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Modem cementless hip stems rely on the initial stability as measured by micromotion at the bone-
implant interface to allow bone ingrowth in order to fix the stem to the supporting bone. Many 
factors including stem geometry, size, surface texture, bone quality, the presence or absence of 
interference-fit and loading of stem influence the initial stem stability. Very little has been 
published on the effect of the degree of interference-fit on the initial stem stability. An excessive 
interference-fit may not improve the stem stability significantly but may increase the risk of 
femoral fracture. However, if interference-fit is too low, bone ingrowth may not occur. Published 
finite element studies of cementless hip stem stability have examined performance based on the 
model of a single femur, without examining the influence of the variation of bone quality on the 
initial stem micromotions. This could be an inadequate assessment, as the properties of femur are 
known to vary between individuals. This thesis examined a few factors influencing the initial 
stability of the stem, including bone quality, degree of interference-fit and the effect of viscoelastic 
creep of bone on the degree of interference-fit, to improve the preclinical assessment of cementless 
hip stem. 

The adequacy of assessing stems stability using only one femoral bone property was tested by 
varying the bone properties systematically and examining the resultant stem stability and interface 
strain. Unlike previous published studies which looked at the micromotion values only, the 
interface strains were also examined in this thesis, because recent studies suggest that interface 
strain is a predictor of implant migration. Stem micromotion and interface strains were found to 
increase nonlinearly with the overall stiffness of the femur, which suggest that risk of fixation 
failure and implant migration increase with decrease of overall bone stiffness. This suggests that 
more predictive preclinical finite element analyses of new stem designs should be performed with 
multiple femurs, which span the range of the bone quality likely to be expected in vivo. 

The effect of varying the degree of interference-fit on stem stability and interface strains was 
examined. Interference-fit was found to reduce significantly the micromotions of the stem, but 
with a diminishing reduction of micromotions with further increase in the degree of interference-
fit. Strains at the interface bone and surface of the femur increase rapidly with increasing 
interference-fit, which increase the interface bone damage and risk of femoral fracture with 
decreasing benefit. The effect of bone creep on the residual stresses of bone induced by the 
interference-fit was also examined. The results suggest that it could be pointless to increase 
interference-fit beyond certain level as the creep will reduce the residual stresses to value similar 
to that of a lower degree of interference-fit. Stem stability was found to be influenced by the 
residual stresses of the femur, in particular the residual stresses generated within the cortex. Poorer 
quality bone was found to increase stem micromotion due to lower residual stress and poorer 
resistance to deformation. 

This thesis has shown that the inclusion of an interference-fit does significantly improve the 
initial stability of a hip stem. The contribution of the cortex is significant. In order to achieve the 
optimal stability, a compromise needs to be achieved between the reduction in micromotion as 
compared to the bone strain. 
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Preface 

Hip implants are mechanical devices designed to work in the body. Computational modelling 

of hip implants requires the knowledge of biological and mechanical behaviours of bone, and the 

loads at the hip joint. In Chapter 1, the biological and mechanical properties of bone are reviewed. 

The load at the hip joint and muscle forces acting on the femur were reviewed in Chapter 2. 

Chapter 3 reviews the state of the art of the cementless hip arthroplasty. The clinical performance, 

factors associated with implant failure and methods of preclinical assessment of cementless hip 

stems are reviewed. At the end of Chapter 3, the objectives of this thesis are described. 

Chapter 4 describs the model of the anatomical model of the implanted proximal femur. The 

robustness of the model was tested by performing convergence studies for different mesh densities 

and analysis parameters. Appropriate values were selected to be used in later chapters to ensure 

accuracy of the results. 

Chapter 5 examines the effect of bone quality on the stem micromotions and interface bone 

strains. In this chapter, the interference-fit at the bone-stem interface was not simulated. 

Chapter 6 examines the effect of different degree of interference-fit on the initial stem 

micromotions and strains of the femur. Bone was assumed to have linear elastic behaviour in 

Chapter 6. However, higher degree of interference-fit was found to induce high interface strain and 

plastic deformation of interface bone could occur in reality. As a result, the micromotions could 

have been underestimated. 

In Chapter 7, bone was assumed to have elastic-perfectly plastic behaviour to check if plastic 

behaviour of bone significantly affects the predicted micromotions and interface bone strains in 

Chapter 6. 

In Chapter 6, bone stresses are assumed to be unchanged by stress relaxation of bone. The 

residual stresses in the femur could be lower due to stress relaxation of bone. If the residual 

stresses in the femur is not maintained for a sufficiently long period of time, then the interference-

fit will be ineffective. The reduction of residual stresses may also affect the predicted 

micromotions and stresses of the femur. In Chapter 8, bone creep is simulated to examine the 

change of residual stresses of the femur induce by interference-fit with time. The effects of the 

change of residual stresses on micromotions are also examined. 

The overall findings of this thesis are discussed in Chapter 9 and the main conclusions are 

presented. In Chapter 10, recommendations for future improvements are made. 



Chapter 1 Bone biology and mechanical properties 

Chapter 1 Bone biology and mechanical 

properties 

1.1 Function of the skeletal system 

Bone is a complex organ that performs many functions [Cowin, 2001]. It provides a rigid 

framework on which muscles, tendons and ligaments can be attached and transmit forces to 

generate motion. During movement, muscular contraction transmits force from one part of the 

body to another part of the body through bone. In certain regions of the body, bones join together 

to perform a protective function such as the rib cage, pelvis and the skull. Within these bony 

enclosures, our vital organs like brain, heart and lungs are protected f rom physical force. Bones are 

a reservoir for bone marrow, which is essential for production of white and red blood cells. Bones 

are also a reservoir of ions, in particular calcium and contribute to regulation of extracellular fluid 

composition particularly calcium concentration. 

1.2 Anatomy of bone 

Bone can be divided into two types of bone [Cowin, 2001] - cortical (compact) bone and 

cancellous (porous) bone. Generally, cortical bone forms the outer shell of bone. Inside the cortical 

bone shell are the cancellous bone and bone marrow. 

A typical model of a long bone structure is shown in Figure 1.1 [Cowin, 2001]. Cortical bone 

generally forms the diaphyseal or shaft region of a long bone and acts to transmit load from one 

joint to another. It provides the bulk of the bone stiffness and strength. The two ends of a long 

bone are generally broader than the shaft and consist of epiphysis and metaphysis. Just under the 

articular surface is the epiphysis and is separated by the growth plate from the metaphysis. The 

inner volume of both epiphysis and metaphysis are made up of cancellous bone and the outer layer 

of cortical bone covers the cancellous bone. The articular surfaces at both ends of the bone are 

covered by a layer of cartilage. The periosteum is the membrane that covers the outer surface of 

the bone and endosteum covers the inner surfaces of the bone. The medullary cavity is the hollow 

cavity filled with marrow in the diaphyseal region of the femur. 
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Figure 1.1 Schematic diagram of the human tibia [Cowin, 2001]. 

The growth plate is the region where new bone is formed during growth in childhood. Fusion 

of growth plate occurs when growth stops in young adulthood. The periosteum consists of outer 

layer of fibrous connective tissue and an inner cellular layer of undifferentiated cells. The 

periosteum can form bone during growth and fracture healing. The endosteum is a membrane of 

bone surface cells (osteoblasts, osteoclasts and bone lining cells). 

Cortical Bone 

Cortical bone forms 80% of the human skeletal system [Cowin, 2001]. This is a dense bone 

with macroscopic channels. Cortical bone performs most of the protective and structural function 

of the skeletal system. The typical structure of adult human cortical bone is shown in Figure 1.2 

[Marieb, 1998]. In adult human bone, cortical bone is in the form of osteonal bone. 
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Figure 1.2 (a) Structure of cortical (b) Cross section of cortical bone showing osteon with its lacunae and 
canaliculi bone [Marieb, 1998]. 

Osteon, or Haversian system- This is the structural unit of cortical bone. An osteon is made 

up of concentric lamellae about 200-250 pm in diameter. It forms about two thirds of the cortical 

bone volume. Inside the concentric lamellae is the central canal through which runs blood vessel, 

lymphatic, nerves and loose connective tissue. The outer border of osteon is a layer of cement line 

about 1-2 |im thick, formed from mineralised matrix deficient of collagen fibres. The osteons are 

also inter-connected by transverse Volksmann canals. 

Circumferential lamellae - Several layers of lamellae extending uninterrupted around part 

or all of the circumference of the inner and outer surfaces of the shaft are known as circumferential 

lamellae. 

Interstitial lamellae - These are former osteons that have been partially resorbed. They are 

angular fragments that fill the gaps between fiinctional osteons. They formed about one third of the 

cortical bone volume. 



Chapter 1 Bone biology and mechanical properties 

Lacunae - These are cavities between lamellae within an osteon and are normally filled with 

osteocytes. 

Canaliculi - Small canals that connect lacunae together. Canaliculi that open to the 

extracellular fluid and bone surfaces form a network that allows transport of nutrients and 

metabolic products of the osteocytes. 

Osteocytes - These are the most abundant bone cells in mature bone. They performed the 

important functions of maintaining bone mineral, detecting microdamage to initiate bone repair 

and detecting strain distribution to determine if changes to bone structure are necessary for bone to 

perform effectively. 

1.2.2 Cancellous bone 

20 % of the human skeleton is made up of cancellous bone [Cowin, 2001]. This is a porous 

bone that is formed by a lattice of large plates and rods known as trabeculae. The rod trabecular 

and plate trabecular is shown in Figure 1.3. 

^Igt^ike fabjecular 

r 

r 

Figure 1.3 Cancellous bone. The rod and plate trabeculae can be clearly identified. 

The trabeculae of adult cancellous bone consists of hemiosteon or trabecular packets and 

interstitial lamellar bone (Figure 1.4) [Cowin, 2001]. Hemiosteons are shaped like crescents. Like 

cortical bone, mature hemiosteons and interstitial lamellae are formed from lamellar bone, not 

woven bone. Osteocytes occupy the lacunae and nutrients are carried to the osteocytes through the 

canaliculi. Bone turnover in cancellous bone is much faster than in cortical bone. The surface area 

per unit volume of cancellous bone is about eight times that of cortical bone. Cancellous bone is 

involved in ion regulation of the body [Cowin, 2001]. 
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Hemiosteon 
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Figure 1.4 A trabecular showing two crescent-liked hemiosteon at the top and bottom. The interstitial 
lamellae are sandwiched between the two hemiosteon. Cement line separates the hemiosteons and 

interstitial lamellae. [Cowin, 2001]. 

1.2.3 Bone composition 

Bone is made up of 65% minerals, 35% organic matrix, bone cells and water [Cowin, 2001]. 

The organic matrix is about 90% collagen fibres and about 10% noncollageneous proteins. The 

majority of the collagen fibres are type 1 collagen fibre. The function of the noncollageneous 

proteins is unknown. 

The bone mineral which is responsible for the hardness of bone is located within and between 

the collagen fibres in the form of small crystals. Bone mineral consists of impure hydroxyapatite, 

Caio(P04)6(OH)2. The impurities include carbonate, citrate, magnesium, fluoride and strontium 

incorporated into the crystal lattice or absorbed onto crystal surface. 

1.3 Functional adaptation of bone 

Bone develops and changes its architecture throughout the human life span. Bone adapts its 

architecture to its function and this is called functional adaptation [Hernandez et al, 2000; Cowin, 

2001]. Functional adaptation of bone is achieved through the process of modelling and 

remodelling. Adaptation of bone involved the deposition and/or resorption of bone as a result of 

activities of bone cells called osteoclasts and osteoblasts [Hernandez et al., 2000]. Osteoclasts are 

responsible for bone resorption while osteoblasts are responsible for bone formation [Cowin, 

2001]. Modelling of bone involves only osteoclastic activity when bone is resorbed and 

osteoblastic activity when bone formation occurs [Hernandez et al., 2000; Cowin, 2001]. 

Remodelling of bone on the other hand involves the combined activities of osteoclasts and 

osteoblasts and this is called the bone-remodelling unit (BMU) [Hernandez et al., 2000]. The 
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BMU resorbs bone and then deposits bone. The surface of trabecular bone and Haversian canals 

are where bone modelling and remodelling occur [Hernandez et al, 2000]. 

It is still not well understood what are the conditions that govern the adaptation of bone 

structure. Mathematical models of bone adaptation normally proposed that bone adapts to a certain 

equilibrium condition [Cowin and Hegedus, 1976; Beaupre et al, 1990; Weinans et al., 1993; 

Prendergast and Taylor, 1994]. The difference between the signal and the equilibrium condition 

drive the adaptation process. Cowin and Hegedus (1976) proposed that the difference between the 

actual strain and an equilibrium strain level is the adaptation stimulus. A higher value of strain will 

increase the apparent density of bone while a lower value of strain will reduce the apparent 

density. Other adaptation models based on other mechanical parameters like strain energy density 

[Weinans et al, 1993] and equivalent stress [Beaupre et al., 1990] have been proposed. 

Prendergast et al. (1994) moved away from stress/strain parameters and instead proposed that bone 

adaptation is controlled by a damage parameter. In this model, the damage parameter is the 

percentage fatigue life of the bone. The bone adapts to try to achieve the equilibrium repair rate 

that would give bone an equilibrium percentage of fatigue life. However, the continuous loss of 

bone as human ages does suggest that there may not be an equilibrium condition in bone 

adaptation. 

The adaptation models of Beaupre et al. (1990) and Weinans et al. (1993) included both 

external modelling and internal remodelling of bone. External modelling refers to the change of 

periosteal geometry while internal remodelling refers to the change of porosity of bone (thus 

density). The models assumed that any adaptation stimulus switch-on both the modelling and 

remodelling of bone. Weinans et al. (1993) also proposed that there is a zone near the equilibrium 

condition where bone adaptation is dormant, and also the density change of bone as a result of 

bone adaptation does not continue below or above certain density. However, it has not been clearly 

define what are the actual conditions in the body that lead to internal remodelling or external 

modelling. It has been proposed that bone resorption happens below 100 |LIS and modelling 

occurred above 1000 jj.s and in between is the dormant zone [Frost, 1997]. This contradicted the 

assumption of adaptation models that any adaptation stimulus causes bone modelling and 

remodelling regardless of the strain magnitude. 

Weinans et al. (1993) assumed that the stimulus to bone adaptation comes from a single 

simulated activity. Beaupre et al. (1990) assumed a daily stress stimulus, which is the summation 

of the adaptation stimulus from different daily activities. The stimulus signals in each bone 

location is based on the highest load in those particular activities f rom site specifics equilibrium 

conditions. Based on the assumption that bone adapts to highest loads. However, it has been 

reported that similar bone loading history that spans the strain range from 2 ps to 2000 \xz has been 

measured in different animals [Fritton et al., 2000]. Low strain loading was found to be more 
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frequent and distributed more evenly while the highest strain only occurs a few times a day and 

distributed less evenly. In turkey ulnae, events on the order of few microstrains occurred a few 

thousands times a day while events on the order of 100 ps occurred about 100 times a day. This 

seems to contradict the proposal of Frost (1997), which in this situation should predict lost of bone 

mass rather than maintenance of bone mass. The respective role of low and high strain event in 

bone adaptation is therefore still a debate. Therefore, what should constitute a representative daily 

adaptation stimulus is still not very clear. The direct measurement of strain, strain energy or 

equivalent strain energy in comparison to an adaptation model has not been achieved. Therefore, it 

is not possible to say if bone adapts only to the highest load. 

The positive effect of bone adaptation is that bone is able to adapt to its function even after 

formation of bone architecture in childhood [Cowin, 2001]. If the load is high enough to stimulate 

modelling of bone, modulation of bone architecture and mass can occur. Removal of 

microdamage, replacement of dead and hypermineralised bone can be achieved through bone 

remodelling to ensure bone integrity [Carter, 2000; Cowin, 2001]. On the negative side, excessive 

bone remodelling can perforate and remove trabeculae leading to weaker cancellous bone. 

Similarly, remodelling can increases cortical bone porosity and decreases cortical width, with the 

same effect of reducing cortical bone strength. 

1.4 Mechanical properties of bone 

1.4.1 Elastic modulus, yield and ultimate stress and strain of bone 

1.4.1.1 Cortical bone 

Cortical bone behaves like a viscoelastic material. Several investigators have noticed that the 

Young's modulus and ultimate strength of cortical bone have higher values if higher strain rates 

are applied [Burstein and Frankel, 1968; Currey, 1975; Carter and Hayes, 1976; Carter, 1977]. 

This means that cortical bone is stiffer and stronger when more vigorous activities are being 

performed. The ultimate strength and Young's modulus has been reported to be proportional to the 

strain rate raised to the power of 0.06 [Carter, 1977]. Physiologically, strain rates of 0.002s"' and 

0.01s"' during walking and running have been measured in vivo [Lanyon et al., 1975]. 

The Young's modulus in both compression and tension is similar and have higher values 

along the principal direction of the osteon than the radial and circumferential directions (since 

most test were conducted with specimen from the shaft of long bone, with specimens taken from 

the shaft wall) [Reilly and Burstein, 1975; Ashman et al., 1984; Lotz et al., 1991], as shown in 

Table 1.1. Reilly and Burstein (1975) reported that the Young's modulus of bovine cortical bone 

specimen in the radial and circumferential directions of the bone was isotropic, and lower than in 

the principal osteon direction. Ashman et al. (1984) measured the Young's modulus of human 
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cortical bone using ultrasound and reported values of 12 and 13.4 GPa in the circumferential and 

radial direction respectively. In the axial direction, the Young's modulus was 20 GPa. The 

similarity of the radial and circumferential Young's moduli measured by Ashman et al. (1984) 

support the finding that cortical bone is transversely isotropic. The ratio of transverse to axial 

Young's modulus is about 0.6 to 0.67 at the femoral shaft [Reilly and Burstein, 1975; Ashman et 

al, 1984]. The anisotropy of cortical bone could also be location dependent. Lotz et al. (1991) 

reported that the diaphyseal femur has a ratio of transverse to principal Young's modulus of 0.472 

and this showed greater anisotropy than the metaphyseal cortical bone with ratio of 0.56. 

As shown in Table 1.1, the range of cortical bone's apparent Young's modulus in the 

principal orientation of the osteons in the diaphyseal femur and tibia is between 10 and 20 GPa 

[Reilly and Burstein, 1975; Carter et al., 1981b; Ashman et al, 1984; Lotz et al., 1991; McCalden 

et al., 1993; Rho et al., 1993; Courtney et al., 1996; Zioupos and Currey, 1998]. The Young's 

modulus could also be a function of location. In comparison to the measured values in the 

diaphyseal femur of 12.5 GPa, a lower value of about 9.6 GPa has been reported for the 

metaphyseal femur and this could be due to lower density as well as different architecture [Lotz et 

al., 1991]. In the transverse direction, values between 5 and 13 GPa has been reported [Reilly and 

Burstein, 1975; Ashman et al., 1984; Lotz et al., 1991]. 

The ultimate strength of cortical bone is greater in compression than in tension in the 

principal direction of the osteon as shown in Table 1.1. The shear strength is less than both the 

compressive and tensile strength. The ratio of compression; tension: shear is about 3:2:1 [Reilly 

and Burstein, 1975; Cezayirlioglu et al., 1985]. The ratio of ultimate tensile strength in the 

principal osteon orientation to the transverse orientation is about 2:1 [Reilly and Burstein, 1975; 

Lotz et al., 1991]. The ultimate compressive strength is about 200 MPa in the principal osteon 

orientation and 133 MPa in the transverse direction [Reilly and Burstein, 1975; Cezayirlioglu et 

al., 1985]. The ultimate tensile strength of cortical bone is in the range of 85 and 154 MPa in the 

principal osteon direction [Reilly and Burstein, 1975; Cezayirlioglu et al., 1985; McCalden et al., 

1993] and about 50 MPa in the transverse direction [Reilly and Burstein, 1975; Lotz et al., 1991]. 

Lotz et al. (1991) reported 28% higher ultimate tensile strength in the principal osteon direction in 

diaphyseal region in comparison to the metaphyseal region. The ultimate tensile strength is similar 

in the transverse direction in both regions. The observed differences in the principal direction and 

similarity in the transverse direction could be due to the differences in cortical bone architecture 

observed in both regions. 

The ultimate tensile strain is about 4 times higher in the principal osteon orientation than in 

the transverse orientation of cortical bone [Reilly and Burstein, 1975], as shown in Table 1.1. The 

big difference between the principal and transverse direction is caused by stress concentration in 

the Haversian canal during transverse tensile test. Ultimate tensile strain is therefore anisotropic in 

cortical bone. The same study reported that the ultimate compressive strain in the principal 
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orientation is 1.5 times smaller than the transverse orientation, but the measurement is less certain. 

The stress-strain curve of cortical bone in a uniaxial test is shown in Figure 1.5. The tensile curve 

will stress harden until fracture occurs and the point of ultimate tensile strength is measured here. 

The compression curve will reach the highest stress and the curve will continue on horizontal 

deflection due to compaction of the fracture pieces. Reilly and Burstein (1975) measured the 

ultimate compressive strain at the point of highest stress. However, Reilly and Burstein (1975) 

suggested that impaction of fragments in compressive test made the measurement of compressive 

failure strain inaccurate and therefore the big differences between the transverse and principal 

tensile ultimate strain is not shown in the compression test. Cezayirlioglu et al. (1985) reported 

that the compressive and tensile ultimate strain in the principal direction is similar. The ultimate 

tensile strain is similar to Reilly and Burstein (1975)'s, but the ultimate compressive strain is 

higher. Yield strain from tensile test is generally smaller than 0.01 [Carter et al., 1980; Courtney et 

al., 1996] and this is much smaller than ultimate tensile strain of about 0.03 [Reilly and Burstein, 

1975; Cezayirlioglu et al., 1985]. 

SU ŝs 
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X 

Figure 1.5 Typical linear elastic stress-strain behaviour of cortical bone. Bottom curve is the compressive 
behaviour of bone and top curve is the tensile behaviour of bone under static loading. [Reilly and 

Burstein, 1975]. 

Comparison between different values reported in the literature is quite difficult due to 

different test methods and procedures. For instance, Lotz et al. (1991) measured the properties of 

bone using 3 point bending test and reported 26% lower values for the Young's modulus of the 

diaphyseal femur in comparison to Reilly and Burstein (1975)'s value. In order to calculate the 

Young's modulus from 3 point bending test, Lotz et al. (1991) assumed the value of the poisson's 

ratio and measured the cross-sectional moment of inertia of the test specimen. Since the test 

specimens are thin (0.18-0.4 mm thickness), the Haversian canal can introduce up to 50% error 

and affects the calculated Young's modulus. Various studies have also used different strain rates 

during loading. For example, McCalden et al. (1993) used a loading rate of 0.03 ss"' and Courtney 

et al. (1996) used a loading rate of 0.001 ss"'. According to Carter (1977)'s relationship that 
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Young's modulus is proportional to strain rate raised to the power of 0.06, the differences in 

Young's modulus due to the different loading strain rate could be about 22%. 

10 



Author Location and method of Modulus (Gpa) Ultimate compressive Ultimate tensile strength Ultimate conpressive Ultimate tensile strain Otha- reported data 
measurement Mean ± SD strength (Mpa) (Mpa) strain (Mpa) 

Otha- reported data 

Or Range Mean + SD Mean ± SD Mean ± SD Mean + SD 
Or Range Or Range Or Range QrRat®e 

Reilly and Burstein, Femur E„ = 17 i crii = 193 ' 011 = 133 Gull = 0.018 1 Bull = 0.031 ±0.0072 USS = 68 Mpa 
1975 Uniaxial test E22=11.5 CT22=133 022 = 5 1 Eu22 = 0.028 1 Eu22 = 0.007 ± 0.0014 

USS = 68 Mpa 

G = 3.28 ! i 
Eu22 = 0.007 ± 0.0014 

Carter era/., 1981b Femur Ell = 17.5 ± 1 . 9 i 011 = 140 ± 12 j 0yii = 129 + 1 1 MPa 
Uniaxial test Eytii = 0.0068 ± 0.0004 

Ashman et at, 1984 Femur Ell = 20 
Ultrasound £22=13.4 

E 3 3 = 1 2 

Cezayirlioglu et al. Tibia (VII decade) 192±6.9 154+8.7 Emi = 0.027+ 0.0059 6.11 = 0.03 ±0.0086 USS = 66 8 ±5 .5 Mpa 
1985 Uniaxial test 

USS = 66 8 ±5 .5 Mpa 

Lotz et al., 1991 Femur Diaphyseal Diaphyseal : 

3 point bending test Eii = 12.5±2.1 011 = 128 ± 16 
£22 = 5 . 9 + 1 . 5 022 = 47 ± 1 2 
Metaphyseal Metaphyseal 
Ell = 9.6 ± 2 . 4 011 = 101 ± 25 
£22 = 5.5 ± 1 . 7 022 = 50 ± 25 i 

• McCalden et al., 199j Femur shaft 10 < Ell < 2 1 85 <011 <122 0.016 < e „ i i < 0.036 1~ 
Uniaxial test 

Rho et al., 1993 Tibia 
Uniaxial test Ell =20.7 ± 1 . 9 

i 

Ultrasound Ei i= 18.6+ 3.5 

t Courtney e( a/., 1996 Femur Ell = 15.69 ± 1.66 Ey.11 = 0.00378 ± 0.00066 
' Tensile test 0yin = 55.3+8.6 MPa 

Jepsen and Davy, i Femur G = 5.0 ± 0.2 Ey = 0 .013+0.001 
1997 ^ Torsion test E„ = 0.052 + 0.009 

(Ty = 55.8+3.8 MPa 

USS = 74 .1+3.2 MPa 
Zioupos and Currey, Femur shaft I K Ell < 1 7 . 5 MPa 
1998 3 point bending test 

0 
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1 

OD O 3 (D 
D" 
o' 
g 

E - Young's modulus, G - Shear modulus, USS - Ultimate shear strength, o - ultimate compressive or tensile strength, Sy, - tensile yield strain, e, - ultimate strain, Oy, - tensile yield stress, Subscripts u - in the direction of 
long axis bone, 2i~ in the radial direction or transverse to long axis of bone in no circumferential data is specified, 33 - in the circumferential direction 
* - Strain value from the 52 year male donor only. 

Table 1.1 Mechanical properties of cortical bone. 
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Chapter 1 Bone biology and mechanical properties 

1.4.1.2 Cancellous bone 

The mechanical properties of cancellous bone can be treated at the apparent level or at the 

trabecular level. In most cancellous bone tests, the specimen consists of a block or a cylinder 

(some are waisted over the gauge attachment). Tests at this level treats cancellous bone at the 

apparent level, which assumes that cancellous bone is a continuum material and measures the 

properties at the specimen level. At the tissue level, the test specimen is the trabecular itself At the 

apparent level, cancellous bone has lower Young's modulus (less than 3.2 GPa in Table 1.2) than 

cortical bone, which corresponds to the lower apparent density of cancellous bone range from 0.05 

gcm"^ to 0.8 gcm"^ [Ashman, 1989; Keller, 1994] in comparison to maximum apparent density of 

cortical bone of about 1.9 gcm"^ [Lotz et al, 1991]. At tissue level, the Young's modulus of 

trabeculae are in the order of cortical bone, although consistently smaller [Ashman et al., 1984; 

Ashman and Rho, 1988; Turner et al., 1999]. Using ultrasonic wave technique. Ashman and Rho 

(1988) reported that trabecular bone has a modulus about 7 GPa less than cortical bone [Ashman et 

al, 1984]. Turner et al. (1999) reported smaller difference of 3 GPa using ultrasonic wave 

technique and 5 GPa using nanoindentation technique. The bone mineral content and material 

density of trabeculae are less than cortical bone and this is likely to be the reason of lower Young's 

modulus of trabecular bone [Ashman and Rho, 1988]. For most analytical purposes, cancellous 

bone is treated at the apparent level, and the discussion in this section is confined to mechanical 

properties of cancellous bone at the apparent level. 

