition to protein, HA and phospholipid, there are a number of other 

components in synovial fluid that are worth noting. Synovial fluid also carries a small 

amount of glucose (5.5 mmol or 1 mg/mL in average [11]) as the energy supply to 

chondrocytes. Meanwhile, chondrocytes also store glucose in form of glycogen as the 

backup for energy consumption [11]. There are also dissolved oxygen and carbon dioxide 

(CO2) in synovial fluid and their presence affects the pH values of synovial fluid [128]. The 

normal pH value of healthy cartilage is 7.4, while in OA condition pH tends to increase to 

around 8 [141]. The pH value in synovial fluid has strong influence on the rheology of HA 

[140]. Furthermore, certain joint disease can be diagnosed clinically by measuring the 

concentration of certain composition. For example, the concentration of lactate is small in 

healthy synovial fluid (less than 25 mg/dL), however, it can rise to 1000 mg/dL in septic 

arthritis, which is a diagnostic potential for predicting joint disease [139]. 
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Figure 2-12. Key components of synovial fluid and their characteristics  

 Rheological and Viscoelastic Properties  

(a) Rheological Properties 

Rheology is the study of the flow behaviour of liquids. The steady shear viscosity η is 

a typical rheological parameter that describes the resistance of fluid to deformation [151]. 

In a two-dimensional Couette flow, the fluid flow is parallel to x-direction between two 

parallel plates separated at a fixed gap height h in y-direction, and the lower plate is kept 

still while the upper plate is pulled by a force Fx in x-direction and eventually moves at a 

steady velocity v0. The flow shear stress τyx is the stress parallel to the plate surface A, τyx = 

Fx/A. Shear rate γ is the change of the velocity between fluid, γ = dvx/dy = v0/h, where vx 
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is the velocity at position y, vx = (y/h)v0. A relationship between fluid viscosity, shear stress 

and shear rate can be established as follows, 

  x
yx

dv

dy
        (2-6) 

For Newtonian fluid, the relation of shear stress and shear rate follows a linear 

constitutive equation, which indicates that the viscosity is a constant and independent of 

shear rate. There also exists non-Newtonian fluids whose behaviours do not follow the 

Newton’s law of viscosity. For example, the viscosity of shear-thickening fluid increases 

with the rate of shear strain, by contrast, viscosity decreases with the rate of shear strain for 

shear-thinning fluid. In addition, some non-Newtonian fluids also exhibit time-dependent 

changes in flow behaviours [150]. For example, a thixotropic fluid becomes less viscous 

(i.e., viscosity decreasing) over time under the same shear rate. Conversely, a rheopectic 

fluid becomes more viscous (i.e., viscosity increasing) over time under the same shear rate. 

Synovial fluid is a typical shear-thinning and rheopectic fluid, its rheological properties are 

usually measured by rheometers. 

 

Figure 2-13. Rotational rheometers and test geometries [152] 

A rheometer is a laboratory instrument in studying the rheology of fluids, especially 

for those fluids cannot be defined by a single value of viscosity [150]. Rotational rheometer 

is frequently used, the two major forms are shown in Figure 2-13 (a). One is called the 
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“dual head”, in which strains or rotations are applied through a drive motor on one side 

and the generated torques or stresses are measured by the transducer on the other side. The 

other one is known as the “single head” which sits on a stable plate, torques or stresses are 

applied through a non-contact drag cup motor, and the generated strains or rotations are 

measured by a displacement senor above the motor [152]. In addition, there are three types 

of test geometries shown in Figure 2-13 (b): concentric cylinders (for low to medium 

viscosity), cone and plate (for medium to high viscosity) and parallel plate (for high 

viscosity or even soft solids) [152].   

The rheometer measures three key experimental parameters (angular displacement 

θ(t), angular velocity Ω(t) = dθ/dt, and torque M(t)). The measured parameters are 

transferred to fluid properties (stress τ(t), strain γ(t), strain rate γ(t) and viscosity η(t)) 

through the following equations [152], 
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where Kτ is the strain constant and Kγ is the stress constant, they are the geometric factors 

dependent on the test geometries and configurations. A summary of the expressions of Kτ 

and Kγ for the three test geometries shown in Figure 2-13 (b) is presented in Table 2-2. For 

the concentric cylinder test, R1 and R2 are the radii of the inner and outer cylinders 

respectively, L is the bob length. For the cone and plate test, β is the cone angle, R is the 

radius of the rotational plate. For the parallel plate test, H is the gap height between the 

two parallel plates, R is again the radius of the two plates. 

Table 2-2. Summary of the geometric factors for different test geometries [152] 

Test geometry Strain constant Kγ Stress constant Kτ 

Concentric cylinder 2/[1−( R1/ R2)2] 1/2πLR1
2 

Cone and plate 1/β 3/2πR3 

Parallel plate R/H 2/πR3 

 

The rheological measurements of synovial fluid have been performed by many 

researchers [153, 159, 160]. The study of Schurz and Ribitsch [153] is very representative as 

the data of normal synovial fluid has been compared with those in pathological joints, i.e., 

degenerative (OA) and inflammatory (RA) joints. Their results are reproduced in Figure 



Department of Infrastructure Engineering 

Chapter 2                                                                                       The University of Melbourne 

2-26 

2-14. It is shown that the viscosity of synovial fluid is dependent on shear rates and there 

are two distinct stages: a Newtonian plateau and a shear-thinning stage. It is commonly 

used the ratio of the viscosity at zero shear rate η0 to the viscosity at shear rate of 300 s−1 

η300 (i.e., η0/η300) to describe the extent of shear-thinning of synovial fluid. θ' is the 

relaxation time, it is the inverse of the shear rate at the onset of shear-thinning, θ' = 1/γc. 

The key rheological parameters from the study of Schurz and Ribitsch [153] are 

summarised in Table 2-3. Healthy synovial fluid has the greatest zero shear rate viscosity. 

The η0 magnitudes of healthy synovial fluid is one order higher than that of OA, and three 

orders higher than that of RA synovial fluid. The greater ratio of η0/η300 indicates that 

healthy synovial fluid has more pronounced shear-thinning effect. As shown in Figure 2-14, 

in the lower bound viscosity of RA synovial fluid, shear-thinning is almost negligible, 

indicating that it behaves like a Newtonian fluid. In addition, healthy synovial fluid also has 

longer relaxation time, which suggests that it may help prolong the duration of fluid film 

lubrication and maintain the load carrying capability of synovial fluid [153]. The results of 

Schurz and Ribitsch [153] are in close agreement with other studies delved in the 

pathological states of synovial fluid [158]. 

For the shear rate of 100–103 s−1 which is expected to be experienced by a knee joint 

in normal motions [153], the viscosity of healthy synovial fluid varies over three orders of 

magnitude, from 10 Pa·s to 0.01 Pa·s. The special rheological behaviour of synovial fluid is 

attributed to the dynamic network formed by the HA molecules which is discussed in 

Section 2.3.2. For a healthy joint (HA concentration > 1 mg/mL), the HA molecules 

overlap and physically entangle with each other, meanwhile, HA molecules also bond to 

proteins through link proteins such as lubricin and albumin [146]. These interactions create 

a dynamic network in synovial fluid and form a gel-like structure. As a result, the initial 

(undisturbed) viscosity of synovial fluid is relatively high. Even it is disturbed, if the strain 

is low, the induced changes in the structure are slower than the time scale determined by 

the shear rate [146], or the duration of the strain is shorter than the relaxation time, the 

viscosity hardly changes and remains high, which is shown as the Newtonian plateau. 

However, in an oscillating shear test, with the increase of shear stress or increase of 

oscillating time, HA molecules are disentangled, and synovial fluid structure is subjected to 

partially fracture [146]. When the applied shear rate is greater than the shear-thinning 

threshold γc, synovial fluid reaches the shear-thinning region, in which HA molecules are 

gradually stretched out from entanglement, becoming individual flow units. Subsequently, 

HA molecules are re-oriented to the flow direction, resulting in a decrease in viscosity [146].  
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Figure 2-14. Viscosity ranges for healthy, OA and RA synovial fluids [2, 153] 

 

Table 2-3. Rheological parameters for synovail fluid [153]  

Parameter Healthy Degenerative Inflammatory 

η0 (Pa·s) 1–40 0.1–1 0.004–0.07 

η0/η300 100 5–40 8–20 

θ' (s) 40–100 8–20 0.02–1 

 

The pathological synovial fluid has much lower viscosity than that of healthy synovial 

fluid. With the increasing severity of the disease, the impairment of solution structure 

becomes more serious, which results in further decrease of viscosity and even Newtonian 

behaviour [153]. From the aspect of molecular structure level, Schurz and Ribitsch [153] 

has explained the causes of pathology in two ways. Firstly, type B cells in synovial 

membrane produce HA molecules with abnormal molecular weight. The traumatic 

ligament tissue may release enzymes to produce HA with shorter length (breakdown of HA 

back bone), resulting in a smaller molecular weight and hence diluted solution [146]. 

Secondly, conformation changes occur in molecular chains. The coilings of molecular 

chains change from loose (free draining) to tight (non-draining) and lateral bonds to side 

groups are split off [153]. Breakdown of HA back bone and conformation changes of 

coiled chain segments cause significant reduction in overlapping and entanglement between 

chain molecules, resulting in impairment of rheological performance for synovial fluid 

[153].   
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In addition, synovial fluid also exhibits rheopectic behaviour, which is the shear 

stress or viscosity increase with time during shear at a constant shear rate. The studies in 

this field are also abundant [156, 157]. For example, Oats et al. [154] has tested the shear 

stress of bovine synovial fluid at 25°C and in steady shear rate of 0.05 s−1, results showed 

that after 3000 seconds of steady shear, the shear stress increased from 4 mPa to around 6 

mPa. The study of Bhuanantanondh [150] tested 19 samples of human synovial fluid at 

constant shear rate of 0.01 s−1 and 0.05 s−1, results were reported as a ratio of shear stress at 

450 s to shear stress at 0 s (i.e., σt = 450 s/σt = 0), the median values were 2.12 and 1.59 for 

shear rate 0.01 s−1 and 0.05 s−1 respectively. Oats et al. [154] attributed the rheopexy to 

protein aggregation, which is proteins attract each other to form larger aggregates due to 

electrostatic attraction between the negatively charged bovine serum albumin molecules 

and the positively charged amino acids. Furthermore, the presence of high molecular 

weight HA enhances this attraction, HA chains also entangle with the tenuous network 

created by protein aggregations to form a gel-like structure. Considering the attraction 

energy is relatively small, other studies also suspected that conformation changes may 

occur (i.e., proteins expose their hydrophobic regions to enhance the interaction strength) 

or possibly formation of inter-protein disulphide bonds [155].  

(b) Viscoelastic Properties  

In addition to the viscous behaviour described above, synovial fluid also processes 

elastic properties, which was first studied by Ogston et al. [161], therefore synovial fluid is 

also a viscoelastic material.  

The viscoelastic properties of a polymer material are usually measured with the small 

amplitude oscillatory shear test (SAOS) [150], in which a sinusoidal shear amplitude γ0 is 

applied to the sample through a servo-controlled drag cup motor, the oscillatory shear rate 

γ(t) and shear strain γ(t) is given below [150], 
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The shear stress τ(t) is also in a sinusoidal form but not in the same phase as the 

strain, there is a phase lag δ between them as shown below, 

 0 0( ) sin( ) [cos( ) sin( ) sin( ) cos( )]t t t t               (2-9) 

where τ0 is the amplitude of the oscillatory shear stress. It can be seen that there are two 

components in the shear stress, one is in phase with the imposed strain (i.e., sin(ωt)), the 

other one is in phase with the imposed strain rate (i.e., cos(ωt)) [150].  
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Two moduli (storage modulus G' and loss modulus G'') are defined to describe the 

two components of the shear stress as shown in Eq. (2-10),  
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In a SAOS test with a cone and plate geometry, the two moduli are calculated as per 

Eq. (2-11) [150].  
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where β is the cone angle. R is the radius of the rotational plate. T0 is the amplitude of the 

torque on the cone. θ0 is the amplitude of oscillatory torsional angle. 

The storage modulus (elastic modulus) G' represents the elastic properties of material 

which corresponds to the imposed strain component as per Hooke’s law [150]. If G' is 

dominant, the material is more in a solid-like behaviour. The loss modulus (viscous 

modulus) G'' represents the viscous properties of material that corresponds to the imposed 

shear strain component [150]. If G'' is dominant, the material behaves more like a viscous 

fluid. Therefore, for elastic solid the phase lag δ is zero (i.e., G'' = 0), while for viscous fluid 

the phase lag δ is 90° (i.e., G' = 0). However, for a viscoelastic material the phase lag δ is 

between 0° and 90°, and hence both G' and G'' are present [150]. 

The storage and loss modulus of synovial fluid have been measured in many studies 

[162, 163]. It is generally concluded that for normal synovial fluid, at low frequency 

oscillations that representing slow joint motions, the viscous modulus G'' is dominant (i.e., 

G'' > G'), whereas at high frequency that is characteristic of rapid joint motions, the elastic 

modulus tends to govern the solution behaviour (i.e., G' > G''). The curves of both moduli 

cross over each other (i.e., G'' = G'), at a frequency around 0.02 Hz, and the relaxation time 

is the inverse of the cross-over frequency [163]. This viscoelastic behaviour of synovial 

fluid is still attributed to the characteristics of HA molecules. At low speed joint motion, 

the HA molecules have time to react to the applied stress in a manner of slipping and 

sliding with each other to dissipate the energy, so that the synovial fluid behaves like a 

viscous flow [164]. However, if the load is applied in a very fast speed, the HA molecules 

do not have enough time to respond to the loading, in this condition the synovial fluid can 
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only behave like an elastic solid to store energy rather than dissipate it [164]. Therefore, it is 

believed that one of the functions of synovial fluid is to cushion the impact or shock loads 

encountered by running and jumping [165].   

 

Figure 2-15. The dynamic moduli of synovial fluid [2, 162] 

The age and pathology related viscoelastic properties of synovial fluid have also been 

investigated (see Figure 2-15). Balazs [162] has compared the dynamic moduli of healthy 

synovial fluid harvested from young (20-year-old) subjects with pathological counterparts 

from old (67-year-old) subjects. It is found that the viscoelastic properties declined with age. 

Firstly, the cross-over frequency increased in old test subject to over 0.5 Hz, which was in 

the range of walking (0.5 Hz) and running (25 Hz). Secondly, the magnitudes of both 

moduli decreased with age (from around 7 Pa for young test subject at cross-over 

frequency, reducing to 4 Pa for old test subject) [162], which indicated that synovial fluid 

becomes less rigid with age under normal daily activities and hence its cushion effect 

reduced. In addition, under pathological condition, the deterioration of viscoelastic 

properties was even worse as no cross-over frequency was obtained from the OA synovial 

fluid [162], which suggested that the pathological synovial fluid just behaved as a viscous 

fluid and may not show any elastic solid behaviour over the entire frequency, which may 

significantly deteriorate the lubrication performance of synovial fluid. 

 Cartilage Lubrication Theories 

The tribological performance of “hard” and impermeable material can be 

characterised by the “Stribeck curve” [167], which relates friction coefficient μ to the 

combined effects of interfacial topography (roughness height Ra), normal load (mean 
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contact pressure P), relative movement (sliding/rotational speed ω) and rheological 

property of lubricant (dynamic viscosity η). For example, a typical Stribeck curve of a 

rotating journal bearing is displayed in Figure 2-16. It is classified into three specific modes 

based on the comparison between gap height of contact surfaces h and roughness height 

Ra. In boundary mode (typically at high load or low speed), friction coefficient μ is 

dominated by surface chemistry and is independent of the influence of ηω/P [166]. In 

hydrodynamic mode (typically at low load or high speed), μ is dominated by fluid 

mechanics, the increase of μ with respect to the increase of ηω/P is due to viscous force of 

lubricant applied on surface [166]. In the transition stage, μ is in mixed-mode lubrication 

which is influenced by both surface chemistry and fluid mechanics [166]. 

 

Figure 2-16. Schetch of the Stribeck curve [166]  

However, lubrication mechanisms for cartilage (i.e., soft and porous material) are 

much more complex. As summarised by Furey and Burkhardt [38], since 1930s over thirty 

theories have been proposed for lubrication of synovial joint, even by grouping together 

the similar concepts, there are still more than a dozen of distinctive theories remained. For 

example, hydrodynamic, squeeze-film, elastohydrodynamic, weeping, boosted, biphasic, 

synovial mucin gel, surface-active phospholipid layer, etc. [38] Weeping and boosted 

lubrication are of particular interest because fluid exchange between interfacial pore space 

and cartilage tissue has been considered, but two opposite fluid flow directions have been 

proposed by these two competing theories. To better understand the lubrication 

mechanisms of synovial joint, in this section, typical and representative lubrication theories 

are reviewed and discussed.  
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 Fluid-film Lubrication 

Fluid-film lubrication occurs when the two cartilage surfaces are separated by a fluid 

film that is thicker than the total roughness height of two cartilage surfaces [168]. In this 

condition, the external applied load is completely carried by the fluid film pressurisation as 

the two surfaces have not come into contact yet [168]. Some studies have revealed that in 

order for the fluid-film lubrication to function effectively, the fluid film thickness should be 

more than 2–3 times of the cartilage surface roughness height (e.g., 4–20 μm) [169].  

There are two classical modes of fluid-film lubrication: hydrodynamic and squeeze-

film lubrication [78]. Hydrodynamic lubrication occurs when two non-congruent articular 

surfaces slide against each other (i.e., moving tangentially), forming a wedge-shaped gap 

that attracts synovial fluid [57]. The synovial fluid drawn into the converging gap would 

generate a high lifting pressure that pushes apart the two surfaces to avoid solid-to-solid 

contact [57]. However, in order to maintain the fluid film, a high-speed motion, a high fluid 

viscosity, or a relatively light normal load is required as per the Stribeck curve shown in 

Figure 2-16. Therefore, certain study has suggested that hydrodynamic lubrication may 

occur in the glenohumeral joint of the shoulder during the action of baseball pitching when 

the motion speed is high and contact load is low [170]. Furthermore, it is also found out 

that under isothermal condition the fluid viscosity η is dependent on the fluid film pressure 

P exponentially as per the following form [21], 

 0 exp( )   P  (2-12) 

where η0 is the ambient viscosity and α is the viscosity-pressure coefficient. Therefore, the 

high fluid pressure would give rise to the higher fluid viscosity that further facilitates the 

hydrodynamic lubrication. However, given that the physiological activities of human joints 

are usually in low speed [170] and viscosity of synovial fluid is also low in the 

corresponding shear rates [171], hydrodynamic lubrication could not be the dominant 

lubrication mode [170] or even not activated [57]. 

Elastohydrodynamic lubrication (EHL) is also likely to operate with cartilage. It 

occurs when the hydrodynamic pressure of fluid film is greater than the elastic moduli of 

bearing surface, causing elastic deformation of the bearing surface [168]. One of the key 

benefits of EHL is that it would increase the fluid film thickness and hence enhance the 

lubrication effects [168]. The theoretical study of Dowson and Jin [189] has suggested that 

micro-EHL would largely smooth out the initial roughness, which significantly increased 

the ratio of fluid film thickness to roughness height (h/Ra) by 18, compared with the 

undeformed roughness case (h/Ra ~ 1). As a result, the load carrying capacity of fluid film 
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is also enhanced [190]. The elastic deformations would also increase the surface area and 

congruency, which makes fluid more difficult to escape between the bearing surfaces, and 

thus the fluid film lubrication could last longer [78].  

The second classical mode of fluid-film lubrication is the squeeze-film lubrication, 

which occurs when two cartilage surfaces move perpendicularly against each other [78]. 

The fluid film pressure is generated from the viscous resistance of fluid being squeezed out 

of the interfacial gap [78]. The squeeze-film lubrication has been studied extensively in 

synovial joint lubrication as it is more compatible with physiological actives [172, 173]. The 

pressure distribution can be obtained by solving the Reynolds equation [21]. A typical and 

basic case is shown in Figure 2-17. The problem is formulated in a two-dimensional 

Cartesian coordinate system (x, y), in which a fluid film of finite thickness h = h(t) 

separates a stationery cartilage (length L × depth Hp) and a parallel rigid impermeable 

indenter that is loaded by a constant force q = q(t). The fluid region (0 ≤ y ≤ h) is 

incompressible Newtonian fluid with a constant density ρf and viscosity ηf.  

 

Figure 2-17. The configuration of a typical squeeze-film problem  

The flow in the fluid film is governed by the mass conservation equation and the 

Navier-Strokes equation. By performing a scaling analysis with the terms containing 

h(t)/L << 1 being neglected, the classical Reynolds equation [174] can be obtained as 

follows, 
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where vx and vy are fluid velocity in horizontal and vertical direction respectively. pf is 

the fluid film pressure. 

Integrate vx in Eq. (2-14) twice respected to y with the following boundary 

conditions imposed on the upper and lower interface of fluid,  

(1) At y = h(t), vx = 0, vy = ∂h/∂t 

(2) At y = 0, vx = vx|y = 0, vy = vy y = 0 

and substitute the result into Eq. (2-13), the expressions for vx, vy and pf can be derived, 
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where vx and vy at y = 0 are affected by the flow in the upmost layer of cartilage. 

The boundary conditions at the fluid film and cartilage interface are also important in 

the formulation, which usually involve three aspects: stress, kinematic and fluid velocity 

conditions [175]. 

There is a consensus on the stress continuity and kinematic compatibility conditions 

[175]. At y = 0, the mathematical expression of stress continuity is given as follows, which 

means the fluid pressure in the normal direction (i.e., the first term in Eq. (2-19), and shear 

stress in the tangential direction (i.e., the second term in Eq. (2-19) are continuous, 

 ( )        σ I v vf f Tp  (2-19) 

where σ is the total stress traction on cartilage and fluid interface (y = 0).  

The kinematic compatibility condition appears in the form that the deformation 

of cartilage δ(x, t) due to the surface traction σ alters the fluid film thickness,  

 ( ) ( , ) h h t x t  (2-20) 

However, the opinions on velocity continuity are divergent. Different from the 

classical velocity continuity boundary conditions suggested by Nabhani et al. [176] and 

Hou et al. [177], a partial slip condition is considered to be more appropriate in some 

studies [178, 179]. The primary reason for the partial slip approach may be that it 

reflects an intermedium condition for a normal and healthy cartilage between two 
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extreme conditions. In cartilage the interstitial fluid is enclosed by collagen network in 

superficial layer, and fluid exchanges can only occur through certain pore openings. On 

the one hand, if all pore openings are jammed, it is a no-slip condition that cartilage 

and fluid film are completely independent of each other. On the other hand, in a 

completed osteoarthritis condition where collagen network is broken down, a 

completed velocity continuity (both vertical and horizontal) is expected. 

Therefore, it is more reasonable to impose a normal flux continuity boundary 

condition for the fluid vertical velocity components, whereas the Beavers-Joseph 

condition [180] is imposed for the fluid tangential velocity components,  
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where k is the intrinsic permeability. a is a dimensionless constant. ls = √k/a is the slip 

length. ud,x and ud,y at y = 0 are the Darcy velocities of cartilage tissue at the upmost layer 

in normal and tangential direction respectively. 

Finally, by neglecting the inertia force of the indenter, in an equilibrium state, the 

load carrying capacity of the fluid film can be computed, 
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Recent developments have incorporated more complexities, such as non-

Newtonian synovial fluid [181], uncomformal contact [182], surface roughness [183], 

cyclic loading encountered in walking [184], using rippled indenter [185], anisotropic 

porous material [186], etc. The findings of these studies acknowledge that the squeeze-

film action plays an important role in joint lubrication, as the load carrying capacity of 

the film prevents direct solid-to-solid contact and reduces surface friction. In addition, 

it is generally concluded that synovial fluid would flow into cartilage over at least a 

portion of the contact surface under the high film pressure. Therefore, synovial fluid 

may turn into a synovial gel, and shortly be replenished at each walking cycle. 

However, a major drawback is somewhat overlooked here. One of the the key 

assumptions of the squeeze-film model is the perfectly smooth surfaces, so that it will 

take infinite amount of time for the two surfaces to contact each other (i.e., h(t) 

approaches zero only when t → ∞) in the solution of the model [187]. This result 

clearly disagrees with experimental observations and common sense, this is because the 
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model has not accounted for the presence of surface roughness [187]. Although the 

study of Bujurke and Kudenatti [183] has investigated the effects of roughness, they 

still assumed that the roughness heights were much smaller compared with film 

thickness, which is not realistic. In reality, the presence of roughness will make the 

opposing cartilage surface asperities contact sooner (within a fraction of a second) [188], 

while still having fluid trapped in the contact gap space. More importantly, once the 

peak asperities are in contact, the squeeze-film model is no longer applicable. Therefore, 

although the fluid film has certain load carrying capacity during the squeeze-film action, 

it is be the primary lubrication mode, as this mechanism can only last for a very limited 

length of time [57]. The fluid film is either squeezed out from the gap between the two 

surfaces [57], or depleted by ultrafiltration into the porous cartilage layers [22]. 

Furthermore, as commented by Ateshian [22], there is lack of direct or indirect 

experimental validation of the squeeze-film analytical model. 

 Boundary Lubrication 

In boundary lubrication, the fluid film is expected to be completely depleted, the only 

protection against direct solid-to-solid contact is an adsorbed layer of boundary lubricants 

[21, 78]. As stated above, in this regime the chemical properties of lubricant and contact 

mechanics of the asperities play the dominant role in joint lubrication [168]. The candidates 

of boundary lubricants of this monolayer could be either, lubricin and superficial zone 

protein (SZP), hyaluronic acid (HA), surface-active phospholipid layer (SAPL), or a 

combination of these molecules [21, 168]. Recent new findings also suggested that this 

layer could be of several molecules thick of absorbed water by the “polymer brushes” [191]. 

Lubricin also known as proteoglycan-4 (PRG4), is an extensively O-linked 

glycoprotein, which is purified from synovial fluid with HA digested [193, 196]. Superficial 

zone protein (SZP) is a mucin domain-containing glycoprotein purified from the 

biochemical extraction from superficial zone of articular cartilage [194, 196]. This protein is 

homologous to lubricin [21, 195]. Both lubricin and SZP are secreted from chondrocytes in 

superficial layer of articular cartilage, lubricin is also expressed by synoviocytes [196]. As 

reviewed by Jay and Walker [196], many in vitro experiments have demonstrated that 

lubricin and SZP play important roles in cartilage lubrication. For example, Swann et al. 

[193] obtained the purified lubricin samples from bovine synovial fluid and tested them in 

various concentrations at speeds less than 100 mm/s, results showed around 40–60% 

reduction in friction. Furthermore, lubricin can also lubricate synthetic surfaces [196]. For 

example, Jay [197] studied the lubrication ability of bovine synovial fluid with purified 
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glycoprotein in rubber-and-glass contact, results showed that at a concentration of 260 

μg/mL, lubricin had the best lubrication ability that the coefficient of friction was reduced 

to 0.06 compared with the control case of direct contact at 0.11. The lubrication ability of 

lubricin is rooted in its chemical properties. As shown in Figure 2-18, both the N (blue) 

and C-termini (red) are capable of interacting with cartilage surfaces through disulphide 

bond linkage, forming a carpet-like covering of fully extended lubricin monomers [196, 

198]. When cartilages are compressed to each other and asperities are deformed under 

contact, the opposing carpets of end-grafted brushes (central domain negatively charged) 

interact and repel each other through steric repulsion [196, 198]. 

 

Figure 2-18. Lubricin monomers formed on surfaces [196] 

HA is not intrinsically a boundary lubricant, as experimental results shown that 

digesting synovial fluid with hyaluronidase would greatly reduce its viscosity, but had little 

effect on friction [15].  However, HA becomes beneficial in boundary lubrication when 

combined with lubricin [199]. A number of studies have suggested that the interaction of 

HA and lubricin could synergistically decrease friction in cartilage-cartilage contact 

interfaces [201, 202]. Particularly, when HA is tethered to cartilage surface, the lubrication 

effects are more pronounced, because SZP is not retained in the matrix, instead SZP is 

mostly secreted into synovial fluid or bonded to macromolecules such as HA [21, 200].  

The study by Lee et al. [192] selectively digested three essential components on cartilage 

surfaces: HA, type II collagen and glycosaminoglycans (GAGs). The comparative sliding 

tests with normal cartilage revealed that the friction forces increased 2, 5, and 10 times after 

the selective digestions of HA, collagen and GAG, respectively. It is also concluded in their 

study that the main function of HA is to act as a surface anchored protective layer that 

entangles with lubricin for effective boundary lubrication [192]. Furthermore, the molecular 

mass of HA chains should be high enough to avoid being easily pushed out from shearing 

contact [192]. 

Phospholipid (PL) has also been proposed to be a candidate for cartilage boundary 

lubricant [204]. The study of Hills et al. [203] showed that after PL incubation using enzyme 
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treatment of cartilage and synovial fluid, an increase in friction coefficient was observed. 

Furthermore, the study of Forsey et al. [205] on OA cartilage using a commercially available 

PL product, dipalmitoyl phosphatidylcholine (DPPC) suggested that the DPPC lubricants 

could reduce friction, and the concentration of DPPC was also a key factor. For example, 

the reduction of friction using 100 mg/mL DPPC was only 15.9%, while increasing the 

concentration to 200 mg/mL could reduce friction by 46.5%. The strong adsorption and 

cohesion are believed to be the reasons for good lubrication ability of PL [206]. Hills et al. 

[207] explained that the strong adsorption may be due to the phosphatidylcholine 

quaternary ammonium positive ion (Me3N+-) interacting with the negative cartilage surface 

(proteoglycan), whereas the strong cohesion could come from the calcium ions (-PO4
−- Ca-

PO4
−-) which could maintain the hydrophilic lamellate structure on cartilage surfaces. 

Mrelar and Pawlak [206] further commented PL as highly self-organized biomolecules in 

fluid, their structure allowed the formation of spontaneously vesicles, lamellar phases, and 

membrane (see Figure 2-19 (a)). The multilamellar structure of phospholipids, namely 

surface-active phospholipid layer (SAPL), covering the natural surface of articular cartilage, 

is critical in providing excellent hydration lubrication [206].  

The combined effects of HA and PL in cartilage lubrication have been 

experimentally demonstrated with OA cartilage samples, and around 60–70% reduction in 

friction was observed [205]. It is attributed to the ability of HA acting as a carrier for PL 

molecules that aids their adsorptions to cartilage surfaces. Longer HA chains are more 

beneficial because it has higher probability informing the bilayers around HA-brush-like 

structures in hydration repulsion mechanisms as shown in Figure 2-19 (b) [209]. However, 

the lubrication role of PL is controversial, because another study by Jay and Cha [210] 

showed that digestion of bovine synovial fluid by phospholipase C did not affect the 

lubrication performance compared with the intact samples. Krishnan et al. [211] even 

reported that the removal of the superficial zone of bovine articular cartilage did not 

increase friction under sliding motions. 

Another new pattern in boundary lubrication called hydration lubrication was 

brought up by Gaisinskaya et al. [191], in which the “polymer brushes” (e.g., HA and 

GAGs) are believed to have special characteristics that can prevent water from being 

squeezed out between asperity contacts, while retaining a fluid-like response to shear 

deformations. Smith et al. [11] explained this process similar to the concept of osmotic 

pressure. When the SZP is compressed on cartilage surface, the osmotic pressure in this gel 

increases, enabling it to retain fluid. The retention of water results in a “hydrated gel” on 
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the surface of cartilage, which facilitates the shearing as it deforms and hence acts as an 

effective boundary lubricant. 

 

Figure 2-19. Boundary lubrication mechanism of phospholipids [208, 209] 

 Mixed-mode Lubrication 

Once surface asperities are in contact, the randomly distributed asperities together 

with the temporarily confined synovial fluid form an interconnected pore space. Thereafter, 

cartilage contact is in the so-named “mixed-mode” lubrication regime, where 

hydrodynamic lubrication and boundary lubrication co-exist [21]. Synovial joints may 

operate in mixed-mode regime during most of the physiological activities such as walking 

and standing [21]. Multiple lubrication mechanisms may occur simultaneously in this 

regime, and the combined effects of hydrodynamic lubrication, boundary lubrication and 

the interstitial fluid pressurisation are believed to be responsible for the low friction and 

wear of cartilage [22]. In this section, three important theories namely weeping, boosted 

and biphasic lubrication are reviewed below. 

(a) Weeping Lubrication 

“Weep” lubrication or “self-pressurised hydrostatic” lubrication was first proposed 

by McCutchen [23]. This theory looked to the fluid exchange between interfacial pore 

space and biphasic cartilage tissue for answers of synovial joint lubrication. In experiment, 
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McCutchen [23] compared the friction of impervious rubber-glass against a glass with 

open/closed cell sponge against the same glass in soapy water, it was clearly shown that 

when using porous media (i.e., sponge) friction coefficients were significantly lower, and 

water-filled pores were clearly visible through glass.  The dye-treated water also showed 

outward seepage in one hour [23]. McCutchen [23] analogised this mechanism to the 

lubrication of animal joints. Another experiment by McCutchen [212] involved sliding 

cartilage against glass under constant applied load over an interval, after which the load was 

temporarily removed for 1 s, 10 s and 1 min, and then re-applied and continued the tests. 

McCutchen claimed that if weeping was not the lubrication mechanism the friction 

behaviour of the continual test should have repeated the previous part at the beginning of 

the run, however, experiments showed short-term reduction in friction but not like a 

repetition of the first part of the run [212]. The friction coefficient did not return to its 

lowest initial value, dropping only slightly before rising again under the re-applied load 

[212]. The weeping lubrication theory was proposed to interpret this observation [212], the 

compression of asperities in the contact gap pressurises the interstitial fluid within cartilage, 

and the interstitial fluid then flows down its pressure gradient to “weep” into the contact 

gap. With the pressurised incompressible fluid in the contact gap carrying most of the 

applied load, friction is reduced significantly. This hydrodynamic lubrication mechanism is 

significantly extended in time as the fluid lost from the contact gap can be replenished by 

fluid weeping into the contact gap from the underlying cartilage.  

Further development and support on this theory have been made in recent studies. 

Sokoloff [213] analytically showed that the interstitial fluid inside the cartilage would flow 

into the gap rather than sideways due to less distance. Macirowski et al. [215] experimentally 

measured in-situ cartilage geometry, modulus, permeability and histories of stress and 

displacement, then imported the data to build a finite element model to investigate the 

surface flow, furthermore, the solid stress and fluid pressure in cartilage can also be 

computed. Their results supported the weeping mechanism that around 90% of the load 

was carried by fluid pressure [215]. Greene et al. [214] looked into the anisotropic changes 

in the pore network structure inside cartilage under compression. It is argued that in 

compression the collagen fibrils near cartilage surface would be condensed and rearranged 

so that they became more parallel to the surface, which caused a decrease in the lateral 

porosity while leaving the axial porosity almost unchanged. In this way, the fluid self 

diffusivity in the axial direction was ~1000 times higher than that in the lateral direction, as 

a result, the axial channels functioned as a pump to supply fluid from cartilage to the gap as 

a source for weeping lubrication. With the compression continues, the collagen network 
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became more condensed and thicker and thus increased the resistance to axial flow until it 

reached a “percolation threshold” where the axial flow was completely shut down. Until 

then, the flows were redirected to the lateral channels due to higher permeability. The 

process is depicted in Figure 2-20. It is generally agreed that fluid exudation from 

compressed cartilage is the main contributor to joint lubrication in high load and low speed 

motion condition, such as standing [78]. 

 

Figure 2-20. Anisotropic changes of the pore network inside cartilage [214]  

However, the weeping lubrication hypothesis is under heavy criticisms mainly due to 

the lack theoretical and direct experimental validation [57]. There is no doubt that 

interstitial fluid exudes from cartilage under compression, however, there is no sufficient 

evidence showing that the exudation would occur in the highly loaded contact region [216]. 

Ateshian [22] commented that McCutchen discounted the squeeze-film mechanism in the 

experiment when separating the cartilage from glass temporarily, during which the fluid 

film could be sufficiently replenished. Furthermore, the fluid expressed from cartilage is 

saline solution with much lower viscosity, and the fluid flow rates are in minutes [217], 

indicating that the duration is short. 

(b) Boosted Lubrication 

Boosted lubrication theory was proposed by Walker et al. [24] also from indirect 

experimental interpretation. In the experiments of Walker et al. [24], reciprocating friction 

tests were conducted on loaded cartilage samples against a glass plate soaked in a pool of 

synovial fluid. The test commenced when the cartilage was fully saturated, and the first 
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friction force was recorded after a short run. The cartilage was temporarily lifted from the 

plate and then continued until the first recorded friction force was exceeded. The 

experiment was carried on until the limiting friction force was reached, which indicated the 

maximum amount of fluid had been wrung out. Larger squeeze film times to reach 

boundary lubrication conditions were obtained from the tests, based on which the 

operating viscosity of synovial fluid was back-estimated by standard Reynolds equation for 

parallel sinkage, iso-viscous incompressible fluid and circular contact. By substituting the 

squeeze film times, very large values of synovial fluid viscosities were obtained, for example, 

a typical time of 40 seconds yielded an average viscosity of 20 poises (1 poise = 0.1 Pa·s). 

This result suggested that very viscous substance has formed on cartilage surfaces during 

squeeze film motions. In comparison, when replacing cartilage by rubber, the squeeze film 

time reduced to 0.5 second and the estimated viscosity of synovial fluid was 0.2 poise. This 

result indicated that the porous nature of cartilage also played an important role in joint 

lubrication. Based on the experimental findings, Walker et al. [24] proposed the boosted 

lubrication hypothesis, it is explained that when cartilage surfaces are in contact, due to the 

presence of surface roughness, there will form trapped pools of synovial fluid at the 

interfacial layer. These trapped pools will develop a high concentration of HA-protein 

complex because water and low molecular weight substances would enter cartilage tissue 

from the edges of the contact area through the matrix pores. The HA-protein complex is 

left behind because they are physically much larger in size compared with the cartilage pore 

sizes, acting as a boundary lubricant on cartilage surface with high viscosity. 

According to recent studies, it can be summarised that boosted lubrication may occur 

during sliding condition such as walking. At heel strike motion, the fluid film in the 

interfacial gap decreases under the high load of stance phase and hence squeeze-film 

actions occur [78]. As reviewed above, the theoretical squeeze-film model generally 

predicted that the gap fluid would flow into the cartilage tissue, leading to the boosted 

lubrication [177]. The experimental evidence is also available. Moore and Burris [218] 

performed multiple start-stop cycle reciprocating tests using convergent cartilage samples 

against a glass plate. The samples were loaded by a normal force of 5 N (i.e., 0.25 ± 0.05 

MPa contact pressure) and the sliding speed was 60 mm/s, which may be equivalent to the 

swing phase of walking where the loads are small. Two configurations were compared, one 

sample was wrapped by an impermeable 10 mm thick polymer membrane to prevent 

inflow and soaked in a viscous glycerol bath, the other one was natural cartilage with no 

wrapping bathed in phosphate buffered saline (PBS). Results of cartilage compression are 

reproduced in Figure 2-21 (a). The impervious surface experiment indicated a fluid film of 
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7 μm almost formed immediately when the sliding was ceased, and the fluid film collapsed 

when sliding re-started due to the squeeze-film action. For the permeable surface 

experiment, it is shown that compression increased when sliding was stopped and 

decreased when sliding was resumed, which suggested that cartilage may lose interstitial 

fluid when sliding was stopped and regain interstitial fluid during sliding. Moore and Burris 

[218] named this phenomenon “tribological rehydration” and explained the mechanism as 

shown in Figure 2-21 (b). During sliding, fluid from the bath is drawn into the convergent 

wedge and pressurised locally. The hydrodynamic pressure increases with sliding speed and 

pushes the fluid in the contact gap into cartilage tissue, aiding the recovery of interstitial 

fluid [219]. The cartilage can be seen as an interstitial fluid reservoir, there is a competition 

in the reservoir between the load-induced outflow (exudation) and the sliding-induced 

inflow (recovery) [219]. 

 

Figure 2-21. Results and mechanism of tribological rehydration [218, 219] 

Unsurprisingly, the criticisms on the boosted lubrication hypothesis are also fierce 

and the counter-evidence is also abundant. As stated earlier, it should be emphasised that 

the theoretical model of squeeze-film does not consider the effect of surface roughness 

contact, in other words, it is applicable before the roughness contact in the fluid-film 

lubrication regime, not in the mixed-mode regime. Therefore, the evidence of theoretical 

prediction of fluid ultrafiltration from the squeeze-film model may not be applicable in 

mixed-mode regime, and may not even be convincible due to the lack of direct or indirect 

experimental validations [22]. In addition, the relative permeability between the interfacial 
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contact gap and cartilage upmost layer shall play an important role in the fluid flow 

direction, because locally fluid tends to flow to the location with lower permeability under 

the same driving force. Recent computation fluid dynamics (CFD) analyses have advised 

against the fluid ultrafiltration into cartilage, as the estimated permeability of the contact 

gap was a few orders smaller than the cartilage tissue (~10−15 m4/Ns) [188, 220]. 

(c) Biphasic Lubrication 

Biphasic lubrication theory, also known as “interstitial fluid pressurisation”, is 

derived from the biphasic model for cartilage that considers two distinct incompressible 

and immiscible phases (solid and fluid) [91]. This theory focuses on the load support 

capability of the pressurised interstitial fluid regardless of the lubricant in the interfacial gap. 

Since the friction between the articulating cartilage surfaces is mainly dependent on the 

contact and shearing of the solid phase, the high-level interstitial fluid pressurisation inside 

the cartilage could minimise direct solid phase shear between the contact surfaces and 

hence reduce the friction [16]. In other words, as long as the interstitial fluid pressurisation 

remains high in the tissue, the coefficient of friction can be kept low [57], regardless of the 

fluid flow direction at contact interface [22]. 

The importance of interstitial fluid support has been experimentally demonstrated by 

Forster and Fisher [221], they performed a cartilage-on-mental sliding experiment using 

three lubricants: Ringer’s solution, synovial fluid and no lubricant. The cartilage samples 

were designed to be equilibrated for 5 s and 45 min, after which friction coefficients were 

recorded for the first time. Then the loads were removed momentarily for 1 s and 1 min. 

The 1 s load removal allowed the fluid to fully re-enter the contact, but only allowed 

minimum cartilage rehydration. The 1 min load removal period allowed some rehydration 

of the cartilage in addition to re-introducing the squeeze-film action at surface. After that, 

friction coefficients were recorded again. The results are reproduced in Figure 2-22, in 

which A represents the friction coefficients recorded after 5 s loading; B is after 45 min 

loading; C is for 45 min loading followed by 1 s of load removal; D is for 45 min loading 

followed by 1 min of load removal. Compared A with B, the equilibrium friction 

coefficient μeff was much higher than the initial friction coefficient μ0. However, the most 

interesting part is noted when comparing D between the three different cases of lubricant, 

the friction coefficients of the three cases were very close and all less than 0.05 after 1 min 

of rehydration, which were significantly less than 1 s rehydration. This result implied that 

although the fluid in the gap had certain influence in reducing friction, it may not be the 

governing factor in reducing the coefficient of friction. Results of D indicated that the load 
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support capability of the pressurised interstitial fluid inside the cartilage might be the 

governing mechanism because the friction coefficients of the no lubricant case were also 

reduced significantly. 

 

Figure 2-22. Results of load removal tests by Forster and Fisher [221] 

The theoretical model has also been developed for biphasic lubrication [22] and it is 

briefed below. In cartilage the total stress is given by σ = −pI + σe, where p is the 

interstitial fluid pressure, σe is the effective stress carried by the solid matrix, I is the 

identity tensor. The normal contact force W at the interface and the contact force taken by 

the fluid Wp are given by, 

 
A

p

A

W dA

W pdA

 

 




n σ
 (2-24) 

where n is the unit outward normal at the interface and A is the apparent contact area. 

Wp/W is the interstitial fluid load support. 

If φ denotes the fraction of the contact area over which solid-to-solid contact occurs, 

then the component of the load supported by interstitial fluid pressure is (1 − φ)WP. The 

component of the contact force supported by the contacting solid phase Wss can be 

computed by subtracting the interstitial fluid pressure from the total normal contact force.  

 (1 )  ss pW W W  (2-25) 

The friction force F is due to solid-to-solid contact only so that it is related to Wss by 

the following expression, 

 (1 )       
ss p

eq eqF W W W  (2-26) 
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where μeq is the equilibrium friction coefficient when fluid is completely wrung off (i.e., Wp 

= 0). Then the effective friction coefficient μeff can be computed by the following 

expression. 

 1 (1 )  
 

    
 

p

eff eq

F W

W W
 (2-27) 

As per Eq. (2-27), the effective friction coefficient μeff is proportional linearly to the 

interstitial fluid load support fraction WP/W with a negative slope. The experiments by 

Krishnan et al. [222] have verified this relationship and the result chart is reproduced in 

Figure 2-23. After experimental and theoretical studies, interstitial fluid pressurisation has 

been well acknowledged to be the most significant contributor to joint lubrication [57]. 

 

Figure 2-23. Validation of the linear regression between μeff and Wp/W [222] 

However, the interstitial lubrication may not be solely responsible to joint lubrication. 

The key features at contact interface, i.e., lubricant (water or synovial fluid) and surface 

roughness, also play important roles in joint lubrication, which have also been 

demonstrated by the experimental findings. For example, Gleghorn and Bonassar [166] 

measured the cartilage friction coefficient μ using phosphate buffered saline (PBS) and 

equine and bovine synovial fluid as lubricants, results showed that the μ of PBS was about 

three times higher than the μ of synovial fluid. Lee et al. [192] digested HA, GAGs to 

increasing surface roughness and found out that the friction forces also increased up to 2 

and 10 times respectively, compared with those of intact cartilage. Similar studies are 

available in great numbers [223, 224], which demonstrate that lubricant and roughness in 

the contact gap also have profound influence on joint lubrication, not just interstitial fluid. 
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 Investigation Methods  

 Experimental Methods 

(a) Friction Coefficient Measurement 

Customer-built or modified tribometers have been widely used in the investigation of 

synovial joint lubrication. As reviewed by Moore et al. [240], there are two fundamentally 

tribometer configurations for cartilage tribology testing as shown in Figure 2-24, they are 

stationary contact area (SCA) type where a flat glass (or metal) is slid against cartilage, and 

migrating contact area (MCA) type where a sphere glass (or metal) is slid against cartilage. 

 

Figure 2-24. Examples of tribometers used for cartilage testing [240] 

The SCA type is the most common configuration in cartilage testing in which the 

contact area of cartilage sample becomes relatively fixed, whereas MCA allows the shift of 

contact area. Physiologically, the MCA is closer to the operating condition of synovial 

joints [240]. Although the physiological contact requires two pieces of cartilage, the in vitro 

configuration of cartilage against glass (or metal) allows for better control during 

experiments without altering the basic mechanics of cartilage tribological behaviour [240].  

There are also other testing configurations, such as using rotational motion [223, 241] and 

replacing the glass (or metal) plate by a second piece of cartilage [18]. Tribometer is a very 

useful tool to conduct the well-controlled investigations so that key parameters (such as 

sliding speed, normal pressure and loading time, different lubricants, cartilage strain, start-
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stop action, etc.) can be isolated to assess their impacts on the tribological performance of 

cartilage. 

Shi et al. [242] found that the friction coefficient was strongly dependent on the 

testing configuration. They used healthy bovine knee samples of 15–30 months old, 

submerged in phosphate buffered saline (PBS) solution with a static normal load of 2 N 

(equivalent to a nominal contact pressure of 0.63 MPa). Three testing configurations were 

adopted using a commercial pin-on-disc tribometer at a sliding speed of 1 mm/s. Three 

comparison tests were conducted: cartilage-on-pin versus alumina-on-disk (CA) similar to 

the SCA type in Figure 2-24, cartilage-on-pin versus cartilage-on-disk (CC), and alumina-

on-pin versus cartilage-on-disk (AC) similar to the MCA type in Figure 2-24. Results 

showed that both initial and steady state friction coefficients of CC and AC testing 

configurations (MCA type) were much lower than those of CA (SCA type), they reasoned 

that the pore pressure in cartilage could be replenished with PBS solution during the pin 

displacement [242]. In addition, the influence of sliding speed in the range of 0.2–5 mm/s 

has also been investigated in their study. Results showed that friction coefficient decreased 

as the sliding speed increased, the decrease was more dramatic when sliding speed 

increased from 0.2 mm/s to 1 mm/s, than to higher speed ranges [242]. The findings of 

Shi et al. [242] collaborated well with the study of Gleghorn and Bonassar [166], who tested 

with samples from bovine stifle joints using the CA or SCA configuration using PBS as 

lubricant. Their selection range of sliding speed was 0.1–2 mm/s, in addition, the effects of 

cartilage compressive strains (5%, 10%, 20%, 30%, 40% and 50%) were also accounted for 

in order to create Stribeck surfaces of steady-state friction coefficient μeq. The regimes of 

boundary and mixed-mode lubrication were identified in the Stribeck surfaces, where 

boundary mode lubrication was identified as the region where the steady state friction 

coefficient was maximal and invariant. It is shown that the mixed-mode lubrication with 

smaller friction coefficient would occur in the region of higher sliding speed and lower 

cartilage strain [166]. 

The impacts of static loading time on cartilage friction coefficient have been tested 

and confirmed by using tribometers. Accardi et al. [243] extracted osteochondral samples of 

10 mm diameter from healthy adult porcine knee joints and tested them with the MCA 

configuration in PBS pool. The static normal load was 600 g, resulting in contact pressures 

of 1.2–1.8 MPa. The static loading was maintained for a period of 30–3600 seconds, then 

the sliding tests commenced with a frequency of 10 Hz and a stroke length of 2 mm. 

Results showed that the longer the cartilage samples were loaded prior to the sliding test, 

the higher the start-up friction coefficients μ0 were obtained, for example μ0 surged from 
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0.06 at 30 s of loading time to around 0.32 at 3600 s of loading time. Similar tests have also 

been conducted by Forster and Fisher [221], using three configurations: cartilage plug on 

metal counterpace (SCA type), metal plug on cartilage counterpace (MCA type) and 

cartilage plug on cartilage counterpace, and two lubricants (Ringer’s solution and synovial 

fluid). A normal load of 30 N (contact pressure 0.5–4 MPa) was applied for 5 s, 2 min, 5 

min, 10 min, 20 min and 45 min before the commence of sliding tests. The start-up friction 

coefficients were also found sharply increase with the duration of loading and exceeded 

0.25 after 45 min stationary loading [221]. These results [221, 243] have been taken as 

strong supporting evidence to the biphasic lubrication theory because the interstitial fluid 

pressurisation in the contact zone drops due to more fluid exudation in longer loading time. 

Furthermore, Mabuchi et al. [244] performed similar stationary load test with the entire 

synovial joints taken from canine stifles with synovial fluid remained on cartilages, a robotic 

arm system was used to measure the joint friction. The compression force was kept around 

10–11 N, the whole joint was loaded for 0, 300, 1800, 600, 1500, 900 and 1200 s before the 

sliding test which was conducted as a one-dimensional translational sliding at 0.5 mm/s. 

The findings of using small cartilage samples were also confirmed by using the entire joint, 

in which friction coefficients rose sharply from 0.012 at 0 s stationary loading, to 0.313 at 

1800 s [244]. However, the authors attributed the increase of friction coefficient to the 

decrease of squeeze-film action, because the interstitial fluid flow shall not be distinguished 

with the interfacial fluid flow and it was the high viscosity that prevented the rapid flow 

loss [244]. 

It is also useful to study the tribological performance of cartilage in different 

lubricants by using tribometers. Initially, the studies only focus on the effects of synovial 

fluid by comparing with other solutions. For example, Gleghorn and Bonassar [166] 

compared lubrication effect of bovine and equine synovial fluid to PBS, and showed that 

for all applied strains at low sliding speed (0.33 mm/s), the steady-state friction coefficient 

μeq were low using bovine and equine synovial fluid, whereas μeq obtained from using PBS 

was significantly larger by at least two times. Furthermore, their Stribeck surfaces showed 

that although synovial fluid could reduce μeq significantly, it had little effect on the start-up 

friction coefficients μ0, indicating that the potential boundary lubricating and viscosity 

effect could be the key contributions of synovial fluid [166]. The work of Forster and 

Fisher [45] also demonstrated the superior lubrication performance of synovial fluid over 

Ringer’s solution, as the μeq of synovial fluid at various loading times were statistically lower 

than those of Ringer’s solution. In addition, with the help of environmental scanning 

electron microscopy (ESEM), Forster and Fisher [45] also identified a boundary layer that 
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overlies the uppermost superficial tangential zone, and suggested that synovial fluid could 

maintain and replenish the constituents in this boundary layer.  

The concentrations of solutions also have impact on joint lubrication. Merkher et al. 

[18] used human hip joint samples and the MCA cartilage-on-cartilage testing configuration 

to study the effects of concentration of lubricants on friction coefficient. Distilled water, 

NaCl (at 15 and 150 mM) and histidine buffer solutions (at 5, 15 and 150 mM) were tested. 

Samples were loaded by 10 and 30 N normal load (0.8 and 2.4 MPa contact pressure 

respectively), and the sliding speed was kept at 1 mm/s. Results showed that both μ0 and 

μeq increased by around 50% with the increased concentration of both NaCl (from none to 

150 mM) and histidine solution (from 5 to 150 mM) [18]. Other studies focused on the 

components of synovial fluid and the lubrication capability of their concentrations. Shi et al. 

[242] used PBS as the controlled case, and dissolved three other solutions in PBS: 100 

mg/mL polyethylene glycol (PEG) of 10,000 molecular weight (MW), 100 mg/mL PEG of 

100,000 MW, and 100 mg/mL Chondroitin sulfate (CS) from shark cartilage. Results 

revealed that both 100,000 MW PEG and CS dissolved in PBS were efficient lubricants as 

both μ0 and μeq were reduced by around 40%, in comparison, the lubrication ability of 

10,000 MW PEG was less pronounced [242]. The author explained that by changing the 

molecular weight of PEG, the viscosity of PBS solution had been increased significantly 

from 3.5 mPa·s (10,000 MW PEG) to 37.2 mPa·s (100,000 MW PEG) [242]. Rather than 

looking at the lubrication ability of single synovial fluid constituent, the interaction and 

synergistic mechanisms between synovia constituents are more important. Murakami et al. 

[245] adopted the SCA testing configuration using samples taken from porcine knee joints. 

The lubricating constituents of interest were saline solution of 0.5 wt% sodium hyaluronate 

(HA), 0.7 wt% or 1.4 wt% bovine serum albumin (abl), 0.7 wt% human serum γ-globulin 

(γ-glb), and 0.01 wt% Lα-dipalmitoyl phosphatidylcholine (DPPC). Results are reproduced 

in Figure 2-25, it is shown that the friction was remarkably lowered when addition DPPC 

was added to HA solution, this is probably because the formation of membrane-like 

structures (or film) became more effective due to the excellent water retention ability of 

HA. However, the protective ability of HA-DPPC complex was limited as local scratches 

were shown on the surfaces. On the contrary, minimum friction coefficient of 0.01 and 

little wear were observed in lubricant No.13 in which additional 1.4 wt% albumin and 0.7 

wt% γ-globulin were added. It was shown that superficial gel-like layer may have been 

slightly removed but not sight of scratching [245]. It is suggested by the authors that the γ-

globulin formed protective adsorbed layer on cartilage surface and albumin acted as low 

shearing layers, furthermore, it was attributed to the lubricating layered structure in the 
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absorbed film for low friction and minimal wear [245]. The lubricant No. 13 had similar 

composition to natural synovial fluid, which indicated that the combined effect or the 

synergistic action of various synovia constituents shall not be overlooked in future 

investigation. 

The multiple start-stop test [218] and load removal test [221] conducted by 

tribometers have been reviewed in Section 2.4.3 (b) and (c) respectively. Although 

tribometer is a very useful tool in studying joint lubrication, it can only provide 

macroscopic conceptions or general understanding of the lubrication mechanism. In order 

to obtain detailed elucidation or its microscopic mechanism, more advanced and precise 

instruments are required. 

 

Figure 2-25. Friction and wear of synergistic actions of synovia constituents [245] 

(b) Surface Topography Measurement 

The cartilage surface topography also plays an important role in synovial joint 

lubrication, and surface roughness is one of the most important surface topographic 

properties, which reflects the unevenness or irregularity of a texture [247]. The roughness is 

a measurement of how smooth the surface is over a certain length scale. Most man-made 

metal bearings are manufactured with very smooth surfaces to reduce friction, but cartilage 

surfaces are much rougher, with peak asperity heights around 10 μm [11]. The surface 

roughness is usually quantified by a parameter called “roughness height”, which is defined 

as the vertical deviation of the real surface from the reference smooth surface. There are 

two commonly adopted roughness heights: the averaged roughness height (Ra) and the 
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root-mean-square (RMS) roughness height (Rq). Their expressions in two-dimensional 

manner are given below [246], 
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where n is the number of discrete data points taken from the sample. yi is the vertical 

measurement corresponding to the height of the profile. ym is the reference of the profile 

(usually taken as the mean or zero). Sometimes the maximum peak height (Rq), the 

maximum valley depth (Rv) and the maximum height of profile (Rt = Rq − Rv) are also used. 

It should be noted that the measurement of roughness height is dependent on a few 

factors, such as the resolution of machine, the statistical implication (i.e., number of 

observance and interval) and most importantly, the sample length scale [247]. It is reviewed 

by Smith et al. [11] that over a length scale of 500 μm or so in normal cartilage, the 

asperities are relatively high and measured in about 10 μm. On the other hand, over smaller 

length scales of 1 or 2 μm, asperities are tiny and measured in tens or hundreds of 

nanometres. Therefore, if the contact initiates at an area of 1 mm × 1 mm, Smith et al. [11] 

believe that it is reasonable to assume the interfacial gap height formed at the initial contact 

of two cartilages to be around 20 μm. In addition, roughness heights are different in joint 

types. Smyth et al. [246] measured eighty cartilage surface samples taken from three 

different functioning joint types (radiocarpal, midcarpal, and carpometacarpal) and found 

out that the average surface roughness heights were statistically different in each joint, 

which indicated that roughness of cartilage could be dependent on the operating 

environment. 

Usually, roughness heights are measured using surface analysis techniques such as 

stylus profilometer, atomic force microscopy and scanning electron microscopy. The stylus 

profilometer has been widely used in tribological engineering, in which a probe is employed 

to detect surface texture. During investigation, the probe transverses across the surface 

along a line or in two-dimensional manner. The changes in vertical position of the arm 

holder can then be used to reconstruct the surface. The resolution of the specimen surface 

is high, for example, the vertical resolution limit of a fine spherical diamond tipped probe 

of 1.5 μm radius can he around 0.01–0.02 μm [171]. The shape of the probe also affects 

the accuracy of measurement because it may induce a dilation effect [247]. 
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Atomic force microscopy (AFM) is another contact technique in surface analysis, it 

can measure not only surface topography but also mechanical properties of materials, such 

as stiffness at micro- and nano-scales in both air and fluid modes [83]. The fundamental 

concept of AFM is surface tunnelling microscopy [247]. A schematic view of an AFM 

instrument and its key components are shown in Figure 2-26. The most important 

component is a micro-cantilever with a nanometre level tip. The tips are generally made 

from silicon sometimes silicon nitride to enhance the stiffness [247]. The lateral resolution 

is determined by the radius and curvature of the end of the tip, whereas the vertical 

resolution is determined by the scanner movement. The sidewall angles of the tip may 

affect its working ability in probing high aspect ratio roughness [83]. During scanning 

operation, the deflection of the cantilever is captured by a reflected laser beam, and the 

photodetector collects the signals from the tilt mirror. The records of displacement and 

deflection of the position of the tip form the three-dimensional surface topography or the 

force map of the surface [83].  

 

Figure 2-26. A typical AFM instrument and its key components [83] 

AFM can also map the force curve or force topography of the surface based on the 

Hooke’s law. For cartilage measurement, the typical spring stiffness of cantilever is usually 

taken in a range of 0.06–0.12 N/m [248]. The force curve can be used to compute the 

cartilage mechanical properties such as Young’s modulus. The Hertz model is most 

frequently used to calculate the Young’s modulus of cartilage samples [248]. The Hertz 

model considers elastic deformation and assumes no adhesion between tip and sample 

[249]. The expression of Hertz model for a conical tip is given by, 

 
2

2
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2 1

E
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 (2-30) 

where F is the applied force, which is dependent of cantilever spring stiffness and 

indentation depth σ. E is the Young’s modulus. υ is the Poisson’s ratio for the opening 

angle of the cone. α is the half angle of the cone. 
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The major disadvantages of this technique are that sometimes the applied force may 

cause the surface to deform too much, and another common problem is the stick-slip 

phenomenon, which jerks between tip and surface [247]. To obtain more accurate results, 

tapping mode imaging is normally used [250]. For cartilage surface measurement, AFM is 

usually conducted at a frequency of 3 Hz, close to human walking gait [113].   

Scanning electron microscopy (SEM) can be used to achieve higher resolution in 

nanometre scale or to visualise the tissue structure directly under the surface [251]. The 

working principle of SEM imaging is illustrated in Figure 2-27. A beam of electrons, which 

contains high kinematic energy in a range of 0.2–40 keV, is emitted from an electron gun. 

The electron beam is focused with two magnetic scanning coils and pairs of deflectors 

inside the column, and then it is directed into a chamber to interact with the sample [247]. 

When the electron beam interacts with a solid surface, it decelerates and produces different 

signals, such as secondary electrons, backscattered electrons, diffracted backscattered 

electrons, X-rays [252], which are collected by different detectors. Finally, the signals are 

processed and passed to a viewing system to construct images. For the focus of the 

electron beam in the column and the function of the secondary electron detectors, a shared 

vacuum pump is required for the electron column and the sample chamber [171]. 

Therefore, it is also required the samples to be vacuum tolerant, vacuum friendly and 

electrically conductive [171]. 

 

Figure 2-27. Schematic view of working pricinple of SEM [247]  

Due to the high requirement for the samples, the preparation for cartilage samples is 

of high standard. The osteochondral blocks should be thoroughly rinsed in 10 mL 2.5% 

glutaraldehyde in PBS overnight at room temperature. Upon testing, the osteochondral 

blocks are then thoroughly rinsed in ddH2O and dehydrated in graded ethanol solutions, 

such as hexamethyl disilazane. The dry osteochondral blocks are placed under vacuum for 

30 minutes and then sputter coated before being placed in the chamber of SEM [251]. 

Even with such complex preparation, the SEM images of cartilage specimen may still be 
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“foggy” due to the high water content in cartilage [171]. Therefore, a refined technique 

known as environmental scanning electron microscopy (ESEM) has been more frequently 

used over the last ten years. The ESEM is distinguished from conventional SEM 

instrument in two ways. First, it has multiple apertures, graduated vacuum system [171]. 

This system can maintain high vacuum in the electron column, without affecting the 

sample chamber. Second, the key feature called environmental or gaseous secondary 

electron detector is used [171]. This detector relies on gas ionisation to detect or amplify 

the secondary electron signals. Gas ionisation can also suppress charging artefacts on 

insulating samples [171]. Therefore, it is not required special and complex sample 

preparation for using ESEM. 

 Theoretical/Computational Methods 

(a) Cartilage and Contact Modelling 

The biphasic theory is widely used in modelling biomechanical behaviours of 

cartilage tissue. The biphasic theory was first introduced for porous materials in 1941 by 

Biot [225], later in 1980 it was modified and further developed for cartilage by Mow et al. 

[91]. The theory assumes cartilage tissue to be a binary mixture of an intrinsically 

incompressible, isotropic elastic solid matrix, and an incompressible, inviscid fluid phase. 

These two phases are non-dissipative, and the only dissipation comes from the frictional 

drag of relative motion between the two phases [91]. 

In the assumption of no mass exchange between tissue and outer environment, the 

total mass change must be equal to the amount of fluid flow out of the tissue. Meanwhile, 

an equal and opposite amount of volumetric change must occur spontaneously in the solid 

matrix due to the assumption of incompressibility for both the solid and fluid phase [52]. 

This phenomenon is modelled by the continuity equation, 

 ( ) 0   v vs s f f
 (2-31) 

where vs and vf are the velocity vectors for solid and fluid phases respectively. ϕs and ϕf are 

the volume fractions for solid and fluid phases respectively (ϕs + ϕf = 1). 

The only dissipative factor is the flow in the cartilage tissue, which is governed by 

Darcy’s law, 

 ( )   -v v Kf f s p  (2-32) 
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where K is the hydraulic permeability tensor of cartilage. p is the excess pore pressure of 

the interstitial fluid in cartilage. The expression ϕf(vf − vs) is Darcy velocity inside cartilage, 

representing the fluid flow through the surface of the tissue. 

Neglecting inertia effects, the momentum equations for solid and fluid phases are 

given by Eq. (2-33), and the conservation of momentum is given by Eq. (2-34). 
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 0 σtot  (2-34) 

where σtot is the total stress tensor, σs
E is the effective stress tensor.  

Due to the biphasic nature, the total stress in the tissue is resisted by the sum of 

effective stress in the solid matrix and excess pore pressure of the interstitial fluid, 

  σ σ Is
tot E p  (2-35) 

where I is the identity tensor. 

The constitutive equations describe the stress-strain relationship in cartilage solid 

matrix, for linear elastic material under small strain condition, the constitutive relation can 

be expressed by the Hooke’s law as shown in Eq. (2-36), whereas for nonlinear system 

under large deformation condition, strain energy density function should be used as shown 

in Eq. (2-37),  

 σ Eεs
E  (2-36) 
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where E is the stiffness matrix, ε is the elastic strain tensor in Eq. (2-36). In Eq. (2-37), σs
E 

is in Cauchy stress form. Fs is the deformation gradient of the solid phase. Ws is the 

Helmholtz energy per unit volume stored in the solid. Cs is right Cauchy-Green 

deformation tensor of the solid phase. Js is volume ratio of the solid phase, Js = det(Fs). 

Additional to the standard biphasic model, important features such as strain-

dependent permeability, aggrecan dependent aggregate modulus and anisotropy caused by 

the collagen network are also required in cartilage modelling. The strain-dependent 

permeability and aggrecan dependent aggregate modulus have already been introduced 

previously in Eq. (2-2) and Eq. (2-3) respectively.  

Anisotropy of the collagen network is responsible for the tension-compression 

nonlinearity of cartilage tissue. This feature can be best captured using the “conewise linear 
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elastic model” [226]. This model can simulate not only conditional tension and 

compression under different loading conditions, but also allow for different magnitudes for 

tension and compression [227], but the responses are still linearly elastic [82].  
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where Aa is a tensor corresponding to three material directions, defined by unit vectors aa. 

The term (Aa : ε) represents the component of normal strain along the preferred direction 

of the unit vector aa. Tension and compression are trigged by the normal strain (Aa : ε) 

along direction aa, defined by the Lamé constant λ1. 
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The aggregate modulus in compression and tension is then given by H-A = λ-1 + 2μ and 

H+A = λ+1 + 2μ, respectively. λ2 is the “off-diagonal” modulus obtained from confined 

compression. μ is shear modulus. 

The contact formulation of two pieces of cartilage modelled as biphasic tissues has 

also been studied extensively [228, 229]. This kind of studies usually neglect the effect of 

surface roughness (assume perfectly smooth surface) and the presence of synovial fluid at 

contact interface. This is because the formulation of the contact problem assumes a 

prolonged squeeze-film action that has already depleted the thin lubricant film occurs 

before the cartilage contact [230].  

The contact is governed by a gap function between the two contacting surfaces that 

are classified as “master” (or primary) surface and “slave” (or secondary) surface 

respectively. Define g as the distance from the primary surface to the secondary surface, 

along the unit outward normal to the primary surface [232]. g is positive when the surfaces 

ΓA and ΓB are separated, and negative when the primary surface penetrates into the 

secondary surface.  

 , ( )     X X n X X nB A A B A Ag g  (2-40) 

where XA is the location on ΓA closest to XB, XB is the location on ΓB closest to XA. When 

the two surfaces are perfectly mating (i.e., nB → −nA), the two position XA and XB 

coincide, a true contact occurs. 