The stress-strain curve of cancellous bone is shown in (Figure 1.6). It is generally agreed that 

cancellous bone is linear-elastic with similar tensile and compressive Young's moduli [Rohl et al., 

1991; Keaveny et al., 1994b]. However, the post-yield behaviour is different in tension and 

compression. In tension, trabeculae in cancellous bone break and a gap open between them. The 

load bearing ability stops abruptly just after ultimate strength (Figure 1.6a). In compression, there 

is a linear elastic region, a plateau region after the ultimate stress and followed by a region of 

increasing stress until fracture occurs (Figure 1.6b). In compression, the long plateau is caused by 

elastic buckling or plastic yield, depending on whether the yield region has rod or plate trabeculae 

respectively [Gibson, 1985]. When the trabeculae walls come together and are touching each other 

after the plateau region, there is a sharp increase in stress due to compaction until complete failure 

has occurred [Gibson, 1985]. 
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Stress CM Pa) 

4 

/ 
Tension 

0 0.2 0 .4 0.6 0.8 1.0 

Strain (%) 

a 

Stress (MPa) 

Apparent density 0.4 g/cm*3 

20 40 60 

Strain (%) 

Figure 1.6 Stress-strain curve of cancellous bone [Wachtel and Keaveny, 1997]. The initial part of the curve 
is linear elastic in compression and tension. 

Author Location and Compressive Tensile apparent Shear Modulus, MPa Yield stress ± SD 
method of apparent elastic elastic modulus. + SD 
measurement modulus, MPa MPa 

± S D ± S D 

Goldstein e( Proximal tibia 31 ± 1 8 < E ] < 3 3 6 ± 
oA,1983 Compression test Mi -

Martens et al. Proximal femur Femoral head Femoral head 
1983 Uniaxial E, = 900±710 CTI = 9.3 ± 4.5 

compression E2 = 811 ± 604 02= 10.2 ±3.3 
E3 = 403+ 66 03 = 4.9 ±1.27 

Femoral neck Femoral neck 
EL = 616 ± 707 - - AI = 6.6 + 6.3 

£2= 174 + 84 CT2 = 2 .8± 1.3 
E3 = 63 ± 7 CJ3 = 0.965 ± 0.33 
Intertrochanteric Intertrochanteric 
E, = 263 + 170 CJI = 3.6 ± 2.3 

£2 = 317 ±293 CT2 = 3 .7± 1.5 
E3 = 12 + 6 

Ashman and Human femur 
Rho, 1988 Ultrasonic 

technique 
Femur 1 EL = 959 
Femur 2 EL = 1780 
Femur 3 EL = 2170 

Ashman, 1989 Human tibia EL = 346.8+ 218 GI2= 8.3 ± 66.4 
Ultrasonic E2 = 457.2 ±282 GI3= 32.6 ±78.1 
technique E3 = 1107.1 ±634 G23 =262,4 ± 135 

Rohl et al, Human tibia 
1991 Uniaxial EL = 4 8 5 ±333 -

compression 
Uniaxial tension E: = 483 ±323 

Daistra et al., Human pelvis EL = 61.6 ±48.2 
1993 Uniaxial test E2 = 42.4 ±29.1 

E3 = 31,0± 22.5 

Goulet et al. Various bones EL = 173 ±204 01 = 3.31 ±3.14 
1994 Orthogonal E 2 = 1 2 3 ± 1 2 0 A; = 2.58 ±2.19 

compression test E3 = 287 ± 255 - 03 = 4.63 ± 3.48 

Morgan and Axial test EL = 344 ± 148 EL = 349 ±133 
Keaveny, Vertebra E, = 1091 ±634 EL = 1068 ± 840 
2001 Proximal tibia EL = 622 ± 302 EL = 597 ± 3 3 0 - -

Greater trochanter E| = 3230 ±936 EL = 2700 ± 772 
Femoral neck 

E - Young's modulus, Gij - shear modulus corresponding to shear forces in the i direction with displacements in the j direction, a -
yield stress, SD - Standard deviation. Subscripts - i = Anterior-posterior direction, 2 = Medial-lateral direction, 3 = Superior-inferior 
direction 

Table 1.2 Mechanical properties of human cancellous bone. 
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Because the values are apparent Young's modulus, the apparent density of the cancellous 

bone specimen significantly influenced the values of apparent Young's modulus. Therefore, there 

is wide range of Young's moduli for cancellous bone depending on the location where the 

cancellous bone is taken and also the direction of load. Values ranging from as low as 12 MPa 

[Martens et al, 1983] and as high as 3200 MPa [Morgan and Keaveny, 2001] have been reported. 

The range of values is summarized in Table 1.2. There are studies that showed that 60% of 

Young's modulus of cancellous bone can be explained by apparent density alone [Keaveny and 

Hayes, 1993] while accounts for structural properties of cancellous bones can explain about 90% 

of the measured Young's modulus [Goulet et al., 1994]. 

Unlike cortical bone, cancellous bone exhibits a range of behaviour from isotropy to 

anisotropic [Martens et al., 1983; Ashman, 1989; Dalstra et al., 1993; Goulet et al., 1994]. In 

weight bearing regions, principal Young's modulus is oriented in the major orientation of 

trabeculae and in the loading direction [Martens et al., 1983; Ashman, 1989; Goulet et al., 1994]. 

However, in nonweight bearing areas like the acetabulum, some regions have been reported to be 

isotropic [Dalstra et al., 1993]. Certain regions like the femoral neck [Martens et al., 1983] and 

proximal tibia [Ashman, 1989] that are uniaxially loaded has anisotropy ratio of about 3 or more 

while other regions like pelvis which have no direct weight bearing has lower anisotropy ratio of 

about 2 [Dalstra et al., 1993]. 

Similar to apparent Young's modulus, the ultimate strength of cancellous bone is dependent 

on apparent density. Some studies have reported that ultimate strength is proportional to the square 

of apparent density [Carter and Hayes, 1977; Rice et al., 1988]. There are contradicting results 

regarding the relative tensile and compressive ultimate strength of cancellous bone. Some studies 

have reported that compressive ultimate strength is greater than [Stone et al., 1983; Kaplan et al, 

1985; Keaveny et al., 1994a], equal to [Carter et al., 1980] or less than [Rohl et al., 1991] tensile 

strength. In comparison to previous studies, Keaveny et al. (1994a) attempt to reduce the 

measurement error by using waisted specimens to produce a region of uniform stress. This study 

reported that tensile ultimate strength is 30% lower than compressive ultimate strength, and this is 

similar to Kaplan's et al. (1985) result but less than the 60% reduction reported by Stone et al. 

(1983). However, in Stone's et al. (1983) study, the tensile strength was extrapolated from a 

failure criterion. 

Early investigators reported cancellous bone strength in terms of the yield or ultimate stress, 

but recent evidence indicates that strain-based descriptions may be simpler and more useful. Both 

the yield and ultimate strain of cancellous bone has been reported to be independent of the 

apparent density [Turner, 1989; Rohl et al., 1991; Keaveny et ah, 1994a]. Keaveny et al. (1994a) 

reported that both the yield and ultimate compressive strain is 30% higher than the yield and 

ultimate tensile strain (Table 1.3). In contrast, Rohl et al. (1991) reported 28% higher ultimate 
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tensile strain than compressive strain. Kopperdahl and Keaveny (1998) reported 8% higher tensile 

ultimate strain than compressive strain. Rohl's et al. (1991) study has excluded some tensile 

specimens due to fracture out of the gauge length and this may have biased the result towards tests 

with higher failure strain. However, both Kopperdahl and Keaveny (1998) and Keaveny et al. 

(1994a) used the same test protocol, but the former used human bone while the latter used bovine 

bone. It is possible that bovine cancellous bone with more plate-like trabeculae will have higher 

ultimate compressive strain due to stronger resistance against buckling than human bone with 

lower density and less plate-like trabeculae than bovine cancellous bone. 

Reference Bone type 

Compression 

Lindahl, 1976 Human vertebral 

Human proximal tibia 

Hansson et al, 1987 Human vertebral body 

Rohle?a/., 1991 Human proximal tibia 

Keaveny e? a/., 1994a Bovine 
Proximal tibia 

Kopperdahl and Human vertebral body 
Ke^eny , 1998 
Keaveny et al. ,1999 Human vertebral body 
Morgan and Keaveny, Human vertebral body 
2001 

trochanter 
Human femur: 
Neck 

Tension 

Rohl et al. ,1991 Human proximal tibia 

Keaveny a/., 1994a Bovine 
_ _ Proximal tibia 

Kopperdahl and Human vertebral body 
Keaveny, 1998 
Morgan and Keaveny, Human vertebral body 
2001 

trochanter 
Human femur: 
neck 

Number Strain, % + SD Stress, Mpa ± SD 
Yield Ultimate Yield 

32 6.1 ±2 .3 9.0 ± 4 . 5 
32 6.9 ±4 .5 11.6jM.2 
23^ &0 ± z i 7.4 ± 2 . 4 ^ ' 
15 1.11 ± 0 ^ 3 

30 1.09 + 0.49 1.86 ±0 .49 

22 0.81 ±0.06 1.45 + 0.3 

i"28i^0.29 

30 0.77 ± 0.06 2.02 + 0.92 

15 0.73 ± 0.06 5.83 + 3.42 

10 0.70 ± 0.05 3.21 ±1.83 

14 0.85 ±0 .1 17.45 ±6.15 

15 1.55 ± 0.49 

29 0.78 + 0.04 1.37 ±0 .33 

22 0.78 ± 0.04 1.59 ±0 .33 

31 
0.70 + 0.05 1.72 + 0.64 

16 0.65 ± 0.05 4.5 ±3.14 

13 0.61 ±0.05 2 .44+1.26 

13 0.61 ±0 .03 10.93 ±3.08 

SD - standard deviation 

Table 1.3 Summary of cancellous bone yield strain and stress reported in the literature. 

However, Kopperdahl and Keaveny (1998) suggests that tensile yield strain is independent of 

the apparent density but the compressive yield strain is not. The difference can be explained by the 

different failure mechanisms observed in tension and compression. The compressive yield strain 

was found to be linearly correlated to lower density cancellous bone, but independent of density 

for high density cancellous bone. At lower densities, the ratio of length over thickness of 

trabeculae should be higher for lower density cancellous bone and therefore it is more likely to fail 

by buckling, and therefore a decrease in density resulting in a decrease of the yield strain [Gibson, 

1985]. For higher densities, trabeculae are plate like, the ratio of trabeculae length over thickness 

is lower and buckling effect become less significant [Gibson, 1985]. The yield strain is therefore 

constant. For cancellous bone loaded in tension, buckling cannot occur, and therefore the tensile 
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yield strain is independent of density. The different conclusion reached by Kopperdahl and 

Keaveny (1998) is due to the inclusion of specimens with greater range of density in comparison 

to Keaveny et al. (1994a). 

Although yield or ultimate strength of cancellous bone is anisotropic [Martens et al., 1983; 

Goulet et al., 1994], the yield strain bone has been reported to be independent of direction [Chang 

et al, 1999]. This study compared the yield strain along the principal direction of trabeculac and at 

an oblique angle (30-40°) using bovine bone. The measured yield strain was found to be 

independent of direction. The yield strain in compression is 15% higher than in tension, lower than 

the 30% reported in other studies but have the similar trend [Keaveny et al., 1994a; Kopperdahl 

and Keaveny, 1998]. 

In contrast to previous studies on effect of apparent density on yield strain, Morgan et al. 

(2001) studied the dependence of yield strain on anatomical sites. Cancellous bone samples from 

the vertebral, the proximal tibia, the greater trochanter and the femoral neck were tested with an 

apparent density of cancellous bone range between 0.09 and 0.75 gcm"^. Yield strain was found to 

be dependent on anatomical location, with maximum difference of about 20% in compression and 

12% in tension (Table 1.3). The bigger difference of compressive yield strain could be due to 

about 2 times higher density in the femoral neck in comparison to other locations and compressive 

yield strain has been shown to increase with density [Kopperdahl and Keaveny, 1998]. However, 

within one site, the difference in yield strain is only between 5 and 12 % and therefore can be 

considered as uniform [Morgan and Keaveny, 2001]. Due to the isotropy of yield strain, and small 

differences of yield strain within an anatomical location, it is easier to judge the severity of loading 

in bone by looking at the strain, rather than stress. 

The yield strain and ultimate strain values reported in the literature for cancellous bone are 

summarized in Table 1.3. The yield and ultimate strains values measured in some studies [Lindahl, 

1976; Hansson et al, 1987] are very high in comparison to other studies [Keaveny et al., 1994a; 

Kopperdahl and Keaveny, 1998; Morgan and Keaveny, 2001]. The former tested the bone 

specimens between platens and strains are based on relative motion of the platens. This test 

method can cause artifactual errors due to damage at the specimen ends and friction at the 

specimen-platens interface [Keaveny et al., 1994b]. It is suggested that the high failure strain 

exceeding 6 % reported in these studies may have too much experimental error to provide reliable 

failure strain data [Kopperdahl and Keaveny, 1998]. Studies that used waisted specimens 

[Keaveny et al., 1994a; Kopperdahl and Keaveny, 1998; Morgan and Keaveny, 2001] removed the 

artifactual errors associated with platen test and generally measured yield strain of about 0.6 and 

0.8% and ultimate strain of about 1.3 and 1.8%. 
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1.4.1.3 Damage to bone under repetitive loading 

The Young's modulus, yield and ultimate stress of both cortical and cancellous bone are not 

constant under repetitive loading. Small, but consistent reductions in the elastic modulus of 

cancellous bone have been measured in specimens loaded to between 0.3 and 0.5 % strain 

[Keaveny et al., 1994b; Keaveny et al, 1999]. Keaveny et al. (1994b) suggested that this was 

caused by small cracks that developed in the bone. The reduction of modulus and strength of 

cortical and cancellous bone are also observed in reloading after loading beyond the yield limit in 

the first cycle (Figure 1.7) [Courtney et al., 1996; Keaveny et al, 1999]. Keaveny et al. (1999) 

reported that modulus and strength degradation is greater if the first cycle applied higher strain 

deformation. 

Courtney et al. (1996) reported that significantly more cracks were observed in specimens 

from elderly people, but did not see significant changes among specimens from younger people, 

although the reduction in modulus was similar for both ages group. It is possible that the damage 

in the younger group had not developed as a visible crack as yet. Greater number of cracks can 

also be observed in cancellous bone that has been overloaded [Wachtel and Keaveny, 1997]. 

C. 60 
Z 

0.4 0,6 0.8 

Strain (%) 

Figure 1.7 Typical load-unload-load stress-strain curve of (a) Straight line is the Young's modulus of 
cortical bone [Courtney et al., 1996]. The first slope is steeper than the second slope, which shows 

degradation of Young's modulus due to damage in cortical bone after it is loaded beyond yield 
limit, (b) Cancellous bone loaded beyond yield limit in the first load cycle [Keaveny et al., 1999]. 

The second stress-strain line is more compliant than the first due to degradation of cancellous bone 
structure. 

1.4.1.4 Density-Young's modulus relationship 

Many researchers have relates the apparent Young's modulus of bone to its apparent density 

in the form 

Equation 1.1 E — A+Bp"^ 

Where E is the elastic modulus, p is the apparent density and c is the exponent. The value of c 

is still debated. 
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One of the most widely quoted relationships is by Carter and Hayes (1977). Carter and Hayes 

(1977) reported that compressive elastic modulus of bone is proportional to the cube of apparent 

density, in a study of human and bovine cancellous bone (Table 1.4). They assumed that the 

structure and material properties of human and bovine cancellous bone were similar and can be 

predicted by one equation. They also suggested that elastic modulus of cortical bone can be 

extrapolated from the results of experimental testing on cancellous bone, which implied that 

cancellous bone and cortical bone are similar engineering materials. 

Rice et al. (1988) compared a quadratic exponent to a cubic exponent and proposed that the 

quadratic exponent explains the elastic modulus better (Table 1.4). The equation based on 

quadratic exponent explains the variance of elastic modulus slightly better than the cubic exponent 

(78% vs. 74% respectively). Rice et al. (1988) contradicted Carter and Hayes (1977) by suggesting 

that extrapolating elastic modulus of cortical bone from cancellous bone data will result in 

underestimation of the elastic modulus. Both studies did not consider exponent that is not an 

integer. 

Authors 

Carter, 1977 

Keller, 1994 

Rice et al., 1988 

Anatomical Bone Type Test method 
location 
Human proximal Cancellous bone Uniaxial 
tibia and bovine compression 
femoral condyles test 
Human spine and Cortical and Uniaxial 
femur cancellous bone compression 

(density = 0.05- test 
1.89 g/cm^) 

Pooled data of Bovine Regression 
bone tests cancellous bone analysis 

Power law 

E = 3790s-

E = 2.61p 2j8 

'E = 0.07+2.46p^ 
"5 = 0.07+3.29p^ 

' property under tensile loading 
'property under compressive loading 

Table 1.4 Density-Young's modulus relationship for cortical and cancellous bone. 

Other studies have reported that the exponent is not necessary an integer [Keller, 1994]. 

Keller (1994) regression analysis did not assume any integer exponent and reported an equation 

with exponent of 2.58 (Table 1.4). This equation explained 93% of the variance of elastic modulus 

in the apparent density range of 0.05 to 1.89 gcm"^, and suggests that there is no strong reason for 

the exponent to take an integer value. 

The values predicted by Keller (1994) are compared to the values predicted by Carter and 

Hayes (1977) and Rice et al. (1988) (Figure 1.8) using data from Table 1.4. For Carter and Hayes 

(1977)'s equation, the physiological strain rate of 0.01 s"' was used [Lanyon et al., 1975]. The 

values predicted by these three studies are quite similar in the apparent density range smaller than 

1 gcm"^. At this point, the three curves diverged with Carter and Hayes (1977) predicting the 

highest bone elastic moduli for apparent density range greater than 1 gcm"^. For the generally 

agreed highest apparent density of about 1.9 for cortical bone [Lotz et al., 1991], the generally 
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agreed maximum elastic modulus is in the range of 20 GPa [Ashman et al, 1984; Rho et al, 

1993]. Carter and Hayes (1977)'s prediction is about 20 GPa while Keller (1994) predicted 16 

GPa, which is a bit lower than the generally accepted maximum elastic modulus of cortical bone. 

It is felt that the relationship used to predict the elastic modulus f rom apparent density should be 

comparable to experimental values reported in the literature. In this thesis, the cubic equation from 

Carter and Hayes (1977) is used as the prediction of cancellous bone property is similar to the 

other two studies but the maximum cortical bone elastic modulus is better predicted by the cubic 

equation. 

25000 

20000 

& 15000 

^ 10000 

5000 

- Carter and Hayes, 
1977 

^ Rice etal., 1993 

Keller, 1994 

0.5 1 1.5 2 2.5 

Apparent density, g/cm'^3 

Figure 1.8 Elastic modulus predicted by three different studies [Carter, 1977; Rice et al., 1988; Keller, 
1994]. 

1.4.2 Creep deformation of bone 

Both cancellous and cortical bone exhibit the three classical stages of creep [Fondrk el al., 

1988; Caler and Carter, 1989; Rimnac et al., 1993; Bowman et al, 1994; Bowman et al., 1998] 

shown in Figure 1.9. The initial fast creep phase that slows down with time (primary) is followed 

by a long steady state creep phase (secondary), and the increasingly faster creep phase that leads to 

failure in the tertiary stage. Tensile creep testing of cortical bone [Fondrk et al., 1988; Rimnac et 

al., 1993] and compressive creep testing of cancellous bone [Bowman et al., 1998] has shown that 

the creep strain rate during the second phase of both types of bone can be described by a power 

law relationship. If creep strain rate is a function of stress in the power law relationship, lower 

correlation has been reported [Fondrk et al., 1988; Rimnac et al., 1993]. Stronger correlation was 

reported if creep strain rate is a function of applied normalized stress (ratio of stress over elastic 

modulus) for tests using bovine cancellous bone [Bowman et al., 1998]. The normalized stress is 

also equal to the strain in the linear elastic region of bone stress-strain curve and this suggests that 

bone creep is correlated to initial strain. Time to failure has also been used to study the creep of 

both cortical and cancellous bone. This parameter is also highly correlated to normalized stress 
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[Caler and Carter, 1989; Mauch et al, 1992; Bowman et al., 1994; Bowman et al, 1998; Brown et 

a^ ,2002^ 

Creep of cortical bone has been explained by both microstructural and ultrastructural creep 

mechanism. The microstructural creep mechanisms proposed for cortical bone include cracks 

within individual lamellar, delamination or shear of lamellae within the osteon and the shear 

between osteon and the surrounding interstitial bone [Lakes and Saha, 1979; Park and Lakes, 

1986; Caler and Carter, 1989; Brown et al., 2002]. In tensile creep, osteon pullout, separation 

between lamellae and stretched individual lamellae has been observed [Caler and Carter, 1989]. In 

compressive creep, individual lamellae have been drawn out and folded over [Caler and Carter, 

1989]. During torsional creep test, cement line slippage occurred [Park and Lakes, 1986]. 

However, cement line slippage cannot explain a large portion of the observed creep strains, which 

suggest that ultrastructural mechanism is also involved in bone creep. The proposed ultrastructural 

creep mechanism includes dislocation generation or dislocation interaction of hydroxyapatite 

crystal [Rimnac et al., 1993] and shear between collagen fibrils or separation of hydroxyapatite 

crystals and the collagen matrix [Fondrk et al., 1988]. Fondrk et al. (1988) observed that since 

ratio of creep strain to permanent strain is highly correlated, this consistency in creep is more 

likely to be explain by ultrastructural mechanism than microstructural mechanism. 

g 3 

2 
00 

Ter t i a ry 

Secondary . 

- P r i m a r y 

10 

T i m e (sec x 10 ) 

Figure 1.9 Three creep stages of bone - primary, secondary and tertiary. Both cancellous and cortical bones 
exhibit this behaviour [Bowman et al., 1994]. 

Rimnac et al. (1993)'s suggestion that creep is caused by process involving hydroxyapatite 

crystal has been disputed by other investigators [Bowman et al., 1999]. Bowman et al. (1999) 

suggest that the creep of bone (cortical and cancellous bone) involved the collagen fibre matrix. 

They dissolved the mineral phase of hydroxyapatite from bovine cortical bone to leave their 

specimen with only collagen fibre matrix. The creep test performed on the demineralised bone 

showed similar three stages creep and exponent in the power law relationship as the cortical and 

cancellous bone. They suggested that since collagen fibre denaturalised at about 56°C, at body 

temperature of 37°C, the homologous temperature T/Tmeit is about 0.94 and it is highly likely to 
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creep. In comparison, hydroxyapatite which formed the other phase of bone at 37C is at a 

homologous temperature T/Tmeit - 0 . 1 7 . For a crystalline material, creep is unlikely to occur at this 

low homologous temperature. 

1.4.3 Fatigue behaviour of bone 

Repetitive loading of cortical and cancellous bone has been shown to fracture bone at stress 

below the ultimate strength [Carter et al, 1981b; Carter and Caler, 1983; Bowman et al, 1998]. 

Uniaxial fatigue test on human cortical bone (tension-compression) has found that human cortical 

bone has low fatigue strength [Carter et al., 1981b]. The fatigue strength of cortical bone at 10 

million cycles (predicted load cycles for ten years of normal activities) is about 7 MPa, assuming 

mean elastic modulus of 14.5 GPa. Carter et al. (1981) suggested that bone fatigue damage 

accumulation is physiological due to the low fatigue strength of bone and bone repair from 

remodelling activities is vital for maintaining bone integrity. The uniaxial fatigue damage 

accumulation is correlated better with strain range and independent of mean strain [Carter et al., 

1981a; Carter et al., 1981b]. The uniaxial damage accumulation is less correlated with stress range 

[Carter et al., 1981b]. 

A linear-life fraction model (inverse of the time to failure) to analyse fatigue life of cortical 

bone has been proposed [Carter and Caler, 1985]. This model consists of a time dependent 

component calculated from creep-fracture test and cycle-dependent component calculated from 

fully reversed fatigue tests [Carter and Caler, 1983; Carter and Caler, 1985]. The total damage is 

calculated from the superposition of the time dependent component and the cycle dependent 

component. A further study by Caler and Carter (1989) found that the life fraction for 0-tension 

fatigue test can be predicted from the result of tensile creep tests and this suggest that tensile 

fatigue accumulation is basically creep accumulation and time dependent. For the 0-compression 

fatigue test, the life-fraction can be primarily predicted by 0-compression cyclic loading data and 

this is cyclic dependent [Caler and Carter, 1989]. However, when the superposition of time 

dependent and cyclic dependent data is used to predict tension-compression cyclic loading, the 

damage is greater than the linear-life fraction model's prediction. This suggests more complicated 

interaction in tension-compression cyclic loading [Caler and Carter, 1989]. 

The creep contribution towards fatigue damage of bone has also been observed in bovine 

cancellous bone [Bowman et al, 1998]. Bowman et al. (1998) observed that under uniaxial 

compressive fatigue test of cancellous bone, the stress-strain curve translated along the direction of 

increased strain as test progress, suggesting that creep is involved in the fatigue process. The 

products of creep strain rate and time to failure were constant for both fatigue and creep test and 

were equal to the measured creep strain to failure in creep and 0-compression tests. By 

manipulating the ratio of creep strain to failure from creep test and creep strain to failure from 

fatigue test. Bowman et al. (1998) found that the time to failure of the fatigue test can be predicted 

21 



Chapter 1 Bone biology and mechanical properties 

from the creep test data. However, unlike 0-compression fatigue test of cortical bone which is 

largely cyclic dependent [Caler and Carter, 1989], fatigue strain accumulation of 0-compression 

fatigue of cancellous bone involved both creep components, cyclic crack growth component and 

possibly creep buckling [Bowman et al, 1998]. This difference could be due to bending of 

trabeculae in cancellous bone which load the trabeculae in tension. Data for 0-tension fatigue test 

and its relationship with creep is unavailable at present. 

1.4.4 Degradation of bone quality due to aging and abnormalities 

The bone mass of human bone reaches its maximum at the age of about 30, and by the age of 

70 less than 70% of peak bone mass remains [Cowin, 2001]. The reduction of bone mass affects 

the mechanical integrity of both cortical and cancellous bone [McCalden et al., 1993; Ding et al, 

1997; McCalden et al, 1997; Zioupos and Currey, 1998]. Zioupos and Currey (1998) reported 

2.3% reduction of elastic modulus of cortical bone per decade while Ding et al. (1997) reported 

40% drop in elastic modulus of cancellous bone between age 50 and 80 years. Ultimate strength of 

cancellous bone has also been reported to reduce by 8.5% per decade [McCalden et al., 1997] in 

comparison to cortical bone which reduced by 5% per decade [McCalden et al, 1993]. Cancellous 

bone seems to be affected more by aging than cortical bone probably due to higher remodelling 

rate in cancellous bone than cortical bone [Cowin, 2001]. 

The thinning of both cortical and cancellous bone occurred primarily at the surfaces adjacent 

to the marrow [Cowin, 2001]. There could be a small degree of gain of bone at the periosteal 

surface which partially offsets this loss. On the whole, there is a thinning of the cortex and 

expansion of the marrow cavity with enlargement of the bone circumference to a lesser degree. In 

cancellous bone, thinning of trabeculae, perforation of trabeculae plates and complete loss of 

connection between trabeculae cause a reduction in density and architectural integrity [Moselkilde, 

2000; Cowin, 2001]. The changes in cancellous bone architecture due to aging is shown in Figure 

1.10. 