The contact constrain is enforced by the augmented Lagrangian method (or penalty 

method), in which the normal component of the contact traction be given by [233], 



Department of Infrastructure Engineering 

Chapter 2                                                                                       The University of Melbourne 

2-58 
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where ηn is the penalty factor (unit as force per volume). As the contact boundaries are 

approaching to each other, the source point XA converges to the closest destination point 

XB. The augmented Lagrangian method allows the contact surfaces to overlap by an 

acceptably negligible amount g, if a sufficiently large penalty factor is selected. In an initial 

step, an augmentation component is introduced for the contact pressure tn (i.e., tn = λn
(k = 0) 

+ ηng), and iterative method is used. The algorithm repeats until the computed gap 

distance fulfils a convergence criterion (i.e., |XB| ≤ GTOL for all XB locations of the 

contact surface ΓB) [234]. 

In addition, a set of boundary conditions shall also be enforced at the interface 

between two cartilage tissues [231].  

 [[ ]] 0 v ns
 (2-42 a) 

 [[ ( )]] 0   v v nf f s
 (2-42 b) 

 [[ ]] 0   I σ ns
Ep  (2-42 c) 

 [[ ]] 0p   (2-42 d) 

where [[·]] denotes the difference across the contact interface Γ of the enclosed quantity. 

The set of boundary conditions enforce the continuity of kinematic conditions normal to Γ 

(Eq. (2-42 a)), fluid flux normal to Γ (Eq. (2-42 b)), total surface traction on Γ (Eq. (2-42 

c)), and the interstitial fluid pressure across Γ (Eq. (2-42 d)). 

(b) Synovial Fluid Rheological Model 

With water as solvent, the rheological behaviour of synovial fluid can be described by 

the theory of incompressible simple fluid [235]. In this section, the constitutive equation 

called “generalised Newtonian fluid” is introduced below, due to its simplicity and 

usefulness in many engineering problems [236]. 

   T I τp  (2-43a) 

 )  = (τ γ   (2-43b) 

where T is the stress tensor. p is the pressure. I is the identity tensor. τ is the extra stress 

tensor, whose value is dependent on the relative deformation of a material point. γ is the 

shear rate tensor. η is fluid viscosity. 
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It should be emphasised that Eq. (43) is only a correction to the Newtonian 

constitutive equation. This kind of constitutive equation only considers one flow pattern, 

which is when the shear rate dependency of viscosity is relevant [235]. The viscosity as a 

function of local shear rate can be identified by calibrating with the viscosity experimental 

data [150]. There are several models that can be used to better describe the material’s 

characteristic, such as power law [237], Cross model [238] and Carreau-Yasuda model 

[239], 

 Power law:  
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  nm  (2-44) 
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where η0 is the zero-shear viscosity. η∞ is the infinite shear viscosity. λ is a time constant. n 

is a rate constant describes the slope. a and m are constants determined from curve-fitting. 

 Summary 

This chapter presents a state-of-art review on the topics of synovial joint lubrication, 

including the composition of cartilage and synovial fluid, mechanical properties of cartilage, 

rheology and viscoelasticity of synovial fluid, current prevalent lubrication theories, and the 

investigation techniques. The findings are summarised below, 

 There is a knowledge gap between the current cartilage modelling and the reality. 

Current cartilage contact models generally assume perfectly smooth surfaces and 

neglect the effects of the temporarily trapped fluid at the contact interface because 

the squeeze-film motion is thought to deplete the fluid [230]. However, in reality 

roughness is present on cartilage surface and when cartilage contact occurs, the 

random asperity contact will form an interconnected pore space at contact interface. 

Therefore, this research project aims to address this research gap by developing a 

new cartilage contact model considering the effects of surface roughness and the 

temporarily trapped fluid at the interfacial pore space. 

 Synovial fluid plays an important role in fluid-film lubrication and mixed-mode 

lubrication, however, due to the complexity of its composition, the actual flow 

behaviour during cartilage contact has not been fully understood so far. Therefore, 

as an initial step, a standalone cartilage contact gap flow model considering the 
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rheology of synovial fluid and surface roughness of cartilage will be helpful to 

explore the fluid flow behaviour and estimate the permeability of the contact gap.  

 Cartilage is a complex biomaterial, the key mechanical characteristics, such as 

poroelastiticity, strain-dependent permeability, aggrecan-dependent aggregate 

modulus, tension and compression nonlinearity, viscoelasticity and osmatic swelling, 

should be considered in theoretical formulation or computational modelling. 

Currently, there exists a few mature cartilage tissue models (e.g., Zhang et al. [115], 

Murakami et al. [39]). However, cartilage contact gap model describing the spatio-

temporal changes of fluid pressure and the local deformation of asperities is not 

available. The contact gap space consisting of surface asperities (solid phase) and 

synovial fluid (fluid phase) can also be treated as a porous medium, therefore, 

poroelastiticity theory can still be applied for developing the cartilage contact gap 

model.  

 Mixed-mode regime has been identified to be the most effective regime for joint 

lubrication [22], where a number of lubrication theories have been proposed, such 

as weeping lubrication [23] and boosted lubrication [24]. To simulate the cartilage 

contact in the mixed-mode regime, the cartilage contact gap model and cartilage 

tissue mode should be coupled together through a series of continuity boundary 

conditions. The coupled cartilage contact model accounting for the fluid exchange 

between the interfacial pore space and cartilage tissue can be used to evaluate the 

plausibility of weeping and boosted lubrication theories.  

 A number of experimental studies have revealed that removal (or digestion) of 

cartilage surface polymers increased the friction at cartilage contact interface [59, 

192], however, there is lack of theoretical justification of the increased friction. The 

fluid retention effect of surface polymers could be incorporated in the evaluation of 

gap permeability, which involves dividing the gap permeability into two parts:  

roughness and synovial fluid dominant domain and polymer brush border (PBB). 

In PBB, an exponential relationship between the gap permeability and GAG 

concentration may be assumed similar to the condition in cartilage tissue [11]. The 

gap permeability can be then employed in coupled cartilage contact model to study 

the effect of surface polymers on joint lubrication.  
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Investigation of Synovial Fluid Flow Behaviour in 
Cartilage Contact Gap 

 

 

 Introduction 

The fluid flow in contact gap plays an important role in cartilage mixed-mode contact, 

and hence a better understanding on the fluid flow behaviour in the contact gap is essential. 

As shown in Figure 3-1, there are two potential fluid paths in the contact gap, one is 

through fluid exchange with cartilage tissue, and the other is lateral outflow across the 

perimeter of the contact gap. The dominance of one path over the other is likely to vary 

throughout the time course of contact. Indeed, given the time-dependent poroelastic 

properties of cartilage, the flow paths and frictional properties of cartilage are expected to 

change. Wu and Ferguson [188] have laid down some foundation work on this topic by 

studying the effects of asperity distribution, root-mean-square (RMS) roughness, 

wavelengths and flow angle on the permeability of contact gap. However, in Wu and 

Ferguson’s analysis the synovial fluid is assumed to be Newtonian with constant viscosity 

[188], while the randomness of surface roughness is not guaranteed statistically (i.e., sample 

dimensions and sizes were not large enough, the wavelengths were not random). 

Since no contact model has addressed the interfacial gap flow with non-Newtonian 

properties [107]. The study in this chapter represents a first step towards understanding the 

fundamental fluid flow behaviour in the contact gap. This understanding is essential not 

only for synovial joint lubrication, but also for the development of bio-inspired smart 

materials [253], which have a variety of practical applications in the fields of daily life, 

industry, and agriculture (e.g., cartilage-inspired lubrication system). The surface roughness 

of bovine cartilage is measured first, and then synthetic surface topographies of cartilage 

are developed by employing an advanced mathematical algorithm with the key parameters 

(i.e., average roughness height Ra, RMS roughness height Rq and correlation length) 
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measured from the experiment. This methodology allows for multiple sample 

investigations to satisfy statistical requirements but with less computational cost. A micro-

scale computational fluid dynamics (CFD) model with non-Newtonian viscosity is 

employed to investigate the fluid flow in the contact gap between two cartilage surfaces. 

Finally, the gap permeability can be estimated with respect to the gap height and fluid 

pressure gradient. 

 

Figure 3-1. Schematic diagram showing fluid flow in cartilage contact gap 

 Materials and Methods 

 Numerical Methods 

The physical configuration of the problem is a simplification of a synovial knee joint. 

By treating femur and meniscus as one body, two approximately circular contact regions 

between femur-meniscus and tibia (lateral and medial) can be obtained, each with a radius 

of 12–15 mm [254]. Furthermore, by ignoring the femur head curvature, the problem can 

be simplified as two cylindrical cartilage discs. The above simplifications have often been 

used in investigating the squeeze-film behaviour of joint lubrication [183], in which a thick 

fluid film separates two cartilages. Once asperity contact has been established, the joint 

lubrication mode shifts from squeeze-film lubrication to mixed-mode lubrication. This 

general account of gap behaviour is elementary: it simply says that initially the two 

contacting surface are separated by fluid, and then they contact at asperities, establishing 

simultaneous boundary lubrication and hydrodynamic lubrication, which is referred to as 

mixed-mode lubrication. Based on the measurements in this study, the initial cartilage 
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surface roughness is randomly distributed. A schematic depiction of the cross-section 

profiles (based on measurement data of undeformed profiles) of femur and tibia after initial 

contact is shown in Figure 3-1. The uneven contacts of the randomly distributed asperities 

will form an interconnected pore space that is described here as the “contact gap”. For a 

single load event such as standing up for some time, the two cartilage discs can be assumed 

under quasi-static compression, which will cause closure of the contact gap and thereby 

change the fluid behaviour in the gap. 

This study primarily focuses on the radial fluid flow in cartilage contact gap (Path 1 

in Figure 3-1), the simulations initiate when the highest asperities of two cartilage surfaces 

are just in contact. The fluid permeability under different gap heights (simulation of gap 

closure) is estimated by applying pressure difference at the two ends of contact gap. Both 

micro- and macro-scale fluid flow models are developed, an overview of the numerical 

simulation process is shown in Figure 3-2. To simplify the complicated fluid flow 

behaviour in the contact gap, the following assumptions are made in this study: 

 The contact surface topography of two the cartilage surfaces are assumed to be 

symmetrical. This assumption can greatly simplify the contact geometry without 

sacrificing the fundamental fluid flow behaviour in the contact gap. 

 The fluid exchange between contact gap and cartilage tissue, and the bulk 

deformation of cartilage tissue are not considered in the study. This is because the 

gap permeability is related to the pore space in the contact gap, and the closing of 

the contact gap is primarily dependent on the asperity level deformation. 

 Fluid-structure interaction in cartilage contact gap is not considered because it is 

not the primary focus of this study and its effect is probably minor. This is because 

solid matrices of asperities are incompressible, and in a pressure continuum space, 

the interstitial fluid pressure inside the asperity tissues tends to cancel out some of 

the fluid pressure in the contact gap. Therefore, the asperity deformation caused by 

fluid pressure in the gap is minimal compared with that caused by the external 

loading. 

 The fluid flow in macro- and micro-scale can be modelled by Darcy’s law and 

Naiver-Stokes equation, respectively. Due to the large difference in dimensions 

between the gap height and gap length, an upscaling from micro- to macro-scale 

gap flow is required assuming the key contact gap characteristics (e.g., roughness 

height, gap flow behaviour) can be represented by a carefully selected 

representative elementary volume (REV).    
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Figure 3-2. An overview of the numerical approach  

At the macro-scale, the contact gap between asperities of two cartilages forms an 

interconnected pore space, and the gap flow behaviour can be modelled by one-

dimensional Darcy’s law in cylindrical coordinate system. 
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 (3-1)  

where Kr is the gap permeability, which represents the degree of difficulty for the flow to 

exit radially. vd is the Darcy velocity of the gap flow. p is the pressure of the fluid in the gap 

generated by the external load. η is the viscosity of synovial fluid. κ is the intrinsic 

permeability of the gap which is primarily dependent on the geometry of the pore space, 

and thus κ is function of the distribution of asperity size and gap height h (i.e., κ = κ(h)). 

Since the centre line (mean) of the cartilage rough surface is usually taken at z = 0, the gap 

height h is defined as the distance between the centre lines of the upper and lower cartilage, 

which is also twice of the distance between the symmetrical line and the centre line of 

cartilage roughness in this study (see Figure 3-2). Therefore, the gap height h covers the 

positive asperity heights of the upper and lower cartilage rough surface. 

 To guarantee statistical randomness, the selection of representative elementary 

volume (REV) of the micro-scale model is vital. In porous media, the REV is determined 

by gradually enlarging the averaging sample size to achieve relatively constant readings for 

variables [255]. It is discovered that over a length scale of 250 μm the asperities are 

relatively high, and the peak heights are measured in around 10 μm. The maximum peak 

heights measured from square bovine knee joint samples of 250 μm in length ranged from 
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6–18 μm [46]. The levelled equine joint samples taken from three joint types (radiocarpal, 

midcarpal and carpometacarpal) with a length scale of 5000 μm scanned by Smyth et al. 

[246] showed that the asperity heights were around 5–10 μm. This finding is consistent 

with the experimental measurements carried out in this study (Rq value in Table 3-1 is close 

to 10 μm), which is based on a 1000 μm × 1000 μm sample size. These findings imply that, 

at a contact length over 250 μm, the maximum gap height between two contact cartilages is 

around 20 μm. Therefore, in the present study a REV of 1000 μm × 1000 μm is considered 

as the suitable size for cartilage contact problem. On the other hand, if assume two primary 

roughly circular contact regions (lateral and medial, each with a radius of 12–15 mm) are 

generated during standing or walking, the size of each contact area in a knee joint is around 

500–700 mm2 (based on the contact radius of 12–15 mm), in comparison the area of the 

REV is around 1/700–1/500 of the contact area. This implies the chosen REV size is 

appropriate to the scale for the in vivo cartilage contact problem in a knee joint. 

Isothermal, laminar, incompressible flow conditions are assumed in the gap for the 

micro-scale REV model (1 mm × 1 mm square). The flow is governed by the Navier-

Stokes equations in Cartesian coordinates. 
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where ρ is the density of synovial fluid. u is fluid velocity vector. p is fluid pressure. F is the 

volume force vector which is ignored in this study. η is the viscosity of synovial fluid.  is 

the shear rate tensor, its expression and its magnitude shear rate  are given below. 

 

( ) ;

1
:

2

T



   

 

u u

   



  
 (3-3)  

Recent studies of synovial fluid flow in the contact gap generally assumed synovial 

fluid as a Newtonian fluid with constant viscosity (e.g., 1 Pa·s was used by Wu and 

Ferguson [188], and 0.6 Pa·s by Moghadam et al. [256]). However, synovial fluid is a non-

Newtonian fluid with shear-thinning behaviour, i.e., the viscosity decreases with increase of 

shear rate [2]. The relationship between viscosity and shear rate is usually obtained from 

viscometer experiments on oscillating flow, in which synovial fluid is pre-sheared for two 

minutes, and then different shear rates are applied to the sample until steady states are 

reached [150]. Initially, the viscosity of synovial fluid is high due to the randomly orientated 

long molecules, then it decreases as the long molecules are re-orientated and stretched in 
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the direction of flow lines. In this study, the viscosity of synovial fluid is defined by gap 

height h and fluid velocity u (i.e., η = η(h, u)) because the shear rate is related to gap height 

and fluid velocity as per Eq. (3-3). In addition, synovial fluid also exhibits time dependent 

shear thickening [150]. To remove time-dependent synovial fluid behaviour, this study 

mainly focuses on the long-term steady state conditions, under which synovial fluid can be 

reasonably modelled as a shear-thinning fluid. 

In order to better capture the gap flow behaviour, two major inputs are incorporated 

in the micro-scale REV model. 

1. Experimentally measured and numerically simulated cartilage surface roughness. 

2. Constitutive relationship for synovial fluid obtained by calibration with the 

experimental data of steady state oscillating flow. 

The link from the micro- to macro-scale is drawn by equating the volume-averaged 

velocity of the REV (micro-scale) to the Darcy velocity in macro-scale. Thus, the macro-

scale gap permeability Kr can be evaluated by Eq. (3-4). In other words, this is an upscaling 

calculation through a homogenisation process.   
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 Construction of Cartilage Surface Topography 

(a) Experimental Measurements of Cartilage Surface Roughness 

Bovine patellofemoral joints (n = 3) of 2 to 4-year-old animals are sourced from 

abattoir and dissected to obtain fresh tibias with microscopically normal cartilage. The 

tibias are soaked in 0.15M Phosphate-buffered saline solution and stored at minus 20 ˚C. 

Prior to harvesting the osteochondral sample blocks (approximately 1 cm × 1 cm) 

form medial tibia, the intact tibia is thawed in 0.15M Phosphate-buffered saline at room 

temperature. The osteochondral blocks are then glued (LOCTITE® SUPER GLUE GEL 

CONTROL™) to a glass slide (Figure 3-3 (b)) and loaded on to the stage of a stylus 

profiler (DektakXT, Bruker) (Figure 3-3 (a)) for the roughness measurements. 

Surface scanning is conducted using a 2 µm tip over an area of 1 mm × 1 mm, 

approximately at the middle of the sample. Styles force of 1 mg is used for the scanning 

and samples are kept hydrated throughout. The scanning speed is set to 100 µm/s with a y-
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resolution of 0.33 µm/pt, there are 200 scans in the x-direction and the vertical resolution 

(z-resolution) is 8 nm (Figure 3-3 (c)). Each sample takes approximately 40 mins to scan 

and the three-dimensional scanned profiles are analysed using DektakXT inbuilt Vision64 

software to obtain the roughness parameters of the cartilage sample. 

 

Figure 3-3. Experimental equipment and samples 

The cartilage surface topography of medial tibia is shown in Figure 3-4 and the 

surface parameters are summarised in Table 3-1. Previous studies on cartilage surface 

roughness have shown that roughness height is dependent on the size of cartilage specimen 

(i.e., length scale), with the increase of specimen size, the values of Ra and Rq generally 

increase. For small length scales which are less than 50 μm, Rq is measured in hundreds of 

nanometres. For example, Lee et al. [224] measured human femoral heads (40 μm × 40 μm) 

with different osteoarthritis stages and it is showed that the values of Rq were in a range of 

137 nm to 533 nm. In addition, the study of Graindorge et al. [46] using 250 μm × 250 μm 

square samples harvested from healthy mature bovine knee joint showed that Ra and Rq 
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were 1.06 μm and 1.32 μm, respectively. Furthermore, the measurements of the cartilage 

surface (702 μm × 527 μm) of 6 to 8-month-old bovine knee joints by Shekhawat et al. [257] 

showed that the trochlea Ra was 1.15 μm and chondyle Ra was 0.6 μm. Later on, Smyth et al. 

[246] measured three types of equine joints with a length scale of 5000 μm. It is showed 

that the values of Ra for midcarpal, carpometacarpal and radiocarpal joints were 2.29 μm, 

1.69 μm and 1.60 μm, respectively. Therefore, by comparison, the surface roughness 

measurements obtained in this study (Ra = 1.97 μm, Rq = 2.44 μm for a specimen size of 

1000 μm × 1000 μm) are in reasonable agreement with previous measurements. 

(b) Numerical Synthesis of Cartilage Surface Roughness 

Although experimental measurements can provide exact surface roughness, the costs, 

time and workloads are tremendous especially for statistical analyses of multiple samples. 

On the other hand, the characteristics of cartilage surface roughness can also be, more 

conveniently, synthesised by numerical methods, in which multiple samples can be 

generated swiftly with desired surface parameters. In this study, a numerical procedure has 

been developed to synthesise cartilage surface roughness that resembles the experimental 

measurements in key parameters (i.e., Rq and correlation length τ). 

Traditionally, the surface roughness is quantified by the RMS roughness height, 

which only describes the vertical roughness (i.e., asperity heights). In order to form the 

whole picture of cartilage surface roughness, another parameter “correlation length” is 

required to describe the horizontal roughness (i.e., wavelength) [258, 259]. The correlation 

length represents how far apart two points on the surface can still remain correlated. The 

correlation length can be determined by establishing the semi-variogram for the surface. 

The mathematical expression of semi-variogram is given below, 

   21
( , ) ( , ) ( , )

2
x y E z x x y y z x y          (3-5)  

where z(x, y) is the surface heights; E{ } is the statistical expectation operator; ∆x and ∆y 

are the lag distance in two orthogonal directions. Based on the definition, if the lag distance 

is chosen to be very small, the two points are located very closely on the same bump, and 

hence the variogram value computed by Eq. (3-5) is small. The variogram tends to increase 

with the lag distance until it reaches a bend down (i.e., transition) area that the dependence 

of variogram on lag distance becomes diminished, which indicates the two points gradually 

lose correlation. After that the two points are no longer related and the variogram exhibits 

a plateau called the sill. Theoretically the lag distance corresponding to this bend down area 

can be taken as the correlation length. In this study, the semi-variograms are computed by a 
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three-dimensional mapping software SURFER (version 15, Golder Software LLC), in 

which the semi-variogram is fitted to an exponential function, and the correlation length is 

set as the distance at which the variogram reaches 63% of the sill [260]. 

As observed from the experimental results, the sample surface is primarily composed 

of “secondary undulations” and “tertiary undulations” as per the classification described by 

Longmore and Gardner [261]. “Secondary undulations” are asperities with a length scale of 

200–500 μm and an average height around 10–15 μm. While “tertiary undulations” are one 

order of magnitude lower, its length scale varies from 20 to 40 μm, and asperity heights are 

0.5–2 μm. In order to better simulate cartilage surface roughness, the information of the 

secondary and tertiary undulations should be captured. This is achieved by the following 

steps: 

1) Decompose the measured surface into secondary and tertiary undulations using 

Gaussian second order regression filter (see Figure 3-4 (a)). 

2) Obtain the key surface parameters (i.e., Rq and correlation length τ) from both 

secondary and tertiary undulations (see Figure 3-4 (a)). 

3) Generate two sperate random rough surfaces with the obtained key surface 

parameters to reflect the secondary and tertiary undulations respectively using the 

numerical procedures given below. 

4) Superpose the synthetic secondary and tertiary undulation surfaces to form a 

completed cartilage random surface roughness (see Figure 3-4 (b)). 

Random rough surfaces are usually generated using the Fast Fourier Transform 

(FFT) method combined with the power spectra density function [262]. According to 

Bergström et al. [258, 259], a three dimensional random rough surface, described by z = z(x, 

y), can be generated using two statistical distribution functions: the height probability 

distribution function (HDF) P(z) and the auto-correlation function (ACF) Rzz(x, y). The 

height probability distribution function characterises how far the probability of the surface 

heights deviate from the mean value (usually taken as z = 0). The auto-correlation function 

describes how strongly a certain surface height is correlated to another surface height 

separated by the “lag distance”, which is defined by the correlated length. In short, the 

HDF characterises the amplitudes of the surface heights, while the ACF describes the 

wavelengths of the peaks and valleys of the rough surface.  It is commonly assumed that 

both HDF and ACF follow the Gaussian distribution below, 
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where σ is the standard deviation, which is the RMS roughness height in this study (i.e., σ = 

Rq). τx and τy are the correlation lengths in x and y directions respectively. As stated above, 

the correlation lengths are computed by constructing the semi-variograms shown in Figure 

3-4 (a), in which isotropic correlation lengths of 100 μm and 20 μm are obtained from the 

secondary and tertiary undulations respectively. 

With HDF and ACF defined, the method given by Hu and Tonder [263] is adopted 

to generate the random surface roughness. The procedures are briefly described below. 

On discrete mesh points of a x-y plane, a series of uncorrelated but normally 

distributed random surface heights {ηx,y} (N × M, in which N and M are the number of 

surfaces points in x and y directions respectively) are generated by Eq. (3-6) with a given 

mean value (z = 0) and standard deviation σ.  

Performing 2D FFT of ηx,y yields the frequency contents (or the wavelength 

information) of the series ηx,y which is denoted by A(ωx, ωy). 
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where k and l are variable integers from 0 to N−1 and M−1 respectively. 

The power spectral density function of ηx,y is given below,  

 
2

( , ) ( , )x y x yS A      (3-9)  

Computing 2D FFT of auto-correlation function Rzz(x, y) gives the power spectra 

density function of the rough surface heights Szz(ωx, ωy). 
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The frequency contents (or the wavelength information) of the correlated rough 

surface Z(ωx, ωy) can be obtained by computing the complex products of two series A(ωx, 

ωy) and H(ωx, ωy), where H(ωx, ωy) is the transfer function of the system. 
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Finally, the correlated normally distributed rough surface heights can be computed 

by an inverse Fast Fourier Transform (IFFT) of Z(ωx, ωy). 
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The algorithm has been implemented in MATLAB (R2017b, The MathWorks, Inc.). 

Ten samples are generated as the surface roughness of medial tibia cartilage. The 

comparisons of surface parameters are summarised in Table 3-1. Additionally, the synthetic 

surface roughness with the closest Rq value to the experimental measurement out of the 10 

samples is plotted in Figure 3-4 (b). 

 

Figure 3-4. Synthesis of cartilage surface roughness  

Generally, the key parameters of the synthetic surfaces match well with the 

experimental measurements, especially for the averaged roughness Ra and RMS roughness 

Rq values. The maximum differences are less than 1%. It should be noted that the 

mathematical algorithm is a pseudo-random process and hence the synthetic surface 

roughness exhibit more evenly distributed values for surface peaks and valleys than the 
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measured samples. Therefore, there are small discrepancies when comparing the maximum 

peak height Rq and the maximum valley depth Rv. This is believed to be caused by the 

sample sizes. With larger sample sizes, the key parameters can be captured more accurately. 

However, 10 samples are considered sufficient in this study to satisfy the statistical 

requirements as per the standard deviation convergence tests for viscosity and gap 

permeability conducted in Section 3.3.2 

Table 3-1. Comparison of surface roughness parameters 

Surface parameters 
Medial Tibia 

Experiment Synthesis* 

Ra (μm) 1.97 1.94 (0.069) 

Rq (μm) 2.44 2.42 (0.074) 

Rp (μm) 8.83 7.66 (0.313) 

Rv (μm) −13 .92 −7.29 (0.756) 

Rt (μm) 22.75 14.95 (0.723) 

* values outside the brackets are means, inside the brackets are standard derivations (n = 10). 

 Numerical Simulation of Contact Gap Flow 

(a) Model Description 

The simulations of fluid flow within the contact gap are performed in COMSOL 

Multiphysics (version 5.3, COMSOL, Inc.). A typical micro-scale REV is shown in Figure 

3-5 (a). The random rough surface profiles (lower wall) generated above are imported to 

COMSOL. The upstream and downstream walls (highlighted in blue) in x direction are 

defined as inlet and outlet boundaries, respectively. The two lateral walls (highlighted in 

yellow) in y direction are symmetrical boundaries parallel to the flow to form a continue 

pore space. The lower surface representing the cartilage roughness in z direction is assigned 

no-slip boundary. In addition, the upper wall in z direction is defined as symmetry 

boundary to simulate two symmetrical cartilage contact. Fluid-structure interactions 

between the gap flow and the asperities are not considered, as it is probably a minor effect 

and not the primary focus of this study.  

The analyses consider the consolidation of asperities in the pore spaces. 

Consolidation of asperities alters the size and shape of the gap. Since the Poisson’s ratio of 

the cartilage extracellular matrix often approaches zero [107], especially in deformation rate 

regimes in which the interstitial fluid within the asperity has time to leave the tissue (there is 

fast consolidation as a result of the short asperity drainage path length). It is convenient to 
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approximate the gap closure geometry by just lowering down the contact plane to intersect 

with the asperities at varies heights (i.e., at 8, 6, 4, 2 and 0.5 μm for a single cartilage, which 

corresponds to the total gap heights of 16, 12, 8, 4 and 1 μm respectively for the contact of 

two cartilages with the same topography). The cartilage surface roughness at varies heights 

and degrees of contact are shown in Figure 3-5 (c). Separate models are created for each 

gap height, and in each gap flow model, various inlet pressures, ranging from 100 to10000 

Pa, together with zero outlet pressure are applied. 

Laminar, incompressible and isothermal flow is assumed in the gap for the micro-

scale REV models. Stationary Navier-Stokes equations are solved by the generalised 

minimal residual method (GMERS) for each gap model at each inlet pressure. 

 

 

Figure 3-5. Numerical analysis setup 
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(b) Viscosity of Synovial Fluid 

Synovial fluid is a semidilute hyaluronate (HA) and protein solution with a density of 

1225 kg/m3, the viscosity of which exhibits non-Newtonian shear rate dependent 

characteristics. The viscosity of synovial fluid will affect the flow velocity in the gap. The 

rheology of synovial fluid has been studied extensively [2]. The experimental results by 

Schurz and Ribitsch [153] showed the zero-shear rate viscosity (η0) ranges for healthy 

synovial fluid were 1–40 Pa·s. After the Newtonian plateau at shear rate around 0.05–0.1 

s−1, synovial fluid exhibited shear thinning behaviour up to a shear rate of 1000 s−1 where 

the reported experimental data terminated, at which the corresponding viscosity for healthy 

synovial fluid is 0.009 Pa·s.  

The generalised Newtonian constitutive equations have been used to capture the 

non-Newtonian behaviour of synovial fluid. The curve-fitted power law equation reported 

by Lai et al. [235] indicated that a normal synovial fluid would reach the infinite shear 

viscosity (η∞) around 0.007–0.01 Pa·s for shear rates more than 1000 s−1.  

The present study combined the findings of these two studies [153, 235] and utilised 

a tri-linear model to approximate the experimental data of the healthy synovial fluid in the 

work of Schurz and Ribitsch [153] The shear thinning segment was approximated by a 

power law equation between the two Newtonian plateaus of zero-shear viscosity η0 = 20.3 

Pa·s and infinite-shear viscosity η∞ = 0.01 Pa·s as per Lai et al. (1978). The equation is 

presented below and plotted in Figure 3-5 (b) for comparison. 
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It should be noted that the experimental data measured by viscometers is usually 

from steady state oscillating flow, as the synovial fluid samples are usually pre-sheared for a 

few minutes before testing. The oscillating shear test is not exactly the same as the 

conditions in a joint, but it is probably the closest representation for a cyclic loaded joint. 

 Results and Discussion 

 Initial Tests 

Initial testing is performed for the purposes of result comparison and model 

verification against the previous findings.  
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The input of initial analysis is set as close as possible to mimic the simulations of Wu 

and Ferguson [188] (i.e., the fluid domain was 80 μm × 80 μm, RMS roughness Rq = 0.5 

μm, inlet pressure was 400 Pa, outlet pressure was 0 Pa and fluid viscosity was 1 Pa·s). 

However, the wavelength information was not provided, to this end, three surfaces with 

different correlation lengths (i.e., τ = 2, 4 and 6 μm) are generated for comparison.  

The volumetric averaged velocities are output at various gap heights. The gap 

permeability Kr is calculated using Eq. (3-4) and results are plotted in Figure 3-6 for 

comparison. As the viscosity is constant, Kr is only related to the intrinsic permeability κ 

which is a function of pore size (i.e., gap height h). It is shown that generally results of the 

initial tests match closely with Wu and Ferguson [188] both in trend and magnitudes. A 

numerical error analysis using the statistical indicators (average absolute error (AAE)) is 

performed, it is shown that the result of τ = 6 μm has the closest match to the prediction 

of Wu and Ferguson [188] (AAE = 0.096), compared with AAE = 0.217 and 0.210 for the 

results of τ = 2 μm and 4 μm, respectively. 

Another noticeable trend is that the surface roughness with smaller correlation 

lengths tends to have better fluid retention capability. This is because under the same REV 

size and Rq, smaller correlation lengths generate more undulations that lengthens the 

drainage path. The results underline the importance of considering the correlation length in 

the model. 

 

Figure 3-6. Model verification against Wu and Ferguson [188] 

 Fluid Viscosity 

As stated previously, viscosity is a function of shear rate and thus is dependent on 

the gap height and the fluid velocity. Since the fluid velocity is driven by the fluid pressure 
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gradient Δp/Δr, viscosity is ultimately dependent on the fluid pressure gradient. Therefore, 

viscosity can be expressed as η = η(h, Δp/Δr). The apparent viscosity as a function of 

pressure gradient and gap height is shown in Figure 3-7 in log-log scale, in which the 

dashed lines are the extrapolations to the infinite-shear viscosity η∞ = 0.01 Pa·s. The 

viscosity charts are plotted by the mean values of the 10 surface roughness samples 

generated previously, and the error bars are the standard deviations. Incremental 

convergence tests of the standard deviations are performed for the most divergent case (h 

= 1 μm) at all pressure gradients, and the results show that the standard deviations at all 

pressure gradients decrease with the increase of surface sample sizes and gradually become 

constant. When the sample sizes are increased to 10, the differences of the standard 

deviations of the viscosity at all pressure gradients reduce to 5%, compared with those of 9 

samples. Therefore, in this study 10 samples are sufficient to satisfy the statistical 

requirements. 

 

Figure 3-7. Apparent viscosity at various gap heights and pressure gradients 

For a fixed pressure gradient, the fluid viscosity increases as the gap closes up. For 

example, under the same pressure gradient of 107 Pa/m, viscosities for the gap height of 16 

and 12 μm have already reached the infinite-shear viscosity η∞ = 0.01 Pa·s, while the 

viscosity for h = 4 μm is 100 times higher (i.e., 1 Pa·s). Furthermore, the viscosity 

decreases with increase of fluid pressure gradient (or fluid velocity). For example, by 

increasing the inlet pressure by 1000 times from the shear thinning threshold, the 

viscosities of h = 4 μm would reduce from the maximum η0 to the minimum η∞. The 
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results demonstrate that the shear thinning effect of synovial fluid potentially affects the 

fluid flow in the gap and hence may change the cartilage lubrication mode.  

Using a constant viscosity of 1 Pa·s or 0.6 Pa·s may reflect the general fluid 

behaviour in the gap, but it fails to capture the synovial fluid behaviour during cartilage 

contact as a process. In a single load event, such as standing up, after a quick squeeze-film 

stage, the rough surfaces of the upper and lower cartilages will come into contact. When 

the contact initiates, the total applied load σt (i.e., body weight) is initially resisted by the 

fluid pressure p in the gap only. In this instance, the initial synovial fluid viscosity is 

expected to be high, as it takes some time for the long molecules in the fluid to re-orientate. 

Once the relaxation time passes, the synovial fluid begins to thin and eventually reaches a 

steady state similar to the viscometer experiments. In an early contact stage, the majority of 

the load is carried by the fluid and hence the fluid pressure gradient is high, the viscosity of 

the fluid is low and may be close to the infinite shear viscosity. As a result, the fluid exits 

the gap quickly as it closes. When the gap closes, the surface asperities start to consolidate 

and the asperity contact stress σc will rise to take up the total applied load as per Eq. (3-14). 

 t c p    (3-14) 

As the asperity consolidation continues, both the gap height and the fluid pressure 

gradient will reduce, the viscosity of the remaining synovial fluid will increase as per Figure 

3-7. Therefore, the fluid flow process in cartilage contact is complex, and this complexity 

cannot be accurately captured by using a constant viscosity value. 

 Gap Permeability 

The gap permeability Kr is computed by Eq. (3-4) and plotted in Figure 3-8 using a 

log-log scale. The similar convergence study using h = 1 μm case as example is carried out 

to determine the required sample size for convergence. The results also show that 10 

samples of random surface roughness are sufficient to satisfy the statistical requirement 

(less than 5% change in standard deviation). 

Kr is also a function of gap height and fluid pressure gradient because Kr = κ(h)/ η(h, 

Δp/Δr). As expected, gap permeability reduces during gap closure due to the reduction in 

pore space. It is also apparent that gap permeability is very sensitive to the fluid pressure 

gradient, for example, at gap height of 8 μm, the 10 times decrease in pressure gradient 

(from 107 to 106 Pa/m) could lead to a 600-fold decrease in gap permeability. 
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Figure 3-8. Gap permeability at various gap heights and fluid pressure gradients 

The gap fluid flow velocity can be found by multiplying the pressure gradient in x-

axis by the corresponding gap permeability values in y-axis as per Eq. (3-1).  Moghadam et 

al. [256] developed a numerical model to compute the synovial fluid flow between two 

cartilage surfaces under sinusoidal deformation (at 15 Hz and 15% strain amplitude). In 

their study the viscosity was kept constant at 0.6 Pa·s. They predicted that the maximum 

flow velocity between two opposing cartilages was around 120–180 μm/s. To compare 

result by using Figure 3-7 and Figure 3-8, if assume the 15% cartilage strain in their study 

corresponds approximately to a 15% of asperity strain in the present study (i.e., h = 14 μm, 

as an interpolation between h = 16 and 12 μm curves). The reading of the pressure 

gradient corresponds to 0.6 Pa·s from Figure 3-7 is 1.2 × 106 Pa/m, it is multiplied by the 

corresponding gap permeability from Figure 3-8 (i.e., around 1.7 × 10−11 m2/Pa·s), which 

yields a gap flow velocity around 200 μm/s. The estimation matches reasonably with the 

results of Moghadam et al. [256]. In addition, another study by Chen et al. [264] estimated 

the range of interfacial flow velocity to be 26–65 μm/s, it should be noted that the flow 

velocity in the study of Chen et al. [264] was obtained from the upmost layer of a tissue 

engineered cartilage hydrogel that formed on top of the cartilage surface, in which the 

presence of molecules in the gel and the concentration of synovial fluid are expected to 

provide additional resistance to the flow. However, this study mainly focuses on the fluid 

flow from mechanical perspective and hence our prediction tends to be 3 to 7 times greater. 
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Another observation from Figure 3-8 is that the error bars (mean + standard 

derivation) become more and more divergent with the decrease of gap height. When 

contact initiates, Kr values are relatively convergent regardless of different sample 

topographies, which indicates at this stage Kr is insensitivity to the variation of cartilage 

surface topography. This is because the formation of the roughness is assumed to follow 

the Gaussian distribution that the majority (around 68%) of the asperity heights would 

distribute in an interval of one standard deviation from the mean (around h = 5 μm). While 

in the early contact stage (i.e., h = 16 to 12 μm) only a few highest asperities are connected 

and so a relatively generous gap still exists between the highest asperities and the rest of 

asperities, from which most of fluid can more easily escape. With the contact continues, Kr 

values become more and more sensitive to the surface topography, because the flow 

heterogeneity become increasingly significant due to gap closure, especially when the 

positive roughness peaks are almost flattened (i.e., h = 4 and 1 μm), and fluid flow is forced 

to take the increasingly tortuous paths in the remaining connected negative roughness part 

(z < 0) in the pore space. Therefore, the cartilage surface topography has increasing 

influences on the gap permeability when the contact gap closes.   

Figure 3-8 also provides an index to evaluate the gap permeability. The maximum Kr 

values are capped by the corresponding values to the viscosity values when the infinite-

shear viscosity limit of 0.01 Pa·s is reached in each gap height. After that the fluid viscosity 

is no longer dependent on the pressure gradient. Currently, there is no effective 

experimental method to measure the gap permeability either in vivo or in vitro. However, the 

pressure gradient and gap height can be quantified using advanced tools. The cartilage 

contact pressure contours have been mapped by some researchers with modified 

endoprosthesis integrated with transducers [13], Tekscan knee sensors [254] and most 

recently with 3D laser scanning [265]. As 95% of the contact loadings is assumed to be 

supported by the interstitial fluid, due to fluid pressure continuity, it is reasonable to 

assume 95% of cartilage contact pressure is supported by the gap fluid pressure [188]. On 

the other hand, the measurement of gap thickness for a glass disc sliding on femoral head 

in bovine calf serum was also made possible with a commercial optical interferometric 

tribometer [266]. Therefore, with the measurement of fluid pressure gradient and gap 

thickness, gap permeability may be evaluated indirectly using Figure 3-8. 

Several recent studies have investigated on the theoretical modelling of cartilage 

contact during mixed-mode lubrication. For example, Sokoloff [213] modelled the fluid 

flow in the contact gap by Darcy’s law, and the gap permeability is required as a key input 

parameter. Thus, the current study could lead to a more accurate estimation of gap 
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permeability. In addition, the formulations of cartilage contact in mixed-mode lubrication 

are complex because a more sophisticated model should consider asperity contact and fluid 

exchange between interstitial fluid in cartilage tissue between synovial fluid in the contact 

gap (i.e., driven by the pressure difference). Therefore, the gap flow model should be 

connected to the underlying cartilage tissue model, which is detailed in Chapter 5. This 

study numerically predicts the gap permeability against a range of gap heights and fluid 

pressure gradients in the gap. The outcomes of this study could potentially contribute to 

the development of more realistic cartilage contact models in the future.  

In summary, this study adopts a displacement-based approach to simulate the 

synovial fluid flow in the contact gap during the gap closure. The results suggest that the 

contact gap flow is governed by a combined effect of surface roughness, synovial fluid 

properties and fluid pressure gradient. The presence of roughness in the gap not only 

changes the intrinsic permeability (i.e., the pore spaces in the gap), in a more realistic 

physiological condition (i.e., non-Newtonian behaviour of synovial fluid), cartilage surface 

roughness could also increase fluid local shearing which changes the synovial fluid viscosity, 

and ultimately change the gap permeability.    

 Discussion on Joint Lubrication 

Comparison of the permeability values of cartilage and the gap can shed some light 

on the plausibility of joint lubrication theories in mixed-mode regime. The bulk 

permeability of cartilage, which is dependent on the aggrecan concentration, is normally in 

the range of 10−15–10−16 m2/Pa·s. The permeability at the top surface as a collagen 

dominant area would be expected to be less than the average permeability, but the increase 

of the actual aggrecan concentration during the consolidation process will also reduce the 

cartilage permeability. With this understanding, it is reasonable to take 10−15 m2/Pa·s as a 

reference for comparison.  

The results in Figure 3-8 show that when the gap height reduces to less than 1 μm 

and fluid pressure gradient reduces to below 5 × 105 Pa/m, the gap permeability would 

drop to the order of 10−15 m2/Pa·s. Therefore, it may be tentatively defined the following 

lubrication regimes: (1) from the initial contact to the positive roughness (peaks) being 

completely flattened (i.e., h = 0) as the mixed-mode lubrication regime; (2) h = 0 is the 

onset of boundary only lubrication regime (end of the mixed-mode lubrication); (3) in the 

mixed-mode regime, when gap permeability reduces to the order of 10−15 m2/Pa·s, which is 

the same level as cartilage tissue, the dominant lubrication mechanism probably shifts from 

weeping lubrication to boosted lubrication, then a more clear picture of the lubrication 
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process during contact begins to emerge. Weeping lubrication is likely to be the primary 

lubrication mechanism in mixed-mode regime, as in most of the gap heights the gap 

permeability is much greater than that of the underlying cartilage. With the increase of 

contact area, connected porosity decreases to such an extent that boosted lubrication is 

likely to become dominant over weeping lubrication at some point, where the gap 

permeability is approximately equal to the tissue permeability (e.g., when h = 1 μm and 

pressure gradient less than 5 × 105 Pa/m in this study). The boosted lubrication tends to 

dominate at the end of mixed-mode regime, and it leaves a layer of concentrated protein 

gel as boundary lubricant that aids boundary lubrication. Therefore, this boosted 

lubrication regime extends the duration of the mixed-mode lubrication regime, further 

delays the onset of the boundary lubrication only regime. At this turning point where the 

gap permeability is equal to the tissue permeability (i.e., h = 1 μm and pressure gradient less 

than 5 × 105 Pa/m in this study), it can be defined that the gap is functionally closed.   

In addition, as shown in Figure 3-5 (b), when the gap height reduces to zero, the 

fluid trapped in the valleys of the roughness become isolated and disconnected pools with 

an average volume of 950940 μm3 (out of the 10 samples), which is around 13% of the 

volume of the initial gap at first contact. This means that around about 13% of the total 

fluid in the gap might experience ultrafiltration (boosted lubrication), while around 87% of 

the fluid in the gap would be exit radially to the capsule.  

 Limitations 

Limitations of this study should be emphasised. It should be mentioned that the 

proposed definition above (i.e., gap functional closure) is a local criterion. The uneven 

distribution of interstitial fluid could generate non-uniform cartilage deformation and 

different gap heights in different locations, which implies that the fluid exchange (weeping 

and boosted lubrication) in the gap varies spatially. In other words, it is possible for 

different parts of the gap to be in different lubrication modes. Additional to the relative 

permeability, the relative path length may also influence the fluid flow from a global 

perspective. However, the global effect of the relative path length during joint contact 

cannot be captured in this chapter because the current gap fluid flow model is a standalone 

model. To consider the path length and fully unlock the mystery of fluid flow between 

cartilage and the contact gap, a global and integrated cartilage contact model involving gap 

fluid flow, asperity level deformation and cartilage tissue biphasic behaviour needs to be 

developed. This chapter represents the first step towards the formulation of a 

comprehensive cartilage contact model. 
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Similarly, the bulk deformation of cartilage tissue is also neglected. However, the role 

of bulk deformation of cartilage tissue is clearly required to form an integrated cartilage 

contact model. When under compression, the cartilage tissue will deform globally, contact 

drainage paths may be lengthened and cartilage may consolidate non-uniformly. For 

example, gap heights could be different between the cartilage perimeter edges where 

interstitial fluid can more easily exude and the “contact central area” of the cartilage where 

the drain paths are much longer. In other words, the geometry of the contact gap and the 

geometry of the cartilage tissue will change during contact, which is not reflected in the 

current model.  

 Summary  

This chapter numerically evaluates the permeability in various heights of cartilage 

contact gap by developing CFD models and synthesising multiple random surface 

roughness based on experimental measurements. The findings are summarised as follows: 

 The experimental measurements of bovine medial tibia cartilage surface roughness 

show that the averaged roughness aR  is 1.97 μm and the RMS roughness qR  is 

2.44 μm. The correlation lengths of the secondary and tertiary undulations are 

round 100 μm and 20 μm, respectively. 

 Cartilage surface roughness is directly related to the changes of intrinsic 

permeability in the contact gap. Surface roughness also causes fluid local shearing 

that changes the synovial fluid viscosity, and thereby affect the gap permeability. 

Similarly, the synovial fluid viscosity and gap permeability are also related to the 

fluid pressure gradients, as it affects the fluid velocity. 

 The gap permeability decreases as the contact gap closes. For example, at fluid 

pressure gradient of 106 Pa/m, the decrease of gap height from 4 μm to 1 μm could 

result in 20-fold decrease in gap permeability. In addition, it is shown that the gap 

permeability is very sensitive to the fluid pressure gradient. For example, at gap 

height of 8 μm, the 10-fold decrease in pressure gradient (from 107 to 106 Pa/m) 

could lead to 600-fold decrease in gap permeability. The gap permeability charts 

developed in this study can be used to estimate the gap permeability under different 

gap heights and fluid pressure gradients. 

 As the cartilage contact gap closes, the permeability of the contact gap gradually 

approaches that of the cartilage tissue. At some point (e.g., gap height around 1 μm 

and fluid pressure gradient below 5 × 105 Pa/m in this study), the contact gap may 
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be defined as being “functional closed”, as the gap permeability becomes 

approximately equal to the permeability of the cartilage tissue. This suggests that 

weeping lubrication is the primary mode when the contact gap is functionally open, 

while boosted lubrication becomes significant when the contact gap is functionally 

closed.
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Synovial Fluid Flow Behaviour in Cartilage Contact 
Gap under Osteoarthritis Condition 

 

 

 Introduction 

Synovial joint has excellent lubrication ability with the initial friction coefficient on 

the order of ~0.01, which outperforms the best manufactured bearing surface, such as 

Teflon with a friction coefficient of ~0.04 [196]. However, a degenerative joint disease 

known as Osteoarthritis (OA) can significantly undermine the biomechanical functions and 

lubrication performance of articular cartilage. The pathological changes of OA initiate at 

molecular scale (i.e., disorders in synthesis of collagen and proteoglycans [28]), and 

gradually spread to the tissues, and even further to subchondral bones and synovial 

membranes [278], manifesting as surface fibrillation, formation of cracks and fissures, 

partial/complete loss of tissue, and changes of biomechanical properties [279]. 

The changes of biomechanical properties of cartilage tissue due to OA have been 

investigated extensively. Akizuki et al. [77] found out that the tensile stiffness of human OA 

cartilage (late stage) is 90% smaller than that of healthy cartilage. Setton et al. [29] used the 

anterior cruciate ligament transection (ACLT) to induce OA to dog cartilages, and found 

24% reduction in both compressive and shear modulus after 6–12 weeks, whereas 

hydraulic permeability surged by 48%. The changes of biomechanical properties in OA 

cartilage are usually associated with the increase of friction at contact interface [224]. Fluid 

flow behaviour in the contact gap plays an important role in joint lubrication, as the 

different fluid flow directions between contact gap and tissue correspond to different 

lubrication theories. For example, weeping lubrication hypothesised that the compression 

of asperities could cause the interstitial fluid to “weep” into the gap space to enhance 

hydrodynamic lubrication [23], while boosted lubrication argued that the high film pressure 

at contact interface could push the water from synovial fluid into the cartilage tissue, 
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leaving the concentrated hyaluronan and proteins as boundary lubricants [24]. Under OA 

condition, the gap flow behaviour may change, which could significantly affect normal 

function of synovial joints, however, the changes in flow behaviour have not yet been 

investigated. Therefore, this study aims to evaluate the influences of OA on contact gap 

flow behaviour, especially the relative changes in permeability of contact gap and cartilage 

tissue that affect the fluid exchange. 

Cartilage surface roughness and synovial fluid are two important factors that affect 

the fluid flow in cartilage contact gap. The comparisons between healthy and OA cartilage 

surface topographies have been conducted using advanced techniques, such as atomic 

force microscopy [278] and scanning white light interferometry [257]. It is shown by all 

studies that roughness heights of OA surface are significantly increased (summarised in 

Table 4-2 in Section 4.2.3). OA also causes synthesis of degenerative synovial fluid. The 

rheological performance of healthy and OA synovial fluid from humans and dogs were 

tested by Schurz and Ribitsch [153] and Goudoulas et al. [146], respectively. Both studies 

found that shear thinning effect of synovial fluid becomes less noticeable in OA condition. 

Computational methods have been widely used in modelling of articular joint 

behaviours [280], mechanical characteristics of cartilage tissue [282] and fluid flow at 

contact interface of two opposing cartilage tissues. Due to complexity of the problem, 

computational fluid dynamics (CFD) analyses are usually adopted for the investigation of 

interfacial contact flow. For example, Hron et al. [281] developed a generalized power-law 

fluid flow model in which the shear thinning effect was dependent on the concentration of 

hyaluronan, but the effect of surface roughness was not considered. The model of Wu and 

Ferguson [188] explored the fluid retention effect of cartilage surface roughness, but the 

viscosity of synovial fluid was kept constant in the analyses. The contact gap CFD model 

by Liao et al. [220] has incorporated the influences of both surface roughness and shear 

thinning behaviour of synovial fluid, and suggested the fluid flow direction between 

cartilage and contact gap may change at a turning point. 

In this chapter, the pathological changes of cartilage surface roughness and synovial 

fluid in OA conditions are investigated and compared with those in healthy conditions. A 

flow chart of this study is shown in Figure 4-1. Firstly, cartilage surface topographies 

(healthy and OA) are constructed by numerical method with characteristic surface 

parameters. Secondly, constitutive equations for synovial fluid viscosity (healthy and OA) 

are calibrated with previous experimental data to capture the shear thinning behaviour. 

Finally, both roughness and synovial fluid information are imported to the gap flow model 

to study the changes of gap permeability in OA condition. 



Department of Infrastructure Engineering 

Chapter 4                                                                                       The University of Melbourne 

4-3 

 

Figure 4-1. An overview of the study in this chapter 

 Materials and Methods 

 Governing Equations of Contact Gap Flow Model 

The contact gap flow model has been developed by Liao et al. [220] and validated 

against the previous study of Wu and Ferguson [188]. The model consists of both macro- 

and micro-scale fluid flow models. The macro-scale model represents the lateral or medial 

cartilage contact areas with a radius of 12–15 mm [254], whereas the micro-scale model is a 

representative elementary volume (REV) with a size of 1000 × 1000 μm [220]. A schematic 

view of the macro- and micro-scale contact gap flow is shown in Figure 4-2. The governing 

equations are described below. 

In the macro-scale, the gap flow behaviour is assumed to be one-dimensional and 

can be modelled by Darcy’s law in cylindrical coordinate system. 
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where p is the fluid pressure in the gap. vd
N and vd

OA are the Darcy velocity of the gap flow 

in healthy and OA conditions respectively. κN and κOA are the intrinsic permeability in 

healthy and OA conditions respectively. κ is related to the geometry of the contact gap 
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pore space, and thus is dependent on the gap size h. In this study, the gap size h is defined 

as the positive asperity heights (i.e., roughness hills) between the centre lines of the two 

contacting cartilages. For simplicity, the topographies of the two contacting cartilages are 

assumed to be symmetrical, therefore, gap size h is also equal to twice of the distance 

between the symmetrical line and the cartilage roughness centre line. Kr
N and Kr

OA are the 

gap permeability in healthy and OA conditions respectively, they measure the difficulty of 

the fluid to flow radially in the contact gap. Kr is a function of gap size h and Darcy 

velocity vd which is ultimately related to the pressure gradient ∇p, i.e., Kr = κ(h)/η(h, ∇p). 

In the micro-scale model, the flow in the gap is assumed to be laminar, 

incompressible and isothermal which is modelled by the Navier-Stokes equations. 
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where ρ is the density of synovial fluid which is assumed to be constant at 1225 kg/m3. p is 

fluid pressure. F is the volume force vector which is ignorable in this study. uN and uOA are 

fluid velocity vectors in healthy and OA conditions respectively, they are dependent on the 

fluid viscosity and surface roughness in healthy and OA conditions. ηN and ηOA are the 

synovial fluid viscosity in healthy and OA conditions respectively. The rheological property 

of synovial fluid is dependent on shear rate (see Section 4.2.4), which has been determined 

by previous experiments of oscillating flow at various shear rates until the steady states 

were reached [153]. Therefore, it should be emphasised that this study does not capture the 

rheopectic effect and temperature dependant behaviour, but in a steady state oscillating 

flow, the rheological behaviour of synovial fluid can be treated as shear thinning. 

The link between the micro- and macro-scale is established by the volume-averaged 

velocity of the REV uvol.ave [188, 283], the gap permeability Kr can be computed as below 

for both healthy and OA conditions. 
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Figure 4-2. Schematic view of microscopical and macroscopical contact gap 

flow 

 Problem Description 

This study compares the gap flow behaviour between healthy and OA conditions. 

Due to the different combinations of pathological changes in synovial fluid and surface 

roughness, four cases representing different pathological conditions are investigated which 

are shown in Table 4-1. Case 1 is the control case representing a healthy condition in both 

synovial fluid and cartilage surface (and tissue). Oppositely, Case 4 is the complete OA 

condition. Case 2 and 3 are two intermediate conditions. Case 2 (OA synovial fluid only) 

represents a scenario in which anterior cruciate ligament (ACL) injury causes the release of 

enzymes to produce degenerative synovial fluid [146]. Case 3 (OA surface only) represents 

a non-operative treatment called viscosupplementation by injecting a family of cross-linked 

hyaluronic acid derivatives [284], which is assumed to have the same rheological function 

as the healthy synovial fluid in this study, to the OA joint. 

Table 4-1. List of the study cases 

            Study cases Cartilage surface Synovial fluid 

Case 1 (control case) Healthy Healthy 

Case 2 (ACL injury) Healthy Degenerative 

Case 3 (viscosupplementation treatment) Moderate OA surface  Healthy 

Case 4 (complete OA) Moderate OA surface Degenerative 
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 Cartilage Surface Roughness Construction 

The cartilage surface roughness (healthy and OA) is an important input because it 

forms the geometry of the REV micro-scale model. Cartilage surface roughness is 

characterised by two surface parameters, root-mean-square (RMS) roughness height Rq and 

correlation length τ [220]. The method of generating random rough surfaces is illustrated in 

Figure 4-3 (a) and the procedure is detailed in Section 3.2.2 of Chapter 3. 

For healthy cartilage, the surface roughness of lateral femurs from bovine 

patellofemoral joints is first scanned by DektakXT stylus profiler as shown in Figure 4-3 

(b). A surface analysis is performed for the healthy lateral femur cartilage surface to obtain 

the key parameters (i.e., the vertical and horizontal roughness). The vertical RMS roughness 

height Rq is 1.77 μm. The horizontal roughness (wavelength information) is captured by 

the correlation lengths τ that describes how far averagely the two neighbouring points can 

go horizontally until they are no longer on the same bump (or valley). The complete 

surface is first decomposed to secondary and tertial undulations by Gaussian second order 

filter, and then the correlation lengths of both undulations are determined by computing 

their respective variograms [220]. The secondary undulation correlation length τ2nd is 200 

μm, while the tertiary undulation correlation length τ3rd is 20 μm. The healthy cartilage 

surface roughness is generated following the method described in Chapter 3 and the results 

are shown in Figure 4-3 (c). 

The OA cartilage surface is constructed by modifying the surface parameters of 

healthy surface to characterise the OA surface based on the data available in literature. The 

cartilage surface roughness of healthy and OA joints has been studied extensively in nano- 

and micro-scales, a summary of the findings is given in Table 2. The study of Peng and 

Wang [278] and Lee et al. [224] followed the Outerbridge scale system [30], in which OA1 

and OA2 were moderate stage meaning that cartilage was soft and local fragmentation and 

fissuring were visible, whereas OA3 and OA4 were severe level suggesting that damages 

have extended to larger surface area and erosion has penetrated all cartilage zones to 

subchondral bone. The degenerative joint disease (DJD) classification of Mankin OA 

scoring system [285] was adopted by Brill et al. [287], in which DJD1 was graded as surface 

irregularities such as wrinkling and fraying, whereas fissuring in superficial, transitional and 

deep or calcified zone were classified as DJD2, 3 and 4 or 5 respectively. As summarised in 

Table 4-2, the vertical roughness heights generally increase by 60–80% in moderate OA 

joints (shallow fibrillation or damages in superficial layer) compared with those of healthy 

joints. A sensitivity analysis is performed by comparing the key surface parameters (e.g., Ra, 

Rq, maximum asperity peak Rp and depth Rv) of three case, i.e., increasing Rq by 60%, 70% 
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and 80% to generate the moderate OA surface. Results show that between every 

increment, the surface parameters only vary by around 10% and the maximum difference 

in magnitude is only 1 μm. Therefore, in this study, a 70% increase of the measured Rq 

value (Rq
OA = 3.00 μm) is deemed representative to generate the surface roughness in 

moderate OA condition. 

Table 4-2. Summary of literature findings in cartilage roughness heights  

Study 
Sample 

material 
Sample size 

                Roughness heights 

Values Increase 

Peng and 

Wang [278] 

Human knee 

joints 
5 × 5 μm 

Healthy: Ra = 68.90 nm \ 

OA1: Ra = 110.40 nm +60% 

OA2: Ra = 110.95 nm +61% 

OA3: Ra = 119.22 nm +73% 

Lee et al. [224] 
Human 

femoral head 
40 × 40 μm 

Healthy: Rq = 158 nm \ 

OA1: Rq = 270 nm +71% 

OA2: Rq = 286 nm +81% 

OA3: Rq = 515 nm +226% 

Desrochers et 

al. [286] 

Dog stifle 

joints 
50 × 50 μm 

Healthy: Rq = 253 nm \ 

Early OA: Rq = 430 nm +70% 

Brill et al. 

[287] 

Human knee 

joints 

8 × 8 mm,  

4 × 4 mm,  

1 × 1 mm 

Healthy: Ra = 47.5 μm \ 

DJD1: Ra = 72.2 μm +52% 

DJD2: Ra = 83.9 μm +77% 

DJD3–5: Ra = 89.8 μm +89% 

Shekhawat et 

al. [257] 

Human ankle 

joints 

Approx. 0.7 

mm wide 

Normal: Ra = 0.8 μm \ 

Shallow fibrillation: Ra = 1.0 μm +25% 

Deep fibrillation: Ra = 1.7 μm +113% 

Currently, the wavelength information (i.e., horizontal roughness) of measured 

surface roughness is overlooked by most of the studies, therefore, there is almost no report 

on correlation lengths. However, based on the scanning images, it is evident that the OA 

correlation lengths were significantly shortened [286, 288], which suggested the OA surface 

roughness became uneven with more fluctuations in the same sample length. As stated 

earlier, the correlation length can be roughly taken as the average width of the bumps, by 

measuring the difference from their images, it is found that the secondary correlation 

lengths are reduced by 50–60% at least. Therefore, the measured τ2nd and τ3rd value are 

decreased by 60% and 50% respectively (i.e., τ2nd
OA = 80 μm, τ3rd

OA = 10 μm) to simulate 

the wavelengths of OA roughness. The simulated OA cartilage surface roughness is shown 
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in Figure 4-3 (c) and the surface parameters of healthy and moderate OA surfaces are 

summarised in Table 4-3.  

 

 

Figure 4-3. Cartilage roughness measurement and numeical synthesis 
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Table 4-3. Surface roughness parameters for healthy and OA cartilage surfaces 

Surface parameter 
Healthy Moderate OA 

(numerical) 

Difference  

(by numerical) Experimental Numerical 

Vertical 

roughness 

Ra (μm) 1.42 1.37 2.36 +72% 

Rq (μm) 1.77 1.77 3.00 +70% 

Rp (μm) 4.98 4.66 10.18 +118% 

Rv (μm) −7.74 −5.72 −9.49 +66% 

Horizontal 

roughness 

τ2nd (μm) 200 200 80 −60% 

τ3rd (μm) 20 20 10 −50% 

 Constitutive Equations of Synovial Fluid (SF) 

The experiments by Schurz and Ribitsch [153] depicted the shear thinning behaviour 

for healthy, degenerative (OA), and inflammatory (rheumatoid arthritis) SF against the 

increase of shear rates up to 1000 s−1. In this study, the generalised Newtonian constitutive 

equations that consist of a power law equation between the zero-shear viscosity (η0) and 

infinite-shear viscosity (η∞) plateaus are used to approximate the non-Newtonian 

behaviour. The experiments of Schurz and Ribitsch [153] have provided the η0 plateau 

values (20.3 Pa·s for healthy and 0.122 Pa·s for degenerative). For healthy SF, the η∞ = 0.01 

Pa·s is adopted because the experimental viscosity at 1000 s−1 (0.009 Pa·s, by Schurz and 

Ribitsch [153]) matches the η∞ values (0.007–0.01 Pa·s) used by Lai et al. [235]. For the 

degenerative SF, η∞ = 0.004 Pa·s is adopted as suggested by Cooke et al. [289] that the 

viscosity ratio to water is 4:1 at shear rate more than 104 s−1. The constitute equations are 

plotted against the experimental data and shown in Figure 4-4. 

 

Figure 4-4. Constitutive equations for synovial fluid (healthy and degenerative) 
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 Computational Fluid Dynamics (CFD) Model 

The CFD analyses of micro-scale model are performed in COMSOL Multiphysics 

(v5.3, COMSOL, Inc.), with the cartilage surface roughness and synovial fluid constitutive 

equations imported. 

The analyses are based on a few assumptions. First, when cartilage is under 

compression, the surface roughness will displace together with the cartilage bulk 

deformation, meanwhile roughness is also subjected to local deformation, which is the 

closure of the contact gap pore space. As per Darcy’s law in Eq. (4-1), the gap permeability 

is dependent on the geometry and pore size of the contact gap space (i.e., intrinsic 

permeability) and the viscosity of the temporarily trapped synovial fluid in the contact gap. 

Therefore, to investigate the fluid flow behaviour at contact interface, it is reasonable to 

adopt the same assumption in Wu and Ferguson [188] which only considered the asperity 

level local deformation in the CFD analyses. Second, the study focuses on the behaviour of 

the fluid flow from a mechanical perspective, the chemical reactions, temperature effects 

and solute concentrations of the synovial fluid are not addressed. Third, for simplicity, the 

contact surface topographies of the two opposing cartilages are assumed to be symmetrical. 

The third assumption represents a special contact configuration, which is the peak asperity 

of upper surface roughness contacting the peak of lower surface roughness. It could yield 

an upper bound of the estimation because the pores space created in this contact 

configuration is greater than the other two possible scenarios (i.e., peak asperity of upper 

roughness inserting into the valley of lower roughness or peak asperity hitting intermediate 

asperities). The advantage of this assumption is that it can greatly simplify the complex and 

random geometry of the contact gap pore space, but still yields a reasonable and 

representative estimation of the in vivo gap permeability. 

A typical micro-scale model is depicted in Figure 4-5, with the boundary conditions 

labelled. Similar boundary conditions are also adopted by Wu and Ferguson [188] and Liao 

et al. [220]. The asperity local deformation and the gap size are directly involved in the gap 

permeability calculation. In this study, since the Poisson's ratio of the cartilage extracellular 

matrix is close to zero [279], especially when water is expelled from the tissue, the asperity 

deformation is modelled by simply lowering down the contact plane to intersect with the 

asperities at varies heights. In other words, the cartilage surface asperities are flattened 

under contact, the deformed shapes of OA surface are shown in Figure 4-5 as examples. 

The inlet fluid pressures are input in a range of 102–105 Pa, resulting in the shear rates of 1–

104 s−1 that cover a wide range of physiological activities [153], whereas the outlet pressure 

is kept at zero. If we assume around 90–95% of the load is undertaken by fluid pressure 
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[188, 215], a pressure gradient of 108 Pa/m (resulted from the input pressure 105 Pa in this 

micro-scale model) is equivalent to a joint loading of 1 MPa applied on a cartilage disc with 

10 mm radius. The Navier-Stokes equations are solved by the parallel sparse direct solver 

(MUMPS) with the relative tolerance of 0.001. 

 

Figure 4-5. Contact gap flow CFD model 

The models are meshed by free tetrahedral elements in COMSOL, with two layer of 

boundary elements. It is understood that using hexahedral elements has better accuracy 

[290], however, due to high computational costs, the use of hexahedral elements is usually 

limited to simple, regular and symmetrical objects, whereas tetrahedral elements are more 

suitable for modelling complicated, irregular and non-symmetric objects [292], such as 

roughness in this study. Prior to formal analyses, by using gap size h = 10 μm, input 

pressure 103 Pa as example, a mesh sensitivity test is performed with coarse, normal and 

fine meshes (i.e., mesh enrichment or h-refinement [291]). The results are summarised in 

Table 4-4, it is shown that the mesh size has very little influence on the computational 

accuracy (differences of uvol.ave are only around 1%). To balance simulation time and 

accuracy, the normal mesh size is chosen for the informal analyses. There are 376404 

elements in total, including 180322 boundary elements and 1807 corner elements. 

Table 4-4. Mesh sensitivity test 

Mesh Total elem. no. 
Min. elem. size 

(μm) 

Max. elem. size 

(μm) 
uvol.ave (m/s) 

Coarse 163453 4.95 16.1 3.200 × 10−5 

Normal 367404 3.71 12.4 3.231 × 10−5 

Fine 1454148 2.47 8.3 3.276 × 10−5 
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 Results 

The contour plots of volume-averaged fluid velocity are shown in Figure 4-6 (a) for 

the gap size h = 10 μm, and fluid pressure gradient ∇p = 106 Pa/m, where the surface 

roughness in healthy condition is about to contact. The flow directions are generally 

parallel to the pressure gradient. However, for the moderate OA roughness at h = 10 μm, 

contact has already initiated, and the flow directions become heterogeneous. This is 

because the OA surface roughness is much rougher than healthy roughness and thus the 

flow must bypass the asperities that are in contact or approaching contact. The contour 

plots of volume-averaged fluid viscosity are shown in Figure 4-6 (b). Take h = 6 μm and 

∇p = 5 × 106 Pa/m as an example, it is noticed that the high viscosity regions are located 

around the areas where asperities are already in contact. This is because the fluid velocities 

are usually low around the contact areas. 

 

Figure 4-6. Contour plots of volume-averaged fluid velocity and viscosity 
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The changes of gap and tissue permeability are the key focus of this study, which are 

shown in Figure 4-7 to Figure 4-9. The comparison of gap and tissue permeability is the 

key criterion for fluid exchange. This is because under cartilage contact, the synovial fluid 

and interstitial fluid at the cartilage upmost layer form a pressure continuum space (i.e., 

fluid pressure level in the contact gap is close to those of interstitial fluid at the cartilage 

upmost layer [188]). As a small element of the contact area (i.e., the REV model), under the 

same driving force (i.e., fluid pressure) at the same location, the fluid flow direction is very 

likely to be governed by the relative permeability between the contact gap and the cartilage 

tissue at the upmost layer. 

 

Figure 4-7. Comparisons of gap permeability between Case 1 and Case 2 

The numerical model prediction of Kr for both Case 1 and Case 2 are shown in 

Figure 4-7 in log-log scale. The fluid pressure gradient in x-axis represents the fluid 

pressure in the contact gap resulted from different load conditions (i.e., different external 

loads) or different loading stages (i.e., under constant load, fluid pressure decays with time). 