The changes in bone quality due to age has been shown to be different in men and women 

[Moselkilde, 2000]. Studies of vertebral bone have shown that men have higher peak bone mass 

and strength than women before the onset of bone loss. There is also a compensatory increase in 

bone size in men that was not found in women. During the postmenopausal period, women show a 

higher tendency than men for disconnection of the horizontal trabecular struts. In general, there is 

a greater deterioration of the trabecular network in women. 
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Figure 1.10 (Top) Vertebra from a young individual with denser central network. (Bottom) Vertebral from 
an elderly individual with reduced trabeculae density and more perforations. [Moselkilde, 2000] 

Bone abnormalities like osteoarthritis and rheumatoid arthritis can also lead to changes in 

bone quality. Osteoarthritis is believed to cause reduction of quality of the subchondral bone 

[Zysset et al, 1994; Ding et al, 2001], although other studies have shown increase in stiffness 

over the femoral head and neck [Li and Aspden, 1997]. The mechanical properties of the bone 

with rheumatoid arthritis generally is much poorer than normal bone [Yang et al., 1997; Bogoch 

and Moran, 1999]. Rheumatoid arthritis affects both cortical and cancellous bone with a loss in 

bone volume and strength due to a major increase in the rate of bone remodelling [Bogoch and 

Moran, 1999]. Yang et al. (1997) has reported a loss of 47% of cancellous bone elastic modulus in 

rheumatoid arthritis bone. Dalstra et al. (1996) have used 50% and 90% reduction of elastic 

modulus of cortical and cancellous bone respectively to model rheumatoid arthritic glenoid bone 

(one of the shoulder bone) based on measurements from Frich (1994). Like aging, loss of 

cancellous bone elastic modulus is faster than cortical bone. 
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Chapter 2 The Hip Joint - Anatomy And 

Forces Acting On The Hip Joint 

2.1 Introduction 

In this chapter, the basic anatomy of the hip and forces acting on the hip joint are discussed. 

Forces that act on the hip joint can be divided into joint contact force and muscles forces. The joint 

contact force is a direct contact reaction force between the two articular surfaces of the hip joint. 

The muscle forces are the forces that act on the pelvis and the femur (the thigh bone). The muscles 

act synchronously during locomotion to produce these forces. 

The descriptions of the anatomical planes that are used in this thesis are shown in Figure 2.1 

[Hall-Craggs, 1995]. Sagittal planes are all the vertical planes that are parallel to the Median plane, 

a plane passing from the front to the back of the body through the midline. Coronal planes are all 

the vertical planes that pass from side to side and are at right angles to the sagittal planes. 

Horizontal planes are at perpendicular to both coronal and sagittal planes. 

Sagittal 

Coronal 

Median 

Horizontal 

Figure 2.1 Anatomical planes of references [Hall-Craggs, 1995]. 

2.2 Anatomy of the hip joint 

The hip joint is a ball and socket type of joint formed by the pelvis and femur [Hamilton, 

1956] (Figure 2.2). A depression at the lateral side of the pelvis called the acetabulum (the socket) 

and the femoral head (the ball) are two comforming articulating surfaces with cartilage layer on 

both sides. A fibrous capsule encapsulates the joint, which is filled with synovial fluid. The 

femoral head is held in the socket by transverse ligament that encircles the acetabulum (Figure 

2.2). 
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Ligament attachment 

Acetabular 

Femoral head 

Femoral neck 

Greater trochanter 

Trochanteric line 

Lesser trochanter 

Figure 2.2 Anatomy of human hip joint. The femur head and the acetabulum formed a ball and socket joint. 
The hip joint ligaments are connected to the shaded region of the acetabulum to form the joint 

capsule. Most of the muscles attached to the femur originated from the pelvis. [Hamilton, 1956]. 

The femur is the longest bone in the body. It is a long shaft with two expanded ends. The 

prominent points on the proximal femur are the femoral head, femoral neck, greater trochanter and 

lesser trochanter. Near the base of the femoral neck where it meets the greater and smaller 

trochanter, ligaments (ilio-femoral, pubio-femoral and ischio-femoral) originating from around the 

rim of the acetabulum attached themselves here. The greater trochanter is a large prominence on 

the lateral side and the lesser trochanter is on the medial side. Both are areas of muscle 

attachments (Figure 2.2). 

2.3 Movement of the hip joint and the muscles involved 

The movement of hip joint can be described as below [Hamilton, 1956] : -

• Flexion - Forward movement of the femur relative to the pelvis. The flexion muscles are 

iliacus, psoas major, rectus femoris, pectineus and sartorius. 

• Extension - Backward movement of the femur relative to the pelvis. Muscles involved are 

gluteus maximus, hamstring muscles, and lower part of adductor magnus. 

• Abduction - Lateral movement of the femur. Muscles involved are gluteus medius and 

gluteus minimus. 
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• Adduction - Medial movement of the femur. Adductors muscles are adductores longus, 

brevis and magnus, and gracilis 

• Medial rotation - Rotational movement where the anterior aspect of the knee is turned 

medially relative to the pelvis. Medial rotators are tensor fasciae latae and gluteus medius 

and minimus. 

• Lateral rotation - Rotational movement where anterior aspect of the knee is turned 

laterally relative to the pelvis. Lateral rotators are obturator intemus and gemelli, obturator 

extemus, quadratus femoris and gluteus maximus. 

Flexion is generally possible up to about 120°, limited by the contact between thigh and the 

abdominal wall. With the knee extended, flexion could be less due to tension in the hamstrings. 

The extension of hip is about 20°, varying between individuals. The hip rotation is about 90°, 

combining medial and lateral rotation together. Medial rotation is limited by short rotator muscles 

and lateral rotation is limited by tensor fasciae latae, gluteus medius and gluteus minimus muscles. 

Adduction and abduction is about 45° each [Palastanga et al, 2002]. Adduction is limited by 

abductor muscles and abduction is limited by iliofemoral ligaments. 

2.4 Gait cycle 

Walking can be described as a sequence of events called the gait cycle. The phases of the gait 

cycle is normally described as the percentage of the gait cycle (Figure 2.3). The cycle starts at the 

moment the heel touches the floor, or the heel strike which corresponds to 0% of the gait cycle. 

The time the leg supported the weight is called the stance phase. The moment the toe leaves the 

floor is called toe off and corresponds to about 66% of the gait cycle. After toe off is the swing 

phase and the end of this phase corresponds to 100% of the gait cycle. The cycle restarts when the 

heel strikes the floor again. Figure 2.3b also showed the force acting on the hip joint during the 

gait cycle. This dynamic force changes with the progression of the cycle. 
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Figure 2.3 a) Gait cycle of human walking [Tyldesley and Grieve, 1996] (b) Joint contact force during the 
gait cycle [Heller et al., 2001]. 

2.5 Hip joint contact and muscle forces 

Hip joint contact and muscle forces of the hip joint have been studied analytically. 

Determination of joint contact and muscle forces is performed using an inverse dynamic method. 

The body is modelled as a system of rigid links. Each rigid link or segment is described by 

equilibrium equations that must satisfy the force and moment equilibrium. The reaction force at 

the foot is distributed to the joints and muscles by linear optimisation. The optimisation function is 

normally the minimum force in the muscles. The reaction force at the foot can be measured 

experimentally using force plate. The location histories of each segment can be derived from 

laboratory based kinematics studies (often in conjunction with force plate measurement). 

Mathematical models of various ages and activities have been performed by a number of 

researchers [Paul, 1967; McLeish and Chamley, 1970; Seireg and Arvikar, 1975; Crowninshield et 

al., 1978b; Rohrle et al., 1984; Heller et al., 2001]. Most of these analyses reported two maxima in 

the gait cycle for the joint reaction force - the first maximum occurs just after heel strike, and 
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second maximum occurs just before toe-off (Figure 2.3b). Some researchers have reported higher 

first maximum [Seireg and Arvikar, 1975; Crowninshield et al., 1978b; Heller et al, 2001], while 

others have reported higher second maximum [Paul, 1967; Rohrle et al., 1984], as shown in Table 

2.1. Heller et al. (2001) reported that the second maximum is not always present in patients who 

have undergone total hip arthroplasty. 

Author and activity Joint contact force 

1st max. 2nd max. 

Paul, 1967 4,25 BW 4,42 BW 

McLeish and Chamley, 1970 2-3 BW 

Seireg and Arvikar, 1975 5i32BW 4,64 BW 

Crowninshield 1978a 
0.28 m/s old persons 
0.83 m/s old persons 
1,39 m/s old persons 
0,28 m/s young persons 
0,83 m/s young persons 
1,39 m/s young persons 

3.31 ± 1.18 BW 
3.81 ± 1,18 BW 
4 .42+ 1,18 BW 
3,44 ± 1,4 BW 
4,29 ± 1,34 BW 
5,85 ± 1,51 BW 

Crowninshield e/aZ, 1978b 
0,94 m/s 
3.83 m/s 

3,6 BW 
5.62 BW 

1,9 B W 
2,92 BW 

Rohrle e? a/,, 1984 
0,69 m/s 
1.25 m/s 
1.75 m/s 

2,60 ± 1,65 BW 
4,4 ±1,65 BW 
6,20 ± 1,65 BW 

3.6 ± 1.65 BW 
5,55 ± 1,65 BW 
7,55 ±1 ,65 BW 

Heller et al., 2001 
1.08 m/s, average patient. 2.61 2.41 

Table 2.1 Calculated hip joint contact forces during walking and running. 

The predicted values of joint contact force is quite different between studies. In studies that 

does not use force plate to measured the foot reaction force and kinematics data, peak joint contact 

force of 4.42 and 5.32 body weight (BW) has been predicted [Paul, 1967; Seireg and Arvikar, 

1975] (Table 2.1). Studies with kinematics and force plate data have predicted higher peak joint 

contact force for higher walking speed [Crowninshield et al., 1978a; Crowninshield et al., 1978b; 

Rohrle et al., 1984; Heller et al., 2001] (Table 2.1). Heller et al. (2001) predicted much lower peak 

joint contact force in comparison to other studies [Crowninshield et al., 1978a; Crowninshield et 

al., 1978b; Rohrle et al., 1984]. At the walking speed of 1.08 ms ' \ the predicted peak contact force 

was 2.61 BW while other studies predicted peak contact force higher than 3 BW at slower walking 

speeds. Crowninshield et al. (1978) and Rohrle et al. (1984) predicted peak contact force of 5.85 

and 7.55 BW at walking speed of 1.39 and 1.75 ms"' respectively. 

Verification of predicted hip joint contact force is not easy to obtain as only instrumented 

prosthesis inserted into patients can provides this data. In comparison to analytical study, in vivo 

experiments measuring the hip joint contact force have shown that the first maximum is greater 

than the second maximum, or the second maximum was absent [Rydell, 1966; English and 
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Kilvington, 1979; Davy et al, 1988; Kotzar et al, 1991; Bergmann et al, 1993; Bergmann et al, 

2001^ 

In vivo measurements consistently measure the joint contact force in the range of 2-3 body 

weight (BW) for slow and medium speed walking (Table 2.2). However, magnitude of peak 

contact force could be patient specific. In one of the study, one patient recorded contact force as 

high as 4.24 BW walking at the speed of 1.38 ms"' [Bergmann et al., 1993]. In comparison, for 

similar walking speed, the peak contact force was less than 3.3 BW in other studies [Rydell, 1966; 

Kotzar et al, 1991; Bergmann et al., 2001]. In comparison to older analytical studies at walking 

speed of about 1.3 ms"' [Crowninshield et al., 1978b; Rohrle et al., 1984] which predicted contact 

force between 4.42 and 5.8 BW, the measured values are smaller. However, recent model Heller et 

al. (2001) showed that with accurate kinetic, inertia property and joint anatomic data, optimisation 

study can predict the joint contact force during walking within the 2-3 BW that is normally 

measured in vivo (Figure 2.3b). The subjects for the analysis also received instrumented hip 

prosthesis that measures the hip joint contact force [Bergmann et al., 2001]. The maximum 

predicted and measured contact force differed by an average of only 12 %. This is the first verified 

optimisation model of the hip joint. 

The hip joint contact force for ascending and descending stairs, standing on one leg, knee 

bend and standing and sitting down has been reported in the region of 1.4 to 2.6 BW (Table 2.2) 

[Bergmann et al., 2001]. Fast jogging load was reported to be as high as 5 BW [Bergmann et al., 

1993]. However, the highest peak contact force has been measured to occur during uncontrolled 

activity. Stumbling produced the highest load between 7.2 and 8.7 BW [Bergmann et al., 1993]. 

Subsequent efforts to reproduce this load through controlled activities failed. 

The frontal angle (angle on the coronal plane between the vertical and direction of force) of 

joint contact force showed small variations for walking (Table 2.2). The angle has been reported to 

have a small variation between 15 and 25 degrees [Rydell, 1966; Bergmann et al., 1993]. Even 

during stumbling of the patient, the frontal angle was in this range. The frontal angle of joint 

contact force remains small for other activities. Bergmann et al. (2001) measured 12-16 degrees 

for eight different activities (slow walking, normal walking, fast walking, up stairs, down stairs, 

standing up from sitting position, sitting down from standing position, and knee bend) and 7 

degrees for one-legged stance. 

For walking, the transverse angle (angle on the sagittal plane between vertical and the 

direction of force) measured by Bergmann et al. (1993) showed a much larger variation, -6.5 to 24 

degrees (Table 2.2). Bergmann et al. (2001) showed a range of values from 1-46 degrees for nine 

different activities (slow walking, normal walking, fast walking, up stairs, down stairs, standing up 

from sitting position, sitting down from standing position, standing on two legs and then lift one 

leg and standing on two legs again, and knee bend). 
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The resultant joint contact forces for walking, standing, ascending and descending stair are 

similar but the anterior-posterior component of the contact force was higher in the stair climbing 

case and hence the greater torsional load on the hip implant [Bergmann et al, 1993; Bergmann et 

al, 2001]. The transverse angle of the joint contact force is different between stair-climbing and 

other activities. For standing, level and going down stairs, the angles of contact force vectors are in 

the range of 28-35°. The greatest angle of joint contact force vector is 46° during stair climbing. 

The more anterior-posteriorly directed joint contact force vector during stair climbing induced the 

highest rotational moment on the femoral head on the horizontal plane. 

Up to now, it is still not possible to measure in vivo muscle forces directly. The various 

muscle forces applied in finite element models are calculated from optimisation models described 

earlier in this section. In Table 2.3, the muscle forces predicted by optimisation studies generally 

agreed that the abductors are active during walking. However, there are disagreements about other 

muscles that are active during the gait cycle. The magnitude of muscle forces also varies between 

studies. For example, Heller et al. (2001) and Seireg and Arvikar (1975) predicted abductor load 

of 1.04 BW and 2.15 BW respectively. The higher value predicted by Seireg and Arvikar (1975) 

could be due to failure to impose realistic upper bound constraints on the magnitudes of the muscle 

forces. Heller et al. (2001) imposed upper bound constraints for peak muscle force to below 85 % 

of a physiological muscle force. The force was calculated as the product of each muscle's 

physiological cross-sectional area (PCSA) and a physiological muscle stress of 1.0 Mpa [An et al., 

1989]. Prediction of muscle forces can be quite sensitive to certain changes. Rohrle et al. (1984) 

changes the muscle attachment of rectus femoris by 5 mm and this changes the predicted load of 

adductor longus by 55%, while hip contact force remained unchanged. In a study that use PCSA to 

constraint the magnitude and duration of muscle forces and activity. Brand et al. (1986) reported 

that predicted muscle forces varied by two to eight times in three analyses that used PCSA from 

three different sources. Inaccurate measurement of anatomic location during movement due to skin 

movement, prediction of inertia property, assumption of muscle forces act in straight lines and 

error in location of muscle attachment could potentially introduce errors to muscle force 

prediction. 
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Author Activity Peak joint Angle of force, Number 
contact force, Degree days p 
body weight Sagittal Coronal surgery 
(BW) plane plane 

Rydell, 1966 Male 
Static one legged stance 2.5 BW 19 
Walking 
0.88 m/s 1.51 16 
1.30 m/s L82 14 
Female 
Walking 
1.1 m/s 2.69 BW 21 
1.4 m/s 3.27BW 19 

English and Walking 
Kilvington, 1979 0.166 m/s (with stick) 1.85 BW 4 days 

0.444 m/s 2.42 BW 12 days 
0.730 m/s 2.70 BW 42 days 

Davy e/a/., 1988 Static one legged stance 2.6 BW "32 ^T5 1 31 days 
Walking with crutches- 0.5 2.64 BW 30-35 - 1 5 - - 2 5 
m/s 
Stair ascent 2.6 BW %X.90 -70 —20 

Kotzare^a/., 1991 Static one legged 2.6 BW =35 *-18 
Walking 
0.9 m/s 2.5 BW 
1.1 m/s 2.4 BW 
1.3-1.4 m/s 2.8 BW 
1.8 m/s 3.6 BW 
Stair ascent 2.6 BW 

Bergmann et al. Walking 30 months 
1993 Patient EB, left side 

0.28 m/s 2.73 BW ^23 
0.83 m/s 3.07 BW 9 25 
1.38 m/s 3.69 BW 20 25 
Patient EB, right side 
0.28 m/s 2.82 BW 6.5 23 
0.83 m/s 3.24 BW 18 5 23 
1.38 m/s 4.24 BW 24 23 
Jogging 
Patient EB, left side 
1.38 m/s 4.75 BW 19 26 1 
1.94 m/s 4.91 BW 20 26 1 
Patient EB, right side 
1.38 m/s 4.84 BW 24.5 23 
1.94 m/s 4.96 BW 26.5 22 
Max. walking and jogging 
left side 5.39 BW 
right side 5,58 BW 15 19 
Stumbling - 1.94 m/s 7.20 BW 12 months 

Bergmann et al.. Walking, slow, normal, fast n - 3 1 

2001 0.98 m/s 2.42 36 12 months 
1.09 m/s 2J8 31 13 
1.46 m/s 2.50 BW 30 12 ! 
Up stairs 2.51 BW 46 14 i 

Down stairs 2.60 BW 35 12 
Standing up 1.90 BW 16 14 
Sitting down 1.56 BW 1 16 
Standing on 2-1-2 legs 2.31 BW 28 7 
Knee bend 1.43 BW 7 16 

a - Angle between the joint contact force and the plane of the prosthesis 
P" Angle between the joint contact force and the neck axis 
((>- Angle between joint contact force and the x-axis on the sagittal plane 

51 

56 

59 years/f 

67 years/f 

Typical 
patient. Values 
reported are 
the average of 
the results 
from a group 
of actual 
patients (51-76 
years old). 

Table 2.2 Measured hip joint contact force for various activities. 
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Of all the optimisation studies reported in the literature, only Heller et al. (2001) result has 

been verified indirectly by comparing the predicted hip joint force and measured hip joint force 

[Bergmann et al., 2001], which gave a good correlation. In comparison to other studies shown in 

Table 2.3, the predicted muscle forces are generally less than 1.1 BW while other studies have 

predicted muscle forces greater than 2 BW. Although it is not possible to measure directly the 

muscle forces predicted by Heller et al. (2001), the verification of the joint contact force at least 

gives more confidence to the magnitude of muscle forces predicted by this study in comparison to 

others. In this thesis, the muscle forces predicted by Heller et al. (2001) and the joint contact force 

measured by Bergmann et al. (2001) were used in the analysis. 

Authors Main muscle active during stance phase Percentage gait cycle at peak 
of gait (Magnitude*BW) joint contact force, % 

Seireg and Arvikar, 1975 Abductor 15%, 
Hamstrings (2.16) 
Quadriceps (1.09) 

Crowninshield e? a/., 1978b Gluteus maximus (2.0) At maximun joint contact force. 
Gluteus medius (2.0) 20% cycle 
Gluteus minimus (0.85) 
Vastus (2.0) 
Semitendinosus (0.42) 
Semimembranosus (0.8) 

Rohrle et al., 1984 Rectus femoris (1.7) 30% (first maxima) 
Obturatoris extemus (1.1) 
Iliacus (0.56) 
Adductor longus (0.19) 
Sartorius (0.5) 66% (peak) 
Rectus femoris (3.17) 
Obturatoris extemus (1.1) 
Adductor longus (0.96) 

Heller ah, 2001 Abductors (1.04) 
Biceps femoris (0.041) 
Semimembranosus(0.342) 
Tensor fascia lata(0.19) 
Vastus lateralis(0.94) 

Table 2.3 Muscles forces acting on the hip joint predicted during peak joint contact load. 

2.6 Comparison of measured and calculated forces with the loads used in 

finite element analysis of the human femur 

Most finite element analysis applied the joint contact force and abductor muscle force as the 

loads on the femur [Yettram, 1989; Van Rietbergen et al., 1993; Skinner et al., 1994; Weinans et 

al., 1994]. Some investigators considered other muscles loads as well [Rohlmann et al., 1983; 

Cheal et al., 1992; Ramaniraka et al., 1996; Duda et al., 1997; Duda et al., 1998]. 

Assuming a patient who weights 700 N [Stolk et al., 2001], the joint contact force measured 

by Bergmann et al. (2001) (value used in this thesis) during walking is about 1630 N. Hip contact 

force in the region of 1500 and 2000 N has been applied in some finite element models 

[Ramaniraka et ah, 1996; Turner et al., 1997]. However hip contact force as high as 3000 N has 
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also been used [Weinans et al., 1990; Skinner et al, 1994]. It is felt that in the immediate 

postoperative period, a patient who received cementless hip stem is likely to have the support of 

crutches to lighten the joint contact force. It is reasonable to apply the joint contact load measured 

from the patients who are already walking without support. This is likely to be representative of 

the maximum load that patients in the immediate postoperative period is likely to encounter. For 

finite element analysis studying the longer term behaviour of the implanted proximal femur, the 

higher hip joint contact force of 3000 N could be representative. It has been measured that fast 

walking and jogging could load the hip joint to about 3.5 to 5 times B W [Bergmann et al., 1993]. 

The muscle forces applied in finite element studies are very different from one study to 

another. The most common applied muscle force is the abductor muscle force. The highest values 

applied in finite element studies are in the region of 2000 and 2500 N [Rohlmann et al., 1983; 

Skinner et al., 1994; Mann et al., 1995]. Mann et al. (1995) applied the abductor force taken from 

Paul (1967), which did not impose constraint on the maximum muscle stress or force and could 

lead to an unphysiological muscle force. In this thesis, the abductor muscle force during walking is 

about 717 N [Heller et al., 2001], more similar in magnitude to some other finite element studies 

[Weinans et al., 1994; Duda et al., 1998; Stolk et al., 2001]. At the gait cycle of 45% 

corresponding to peak joint contact force, Stolk et al. (2001) applied the forces of gluteus medius 

(anterior part), gluteus medius (posterior part), gluteus minimus and tensor fasciae latae of 95, 227, 

145 and 96 N respectively. These are the abductor muscles forces acting at the greater trochanter. 

The forces were derived from optimisation study that imposed a constraint on how long muscle 

can be active given a certain muscle stress [Brand et al., 1986]. It is possible that this optimisation 

criterion has reduced the muscle forces in order to maintain the muscle activity for a longer period 

of time. The magnitude of vastus lateralis applied here is 650 N. The magnitude applied by Stolk 

et al. (2001) is lower at 244 N, at gait cycle of 45%. It is generally acknowledged that it is difficult 

to be certain of the loads to be applied to finite element models due to uncertainty in optimisation 

model that calculates the muscle and hip joint contact forces. However, optimisation data from 

Heller et al. (2001) is at least verified for the magnitude and general trend of the joint contact 

force. It is felt that this is the best combination of muscles and hip joint force data available at the 

moment. Similar magnitudes of joint contact and muslce forces applied in this thesis have also 

been reported in other finite element studies. 

Finite element studies have suggested that full set of muscle forces may not be necessary to 

study the mechanical environment of the femur up to the intertrochanteric level. In a finite element 

study by Duda et al. (1998) comparing the femoral strain at the intertrochanteric level, a full 

muscle model and a model with only joint contact, abductors and iliotibial band differs only by 

less than 3%. However, at subtrochanteric level, strain may change significantly in the absence of 

adductors force. In a similar study, Stolk et al. (2001) studied the effect of muscles forces on the 

strain distribution in the stem and the implanted femur. They concluded that small differences 
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existed from the proximal diaphyseal femur to the intertrochanteric region when a simple loadcase 

consisted of joint contact and abductors forces was compared with model that applied the full set 

of muscles forces acting on the femur. 
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Chapter 3 Cementless total hip arthroplasty 

3.1 Total hip arthroplasty 

Total hip arthroplasty (THA) is the most common form of joint replacement. Total hip 

arthroplasty is the replacement of the hip joint with an acetabular component and a femoral 

component. The femoral component is inserted into the femur to transfer load from the pelvis to 

the femur. The acetabular component is fixed to the acetabulum and provides the bearing for the 

femoral component head. The early development of total hip replacement can be traced back to 

pioneering work by Chamley (1960). His early conception of total hip arthroplasty was to provide 

10 or more years of service for patients older than 65 years old. The restriction to older patients 

was to minimise the possibility of implant failure and the need of revision surgery. Activities were 

also limited to avoid high stresses that would lead to implant failure [Chamley, 1960]. This 

procedure is deemed to be unsuitable for younger or more active patients as failure of implant is 

more likely. 

Chamley's concept of THA was a great success and patients gained tremendous relief of 

their hip disease. Implant survival was also much better than initially imagined. This led to more 

studies of the THA technique and eventually the procedure was extended to younger, physically 

active patients and for an ever-increasing variety of conditions [Tate Jr. and Sculco, 1998]. 

Initially, fixation of the acetabular and the femoral components was achieved using bone 

cement (polymethylmethacrylate or PMMA). This class of cemented femoral components is 

normally referred to as cemented hip stems. However, the low strength of cement made it 

vulnerable to high stress in the cement mantle and this led to cement mantle fracture and 

ultimately components loosening [Stauffer, 1982]. Cement failure is critical among physically 

active patients. However, over the years, improvement in cementing technique has also improved 

the long-term survival of the cement mantle [Stauffer, 1982; Tate Jr. and Sculco, 1998]. 

The early cementing technique has been shown to have a high rate of loosening [Stauffer, 

1982; Neumann et al, 1994], and this led to the search for alternative fixation techniques. This led 

to the development of a class of femoral components normally referred to as the cementless hip 

stems. The fixation is achieved by bone ingrowth onto the surface of the hip stems. Various 

surface finishes, coatings and amounts of coverage of the femoral stem with these materials have 

been employed in an attempt to improve ingrowth of bone into these stems. With some cementless 

stems, good clinical results have been reported while some stems give poor results [Neumann et 

al., 1994]. However, clinical results with state of the art cementing technique have shown very 

good results as well [Mjoberg, 1991; Tate Jr. and Sculco, 1998]. This thesis is primarily on initial 

stability of cementless hip stems, and therefore, this review concentrates on cementless hip stems. 
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3.2 Clinical result of cementless femoral hip stem 

The report from the Swedish National Hip Arthroplasty Registry [Malchau et al, 2000] 

compared the performance of cemented and cementless hip stem between the period of 1979 to 

1998. The report divided the study into the periods between 1979 to 1987, 1988 to 1998 and 1992 

to 1998. The cemented stems implanted between 1979 and 1987 were considered to be using the 

first generation cementing technique while those implanted after 1987 were using modem 

cementing technique. For the cementless stem, the period between 1992 corresponding to 

introduction of modem uncemented technology, with the majority of the stems having 

hydroxyapatite (HA) coating or textured titanium surfaces. The performance of cemented stems is 

generally better than cementless stems. For stems implanted between 1979 to 1987 into 

osteoarthritic patients, the survivorship of cemented and cementless stems were 82.1 and 61.9 % 

respectively for follow-up period of 19 for the former and 15 years for the latter. For the period 

from 1992 to 1998, the survivorships were 98.0% for the former and 95.2% for the latter for 

follow-up period of 6 years. The performance of early cementless stems are clearly disappointing. 

However, improvement in cementless technology can be seen from the reduction in revision after 

6 years postoperatively. The 1979 cohort reported revision rate of 8% and the 1991 cohort reported 

revision rate of 4% after 6 years. Longer follow-up is needed to judge the long-term performance 

of cementless hip stem. Improvement to cementless stems is needed to bring it on par with the 

success of cemented stems. However, in comparison to cemented stems in this study, more 

cementless stems were implanted into younger and more active patients, which could increase the 

risk of aseptic loosening. 

Cementless hip stems can give good clinical results if proper stem design and surgical 

techniques are used [Engh et al., 1990]. Engh et al. (1990) reported that for a ten years follow-up 

study involving 959 cases, the survivorship is 96.4% using revision as the measure of survivorship. 

Only 1% of these cases are due to mechanical failure like stem fracture (0.4%) and failure to 

achieve biological fixation stability (0.6%). Two-thirds of the stems that were revised due to 

fixation failure as a result of grossly undersizing stems, which are no longer used. The reason for 

other revisions were not mentioned, but it could be due to excessive pain. Using revision and 

failure to achieve biological implant stability (no biological fixation and no excessive subsidence 

or rotation of stem) as the survivorship criteria, the survivorship is down to 90.8%. This study also 

reported that the survivorship rate is 94.9 % in patients younger than 40 years old in a follow-up 

study between 2-7 years. The revisions that were due to failure of biological fixation were due to 

grossly undersized stems. In contrast, the revision rate of the stems in older patients (older than 65 

years old) improved to 98.6 % in a follow-up between 2-8 years. 

Engh et al. (1990) demonstrated the importance of proper sizing of stems and surgical 

technique. The importance of the size of implant was demonstrated in the comparison between 
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fully coated and partially coated stems. The partially coated stems were newer and different sizes 

were available. In comparison, some of the fully coated stems were only available with one size 

initially. The survivorship of the partially coated stems were 98.1% and the fully coated stem was 

90.8% using revision and loosening as the failure criteria. Of the stems that achieved bone 

ingrowth at ten years, only 4 out of 849 cases were revised, and those revised were due to 

fractured stems. Out of the 110 stems that did not achieve bone ingrowth, 73% of the stems were 

stable due to bone-fibrous tissue encapsulation. The introduction of underreaming the canal also 

improved the bone ingrowth from 90.4% to 97.6% of the cases. This study demonstrated that with 

proper sizing of implants and surgical technique, cementless stem results can be very good. In 

another study, long-term revision rate at 12 years follow-up was reported to be 97 % and this is 

very encouraging [Engh and Culpepper, 1997]. Both studies used the anatomic medullary locking 

(AML) stems. 

Martell et al. (1993)'s results are comparable to Engh et al. (1990) results for a series of fully 

coated hip that has some stems with less than optimal size, but inferior to another series of 

proximally coated stems which has different sizes for optimal fit and fill. Using Harris-Galante 

stem instead of AML stem, this study reported survivorship of 97% over a period of five years 

using revision as the failure criteria. However, during the corresponding period, survivorship was 

only 90% if revision and loosening is used as the failure criteria. Similar to Engh's et al. (1990) 

study, the loose stems have lower metaphyseal and diaphyseal fill than the stable stems. Higher 

limping rate was also associated with lower fill in this study. In addition to fill, better fit has also 

been associated with successful implants, in agreement with another study [Engh et al., 1987]. 

Some of the loosening in this study was also associated with loosening of porous coating from the 

stem and femoral fracture. Of the 10 (8%) femurs fractured during surgery, 2 stems were loosed, 

although none was revised. 

Hozack et al. (1993) compared two groups of patients implanted with similar stems, with one 

group having cement fixation (71 stems) and the other group having proximal porous coated 

surface for biological fixation (70 stems). The Chamley pain score was similar for both groups, but 

the Chamley function score was significantly higher for the cementless group. One revision was 

reported for the cemented group while none was reported for the cementless group. The period of 

observation was between 2 to 6 years postoperatively, and clinical performance of cementless and 

cemented stem were comparable. However, using the same design of a cementless stem may not 

be the best stem for cemented fixation. In another study, a consecutive series of 36 patients 

underwent primary cemented THA followed by primary cementless THA of the contralateral hip 

[Heam et al, 1995]. The patients reported similar pain scores in both hips. This comparison of 

results of this study eliminated the variability introduced by differences in sexes, weight, bone 

quality and activity level. Rorabeck et al. (1996) reported that in their study comparing cemented 

to cementless total hip arthroplasty, no statically significant difference in any of the health related 
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quality of life measures used when patients with cement were compared with patients without 

cement at mean follow-up period of 4.8 years. With good clinical practice and stem designs, 

cementiess stem can give good clinical results. 

The use of a smooth surface hip stem without hydroxyapatite or porous coating have been 

shown to perform inferiorly to porous-coated or HA coated stem [Freeman and Plante-

Bordeneuve, 1994; Lombardi et al., 1995; Donnelly et al., 1997; Incavo et al., 1998]. Incavo et al. 

(1998) reported better Harris hip scores with HA-coated stems in comparison to smooth stems. 

Donnelly et al. (1997) reported more radiolucent lines and higher migration were observed in 

smooth press-fit stems as compared to hydroxyapatite-coated stems. Freeman et al. (1994) 

reported that a smooth press-fit prosthesis has a high rate of migration and loosening in 

comparison to cemented or hydroxyapatite-coated stems, and has discontinued the use of smooth 

stems. Lombardi et al. (1995) reported poor survivorship of 78% in their series of smooth stems in 

a mean study period of 31 months, although the fill of the stem was good. The use of this stem has 

been discontinued. 

3.3 Failure of cementiess hip stem 

The long-term success of cementiess total hip arthroplasty depends on a few factors: fixation 

of femoral component, fixation of acetabular component, wear of the bearing surface and 

prevention of infection. This section looks at the failure of fixation of the femoral component in 

cementiess total hip arthroplasty. 

Fixation of the femoral component can be defined as having achieved bone ingrowth or 

fibrous tissue ingrowth that will provide stability to the hip stem [Engh et al, 1990]. Stable bony 

ingrowth is normally deduced from the absence of a radiolucent line on the radiograph. 

Radiographic features for stable fixation include either no implant migration or minimal initial 

subsidence that ceases after the first year of observation [Engh et al., 1990; Mjoberg, 1991] and a 

stable radiolucent line that does not widen with time if fixation is achieved by stable fibrous tissue 

ingrowth [Engh et al., 1990]. However, fixation by bony ingrowth is more likely to result in a 

totally pain-free hip [Engh et ah, 1987] 

Failure of fixation of the cementiess femoral hip stem can be caused be a number of factors: 

high implant relative micromotion [Pilliar et al., 1981; Filliar et ah, 1986; Aspenberg et al., 1992; 

Soballe et al., 1992b; Bragdon et al, 1996], poor surgical fit and fill [Engh et al., 1990; Cook, 

1991; Martell et al., 1993], osteolysis at the bone-stem interface due to wear debris [Schmalzried 

et al., 1992; Wan and Dorr, 1996; Tate Jr. and Sculco, 1998], and the absence of porous-coating 

and/or hydroxyapatite coating for bone ingrowth [Lombardi et al, 1995; DAntonio et al., 1997; 

Donnelly et al., 1997; Incavo et al., 1998; Tate Jr. and Sculco, 1998]. Failure of fixation due to 
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high implant relative micromotion and poor surgical fit and fill are discussed in more details in 

Section 3.8. 

Osteolysis of bone-stem interface is normally caused by migration of polyethylene wear 

debris generated from the articular surface of the acetabular cup to the bone-stem interface and to a 

lesser extent wear of stem itself [Schmalzried et al, 1992; Wan and Dorr, 1996; Tate Jr. and 

Sculco, 1998]. Wan and Dorr (1996) reported that osteolysis at the bone-stem interface is 

correlated to the amount of polyethylene wear from the acetabular component. Bone loss progress 

is slow in existing sites and faster in new osteolytic sites. Osteolysis can cause the lost of bone 

support and loosening of the implant. Debris has been seen on the surface of extracted prosthesis 

from femur with sign of osteolysis [Karrholm et al, 1994a]. In areas of bone resorption, intra- and 

extracellular particles of polyethylene, metallic and polymethylmethacrylate or bone cement (only 

if the cup is cemented) debris was found in and around the macrophages [Schmalzried et al., 

1992^ 

Infection can cause serious problems in total hip arthroplasty. If the implanted femur has 

serious infection, it may need a revision surgery to remove the hip stem and disinfect the femur. 

This is a serious complication in the past, but with the use of antibiotic and laminar air flow in 

operating theatre, infection rarely occurs in modem day total hip arthroplasty [Tate Jr. and Sculco, 

1998]. 

3.4 Migration of hip stem 

Migration of hip stem refers to the permanent displacement of hip stem relative to the femur. 

The displacement can be permanent displacement in the proximal-distal direction, or rotation in 

the anterior-posterior and lateral-medial directions. Migration of hip stem has been observed in 

both cemented [Mjoberg et al, 1986; Freeman and Plante-Bordeneuve, 1994; Kiss et al., 1996 

Alfaro-Adrian et al, 1999] and cementless stems [Nistor et al., 1991; Kroon and Freeman, 1992 

Karrholm and Snorrason, 1993; Soballe et al., 1993b; Freeman and Plante-Bordeneuve, 1994 

Karrholm et al., 1994b; Kiss et al, 1996;. 

Migration is fastest in the early postoperative period (about six months) [Mjoberg et al., 

1986; Nistor et al., 1991; Freeman and Plante-Bordeneuve, 1994; Kiss et al., 1996; Alfaro-Adrian 

et al., 1999]. Mjoberg et al. (1986) reported most rapid migration occurred in the first 4 months 

postoperatively. Nistor et al. (1991) reported lower migration rate of 0.41 mm at 3 months 

postoperatively when patients were only partial weight bearing. Upon full weight bearing between 

3 and 6 months postoperatively, migration was highest at 0.61 mm. Migration after 9, 12 and 15 

months postoperatively decreased in each of the three month period (0.47, 0.35 and 0.24 mm). 

Lower linear migration after the initial 6 months postoperative period has been reported [Mjoberg 

39 



Chapter 3 Cementless total hip arthroplasty 

et al., 1986; Freeman and Plante-Bordeneuve, 1994]. Migration still occurs 8 years postoperatively 

[Freeman and Plante-Bordeneuve, 1994; Alfaro-Adrian et al, 1999]. 

Some investigators have suggested that migration can be use as a predictor of future implant 

failure [Mjoberg, 1991; Freeman and Plante-Bordeneuve, 1994; Karrholm et al., 1994a; Walker et 

al., 1995]. In hip stems that failed and subsequently needed revision, higher migration rates were 

measured both in the early postoperative period and during longer-term observation [Nistor et al., 

1991; Karrholm and Snorrason, 1993; Freeman and Plante-Bordeneuve, 1994]. Mjoberg (1991) 

observed that stems with high migration rates may be loose from the early postoperative period 

and the consequence of the loose stem is high migration rate that will lead to revision surgery later 

on. Freeman suggested that beyond a migration threshold of 1.2 mm/year, a hip stem is likely to 

fail. Pain in the thigh is also more likely as total migration increases with time [Karrholm and 

Snorrason, 1993; Freeman and Plante-Bordeneuve, 1994]. A possible implication of a high rate of 

migration is that the stem has never achieved stable fixation [Mjoberg, 1991; Freeman and Plante-

Bordeneuve, 1994]. 

A mechanism of hip stem migration in cemented and cementless hip stem has been proposed 

as the failure of the supporting interface cancellous bone [Taylor et al., 1995; Taylor, 1997]. Finite 

element analysis of the Freeman stem has shown that interface cancellous bone stress correlated to 

in vivo stem migration data [Taylor et al., 1995; Taylor, 1997]. Due to repeated load cycles in vivo, 

the failure of supporting cancellous bone may not be due to high stress plastic failure, but due 

fatigue failure of bone. If the repair of bone is slower than damage to bone due to fatigue, the stem 

would migrate slowly as the supporting interface bone fail. The correlation between interface bone 

stress and implant migration has also been shown at the tibia tray [Taylor et al., 1998; Perillo-

Marcone, 2001]. This study looked at the bone stress below the tibia tray in total knee arthroplasty 

using four patient specific tibia models. The in vivo migration data of the patients corresponds to 

the risk ratio calculated from the models. The risk ratio was defined as the ratio of stress over 

ultimate strength. 

3.5 Fixation of femoral component with porous-coated stems and 

hydroxyapatite-coated stems 

Cementless hip stems achieved fixation by having bone ingrowth at the bone-stem interface. 

Stem surface is coated with metallic beads to allow bone ingrowth. Bone grows into the pores on 

the surface of the stem and the stem is anchored to the bone mechanically. However, bone 

ingrowth on the stems was shown to be limited and some stems exhibited only fibrous tissue 

ingrowth [Cook, 1991; Engh et al., 1993-1994]. 

To improve bone ingrowth, surface coatings like hydroxyapatite coating were applied on the 

surface of hip stem to enhance bone ingrowth [Sun et al., 2001]. Chemically, hydroxyapatite is 
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similar to the mineral phase of bone. Hydroxyapatite is osteoconductive, a property which 

encourages bone already being formed to lie closely to or adhere to it. In the body, partial 

dissolution of hydroxyapatite coating releases calcium and phosphate ions, which encourages and 

speeds-up the formation of new bone on the surface of hydroxyapatite coating [Sun et al, 2001]. 

The advantages of hydroxyapatite coated implants are (a) the faster initial fixation and 

stronger bonding between the host bone and the implant, and (b) more uniform bone ingrowth at 

the bone-stem interface [Sun et al, 2001]. Hydroxyapatite coating was reported to enhance bone 

growth across a 1 mm gap at the bone-stem interface under stable and unstable mechanical 

conditions, capable of limiting formation of any fibrous membrane and converting a motion-

induced fibrous membrane into a bony anchorage [Soballe et al, 1992a; Soballe et al., 1992b; 

Soballe et al., 1993a]. Soballe and Overgaard (1996) also reported that hydroxyapatite coating 

around the proximal stem can reduce migration of wear debris from the articular surface to the 

bone-stem interface, which may reduce the incidence of osteolysis and the subsequent implant 

failure. Another important advantage of hydroxyapatite coating could be the effectiveness of 

hydroxyapatite coating to encourage bone growth which is improved under load [Mouzin et al, 

2001^ 

The use of hydroxyapatite coating has not been universally adopted due to concerns with its 

long-term stability [Dalton and Cook, 1995; Soballe and Overgaard, 1996] and threat of coating 

delamination that generates particulate debris [Bauer et al, 1991]. One of the main concerns of the 

use of hydroxyapatite coating is the resorption and degradability of hydroxyapatite coating in a 

biological environment, which could lead to disintegration of the coating, resulting in the loss of 

both the coating-substrate bond strength and the implant fixation [Sun et al., 2001]. 

Clinically, HA-coated implants has been reported to show higher bone ingrowth compared to 

porous coated stem (90% compared to 83%) [McPherson et al., 1995]. Migration studies have also 

shown that HA-coated prostheses migrated the least, which seems to suggest it is superior to just 

porous-coated prostheses [Kroon and Freeman, 1992; Soballe et al., 1993b; Freeman and Plante-

Bordeneuve, 1994; Karrholm et al., 1994b]. Up to a period of 10 years, some hydroxyapatite 

coated stems have been reported to have no aseptic loosening [Capello et al., 1997; Donnelly et 

al., 1997; McNally et al, 2000]. 

3.6 Stress transfer from hip stems 

The transfer of load from hip stem to the femur is one of the most important functions of a 

femoral hip stem. Depending on the type of hip stem, the load transfer pattern could be different. 

Huiskes (1990) looked at the stress patterns and load transfer mechanisms for four different kinds 

of hip stem fixation (cemented, fully porous coated, proximally porous coated and press-fit) and 

two types of materials with different stiffness (cobalt chromium molybdenum alloy and titanium). 
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The fully porous coated and proximally coated stems are considered to have perfect bonding at the 

bone-porous coating interface. The press-fit stem was considered to have no bone ingrowth. The 

FE models were two dimensional side-plates models. 

In the cemented and fully porous coated (fully ingrown) stems, the stems were loaded in 

bending. The medial side was under compression and the lateral side was under tension (Figure 

3.1). The maximum stress in the stem occurred at the proximal third of the cemented stem. The 

maximum stress in the stem in the fully coated stem was lower due to the bulkier size and occurred 

more distally at the midstem. The bending characteristics for both bonded cases were similar to a 

cantilever beam in bending. 

, WOOM 

stem stress 

Figure 3.1 Bending stresses at the medial periosteal bone surface and at the medial and lateral faces of the 
stem for applied joint contact force of 3000N. Positive represents tensile and negative represents 

compressive stress. [Huiskes, 1990]. 

The interface stresses in the fully bonded models showed load transfer to the bone occurred 

proximally and distally (Figure 3.2). Stress was transferred through normal and shear stresses. The 

strongly tapered shape of the cemented stem gave a high proximal-medial stress concentration. 

The stiffer fully coated (fully ingrown) stem showed a similar stress distribution as the cemented 

stem, but the stiffer stem caused the proximal-medial stress to be lower and the distal-lateral stress 

to be much higher. Therefore, the stiffer stem transferred more load distally. This is also true for 

increase in stem stiffness due to the use of stiffer material in the stem. 
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Figure 3.2 Stem-cement interface stresses of a cemented hip stem. The interface stresses are resolved into 
normal stress (tension and compression) and shear stress. [Huiskes, 1990]. 

The proximally coated stem transferred load at the distal end of the porous coating. This is in 

agreement with a finite element study by Skinner et al. (1994) and clinical study by Turner et al. 

(1986). The interface stress at the calcar was similar to the fully bonded models. The interface 

stress at the distal end of the porous coating and distal to the porous coating was similar to the 

cemented stem model. At the distal end, the interface stress was lower compared to the fully 

coated stem model. 

Load transfer in a press-fit (no bone ingrowth) stem is different from the bonded stem. Press-

fit stems can only transfer load through compression and shear (firom friction). The press-fit stem 

has to transfer load through elastic subsidence into the femur, to generate compressive and shear 

stresses to equilibrate the axial load. The compressive component is likely to be much higher than 

the shear component. The bonded stem transfers load predominantly through shear at the interface. 

Huiskes (1990) assumed zero friction for smooth press-fit stem and therefore no load is transfered 

through shear at the interface. Therefore in the press-fit model, the compressive interface stresses 

were shown to be about 3 to 7 times greater than bonded models. The higher interface compressive 

stress has also been reported in a three-dimensional study using a physiological implanted femur 

model, which reported three times increases in minimum principal stress at the interface 

cancellous bone of the press-fit stem in comparison to the cemented or porous coated stems 

[Taylor e/a/ . , 1995]. 

In the press-fit stem model, interface stresses no longer concentrated in the proximal and 

distal region (Figure 3.3a). The compressive interface stress is spread over regions of contact. 

Subsidence of the femur was resisted by the calcar, and therefore the lateral midstem was pushed 

towards the lateral endosteal bone (Figure 3.3c). The bending of the stem was similar to four point 

bending (Figure 3.3b). The cortical bone stress was found to be higher than those around the 

bonded stems. At the midstem, the cortical bone stress was 3 times greater than the cemented stem. 
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In reality, the loading and load transfer mechanism as described by Huiskes (1990) is a 

simplified version of reality. In vivo, the implanted femur would be loaded by other muscles as 

well. The joint contact force and the muscles forces do not act only in the Irontal plane, but also 

out of plane to create a three-dimensional bending and also a torsional effect. 

3.GOON &GODN 

A B C 
Figure 3.3 The press-fit stem loaded by joint contact force. (A) Compressive interface stresses. (B) Stem 

bending stresses. Positive represents tensile and negative represents compressive stresses. (C) 
Subsiding mechanism of the press-fit stem. Subsidence of the femur was resisted by the calcar, and 

the lateral midstem was pushed towards the lateral endosteal. This is the cause of the high 
compressive stress at the proximal medial and lateral midstem shown in A. [Huiskes, 1990]. 

3.7 Stress shielding and bone remodelling of the implanted proximal femur 

As a result of the changed path of load transfer in the implanted femur, the stress distribution 

in the implanted femur after total hip arthroplasty is different from that of the intact femur. This 

can initiate adaptive bone remodelling which can lead to either bone resorption or bone 

hypertrophy, depending on the difference in the stress state of the implanted proximal femur 

relative to the intact femur [Beaupre et al., 1990; Weinans et al., 1993; Weinans et al., 1994; 

Kemer et al., 1999]. The sharing of load between femur and the hip stem leads to a state of lower 

femoral stress in comparison to the intact femur is called stress shielding. Stress shielding is more 

severe proximally than distally. Towards the more distal region, most or all load has been 

transferred to the femur, and therefore the stress state will be closer to the intact femur. Clinically, 

resorption and loss of density of the proximal cortex is seen on radiographs [Engh et al., 1990; 

Engh et al., 1992a; Toni et al., 1996; Bugbee et al., 1997]. 

Both finite element analysis and experimental studies have been used to study the periosteal 

strain or stress in intact and implanted femoral [Skinner et al, 1994; McNamara et al, 1997]. hi a 

finite element analysis, Skinner et al. (1994) reported 80% reduction in compressive stress in the 

calcar region of the implanted femur in comparison to an intact femur. However, at the distal end 

44 



Chapter 3 Cementless total hip arthroplasty 

of the stem, the compressive stress was found to be similar in the intact femur and when implanted 

with a fully coated stem. The proximally coated stems were found to have much larger stresses, 

possibly due to rotation of the non-bonded tip causing high compressive stress. A combined 

experimental and finite element study also showed that periosteal stress shielding occurred along 

the entire length of the hip stem [McNamara et al., 1997]. At the calcar region, 70% reduction in 

stress has been measured for a fully bonded stem both experimentally and using finite element 

techniques. This value is close to the value reported by Skinner et al. (1994). The reduction is less 

for non-bonded press-fit stems at about 40%. Stress shielding reduces in the proximal-distal 

direction for both press-fit and fully bonded stems. A proximally bonded model with loose distal 

fit showed stress shielding at the proximal 20% of the stem, hi contrast, a proximally bonded stem 

with tight distal fit showed more extensive stress shielding than between the press-fit stem and the 

proximally bonded stem with a loose distal fit. 

Patient specific adaptive finite element models have been used to study the stress shielding of 

the implanted femur obtained from autopsies of five patients [Kemer et al., 1999]. The 

contralateral femur was assumed as the preoperative condition and difference in strain energy was 

used as the remodelling stimulus. The simulated radiographic images were compared with clinical 

radiographs. Kemer et al. (1999) has predicted proximal bone loss and retention of distal bone, in 

agreement to radiographic images of the same patients in which the models were derived from. 

Bone hypertrophy at the distal tip of the stem was also predicted, but was not seen in the 

radiographic image. The model, in agreement with clinical radiographs, also predicted 

densification of bone at the proximal lateral side of the stem. Similar to the radiographs, the region 

proximal to the porous coating and smooth surface border of the stem showed pronounced bone 

loss. It is found that bone-remodelling model can predict areas of bone loss and gain reasonably 

well, but the exact amount of remodelling is still overestimated in this model. The authors 

suggested that this overestimation could be due to our inadequate understanding of the remodelling 

law. The prediction of proximal periosteal bone loss in this study is consistent with the lower 

proximal periosteal bone stress measured in other studies [Skinner et al., 1994; McNamara et al., 

1997]. 

The severity of stress shielding has been linked to stiffness of stems. Finite element analysis 

has shown that the stiffer stem transferred more load distally [Huiskes, 1990; Cheal et al., 1992; 

Huiskes et al., 1992]. Huiskes et al. (1992) predicted that a flexible stem which was five times 

more compliant than a titanium stem has 50% less bone loss due to stress shielding. However, the 

proximal interface stress is also higher in the more compliant stem, which may break the interface 

bond. Similar high proximal interface stress and periosteal stress shielding has been reported 

[Cheal et al., 1992]. Periosteal stress has been reported to be lower in cemented stem in 

comparison to bulkier and more rigid cementless stem [Huiskes, 1990]. Animal experiment has 

shown that more compliant stems do cause less stress shielding [ B o b y n et al., 1990]. 
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A situation that can lead to really bad stress shielding and dramatic proximal bone loss (up to 

90%) is the jamming of distal stem within the diaphyseal femur [Weinans et al., 1994]. In this 

case, the proximal contact between the stem and the femur is loose. This loose proximal fit and 

tight distal fit situation lead to most loads being transferred in the distal tip of the stem. This 

situation is called stress bypass [Weinans et al., 1994]. Clinically, it has been observed that loose 

distal stems caused less proximal bone resorption in comparison with well fixed distal stems [Engh 

and Bobyn, 1988] 

Although stress shielding appeared to be bad, there is no conclusive proof that it is 

detrimental to hip stem survivorship [Engh et al., 1990; Bugbee et al., 1997]. Clinically, some 

severely stress shielded femurs still support hip stems without problems, and did not seem to affect 

clinical pain rating [Engh et al., 1987]. Bugbee et al. (1997) reported in their group of patients 

which showed stress shielding, have less revision surgery in comparison with the larger parent 

group of patients. However, there is concern that severe reduction of bone stock due to stress 

shielding will increase the risk of femoral fracture both in vivo and also if revision surgery is 

needed to replace a hip stem. A study has suggested that bone remodelling due to stress shielding 

stops after about two years [Engh et al., 1987]. 

3.8 Relative motion at the bone-stem interface 

Other than changes to bone density due to stress shielding, fibrous tissue formation at the 

bone-stem interface has been observed in clinical and animal studies (Section 3.8.1). This is not 

attributed to the stress changes after proximal implantation of the hip prosthesis, but is attributed to 

the relative motion between the bone and the hip stem. Formation of fibrous tissue instead of bone 

ingrowth has direct consequences on the long term stability of the hip stem. 

3.8.1 Bone ingrowth or formation of fibrous tissue at the bone-stem interface: 

Clinical and animal studies 

Clinical radiographic and histologic evaluation of retrieved human cementless porous coated 

stems revealed that 100 percent bone ingrowth into porous coating is not achieved clinically [Engh 

et al., 1987; Cook et al., 1988; Cook, 1991]. Most of the cementless hip stems have a combination 

of bone and fibrous tissue attachment on the porous coating. Radiographically, formation of 

fibrous tissue appears as a thin radiolucent line parallel to the surface of the stem [Engh et al., 

1987; Engh et al., 1990]. However, the absence of radiolucent lines should not imply that bone 

ingrowth has occurred, although the chance of bone fixation is higher [Engh et al., 1990]. 

Animal studies have been used to quantify the micromotion threshold that would lead to 

fibrous tissue formation [Pilliar et al, 1981; Pilliar et al., 1986; Aspenberg et al., 1992; Soballe et 

al., 1992b; Bragdon et al., 1996]. These studies found that micromotion greater than 150 p,m led to 
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tissue encapsulation of the prostheses. In a canine study, Bragdon et al. (1996) showed that 

micromotion below 20 pm still allowed bone ingrowth. Micromotion between 20 and 40 pm had a 

combination of bone and fibrous tissue ingrowth. The interface stiffness 6 weeks after the surgery 

is the same for implants that have 0 and 20 juim micromotion. The implant with 40 jum 

micromotion has interface stiffness that was about half the interface stiffness of the 0 and 20 |j,m 

implants. The 150 (im implants have the lowest stiffness. 