For Case 1, when cartilages are just about to contact at h = 10 μm, gap permeability is on 

the order of 10−8 m3s/kg at relatively high fluid pressure gradient ∇p = 108 Pa/m (Kr 

becomes a flat line once it reaches η∞). In a quasi-static loading case such as standing, with 

the decay of fluid pressure and contraction of the gap space, gap permeability is predicted 

to reduce to 10−14–10−15 m3s/kg at h = 0.6 μm and ∇p = 105 Pa/m, which is close to the 

prediction of Wu and Ferguson at 0.5 μm [188]. In contrast, Kr of degenerative SF is 

predicted to only cover four orders of magnitude, as it reduces from 10−9 m3s/kg at initial 

contact (h = 10 μm and ∇p = 108 Pa/m) to 10−11 m3s/kg where the gap almost closes (h = 

0.6 μm and ∇p = 105 Pa/m) in a much gradual slope than that of healthy SF. The different 
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shear thinning slopes cause the Kr curves of healthy and degenerative SF to intersect at 

around 106–107 Pa/m. For pressure gradient less than this intersection region, Kr of 

degenerative SF is greater than that of healthy SF, especially at 105 Pa/m, Kr of 

degenerative SF at all gap sizes are around 300 times greater. 

The comparison of numerical prediction of Kr between Case 1 and Case 3 is shown 

in Figure 4-8 (a), in which the results for gap size h = 16 and 10 μm are plotted in normal 

scale, whereas results for h = 2 μm is plotted in log-log scale. At gap size h = 16 μm, the 

OA surface roughness in Case 3 has already been in contact and hence reached the so 

called mixed-mode lubrication regime, while the healthy surface roughness in Case 1 is still 

in the squeeze film stage. The Kr of Case 3 generally reduces by 27% compared with Case 1 

in all fluid pressure gradients for h = 16 μm. Furthermore, the decreases in Kr in Case 3 

compared with Case 1 become more pronounced with the reduction in gap size, i.e., 35% 

in h = 10 μm and 60% in h = 2 μm. 

 

Figure 4-8. Comparisons of gap permeability between Case 1 and Case 3 

In addition, Figure 4-8 can also be used to predict the interfacial fluid velocity in the 

contact gap. By using a constant synovial fluid viscosity of 0.6 Pa·s, the study of Moghadam 

et al. [256] numerically predicted that the maximum interfacial fluid velocity between two 

contacting cartilages was around 120–180 μm/s. If assume the gap size is 10 μm, the 

corresponding pressure gradient to 0.6 Pa·s in Figure 4-8 (b) is ∇p = 1.7 × 106 Pa/m, and 

the corresponding gap permeability in Figure 4-8 (a) is Kr = 1.7 × 10−10 Pa/m. As per 

Darcy’s law in Eq. (4-1), the fluid velocity in the contact gap is the product of gap 
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permeability and pressure gradient, which is equal to around 280 μm/s. The order of 

magnitude of the interfacial fluid velocity agrees reasonably with the prediction of 

Moghadam et al. [256]. 

The comparison of Kr between Case 1 and Case 4 is shown in Figure 4-9 in log-log 

scale. Compared with Case 2 in Figure 4-7, the rougher OA surface has decreased the gap 

permeability (Kr of Case 2 is around twice of Case 4). Despite this reduction, Kr in Case 4 is 

still in a similar pattern as Case 2, which is still around 200 times greater than the healthy 

condition in Case 1 at 105 Pa/m. This comparison indicates that synovial fluid may play a 

more important role in the interfacial fluid flow in contact gap than surface roughness. 

 

Figure 4-9. Comparisons of gap permeability between Case 1 and Case 4 

 Discussion 

 Effects of Pathological Synovial Fluid 

The results in Figure 4-7 and Figure 4-9 suggest that the healthy SF is crucial in 

maintaining the normal flow behaviour in contact gap. Hyaluronic acid (HA) is responsible 

for the rheological behaviour of SF. In terms of molecular structure, the pathological 

changes of SF are usually reflected in two ways. Firstly, traumatic ligament tissue would 

produce HA with shorter molecular length, resulting in reduction in molecular weight of 

HA and thus dilution of SF [146]. Secondly, conformational changes may also occur for the 

coiled chain segments (from loose free draining to tight non-draining), associated with 

breakdown of lateral bonds to side groups of HA [153]. Both changes of SF would 
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significantly weaken the overlapping and entanglements of HA molecules, resulting in a 

Newtonian behaviour. 

Therefore, healthy SF has much greater η0 and exhibits more pronounced shear 

thinning effect over 4–5 orders of magnitude of viscosity, which gives the gap flow better 

adjustability to different operating conditions. For intermittent vertical impulse loads, the 

cartilage global “exudation” strain (with recovery phase) is relatively small at around 5–10% 

[271]. If we assume that gap strain is in the same level (i.e., h = 10 to 8 μm), Kr of healthy 

SF is averagely 10–30 times greater than that of degenerative SF due to the more 

pronounced shear thinning effect (steeper slope) so that it reaches η∞ quicker. This greater 

Kr could aid the fluid entry from the leading edge in light contact condition [11] and also 

encourage fluid exudation to enhance hydrodynamic lubrication. For heavy contact 

condition, Kr of healthy SF drops dramatically to retain fluid in the gap following a much 

steeper slope. More importantly, boosted lubrication could occur after the turning point 

when Kr drops to the same level as cartilage tissue permeability (take Kc = 8 × 10−15 m3s/kg 

as reference [293]) at h = 0.6 μm and ∇p = 105 Pa/m in this study. The formation of HA-

protein gel requires a preferential loss of solvent through cartilage porous matrix. Kr of 

healthy SF tends to satisfy this condition when contact is close to the final phase of mixed-

mode regime in which both h and ∇p are small. Under the same driving force (pressure 

gradient), fluid would flow into the cartilage tissue of less permeability. The HA molecules 

trapped by the collagen network help to retain lubricin on cartilage surface, and the 

interaction between HA and lubricin could synergistically decrease friction in cartilage-

cartilage contact interfaces [196]. Oppositely, the a few hundred times greater Kr by 

degenerative SF at low pressure gradients would not reach this boosted lubrication 

threshold and hence may hinder the formation of protein gel, leading to inefficient 

boundary lubrication and further wear damage to cartilage surface. Lee et al. [192] found 

out that the friction force of HA-digested case would increase by two times compared with 

the results from an intact surface, indicating that the reduced HA molecule length in 

pathological synovial fluid would impair its ability to anchor in collagen network and 

entangle with lubricin. 

 Effects of OA Roughness & Viscosupplementation Treatment 

The results in Figure 4-8 shows that rougher surface roughness tends to cause 

smaller Kr which is consistent with Wu and Ferguson’s finding [188], however they did not 

specifically explain the reasons behind this gap flow behaviour. The cartilage surface 

parameters in Table 4-3 and the volume-averaged viscosity comparison graph in Figure 4-8 
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(b) may shed some light on the reasons. Firstly, for the same sample size, smaller 

correlation length could generate more undulations, indicating more tortuous and longer 

lateral drainage paths, and hence decrease the intrinsic permeability κ, to which Kr is 

positively proportional as per Eq. (4-1). Secondly, the obstruction effect caused by rougher 

surface roughness tends to increase fluid viscosity, to which Kr is inversely proportional. 

The viscosity at channel wall increase with roughness depth in micro-channels has been 

observed in experiments [294]. Papanikolaou et al. [295] attributed this phenomenon to the 

impairment of mobility of fluid particle next to rough surfaces, because the extension of 

asperities into the flow would promote fluid particle collision and hence restrict the 

passage. In real cartilage contact gap, this restriction effect is expected to be enhanced by 

the “polymer brushes” (e.g., hyaluronic acid and aggrecan) attached to the surface [39]. 

The rougher surface roughness in OA joints is caused by the changes in collagen 

synthesis. OA cartilage collagen fibrils are shortened, and thus the collagen network has 

less ability to store elastic energy, and thus forming irreversible lesions and surface 

fissurisations [296]. By applying viscosupplementation treatments, it is shown that the 

rougher surface tends to aid the fluid retention in the contact gap and probably extend 

hydrodynamic lubrication effects. The in vitro experiments on human OA cartilages using 

therapeutic HA lubricant (HA 5 and 10 mg/mL) also showed significant reduction (around 

50%) in start-up friction compared with using Ringer’s solution as lubricant [205]. Both 

numerical results (this study) and experiment findings [205] suggest that the 

viscosupplementation may still be one of the effective short-term treatments to relieve pain 

for OA joints in the early and moderate stages. However, this study is not to suggest 

rougher surface is more desirable for cartilage lubrication in long-term, it should be 

emphasised that the condition of this advantage is specifically in mixed-mode lubrication 

where hydrodynamic and boundary lubrication coexist. In boundary lubrication mode 

where gap fluid completely exudes, friction usually increases with increasing surface 

roughness [224]. 

In addition, the breakdown of collagen network would also alter cartilage tissue 

permeability. A number of experimental studies have been conducted to quantify the tissue 

permeability of OA cartilage, it is generally concluded that the permeability of OA cartilage 

would increase. For example, Setton et al. [29] showed a 48% increase in tissue permeability 

for dog knee cartilages. Hwang et al. found that the permeability of partially eroded human 

cartilage is about 2.5 times of the healthy cartilage [297]. Mäkelä et al. [298] recorded an 

average of 6.4-fold increase in permeability of early OA rabbit cartilages. In this study, 8 × 

10−15 m3s/kg is adopted as the reference permeability for healthy cartilage tissue [293] and 
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5.1 × 10−14 m3s/kg (6.4-fold increase) for OA as marked in Figure 4-8 (a). It is shown that 

the OA cartilage in Case 3 would reach the boosted lubrication threshold (h = 2 μm and 

∇p = 6 × 105 Pa/m) earlier than the healthy case, indicating that more fluid in the gap 

would flow into the tissue. However, for OA tissue, this phenomenon may not be 

beneficial. OA also causes a decrease in proteoglycan synthesis [28] and an increase in 

water content [29]. The extra water intake from the gap would further reduce aggrecan 

content and hence impair the compressive modulus [28]. Together with increased 

permeability, the decrease of compressive modulus would increase cartilage strain and thus 

jeopardise the living condition of chondrocytes. 

 Limitations 

This study has a few limitations that should be noted. Firstly, the study only focuses 

on assessing the gap permeability and hence only considers the asperity level deformation 

of the cartilage, but has not integrate with a cartilage tissue model. This is because, the bulk 

deformation of cartilage tissue is not directly involved in gap permeability calculation, in 

addition, the fluid exchanges at contact interface (exudation and ultrafiltration) would not 

change the intrinsic permeability of the gap but only cause the gap fluid pressure changes, 

which has already been accounted for by considering the wide ranges of input pressure (i.e., 

pressure gradient) described in Section 4.2.5. However, since the study adopts a 

displacement-based approach, there is a missing link from the gap sizes to time scale. To 

restore this link, future experiments will measure the asperity-level deformation (i.e., 

changes of surface roughness) at different cartilage global consolidation strains which can 

be further related to time scales. Secondly, this study only considers the flow property of 

synovial fluid from the biomechanical perspective, while its rheopectic effect, temperature 

dependant behaviour, chemical reactions and solute concentration effect are not within the 

scope of this work. Thirdly, as the nature of the cartilage surface construction is a 

combination of random sine waves, the model can capture the general characteristics of the 

surface (i.e., roughness height and correlation length) but may not capture the cracks or 

fissures in detail. Furthermore, since the collagen network is softened and loosened in OA 

condition, the possibility of forming extra fissures and flaps during contact is also not 

captured in this study. 

 Summary 

This chapter numerically compares the gap permeability of three different 

pathological conditions to a healthy case, the findings are summarised below. 
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 In a quasi-static condition, rougher surface roughness of OA cartilage tends to 

decrease gap permeability (by 30–60%). With the reduction in gap size, the 

decreases in gap permeability are more pronounced. This could result in an early 

fluid ultrafiltration into the tissue. 

 The more pronounced rheological property of healthy synovial fluid results in a 

wider range of gap permeability, which allows the joint to activate more than one 

lubrication mechanisms. For the same surface, the gap permeability of degenerative 

synovial fluid is a few hundred times greater than the healthy one for pressure 

gradients less than 106 Pa/m, which would not reach the threshold for fluid 

ultrafiltration. 

 The pathology of synovial fluid has more deleterious effects on gap permeability 

than the OA surface. Therefore, maintaining healthy synovial fluid is crucial for the 

normal flow behaviour in cartilage contact gap, and viscosupplementation may be 

one of the effective short-term treatments to relieve pain in OA cartilage. 
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A Coupled Cartilage Contact Model in Mixed-mode 
Regime under Static Compression 

 

 

 Introduction 

Articular cartilage has remarkable lubrication ability and wear resistance. The initial 

friction coefficient can be as low as 0.001, which outperforms any current man-made 

bearings [18]. Furthermore, unlike most man-made metal bearings with very smooth 

contact surfaces, cartilage is a soft and porous bearing, whose surfaces are much rougher 

than most man-made metal bearings, with peak asperity heights around 10 μm [11]. 

A series of theoretical models have been developed to explain the joint lubrication. 

The biphasic theory was utilised to formulate of load sharing between solid and fluid 

constituents at contact interface [22]. Other researchers also developed finite element 

models to model the direct contact of indenter on biphasic tissue or two biphasic tissues 

(without roughness and fluid film between) using penalty or augmented Lagrangian method 

[233, 267]. The assumptions or simplifications of the biphasic contact models have limited 

capabilities of capturing the realty of cartilage contact, because two key features (i.e., 

surface roughness and the temporarily trapped fluid at contact interface) tend to be 

overlooked, whereas these two features have been demonstrated experimentally to have 

profound influences on cartilage tribological performance [46, 166]. The squeeze-film 

model has incorporated the fluid film and modelled it using Reynold’s equation [177]. The 

model could predict the load carrying capacity of fluid film, and results suggested that fluid 

film could be replenished during walking [184]. However, since the model is derived on the 

assumption of perfectly smooth surface (or roughness height is significantly less than the 

film thickness) [187], it is only applicable to the condition where roughness contact has not 

established yet [187] and the duration is in a fraction of a second [22]. Therefore, although 
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the squeeze-film model addresses the interaction between gap fluid and cartilage, it may not 

be the primary lubrication mode. 

Once surface asperities are in contact, the randomly distributed asperities together 

with the temporarily confined synovial fluid form an interconnected pore space, called the 

“contact gap” at contact interface [220]. The study in this chapter presents a coupled model 

that describes the interaction between contact gap flow and cartilage tissue during mixed-

model lubrication in a static compression case (i.e., two-legged stance). The coupled model 

consists of the cartilage contact gap model and cartilage tissue model. The contact gap 

model describes gap fluid flow and local deformation of asperities. The fluid flow within 

the contact gap is modelled by Darcy’s law. The local deformation of asperities during 

contact is captured by a constitutive equation that has an exponential form. The poroelastic 

cartilage tissue model includes the aggrecan concentration dependent permeability, the 

aggrecan concentration dependent compressive modulus, and tension and compression 

nonlinearity. The interactions at the interface between the gap model and cartilage model 

are enforced by the conservation of mass and the continuity of fluid pressure and normal 

fluid flux. An overview of the coupled model is shown in Figure 5-1. It is hypothesised that 

when considering the effect of surface roughness, weeping lubrication should be the 

dominate mode in cartilage mixed-mode lubrication regime under static compression. The 

case study presented below serves as a “proof-of-concept”, demonstrating that the weeping 

fluid would greatly extend the duration of mixed-mode lubrication. 

 

Figure 5-1. An overview of the coupled contact model 
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 Materials and Methods 

 Study Overview and Assumptions 

This study computationally simulates an indentation on a large tibial cartilage plug. In 

the simulation, the cartilage plug is loaded by vertical compressive load only (without 

sliding or rolling) by a rigid, horizontal, impermeable, and perfectly smooth indenter while 

bathed in a synovial fluid pool (see Figure 5-2). As it is delved in mixed-mode lubrication, 

the study begins when the cartilage surface asperities and the indenter first contact each 

other. The key quantity of interest in this study is the exchange of fluid between synovial 

fluid in the contact gap and interstitial fluid in cartilage during indentation. This is a short-

term biomechanical study, and hence it does not consider changes, either physiological (e.g., 

synthesis, remodelling, aggrecan transport), material (e.g., wear) or biochemical (e.g., solute 

concentration). A few modelling assumptions are emphasised below, 

 At the cartilage and gap contact interface, the fluid pressure and normal flux are 

continuous [181]. 

 The constitutive relationship between local deformation of surface asperities and 

contact stress is assumed to be exponential. 

 For simplicity, the synovial fluid viscosity is assumed to be constant (i.e., using 1 

Pa·s as the base case as per the assumptions made in previous studies [188, 268]). 

 

 

Figure 5-2. Schematic diagram of the cartilage contact in mixed-mode regime 

The adoption of the viscosity value is based on three reasons. Firstly, it is understood 

that synovial fluid exhibits shear-thinning effects that viscosity decreases with increase of 

shear rates and covers over four orders of magnitude [153]. This is for high shear rates 
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activities (e.g., running) in which synovial fluid viscosity is low, while for low shear rate 

actions (e.g., standing), viscosity is expected to be higher. For typical geometries and speed 

during a walking cycle, the shear rate is in a range of 102–104 s−1 [266]. In this study, the 

cartilage lubrication in a static compression case (i.e., standing) is investigated, the shear 

rate is expected to be lower that walking, which is assumed to be one order lower (at 10 s−1) 

than walking, therefore, the corresponding viscosity to 10 s−1 is close to 1 Pa·s as per the 

measurements of Schurz and Ribitsch [153]. 

Secondly, although there are some previous studies [188, 220], the method used to 

evaluate the gap permeability in Section 5.2.3 is only from mechanical perspective (i.e., it 

only considers the obstruction effect of the deformed roughness to the flow). However, in 

reality, there are “polymer brushes” (e.g., hyaluronic acid and aggrecan) attached to 

cartilage surface [269], the polymer brushes have special properties that prevent water 

being squeezed from between the asperity contacts (protein-adsorbed film in hydration 

lubrication [269]), which would decrease the gap permeability but it is not captured in this 

modelling. Therefore, a relatively higher viscosity value may be adopted to arguably 

compensate this effect. 

Thirdly, although there are no experiments looking into direct measurements of 

viscosity and shear rate at cartilage contact interface, some indirect measurements may shed 

some light on this issue. Myant and Cann [266] quantified the lubrication film thickness 

using an optical interferometric tribometer. With an analytical equation for elastic-

isoviscous contact derived by Hooke [270], they back estimated the fluid viscosity against 

the sliding speed. Results showed that compared with the physiological sliding speed for 

walking (100 mm/s [219]), at relatively low entrainment speed (2–3 mm/s) the viscosity 

could reach higher than 1 Pa·s. This is because the aggregation of protein molecules forms 

a gel, and thus the in-situ viscosity values in contact gap could be very different to the bulk 

solution. By comparison, it is reasonable to assume that under a static compression case 

(i.e., two-legged stance) which is investigated in this study, the entrainment speed and shear 

rate would be at low level, and hence a relatively higher viscosity may be assumed. In light 

of this, 1 Pa·s is adopted as the base case which is consistent with previous study [268]. In 

addition, a parametric study is performed in Section 5.3.3 to discuss the lubrication effect 

of different viscosity values. 
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 Governing Equations of Cartilage Tissue 

(a) Poroelastic Model 

Cartilage is a fully saturated porous material that exhibits biphasic characteristics 

(fluid and extracellular matrix). Fluid flow inside cartilage is governed by mass conservation 

and Darcy’s law shown in Eq. (5-1) and Eq. (5-2) respectively [11]. 
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where uc
d is the Darcy’s velocity inside cartilage defined as the relative velocity between the 

interstitial fluid uf and the solid matrix us. ρf, ρs are the intrinsic density for interstitial fluid 

and solid matrix respectively. ϕf = 0.8 and ϕs = 0.2 are the volume fraction for interstitial 

fluid and solid matrix respectively. Kc is the hydraulic permeability tensor of cartilage. pc is 

the excess pore pressure of interstitial fluid in cartilage. 

The force equilibrium state of cartilage is governed by the momentum conservation 

equation. Neglecting body forces and inertia forces, the momentum conservation equation 

is given by [11], 

 0t   (5-3)  

where σt is the total applied load. Due to the biphasic nature of cartilage, the total stress in 

cartilage is resisted by the interstitial fluid excess pore pressure pc and incremental elastic 

stress of the solid phase σs
E, 

 
s

t E cp  I   (5-4)  

The constitutive equation between cartilage effective stress σs
E (in Cauchy stress 

form) and deformation gradient of the solid phase Fs is given below [115], 

  2 s Ts s s
E s s

W

J





F F

C
  (5-5)  

where Ws is the Helmholtz energy per unit volume stored in the solid (i.e., strain energy 

density). Cs is right Cauchy-Green deformation tensor of the solid phase. Js is volume ratio 

of the solid phase, Js = det(Fs). 



Department of Infrastructure Engineering 

Chapter 5                                                                                       The University of Melbourne 

5-6 

(b) Aggrecan and Collagen Dependent Features 

Apart from poroelasticity, cartilage also exhibits additional mechanical behaviours, 

such as aggrecan dependent permeability, aggrecan dependent compressive modulus and 

tension-compression nonlinearity. The theoretical model developed by Zhang et al. [115] 

and Miramini et al. [95] has captured these aspects, in which the cartilage cyclic strain of 

Zhang et al. [115] has been verified against an in vitro measurement [271]. Therefore, their 

models [95, 115] are adopted for the modelling of cartilage tissue in this study. 

(b.1)   Aggrecan Concentration Dependent Compressive Modulus 

Aggrecan is negatively charged and hence contributes significantly to the 

compressive stiffness of cartilage tissue. A quadratic relationship between cartilage 

aggregate modulus H-A and its “actual” aggrecan concertation cagg has been established 

through experimental studies [114] and shown below, in which α1 and α2 are empirical 

constants taken as 0.25 MPa and 0.0155 MPa respectively [95]. 

 
2

1 2( )A agg aggH c c     (5-6)  

With that the above expression, cartilage elastic compressive modulus Ec can be 

found using [11], in which ν is the aggrecan effective Poisson’s ratio. 

 3 (1 2 )c AE H    (5-7)  

It should be emphasised that the “actual” aggrecan concentration varies with 

cartilage temporal volumetric change. More specifically, it is the concentration of the local 

aggrecan volume excluding the volume occupied by the collagen, as given by, 
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 (5-8)  

where cagg,0 is the initial “apparent” aggrecan concentration. ξ is the volume fraction of 

collagen network given in Table 5-1. 

The apparent aggrecan concentration is depth dependent and its profiles have been 

mapped by magnetic resonance imaging (MRI) [65, 305]. It is shown that the concentration 

is relatively low at cartilage surface and increases linearly with depth to deep zone. In this 

study, aggrecan concentration at z = 0 mm is taken as 25 mg/mL [65] and 120 mg/mL at z 

= −3 mm [305], respectively. The values in between are obtained by linear interpolation. 
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(b.2)   Tension-Compression Nonlinearity 

The collagen network is responsible for the tension and shear resistance of the 

cartilage. As the fibril orientation and concentration vary with depth, the tensile and shear 

modulus of the cartilage also vary with depth. In this study, the cartilage is divided into 

three zones, delineated at 5% and 45% of the cartilage thickness, that is superficial zone (0 

mm ≤  z < −0.15 mm), middle zone (−0.15 mm < z ≤ −1.35 mm) and deep zone (−1.35 

mm < z ≤ −3 mm) as per the coordinate system shown in Figure 5-2. The same 

compressive and shear modulus values used by Miramini et al. [95] are adopted in this study 

and shown in Table 5-1. 

Table 5-1. Summary of cartilage collagen volume and tensile & shear moduli [95] 

Cartilage zones 
Tensile modulus (MPa) Shear modulus 

(MPa) 

Collagen volume 

fraction Horizontal Vertical 

Superficial zone 100 25 3 45% 

Middle zone 30 10 3 30% 

Deep zone 10 15 2 25% 

 

(b.3)   Aggrecan Concentration Dependent Permeability 

As aggrecans are negatively charged, their resistance to fluid flow inside cartilage shall 

also be modelled. The concept of “actual” aggrecan concentration in Eq. (5-8) is also 

utilised to describe the hydraulic permeability Kc. Calibration with the experimental 

observations by Zamparo and Comper [94] provides, 
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  (5-9)  

where n and m are empirical parameters taken to be 5.4 × 10−22 m2 and −2.37 respectively 

[95]. η is the viscosity of water at 37°C (0.0007 Pa·s). 

 Governing Equations of Cartilage Contact Gap 

The contact gap model describes the interfacial fluid flow in the contact gap and 

local deformation of asperities. The fluid flow in the contact gap is modelled using Darcy’s 

law, in which the gap permeability is numerically estimated for an experimentally measured 

bovine cartilage surface roughness. The closure of the gap space and fluid exchange 

between gap and tissue are governed by the conservation of mass in the contact gap. The 

local deformation of asperities during contact is captured by a constitutive equation which 
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is assumed as an exponential form. A schematic view of the contact gap model is shown in 

Figure 5-3. 

 

Figure 5-3. Schematic view of the contact gap model 

(a) Gap Permeability 

The fluid flow in the contact gap is modelled with Darcy’s law. As the height of the 

asperities are very small (i.e., around 10 μm) compared with the dimensions of the cartilage, 

it is reasonable to simplify the flow to be a one-dimensional problem. Darcy’s law for the 

gap flow is shown below, 

  g
d g gv K p   (5-10)  

where vg
d is the Darcy velocity of gap fluid. pg is the fluid pressure of in the contact gap. Kg 

is the gap permeability, which quantifies the ability for the fluid to flow radially in the 

contact gap. The gap permeability has been numerically evaluated in previous studies [188, 

220] by developing a computational fluid dynamic model. Similar methodology is adopted 

in this study and briefly described below as depicted in Figure 5-4. 

Firstly, cartilage surface topography (1000 × 1000 μm) of bovine medial tibia 

measured by Dektak stylus profilers in the previous chapter is adopted here [220]. The 

roughness profile is then used to develop a computational fluid dynamics (CFD) model 

which forms a micro-scale representative elementary volume (REV) of the gap flow. The 

CFD models are created in COMSOL Multiphysics (version 5.3, COMSOL, Inc.) by free 

tetrahedral elements (900816 elements in total including 214616 boundary elements). A 

mesh sensitivity analysis has been performed and the results indicate that the differences of 

averaged flow velocity yielded by different mesh size are less than 1%. The asperity level 

deformation is conveniently approximated by just lowering down the indenter plane (upper 

surface in Figure 5-4) to intersect with the asperities at varies gap heights (i.e., h = 9, 7, 5, 3, 
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1 and 0.3 μm). The gap height is defined as distance between the indenter and roughness 

centre line (i.e., z = 0 shown in Figure 5-2 and Figure 5-4) that covers the positive asperity 

part of the cartilage surface roughness, because the Poisson’s ratio of the cartilage 

extracellular matrix often approaches zero. The fluid flow in the gap micro-scale REV 

model is assumed to be isothermal, laminar, incompressible and governed by the Navier-

Stokes equations. Simulations are solved by the parallel sparse direct solver (MUMPS) with 

relative tolerance of 0.001. The CFD models are solved at various gap heights to obtain the 

volume-averaged velocities. Finally, the gap permeability is obtained by equating the 

volume-averaged velocity of the micro-scale REV model at each height to the macro-scale 

Darcy’s velocity in Eq. (5-10). Since constant viscosity is assumed for synovial fluid, gap 

permeability is only related to the gap height (i.e., Kg = Kg(h)), their relationship is captured 

by a trendline approximation function shown in Figure 5-4. 

 

Figure 5-4. Evaluation of gap permeability Kg 

(b) Fluid Exchange between Gap and Cartilage 

The fluid exchange between the contact gap and the cartilage tissue is modelled by 

the mass conservation law below, 

 

g
gv
dv s

t


 


 (5-11)  

where εv
g is the volumetric strain of the contact gap (pore space and asperities), as the fluid 

exits the gap and surface asperities deform (i.e., gap closure). t is the time and s is the fluid 
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generation or removal from the gap per unit volume per unit time through exchange with 

the underlying cartilage.  

It should be emphasised that the fluid exchange can be a “source” term (i.e., s > 0, 

fluid acquisition for the gap) or a “sink” term (i.e., s < 0, fluid loss for the gap) depending 

on the fluid pressure difference between the gap and cartilage tissue. In other words, if the 

interstitial fluid in the cartilage tissue weeps into the gap, s is a source term. Alternatively, if 

the pressurised synovial fluid ultrafiltrates into the cartilage tissue, s is a sink term. In this 

way, the theories of weeping and boosted lubrication can be examined. 

The volumetric strain of the gap εv
g is related to the reduction of gap height h, a 

constitutive relationship between the gap closure and the corresponding stress state of the 

asperities is proposed in Section 5.2.3 (c). 

(c) Constitutive Equation for Gap Height and Contact Stress 

As shown in Figure 5-2, the total applied loads σt in Eq. (5-3) is resisted by the 

asperity contact stress σc, and the fluid pressure in the gap pg. When contact initiates 

(indenter touching the highest asperity), σt is initially resisted by pg only (i.e., σc = 0). As the 

surface asperities start to deform, the gap space is reduced, squeezing out the fluid, and 

hence the contact stress σc will rise to carry the total applied load as indicated below. 

 t c gp    (5-12)  

It is assumed that an exponential constitutive equation can describe the relationship 

between gap closure and the contact stress, according to the stress-strain (or contact 

pressure versus axial displacement) responses obtained from confined and unconfined 

compression experiments on human cartilages [272, 273]. As shown in Figure 5-2, this 

exponential form is formulated to account for the expectation that as the contact stress 

increases, more asperities come in contact to resist the gap closure. 

 
( )//

0 0
t gc

ph h e h e       (5-13)  

where h0 is the highest undeformed asperity height from the roughness centre line, which 

equals to the peak asperity height Rq of the roughness. In this study, it is taken as h0 = 9 

μm as shown in Figure 5-4. 

The parameter β represents the stiffness of cartilage asperity. A smaller value of β 

means the asperities are “softer” and hence deform faster. Due to the small dimensions of 

the asperities, it is difficult to quantify this parameter experimentally, however, the asperity 
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stiffness can be related to the aggregate modulus H-A. The aggregate modulus H-A 

represents the stiffness of the tissue in the drained state [15] as given in Eq. (5-6). It is 

reasonable to assume the asperity stiffness is a fraction of the aggregate modulus at the 

upmost layer of the cartilage (i.e., contact interface at z = 0 mm in Figure 5-2). Therefore, 

in this study, β of 20%H-A is taken as the base case for investigation [46]. In addition, a 

parametric study of β is presented in Section 5.3.3 to discuss the influence of β on cartilage 

lubrication. 

(d) Governing Equation in Cylindrical Coordinates 

This study applies the governing equations presented above to investigate a two-

dimension contact gap problem in cylindrical coordinate system as shown in Figure 5-2. 

The integral of ∇∙vd
g  in Eq. (5-11) over the contact volume represents the rate of fluid 

volume out of the contact gap from the periphery, with higher order terms neglected, it 

equals to, 

 

( ) ( )
g

g g g gd
d d d dV s

g
g d
d

v
v dV v dS v dr r dr d h v rd h

r

v
v dr d h r drd h

r

 

 


           




      


 
 (5-14)  

The integral of ∂εv
g/∂t in Eq. (5-11) represents the rate of decrease of pore space 

volume in the gap.  

 

g
v

V

rd dr dh
dV

t dt

   
 

  (5-15)  

The integral of s in Eq. (11) represents the rate of fluid volume exchanged between 

the gap and the cartilage,  

 
c
dvV

sdV rd dr u    (5-16)  

where uc
dv is the vertical component of Darcy velocity from the cartilage at the contact 

interface. 

Substitution of Eq. (5-14) to Eq. (5-16) into Eq. (5-11) gives the governing equation 

for the contact gap in cylindrical coordinates. 

 

0

( )/

1
t g

c
g g g g dv

g p

dp p K p u
K

dt r r r r h e   

 
  
    (5-17)  
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 Boundary and Initial Conditions 

A few boundary conditions are imposed to couple these two sets of governing 

equations together. The individual lateral/medial contact region of tibia plateau can be 

roughly assumed to be axisymmetric at r = 0 mm based on the images of Goodwin et al. 

[274]. 

For the fluid flow in the contact gap, the fluid pressure at the gap periphery is equal 

to reference ambient fluid pressure, taken here as zero [181]. 

 ( , ) ( ,0) 0g gp r z p L   (5-18)  

Similarly, for the sides of cartilage disc, a free flux condition is also assumed at the 

perimeter edge [275].  

 ( , ) ( , ) 0c cp r z p L z   (5-19)  

On the indenter, a static uniformly distributed load σt is applied to both the contact 

and the cartilage. At the interface between the contact gap and the cartilage top surface, 

continuity of fluid pressure [275] and normal fluid velocity [181] are imposed. 

 ( ,0) ( ,0)c gp r p r  (5-20)  

The continuity of normal fluid velocity uc
dv has already been accounted for as the 

source term in Eq. (5-17).   

At the bottom surface of the cartilage, a fixed, rigid and impervious subchondral 

bone substrate is applied to the model.  

As shown in Figure 5-2, the initial conditions for this problem are defined when the 

indenter and the peak asperity of cartilage surface roughness are just in contact. In this 

instance, the surface asperities are undeformed with the initial peak height as h0 defined in 

Eq. (5-13), the total applied load σt is resisted solely by the fluid pressure in the gap pg. 

Therefore, the following initial condition is specified. 

 00, ,g tAt t p h h    (5-21)  

 Numerical Modelling 

The governing equations are implemented in COMSOL Multiphysics (version 5.3, 

COMSOL, Inc.). The geometry and dimensions of the model are shown in Figure 5-2 

based on MRI images [274]. Cartilage thickness gradually decreases towards the tibia 

plateau edge. To capture this feature, cartilage thickness at the centre and edge are set as 3 
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mm and 1 mm respectively. The cartilage thickness is kept constant close to the centre and 

curved upwards to the edge at r = 2/3L. By conducting a series of convergence and mesh 

sensitivity studies, it shows that the cartilage model meshed using 1896 triangular elements 

can achieve reasonably good results, because solution of the governing differential equation 

(i.e., Eq. (5-17)) is not sensitive to mesh size. 