Biological active coating like HA coating can change the amount of bone ingrowth and the 

property of fibrous tissue that grows onto the implant [Soballe et al., 1992b]. Soballe et al. (1992b) 

implanted cylindrical porous and HA coated implants into dogs. The implants either have zero 

micromotion or 500 jiim micromotion. Push out test showed that the HA coated stable implant has 

the highest shear strength, while the stable porous coated implant and the unstable HA coated 

implant have similar shear strength, but about 3 times lower than stable HA coated implant. The 

unstable porous coated implant has the lowest shear strength. The stable HA coated implant has 

five times more bony ingrowth than porous coated implant. In the unstable implants, no bony 

ingrowth was observed. The unstable HA coated implant was found to have more collagen fibres 

concentration than the unstable porous coated implant. The test was conducted four weeks after the 

surgery. Given a longer healing period, it is possible the push out test of the stable porous coated 

implant could show higher shear strength than the unstable HA coated implant as the interface 

bone matured. 

Although excessive micromotion prevented bone ingrowth, stable fixation of the stem may 

also occur due to stable fibrous-tissue encapsulation [Engh et al., 1987; Engh et al., 1990]. It was 

reported that 72 % of the hips with no bone ingrowth achieved stable fixation [Engh et al., 1990]. 

In an experiment involving implantation of a porous coated device in dogs, Pilliar et al. (1981) 

reported that orientation of fibrous tissue was oblique to the implant surface, which suggested load 

was transferred through the fibrous tissue layer. Progressive stem migration, subsidence, rotary 

instability, tilting or a combination of these characterizes unstable fibrous tissue fixation [Engh et 

aA,1990^ 

3.8.2 Experimental micromotion study of the hip stem 

Experimental measurement of the bone-stem interface relative motion in the implanted 

proximal femur is used to test the relative stability of different hip stem designs. It is hoped that 

this is translated to clinically meaningful estimates of their performance in vivo. Clinical 

verification of new designs requires a large patient sample and a bad design will impose 

considerable hardship on the patients. Therefore, it is desirable to have meaningful in vitro 

verification of stem design before a clinical trial is conducted. Various researchers have measured 

the micromotion in the implanted femur using cadaveric femurs [Walker et al, 1987; Schneider et 
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al., 1989; Sugiyama et al, 1989; Burke et al, 1991; Phillips et ah, 1991; Callaghan et al, 1992; 

Sugiyama et al, 1992; Hua and Walker, 1994; Baleani et al., 2000; Schneider et al, 2001]. Most 

studies involved either axial or torsional loading conditions, or both. 

Experimental micromotion studies have been performed to test stability of different designs 

[Schneider et al., 1989; Callaghan et al., 1992; Hua and Walker, 1994], methods of fixation 

(cemented or cementless) [Walker et al, 1987; Schneider et al., 1989; Sugiyama et al., 1989; 

Baleani et al., 2000] and surgical techniques [Sugiyama et al., 1992]. The range of micromotion 

reported by these investigators varies over a wide range. Some of the values are shown in Table 

3.1. Some values have been shown to be within the bone ingrowth threshold around 40-50 |Lim 

[Walker et al., 1987; Schneider et al., 1989; Callaghan et al, 1992; Sugiyama et al., 1992; Baleani 

et al., 2000; Monti et al., 2001], while some are in the order of 100-300 jum [Schneider et al, 

1989; Callaghan et al., 1992; Sugiyama et al., 1992]. 

Different design of cementless stem give very different micromotion values (Table 3.1). 

Schneider et al. (1989) measured the micromotion in four different cementless stem designs. The 

PCA stem with lateral bow has the lowest micromotion of between 9-12 p,m, while two other 

straight stem designs with grooves have micromotions values below 56 jum. Another straight stem 

design has micromotion between 81 and 152 jum, which is much higher in relation to the rest. 

Sugiyama et al. (1992) tested different levels of coating and found that micromotion is not 

significantly affected. Hua and Walker (1994) tested a straight stem and two other stems with 

anterior flare, with one of them custom made to fill the femur it was implanted into. He found that 

the micromotions in these stems were not significantly different under walking load. However, 

under more torsional stair climbing load, the straight stem rotated considerably more in relation to 

the other two stems. Callaghan et al. (1992) compared a straight stem and an anatomic curved 

stem. Torsional load caused higher micromotion than axial load, a result similar to other 

investigators [Walker et al., 1987; Hua and Walker, 1994]. The anatomic curved stem was found 

to be more resistance to torsional load in comparison with the straight stem design. 

While the initial stability of cementless stems has been reported to vary across a wide range 

of micromotion, proper surgical procedure can reduce the micromotion. Sugiyama et al. (1992) 

reported that cementless implants inserted with an interference-fit at the femoral isthmus can 

reduce micromotion substantially in comparison with line-to-line fit (Table 3.1). The stems 

inserted with femoral isthmus underreamed were about four times more stable than stems inserted 

without underreaming. This showed that the technique employed by the surgeon to put in the hip 

stem is just as important as the shape of the stem. 

Various studies have used different loading conditions, prostheses designs and variations in 

implantation techniques by different people, which make comparison between these studies very 

difficult. In Table 3.1, the test protocol shown is different from one researcher to another. 
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However, most studies simulated a single leg stance load and a stair-climbing load. The 

magnitudes and directions of these loads were different between different studies, and so were the 

experimental jigs. Simulated single leg stance load is normally used to study effect of axial load 

and stair climbing is used to study the effect of torsional load. However, most studies shared a 

common feature. The micromotion is measured from the displacement of a pin attached to the 

stem. A small hole is drilled in the femur to expose the stem and to allow the insertion of the pin 

into the stem. The micromotion measured is therefore not necessarily the slippage between bone 

and stem interface. 

Sugiyama et al. (1989) applied rotational torque to the stem and measured the rotational 

stability of cemented and cementless hip stem. The torque was applied in 10 seconds and 

maintained for 5 seconds, before unloading that takes another 10 seconds. The micromotion was 

defined as the total displacement minus the residual displacement after unloading. At high torque, 

the subsidence (which is the final residual displacement) begins to increase rapidly and is much 

higher than the micromotion. The load regime is not physiological because loading rate should be 

much faster in bone. The non-linear rapid increase of subsidence after a certain load level in both 

the cementless and cemented stem suggest that bone is experiencing extensive creep deformation 

due to the slow loading. Therefore, the micromotion was measured from a loading that is not 

physiological. At low torque (5 to 10 Nm), the subsidence of the cementless and cemented stem 

was low. The micromotion of the cementless stem was below 20 p,m at the load of 10 Nm. At 

about 20 Nm, the micromotion was about 60 jum. Micromotion was found to be higher than zero 

even at low loads for the cemented stems. This suggests that the cemented and cementless stem 

micromotion measured may not only be slippage at the interface, but some is due to elastic 

deformation of the interface bone. The micromotion of the cemented stem using second generation 

cementing techniques was also much lower than the stem using first generation cementing 

techniques. With greater penetration of cement into bone, the second generation cementing 

techniques is likely to create a more rigid interface, and thus lower micromotion due to elastic 

deformation. 

For stair climbing loadcase, Walker et al. (1987) applied a lOOON load at 12° to vertical in 

the coronal plane and a lOON anterior-posterior directed load and measured the micromotion of the 

cemented and cementless stems. The resultant micromotion at the proximal medial stem was about 

50 |um for the cementless stem and about 42 |um for the cemented stem. Upon unloading, the 

displacement returned close to zero, and Walker et al. (1987) suggested that the micromotion 

measured was not due entirely to slippage, but some part is due to elastic deformation of the 

interface bone. This suggestion is probably in agreement with the micromotion results of 

Sugiyama et al. (1989) at lower torque. 
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In comparison, in a micromotion study using retrieved implanted femurs, Engh et al. (1992b) 

reported that when midstance and stair climbing loads were applied to the implanted femur, 

micromotion was less than 40 jixm for stems well fixed by bony ingrowth and was 150 |u,m for 

stems stabilized by fibrous tissue ingrowth. This is interesting as it shows that even the interface 

bone of stem well fixed by bony ingrowth deformed elastically when loaded. 

Baleani et al. (2000) reported that stable micromotion with very small permanent 

displacement can be achieved after the cementless stem has been repeatedly loaded with 18.9 Nm 

torque to allow the stem to wedge in. Subsequently, the interface displacement is elastic and 

recoverable. This suggests that for a tight fit stem, it is possible that permanent displacement will 

not accumulate. However, it is difficult to say if there was slippage between stem and the femur in 

stable micromotion situation. Therefore, it is very difficult to compare a study that has achieved 

stable micromotion to studies that are not stable [Sugiyama et al., 1989; Sugiyama et al., 1992]. 

Instead of loading the stem repeatedly, some studies looked the first load cycle to calculate the 

micromotion [Callaghan et al, 1992]. Callaghan et al. (1992) found that repeated loads did not 

change the micromotion by more that 5% and calculated the micromotion after 1 load cycle. 
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Author 

Monti et ai, 2001 

Test note 

Composite femur 
1000 cycles 

Load 

Axial = 1.68 kN 
Horizontal plane torque = 26.2 Nm 
Frontal plane torque = 23.2 Nm 

Stem type 

Zimmer VerSys 

Result 
Anatomical location 
Proximal-lateral 
Proximal medial 
Mid-medial 

Walking Stair climbing 
3 |im 
2 nm 
1 p,m 

Baleani et at., 2000 Composite femur Torque = 0.1-18.9 Nm in 1000 Cementless (Ancafit) Medial-proximal 56.2 ±26.1 
100 cycles initial 1.7kN axial cycles Medial-middle 49.5 ±25.6 
loads to press-fit Medial-tip 39.5 ±27.7 

Anterior-proximal 10.3 ±9.6 

Cemented (Ancafit) Medial-proximal 0.9 ± 0.2 
Medial-middle 0.6 ±0.1 
Medial-tip 0.6 ±0.1 
Anterior-proximal 0.7 ±0.1 

Hua and Walker, 2500 cycles for walking loads 1 kN for walking Symmetrical stem 20 mm distal to lesser 6 ± 6 0.063° ± 0.056° 
1994 and 500 cycles for stair- 150 N with 70° slant to femur for Asymmetrical stem trochanter 1 9 1 1 3 0.018° ±0.022° 

clinbing load. stair climbing Custom stem 11 ± 1 2 0.009° ±0.013° 
Callaghan et al, 1992 36 years mean age for donor 1.5 kN walking Proximal/Distal 

1.2kN and 22 Nm stair climbing Curved-stem (Zimmer) Anterior-posterior 14±21.5(l-61)/6±4.9(l-4) 26±6.5(19-36)/33±19.6(9-59) 
Superior-inferior 14±11.9(2-33)/7±5(3-17) 
Medial-lateral 24±19.2(5-61)/10±5.5(3-19) 

Straight-stem Harris Anterior-posterior 7±7.6(0-22)/3±2.1(l-7) 77±57.9(27-193)/ 34±117.2(37-
Galante (Zimmer) Superior-inferior 6±3.7(3-12)/12±10.7(6-36) 379) 

Medial-lateral 6±4(3-14)/5±4.5(2-15) 
Sugiyatna et al., 1992 0.5-2 kgm torque applied in 2 kg/m or about 20 Nm AML stem (DePuy) Medial-proximal 

0.25 kgm increment 4/5 coated/under-reamed 65 
1/3 coated/under-reamed 60 
4/5 coated/line-to-line 270 

Walker et al., 1987 3 cycles of 666 N 1 kN axial load for walking Exact-fit stem Medial-proximal 18±3 52.5±5 
preconditioning load 1 kN axial load and 100 N Cemented 30.8±3.5 42.5±1.3 

horizontal load for stair climbing 

Schneider et al., 1989 1 preconditioning cycle Loads depend on donor CLS 4 sites on proximal femur 83-152 
equivalent to body weight Muller85 14-50 
600 cycles/stage. 4 stages Zweymuller 8-56 
with 1,2,3 and 4 body weight PCA 9-12 
applied giving a total of 2400 
cycles 

0 
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Table 3.1 Micromotion values reported in experimental studies. 
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3.8.3 Evaluation of stem micromotion using finite element analysis 

Finite element method has been used to study the micromotion at the bone-stem interface 

[Rubin et al, 1993; Keaveny and Bartel, 1993c; Biegler et al, 1995; Kuiper and Huiskes, 1996; 

Ramaniraka et al., 1996; Ando et al., 1999]. The advantage of using finite element analysis is the 

faster and easier implementation of this method to investigate different parameters. Finite element 

studies have looked into the designs of the stems [Keaveny and B artel, 1993c; Biegler et al., 1995; 

Ramaniraka et al., 1996; Ando et al, 1999], stiffness of stem [Kuiper and Huiskes, 1996] and 

different loadcases [Rubin et al., 1993; Biegler et al, 1995; Kuiper and Huiskes, 1996; 

Ramaniraka et al., 1996]. In comparison to experimental measurement, finite element techniques 

can apply more physiological loads, measuring the true micromotion (rather than combination of 

micromotion and elastic displacement of the bone) over the entire bone-stem interface and is easier 

to change parameters to study different design ideas. However, finite element studies suffer from 

uncertainties over the assignment of material properties of the femur, boundary conditions at the 

bone-stem interface, assumption of continuum mechanics and validation of the results. Despite 

these limitations, finite element studies still provide valuable qualitative information when 

comparative studies of various designs are performed. 

Ramaniraka et al. (1996) looked into the micromotion of straight and anatomic stem designs. 

Applying loads simulating the stance phase of the gait cycle, the straight stem was found to have 

smaller micromotions in comparison with an anatomic stem (approximately 42 |im difference at 

the maximum shear micromotion), as shown in Table 3.2. The anatomic stem has been reported to 

have higher micromotion in the single leg stance than straight stem in experimental studies as well, 

but lower micromotions were reported when higher torsional loads were applied [Callaghan et al., 

1992; Hua and Walker, 1994]. However, this study did not compare the stems under stair climbing 

load, which applied higher torsional load on the stem. 

Ando et al. (1999) compared 5 different stem designs and measured the fit and fill of the 

stems (Table 3.2). Fit was defined as the percentage of the surface area of the stem within 1 mm of 

the inner cortex. Fill is defined in this study as the volume of stem over volume of femoral canal 

from distal end of lesser trochanter to the stem tip. The stems with better fit have been found to 

have lower micromotion in comparison with the stems with poor fit. Of the five stems, the 

Omnifiex and Omnifit had the poorest fit. This is in agreement with experimental and clinical 

studies [Robertson et al, 1988; Engh et al, 1990; Cook, 1991]. Engh et al. (1990) reported that 

their early series of cementless hip stems had bad fit and fill due to the use of a single size stem for 

all patients and resulted in poor clincal results. 

Keaveny et al. (1993c) studied the effect of the presence of a well supported collar on stem 

stability. The presence of a collar was found to reduce axial subsidence and rotational 

micromotion. In the model without collar, stem axial subsidence was found to be higher, in 
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agreement with experimental result comparing devices with and without collar [Schneider et al., 

1989]. 

In an investigation involving titanium alloy stem and isoelastic stem (made of material with a 

stiffness similar to cortical bone), Kuiper and Huiskes (1996) reported that the micromotion of the 

stiffer titanium stem was significantly less than the isoelastic stem. At the proximal medial region 

where the isoelastic stem generated the greatest micromotion (150 pm), the titanium stem 

generated approximately 50 |um micromotion. Subsidence of isoelastic stem was also found to be 

greater than the titanium stem, although the difference was quite small. 

Friction affects the micromotion and hip stem subsidence under repeated load cycles [Kuiper 

and Huiskes, 1996]. The micromotion and subsidence of stem was reported to be the same in every 

cycle when the interface was assumed to be frictionless. However, when the friction interface was 

modelled, the stem gradually reached an equilibrium position and no further subsidence occurred 

as load cycles were repeated. The micromotion was evaluated after the stem had reached the 

equilibrium position. Kuiper and Huiskes (1996) suggested that finite element micromotion studies 

should apply repeated load cycles until the stem has wedged into an equilibrium position and 

subsides no further. The effect of subsidence has been observed experimentally [Hua and Walker, 

1994; Baleani et al., 2000]. However, three dimensional finite element micromotion study can be 

computationally expensive. Simulation of repeated cycles may be impractical. The zero friction 

condition in this study for the bone stem boundary is not very reasonable. Experiments have 

shown that bone-porous coated implant and bone-smooth metal interfaces have coefficients of 

friction of 0.6 and 0.4 respectively [Shirazi-Adl et al., 1993]. Friction therefore played an 

important part in stability of cementless hip stem. 

In comparison to experimental results, micromotion measured in finite element studies are 

normally between adjacent nodes at the bone stem interface. In comparison, the measurement of 

micromotion in experimental study is between the stem and the outer surface of the femur. This 

make it difficult to compare micromotion measured in experimental study to micromotion 

calculated in FE study. Keaveny et al. (1993 c) compared the micromotion results calculated 

between adjacent nodes at the bone stem interface and results calculated between stem and surface 

femur nodes. It is found that the micromotion calculated in the former is insensitive to frictional 

characteristic at the bone stem interface because the elastic deformation of bone between the 

sampling points dominates the deformation. This is consistent with the suggestion that some of the 

micromotion measured in experimental study could be due to elastic deformation of bone instead 

of slippage at the interface [Walker et al., 1987], and also micromotion is measured with cemented 

stems as well. It is therefore reasonable to assume that there is a lower limit (for example 10 jum) 

below which micromotion does not really occur. 
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Similar to experimental study, the applied loads were not uniform in finite element studies 

(Table 3.2). The joint contact force applied by various investigators varies from about lOOON to 

3000N. The magnitude of applied load has been shown to affect the micromotion in a non-linear 

fashion [Ramaniraka et al, 1996]. The magnitude of about 1500 N would be around two times 

body weights assuming the patient has 70 kg of mass. At 3000 N, the joint contact force would be 

about four times body weight. The former is closer to the average joint contact force during 

walking measured in four patients by Bergmann et al. (2001), although fast walking has been 

reported in the range of about four body weights [Kotzar et al., 1991; Bergmann et al, 1993]. 

During the early postoperative period, receiver of total hip joint replacement is not likely to walk 

very fast and will be weight protected by the used of crutches. Together with not standardized 

material properties and boundary conditions, it is very difficult to compare the results between 

studies. Most results will have to be compared qualitatively within the same study. 

Finite element analyses of stem micromotion listed in Table 3.2 generally use of only one set 

of bone properties, i.e. the change of micromotion due to variation of bone properties was not 

studied. This could limit the risk assessment of hip stem to patients with bone quality similar to the 

property used in finite element analyses. As discussed in Section 1.4.4, bone quality changes due 

to aging and disease. A more representative assessment of hip stems may need to assess a greater 

range of bone quality. 
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Author Stem type Loadcase (Joint contact force) Result 

Anatomical location Walking Stair 
Rubin et al, 1993 CLS Spotomo Single leg stance Proximal shear = 371 shear = 603 

Ax, ML, AP, T = lOOON, 600N, 400N, 1160N normal = 307 normal = 543 
Stair climbing Middle Shear = 292 Shear = 298 
Ax, ML, AP, T = 1220N, 550N, 470N, 1450N Normal = 60 Normal = 139 

Distal Shear = 298 Shear = 341 
Normal = 35 Normal = 1 5 0 

Bieglereia/ . , 1995 Model A (Mallory-Head) Single leg stance Calcar 33, 14 117,14" 58, 56143,41 
Model B (Harris-Galante) Ax, ML, AP =1401N Upper quarter 22, 19] 16, 14* 8, 9 1 14, 15 
Both have medial flare, straight FP = 417N Lower quarter 15,1316, 4" 22, 18] 9, 11 
lateral, anterior and posterior sides. Stair-climbing Distal tip 24, 221 34, 32' 14, 20143 ,41 
B bigger than A. Collarless Ax, ML,AP = 1553N 

709N, 600N 
SP moment = 1 2 3 Nm 
FP moment = 25 Nm 

Keaveny and Bartel, 1993 AML Single leg stance Proximal 100 
Collared. Ax, ML, AP = 2925N, 1492N , 915N Smaller trochanter 130 

Lower quarter 160 
Distal tip 250 

Kuiper and Huiskes, 1996 2-D stem with medial flare. Single leg stance Proximal medial 60,35* 
Titanium stem 2317N at 24° to vertical Proximal lateral 20, 2^ 

Distal medial 80, 60'*' 
Distal lateral 85,70^ 

Ramaniraka et al., 1996 Straight stem - distal fix Single leg stem = 1800N Straight stem (max.) Shear = 1 4 0 
Anatomical stem - proximal fix Normal = 1 0 7 

Anatomical stem (max.) Shear = 1 8 2 
Normal = 1 0 9 

Ando et al., 1999 FMS Single leg stance Proximal - average 
FMS-anatomic Ax, ML, AP = 2714N, 1385N, 849N FMS-anatomical 26 14 

Otnniflex Stair-climbing FMS 47 15 

Omnifit Ax, ML, AP = 1553N, 709N, 600N Omniflex 144 57 
IDS SP moment = 123Nm Omnifit 109 47 

FP moment = 25Nm IDS 16 10 

o 
0) "O 

CO 
n 
CD 
3 
(D * - results are arrange according to: Model A: uncoated, coated | Model B: uncoated: coated 

Y - results are arrange according to: p = 0.15, ]x= 0.4 
Ax, FP, AP, T = axial, medial-lateral, anterior-posterior, total 
FP, SP = frontal plane, sagittal plane 

Table 3.2 Finite element micromotion studies by other investigators. 
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3.9 Interference-fit at the bone-stem interface 

Cementless hip stem requires rigid initial fixation to achieve biological fixation (Section 3.8). 

Rigid fixation can be achieved through proper press fitting [Schwartz et al, 1989; Engh et al, 

1990; Sugiyama et al., 1992]. Engh et al. (1990) has suggested that clinical success has been 

improved with introduction of distal press-fit for AML stems. Distal press-fit is achieved by 

underreaming the femoral isthmus to have a small degree of interference-fit at the distal part of the 

hip stem. Better initial stability brought about by distal interference-fit has been confirmed in 

experimental micromotion study using human cadaver for the AML stem [Sugiyama et al., 1992]. 

Interface micromotion is therefore affected by the amount of press-fit at the bone-stem interface. 

In finite element studies of existing and new hip stem designs, little attention has been given 

to study the effect of interference-fit on the initial stability of hip stems. In comparative study of 

hip stem designs in Section 3.8.3, the interference-fit at the bone-stem interface has not been 

modelled. This does not reflect the true mechanical environment in vivo. While neglecting 

interference-fit in the modelling of hip stem can be considered as modelling line-to-line fit in vivo, 

most cementless stems are now implanted with interference-fit in mind [Schwartz et al., 1989; 

Engh et al., 1990; Jasty et al, 1993]. 

Little is known about the optimal amount of interference-fit that should be introduced for 

optimal stability of hip stems. Studying the initial stability of hip stems in relation to implant 

stability has direct effect on the design of surgical instruments for cementless hip joint 

replacement. AML stem has been reported to be implanted into the femur with distal interference-

fit of 0.5 mm [Engh et al., 1990]. However, no studies have been done to examine if smaller 

interference-fits would have given the same clinical result. Measurement of the influence of 

interference-fit on stem micromotion has also been limited to only one degree of interference-fit 

[Sugiyama et al., 1992]. 

Schwartz et al. (1989) has reported that most femoral fractures during insertion of AML 

stems occurred during preparation of femoral canal or during final impaction of the hip stem. Both 

proximal and distal fracture of the femur has been observed intraoperatively. Intertrochanteric 

fracture has been observed when the broach or the prosthesis has been driven too far down the 

femoral shaft or broach is slightly smaller than the stem. This lead to excessive wedging in the 

intertrochanteric area which lead to fi"acture [Schwartz et al., 1989]. Higher incidence of 

intertrochanteric fracture has been reported to happen with bulkier, pyramidal proximal segment 

and a tapered stem that depend on tight proximal fit [Fitzgerald et al., 1988]. Distal fracture of the 

femur during AML stem insertion is normally cause by impaction of tip of prosthesis against 

intramedullary canal [Schwartz et al., 1989]. 
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Most small fractures do not affect stability of cementless hip stem too much, but care has to 

be taken to slowly increase load bearing to allow healing of fracture [Schwartz et al., 1989]. 

Experimental micromotion study has shown that a small fracture may only increase the initial 

micromotion slightly [Monti, 2000]. However, this study was performed using an artificial femur, 

may have different properties in comparison to a real femur. However, in cases where bone is 

completely displaced in a fracture, stabilization may be difficult to achieve and bone ingrowth may 

not occur [Schwartz et al., 1989]. If fracture is not detected intraoperatively and postoperatively, 

steps to improve stabilization and special care with load bearing may not have been taken. 

Experimental study using a canine model has shown that in a fractured femur bone ingrowth is 

significantly lower even after stabilization of the fracture using cerclage wiring [Schutzer et al., 

1995]. They suggest this is due to lack of bone ingrowth deep to the fracture and increase femoral 

component micromotion. 

Monti et al. (2001) implanted six composite femora with six Zimmer VerSys stems and 

cracked three of the composite bones during stem insertion and press-fit. This is a very high 

fracture rate and clearly points to the need for special care to be taken during the design process to 

limit femoral fracture due to excessive interference-fit. Clinically, femoral fracture has been 

reported to be in the range of 3-27.8 percent [Schwartz et al., 1989]. The higher fracture rate has 

been associated with bad surgery technique, and with improved technique the rate of fracture has 

been reduced to about 2-3 percent [Schwartz et al., 1989]. Recent study has also reported this 

fracture rate [Monti et al., 2001]. It is likely that excessive interference-fit is responsible for these 

fractures. High assembly strains produced during insertion of cementless stem into femur have 

been shown to produce femoral fracture in a study using cadaver femur [Jasty et al., 1993]. 

3.10 Objectives 

In Chapter 4, the finite element model is described. A parametric study is performed to 

identify suitable parameters that provide stable results. Parameter identification has been reported 

to play an important role in contact analysis [Bemakiewicz and Viceconti, 2002]. 

Evaluations of hip stem designs reported in the literature were based on a single set of 

material properties [Rubin et al., 1993; Keaveny and Bartel, 1993c; Biegler et al., 1995; Kuiper 

and Huiskes, 1996; Ramaniraka et al., 1996; Ando et al., 1999]. As discussed in Section 1.4.4, 

mechanical properties of bone can change substantially throughout the life time of a person due to 

various factors. Cementless hip stems have been implanted into different individuals with different 

ages and complications [Engh et al., 1990; McLaughlin and Lee, 2000]. The performance of hip 

implants in each individual will therefore be subjected to differences due to differences in bone 

quality. If significant changes in micromotion occur for different bone quality, it could be 

imperative to suggest a different postoperative care regime for patient with bad bone quality. 
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Chapter 5 examine the differences in initial micromotion and interface bone strain due to changes 

in bone quality and the implications on implant assessment. 

Only a few finite element studies have modelled the interference-fit of the bone-stem 

interface of hip implant [Harrigan and Harris, 1991; Visnic et ah, 1994]. However, these studies 

were using simplified models of the implanted femur assembly. Harrigan and Harris (1991) used 

half cylindrical models to represent the stem and the femur to study the effect of different fit on the 

stress and contact distribution in the idealised femur. The stress distribution was much higher and 

different in the model simulated with interference fit. The contact area was also more than the 

model with line-to-line fit. Visnic et al. (1994) simulated the assembly strain due to interference-fit 

using a two-dimensional symmetrical model and found that equivalent strain was as high as 

17.2%. Both studies agreed that interface stress and strain could be significantly increased with 

interference-fit. However, both studies did not report on the effect of interference-fit on initial 

micromotion. No finite element study has reported the effect of interference-fit on initial stability 

of hip stem, and simultaneously looked at the stress and strain field. Therefore, in Chapter 6, the 

effect of interference-fit on initial stability was studied using a finite element technique. The aim 

was to predict the improvement of initial stability due to interference-fit and the optimal amount of 

interference-fit needed in view of the femoral fracture risk brought about by high level of 

interference-fit. It is desirable to extend the use of finite element technique to preclinical analysis 

of surgical technique of cementless hip stem. 

In Chapter 7, the study of interference-fit was extended to include modelling the plastic 

behaviour of bone in view of the high strain observed in Chapter 6. This is to model a more 

realistic material behaviour and to check if the results in Chapter 6 are influenced by plastic 

behaviour of bone. 

There is considerable debate as to whether creep deformation in bone will render 

interference-fit ineffective in the first two to three months postoperatively. This is the critical 

period of healing and bone ingrowth where initial stability provided by the interference-fit 

provided the optimal condition for healing tissue to mineralise to become bone. A simplified 

model was created to study the creep behaviour of the femur in an interference-fit assembly in 

Chapter 8. 
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Chapter 4 A description of a finite element 

model of an implanted proximal femur with 

an IPS stem 

4.1 Introduction 

In this chapter, the generation of a finite element model of a cementless implanted proximal 

femur is described and the sensitivity of this model to mesh size and modelling parameters, 

particularly contact parameters will be assessed. The finite element study of the initial 

micromotion and interface strain of the cementless implanted proximal femur requires the 

implementation of contact procedures. In the immediate post-operative period, the cementless stem 

and the femur are two separate bodies that can slide relative to each other and the transfer of load 

between the two bodies is achieved through compressive and frictional forces. The surfaces of the 

stem and bone cannot transfer tensile load, and when subjected to tensile loads, the surfaces will 

separate. 

Verification of finite element analysis of orthopaedic implants is difficult. Among the reasons 

for this difficulty include the complexity of loading in vivo, complexity of biological structure, 

biological activities and the practicalities of obtaining measurements in vivo. Most finite element 

analyses of orthopaedic implants make used of simplified loads, material properties and ignore 

biological activities all together. Although verification of finite element analysis may not be 

possible, it has been used for qualitative comparison of different parameters. For accurate 

comparison, the accuracy of finite element analysis should be assessed. The objective of this 

chapter is to assess the effect of various parameters that could affect the accuracy of the finite 

element model used in this thesis. 

4.2 Model generation, material properties and boundary conditions 

The generation of the model, assignment of material properties and boundary conditions are 

described in this section. The model generation follows the schematic diagram shown in Figure 

4.1. The main steps and the software involved in the process are shown. The details of the steps are 

discuss in greater details in the subsections. 
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Figure 4.1 Schematic diagram of finite element model generation of the implanted proximal femur. 

4.2.1 Generation of an anatomical model of the implanted femur 

A set of Computed Tomography (CT) scan images of the intact human femur from Visible 

Human Project website (http://wTVW.nIm.nih.gov/research/visible/visible_humaii.html) was 

obtained. Transverse CT scans of the left femur of a healthy 39 year old male subject were used. 

The cross-sectional images were taken at 1 mm interval and had a resolution of 512 pixels x 512 

pixels, with each pixel made up of 16 bits of grey scale. The size of a pixel was 0.9375 mm x 

0.9375 mm. An example of a slide of the CT-scan image is shown in Figure 4.2a. 

The geometry of the femur model was acquired from the CT-scans. The outlines of the cross-

sections of the femur were obtained using Materialise (Leuven, Belgium), a piece of virtual 

prototyping software. A thresholding procedure was performed to identify the outer bone surfaces. 

The program can automatically generate an outline of the cortical bone if an appropriate grey scale 

value for cortical bone is chosen for thresholding (Figure 4.2b). 

Setting the threshold value of the cortical bone was done by inspection. A threshold value of 

1278 was chosen. In certain areas where cortical bone was not well defined due to the low 

resolution of the images, manual corrections to the outlines created by the program were needed. 

This method of generating the outlines of the femur from CT-scan was also applied to generate the 

medullary cavity. 
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Figure 4.2 (a) A CT-scan image from the male Visible Human CT-scans dataset (b) Contour automatically 
fitted to outer geometry of a femoral cross-section by Materialise. 

After the thresholding operation, the outlines of the femur and the medullary cavity were 

jagged and were not ready to be manipulated to generate a solid model. These lines were smoothed 

using 4"" order polynomials. The program automatically fitted smooth contours to the outlines. The 

contours were saved into separate IGES files for the outer femur geometry and the medullary 

cavity. The outer contours of the femur are shown in Figure 4.3. 

Figure 4.3 The smoothed outer contours of the femur. For clarity, the full geometry of the femur is not 
shown here. 

The contour lines created fi-om Materialise were imported in IGES format into IDEAS, a 

3-D solid modelling and finite element package. Utilising the preprocessing tools in IDEAS 

(Texas, USA), the surface geometries of the femur and the medullary cavity were created using the 

LOFT function. Stitching the surfaces together, the solid volumes of the femur and medullary 

cavity were created. Cutting the solid volume of the femur with the medullary cavity created the 

solid model of the intact femur (Figure 4.4). 

The stem used in this study is the new cementless IPS hip stem from DePuy International 

(Leeds, UK). It is proximally porous-coated with titanium beads. The beads are coated with 
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hydroxyapatite coating to enhance osseointegration. The surface geometry of the IPS stem was 

imported into IDEAS as an IGES file. The surfaces were stitched together to form a solid volume. 

Figure 4.4 Solid model of the intact femur. 

In IDEAS, the solid model of the hip stem was virtually implanted into the solid model of the 

femur according to the surgical manual. The solid model of the hip stem was used to partition the 

model of the femur to divide the model to different volumes representing the hip stem and the 

implanted femur. The hip stem and prepared femur were further partitioned into smaller volumes 

to enable selective meshing of different regions of interest. 

The prepared femur and the hip stem were meshed with linear tetrahedral element in IDEAS. 

Due to partitioning of the femur and stem into different volumes, meshing with different element 

sizes for different regions of the femur was possible. Partitioning also allowed the generation of 

coincidental nodes at the bone-stem interface. This was done to simplify the calculation of 

micromotion at the bone-stem interface. 

The finite element meshes of the implanted femur and the stem were separately imported into 

MARC as an IDEAS universal file. During each import, the elements and nodes were renumbered 

and defined as separate contact bodies. Two deformable contact bodies, the femur and the stem 

were created as a result (Figure 4.5). 
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I g 

Figure 4.5 Finite element meshes of the implanted femur and IPS stem. 

4.2.2 Material properties of the stem and femur 

Elastic modulus of the femur varies from one anatomical location to another due to 

differences in the density and architecture of the bone. The different apparent densities of bone 

(ratio of bone mass to specimen volume including porosity) can be indirectly quantified based on 

properties of CT scans [Cann and Genant, 1980]. The Young's modulus of bone has been shown 

to be related to the apparent density of bone [Carter, 1977; Ashman and Rho, 1988; Rice et al., 

1988; Schaffler and Burr, 1988; Ashman, 1989; Hodgskinson and Currey, 1992; Keller, 1994; 

Keyak et al, 1994]. Therefore, it is possible to assign the value of Young's modulus based on CT-

scans. This method has been widely used in finite element analysis of bone and orthopaedic 

implants [Huiskes et al., 1992; Skinner et al., 1994; Keyak and Rossi, 2000; Weinans et al., 2000]. 

However, up to now, normal CT scans are not able to capture the orthogonal properties of bone. 

As a result of this, the Young's modulus assigned is isotropic. 

A group from Instituti Ortopedici Rizzoli, Bologna, Italy have developed a computer 

software (Bonemat) to automatically assign elastic moduli of bone to a finite element mesh based 

on data from a set of CT scans images [Zannoni et al., 1998]. Bonemat reads the CT scans dataset 
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for information on the individual coordinates and Hounsfield Unit (HU) or the grey scale value of 

each pixel. Bonemat converts the values of HU of the CT scan voxels to apparent density values of 

bone. It was assumed in Bonemat that there is a linear relationship between HU and apparent 

density of bone. The density values are converted to elastic modulus using Equation 1.1. 

Bonemat reads the coordinates of the nodes in the finite element model. From the nodal 

coordinates of the element, Bonemat forms a parallelepiped around the element and averages the 

sum of the HU of all the pixels in the parallelepiped. The elastic modulus of the element can 

therefore be derived from the averaged HU of the parallelepiped. 

The density-modulus relationship in this study takes the form of 

E = 2875p^ Equation 4.1 

This relationship is taken from Carter (1977), as explained in Section 1.4.1.4. A number of finite 

element studies have used this relationship to assign material properties to bone [Huiskes et al., 

1992; Skinner et al, 1994; Weinans et al., 2000]. 

The CT-scan data set from VHP is not calibrated to a potassium phosphate (K2HPO4) 

phantom. The assumption made to convert HU to apparent density was to assume the minimum 

density of bone was 0.07 g/cm^ [Hodgskinson and Currey, 1992; Keller, 1994; Weinans et al., 

1994] and this was equalled to the smallest HU and the maximum density of bone was 1.9 g/cm^ 

[Keller, 1994] was equalled to the highest HU. The range of Young's modulus assigned to the 

mesh ranged between 94 and 19900 MPa. 

A limitation of assigning material properties of bone based on normal CT scans data is that 

bone anisotropy is not taken into account. It is not possible to extract the 3-D structure of both 

cortical and cancellous bone. The anisotropy of cortical bone is dependent on the orientation of 

collagen fibres while orientation and structure of trabeculae determines the anisotropy of 

cancellous bone. However, it is only possible to extract the apparent density of bone and derive the 

Young's modulus in the direction normal to the plane of the CT-scans images. Within the state of 

the art in biomechanics finite element analysis, this limitation has yet to be overcome. 

The Young's moduli assigned to the mesh were reasonable in comparison to values reported 

for the human femoral bone in the literature. The smallest Young modulus assigned was 94 MPa. 

This is in about the same order of magnitude as the values reported by Fazzalari et al. (1998) for 

the inter-trochanteric region of the femur, although 94 MPa is generally higher than the values 

reported by Fazzalari et al. (1998). In the mesh, the bone near the inter-trochanteric region was 

generally more compliant. In the greater trochanter, the values in the mesh range from about 140 

to 600 MPa. This is the region similar to the anatomical location where bone specimens were cut 

out for mechanical testing by another study Morgan and Keaveny (2001). This study reported 

Young's modulus range between 300 and 900 MPa both in compression and tensile tests. The 
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values in the mesh fall within this range. However, Brown (1980) reported stiffer values for this 

region of around 1000 MPa. The region around the medial cortex jus t below the neck resection 

level has values between 7000 to 15000 MPa in the mesh. Brown (1980) reported 9700 MPa for 

the hard cancellous bone just beside the medial cortex in similar region. Tests of human femoral 

cortical bone gave a range between 13000 to 22000 MPa [Reilly and Burstein, 1975]. The Young's 

modulus in the medial cortex just below the neck resection level seems reasonable. The maximum 

Young's modulus in the mesh is 19900 MPa, which is also a reasonable value in comparison to 

values from mechanical test [Reilly and Burstein, 1975]. Since values derived from Equation 4.1 

compare reasonably well with mechanical test results, this equation was used to assign values of 

Young's modulus. 

4.2.3 In terfa ce boundary conditions 

All the finite element analyses in this thesis simulate the interface condition in the immediate 

post-operative period. Therefore, the bone-stem interface was assumed to be debonded and can 

only transfer compressive and shear loads. Shear load is transfer through friction at the interface. 

The IPS stem is a proximally coated stem as shown in Figure 4.6. Contact was assumed in the 

porous coated region and also the smooth part in the mid-stem region. Distal to the smooth region, 

the stem was assumed not to be in contact with the diaphyseal femur as designed. The analyses in 

this chapter assumed line-to-line fit between the stem and the femoral canal. 

Porous 
coated regi 

Uncoated 
region 

Figure 4.6 The porous coated and uncoated (smooth) region of the IPS hip stem. The contact area is defined 
for the area consists of both the coated and uncoated region. Distal to the uncoated region, the stem 

is not in contact with the diaphyseal f emur . 
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Shirazi-Adl et al. (1993) measured the friction coefficient between cancellous bone and 

different implant surfaces (Table 4.1). The friction coefficient between cancellous bone and rough 

titanium porous bead surface is approximately 0.6. The friction coefficient between cancellous 

bone and smooth metal surfaces is approximately 0.4. The model implemented a stick-slip 

coulomb friction model employing coefficient of friction of 0.6 for the porous region and 0.4 for 

the smooth region. Previous finite element studies have used similar coefficients of friction 

[Biegler et al., 1995; Ando et al, 1999]. These values were used throughout the thesis unless 

otherwise stated. 

Type of surface Friction coefficient 

Smooth metal 0.4 

Titanium fibre mesh 0.6 

Titanium porous beads 0.6 

Vitalium porous beads 0.5 

Table 4.1 Friction coefficient between cancellous bone and various metal surfaces [Shirazi-Adl et al, 1993]. 

4.2.4 Joint contact and muscle forces acting on ttre implanted femur 

In this study, the joint contact force was based on data obtained from in vivo measurement 

using an instrumented hip prosthesis [Bergmann et al, 2001]. Gait data from Bergmann et al. 

(2001) was used by Heller et al. (2001) to calculate the muscle forces. Heller et al. (2001) used the 

measured hip contact force to validate the calculated muscle forces. Their data was made available 

in the compact disc 'Hip98' [Bergmann et al., 2001; Heller et al, 2001; Morlock et al., 2001]. 

The coordinate system used in Hip98 is shown in Figure 4.7. The x-axis is parallel to the 

dorsal contour of femoral condyles in the lateral-medial direction. The y-axis is perpendicular to 

the X and z axes in the posterior-anterior direction. The z-axis is parallel to the idealised midline of 

femur. 

The Bergmann et al. (2001) data showed that fast walking and stair climbing applied the most 

significant joint contact force and moment on the hip implant as compared to other common 

activities like standing up from a chair or knee flexion. During stair climbing, the average torque 

was reported to be 23 % greater than during normal walking. Therefore, it is important to include 

this loadcase in computer simulation to study the stability of a cementless hip stem. 
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Fx X 

Condyles 

Figure 4.7 Hip coordinate system [Bergmann, 2002]. 

The loadcases suggested for implant testing from Hip98 dataset are shown in Table 4.2. The 

loads are applied to the implanted femur as shown in Figure 4.8. The distal end of the femur is 

constrained in all directions. When either walking or stair climbing loadcases are mentioned in this 

thesis, they refer to the normal walking and stair climbing loadcase shown in Table 4.2, unless 

otherwise stated. 

Joint contact force 
Abductor muscle 

Vastus lateralis 

Vastus medialis 

Figure 4.8 Joint contact and muscle loads applied to the implanted femur. 
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Activity 

Normal 
walking 

Applied 
loads 

Stair 
climbing 

Joint 
contact 

Abductor 
Vastus 

lateralis 
Joint 

contact 
Abductor 

Vastus 
lateralis 
Vastus 

medialis 

Force, % BW' Force, N" 

"x" Z — ' Resultant 

54 3Z8 -229.2 370 225 -1573 i&n 

-M . 8 ;;15.2 - 4 ^ .104 " 7 l Y " 

0.9 -1&5 -92.9 6 -127 -638 650 

593 6a6 -23&3 i 407 416 -1622 IZM 

-83 -2&6 673 -570 -203 531 805 

2.2 -224 ^35 1 15 ^.54 -928 941 

8.8 -3&6 -267.1 60 -272 -1834 1&% 

" BW- Body Weight 
'' Body weight of 686.7 N was assumed 

Table 4.2 Joint contact and muscle forces applied to the implanted femur model. 

4.2.5 Solution using MARC 2001 

All models were solved using MARC 2001 (Palo Alto, USA). This class of problem is a non-

linear contact class problem. The femur and stem were considered as two separate deformable 

bodies in contact. The contact procedure was invoked through the CONTACT option in MARC. 

MARC automatically detects surfaces of a body that comes into contact with the surface nodes and 

appropriate kinematics constraints and nodal forces are applied. The loads were applied in an 

incremental procedure. 

4.3 Sensitivity of mode! to mesh size and modelling parameters 

The sensitivity of the model to mesh size and modelling parameters were evaluated based on 

the micromotion and equivalent strain parameters. Micromotion and strains are two relevant 

predictors of the performance of hip stem in the immediate postoperative period. Micromotion has 

been widely reported as a measure of the ability of hip stem to osseointergrate in evaluation of a 

cementless hip stem in both finite element and experimental methods [Walker et al., 1987; 

Callaghan et al., 1992; Sugiyama et al., 1992; Keaveny and Bartel, 1993c; Hua and Walker, 1994; 

Biegler et al., 1995; Ramaniraka et al., 1996; Ando et al., 1999]. On the other hand, stress/strain 

has been linked to bone-remodelling, stress-shielding and implant migration in hip joint 

replacement and other type of joint replacements [Cowin and Hegedus, 1976; Beaupre et al., 1990; 

Huiskes, 1990; Cheal et al., 1992; Weinans et al., 1993; Skinner et al., 1994; Keaveny and Bartel, 

1994c; Taylor, 1997; Taylor et al., 1998; Joshi et al., 2000; Perillo-Marcone, 2001]. 

The micromotion reported in this thesis is the total micromotion, which is the resultant of all 

the components of micromotion, unless otherwise stated. The total micromotion between adjacent 

nodes was calculated as the resultant of the differences in the displacement components (in 
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directions of x, y and z axis as defined in the loading condition) between the two adjacent nodes. 

Spears et al. (2001) suggested that bone ingrowth is likely to depend on the combined effects of 

the normal and surface tangential micromotion, and therefore total micromotion is a suitable 

measure of implant stability. 

Bone is a heterogeneous material with different Young's moduli in different anatomical 

locations. Thus the reporting of stress in isolation is not appropriate when analysing bone using a 

physiological distribution of bone stiffness. A more suitable measure of bone load is strain, as this 

give a clear idea of the deformation in bone regardless of the stiffness of bone as discussed in 

Section 1.4.1.2. 

The equivalent strain is reported unless otherwise stated. The equivalent strain is a scalar 

value that represents an envelope of the direct and shear strain components and is based upon the 

classical von Mises failure criteria equation. The equivalent strain equation is shown below: 

Gg = - GXGY - SySz - GGEX + 0 . 7 5 * ( Y X Y ^ + JYZ + Yzx^)]''^ —Equation 4.2 

The sensitivity of the model to mesh size and modelling parameters was studied at the region 

of interest, which is the region of stem coated with porous beads. The micromotion and equivalent 

strain values at the bone-stem interface were reported at a cross section of the femur just below the 

neck resection level (Figure 4.9). This level is within the porous coating region of the stem and 

bone ingrowth is designed to occur here. For this chapter, only the normal walking loadcase was 

considered. 

11 

Figure 4.9 Micromotion and equivalent strain was sampled at the bone-stem interface at LI, just below the 
neck resection level. 

4.3.1 Mesh refinement study 

A mesh sensitivity study is performed to evaluate the sensitivity of the model to mesh size. 

Four different mesh sizes were created using linear tetrahedral elements. The edge length of the 
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elements in these four different meshes were 1.75, 1.6, 1.5 and 1.4 mm. The mesh refinement was 

performed in region of contact at the proximal femur while the mesh sizes in the greater 

trochanter, diaphyseal femur and part of the stem above the neck resection level were kept 

constant. The size of the meshes are shown in Table 4.3 and the increase in element number 

reflects the increase in mesh density in the region of contact. 

Mesh Element edge length, m m Number of elements Number of nodes 

1 

2 

3 

4 

L75 

1.6 

1.5 

1.4 

96560 

108346 

121706 

129823 

221M 

24674 

27414 

29188 

Table 4.3 Mesh sizes for mesh refinement study. 

The convergence of micromotion and equivalent strain was studied by using a regression 

method as reported by Perillo-Marcone ei al. (2003). The regression study for micromotion and 

equivalent strain between the coarser meshes and the finest mesh (1.4 m m mesh) were performed. 

The convergence of the meshes was evaluated using the slope of the regression line and the mean 

residual error (this is the distance of the values reported for the finest mesh (1.4 mm mesh) from 

the regression line). The micromotion around the cross section of level L I is shown in Figure 4.10 

for 1.75 and 1.4 mm models. A spline is fitted to the micromotion data to allow comparison of the 

micromotion in different mesh sizes at the same location, as the nodes are not in the same position. 

The micromotion of coarse meshes at different positions were plotted against the fine mesh. If 

both the slope of regression line and correlation coefficient are close to one, the coarse mesh 

converged to the values of the finest mesh. If plotted as in Figure 4.10, the micromotion values 

would be close to 1.4 mm model 's curve. The mean residual error is a measure of the data spread 

from the regression line. Similarly, a spline is fitted for the equivalent strain values around cross 

section of Level 1 and regression analyses were performed between the coarser meshes and the 

finest mesh. 

20 40 60 80 

Node position, mm 

100 

-1.75 mm 

1.4 mm 

67 mm 

0 mm 

<45 mm 

24 mm 

Figure 4.10 Micromotion of 1.75 and 1.4 m m models around the cross sect ion of level L I . Nodal position is 
shown on the right. 0 m m is the lateral side while 24 m m is the anterior side. 
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In Figure 4.11, the micromotion and equivalent strain values of the coarser mesh were plotted 

against the values for the finest mesh. A linear regression was performed to find the slopes and the 

correlation coefficients of the data. The correlation coefficient r^, slope and mean residual error are 

reported in Table 4.4. 

For micromotion (Figure 4.11a), there was a good correlation for 1.5 and 1.6 mm meshes, 

with correlation coefficient r^ greater than 0.99 (Table 4.4a). The regression slopes of these two 

meshes are 0.984 and 1.06 respectively, which is close to one. The relative error for these two 

meshes will be in the region of 2 and 6 %. Regression slope for the coarser 1.75 mm mesh is 

0.701, which shows that this mesh will give a high relative error of about 30%. The mean residual 

error for the 1.75, 1.6 and 1.5 mm meshes are 7.77, 0.59 and 2.38 jum respectively (Table 4.4). The 

mean residual error in the 1.6 and 1.5 mm meshes are small as compared to the 50 pm 

micromotion normally regarded as the threshold for osseointegration [Engh et al, 1992b; 

Femandes et al., 2002]. For this model, micromotion convergence was achieved for an element 

edge length less than 1.6 mm. 

For the equivalent strain data (Figure 4.11b), the 1.6 and 1.5 mm meshes also have good 

correlation (Table 4.4b). The r̂  values for the 1.6 and 1.5 mm meshes are 0.974 and 0.956 

respectively. The regression slopes for these two meshes are 0.974 and 1.012 respectively, which 

give relative errors of 2.6 and 1.2 % respectively. Regression slope for the coarser 1.75 mm mesh 

is 0.927, corresponds to relative error of 7.3%. The mean residual error for the 1.75, 1.6 and 1.5 

mm meshes are 0.0125, 0.0048 and 0.0022 % strain respectively. These mean residual errors for 

the 1.6 and 1.5 mm meshes are relatively small in comparison to yield strains of bone, which have 

been reported in the literature in the range of 0.68 and 1.3% for cortical bone [Carter et al., 1981b; 

Jepsen and Davy, 1997], and 0.61 and 0.85% for cancellous bone [Lindahl, 1976; Morgan and 

Keaveny, 2001]. Again for this model, equivalent strain convergence is achieved for mesh size of 

at least 1.6 mm. 

On the basis of these results, for the remainder of the thesis, element edge lengths of at least 

1.6 mm or lower were used. 
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Micromotion, pm Equivalent strain, % 
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Micromotion, jam 
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01 ^ &3 04 
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b 

Figure 4.11 Micromotion (a) and strain (b) values of the coarser meshes were plotted against the values of 
the 1.4 mm mesh. A linear regression is performed for the plot and is shown here as a solid line. 
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Mesh r' slope Mean residual 

error (|j,m) 
^ 1 0 

0 8 
1.75 mm 0.8230 0.7012 7.7696 

^ 1 0 

0 8 
1.6 mm 0.9992 0.9842 &5906 J 6 
1.5 mm 0.9968 1.0637 2 3 8 1 2 

# 4 
1.4 mm i 2 

is 0 

Mean residual error 

1J5 1.6 

Mesh size 

1.5 

Mesh r' slope Mean residual 

error (%) 

1.75 mm 0.8390 0.9273 0.0125 

1.6 m m 0.9742 0.9741 0.0048 

1.5 mm 0.9564 L0121 0.0022 

1.4 mm 

Mean residual error 

0.014 

B 0.008 

g 0.006 

Table 4.4 The influence of mesh size on the convergence of (a) micromotion and (b) equivalent strain. The 
coefficient of correlation r^ and slope were obtained from the linear regression of the plot of values 

of coarser meshes and 1.4 m m mesh. 

4.3.2 Modelling parameters 

The sensitivity of the model to modelling parameters was evaluated to check the robustness 

of the model. The parameters examined were convergence tolerance, contact separation force and 

contact tolerance. These three parameters were chosen because they affect the accuracy of the 

equilibrium of the model and accuracy of the contact detection. 

4.3.2.1 Convergence tolerance 

Convergence checking is used to check the accuracy of the equilibrium in the system during 

analysis. The convergence checking used for these analyses was the relative residual method, the 

default in MARC. In this method, the magnitude of the maximum residual force is compared to the 

magnitude of the maximum reaction force. Convergence is achieved if the ratio of these two forces 

is smaller than the tolerance set. Mathematically, a convergence criterion is satisfied if Equation 

4.3 is satisfied. 
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T7 

J7 
< Tol — Equation 4.3 

Fresiduai IS the maximum absolute residual force and Freactwn is the maximum absolute reaction 

force. Tol is the convergence tolerance. 

The convergence tolerance was varied from 0.01 to 0.1. Similar to mesh convergence study in 

Section 4.3.1, the sensitivity of micromotion and equivalent strain to convergence tolerance was 

checked. The same regression method was used to quantify the error. 

The micromotion and equivalent strain from the analysis with a tolerance value of 0.1 were 

plotted against values from analysis with a tolerance value of 0.01 (Figure 4.12a and b). The plot 

for the analysis with a tolerance value of 0.05 is not shown because it is very similar. The 

micromotion and equivalent strain values were not sensitive to the convergence tolerance for this 

model. In Table 4.5a, the slopes of the linear regressions for micromotion of the analyses with 

tolerance values of 0.1 and 0.05 relative to the tolerances of 0.01 are 1.006 and 1.004 respectively. 

Both the slopes of the linear regression for equivalent strain of the 0.1 and 0.05 tolerance values 

are 1.002 (Table 4.5b). The r^ of micromotion and equivalent strain were 0.99 for tolerance values 

of 0.1 and 0.05. The mean residual error for micromotion is less than 0.1 pm and the mean residual 

error for equivalent strain is about 0.001% strain for tolerance values of 0.1 and 0.05. Therefore, 

convergence tolerance value of 0.1 did not introduce significant error relative to smaller 

convergence tolerance. From analysis run-time point of view, running the analysis with tolerance 

of 0.01 is likely to increase the run-time by more than two times the run-time of the analysis with 

tolerance of 0.1 (Figure 4.13). For the remainder of this thesis, a convergence tolerance of 0.1 was 

used. 
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0.1 vs. 

0.01 

0.400 

0.300 

0.200 

0.100 

0.000 

20 40 60 0.000 &100 0.200 0.300 0.400 

Micromotion, jum 

a 

Equivalent strain, % 

b 

Figure 4.12 Micromotion and equivalent strain values from analyses with convergence tolerance of 0.1 and 
0.01 were plotted. The analysis with convergence tolerance of 0.05 is not shown as the values are 

very similar. A linear regression was fitted and shown here as the solid line. 

Micromotion, (a,m Equivalent strain, % 

Convergence 
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Convergence 
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Table 4.5 The influence of convergence tolerance on (a) micromotion and (b) equivalent strain. 