The load σt is kept constant at 1 MPa (i.e., 314 N) and applied for one hour (3600 s). 

This is a relatively light load for cartilage, which is equivalent to a person of 64 kg standing 

for one hour, assuming the load is equally distributed to lateral and medial tibia condyles. 

The governing equations are solved by the time-dependent implicit solver with a relative 

tolerance of 10−3.  

 Results and Discussion 

In this section, firstly, a base case with synovial fluid viscosity η0 = 1 Pa·s and 

asperity stiffness β = 20%H-A is used as an example to investigate the mutual effects of 

contact gap and cartilage on each other. Then, parametric studies are performed to evaluate 

the effects of various synovial fluid viscosities and asperity stiffness on lubrication. 

 Effects of Cartilage Tissue on Contact Gap 

This section presents the impact of cartilage tissue deformation on the gap by 

studying their interactions at the contact interface. The relatively permeability between the 

gap and cartilage tissue is likely to have a profound impact on the fluid direction under the 

same pressure magnitudes at the same location. For example, if the gap permeability is 

lower than the tissue, synovial fluid could be “pooled” among the surface asperities or even 

flow into the cartilage [11]. In this study, during the one-hour contact, the tissue 

permeability at the upmost layer (z = 0 mm) decreases by 62% (from 5 × 10−15 m2/Pa·s to 

around 1.5 × 10−15 m2/Pa·s). The ratios of the gap permeability Kg to the tissue 

permeability of cartilage upmost layer Kc at two locations (r = 0 and 5 mm) are shown in 

Figure 5-5 (a). The model predicts that the gap permeability is always greater than the tissue 

permeability during the contact period, the permeability ratio Kg/Kc drops from initial 

contact (around 1200) to the steady state (around 40) after 30–40 minutes of contact. 

The vertical component of the Darcy velocity of fluid phase in the cartilage’s upmost 

layer (z = 0 mm), i.e., through the cartilage surface, is shown in Figure 5-5 (b) at the 

locations of r = 0 and 5 mm. As shown, throughout the contact period the Darcy velocities 

remain positive, which means that the s term in Eq. (5-11) remains as a source term, i.e., 
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interstitial fluid flows into the contact gap. This is likely due to the higher permeability in 

the gap discussed above. Furthermore, it is also noted that at both r = 0 and 5 mm, curves 

exhibit peaks at less than 5 min of contact. In each case, the peaks approximately 

correspond to the same permeability ratio of 300 in Figure 5-5 (a). When the load is initially 

applied, there should be negligible fluid pressure gradient between the cartilage upmost 

layer and the gap, therefore, the vertical component of Darcy velocity is close to zero. 

Afterwards, due to the large permeability in the gap, gap fluid will exit at the periphery 

rapidly and cause the gap fluid pressure gradient to fall, so that the interstitial fluid inside 

the cartilage at higher pressure begins to weep into the gap to compensate the fluid loss 

from the contact gap. As the contact gap fluid pressure falls further, the gradients between 

gap and cartilage steepens, and thus the vertical Darcy velocity increases. It is shown that 

the vertical Darcy velocity at r = 5 mm peaks before r = 0 mm. This is because the gap 

fluid at r = 5 mm drains before r = 0 mm. After 30-min contact, the permeability ratio 

decreases to the steady state and correspondingly the flow from cartilage to the gap slows 

and remains relatively constant at small magnitudes. 

 

Figure 5-5. Gap and cartilage interaction at the contact interface 
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When interstitial fluid flows into the contact gap during contact, it will contribute to 

the joint lubrication by extending the duration of mixed-mode lubrication. Figure 5-6 (a) 

compares the fluid pressure in the gap when fluid exchange with the cartilage can and 

cannot occur. Without fluid supplement, the gap fluid pressure will decay to zero after just 

3 minutes, after which the boundary lubrication stage commences (which is usually 

associated with high friction and surface wear). However, because of the fluid supplied to 

the contact gap from the permeable cartilage underneath, the duration of mixed-mode 

lubrication of the contact gap can be substantially extended to at least one hour. This result 

emphasises the importance of the surface asperities, the porous nature of cartilage, and the 

process of cartilage expelling fluid and slowly consolidation (usually measured in hours for 

normal human knee joints). It is this slow process of weeping fluid into the gap that 

enables a prolonged and fluid dominant mixed-mode lubrication. Therefore, the benefit of 

weeping lubrication is that it couples the duration of the fluid dominant mixed-mode 

lubrication to the consolidation time for cartilage [11].  

The normalised total fluid load support and asperity contact force (integrated over 

the contact area) are shown in the primary axis of Figure 5-6 (b). It is seen that the total gap 

fluid support decreases with time (to 20% after one hour) while asperity contact force 

increases correspondingly. As the gap layer is also similar to a poroelastic (biphasic) system, 

the effective start-up friction coefficient μeff can be estimated by using the theoretical 

formula derived by Ateshian [231], 

 (1 )eff eq fW     (5-21)  

where Wf is the fluid load support fraction and μeq is the equilibrium friction coefficient 

(~0.3 [22]). The start-up friction coefficient is plotted in the secondary axis of Figure 5-6 

(b), it is shown that the start-up friction coefficient increases with the static loading time to 

0.24 after one hour due to fluid being squeezed out of the contact gap. The result trend 

corresponds reasonably well with the experimental observation of Accardi et al. [243], in 

which cartilage samples were statically loaded (by 1.2–1.8 MPa) at various time before the 

sliding tests, in which friction coefficient would reach 0.3 after 1 hour of static loading. It is 

also important to note that the friction coefficient will drop rapidly once the movement 

(sliding) commences. Take the study of Accardi et al. [243] for example, friction coefficient 

dropped by more than 30% in less than 60 s after commencing the sliding test. 

Furthermore, it should be emphasised that phosphate buffered saline was used as lubricant 

in the study of Accardi et al. [243], while using synovial fluid (bovine) the equilibrium 

friction coefficient could be much lower (~0.1) [166]. 
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Although the results in this study support weeping lubrication, it does not necessarily 

mean that boosted lubrication does not occur under physiological conditions. It should be 

emphasised that this study is limited to a static loading condition in the mixed-mode, 

representing an activity of two-legged stance. In different activities, more than one 

lubrication mechanism may be activated [16], including boosted lubrication. For example, 

Moore and Burris [218] carried out start-stop sliding tests using cartilage-against-glass 

configuration. They concluded that sliding could enhance the transport of trapped fluid in 

the contact interface into the underlying cartilage leading to the recovery of interstitial fluid 

lost in static loading as the hydrodynamic pressure exceeded the interstitial fluid pressure in 

sliding condition. Graham et al. [276] also found that sliding could also enhance solute 

transport in cartilage. In addition, boosted lubrication may also occur in a standing up case 

known as the “squeeze-film” action [177] before the asperities establish contact, which has 

been discussed in the introduction, the sudden applied load due to the action of standing 

up (from sitting), would give a momentum for the synovial fluid to ultrafiltrate into the 

cartilage tissue. The ultrafiltration would also increase the concentration of hyaluronic acid 

and give rise to an increase in viscosity of the remaining synovial fluid [277].    

 

 

 

Figure 5-6. Load balancing between fluid and asperity in the contact gap 
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 Effects of Contact Gap on Cartilage Tissue 

This section discusses the effects of gap flow on cartilage tissue by studying the total 

fluid exudation volume and interstitial fluid pressure of cartilage. In order to show the 

impact, two additional cases are introduced for the purpose of result comparison. That is, 

in addition to having a model of a contact gap due to rough surfaces (i.e., “coupled contact 

model” case), two extreme cases are introduced, they are “free flux” and “no flux” at 

contact interface. Specifically, the free flux case allows for a zero pressure boundary at the 

contact interface (i.e., pc(r, z) = pc(r, 0) = 0), which may be considered as an example of a 

cartilage with surface defects. The “No flux at interface” case restricts normal fluid outlet at 

the contact interface (i.e., −n·uc
d = 0), which is traditionally used to model cartilage contact 

with the assumption of perfectly smooth surface [230]. 

The total fluid exudation volumes of the three cases are plotted in Figure 5-7 (a), for 

the coupled contact model and the free flux model, total fluid exudation is the 

mathematical summation of top (contact interface) and side (perimeter) surface fluid 

exudation, while for the no flux model, total fluid exudation is equal to the side exudation 

for it is the only outlet channel. The detail top and side fluid exudation volumes are also 

summarised in Table 5-2. It is seen that 91% of the fluid escapes through the top surface in 

the free flux model. This is because for an isotropic tissue permeability the drainage path to 

the top surface is much shorter than to the side surface of the cartilage plug. In comparison, 

the no flux case, which artificially restrains fluid outlet through top surface, may be 

unrealistic. The assumption of no flux at contact interface is made with a premise that the 

squeeze-film action has depleted the thin lubrication film between the perfectly smooth 

cartilage contact surfaces, and hence there cannot be any fluid outlet through the contact 

interface since no lubrication film remains there [230]. However, when considering the 

surface roughness, there will always be fluid confined in the interconnected space formed 

by the roughness. Therefore, the results of the coupled gap contact model seem to be more 

reasonable that certain amount of fluid (19% in this study) may still flow into the contact 

interface through cartilage top surface. It should be emphasised again that this study is a 

proof-of-concept, and hence the top exudation proportions would vary with different 

assumptions. In fact, the percent exuded might even be greater than predicted here. For 

example, a recent experimental study has found out that the cartilage tissue permeability is 

anisotropic under compression [214]. Specifically, a collapsing trellis-like fibrils of cartilage 

tissue could decrease the lateral porosity without altering the axial porosity, which indicates 

that the lateral permeability would become ~1000 times smaller than the axial permeability 
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under compression [214], so that more fluid would go through the top surface and aid the 

weeping lubrication.     

 

Figure 5-7. Impacts of contact gap on cartilage tissue 

 

Table 5-2. Summary of fluid exudation of the three models 

Cases Side exudation (mL) Top exudation (mL) Total exudation (mL) 

Free flux at interface 0.012 (9%) 0.117 (91%) 0.129 

Coupled contact model 0.087 (81%) 0.020 (19%) 0.107 

No flux at interface 0.098 (100%) \ 0.098 

*values in the brackets are the proportions to total exudation volume 

Since the total fluid exudation volume of the proposed coupled contact model is 

more than the traditional contact model, the interstitial fluid pressure inside the cartilage is 

also reduced. A comparison between the three cases is plotted in Figure 5-7 (b) at the 

location close to the middle of the cartilage (r = 0 mm, z = −1.35 mm). In the free flux 

case, rapid fluid loss through top surface causes a rapid decay of interstitial fluid pressure, 

so that it has reached its equilibrium state in less than 30 minutes. On the contrary, the 
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interstitial fluid pressure of the traditional model remains elevated (at 0.49 MPa even after 

one hour) because the distances of fluid drainage paths are artificially increased (i.e., the 

diameter of a cartilage disc is greater than the thickness). In comparison, the fluid pressure 

predicted by the proposed coupled model is 0.38 MPa after one-hour contact. 

The interstitial fluid pressure inside the cartilage is important, as biphasic lubrication 

theory attributes the low friction to the interstitial fluid pressurisation [22]. Biphasic 

lubrication theory established a linear regression relationship between interstitial fluid 

pressurisation and friction [222], regardless of the fluid flow direction at contact interface 

[22]. The biphasic lubrication theory has some similarities to weeping theory as both of 

them emphasise the importance and dominance of fluid load support in the joint 

lubrication that minimises direct solid shearing. However, the biphasic lubrication tends to 

overlook the effects of surface roughness. This study can be seen as a supplement to the 

biphasic lubrication that when considering surface roughness, the two theories (weeping 

and biphasic) may represent joint lubrication in different contact stages. During the initial 

contact of surface asperities, the surface roughness forms a soft and porous gap space, 

which is in the fluid and pressure continuum space connected to the porous cartilage tissue. 

This study shows that when considering the effects of roughness under compression, fluid 

would exude from the cartilage to the contact gap to maintain the fluid support at contact 

interface and hence weeping lubrication dominates. However, this is come at a cost that the 

exudation reduces the consolidation time for the underlying cartilage. Therefore, the 

traditional contact model with perfectly smooth surface assumption may potentially 

overestimate the interstitial fluid pressure. 

With the contact continues, gap permeability gradually decreases as the gap closes up 

to around 200–1000 nm [46], the contact reaches a surface amorphous layer (SAL), which 

is comprised by sulphated sugars, glycoproteins and lipids [16]. This layer is not modelled 

in this study, but SAL has been studied by Graindorge et al. [60] as a biphasic layer with the 

assumption of the same order of permeability, more water content but lower elastic 

modulus compared with the underlying cartilage tissue. Their results indicated that the SAL 

would alter the load carriage of the underlying cartilage that slow down the increase of solid 

support [60]. Therefore, when contact reaches SAL, it is believed that the flow exudation 

would gradually cease, the interstitial fluid pressure at the upmost layer of cartilage tissue 

would support the load and hence the biphasic lubrication would dominate until interstitial 

pressure subsides completely. 
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 Parametric Study 

(a) Effects of Gap Fluid Viscosity 

This section investigates the effect of gap fluid viscosity on cartilage lubrication. The 

viscosity of healthy synovial fluid can vary over 3–4 orders of magnitude at different shear 

rates [153]. Under the same asperity stuffiness (β = 20%H-A), three orders of constant 

viscosity magnitudes are considered: η = 1, 0.1, and 0.01 Pa·s, corresponding to measured 

viscosities at shear rate orders of 10, 100, 1000 s−1 respectively, which covers a wide range 

of physiological activities [153].  

The gap fluid pressure at the axis of symmetry of contact (z = 0 mm, r = 0 mm) are 

plotted in Figure 5-8. This figure shows that synovial fluid viscosity plays an important role 

in cartilage lubrication, as higher synovial fluid viscosity prolongs hydrodynamic lubrication 

component in the mixed-mode lubrication. For example, take η = 1 Pa·s as reference, a 10-

fold decrease in gap viscosity would cause more rapid decay in the gap pressure, only being 

18% of the reference value after one hour of contact (i.e., from 0.38 MPa for η = 1 Pa·s to 

0.07 MPa for η = 0.1 Pa·s). In the case of η = 0.01 Pa·s, the gap fluid pressure drops to 

almost zero in less than half an hour. 

 

Figure 5-8. Gap fluid pressure at contact centre (r = 0 mm, z = 0 mm) 

(b) Effects of Asperity Stiffness 

A parametric study is performed in this section to investigate the effect of asperity 

stiffness on cartilage lubrication. In this model, the initial aggregate modulus at the upmost 

layer is 0.69 MPa, which is within the typical range of human cartilage (0.5–0.9 MPa) [112]. 

Three cases of asperity stiffness are considered: β = 20%, 50% and 100% of H-A, under the 

same viscosity (1 Pa·s). It should be noted that once coupled, the asperity stiffness will also 
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be affected by the “actual” aggrecan concentration such that it will become increasingly 

stiffer under further compression. 

The normalised gap height and normalised gap pressure at contact centre (z = 0 mm, 

r = 0 mm) are shown in Figure 5-9. As expected, the stiffer asperities result in greater 

equilibrium gap heights (h = 4.3, 2.2 and 0.52 μm for β = 20%, 50% and 100%H-A 

respectively). However, a reversed trend is obtained for gap fluid pressure (and so the 

lubrication capability), the gap fluid pressure of stiffer asperities falls much more quickly 

than that of softer asperities. For example, although the gap height of β = 100%H-A is only 

reduced by half at 30 minutes, the corresponding gap pressure decreases by 93%. This is 

because the majority of the applied load will always be distributed to the phase with higher 

stiffness. Therefore, it is suggested that a relatively soft asperity may aid weeping 

lubrication better. 

 

Figure 5-9. Parametric study of asperity stiffness 

The above results may also shed some light on the question that why the cartilage 

surface is so rough. The presence of permeable and deformable roughness together with 

synovial fluid forms something similar to a very thin and porous “cushion bearing” (i.e., the 
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porous contact gap) above the cartilage tissue. This bearing to some degree also has the 

biphasic characteristics that fluid phase will initially carry the applied load, and the fluid 

supply from the cartilage below helps to extend the duration of mixed-mode lubrication of 

the bearing.   

 Limitations 

There are some important limitations in this study that should be noted here. From 

physiological point of view, firstly, the problem geometry is simplified and idealised. For 

example, a real knee joint is not perfectly axisymmetric and flat at the top surface. Secondly, 

this study simulates a static in vitro indentation, however, for a real joint with two pieces of 

meniscus, the static contact loading tends to be parabolically-distributed (rather than 

uniformly distributed) when standing still. Furthermore, during walking and running, the 

joint works in a reciprocal motion that results in a combined dynamic compression and 

shear loading on cartilage surface. Therefore, more realistic loading conditions should be 

considered in future studies. Thirdly, as stated earlier, this study assumes constant viscosity 

for synovial fluid, but in fact the non-Newtonian behaviour of synovial fluid will also affect 

the fluid exchanges during cartilage contact. Lastly, the geometry of fluid flow model in the 

contact gap is also very elementary. In reality there may exist more than one flow path, i.e., 

not only between the contact surface of femur and tibia cartilage, but also between femur 

and meniscus, and tibial and meniscus.  

For the theoretical modelling, it should be noted that two key assumptions are made 

for the uncertainties of synovial fluid viscosity and asperity stiffness. For the viscosity, a 

relatively high value is assumed here because the focus of this study is to investigate the 

joint lubrication in a static compression condition (e.g., standing still), where shear rate is 

expected to be low. However, under high sliding speed the viscosity may decrease to close 

to water, in which the load effects (impulse compression and shear) and the responses of 

cartilage tissue will also change. As a combination of various lubrication modes could exist 

during physiological conditions, further experimental and theoretical studies are required. 

Synovial fluid is a complex solution which makes it difficult to model mathematically. 

Before it reaches steady state, the shear-thinning effects are spatial and time dependent at 

the contact interface (i.e., viscosity varies with locations and time as well). In addition, the 

protein aggregation mechanism (entanglement of the tenuous protein network with the 

long-chain hyaluronate [154]) during contact would make the in-situ viscosity higher than 

its bulk phase values obtained from viscometer [266]. Therefore, more advanced synovial 

fluid model is required. For the asperity stiffness, it is reasonable to assume the asperities 
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exhibit biphasic characteristics similar to that of cartilage tissue. However, further 

experimental works are required to determine the time and spatial dependent asperities 

stiffness during cartilage contact. This study presents a first step towards understanding the 

effects of cartilage surface roughness on lubrication behaviour of joints under static loading. 

 Summary 

This chapter numerically investigates the lubrication behaviour of cartilage in mixed-

mode regime by modelling fluid flow exchange between two poroelastic systems, one 

representing the cartilage tissue and the other one representing the contact gap formed by 

surface asperities and synovial fluid. The following are major findings: 

 As a proof of concept, the results of this study support the weeping lubrication that 

the duration of mixed-mode lubrication is significantly extended by fluid exudation 

from cartilage underneath. Without the fluid supplement, the mixed-mode 

lubrication could only maintain a short period of time. By contrast, the fluid 

supplement from cartilage into the contact gap could significantly prolong the 

mixed-mode lubrication duration by at least 20-fold. 

 Under sustained compression, there is an initial increase in the flow flux from 

cartilage into contact gap in the early stage of loading, reaching a peak flow rate 

within 5 minutes, and then the fluid flux into the gap decreases gradually.  

 A model not considering the fluid exudation from cartilage tissue into the contact 

gap (i.e., no flux at contact interface), would underestimate the total fluid exudation 

volume and hence overestimate the temporal cartilage interstitial fluid pressure, and 

the consolidation time for cartilage. 

 The increase of synovial fluid viscosity can significantly enhance the gap fluid 

pressure, and thereby prolong the duration of hydrodynamic lubrication. 

 A higher asperity stiffness would result in a larger equilibrium contact gap height 

but also cause a significant and rapid decay in gap fluid pressure, and hence reduce 

the duration of mixed-mode lubrication significantly. By contrast, a lower asperity 

stiffness would result in a higher gap fluid pressure but early collapse of gap height 

and increase the contact area. 
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Investigation of Role of Surface Polymer Brush 
Border in Cartilage Lubrication 

 

 

 Introduction 

In addition to the earlier lubrication theories (e.g., weeping [23] and boosted 

lubrication [24] reviewed in Chapter 2), the concept of “hydration lubrication” [299, 300] is 

delved into the effects on cartilage tribological performance of the “surface amorphous 

layer”, which includes polymer brushes tethered to cartilage surface. It is hypothesised that 

the negatively charged polymers on cartilage surface could support large contact stress 

without being “squeezed out” of the gap, because these polymers are tethered to the 

cartilage surface [39]. As shown in Figure 6-1, cartilage consists of chondrocytes and an 

extracellular matrix (proteoglycan and type II collagen), exhibiting zonal structure 

throughout its thickness [11]. Cartilage surface roughness is formed by bundles of collagen 

fibrils in superficial zone [11]. The reported roughness heights depend on the length scale 

at which they are measured. Take normal human knee cartilage for example, for small 

length scale of 1–2 μm, asperities are tiny and measured in tens of nanometres, whereas for 

a typical contact measurement length scale that is over 500 μm, the reported roughness 

heights are relatively consistent at around 5–10 μm [11]. Most importantly, transmission 

electron-microscopy (TEM) images have revealed that there is an acellular, non-

collagenous amorphous layer on top of collagen fibrils [301]. The tethered layer within the 

amorphous layer, is formed by polymers embedded in the cartilage surface extending 

beyond collagen fibrils. The polymers include molecules such as hyaluronan (HA), 

aggrecan (GAG), lubricin, phospholipids and a variety of other proteins [302], which form 

a “polymer brush border” on cartilage surface. The thickness of this polymer brush border 

is in a range of 200 nm to a few microns, varying with species, joint type or age [16]. It has 

been known that the negative fixed charge density of GAG molecules provide resistance to 
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fluid flow in cartilage tissue [303], therefore, the polymer brush border tethered to articular 

cartilage surface may also reduce permeability of the contact gap, which could have 

profound impact on cartilage lubrication. 

 

Figure 6-1. Schematic diagram of the details of cartilage structure and surface  

Evidence supporting the idea that polymer brush border could play an important role 

in joint lubrication is found in several recent experimental studies. For example, selective 

digestion of HA and GAG was observed to increase the friction force on cartilage samples 

by 2 and 10 times respectively [192]. In addition, initial friction coefficients of cartilage 

samples with polymer brush border removed were higher than the intact samples [59]. 

However, current theoretical understanding of the roles of polymer brush border in 

cartilage lubrication is still limited.  

Most of the cartilage lubrication models are usually formulated based on the 

assumption of perfectly smooth surfaces [234]. This assumption neglects the effect of the 

“contact gap” formed by surface roughness and temporarily confined fluid at contact 

interface. The model developed in Chapter 5 has incorporated the “contact gap” and 

revealed that interstitial fluid would exude from cartilage tissue into the contact gap to 

extend the duration of mixed-mode lubrication [304]. However, the viscosity of interstitial 

fluid exuded from underlying cartilage into gap is relatively low (i.e., close to that of water 

~0.001 Pa·s), so the viscosity of the support fluid would presumably decrease as synovial 

fluid is diluted by the exudate from articular cartilage. When synovial fluid viscosities are in 

the range of 0.01–0.1 Pa·s (corresponding to the shear rates of physiological activities 

~102–104 s−1 [266]), the simulation results of the model in Chapter 5 predicted that the gap 

fluid pressure could be sustained for only a short time (in minutes) compared with the 

experimentally measured time for cartilage consolidation (in hours) [304]. This 
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inconsistency suggests that the initial contact model in Chapter 5 may be incomplete. 

Therefore, this chapter looks further to include the effects of surface polymers in cartilage 

contact modelling. It is hypothesised that for narrow contact gap sizes, polymer brush 

border could potentially provide sufficient resistance to the exudate fluid flow to maintain 

the fluid pressure in contact gap for a period of time that represents a significant fraction 

of the consolidation time of articular cartilage (on the order of one hour). 

In this Chapter, more sophisticated models are developed to hopefully more 

accurately evaluate the permeability at contact interface. The modelling involves dividing 

the contact gap into two layers and establishing two sets of nonlinear relationships between 

gap permeability and gap size in their respective layers as the contact persists. By assuming 

the thickness of polymer brush border is around 1 μm [45], it is hypothesised that for gap 

size ≥ 1 μm, fluid flow resistance is primarily caused by the surface roughness obstruction 

effect with a viscous synovial fluid, and that contact gap permeability can be estimated by 

upscaling the micro-scale computational fluid dynamics (CFD) model developed in 

Chapter 3. On the other hand, for gap size < 1 μm, it is assumed the contact gap 

permeability is dominated by the charged polymers tethered to cartilage surface, that is the 

gap permeability decreases exponentially with the aggrecan concentration which varies 

inversely with gap size. With the contact gap permeability estimated for all gap sizes, this 

permeability is then employed in a macro-scale cartilage contact model developed in 

Chapter 5. The numerical procedure is described schematically in Figure 6-2. 

 

Figure 6-2. The numerical procedure of improved cartilage contact model  
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 Materials and Methods 

 Study Assumptions  

This chapter refines the theoretical model developed in Chapter 5 to incorporate the 

effects of polymer brush border (PBB) in cartilage lubrication. As a case study to test the 

hypothesis that upon loading PBB has a significant effect on gap fluid pressure and its 

lubrication duration, an in vitro indentation on a large cartilage disc is simulated 

computationally. The model geometry and loading condition are the same as the study 

conducted in Chapter 5 (see Figure 5-2). However, the viscosity of synovial fluid is 

assumed to remain constant at 0.01 Pa·s during indentation, which is corresponds to a 

shear rate > 1000 s−1 [153]. 

Similarly, for the micro-scale contact gap model shown in Figure 6-3, once contact 

initiates, an interconnected pore space (termed the “contact gap”) is formed. The initial gap 

size h0 is equal to the peak asperity height Rp of the surface roughness (~5–10 μm [11]). 

Under persistent and constant load, the gap gradually closes as consolidation of the 

cartilage tissue progresses. This gap closure is described by the gap size h, where h ≤ h0. 

The fundamental difference comes from the gap permeability. The fluid flow in the 

contact gap is governed by Darcy’s law, and the permeability is dependent on gap size. 

When the gap height h is greater than 1 μm, the asperities provide the resistance to radial 

flow in the gap. More specifically, the flow resistance primarily is originated from the 

roughness obstruction effect due to viscous drag of synovial fluid flowing around 

asperities. However, when h becomes less than 1 μm, the surface-tethered polymer brushes 

tend to occupy most of the contact gap space, and the water retention ability of surface 

polymers is then assumed to primarily account for the radial flow resistance.  

The permeability of PBB is dependent on the GAG concentration in the gap [94]. As 

GAGs protrude into gap or are bound to HA protruding from the cartilage surface, it is 

expected the actual spatial variation of GAG concentration varies with distance from the 

cartilage surface into the gap space. To estimate the gap permeability due to PBB, certain 

constraints which bound its magnitude should be identified. To do this, it is first assumed 

that the switch in the primary source of permeability that occurs at h = 1 μm is continuous.  

Second, it is further assumed that when h approaches 0, the permeability in the contact gap 

approaches the permeability of underlying cartilage tissue. Finally, between these two 

bounding permeability values, it is assumed that logarithm of the gap permeability 



Department of Infrastructure Engineering 

Chapter 6                                                                                       The University of Melbourne 

6-5 

decreases linearly with gap size. With these assumptions, the permeability in PBB at all 

times when h is less than one micron can be well defined. 

 

Figure 6-3. Micro-structure of the contact gap under indentation 

 Governing Equations 

(a) Cartilage Tissue Model 

The cartilage tissue model is inherited from Chapter 5, it is briefly reviewed in this 

section. Based on the theory of poroelasticity, the fluid flow in the cartilage tissue, is 

governed by Darcy’s law, 

 (  )c
d f f s c cp    v v v K  (6-1)  

where vd
c is the Darcy velocity inside the cartilage tissue. vf and vs are the true velocity 

vectors of fluid phase and solid phase, respectively. Kc is the permeability tensor of 

cartilage tissue. pc is the excess interstitial fluid pressure. 

The continuity equation of solid and fluid phase in the cartilage can be expressed as, 

 ( ) 0s s f f   v v  (6-2)  

where ϕf = 0.8, is the fluid volume fraction and ϕs = 0.2, is the solid volume fraction. It 

should be mentioned that this study assumes that the cartilage tissue experiences small 

deformation and therefore a constant fluid and solid volume fraction are adopted in the 

formulation. 
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The conservation of momentum equation for cartilage tissue can be expressed as: 

 0t    (6-3)  

where σt is the total applied stress tensor, which is the sum of solid matrix stress σs and 

fluid stress σf in the tissue. 

 s
t s f E cp    I     (6-4)  

where σs
E is the incremental effective stress due to the deformation of the solid phase. I is 

the identity tensor. 

In this study, it can be reasonably assumed that cartilage tissue experiences negligible 

rotations as it is deformed by a rigid indenter. In this case, an infinitesimal strain 

formulation can be used to simulate the mechanical behaviours of cartilage. A non-linear 

elastic material model is developed to simulate stress-stiffening behaviour of cartilage under 

tension and compression. Cartilage is anisotropic and inhomogeneous, exhibiting tension-

compression nonlinearity. The compressive stiffness in the model is governed by a 

nonlinear strain-dependent aggrecan concentration whereas the tensile stiffness is regulated 

by collagen volume fraction and direction. The details of constitutive model are described 

below. 

Experimental results suggest that cartilage tissue permeability Kc is dependent on 

aggrecan concentration [94]. In this study Kc is assumed to be isotropic and can obtained 

by calibration with experimental observations [94], 

 
( )c m

agg
c

c

n c
K




  (6-5)  

where n = 5.4 × 10−22 m2 and m = −2.37 are empirical parameters, taken from a previous 

study [95]. ηc is the interstitial fluid viscosity (0.0007 Pa·s). cc
agg is the actual aggrecan 

concentration in cartilage tissue. 

It should be noted that the actual aggrecan concentration (i.e., mg of aggrecan/mL of 

extrafibrillar volume) is higher than the apparent aggrecan concentration (i.e., mg of 

aggrecan/mL of cartilage tissue). An explanation of the difference is given in Miramini et al. 

[95].  Their relationship is given below, 

 ,0( )
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c
aggc
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 (6-6)  
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where cc
agg,0 is the initial apparent aggrecan concentration. ξ is the volume fraction of the 

collagen network, which is approximately equivalent to the solid volume fraction of the 

tissue and is specified in Table 5-1. Js(t) is the volumetric change of the solid phase, which 

is equal to the Jacobian determinant of the deformation gradient of solid phase Fs (i.e., Js(t) 

= det(Fs)). Furthermore, the aggrecan concentration is inhomogeneously distributed 

throughout cartilage thickness. Similar to Chapter 5, cc
agg,0 = 25 and 120 mg/mL are 

adopted at z = 0 and −3 mm respectively, and the values in between are obtained by linear 

interpolation [305]. The permeability computed at tissue top surface Kc(z = 0 mm) is 5 × 

10−15 m2/Pa·s, which is in the range of the typical values measured from healthy cartilage 

samples (0.5–8 × 10−15 m2/Pa·s [279]). 

The aggregate modulus H-A is modelled by a quadratic equation respected to actual 

aggrecan concentration [115]. 

  2

1 2
c c

A agg aggH c c     (6-7)  

Furthermore, the elastic compressive modulus of cartilage tissue Ec can be computed as 

follows [11], 

 3 (1 2 )c AE H    (6-8)  

where α1 = 0.25 MPa and α2 = 0.0155 MPa, are empirical constants from a previous study 

[95]. ν is the Poisson’s ratio of the (drained) aggrecan matrix, usually taken as zero [279]. 

The tensile and shear resistances of cartilage are provided by collagen network, and 

the tensile and shear moduli are dependent on collagen volume fraction that varies with 

cartilage thickness. Cartilage tissue is divided into three zones along its thickness, they are 

the “superficial zone” (5% of cartilage thickness), the “transitional zone” (45% of the 

cartilage thickness) and the remaining “deep zone”. For simplicity, constant tensile and 

shear moduli are adopted in this study, the material properties in the three cartilage zones 

are listed in Table 5-1. 

(b) Cartilage Contact Gap Model 

In this section, the contact gap model developed in Chapter 5 is extended to 

incorporate the effect of PBB. The contact gap model is also formulated as a poroelastic 

system, it is comprised of three sets of equations: (1) Darcy’s law governing the fluid flow 

in the contact gap; (2) the mass balance equation and fluid pressure continuity regulating 

the fluid exchange between the contact gap and cartilage tissue; (3) the momentum balance 
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equation stating the stress equilibrium state in the contact gap, in which an exponential 

constitutive equation is assumed for the asperity local deformation under effective contact 

stress. 

(b.1)   Contact Gap Flow and Gap Permeability 

The fluid flow in the contact gap is approximated as a one-dimensional problem, and 

modelled by Darcy’s law, 

  gg
d g

p
v K

r


 


 (6-9)  

where vd
g is the Darcy velocity of the gap flow. pg is the gap fluid pressure. Kg is the gap 

permeability. In Darcy’s law permeability can be regarded as a ratio of the intrinsic 

permeability of the pore network (in this case the gap space) to the fluid viscosity. The 

intrinsic permeability is governed by the pore size, shape and connectivity. The gap 

permeability for h ≥ 1 μm can be numerically computed by upscaling a micro-scale gap 

flow model through a homogenisation process [220]. The methodology and simulation 

process are outlined in Figure 6-4. 

To accurately simulate the gap flow, the cartilage surface roughness profiles of 

bovine lateral femur (LF) [306] and medial tibia (MT) [220] measured in Chapter 3 and 

Chapter 4 are adopted here. Both roughness profiles are in the dimension of 1000 μm × 

1000 μm. These profiles are imported to a computational fluid dynamics (CFD) model as 

representative elementary volumes (REV) for the micro-scale gap flow [220]. Isothermal, 

laminar and incompressible fluid flow with constant viscosity in the contact gap is assumed 

for the micro-scale CFD model, which is modelled by the Navier-Stokes equations with the 

body force neglected. 

 

0

( ) ( ( ) )T
g g g gp

t
  

  


            

u

u
u u I u + u

 (6-10)  

where ρg = 1225 kg/m3, is the density of synovial fluid. u is fluid velocity vector. ηg = 0.01 

Pa·s, is the viscosity of synovial fluid in the contact gap. 