Analysis run-time 

=< 80 

Convergence tolerance 

Figure 4.13 Analysis run-time for different convergence tolerance values. The nin-time is almost identical 
for tolerance values of 0.1 and 0.05, but more than doubled when tolerance was set to 0.01. 
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4.3.2.2 Parameters influencing contact - Contact tolerance and contact separation 

force 

Initially in the zero increment, the femur and the stem are in contact with each other. In 

increment one and subsequent increments, a small percentage of the loads are applied. When this 

happens, some nodes become separated and some nodes that have separated come into contact 

again. In MARC, this process of contact and separation is tracked by the direct constraint method. 

This procedure tracks the motion of the bodies and when they come into contact, direct constraints 

are placed on the motion using both kinematics constraints on nodal movement and nodal forces. 

The detection and separation of contact is described briefly below. A more detail description can 

be found in MARC 2001 reference manual Volume A (Theory and User information). 

During the incremental procedure, MARC checks each potential contact node to see whether 

it is near a contact segment. In 3-D deformable bodies, the contact segments are the faces of the 

deformable bodies. The use of CONTACT TABLE option indicates the areas of contact and this 

reduces the amount of computation. The motion of each contact node is checked to see whether it 

has penetrated a surface by determining whether it has crossed a segment. 

However, due to numerical consideration, it is unlikely that a node exactly contacts the 

surface of a segment. Therefore, a contact tolerance has to be set to define the distance from the 

segment where the node is considered to be in contact (Figure 4.14). MARC calculates the contact 

tolerance as 5% or the smallest element side. This value can be changed in the CONTACT 

TABLE option. During each increment, it is possible that a node can move beyond the contact 

tolerance. In this case, the node is considered to have penetrated the surface and the increment size 

will be reduced. Setting a very small contact tolerance can increase the computational cost due to 

difficulty in contact detection. However, a large contact tolerance will caused premature contact 

detection, which will give lower accuracy. 

2 X Tolerance 

Figure 4.14 Contact zone within which node is considered to be in contact with a segment. 

When a deformable body contacts another deformable body, a multipoint constraint is 

automatically imposed. For three-dimensional contact, five nodes - four from the patch and the 
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contacting node itself - are retained to form the constraint equation. The contacting node is able to 

slide on the contacted segment subjected to the friction conditions. 

A node that has come into contact with a surface may separate from the surface during the 

subsequent iteration or increment. Separation occurs when the reaction force between the node and 

the surface becomes tensile or positive. This can be considered as a node should separate when the 

tensile force or normal stress exceeds the surface tension. However, a small positive reaction force 

might be due only to errors in equilibrium, the tensile force or stress required to cause separation 

can be entered by the user and this is known as the contact separation force. This avoids 

unnecessary separations. 

4.3.2.3 Contact tolerance 

Three analyses were run with the contact tolerance values set to 0.01, 0.0075 and 0.005 mm. 

The sensitivity of micromotion and equivalent sfrain to contact tolerance was evaluated using the 

same method described previously. If the model is not sensitive to these parameters, then the 

contact tolerance is sufficient to capture the moment of contact consistently. 

The model was found to be insensitive to contact tolerance within the range of 0.01 and 0.005 

mm. Micromotion and equivalent strain values of the analyses with contact tolerances of 0.01 and 

0.0075 mm were plotted against the analysis with a contact tolerance of 0.005 mm. In Figure 4.15 

only the plot between the 0.01 and 0.005 mm analyses is shown because of the similarity with the 

plot between the 0.0075 and 0.005 mm analyses. The slopes of the linear regressions for both plots 

are shown in Table 4.6a (micromotion) and b (equivalent strain). For linear regression of 

micromotion, the slopes for the 0.01 and 0.0075 mm analyses relative to the 0.005 mm analyses 

are 1.009 and 1.004 respectively (Table 4.6a), which are very close to 1 and showed small relative 

error. For linear regression of equivalent strain, the slope is 0.997 and 0.995 for contact tolerance 

of 0.01 and 0.0075 respectively. Again, the slopes are nearly one. The r^ of micromotion and 

equivalent strain are 0.98 for contact tolerance of 0.01 and 0.0075. The mean residual micromotion 

for both analyses is less than 0.072 |um and the mean residual equivalent sfrain is less than 

0.0011% sfrain, values which are small in comparison to micromotion threshold and yield strain of 

bone. As far as possible, the analyses in this thesis were performed with contact tolerance of about 

0.01 mm. 
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Micromotion, pm Equivalent strain, % 
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Figure 4.15 Micromotion and equivalent strain values f rom analyses with contact tolerance of 0.01 and 
0.005 mm were plotted. The analysis with contact tolerance of 0.0075 mm is not shown as the 

values are very similar. A linear regression was fitted and shown here as the solid line. 

Micromotion, pm Equivalent strain, % 

Contact 

tolerance, mm 
r' slope 

Mean residual 

micromotion, 

|im 

Contact 

tolerance, 

mm 

r ' slope 
Mean residual 

strain, % 

aoloo 0.98 L009 &221 0.0100 0.98 0.997 0.00203 

0.0075 &98 1.004 0.113 0.0075 0.98 0.995 0.00116 

0.0050 _ _ — OXW50 - - -

Table 4.6 The influence of contact tolerance on (a) micromotion and (b) equivalent strain. 

4.3.2.4 Contact separation force 

The default contact separation force is the maximum residual force. Leaving this value to 

default, the contact separation force will vary during the analysis from increment to increment and 

also in different analyses. The effect of a variable contact separation force on micromotion and 

equivalent strain values will be hard to judge. In order to standardize this value for different 

analyses, the model sensitivity to this parameter was evaluated by running three analyses with 

contact separation forces of 0.05, 0.01 and 0.005. 

The model is insensitive to the contact separation force between 0.05 and 0.005. In Figure 

4.16,the micromotion and equivalent strain values of the analysis with contact separation force of 

0.05 were plotted against the values from the analysis with contact separation force of 0.005. 

Similar plot with analysis with contact separation force of 0.01 is not shown because the plot is 

very similar. Table 4.7 shows the regression slopes for micromotion and equivalent strain for 

different values of contact separation force. For both micromotion and strain, the regression slopes 

are nearly 1 for both contact separation force of 0.05 and 0.01. The values of both micromotion 
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and equivalent strain are greater than 0.99 for both 0.05 and 0.01 contact separation force. The 

mean residual micromotions are 0.041 and 0.039 jum for the 0.05 and 0.01 analyses respectively. 

The mean residual equivalent strains are 0.0004% strain for the former and 0.00038% for the 

latter. Both the mean residual micromotion and equivalent strains are negligible in comparison to 

bone ingrowth threshold and bone yield strain. The contact separation force for the remainder of 

this thesis was kept at about 0.05. 

0^5 
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0.400 
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Figure 4.16 Micromotion and equivalent strain values from analyses with contact separation force of 0.05 
and 0.005 were plotted. The analysis with contact separation force of 0.01 is not shown as the 

values are very similar. A linear regression was fitted and shown here as the solid line. 
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Table 4.7 The influence of contact separation force on (a) micromotion and (b) equivalent strain. 
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4.4 Summary 

This is a robust model that has been shown to be insensitive to the following modelling 

parameters - convergence tolerance, contact tolerance and contact separation force. Bemakiewicz 

and Viceconti (2002) stresses on the importance of identifying parameters that affect the results of 

finite element contact analysis in orthopaedic biomechanics. Bemakiewicz and Viceconti (2002) 

suggested that the parameters evaluated in the previous section could have significant influence on 

the result of a contact study. The parameters were evaluated and did not introduce significant 

variability to the values of the predicted micromotion and equivalent strain. The values used in this 

thesis did not deviate much from the range of values evaluated in this chapter and therefore should 

not introduce significant errors on the predicted micromotion and equivalent strain. 
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Chapter 5 Effect of different bone material 

properties on initial stability of the IPS stem 

5.1 Introduction 

The Young's modulus and strength of bone vary between each individual due to differences 

in the degree of porosity, mineralization and architecture of bone. The differences between 

individuals can be significant depending on their diet [Cowin, 2001], activities [Cowin, 2001], age 

[McCalden et ai, 1993; Ding et al, 1997; McCalden et al, 1997; Zioupos and Currey, 1998; 

Moselkilde, 2000] and disease [Grynpas et al., 1991; Zysset et al, 1994; Li and Aspden, 1997; 

Yang et al., 1997; Fazzalari et al., 1998; Bogoch and Moran, 1999; Moselkilde, 2000; Ding et al., 

2001]. It is a well-known fact that active individuals normally have stronger bones due to higher 

degree of strain stimulus for their skeletal structure which leads to biological modelling of stronger 

bone structure. 

After the age of 30 years, bone mass decreases slowly with age, which is thought to be 

caused by a small deficit of osteoblast deposition relative to osteoclast resorption [Ding et al., 

1997; Cowin, 2001; van der Linden et al., 2001]. However, the loss of bone mass is different 

between individuals. For females, hormonal imbalance during the menopause causes an increase 

in bone resorption depth and activation frequency, leading to osteoporotic bone that is more 

susceptible to fracture [Mosley, 2000]. Although more prevalent among females, osteoporosis can 

also affect aging males [Cowin, 2001]. A diet riched in calcium may slow down the osteoporotic 

process among osteoporosis patient. 

Among the patients undergoing total hip arthroplasty, the cause could be due to bone diseases 

like osteoporosis, osteoarthritis, rheumatoid arthritis and avascular necrosis [Mont et al., 1992]. 

Bone diseases have been shown to affect the quality of bone like ultimate strength. Young's 

modulus and fracture energy [Grynpas et al., 1991; Zysset et al., 1994; Li and Aspden, 1997; Yang 

et al., 1997; Fazzalari et al., 1998; Moselkilde, 2000; Ding et al., 2001]. The patients may have 

different bone quality, and yet they may have similar femur geometry and are implanted with hip 

stems of the same design and size. The performance of the hip stem in each patient is likely to be 

different due to differences in bone quality. Better quality bone provides better support for a hip 

implant and normally provides better fixation and greater satisfaction to the patient [Robertson et 

al., 1988; Engh et al., 1990]. 

Mechanical properties of bone change with age (Table 5.1). Zioupos and Currey (1998) 

reported reduction in Young's modulus of cortical bone in diaphyseal femur of about 2.3% per 

decade. One study reported that ultimate stress and strain of cortical bone reduced by 5 and 9% per 

decade respectively, but Young's modulus was unchanged by age [McCalden et al., 1993]. 
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Cortical bone specimens from elderly donors have been selectively taken from sites with thicker 

wall and this could have biased the selection towards bone with Young's modulus that has not 

changed significantly with age. Courtney et al. (1996) reported a more modest reduction in 

Young's modulus of cortical bone. They reported 6% reduction in Young's modulus between two 

groups of bone specimens with mean age of 26 and 72 years respectively. Ding et al. (1997) 

reported that tibia cancellous bone has the highest modulus between age 40 and 50 years; 

subsequently, reductions of as much as 40% between the age of 50 and 80 years old are possible. 

McCalden et al. (1997) reported 8.5% reduction of ultimate stress per decade in the distal femur 

cancellous bone. From these studies, cancellous bone seems to be losing its elasticity and strength 

faster with age than cortical bone. This is not surprising considering bone turnover of cancellous 

bone is much faster than cortical bone, and with every remodelling, some cancellous bone mass is 

lost [Cowin, 2001]. 

Bone quality changes in pathological bone is more complex (Table 5.1). Ding et al. (2001) 

reported that Young's modulus of cancellous bone during early-stage osteoarthritis in the proximal 

tibia is 42 % less than normal bone, while some studies showed that in late stage osteoarthritis, 

Young's moduli in cancellous bone is greater than normal bone [Li and Aspden, 1997]. Li and 

Aspden (1997) reported highest mean Young's modulus for osteoarthritic bone (14.8% more than 

normal bone), followed by normal bone and osteoporotic bone (20% less than normal. Zysset et al. 

(1994) reported that progression of osteoarthritis at the proximal tibia causes 65% reduction in 

stiffness of subchondral bone but not epiphyseal and metaphyseal bone. In comparison to normal 

and osteoarthritis bone, rheumatoid arthritis bone has been reported to be 47.5% and 39.5% less 

stiff respectively [Yang et al, 1997]. 

Although it is known that bone quality affects the performance of cementless hip stems, it is 

difficult to quantify the bone quality of cadaveric femurs used in experimental studies of hip stems 

stability. Experimental studies normally report mean micromotion and the range of micromotion 

from a group of cadaveric femurs [Walker et al., 1987; Schneider et al., 1989; Burke et al., 1991; 

Callaghan et al., 1992; Sugiyama et al., 1992; Hua and Walker, 1994]. In cadaveric studies, femur 

showing no pathologies are often used and therefore age is likely to be the only factor affecting 

bone quality. However, without a quantification of bone quality, it is not possible to predict the 

performance of the studied hip stems in relation to bone quality. It is therefore difficult to have an 

objective measure to decide whether a patient's bone is of sufficient quality to use cementless stem 

or the patient should receive cemented stem. Therefore during the design stage, consideration 

should be given to design a cementless stem that is able to give satisfactory performance even in 

patients with poor bone quality. 

Finite element studies have been used extensively to study the stability of cementless hip 

stems [Rubin et al., 1993; Keaveny and Bartel, 1993c; Kuiper and Huiskes, 1996; Ramaniraka et 

al., 1996; Ando et al, 1999; Viceconti et al., 2000; Femandes et al., 2002]. A study by Viceconti 
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et al. (2000) which combined experimental and finite element study showed that finite element 

study can provide sufficient accuracy to predict the performance of a cementless stem. However, it 

has not been reported in the literature the effect of bone quality on the stability of hip stem. It is 

therefore easier to study the effect of bone quality on performance of cementless hip stem using 

finite element study. 

In assessing the performance of hip stems, other studies have normally separately examined 

either implant micromotion or stress/strain. As discussed in Section 3.8, high micromotions can 

cause failure of bone ingrowth. However, as discussed in Section 3.4, high interface stress or strain 

could also cause fatigue failure of the supporting cancellous bone causing excessive migration. 

This could also lead to fixation failure. The evaluation of interface strain is therefore vital as part 

of the preclinical assessment of hip stem designs as this is a measure of the risk of implant 

migration. Fatigue life of supporting cancellous bone in the first few months postoperatively could 

be affected by a combination of the damage of bone due to weight bearing and also damage of 

bone during the insertion of the stem. Therefore, both the interface micromotion and strain should 

be examine together as part of the preclinical assessment of hip stem designs. 

In this study, the effect of bone and stem quality on stability of the IPS stem was examined. 

The objectives were to look at 

1) the sensitivity of cementless stem's stability as a result of variation in bone quality. 

2) the sensitivity of the interface bone strain as a result of changes in bone quality. 

3) is the assessment of implant stability based on one set of bone CT scan data adequate? 
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Author 
Ding et al, 1997 TB 

Location 
Proximal tibia 

Factor of change 
Age 

Properties change 
E = -40% 

CTult= -50% 

Note on changes of properties 
Reduction between 50-80 years 
old 

Courtney e? a/., 1996 CB Diaphyseal femur Age E = -6% Reduction between 26-72 years 
old 

McCalden ef aZ., 1993 CB Diaphyseal femur Age Guit = -5% 
Suit ~ - 9% 

Reduction between 20-102 
years old 

McCalden et al, 1997 TB Distal femur Age CTuit = -8.5 %/decade Reduction between 20-102 
years old 

Zioupos and Currey, 1998 CB Mid diaphyseal femur Age E = -2.3 %/decade Reduction between 35-92 years 
old 

Ding et al., 2001 SB Proximal tibia Osteoarthritis E = - 42 % Early stage osteoarthritis 

Zysset et al, 1994 TB Proximal tibia 
- subchondral 

- Epiphyseal 

Osteoarthritis 
Medial 
Lateral 

E = - 58.6% 
E = -69.0% 
E = 0 % 

Increment of osteoarthritis 
stages from 1 to 3 

- Metaphyseal E = 0 % 

Yang etal., 1997 TB Proximal tibia Normal E = 1287 N/mm Data of normal and 

Osteoarthritis E = 1116 N/mm osteoarthritis bone from 

Rheumatoid arthritis E = 675 N/mm another study. 

Li and Aspden, 1997 TB Femoral head Normal E=310MPa Mean values of regions in 
Osteoarthritis E = 356 MPa femoral head and neck. 
Osteoporosis E = 247 MPa 

o 

a 
Q. 

O "O (D 
a 
(D 

Table 5.1 Changes to mechanical properties of bone due to aging and diseases reported in the literature. E = Young's modulus, Quit = ultimate stress, Suu = ultimate strain, TB = 
cancellous bone, CB = cortical bone, SB = subchondral bone. 
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5.2 Modification to material properties of bone 

The generation and assessment of the finite element model has been discussed in Chapter 4. 

In this study, the same model was used but the material properties of the femur were 

systematically reduced. The reduction of bone quality was achieved by scaling the density-elastic 

modulus relationship with a constant. Using Equation 4.1 (Section 4.2.2), the Young's modulus of 

each individual element was systematically reduced by 10%, 20%, 30% and 40%. The reduction 

was performed by multiplying the coefficient in Equation 4.1 by the appropriate factor (Table 5.2). 

The result of this action to the density-elastic modulus relationship is shown in Figure 5,1. 

Reduction of 40% of Young's modulus in cancellous bone can be expected due to changes in bone 

density with age [Ding et al, 1997] or disease [Yang et al, 1997]. These five models will be 

referred to as the Bone-0, Bone-10, Bone-20, Bone-30 and Bone-40 models to correspond to the 

reduction of modulus by 0, 10, 20, 30 and 40% respectively. 

Reduction in Young's moduli 0% 10% 20% 30% 40% 

Coefficient 2875.0 2587.5 2300.0 2012.5 17%^ 

Table 5.2 Modified coefficients of Equation 4.1, E = 2875p^. The bone's Young's moduli have been reduced 
by 10 and 40 %. 
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Figure 5.1 Systematic reduction of density-elastic modulus relationship by 10%, 20%, 30% and 40%. This 
could be seen as reduction of bone quality cause by aging or disease. 

However, bone remodelling in cortical bone is slower than cancellous bone [Cowin, 2001]. 

The rate of Young's modulus change with age for cortical bone has also been reported to be lower 

at 2.3% per decade [Zioupos and Currey, 1998]. The reduction of cortical bone Young's modulus 

will be about 11.5 % from the age of 30 to 80 years old, according to this study. In order to 

account for a slower reduction of cortical bone Young's modulus in relation to cancellous bone. 
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two more analyses were performed with 0 and 20% reduction in cortical bone Young's modulus. 

However Cowin (2001) reported that humans lost at least 30% of the bone mass by age of 70. 

Since 80% of human bone mass comes from cortical bone, the thickness of cortical bone will also 

reduce with age [McCalden et al, 1993; Cowin, 2001]. The reduction of cortical bone Young's 

modulus greater than the reduction reported by Zioupos and Currey (1998) can be seen as 

simulating the reduction of thickness of cortical bone as well as reduction of Young's modulus, as 

has been reported in another finite element analysis of a shoulder joint prosthesis [Lacroix et al., 

2000]. The cancellous bone Young's modulus was assumed to reduce by 40% in both cases and in 

the original femur, the Young's modulus of cancellous bone was assumed to be less than 1500 

MPa. Brown (1980) reported cancellous bone values of less than 1400 MPa in the intertrochanteric 

region and greater trochanter. In finite element studies, 1500 MPa is about the highest value 

assigned for cancellous bone stiffness [Duda et al., 1998]. These two analyses looked at the 

individual effect of cancellous and cortical bones qualities on the initial micromotion and strain. 

These two models will be referred to as the 40TB-0CB (the moduli of cancellous and cortical bone 

are reduced by 40% and 0% respectively) and 40TB-20CB (the moduli of cancellous and cortical 

bone are reduced by 40% and 20% respectively) models. 

The total micromotion and equivalent strain at the implanted femur are reported here. Only 

the walking loadcase was analysed for this study (Section 4.2.4). Micromotion and equivalent 

strain are sampled in three different cross-sectional levels as shown in Figure 5.2. LI is just below 

the neck resection level, L2 at the intertrochanteric region and L3 is at the distal end of the porous 

coating of the stem. 

Figure 5.2 Results are sampled from cross-sectional levels LI, L2 and L3. 
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To compare the effect of material property on contact area, the percentage area under 50 jum 

micromotion at the bone-stem interface was measured. This is the ratio of length between nodes 

with micromotion less than 50 jiim over the total length of the perimeter of the bone-implant 

interface at each level (Figure 5.3). This gives a measure of the of predicted area of bone ingrowth 

in each reported cross-section. 50 pm is considered as a reasonable threshold value that allows 

osseointegration [Engh et al, 1992b; Bragdon et al., 1996; Fernandas et al, 2002] as discussed in 

Section 3.8.1. 

Figure 5.3 Area under 50 pLtn is defined as the ratio of the length of thick line (nodes with micromotion less 
than 50 over the bone-stem interface perimeter. 

5.3 Influence of Young's modulus on stem micromotion and femoral strain 

5.3.1 Effect of reducing Young's modulus of cancellous and cortical bone by the 

same percentage 

Initial stability of IPS stem is sensitive to changes in Young's modulus of bone. Reduction in 

Young's modulus of bone increases the micromotion of the hip stem. Figure 5.4 illustrates the 

changes in micromotion and area of bone ingrowth due to changes in Young's moduli. 

Generally, predicted area under 50 p.m decreases to correspond with reduction of Young's 

modulus as shown in Figure 5.4. The reduction in bone ingrowth area with Young's modulus is 

higher at LI than at L2 and L3. The predicted area of bone ingrowth also reduces by a smaller 

amount at the more distal level. At level LI , the area of bone ingrowth is predicted to be highest in 

the Bone-0 model and lowest in Bone-40 model with values of 88% and 28% respectively. At 

level L2 and L3, areas of bone ingrowth remain high in Bone-0 model with values of 97% and 

87% respectively. Predicted areas of bone ingrowth is still smallest in Bone-40 model, but with 

values of 56 and 76% at L2 and L3 respectively, are considerably higher than at LI. Overall, 

predicted bone ingrowth of the stiffest femur is highest. Bone-0 model showed good initial 

stability with bone ingrowth higher than 80% at all levels. The greater reduction in bone ingrowth 
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proximally could be due to a softer cortical bone envelope and a thicker layer of cancellous bone, 

which imposed less constraint to the stem. Distally, the stem is closer to the cortical bone envelope 

and hence the bone is stiffer. 

Generally, the peak micromotions are higher at LI and L3 than at L2, but the values of each 

model are in a narrow range. The peak micromotion showed a non-linear increment with reduction 

of Young's modulus as shown in Figure 5.4. In the Bone-0 model, peak micromotion is between 

50-55 |Lim at LI, L2 and L3. This is just over the 50 jiim bone ingrowth threshold value. On the 

other hand, in Bone-40 model the peak micromotion is between 80-91 jum. This is much higher 

than the 50 jj.m bone ingrowth threshold. Comparing Bone-0 and Bone-40, peak micromotion has 

increased significantly. 

Figure 5.5 shows the distribution of micromotion at levels LI, L2 and L3. At level LI, peak 

micromotion consistently occurred at the anterior side in every model. The lateral micromotion is 

consistently the lowest in every model. The medial section retained high level of micromotion. At 

level L2, the medial side has the highest micromotion, with lowest micromotion at the posterior-

lateral side. Level L3 also showed highest micromotion at the medial side. The lowest 

micromotion is at the posterior-lateral side. 

Figure 5.6 shows the micromotion component in the anterior-posterior (AP), superior-inferior 

(SI) and medial-lateral (ML) directions for selected medial and lateral nodes at LI and L3. 

Rotational micromotions on the horizontal plane increase with reduction of Young's modulus, 

which can be seen from the higher micromotions in the AP direction on the medial and lateral 

nodes. The directions are opposite for the medial and lateral nodes. The higher micromotion in the 

SI direction shows that the axial micromotion is also higher with reduction of Young's modulus. 

Reduction of Young's modulus increases both rotational and axial micromotions. 

Poor bone quality in the femur also lead to higher strain in the interface bone. Figure 5.7 

shows consistent increase in equivalent strain in the interface bone as the Young's modulus 

decreased. The maximum equivalent strain is also shown to be increasing in a non-linear fashion; 

with a gradually increasing gradient as the Young's modulus decreased. The mean equivalent 

strains are between 0.14 and 0.19% and maximum equivalent strains are between 0.28 and 0.36% 

for Bone-0 model. In comparison, the mean equivalent strains are between 0.23 and 0.31% and 

maximum equivalent strains are between 0.45 and 0.6% for Bone-40 model. In comparison to 

Bone-0 model, the equivalent strain is significantly higher for the Bone-40 model. The maximum 

equivalent strains in the Bone-40 model are close to the yield strain value of cancellous bone, 

which is about 0.7% strain. 
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5.3.2 Effect of reducing Young's modulus of cortical bone independent of 

cancellous bone 

Figure 5.8 compares the average and maximum micromotion of Bone-0, Bone-40, 40TB-0CB 

and 40TB-20CB. Generally, there is a greater micromotion increase proximally than distally when 

only the cancellous bone modulus is reduced. The average and maximum micromotions of 40TB-

OCB and 40TB-20CB fall between the values of Bone-0 and Bone-40. Reducing only the Young's 

modulus of cancellous bone by 40% (40TB-0CB), the average micromotion increased by less than 

22% and the peak micromotion increased by less than 25% at L I , L2 and L3 in comparison to 

Bone-0. The highest micromotion increase occurred at LI, while L2 is higher than L3. The 

average micromotion increased by 15 and 13% in L2 and L3 respectively. Therefore, percentage 

micromotion increase is greater proximally when cancellous bone Young's modulus is reduced 

independently of cortical bone. 

Generally, reducing cortical bone modulus increases distal micromotion more than proximal 

micromotion. When the cancellous bone Young's modulus was reduced by 40%, and cortical bone 

Young's modulus was reduced by 20% (40TB-20CB) and 40% (Bone-40) respectively, the 

increase in micromotion is greatest at L2 and L3 for both models in comparison to Bone-0. At L2, 

average micromotion in 40TB-20CB and Bone-40 increased by 35 and 66% respectively. In 

comparison, average micromotion increased only by 15% in 40TB-OCB. The increase of average 

micromotion at L2 is about 4 times greater in model Bone-40 than 40TB-0CB, in comparison to 

Bone-0. At L3, average micromotion increased by 13, 35 and 69% in models 40TB-0CB, 40TB-

20CB and Bone-40 respectively. The increase of average micromotion at L3 is five times greater 

in model Bone-40 than 40TB-0CB, in comparison to Bone-0. At LI , average micromotion 

increased by 22, 39 and 64% in 40TB-0CB, 40TB-20CB and Bone-40 respectively. The increase 

of average micromotion at LI is only three times greater in model Bone-40 than model 40-TB-

OCB, in comparison to Bone-0. The comparison of micromotion change at level LI, L2 and L3 

shows that the percentage micromotion change is greater distally when Young's modulus of 

cortical bone is reduced. This is most likely to be due to thinner layer of cancellous bone and 

thicker layer of cortical bone distally. Therefore, reducing the Young's modulus of cortical bone 

has a greater effect on micromotion distally. 