Upscaling from micro-level to macro-level gap flow is achieved through the volume-

averaged velocity uvol.ave, of the CFD model [37], and the gap permeability is given by, 
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 (6-11)  

As the permeability is dependent on gap size, separated CFD models are developed for 

different gap sizes that are larger than 1 μm, the results are approximated by trendlines. 

 

Figure 6-4. Assessment of gap permeability in roughness dominant layer  

There is limited quantitative information on the aggrecan concentration within PBB. 

However, the aggrecan concentration on cartilage tissue surface has been determined 

previously by magnetic resonance imaging (MRI) to be around 25 mg/mL [65]. The gap 

permeability at h = 1 μm computed by the CFD method above is of the order of 10−11–

10−10 m2/Pa·s. If we assume the gap permeability is continuous over h = 1 μm, by 

extrapolating the experimental curve of the hydraulic conductivity of proteoglycan solution 

[94], the magnitude of permeability estimated by the CFD method is approximately 

equivalent to an average aggrecan concentration of 0.65 mg/mL in the contact gap. This 

concentration is very small, it is even less than the minimum value of the typical 

concentration range tested in the experiment [94], and its effect on gap permeability is also 

minimal. Therefore, it is reasonable to disregard the effect of aggrecan concentration on 

gap permeability at h = 1 μm. Furthermore, at h = 0 it is reasonable to assume aggrecan 

concentration in the contact gap approaches the aggrecan concentration on cartilage tissue 

surface (cc
agg, taken as 25 mg/mL in this study [65]). In between, similar to the aggrecan 

profile in cartilage tissue [305], it is assumed that the “effective aggrecan concentration” in 

the contact gap varies inversely with the gap size, its depth-dependent concentration profile 

during deformation may be simplified to, 
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where tPBB = 1 μm, is the thickness of PBB. 

According to the experimental findings [94], the gap permeability in PBB (h < 1 μm) 

is assumed to decrease exponentially with the effective aggrecan concentration, which is 

approximated by, 
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 1 e ( )
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g g h m
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   (6-13)  

where a = ln(Kc|z  = 0 mm/Kg|h = 1 μm)/tPBB, is an empirical constant. By substituting Eq. (12) 

into Eq. (13), the variation of gap permeability in PBB during deformation can be defined. 

As shown in Figure 6-5, it has a linear variation on a semi-log plot between the two 

bounding permeability values. 

(b.2)   Fluid Exchange 

There are two flow paths for fluid in the contact gap. One path is laterally along the 

gap space, which is modelled by the Darcy’s law in Eq. (6-9). The other flow path is 

into/out of the cartilage tissue, leading to fluid exchange between interstitial fluid in the 

cartilage tissue and fluid in the gap space. The fluid exchange occurs as the gap closes, 

which can be modelled by employing Darcy’s law in the mass balance equation for 

incompressible fluid, 

 
g

gv
d s

t


   


v  (6-14)  

where εv
g is the volumetric strain of the contact gap. s is the fluid exchange between the 

gap and tissue per unit volume per unit time. 

The study in Chapter 5 has showed that s is a “source” term (i.e., s > 0), meaning the 

interstitial fluid in cartilage tissue “weeps” (or exudes) into the gap space [220]. However, 

the fluid exudate from cartilage has much lower viscosity than synovial fluid, which has the 

effect of increasing the gap permeability, and so reducing the duration of elevated gap fluid 

pressure and speeding up gap closure. Therefore, a model that considers PBB is 

investigated in this study. 

(b.3)   Constitutive Relationship for the Contact Gap 

Similar to the model in Chapter 5, the stress equilibrium state in the contact gap is 

defined by the effective stress principle based on the theory of porous media. 
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 t c gp    (6-15)  

where σc is the effective asperity contact stress. 

The exponential constitutive equation is assumed for the asperity deformation (i.e., 

gap closure) under contact stress σc.. 

 
( )//

0 0
t gc

ph h e h e       (6-16)  

where h0 is the initial (i.e., first asperity contact) gap size, which equals to the peak 

roughness height in this study (i.e, h0 = Rp). As shown in Figure 6-4., the values of h0 are 

about 5 μm and 9 μm for lateral femur and medial tibia surface respectively. β is the 

stiffness of cartilage asperity, it is assumed to be 1/5 of the cartilage tissue aggregate 

modulus H-A [46].  

(c) Boundary and Initial Conditions 

The boundary conditions between the two models ensure the fluid flux (i.e., Darcy 

velocity) normal to the cartilage-gap boundary and the fluid pressure across the cartilage-

gap boundary are continuous [231], which are described in Eq. (6-17). 

   0  , c g
d dAt z mm   v n v n  (6-17a)  

   0  , c gAt z mm p p   (6-17b)  

Note the unit normal to the contact interface has been denoted by n. In addition, the total 

surface traction σt normal to the contact gap and cartilage tissue is also continuous. 

For both cartilage tissue and contact gap, the fluid pressure at the perimeter edge is 

equal to the reference ambient fluid pressure, usually taken as zero [181]. 

   10  0, cAt r mm p   (6-18)  

   10  , 0  , 0gAt r mm z mm p    (6-19)  

The osteochondral junction is simplified to be a fixed and impermeable surface [95]. 

The initial condition states that at the instance of first contact, the total applied load 

is assumed to be solely resisted by fluid pressure in the gap space, and the gap size is at its 

maximum extent.  

 00, ,t gAt t p h h    (6-20)  
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 Computational Models 

The computational models for both micro-scale (CFD model) and macro-scale 

(cartilage contact model) are developed by a commercial software package COMSOL 

Multiphysics (version 5.3, COMSOL, Inc.).  

A typical micro-scale CFD model and its boundary conditions are shown in Figure 

6-4. As an approximation, fluid exchange and fluid-structure interaction are not considered 

in the micro-scale model. The input pressure is 100 kPa, which results in the same initial 

fluid pressure gradient as in the macro-scale model. The gap closure is modelled by simply 

slicing up the asperities by the upper wall at different gap sizes, as Poisson’s ratio of 

cartilage extracellular matrix is nearly zero [279]. A mesh sensitivity test is performed in 

advance with “coarse”, “normal” and “fine” mesh options in COMSOL [307]. The results 

show that the differences of uvol.ave are less than 1%. To balance simulation time and 

accuracy, the “normal” mesh is adopted, there are totally 296147 free tetrahedral elements, 

including two boundary layers (131873 elements) at the upper and lower wall and 1738 

corner elements. The parallel sparse direct solver (MUMPS) is chosen, and the relative 

tolerance is set as 0.001.  

The geometry and dimension of the macro-scale integrated cartilage contact model is 

shown in Figure 6-3. The model is meshed by 1896 free tetrahedral elements, in which the 

average element size is 0.1 mm. The numerical analysis is stopped after one simulated hour 

of a 1 MPa indentation. The model is solved by the time-dependent implicit solver using 

the backward differentiation formula (BDF) time stepping method. The relative tolerance 

is also set to be 10−3. 

 Results and Discussion 

In this section, the effects of PBB on cartilage lubrication and cartilage tissue are first 

analysed. Then the influences synovial fluid viscosity and PBB thickness on cartilage 

lubrication are discussed. 

 Effects of the Polymer Brush Border 

To investigate the effects of PBB on cartilage lubrication, two models that either 

include or disregard the presence of PBB are created for comparison. A lateral femur (LF) 

surface is used as an example surface for both models. The gap permeability curves of 

including and disregarding the presence of PBB are shown in Figure 6-5. For gap sizes less 

than 1 µm, it can be seen that the gap permeability for the model without PBB decreases 
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much more gradually as gap closes. This is because it only considers the gap flow resistance 

arising from the roughness obstruction and viscous synovial fluid. On the other hand, the 

gap permeability with PBB decreases much more rapidly with the closing gap size, 

compared with the case without PBB. This is because the mechanism of the flow resistance 

has changed, the resistance due to fluid retention of GAGs are much stronger than simple 

physical drags created by the asperities. It should be noted that for the part of h > 1 μm, 

the permeability curves are independent of the presence or absence of PBB. 

 

Figure 6-5. Gap permeability of lateral femur (LF) & medial tibia (MT) surface  

The following metrics are used to understand the interaction between cartilage tissue 

and contact gap, and their synergistic effects on cartilage lubrication. Specifically, these are: 

the gap fluid load support fraction, the cartilage interstitial fluid pressure and cartilage 

vertical strain in z-axis. 

The fluid pressure distribution in the contact gap of the first 30-min contact is shown 

in Figure 6-6 (a), in which both cases with (solid lines) and without PBB (dashed lines) are 

plotted together for comparison. It is shown gap fluid pressure would gradually decay 

towards the contact centre, and it declines much more rapidly without PBB. For example, 

at 10-min contact the gap fluid pressure without PBB has decreased to 1/10 of the applied 

load, while with PBB the gap fluid pressure is about five-fold greater, especially close to the 

contact centre (r < 5 mm), the gap fluid pressure can still maintain around 65% of the 

applied load. It is more useful to look at the gap fluid load support Wf, which is obtained 

by integration of the gap fluid pressure over the cartilage surface. Wf is a key parameter in 

evaluating cartilage lubrication performance, as it monitors hydrodynamic lubrication. The 

coefficient of friction is directly proportional to the normal load carried by the solid phase 

Ws after asperities contact [22], which is obtained by subtracting the fluid load support Wf 

from the total applied load Wtot (i.e., Ws = Wtot − Wf). The gap fluid load support fraction 
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(Wf/Wtot) is also shown in Figure 6-6 (a). In both cases, the gap fluid support fraction 

decreases with loading time, but the support decreases much rapidly without PBB. For 

example, at 1200 s, gap fluid load support without PBB has almost exhausted (~2% of the 

total load). By contrast, gap fluid load support fraction still sustains around 40% of the 

total load with PBB (~26 times more than without PBB). The gap fluid load support 

fraction only gradually reduces, being somewhat less than 20% after 1-hour indention. The 

results indicate that at 1200 s, when considering PBB, the asperity solid-to-solid load 

support is around 40% less than the model without PBB, implying a 40% smaller 

coefficient of friction. 

To further investigate the influence of PBB, the contour plots of interstitial fluid 

pressure (i.e., fluid pressure within the cartilage) are shown in Figure 6-6 (b). Without PBB, 

the interstitial fluid pressure reduces rapidly. For example, the fluid pressure near the centre 

of the tissue (r = 0 mm, z = −1.35 mm) drops to 0.04 MPa after 30-min indentation, 

whereas in the same condition fluid pressure with PBB is more than 10 times greater at 

0.52 MPa. The fluid pressurisation in the gap is due to the interstitial cartilage fluid exuding 

into the contact interface, which is clearly indicated by the streamlines intersecting the 

cartilage surface. During the early contact stage (at t = 60 s), with and without PBB, the 

interstitial fluid weeps into the contact gap space. Without PBB, this weeping process is 

continuous and occurs over the entire contact surface. However, with the fluid flow 

resistance provided by the surface polymers in the gap space, the weeping process slows 

down markedly and mainly occurs in the region close to the contact centre, as indicated by 

the streamlines at t = 900 and 1800 s. It is also shown that more fluid has to exude from 

the “side outlet”, involving much longer drainage paths. Therefore, the rate of interstitial 

fluid pressure drop is significantly slowed down by PBB. The deceleration of weeping 

process can be further quantified by comparing the fluid exudation volume of the two 

cases after 1-hour indentation in Table 6-1. Without PBB, the fluid exudation volume to 

the contact interface after 1-hour indentation is 0.117 mL (88% of its total exudation 

volume) which is almost seven times more than that of its counterpart with PBB (0.017 

mL). 

The results suggest the critical role of PBB is that it prolongs the load support by 

maintaining interstitial fluid pressure in the tissue, extends the weeping lubrication period, 

and thus extends the duration of the hydrodynamic mode in mixed-mode lubrication.  

Without PBB, the cartilage interstitial fluid can be comparatively rapidly squeezed out 

under high contact loads, which will increase solid-to-solid contact at the interface, and 

probably increase frictional associated wear. In other words, the fluid permeability in the 
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contact gap with PBB is significantly reduced, so that it is more difficult for the gap fluid to 

be squeezed out of the contact gap space. Crucially, unlike other components of the 

amorphous layer on the cartilage surface, the surface polymers fixed to cartilage surface 

cannot be squeezed out of the gap space. Therefore, the weeping and lubrication are in a 

continual process.    

To further investigate the role of PBB, its effect on the biomechanical performance 

of cartilage tissue is also considered. The average cartilage vertical strains over the contact 

interface of the two cases are compared in Figure 6-6 (c). When PBB is considered in the 

model, the average vertical strain after 30 min of loading is 11% (compared with 16% 

without PBB), the prediction matches reasonably well with in vivo measurements conducted 

by Halonen et al. [308] under similar loading conditions, in which computed tomography 

arthrography (CTa) was employed to measure the cartilage strain. The test subject was 

standing on one leg supporting around half of the body weight with the aid of harnesses 

(386 N). The total knee joint reaction force was reported to be around the full body weight 

(107%) [308]. If we assume the load is approximately equally shared by both joint condyles, 

the total force on one condyle is around half body weight (386 N), which is comparable to 

the loading condition of the modelling case (314 N) in this study. The strains after 30 min 

contact were obtained by comparing CT images and reported to be 12% and 10% for 

lateral and medial tibia respectively [308]. This comparison verifies the model predictions in 

this study, which suggests that it is essential to include PBB into cartilage contact modelling 

for an accurate simulation. 

After 1-hour indentation, the cartilage strain in the model without PBB appears to 

reach equilibrium state at 16%, which is around 19% more than the strain with PBB (at 

13%). This is because more fluid exudation occurs at the contact interface in the model 

without PBB. As shown in Table 6-1, the total fluid exudation without PBB (0.133 mL) is 

exactly 19% more than its counterpart model with PBB (0.112 mL). 

 

Table 6-1. Summary of fluid exudation after 1h indentation (LF surface) 

Fluid exudation Absence of PBB Presence of PBB 

Top (mL) 0.117 0.017 

Sid (mL) 0.016 0.095 

Total (mL) 0.133 0.112 
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Figure 6-6. The effects of  the polymer brush border on  cartilage lubrication 

In summary, the comparison study of the two models with and without PBB 

demonstrates that PBB can provide significant additional resistance to the fluid flow in the 

contact gap, which has two benefits. First, the flow resistance in the gap space limits the 

rate of fluid exudation to the contact gap, which helps maintain the interstitial fluid 
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pressure inside cartilage tissue and reduces tissue strain. Second, the fluid load support in 

contact gap could be maintained for a much longer period, which is comparable to the 

consolidation time of the cartilage, as the consolidation process results in continual exudate 

flowing into the contact gap space. This behaviour increases the fraction of hydrodynamic 

lubrication at the contact interface, and so reduces contact friction and surface wear. 

 Influences of Synovial Fluid Viscosity 

The viscosity of healthy synovial fluid could vary over several orders of magnitude 

due its shear rate dependence. In this section, using the medial tibia (MT) surface (in Figure 

6-4) and its gap permeability (in Figure 6-5) as an example, a parametric study is performed 

to assess the influence of synovial fluid viscosity on cartilage lubrication. Three constant 

synovial fluid viscosities with 10-fold differences (i.e., 1, 0.1 and 0.01 Pa·s) are compared, 

together with water (0.001 Pa·s), while all other model parameters are held unchanged. The 

results are provided in Figure 6-7 (a). Gap fluid support fraction decreases with reduce of 

viscosity. For example, at t = 1800 s if we consider the gap fluid support of 1 Pa·s as the 

refence point, every 10-fold decrease in viscosity magnitude (i.e., to 0.1, 0.01 and 0.001 Pa·s) 

results in the reduction in gap fluid support by 23%, 40% and 58% respectively. In other 

words, for a viscosity reduction of 1000 times (from 1 to 0.001 Pa·s), the gap fluid load 

support declines by 58%. 

The results suggest that synovial fluid can enhance the fluid support fraction in the 

gap space and thereby reduce friction coefficient. Again, experimental findings are 

compared with the model predictions. Forster and Fisher [221] measured the initial friction 

coefficient of cartilage on metal contact, in which either Ringer’s solution or synovial fluid 

was used as the lubricant. The greatest differences in friction coefficient recorded were at 

the loading time of 20 and 45 min, where the friction coefficients of synovial fluid (μ0 = 

0.18 and 0.26) were only 21% and 16% less than that using Ringer’s solution (μ0 = 0.22 and 

0.31) respectively. The experimental results match reasonably well with our computational 

predictions, especially in the percentage of difference plotted in Figure 6-7 (b). 

It can be reasonably assumed that viscosity case of 0.01 and 0.001 Pa·s in Figure 6-7 

(a) correspond to the synovial fluid and Ringer’s solution case in Forster and Fisher [221] 

respectively. By treating the contact gap as a porous media, the effective friction coefficient 

μeff can be computed by the biphasic lubrication theory [231], 

 

s tot f

eff eq eqtot tot tot

F W W W

W W W
   

    (6-21)  
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where Ws is the load carried by the solid constituent and μeq is the friction coefficient in 

equilibrium state. As shown in Figure 6-7 (b), by assuming μeq = 0.3 [22], the predicted of 

friction coefficients of η = 0.01 Pa·s at 20 and 45 min (i.e., 0.21 and 0.25) are 20% and 18% 

less than those of η = 0.001 Pa·s at 20 and 45 min (i.e., 0.26 and 0.30) respectively. The 

percentage of differences are close to the experimental measurements [221]. This study 

provides a reasonable and possible theoretical explanation to the experimental 

observations. However, it should be noted that the lubricin in the experiments could also 

play a role in the friction measurements (especially in the 45 min when cartilage is close to 

its equilibrium state [221]), but the influence of lubricin on cartilage lubrication is beyond 

the scope of this study. Nevertheless, as suggested by Forster and Fisher in their study, the 

friction coefficient of articular cartilage is primarily affected by the fluid load support [221]. 

 

Figure 6-7. Influence of synovial fluid viscosity on cartilage lubrication 
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 Influences of Polymer Brush Border Thickness 

The influence of PBB thickness on cartilage lubrication is discussed in this section. 

Experimental studies have shown that PBB thickness can range from 200 nm to a few 

microns [16]. In this study, three thickness values (200 nm, 500 nm and 1 μm) are 

investigated using the LF surface as the example surface and viscosity is kept constant at 

0.01 Pa·s. 

 

Figure 6-8. Influence of PBB thickness on cartilage lubrication 

The results for PBB thickness are shown in Figure 6-8 (a). Overall, it is seen that the 

gap fluid support varies inversely with the thickness of PBB. Considering t = 1800 s as an 

example, by reducing the thickness of PBB by 50% (i.e., from 1 μm to 500 nm), the gap 

fluid load support drops 33%, while another 60% reduction in thickness (i.e., from 500 nm 

to 200 nm) causes another 84% decrease in gap fluid load support. 
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Figure 6-8 (b) shows the time dependent start-up friction coefficients by varying the 

PBB thickness between 200 nm and 1 μm using water (0.001 Pa·s) as the lubricant. The 

predicted time dependent variation of the friction coefficient for a PBB thickness of 400 

nm (using Eq. (21), in which μeq taken as 0.33 as per the experimental measurements) can 

achieve a reasonably close approximation to the experimental measurement (especially after 

300 s) reported by Accardi et al. [243] (the test was carried out in PBS with a contact 

pressure of 1.2–1.8 MPa). 

 Limitations 

This study has some model limitations. Firstly, to simplify the model complexity, the 

shear rate dependent viscosity of synovial fluid was not considered in the model. The 

previous study in Chapter 3 has shown that with reductions in gap pressure gradients with 

gap closure, viscosity may increase [220]. The increase of viscosity could decrease gap 

permeability and thus further prolong the gap fluid load support. Secondly, the interactive 

deformation between the asperity and the bulk tissue was not considered in the simulation. 

Future studies need to establish a relationship between the local asperity-level deformation 

and tissue global consolidation through experimental measures (e.g., measure the surface 

roughness at different cartilage strains). Thirdly, the model could be improved by the 

availability of experimental data on GAG content or the fixed charge density in PBB. This 

can be achieved by using very high-strength MRI scanners with sufficiently high resolution 

or by a tracer cation method using 22Na [309]. Furthermore, it may be more useful to 

directly model the interactions of the surface polymers and solvent molecules in normal 

joint motions [310]. 

 Summary 

This chapter integrates the PBB on the cartilage surface to a coupled contact model. 

The influence of synovial fluid viscosity and PBB thickness on cartilage lubrication are 

investigated computationally. The conclusions are summarised below, 

 The polymer brush border can substantially enhance cartilage lubrication by 

increasing the gap fluid load support fraction and hence improve the hydrodynamic 

mode of lubrication. Based on the case study and using the specified parameters, 

PBB could increase the fluid support by 26 times at 20-min indentation compared 

with the model without PBB. 
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 Weeping (fluid exudation) and hydration lubrication reduce friction synergistically. 

The exudation of interstitial fluid from the articular cartilage into the contact gap 

space prolongs the hydrodynamic mode of lubrication. Owing to the resistance of 

PBB to lateral transport of exudate along the contact gap space, less fluid is 

required to weep into the contact gap to maintain gap fluid pressure. In this way, 

the interstitial fluid pressure within articular cartilage tissue can be maintained for a 

longer period, and the cartilage deformation can be reduced. 

 Synovial fluid can improve fluid support in the gap space relative to saline water, as 

reducing the viscosity magnitude by 1000 times (from 1 to 0.001 Pa·s) reduces the 

gap fluid support at 30-min indentation time by 58%. 

 The PBB thickness significantly influences cartilage lubrication performance, as a 

60% reduction in PBB thickness (from 500 nm to 200 nm) results in an 84% 

decrease in gap fluid load support at 30-min indentation.   
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A Probabilistic Failure Risk Approach in Studying 
Articular Cartilage Lubrication 

 

 

 Introduction 

The failure of cartilage lubrication is believed to be one of the causes of a 

degenerative disease known as osteoarthritis [313], therefore, maintaining the cartilage 

lubrication performance is essential. The condition of the surface of cartilage is directly 

related to its lubrication performance. It has been introduced in Chapter 6 that beyond the 

outer-most extent of cartilage collagen network, there is the “polymer brush border” 

(PBB), a thin surface layer formed by surface polymers (e.g., hyaluronan (HA), aggrecan 

(GAG), lubricin, phospholipids and other proteins), tethered to the cartilage surface [16].  

At contact interface, the uneven and random interactions of asperities on the 

opposing surface form an interconnected pore space called the “contact gap”, which is 

filled with fluid [220]. The characteristics of the contact gap fluid can significantly affect the 

lubrication performance of cartilage. For example, comparative friction tests revealed that 

simply wiping out PBB from the surface prior to testing could increase friction significantly 

by around five times [59]. Asperity stiffness governs the deformation of the asperities as 

joint loading is applied, which is related to the closing rate and amount of the gap space, 

and further to the duration of mixed-mode lubrication. Within articular cartilage, negatively 

charged GAGs pre-tension the collagen network, while GAG concentration significantly 

affects the compressive modulus and permeability of articular cartilage [115]. 

Previous studies generally adopted a deterministic approach to study the influences 

of different parameters on cartilage lubrication, in which the parameter under investigation 

is described by a discrete value. However, the three parameters (i.e., PBB thickness, asperity 

stiffness and cartilage surficial aggrecan content) mentioned above are either varying over 

certain ranges or their values are highly uncertain (or difficult to quantify), given our 
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current technological status. For example, PBB thickness is reported to be in a range of 200 

nm to a few microns, varying with joint type, age and wear condition [16]. Studies also 

revealed that PBB could be partly replenished by absorbing the constituents from synovial 

fluid [45], therefore, even in the same location, its thickness would vary with the degree of 

wear and state of replenishment. To date, there is no available experimental quantification 

of asperity stiffness, probably due to the difficulty of conducting measurements on such a 

small scale and separating it from deformation of the underlying cartilage. To get around 

this, in some numerical studies asperity stiffness was assumed to be a fraction of the 

aggregate modulus (i.e., 0.2H-A) [60]. Given the varying nature of GAG content, which 

contributes to the aggregate modulus, it may be more reasonable to assume asperity 

stiffness varies over a range of values (e.g., 0.1–0.4H-A).  

Cartilage GAGs are produced by chondrocytes and GAG concentration is affected 

by a number of mechanical and chemical stimuli acting on chondrocytes [11]. For example, 

if the joint is immobilised for a week (i.e., without mechanical stimulation), the synthesis of 

GAG slows down, and the GAG content of articular cartilage may be reduced by as much 

as 50% [314]. The GAG content of articular cartilage can be measured using a variety of 

techniques, and its value close to the surface is reported to be in the range 20–40 mg/mL 

based on different methods, joint type, age of the animal, etc. [65]. The osmotic pressure 

together with the repeated mechanical straining, causes the GAGs to migrate through the 

collagen network, along their osmotic pressure gradient. This slow GAG migration 

eventually causes GAGs to be shed into synovial fluid through cartilage surface [11]. GAG 

shedding contributes to the formation of PBB. As the rate of GAG shedding increases, 

PBB thickness increases accordingly. The rate of GAG shedding varies over cartilage 

surface due to rates of GAG production by the underlying chondrocytes. Furthermore, 

cartilage surficial GAG content not only determines PBB thickness but also asperity 

stiffness. That is, asperity stiffness is expected to vary according to the compressive 

modulus of the underlying cartilage tissue, which is governed by the GAG content. For an 

individual, GAG content in knee joint cartilage varies over time and activities, for example, 

immobility reduces GAG synthesis [314], whereas increased operations (e.g., walking) 

exceeding normal daily level (or operation mean level) encourages GAG production [11], 

which will further change asperity stiffness and PBB thickness. Therefore, it is reasonable 

and appropriate to adopt a probabilistic approach to account for the uncertainties 

associated with the parameters in cartilage tissue and surface. The internal relations 

between the parameters arising from the cartilage tissue physiology can be considered by 

introducing linkages between the parameters. 
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Given this variability, it is reasonable and appropriate to adopt a probabilistic 

approach to account for the uncertainties associated with the model parameters, while the 

internal relations between model parameters can be considered by introducing statistical 

dependence. A probabilistic approach has been traditionally used in engineering design to 

assess reliability of engineering structures. Reliability theory employs distributions of 

pertinent input parameters rather than discrete values, and outputs the probability of 

exceeding certain pre-determined criterion [315]. 

This study aims to incorporate the uncertainties of model parameters in evaluating 

their effects in cartilage lubrication performance using probabilistic methods. As shown in 

Figure 7-1, all three model parameters are assumed to be normally distributed. Two 

scenarios are considered. One scenario considers the effect of mechanical stimuli on 

lubrication performance (i.e., surficial GAG content correlated with asperity stiffness), 

while the other scenario accounts for the influence of aggrecan shedding (i.e., surficial 

GAG content correlated with PBB thickness). Correlated samples of model parameters are 

input to the coupled cartilage contact model developed in Chapter 6. This study employs 

the degree of hydrodynamic lubrication as the indicator for lubrication performance. The 

reliability criterion employed here is that the degree of hydrodynamic lubrication exceeds 

15% after 30-min loading (i.e., the integrated fluid pressure over the contact gap exceeds 

15% of the total applied load). 

 

Figure 7-1. Schematic diagram showing the workflow of the study 
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 Methodology 

 Computational Model of Cartilage Contact 

(a) Cartilage Tissue Model 

The cartilage tissue model is briefed below, details can be found in Chapters 5 and 6. 

Additional to the standard poroelastic system [91], the tissue model captures three 

distinctive features of articular cartilage: aggrecan dependent tissue permeability, aggrecan 

dependent compressive modulus and tension-compression nonlinearity [95, 115]. 

The cartilage tissue permeability Kc is obtained through calibration with experimental 

data [94], 
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where n and m are empirical parameters. ηc is the viscosity of water. cc
agg is the actual 

aggrecan concentration in the cartilage tissue pore space, which is given below. 
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where ξ is the volume fraction of the collagen network. Js(t) is the time-dependent 

volumetric change of the solid phase under loading. cc
agg,0 is the initial apparent aggrecan 

concentration. The model properties are summarised in Table 7-1. 

The aggregate modulus H-A is also dependent on aggrecan concentration, and this 

dependence is modelled using a quadratic equation given in Eq. (7-3) [115]. With that, the 

compressive modulus of cartilage tissue Ec can be computed using Eq. (7-4) [11]. 

  2

1 2
c c

A agg aggH c c     (7-3)  

 3 (1 2 )c AE H    (7-4)  

where α1 and α2 are empirical constants. ν is the Poisson’s ratio of the extracellular matrix, 

which is usually taken as being close to zero in the drained condition [279]. 

Cartilage tissue is classified into three zones over its thickness: the superficial zone 

(SZ, around 5–10% of cartilage thickness), the middle zone (MZ, around 40–45% of the 

cartilage thickness) and the deep zone (DZ, the remaining 45–55%). The collagen network 

is responsible for cartilage tensile and shear resistance, and its volume fraction decreases 

from superficial zone to deep zone, so the cartilage tensile and shear moduli vary with 
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cartilage zones accordingly. For simplicity, constant tensile and shear moduli are used in 

this study, their properties are summarised in Table 7-1. 

Table 7-1. Material properties of cartilage tissue model 

Tissue model parameter Value Reference 

cc
agg,0 (z = 0 mm) 20–40 mg/ml Xia et al. [65] 

cc
agg,0 (z = −5 mm) 120 mg/ml Wedig et al. [305] 

α1 0.01 MPa Treppo et al. [114] 

α2 0.075 MPa Treppo et al. [114] 

m −2.37 Zamparo and Comper [94] 

n 5.4 × 10−22 m2 Zamparo and Comper [94] 

ξ 

45% (SZ) 

30% (MZ) 

25% (DZ) 
Fox et al. [14] 

Shear modulus 

3 MPa (SZ) 

3 MPa (MZ) 

2 MPa (DZ) 
Zhu et al. [104] 

Tensile modulus 

r-axis 

100 MPa (SZ) 

30 MPa (MZ) 

10 MPa (DZ) 
Kempson et al. [316] 

z-axis 

25 MPa (SZ) 

10 MPa (MZ) 

15 MPa (DZ) 

SZ: superficial zone; MZ: middle zone; DZ: deep zone. 

(b) Contact Gap Model 

The cartilage contact gap model has been proposed in Chapter 5. Similar to a 

poroelastic system, the model simulates three fundamental behaviours of the contact gap: 

(1) the fluid flow in the gap; (2) the fluid exchange between contact gap and cartilage tissue; 

(3) the stress equilibrium state in the contact gap (and the local deformation of asperities). 

The governing equation for the contact gap in a cylindrical coordinate system is given 

below, and the derivation process and explanation are detailed in Chapter 5. 
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 (7-5)  

where σt is the total applied loads, which is detailed in Section 7.2.1 (d). σc is the asperity 

contact stress, pg is the fluid pressure in the gap. The stress equilibrium state in the gap is σt 
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= σc − pg. h(t) is the gap size at time t, and h0 is the initial contact gap. h0 equals the 

highest undeformed asperity height measured from the roughness centre line. β represents 

the stiffness of cartilage surface roughness. vc
d,z is the fluid flux normal to the contact 

interface from the underlying cartilage tissue (i.e., in z-axis). 

Kg is the permeability of the contact gap. Similar to Chapter 6, Kg is divided into two 

parts. For gap sizes greater than PBB thickness (tPBB), the flow resistance is dominated by 

the resistance of cartilage roughness to flow of synovial fluid. A micro-scale computational 

fluid dynamics (CFD) model of the representative elementary volume (REV) of the contact 

gap filled by synovial fluid with constant viscosity ηSF is developed with the experimental 

measured surface roughness. The gap permeability is computed by upscaling the volume-

averaged fluid velocity of the REV (uvol.ave) to the Darcy velocity of the contact gap (vd
g) as 

shown below. 
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The roughness profile (h0 = 9 μm) and the permeability analysis results from Chapter 

5 are directly adopted here, and Kg (h ≥ tPBB) is shown in Eq. (7-7). 

 3 2 8 14( ) 215.72 0.0718 1 1   (  10 4  10  )PBB SFgK h t forh h sh Pa          (7-7)  

Owing to the assumption of constant synovial fluid viscosity, the gap permeability for 

different viscosities can be obtained by simply scaling up/down the coefficients in Eq. (7-

7), as the pore space geometry of the contact gap is the same. 

When contact gap size is less than PBB thickness, flow resistance is dominated by 

the tethered surface polymers extending beyond the collagen network. The gap 

permeability decreases exponentially with increasing aggrecan concentration in the gap cg
agg 

[94], which is assumed to vary inversely with the gap size [317]. More details can be found 

in Chapter 6. The permeability gap model employed is given below, 
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where a = ln[Kc(z = 0 mm)/Kg(h = tPBB)]/tPBB, is an empirical constant. The model 

properties of the contact gap are detailed in Table 7-2, which are obtained through 

calibration with experimental records detailed in Section 7.3.1. 

(c) Boundary and Initial Conditions 

Three continuity boundary conditions at the contact interface are required to couple 

the two models together [231]. They are: (1) the fluid pressure between contact gap and 

articular cartilage tissue (i.e., pg = pc); (2) the total surface traction σt; (3) the vertical 

component of relative fluid flow, which has already been accounted in the last term of Eq. 

(7-5). These three model parameters must be continuous over the contact interface (z = 0 

mm). 

In addition, a free flux condition (i.e., zero outlet pressure) is applied to the perimeter 

edge of contact gap and the unloaded surface of cartilage tissue. The osteochondral 

junction is simplified as a fixed and impermeable boundary [95].  

The initial condition regulates the model states when contact initiates at the highest 

asperity. At the start of the analysis (t = 0), the gap size is at its maximum extent (i.e., h = 

h0), therefore asperity contact stress is zero and the total applied load is completely 

sustained by the gap fluid pressure initially (i.e., σt = − pg, σc = 0). 

(d) Model Geometry and Analysis Setup 

The numerical procedure is implemented in a commercial software package 

COMSOL Multiphysics (version 5.3, COMSOL, Inc.). The geometry and dimension of the 

cartilage contact model is shown in Figure 7-2. The model represents a lateral tibial plateau 

of normal human cartilage which is reconstructed based on MRI images of knee joints of a 

35-year-old woman [274]. The model geometry and the applied loading are simplified to be 

axisymmetric.  

In a two-legged stance condition, the static compressive load applied on each knee 

joint is approximately the full body weight [8]. For this study an average body weight of Wt 

= 70 kg is applied to cartilage top tissue. It is assumed that the joint load is shared equally 

by the two femoral condyles and two tibial plateaus of the knee joint, hence the lateral 

tibio-femoral contact force in this study is 35 kg over a contact area around 500 mm2 [318]. 

In this model, the load is applied in a conically distributed manner, which is a reasonable 

approximation to the reported contact stress contours [254]. Therefore, the distribution of 
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the total applied loading (on the lateral condyle) can be expressed as σt = (2.06 − 0.163*r) 

MPa, where r is distance from the centre of the condyle. 

The cartilage model is meshed by 5641 free tetrahedral elements, in which the 

maximum element size is kept less than 0.5 mm. The equations are solved by the time-

dependent implicit solver with the relative tolerance of 0.001. The value for mesh size and 

tolerances are obtained following a convergence analysis. 

 

Figure 7-2. Model geometry and the basic variables at contact interface 

 Probabilistic Approach 

(a) Definition of the “Failure” Criterion 

In this study, three parameters at the contact interface (i.e., asperity stiffness β, PBB 

thickness tPBB and cartilage surficial GAG content cc
agg,0(z = 0)) are of interest. These 

parameters are the basic variables (x1, x2, x3), and they are assumed to be normally 

distributed with their estimated mean and estimated range of coefficient of variation (CoV) 

given in Table 7-2. The mean values are obtained through calibration with experimental 

findings detailed in Section 7.3.1. 

Similar to engineering reliability analysis, a “failure” criterion should be defined. In 

the context of joint lubrication, this study is concerned with the “failure” (or ending) of 

significant mixed-mode lubrication. The mixed-mode lubrication contains both 

hydrodynamic lubrication and boundary lubrication components, in which the 

hydrodynamic lubrication component reduces direct solid-to-solid contact and hence 

reduces friction and wear. When degree of hydrodynamic lubrication becomes small, 
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lubrication becomes dominated by boundary lubrication, which is known to eventually lead 

to significant collagen damage, surface wear and so a failure of damaged cartilage to 

perform its normal role in the joint [319]. Therefore, the hydrodynamic lubrication index H 

is taken as the key indicator for cartilage lubrication performance in mixed-mode regime. H 

is defined as the ratio of the gap fluid load support integrated over the contact surface to 

the total applied load, i.e., H = Pg/Wt. Furthermore, H is a function of the basic variables 

considered in this study, i.e., H = g(x1, x2, x3). 

Table 7-2. Mean and coefficient of variation (CoV) of the basic variables and 

simulation scenarios 

Values & Scenarios PBB thickness, 
tPBB 

Cartilage surficial GAG 
content, cc

agg,0(z = 0) 
Asperity 

stiffness, β 

Mean 1 μm 25 mg/mL 0.2H-A 

CoV 10–40% 10–30% 10–30% 

Scenario 1: Mechanical stimuli \      correlated 

Scenario 2: Aggrecan shedding                          correlated 
\ 

In this study, it is defined that “failure” occurs (or ending of significant mixed-mode 

lubrication occurs), if the hydrodynamic lubrication index drops to less than 15% after 30-

min standing (two-legged stance). Experimentally, a 15% of hydrodynamic lubrication 

corresponds to a start-up friction coefficient of ~0.24–0.25 as per the equation proposed 

by Ateshian [231] (see Eq. (7-16)). This indicates the gap fluid load support can no longer 

prevent significant surface friction. The probability of maintaining the mix-mode 

lubrication is calculated by, 

 mix-modeProb 1 Prob( 0.15) 1 (0.15)H      (7-9)  

where Φ is the cumulative distribution function (CDF) of H. 

(b) Sampling Method 

To construct the CDF of H, sampling of random variables is required. In this study, 

two scenarios are considered, as shown in Table 7-2. Scenario 1 studies the effect of 

mechanical stimuli on cartilage GAG concentration and its effect on cartilage lubrication 

through asperity stiffness. Mechanical loading of cartilage causes strain, fluid flow and 

hydrostatic pressure that promote aggrecan synthesis [11], to which local asperity stiffness 

is closely correlated as per Eq. (7-3). Furthermore, both variables contribute to cartilage 

lubrication performance, therefore, the effect of mechanical stimuli on cartilage lubrication 
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can be better investigated by correlating surficial GAG content with asperity stiffness. 

Scenario 2 aims to investigate the effect of aggrecan shedding on cartilage lubrication. The 

production of GAG increases its concentration in cartilage, but this also accelerates its loss 

rate. Due to concentration difference, the lost GAG molecules will slowly diffuse/migrate 

towards cartilage surface, and finally shed into synovial fluid [11]. In this process, the 

discharge of GAG molecules through the surface makes PBB denser and thicker. This 

effect can be modelled by correlating surficial GAG content with PBB thickness. The 

strength of the relationship between the two variables in each scenario is characterised by a 

correlation coefficient. For both scenarios, three positive correlation coefficients (i.e., 0.1, 

0.5 and 0.9) are considered, representing weak, median and strong correlations respectively. 

Monte Carlo sampling method combined with the Cholesky factorisation are used to 

generate random samples of correlated variables [320]. This procedure is briefed below 

[321]. 

1) The independent variable matrix X* of the two variables from Scenario 1 or 2 above is 

first generated by Monte Carlo sampling, there are N = 1000 samples generated for 

each variable. The variables in the matrix are normally distributed with mean μi and 

standard deviation σi. 

 
*  ( 1,  2,  3)i i n ix ir     (7-10)  

where rn are normally distributed random numbers with mean 0 and variance 1. 

2) The covariance matrix V with the target correlation coefficient of the correlated 

variables can be decomposed by Cholesky factorisation. 

  TV L L  (7-11)  

where L is a lower triangular matrix and LT is its conjugate transpose. 

3) The correlated random variable vector x is generated by multiplying L with the vector 

of the random numbers from the independent standard normal distribution, and 

adding their mean vector, 

  n x L r   (7-12)  

4) The procedure is repeated for all samples in matrix X*, resulting in a correlated variable 

matrix X with the target mean vector and covariance matrix V. 
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(c) Response Surface Method 

The generated samples are input to the cartilage contact model described in Section 

7.2.1, and hydrodynamic lubrication index H can be computed. However, it is extremely 

time-consuming to perform thousands of simulations, therefore, it is more efficient to 

employ the response surface method. The principal of this method is to first calculate the 

results from selected samples of the correlated variables in Table 7-2 (other model 

properties remain unchanged), then the results are fitted by a regression function (i.e., 

response surface) [315]. The relationship between the results and the input variables can 

often be fitted by typical mathematical functions (e.g., polynomial function). This 

approximation is particularly suitable if input and output quantities only vary in certain 

considered interval. Therefore, the CoV of each variable in Table 7-2 is selected to ensure 

that majority of the samples fall in their typical ranges. The accuracy can also be improved 

by subdividing the intervals and using different regression functions for each, or increasing 

the discrete result points [315]. 

The correlated sampling data generated in Section 7.2.2 (a) contains the information 

of target correlation and CoV. Once the data is input to the regression function of the 

response surface, the hydrodynamic lubrication index H of the correlated variables can be 

computed, based on which a CDF of H can be established for the probability calculation 

using Eq. (7-9). 

 Results and Discussion 

 Model Validation 

In this section, the model predictions are compared with experimental observations 

for the purpose of model verification and parameters selection. 

Results of the cartilage tissue model (i.e., without the contact gap model), is first 

compared with the study of Herberhold et al. [311], in which cartilage compression of intact 

human knee joint under long-term static loading (i.e., 150% of body weight) was performed 

during MRI imaging. The experimental conditions, such as mean body weight of the six 

cadaver specimens (70 kg), maximum cartilage thickness (4.9 mm) and the pressure maxima 

measured by the FUJI film (3.6 ± 1.25 MPa), are close to the model parameters adopted in 

our model. Because the experiment was conducted in under laboratory conditions (without 

synovial fluid bath), only the tissue model is used for comparison. The surface interface is 

set to be “no flux”, as the indenter is impermeable [230]. The comparison of cartilage mean 

vertical strain over the key contact area is plotted in Figure 7-3 (a). It is shown that by 
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varying the surficial GAG content to 20 mg/mL, the model prediction is in a reasonable 

agreement with the mean experimental measurements. 

The results of the coupled contact model (i.e., articular cartilage tissue model coupled 

with the contact gap model) are compared with in vivo measurements conducted by 

Hosseini et al. [312], in which the test subjects were required to stand on one leg for 300 

seconds during MRI scanning. One-legged stance results in an applied load of 2.59 times 

body weight (i.e., 2.59 × 70 kg) on a single knee joint [8]. Figure 7-3 (b) compares the 

cartilage peak contact strain between the model simulations with two experimental records. 

A numerical error analysis is performed between the model predictions and experimental 

records of Hosseini et al. [312], using three statistical indicators (i.e., the mean (M), the 

average absolute error (AAE), and the standard deviation (SD)). Their expressions are 

given below, 

 
1

pred

exp

n
i

i iM
n




 (7-13)  

 
1

exp pred

exp

n
i i

i iAAE
n








 (7-14)  

 

2

1

pred pred

exp exp

1

n
i i

i i i aveSD
n



  
  

   



 (7-15)  

where expi is the ith experimental data; predi is the ith model prediction corresponding to the 

expi; n is the total data number in the experimental record.  

The numerical error analysis results are labelled in Figure 7-3 (b), it is shown that in 

order to achieve reasonably close corroboration (i.e., AAE around 13% and SD around 6%) 

to the experimental measurements of the two different test subjects (Knee 2 and 6), two 

sets of model parameter values of the contact interface are used, which are labelled in the 

figure. The results of this modelling confirm the variation of model parameters (which 

presumably reflect the differences between individuals). Therefore, probabilistic methods 

may be able to give information about populations, or information about individual joint 

performance given variation in the condition of the joint over time. 
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Figure 7-3. Model validation against experimental measurements 

In the following study, the parameter values that simulate the deformation behaviour 

of Knee 6 (in the study of Hosseini et al. [312]) are adopted as the mean values for the basic 

variables investigated in this study (see Table 7-2). As an example, the results of the base 

case using the mean values of the basic variables are shown in Figure 7-4. It is shown that 

for constant loading, the hydrodynamic lubrication index reduces with time to around 20% 

after 30-min loading.  

The start-up friction coefficient is computed using the equation proposed by 

Ateshian [231] below (Wf/Wtot is the fluid load support fraction, equivalent to the 

hydrodynamic lubrication index H in this study), in which the equilibrium fiction 

coefficient μeq is set as 0.3 [22]. 

 1
f

eff eq tot

W

W
 

 
  

 
 (7-16)  

The predicted start-up friction coefficient at 30-min contact is 0.24, which is very 

close to the mean result of 0.25 reported in the experiments of Forster and Fisher [221], in 

which a 9 mm diameter cartilage plug was statically loaded against a metal indenter (0.5–4 

MPa) for a pre-determined amount of time, prior to a slide test and friction measurement. 
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Figure 7-4. Results of the base case 

 Scenario 1 (Mechanical Stimuli) 

Selected values of the variables for each scenario are input to the cartilage contact 

model to calculate the hydrodynamic lubrication index and to generate the response 

surface. The values are selected to cover their typical ranges. For Scenario 1, cc
agg,0 (z = 0) 

= [20, 25, 30, 35 40] mg/mL, and β = [0.1H-A, 0.15H-A, 0.2H-A, 0.25H-A, 0.3H-A, 0.35H-A, 

0.4H-A] are selected, therefore, there are [cc
agg,0 (z = 0)] × [β], totally 35 simulation results. 
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A regression analysis is conducted in MATLAB (R2017b, The MathWorks, Inc.) with the 

35 simulation results (shown as discrete points in Figure 7-5). Within the considered 

interval, the response surface can be well represented by a second order polynomial surface 

with the minima kept at zero, the root-mean-squared-error (RMSE) is 0.0173. The 

response surface of hydrodynamic lubrication index for correlated surficial GAG content 

and asperity stiffness is plotted in Figure 7-5. 

 

Figure 7-5. Response surface (cartilage surficial GAG content correlated with 

asperity stiffness) 

The response surface reveals a two-way reduction of hydrodynamic lubrication index 

to the increases of both asperity stiffness and surficial GAG content. This is because 

increasing surficial GAG content leads to increase of bulk modulus of cartilage, which 

means that the volume deformation will be reduced under the same amount of load, and 

hence less fluid will be expelled to the contact gap. On the other hand, if the asperities are 

too hard, the asperities may hold up the contact gap and hinder gap closure. For example, 

the residual gap size for β = 0.4H-A case at cc
agg,0 (z = 0) = 25 mg/mL is 1.14 μm, which is 

greater than the PBB thickness in this case. Therefore, fluid in the gap will escape rapidly 

and hence there is no time for fluid to build up sufficient pressure to withstand the applied 

load and therefore the vast majority of the load would be carried by surface asperities. It is 

noteworthy that in the combined section of β > 0.35H-A and cc
agg,0 (z = 0) > 30 mg/mL, 

the gap fluid would completely lose load carrying ability. 

The probabilities of Scenario 1 are illustrated in Figure 7-6. In addition, the 

probability using the assumption of independent variable is also included (dashed line) for 
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comparison. There are a few points worth noting in the results. Firstly, it is shown that 

when asperity stiffness is treated as an independent variable, its probability result is very 

close to the weak correlation case (correlation coefficient = 0.1) with small CoV of surficial 

GAG content (CoVGAG = 0.1). This is because treating asperity stiffness as an independent 

variable is equivalent to a no correlation case, meanwhile the surficial GAG content is 

deterministic (fixed at its mean) in the calculation (its CoV is also zero). Secondly, the 

variation of surficial GAG content would also affect the probability estimation. It is shown 

that for all three correlation cases (i.e., 0.1, 0.5 and 0.9), the probability would decrease 

even more if the surficial GAG content spreads wider around the mean. Take correlation 

coefficient = 0.1 for example, for the CoV of asperity stiffness (CoVβ) is 0.1, the 

probability drops from 84% to 71% (reduction rate 16%) when CoVGAG rises from 0.1 to 

0.3. This result emphasises the importance of considering the mutual relations between 

model parameters, as in this case if the asperity stiffness is sampled independently, it tends 

to overestimate the probability and lead to errors. Thirdly, the correlation coefficient also 

has influences on the probability predictions. It is shown that the probability decreases if 

the correlation becomes stronger. For example, when both CoVβ and CoVGAG are equal to 

0.1, the probability would decline from 84% to 78% if the correlation coefficient rises from 

0.1 to 0.9. The correlation coefficient in this study is the Pearson correlation, it assumes a 

linear relationship between the correlated variables. The increased positive correlation 

between the asperity stiffness and surficial GAG content regulates the random sampling 

process in a way that the values of both variables tend to increase together, which would 

result in a reduction in the hydrodynamic lubrication index as previously discussed. 

Therefore, the probability of mixed-mode lubrication is also diminished in this regard. 

Mechanical stimuli such as cyclic (e.g., walking) and static loading (e.g., lifting heavy 

objects) can cause the changes in interstitial pressure and tissue strain. Chondrocytes can 

sense the changes and response to the loading by increasing GAG synthesis [11]. The tissue 

becomes stiffer to reduce the strain to an acceptable level. However, this study predicts that 

if all other conditions remain unchanged (including no load increase), this adaptive process 

becomes maladaptive, as it comes at a cost that cartilage lubrication performance could be 

impaired as less fluid exudation is associated with the increase of GAG content. Indeed, 

the balance between strain and fluid exudation is key in cartilage lubrication. Cartilage 

lubrication requires substantial fluid exudation into the contact gap, which is beneficial with 

a softer tissue of less surficial GAG content. The fluid exudation may also cause short-term 

increase in strain, if the strain exceeds the repair capacity, it may cause damage to cartilage. 

Therefore, maintaining the aggrecan homeostasis is important. 
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Figure 7-6. Probability results of Scenario 1 

 Scenario 2 (Aggrecan Shedding) 

Similarly, the response surface of Scenario 2 is plotted in Figure 7-7, in which cc
agg,0 

(z = 0) = [20, 25, 30, 35 40] mg/mL, and tPBB = [0, 0.3, 0.5, 1, 1.5, 2] μm are selected, and 

hence there are [cc
agg,0 (z = 0)] × [tPBB], totally 30 result discrete points. The response 
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surface is a third order polynomial function with a RMSE of 0.0067, it is more complex 

than the previous scenario because hydrodynamic lubrication index H is proportional to 

PBB thickness but inversely proportional to surficial GAG content. The gap permeability 

decreases much more rapidly in PBB domain (see Figure 7-4), because the fluid flow is 

resisted by the negatively charged polymers in PBB. Therefore, increasing PBB thickness 

enhances the duration of fluid retention so that increases the hydrodynamic lubrication 

index. It is noteworthy that at low surficial GAG content (e.g., 20 mg/mL) even without 

PBB layer (tPBB = 0), 15% fluid load support can still be maintained due to more fluid 

exudation. However, for a higher surficial GAG content (e.g., 35 mg/mL), more than 2 μm 

of PBB thickness is required to achieve the same amount of fluid load support. 

 

Figure 7-7. Response surface (cartilage surficial GAG content correlated with PBB 

thickness) 

Figure 7-8 depicts the probability results of Scenario 2. The probability of 

independent variable case is also plotted in dashed line. Some similar trends to the previous 

scenario (in Figure 7-6) can also be seen here. For example, the probability of independent 

variable case is very close to the weak correlation case with small CoV value (i.e., 0.1). 

Moreover, more divergent data of the surficial GAG content would result in much smaller 

probability predictions. Therefore, the results of both scenarios demonstrate that the two 

model parameters (asperity stiffness and PBB thickness) should be considered in 

conjunction with the surficial GAG content to investigate their influences on joint 

lubrication. 



Department of Infrastructure Engineering 

Chapter 7                                                                                       The University of Melbourne 

7-19 

 

Figure 7-8. Probability results of Scenario 2 

In addition, a few differences between the two scenarios are also noticed. Firstly, the 

increasing correlation strength between the surficial GAG content and PBB thickness 

would give rise to higher probability predictions rather than lower ones as for Scenario 1. 

Take CoVGAG = 0.1 for example, at CoV of PBB thickness (CoVPBB) of 0.1, the probability 

rises from 87% to 97% (increase rate 9%) when correlation strength enhances from weak 
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to strong. And the increase rate grows steeper with further dispersion of PBB thickness, up 

to 26% at CoVPBB = 0.4. This can also be explained by the linear relationship between the 

correlated variables in sampling that the increase of surficial GAG content would also 

cause the increase of PBB thickness, and PBB thickness can significantly improve the 

hydrodynamic lubrication index. Secondly, it is notable that in the strong correlation 

condition, the probability increases with the dispersion extent of PBB thickness. Take the 

curve of CoVGAG = 0.3 for example, a 10% increase in probability of mixed-mode 

lubrication is predicted as CoVPBB rises from 0.1 to 0.4. When plotting the samples of the 

two variables together (i.e., cc
agg,0 (z = 0) in x-axis, tPBB in y-axis) at correlation coefficient 

= 0.9 (see Figure 7-9), the scatter points tend to form a rising line, in the same range of 

cc
agg,0 (z = 0) (take CoVGAG = 0.2 for example), increasing CoVPBB will increase the slope of 

the line. Therefore, when the surficial GAG content is high (35–40 mg/mL), a greater tPBB 

will be correlated to cc
agg,0 (z = 0) during the sampling. Under the same condition, a thicker 

PBB layer is beneficial in maintaining gap fluid support and hence increase the probability. 

 

Figure 7-9. An example of the correlated samples (cartilage surficial GAG content 

correlated with PBB thickness) at correlation coefficient of 0.9 

PBB and the surface polymers play specific roles in cartilage lubrication. The 

formulation of gap permeability in this study is based on the fluid retention ability of the 

GAGs, as a previous study has demonstrated that the duration hydrodynamic lubrication 

can be prolonged by at least one hour if the effect of GAG in PBB was considered [317]. 

Experiments also discovered that friction force would increase 10 times if GAGs were 

selectively digested on the surface [192]. It is attributed to the failure to preserve a 

“hydration layer” at the contact interface [192]. HA itself does not appear to be an efficient 

lubricant [196], however, digestion of HA also caused two times of increase in friction 

force [192]. This is because the main role of HA is to act as a surface anchor that bonds 
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with GAG and entangles with lubricin [192]. Furthermore, Kienle et al. [241] has 

discovered that HA could considerably reduce wear compared with ddH2O and NaCl 

solutions. 

 Limitations 

There are a few limitations in this study that should be acknowledged. Firstly, the 

cartilage contact model is developed for the static loading condition (representing two-

legged stance). As a good start, the model is useful in study the interaction between 

cartilage consolidation and lubrication. However, to study friction and wear in the future it 

is required to extend this model to simulate the walking condition (intermitted loading). 

This will involve adding an inertia term to the static equilibrium equation in the contact gap 

(i.e., σt = σc − pg) and modifying the source term to include the fluid dragged into the 

contact gap during swing action. Secondly, due to the lack of information, this study 

assumes the variables are normally distributed, and there is a linear correlation between 

certain variables (with three level of strength). In reality, the variables may not correlate 

with each other in a simple linear relation, therefore, the assumptions need to be verified by 

large amount of experimental data. Thirdly, the applied loading is also an important 

variable, for example, it could wear out PBB thickness, and stimulate the production of 

GAG. The loading magnitude is relatively certain in standing condition, while in other 

phycological activities (e.g., walking), the resultant loading on joint also varies in certain 

range, hence its influence should also be considered in the future studies. 

 Summary 

The lubrication behaviour of cartilage joints is governed by a range of geometrical 

and mechanical parameters which are random or uncertain in nature. This chapter utilises a 

probabilistic approach to investigate the change of joint lubrication due to the uncertainties 

of three key parameters that are closely related to cartilage contact. The findings are 

summarised below: 

 The increase of PBB thickness could enhance the hydrodynamic lubrication 

component in the contact gap, whereas increasing cartilage surficial GAG content 

and asperity stiffness tend to impair the hydrodynamic lubrication. 

 Although surficial GAG content dependent asperity stiffness enhances the 

mechanical resistance of the contact gap under external loading, lubrication 

performance of the joint could be impaired. This is because an increase in surficial 



Department of Infrastructure Engineering 

Chapter 7                                                                                       The University of Melbourne 

7-22 

GAG content decreases the volume of exudate into the contact gap, and the 

increase of surficial GAG content also increases the asperity stiffness, which 

impedes the gap closure and hence encourages fluid loss in the gap. 

 Increasing the loss rate of aggrecan causes more aggrecan shedding through 

cartilage surface, which tends to make PBB denser and thicker. A thicker PBB 

helps reduce the gap permeability and contributes to the maintenance of the 

lubrication performance in the mixed-mode regime. 
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Concluding Remarks 
 

 

 Main findings 

Articular cartilage is a biological tissue located in diarthrodial joints of vertebrate 

animals. It covers the ends of articular bones in a synovial fluid filled lined cavity. Although 

articular cartilage is only 2–4 mm thick, it can sustain extreme biomechanical conditions, 

while maintaining a remarkably low initial coefficient of friction (i.e., on the order of ~0.01 

[196]). For comparison, even the best manufactured bearing (e.g., Teflon) can only achieve 

a coefficient of friction around 0.04 [196]. Furthermore, unlike most man-made metal 

bearings manufactured with very smooth contact surfaces, cartilage surfaces are very rough, 

with peak asperity heights around 10 μm [11]. The lubrication mechanism has puzzled 

many engineers and researchers and remains to be controversial despite of half a century of 

investigation. A computational model for cartilage contact considering the influences of 

surface roughness and interfacial fluid flow was developed in this research project, which 

hopefully can deepen our understanding in joint lubrication. 

Chapter 2 presented a literature review on the state-of-the-art of articular cartilage 

and its lubrication mechanisms. It covers the topics of the compositions of cartilage and 

synovial fluid, mechanical properties of cartilage, rheology and viscoelasticity of synovial 

fluid, cartilage surface roughness and its measurement, review on different lubrication 

theories, and current investigation techniques. It has been found out that a number of 

lubrication theories have been proposed in mixed-mode regime, such as weeping 

lubrication [23] and boosted lubrication [24]. However, due to the difficulty in performing 

micro-scale experiments, it is difficult to assess the plausibility of the hypothesises. 

Therefore, a computational contact model addressing the interaction between the 

interfacial pore space and cartilage tissue would be extremely useful. The formulation of a 

cartilage tissue model shall include its key mechanical characteristics such as poroelastiticity, 
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strain-dependent permeability, aggrecan-dependent aggregate modulus, tension-

compression nonlinearity, etc. Furthermore, although some cartilage contact models have 

been proposed, these models are generally derived with the assumption of perfectly 

smooth surfaces. However, in reality, roughness is present on cartilage surface and random 

asperity contact forms an interconnected pore space at the contact interface, which is 

expected to play important roles in cartilage lubrication. Therefore, it is logical and useful 

to first develop a standalone micro-scale cartilage contact gap flow model for studying the 

fluid flow behaviour at the contact interface, and then integrate the micro-scale model to a 

macro-scale cartilage tissue model. 

 In Chapter 3, a computational model that described the synovial fluid flow 

behaviour in the contact gap was developed. The model can be used to quantify the 

permeability in the contact gap formed by two opposing cartilages under contact. Both 

macro- and micro-scale gap flow models were created based on Darcy’s law at the macro-

scale and the Navier-stokes equation at the micro-scale. To generate model inputs, the 

cartilage topography was numerically synthesised based on the experimental measurements 

of surface roughness from bovine medial tibia cartilages. The experimental results showed 

that the average roughness height Ra was 1.97 μm and root-mean-square roughness height 

Rq was 2.44 μm, while the correlation lengths of the secondary and tertiary undulations 

were round 100 μm and 20 μm, respectively. In addition, the shear thinning effect of 

synovial fluid was modelled by a constitutive equation in power law form. The numerical 

results indicated that the contact gap height and fluid pressure gradient were two critical 

parameters which significantly affected the gap permeability. As the contact gap closes, 

there was a decrease in gap permeability, and most importantly, the gap permeability was 

also very sensitive to the fluid pressure gradient. Furthermore, with gap closure, the 

permeability of the contact gap gradually reduced to the same level as the cartilage tissue, at 

which the contact gap was deemed to be functional closed. The turning point occurred at a 

contact gap height around 1 μm and fluid pressure gradient around 5 × 105 Pa/m in this 

study. 

In Chapter 4, the computational gap flow model developed in Chapter 3 was adopted 

to investigate the contact gap flow in osteoarthritic (OA) condition due to the pathological 

changes in cartilage surface roughness and rheological properties synovial fluid. First, 

cartilage surface topographies in both healthy and OA conditions were constructed using a 

numerical algorithm. Then, constitutive equations for synovial fluid viscosity were obtained 

through calibration with previous experimental data. Finally, the roughness and synovial 

fluid information were input to the contact gap flow model to predict the gap permeability. 
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The results showed that the rougher surface of OA cartilage decreased gap permeability by 

around 30–60%. More importantly, with the reduction in gap size, the decrease in gap 

permeability became more significant, which could result in an early fluid ultrafiltration into 

the tissue. Moreover, the pathological synovial fluid had more deleterious effects on the 

gap permeability than the OA cartilage surface roughness, as it could potentially increase 

the gap permeability by a few hundred times for pressure gradients less than 106 Pa/m, 

which could inhibit the fluid ultrafiltration into the tissue. The outcomes in Chapter 4 

indicated that the change in fluid flow behaviour in contact gap in OA condition could 

significantly affect the function of articular joints. 

With the gap permeability evaluated by the micro-scale contact gap flow model 

developed in Chapters 3 and 4, Chapter 5 managed to derive the contact gap model and 

integrate it to an existing cartilage tissue model [95], forming a coupled cartilage contact 

model. The contact gap was formulated in the poroelastic framework, it was comprised of 

three sets of equations: (1) fluid flow was modelled by Darcy’s law; (2) fluid exchange was 

modelled by the mass conservation equation; (3) the closure of the gap was approximated 

by an exponential constitutive equation. The contact gap model and tissue model were 

linked by pressure and normal flux continuity boundary conditions. Using a tibial plug 

under indentation as a proof-of-concept model, the predictions supported the weeping 

lubrication theory under static compression. Specifically, the interstitial fluid would exude 

from the underlying cartilage into the contact gap to extend the mixed-mode duration by > 

20-fold compared with a no fluid exudation counterpart. Moreover, the traditional contact 

model, which disregarded the fluid exchange in the contact gap, potentially overestimated 

the interstitial fluid pressure inside the cartilage tissue compared with the proposed coupled 

model. Parametric studies suggested that increasing the synovial fluid viscosity prolonged 

the gap fluid pressurisation, while increasing the asperity stiffness reduced the gap fluid 

pressure but increased contact gap size. 

In Chapter 6, the coupled contact model developed in Chapter 5 was extended to 

incorporate the effects of polymer brush border (PBB) on cartilage surface. Although 

experimental evidence has suggested the function of PBB in joint lubrication, the 

theoretical justification of its role is still limited. In the modelling, the gap permeability was 

divided into two parts: for a gap size greater than 1 μm, flow resistance was assumed to be 

dominated by the cartilage roughness, whilst for gap size less than 1 μm, flow resistance 

was assumed to be dominated by the surface polymers extending beyond the collagen 

network of articular cartilage. For gap size less than 1 μm, the gap permeability was 

assumed to decrease exponentially with increase of aggrecan concentration as per 
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experimental observations [94], while aggrecan concentration was assumed to vary 

inversely with the gap size. The gap permeability was then employed in the coupled contact 

mode in Chapter 5. The fluid exchange between these two media was achieved by imposing 

pressure and normal flux continuity boundary conditions. The model results suggested that 

PBB could substantially enhance cartilage lubrication by increasing the gap fluid load 

support (e.g., by 26 times after 20-min indentation compared with the test model without 

PBB). Additionally, the fluid flow resistance of PBB helped sustain the cartilage interstitial 

fluid pressure for a relatively long period, and thus reduced the vertical deformation of the 

tissue. Parametric study showed that a reduction in PBB thickness would significantly 

impair cartilage lubrication ability. 

Chapter 7 proposed a probabilistic approach in investigation of cartilage lubrication, 

as the key parameters are either with a random nature or highly uncertain in in vivo 

conditions. The influences of the uncertainties of gap asperity stiffness, polymer brush 

border (PBB) thickness and cartilage surficial aggrecan content on joint lubrication were 

investigated. Specially, two scenarios were investigated, one representing the effects of 

mechanical stimuli on lubrication (aggrecan content dependent asperity stiffness), while the 

other one considering the influence of “aggrecan shedding” on lubrication (the dependence 

of PBB thickness on the aggrecan content in cartilage surface). The correlated sampling 

data was first generated by Monte Carlo method and Cholesky factorization, and then input 

to the cartilage contact model developed in Chapters 5 and 6. The degree of hydrodynamic 

lubrication was used as an indicator of lubrication performance. The probability of 

maintaining mixed-mode lubrication was estimated based on the criterion that the degree 

of hydrodynamic lubrication could still exceed 15% of the total load after 30-min loading. 

The increase of PBB thickness could enhance the hydrodynamic lubrication component in 

the contact gap, whereas increasing the surficial aggrecan content and asperity stiffness 

would impair hydrodynamic lubrication. Although aggrecan content dependent asperity 

stiffness enhanced the mechanical resistance of cartilage tissue to external loading, 

lubrication performance of the joint could be impaired. In addition, increasing the loss rate 

of aggrecan caused more aggrecan molecules shedding through the surface. The aggrecan 

shedding could make PBB denser and thicker, which contributed to the maintenance of the 

lubrication performance in mixed-mode regime. 

 Recommendations for future work 

This research project has developed a coupled cartilage contact model considering 

the effects of surface roughness, interfacial fluid flow and the presence of the polymer 
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brush border. The model can be further extended to consider the following 

recommendations: 

 One of the most important assumption that greatly simplifies the modelling process 

is the constant synovial fluid viscosity. However, it is well known that the viscosity 

of synovial fluid bulk solution decreases with the increase of shear rate. Chapter 3 

has related the changes of viscosity to the fluid pressure gradient. However, it 

should be noted that the relationship (i.e., viscosity versus fluid pressure gradient) is 

established through a constitutive equation calibrated with the experiment 

measurements (i.e., viscosity versus shear rate) conducted in steady states. The 

relationship is not instant, in other words, the relaxation of synovial fluid (i.e., long 

molecules dis-entangled and re-oriented to flow) is a process (not instantly response 

to pressure), therefore, more sophisticated synovial fluid model is required in the 

future to more accurately model the contact gap flow. 

 The exponential constitutive equation, which describes the relationship between the 

closure of gap space and the contact stress, is another key assumption for 

simplification. In essence, the contact gap is also a poroelastic bearing on top of 

cartilage tissue, and the contact gap is subjected to large deformation, which is 

complex in formulation. In this research project, the general trend of gap 

deformation is captured by assuming the surface asperities exhibit biphasic 

characteristics similar to the cartilage tissue, i.e., the relationship between deforming 

and applied load is in an exponential form. This assumption avoids handling the 

complexity of large deformation but still yields reasonable results. However, in the 

late contact stage where the fluid volume is expected to be low, the gap fluid load 

support is expected to be lower than the model predictions in this study. Therefore, 

for more accurate modelling in the future, it may be useful to consider the specific 

porosity (i.e., the volume proportion of fluid and asperity) of the gap space, which 

can be obtained from the geometry of the micro-scale gap flow model.  

 Another way to hopefully more accurately model the gap closure is to connect it 

with the global deformation of cartilage bulk tissue. This can be achieved by 

establishing a relationship between the local asperity deformation and tissue bulk 

consolidation through experiments, which involve measuring the surface roughness 

height at different cartilage strains and performing a regression analysis on the 

findings. However, the difficulty in conducting this experiment shall also be noted, 

as when unloaded cartilage tissue may gradually rebound and the surface scanning 
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usually takes 40–60 min, therefore, liquid nitrogen or other technique are required 

to fix the deformation of cartilage. 

 The cartilage contact model in this research project is in static loading condition 

(representing two-legged stance), as a good start the model is useful in study the 

interaction between cartilage consolidation and lubrication. However, to study 

friction and wear in the future it may be required to extend this model to simulate 

the walking condition (intermitted dynamic loading). This will involve adding an 

inertia term to the static stress equilibrium equation in the contact gap (i.e., σt = σc 

− pg) and modifying the source term to include the fluid dragged into the contact 

gap during swing action. 
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