Similar to micromotion, the reduction of cortical bone modulus affects the more distal 

equivalent strain more than the more proximal equivalent strain. Figure 5.9 shows the minimum, 

peak and mean equivalent strain in Bone-0, Bone-40, 40TB-0CB and 40TB-20CB. Reducing the 

Young's modulus of cancellous bone only (model 40TB-0CB), average equivalent strain increase 

by 37, 21 and 22% at LI, L2 and L3 respectively in comparison to Bone-0. Proximal strain 

increase is more than distal strain increase. Reducing the Young's modulus of cortical bone by 

20% and cancellous bone by 40% (40TB-20CB), average equivalent strain increase by 49, 39 and 
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42% at LI , L2 and L3 respectively. Comparing model 40TB-20CB and 40TB-0CB, there is a 

higher percentage equivalent strain increase in the former at level L2 and L3 than LI. Since there 

is thicker layer of cancellous bone in LI than the more distal L2 and L3, reducing the Young's 

modulus of cortical bone has greater effect on the stiffness of the femur in L2 and L3. Therefore, 

reducing Young's modulus of cortical bone increases the equivalent strain more distally than 

proximally. The maximum equivalent strain also increases with decreasing Young's modulus. 
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5.4 Discussion 

Initial stability of the hip stem is affected by bone Young's modulus. The results showed that 

reduction in the modulus of bone leads to corresponding increase in interface micromotion. When 

Young's modulus of cortical and cancellous bones is reduced by 40%, there was 65% increase in 

the predicted peak micromotion. The increase in micromotion is not confine to any direction. All 

the components of micromotion on the medial and lateral nodes showed increase in micromotion 

when Young's modulus of bone was reduced. 

The increase in interface micromotion also reduced the area of bone ingrowth. This is perhaps 

a significant quantity that should be given more attention. Increase in maximum micromotion 

without corresponding serious reduction in area of bone ingrowth is not as important. The result in 

this study has shown that with 40% reduction in bone stiffness, the predicted area of bone 

ingrowth has reduced to 28% at the proximal LI region, to about 55-60% at L2 and L3. In normal 

bone (Bone-0), the predicted area of bone ingrowth is well over 80% in all these regions. The 

range of micromotion in each level is quite wide for the IPS stem. For example, at LI , 

micromotion ranged from 11 to 55 |j.m. If the range of micromotion is narrower, say 40-50 |J,m, 

reduction in stiffness by 40% is more likely to cause most of the interface area to exceed 50 jum 

micromotion. A stem design with a narrower range of micromotion and the average micromotion 

is near the bone ingrowth threshold in normal bone is more likely to fail to achieve significant 

fixation in poorer quality bone. 

With aging, the modulus of cancellous bone reduces faster than modulus of cortical bone 

[Courtney et al, 1996; Ding et al, 1997; Zioupos and Currey, 1998]. The effect of reducing 

Young's modulus of cortical and cancellous bone was studied. Reducing only the Young's 

modulus of cancellous bone increases the interface micromotion, but not as much as the 

micromotion increase that was calculated when Young's modulus of cortical bone was reduced as 

well. Reducing Young's modulus of cancellous bone only has greater effect on micromotion 

proximally than distally. The thickness of cortical bone is less proximally than distally. The 

thickness of cancellous bone is significantly more proximally than distally. Therefore, cancellous 

bone has greater influence on the stiffness of the femur proximally than distally. Likewise, 

reducing the Young's modulus of cortical bone has greater effect on the micromotion distally. 

This study has shown that that the overall stiffness of the femur dictates the interface 

micromotion rather than just the stiffness of interface bone. The effect of femoral stiffness on 

initial stability has not been reported in the literature before. Presently, more emphasis is given to 

modifying design of stems to improve performance of hip stem. However, assessing the variability 

of performance of new designs due to different quality of femurs is important to provide more 

meaningful risk assessment in different patients. 
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Reduction of cortical and cancellous bone by 40% in this study is reasonable to account for 

stiffness loss of the femur due to disease and age. Although Young's modulus of cortical bone is 

reported to decrease by only about 11.5% over five decades [Zioupos and Currey, 1998], it is not 

unreasonable to reduce the Young's modulus cortical bone by 40% in this micromotion study in 

order to simulate the corresponding reduction of thickness of cortical bone that also occurs with 

age. Cowin (2001) reported that human bone loses at least 30% of bone mass by the age of 70 

years. Thickness of cortical bone reduced with aging and porosity also increases. Therefore, 

although Young's modulus of cortical bone does not reduce by 40%, the reduction in cortical bone 

thickness reduces the overall contribution of cortical bone to the stiffness of the femur. Since 

human cortical bone makes up 80% of bone mass, it must have lost quite a high percentage of its 

mass. In a finite element study of glenoid replacement prosthesis, Lacroix et al. (2000) reduced the 

Young's modulus of cortical bone by 50% to simulate both the change of stiffness and thickness of 

cortical bone due to rheumatoid arthritis. Therefore, the values used in this study are within the 

values reported in the literature. 

It is difficult to compare the results of this study with result of previous finite element studies. 

Table 3.2 (Section 3.8.3) showed some of the results and loading conditions in other finite element 

studies. These studies have used a wide range of loading, different geometry and material 

properties of the femur, and different stem designs. The majority of the studies have reported range 

of micromotion of less than 100 )j,m and this is in the range of the present study [Biegler et al., 

1995; Kuiper and Huiskes, 1996; Ando et al., 1999]. However, stems with poor fit and fill have 

been reported to have micromotions in the range of 150 |Lim [Ando et al, 1999]. The results 

reported by Rubin et al. (1993) are much higher, but this study reported extensive plastic 

deformation (up to 400 times plastic yield criteria) of the interface bone. The amount of plastic 

deformation is not physiological, probably due to very low stiffness of cancellous bone in the 

model. The results reported by Keaveny et al. (1993c) are quite high as well, but the joint contact 

load in their study was about twice the value used in this study. However, for the collarless stem, 

Keaveny et al. (1993 c) also reported lower proximal lateral micromotion and higher medial 

micromotion, similar to this study. In contrast Ramaniraka et al. (1996) reported high micromotion 

at both proximal lateral and proximal medial region of the stem. Their results were quite high, 

although the joint contact force is quite similar to the load used in the present study and those 

reported by two other studies [Biegler et al., 1995; Ando et al., 1999]. However the stiffness of the 

bone is not mentioned. The higher micromotion could be due to lower bone stiffness or stem 

design. 

Besides affecting the micromotion, Young's modulus reduction also influences the strain at 

the interface bone. Reducing the Young's modulus of bone increases the interface strain. 

Maximum strain in LI increases from about 0.36 to 0.6 % strain when the Young's modulus of 

both cortical and cancellous bone was reduced by 40%. 0.6 % strain is quite high and is 
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approaching the yield strain of cancellous bone (Table 1.3, Section 1.4.1.2). Similar to 

micromotion, proximal strain (LI) increase more with reduction of cancellous bone stiffness than 

more distal L2 and L3. Reduction of cortical bone stiffness will therefore affect the more distal L2 

and L3 more than LI. 

Similar to initial micromotion, this study has also shown that the interface strain is dependent 

on the overall stiffness of the femur rather than just the interface bone. Compressive fatigue tests 

of bovine cancellous bone showed that the transition to rapid creep accumulation occurred at about 

0.6 % strain [Bowman et al, 1998], Bowman's et al. (1998) study showed that creep strain 

accumulation explained a significant part of the total permanent strain in bovine cancellous bone 

during fatigue testing, while crack growth and accumulation could possibly explain the remaining 

permanent strain. Before bone ingrowth occurs, if the strain is greater than the rapid creep rate 

regime, permanent creep deformation can accumulate rapidly due to repeated loading. This can 

cause rapid subsidence of stem and result in failure of fixation. High initial migration rate has been 

associated with failure of implant fixation [Freeman and Plante-Bordeneuve, 1994]. High interface 

cancellous bone stresses have been linked to high implant migration rates in the implanted 

proximal femur [Taylor et al., 1995; Taylor, 1997]. The Freeman stem as either cemented, HA 

coated and smooth press-fit stems have been modelled and the maximum interface cancellous bone 

stress in the models has been found to follow the trend of the stem migration measured in vivo. 

The risk of excessive migration before fixation occurs is therefore higher in poorer quality bone. 

This study has shown that the initial stability of IPS stem is affected by reduction in bone 

quality particularly at the proximal femur. The reduction in area under 50 jiim in the model Bone-0 

where Young's modulus is reduced by 40% is greatest at the proximal region. The degree of bone 

ingrowth in this critical region is therefore lower due to reduction of bone quality. The newer 

anatomic cementless hip stems are designed with proximal load transfer in mind to reduce stress 

shielding in the proximal cortex. Proximal fixation failure will increase the load transfer in the 

more distal region causing stress bypass. This will increase the chances of resorption of the 

proximal calcar. In this analysis of the IPS stem, it is observed that the micromotion at the 

proximal anterior-medial region is much higher than 50 |im when bone stiffness is reduced by 

40%. Fixation in this area is especially important to prevent stress shielding to the proximal medial 

calcar. 

Clinically, the effect of bone quality on performance of hip implant is rarely reported. A 

study reported that the incidence of pain is significantly higher in patients with poorer quality 

bone, but no significant difference in measurable influence on radiographic likelihood of bone 

ingrowth [Engh et al., 1987]. However, the same study also reported 3 fold lower incidence of 

pain with hip that showed bone ingrowth in comparison to hip with fibrous tissue ingrowth. This 

does suggest that poorer quality bone may have lower incidence of bone ingrowth. The report from 
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the Swedish Hip Registry suggests that in patients younger than 55 years, patients with 

osteoarthritis (OA) and rheumatoid arthritis (RA) may have higher incidence of aseptic loosening 

than normal patients [Malchau et al, 2000]. Between 1988 and 1998, the ten years survivorship 

from 1988 to 1998 for male OA, female OA and female RA patients were 81.2, 79.9 and 80.9% 

respectively. For normal female patients, the survivorship is 90.5%. However, this study did not 

differentiate cementless from cemented stems, but does suggest that patients with OA and RA may 

have higher risk of aseptic loosening. Although the report spanned the period between 1979 to 

1987 as well, the immature technology of both cemented and cementless hip stem during this 

period may be the biggest cause of aseptic loosening and therefore it is hard to judge the effect of 

disease on implant performance. 

This study has a few limitations. This study uses a single femur geometry and bone 

distribution. Therefore, it is not possible to capture the effect of femoral geometry on initial 

micromotion. The relative distribution of bone Young's modulus is also constant due to the 

availability of CT scan data for only one femur. However, if more sets of CT scan data are 

available, it is possible to study the effect of bone Young's modulus in different regions of the 

bone on initial stability. Figure 5.5 shows that in this study, the distributions of micromotion is 

similar in all the different models due to same relative variation of Young's modulus between 

models. With more CT scans based models, how this variation in elastic modulus in different 

region of the femur can be studied. 

Ideally, a collection of CT scan data will have CT scans from patients of various age group, 

both sexes and different stages of diseases. Patient specific modelling on four patients who have 

received total knee replacement has been reported and it was found that migration rate of the tibia 

plate correlated with the risk ratio of cancellous bone failure below the tibia plate (defined as 

stress/yield stress) [Perillo-Marcone, 2001]. This clearly points to the advantage of being able to 

do preclinical testing on more than one set of CT scan. This enables the possibility to correlate 

between stem design, patient's bone quality and the risk of implant failure. This will enable 

surgeons to compare radiographic scans from patients with scans from the preclinical analysis to 

decide on the suitability of the stem design for certain patients. 

Li this study, bone was assumed to be isotropic. Bone is known to be anisotropic [Reilly and 

Burstein, 1975; Ashman et al., 1984; Ashman, 1989]. The orientation of CT-scan is mostly along 

the axial direction of the femur. Therefore, the hoop stiffness could be overestimated due to 

assumption of isofropic material property, and micromotion and interface strain could be 

underestimated. However, with this as a systematic error built into every model, as a comparative 

study, the results reported here are valid. 
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5,5 Conclusion 

The results of this study suggest that;-

1) Micromotion is influenced by the quality of both cortical and cancellous bone. If 

bone quality decreases, the micromotion increases nonlinearly. Overall stiffness of 

the femur is influenced by the cortical and cancellous bone modulus. Therefore, the 

reduction in the overall stiffness of the femur increases micromotion. 

2) Decreasing cancellous bone quality has a greater effect on proximal micromotion. 

3) Decreasing cortical bone quality has a greater effect on distal micromotion. 

4) Interface equivalent strain is also influenced by bone quality, and thus the overall 

stiffness of the femur. Equivalent strain increases nonlinearly with decrease in bone 

quality. 

5) Decreasing cancellous bone quality has a greater effect on proximal interface strain. 

6) Decreasing cortical bone quality has a greater effect on distal interface strain. 

7) Preclinical assessment of implant design using one set of CT scan data is not 

adequate to assess the performance envelope of a design as both micromotion and 

interface strain were found to increase with decrease of bone quality. 
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Chapter 6 Influence of the degree of 

interference on the initial stability and strain 

of the implanted proximal femur 

6.1 Introduction 

The performance of cementless porous-coated femoral hip stems is influenced by the initial 

stability in the immediate post-operative period. Bone ingrowth is hindered by excessive 

micromotion at the bone-stem interface [Pilliar et al., 1986; Engh et al., 1992b; Bragdon et al., 

1996]. In order for cementless stems to achieve greater long-term stability through bone ingrowth, 

minimal micromotion in the immediate post-operative period is vital. Excessive micromotion 

prevents calcification of soft tissue within the pores, and as a result, only fibrous tissue ingrowth 

occurs. 

The clinical performance of a cementless porous-coated femoral hip prosthesis (AML, 

DePuy) has been shown to improve if a distal interference-fit at the femoral isthmus is created 

during the surgery [Engh et al., 1990]. This is supported by experimental micromotion studies 

comparing the micromotion of the AML stem in the implanted femur employing either tight distal 

fit or line-to-line fit [Sugiyama et al., 1992]. A tight distal fit is reported to result in much lower 

micromotion as compared to the line-to-line fit. All the stems were implanted with proximal 

anterior and posterior interference-fit of 1 mm. In one group, the stem was implanted with 0.25 

mm interference-fit at the femoral shaft and another group was implanted without distal 

interference-fit. Micromotion in the first group with distal interference-fit was lower by about four 

times. The femur is thought to be left with a residual compressive stress, which is anticipated to 

reduce micromotion through greater friction force at the bone-stem interface and hence encourage 

bone ingrowth. Most experimental micromotion studies do not mentioned whether there is 

interference-fit in their studies, but presumably they are inserted according to the surgery 

guidelines [Walker et al., 1987; Schneider et al., 1989; Sugiyama et al., 1989; Burke et al., 1991; 

Phillips et al., 1991; Callaghan et al., 1992; Hua and Walker, 1994]. 

The initial stability of a hip stem may be affected by the presence an of interference-fit but 

this factor is given little attention in the literature. Most finite element studies of the initial 

micromotion of the hip stem neglect the effect that an interference-fit has on the initial 

micromotion between the stem and the bone [Rubin et al., 1993; Keaveny and Bartel, 1993c; 

Kuiper and Huiskes, 1996; Ramaniraka et al., 1996; Ando et al., 1999; Viceconti et al, 2000]. A 

few finite element studies using simplified models of the implanted femur assembly have reported 

the effect of interference-fit on the interface stress and contact area [Harrigan and Harris, 1991; 
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Visnic et al., 1994]. However these studies did not use anatomical models and did not study the 

effect of interference-fit on the initial micromotion. 

Studies examining the influence of interference-fit analysis have been performed for other 

joint replacement components such as the acetabulum component of a hip replacement [Spears et 

al., 2001] and tibia component of a knee replacement [Dawson and Bartel, 1992]. These studies 

found that the highest interference-fit is not necessarily the best for optimal fixation of implants. 

For the acetabulum component. Spears et al. (2001) suggested that a moderate interference-fit of 

the acetabular cup gave the best initial stability due to good contact with surrounding bone but a 

higher interference-fit generates a large gap at the polar region of the cup. The additional surface-

normal and frictional resistance of the moderate interference-fit model resists the load better and 

thus is more stable. Interference-fit at the peg of the tibia tray pushes the metal tray upwards and 

causes a loss of contact between the tray and the tibia bone [Dawson and Bartel, 1992]. Although 

the compressive stresses at the peg is conducive for bone ingrowth, the lack of contact at the tibia 

tray is detrimental to bone ingrowth and conducive to the formation of a layer of fibrous tissue. 

Hip stem stability is thought to be better with an interference-fit, but this is associated with 

high interface bone and hoop stresses as well. The interference-fit in the implanted femur can be 

imagined as inserting a larger cone into a slightly smaller cone. Examples of interference-fit 

assembly have been reported in the literature where AML stems (DePuy, Warsaw, Indiana) have 

been inserted with interference-fit at the femoral isthmus [Schwartz et al, 1989; Engh et al, 1990; 

Sugiyama et al., 1992]. A high degree of interference-fit can cause femoral fi-acture, due to high 

hoop stress during stem insertion and this has been reported clinically [Fitzgerald et al., 1988; 

Schwartz et ah, 1989; Mont et al., 1992]. Visnic et al. (1994) reported high stress at the interface 

bone in a two-dimensional finite element analysis which assessed the influence of an interference-

fit. Experimental studies have shown that femoral fractures can occur at low hoop strain values 

[Jasty et al., 1993]. In an experimental micromotion study using composite femurs, the 

investigators cracked three out of six femurs during insertion of the stems [Monti et al., 2001]. A 

serious crack at the femur will defeat the purpose of having an interference-fit in the first place. 

Animal study has shown that cracks can be detrimental to bone ingrowth [Schutzer et al., 1995]. 

The aims of this study were to investigate :-

a) the interaction between micromotion and strain with increasing level of interference-

fit. 

b) Is there an optimal interference-fit that minimises the micromotions, but also causes 

minimal bone damage. 

Similar to Chapter 5, both the micromotion and interface strain are examined together to 

assess the implant stability and risk of implant migration. 
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6.2 Interference-fit at the bone-stem interface 

The finite element model used in this chapter has been described in detail in Chapter 4. In this 

chapter, a modification has been made to the bone-stem interface boundary condition. An 

interference-fit is modelled at the bone-implant interface to model the surgical procedure where 

the femoral canal is undersized in comparison to the stem, as illustrated in Figure 6.1. The dotted 

line represents the size of the reamed canal and this is smaller than the stem size. The intersection 

between the canal and the stem forms the interference-fit. The friction coefficient at the interface 

remains similar. 

Interference-fits of 0.1, 0.05 and 0.01 mm were modelled in this study. A control model with 

no interference-fit (0 mm interference) was modelled as a comparison. In MARC, the interference-

fit can be modelled by specifying the overclosure parameter in the Contact Table option. This 

option pushes the contact surfaces away from each other perpendicular to the contact surface, 

according to the specified overclosure value. The interference-fit was modelled over the whole 

region of contact, which is the region with dotted line border shown in Figure 6.1. The models 

with 0.1, 0.05, 0.01 and 0 mm interference-fit will be referred to as the model In-0.1, In-0.05, In-

0.01 and In-O respectively. 

Walking and stair climbing load cases were simulated in this study. These loadcases have 

been described in Section 4.2.4 (Table 4.2). In this analysis, loads are applied in three steps (Figure 

6.2). The first step involved the simulation of interference-fit. The stem is constrained in the axial 

direction and the femur is constrained rigidly at the distal end. In the second step, the constraint on 

the stem is removed and the stem is allowed to springback. The third step is the application of 

either the walking and stair-climbing loadcases. Micromotion is calculated as the relative 

displacement between the adjacent nodes at the bone-implant interface after the third step in 

relation to the end of the second step. Equivalent strain at the end of the third step is reported here 

unless otherwise stated. In model In-O, the first and second loadsteps were not necessary. Results 

are reported at the three cross-sectional levels LI , L2 and L3, as reported in Chapter 5 (Section 

5.2). 
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Figure 6.1 Interference-fit in the bone-stem assembly. The canal is reamed smaller than the size of the stem 
to creates an interference-fit during surgery. 
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Figure 6.2 Three loadstep applied in the interference-fit analyses. Left: Stem is constrained axially. Middle: 
Stem allowed to springback by removing the axial constraint. Right: Loading for walking and stair 

climbing. 

6.3 Influence of Interference-fit on Initial micromotion, equivalent strain 

and contact area 

6.3.1 Micromotion 

Figure 6.3 and Figure 6.4 show the micromotion at LI , L2 and L3 for different degrees of 

interference-fit during walking and stair cHmbing respectively. Generally, micromotion in the 
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interference-fit models (In-0.1, In-0.05 and In-0.01) are lower than in model In-0. The mean 

micromotions during walking at level LI , L2 and L3 are less than 5 jum in model In-0.1 and In-

0.05, which are very low values. In model In-0.01, the mean micromotions at LI, L2 and L3 are 

between 8 and 13 |im. The mean micromotions in model In-0 are between 28 and 40 |Lim, which 

are significantly higher than model In-0.01. The peak micromotions in model In-0 exceed 50 jiim 

(upper limit of micromotion that allows bone ingrowth [Engh et ah, 1992b; Bragdon et al, 1996; 

Femandes et al., 2002]) at all three levels. Even with a slight interference-fit of 0.01 mm, peak 

micromotions have been reduced to below 25 jiim in model In-0.01, which is conducive for 

osseointegration. The mean micromotions in model In-0.01 are about 2-4 times lower than values 

in model In-0. 

The micromotions are higher during stair climbing (Figure 6.4) than during walking (Figure 

6.3) because of the higher posteriorly directed force component during stair climbing and this is 

consistent with experimental micromotion studies [Walker et al., 1987; Callaghan et al., 1992]. In 

model In-0.01 and In-0, the proximal LI level shows higher increase in micromotion during stair-

climbing in comparison to the more distal L2 and L3 levels. It is likely that resistance to anterior-

posterior rotation occurred in the bulkier and more oval proximal region of the stem, and therefore 

the higher increase in micromotion proximally. In model In-0.1 and In-0.05, the micromotion 

increase is minimal. The contact area and interface stress in these two models are greater and 

therefore provided better frictional resistance that reduces anterior-posterior rotation of the stem. 

The mean micromotions for model In-0.1 and In-0.05 are less than 5 ]um during stair climbing, 

which is similar to the micromotion during walking. Micromotion in model In-0.01 is significantly 

lower than the 0 mm model. Again, the peak micromotion has been reduced to below 50 jum with a 

small interference-fit of 0.01 mm. In model In-0, the mean micromotion is greater than 50 pun in 

LI and is approaching 50 jiim in L2. This is much less conducive to osseointegration than model 

In-0.01. 

Figure 6.5 shows the components of micromotion of the medial and lateral nodes at LI and 

L3 for model In-0.01 and In-0 during stair climbing. Looking at the axial component v, model In-0 

has higher axial micromotion than model In-0.01. The higher relative motion between the medial 

and the lateral nodes in model In-0 also showed that the rotational stability in the midplane of the 

stem is better in model In-0.01. The higher anterior-posterior component u in model In-0 also 

showed that the rotational stability in the anterior-posterior direction is better in model In-0.01. 

The smaller axial and anterior-posterior micromotion showed that interference-fit provides better 

axial and rotational stability. 
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Micromotion in walking loadcase 
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Figure 6.3 Micromotion at LI, L2 and L3 for walking loadcase. Bar chart shows mean micromotion ± standard deviation. Line chart shows the peak micromotion. Model In-0.1 
and In-0.05 have very low micromotion and quite similar in magnitude. Model In-0.01 has micromotion values between model In-0 and model In-0.05. All the 

interference-fit models have peak micromotion below 50 pm. Significant reduction in initial micromotion can be achieved even with very small interference-fit of 0.01 
mm. 
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Micromotion in stair climbing loadcase 
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Figure 6.4 Micromotion at LI, L2 and L3 for stair climbing loadcase. Bar chart shows mean micromotion ± standard deviation. Line chart shows the peak micromotion. Similar 
to walking loadcase, the model In-0.1 and In-0.05 have very low micromotion. Again, significant reduction is seen in model In-0.01 as compared to model In-0. 

Maximum micromotion is greater in the stair climbing loadcase as compared to the walking loadcase especially proximally. Again very small interference of 0.01 mm 
reduced peak micromotion to below 50 jim. 3 
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Components of micromotion of tlie medial and lateral nodes in the LI and L3 levels 
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Figure 6.5 Components of micromotion of the lateral and medial interface nodes at Ll and L3 for model In-0.01 and In-0 for stair climbing loadcase. Comparing component v at 
Ll and L3, model In-0 has higher subsidence and rotation on the midplane of the stem. Comparing component u, model In-0 has higher rotation in the anterior-posterior 

direction. 
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6.3.2 Equivalent strain 

Generally, equivalent strain increase with the degree of interference-fit. In the walking 

loadcase (Figure 6.6), model In-0.1 has the highest mean equivalent strains and these are about 

twice the mean equivalent strains in model In-0.05. Model In-0.01 and In-0 have similar mean 

equivalent strains. At the proximal LI level, the mean equivalent strain in model In-0.01 and In-0 

are about 4.5 times lower than in model In-0.1. At the more distal L3 level where the cross-section 

of the femur is smaller, the mean equivalent strain is about 7 times lower in model In-0.01 and In-

0 than in model In-0.1, Model In-0.01 and In-0 have similar equivalent strains in LI, L2 and L3, 

but model In-0.1 and In-0.05 have increasing equivalent strain from LI to L3 due to decreasing 

cross-sectional area of the femur from proximal to distal femur. The magnitude of equivalent strain 

in model In-0.01 and In-0 during stair climbing in each level is generally greater than during 

walking (Figure 6.6 and Figure 6.7). This is expected due to the higher joint contact force during 

stair climbing. In models In-0.1 and In-0.05 the magnitude of equivalent strain are similar between 

walking and stair climbing, and therefore the strains in the higher interference-fit models are 

dominated by the degree of interference-fit rather than the applied load. 

The maximum equivalent strains in model In-0.1 are high and exceeded 1.5% strain at L2 and 

L3 (Figure 6.6 and Figure 6.7). Linde et al. (1992) has reported 1.5% strain as the ultimate strain 

of cancellous bone. The maximum equivalent strain in model In-0.05, In-0.01 and In-0 did not 

exceed 1.5% strain. However, the maximum equivalent strains in model In-0.05 are greater than 

0.7 % strain, which is near or exceeded the yield strain of cancellous bone reported in the literature 

[Rob] et al, 1991; Kopperdahl and Keaveny, 1998; Morgan and Keaveny, 2001]. However, the 

mean equivalent strain is generally below 0.5% strain except in model In-0.1 and L3 level of 

model In-0.05. 

The equivalent strain on the periosteal bone surface is also dependent on the degree of 

interference-fit. The equivalent strain at the periosteal surface is concentrated at the proximal 

anterior and posterior regions, as shown in Figure 6.8. The equivalent strain is reported at the end 

of step two. In the anterior region, the maximum equivalent strains are 0.67 and 0.33 % strain in 

model In-0.1 and In-0.05 respectively. Posteriorly, the maximum equivalent strain is higher than 

the anterior region. The maximum equivalent strains are 0.97 and 0.48% in model In-0.1 and In-

0.05 respectively. The periosteal equivalent strain is about twice as high in model In-0.1 relative to 

model In-0.05. Reilly and Burstein (1975) reported a value of 0.7% strain for the ultimate strain of 

cortical bone in the transverse direction and this value is either near or below the maximum 

equivalent strains at the anterior and posterior regions for model In-0.1. The fracture risk for model 

In-0.1 could be potentially high. Other than the proximal anterior and posterior regions, most 

regions are below 0.2% equivalent strain. 
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Equivalent strain in walking loadcase 
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Figure 6.6 Equivalent strain at LI, L2 and L3 for walking loadcase. Bar chart shows the mean equivalent strain ± standard deviation. Line chart shows the maximum equivalent 
strain. The mean strains in model In-0.1 and In-0.05 are about three and two times the mean strain in model In-0 in the proximal level. At the distal level, the relative 

difference between model In-0.1 and In-0.05, and model In-0 is greater than at the proximal level. Model In-0.01 mm model has very similar mean and maximum 
equivalent strain value as compared to model In-0. The lighter shaded region is above yield strain and the darker shaded region is above the ultimate strain. g 
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Equivalent strain in stair climbing loadcase 
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Figure 6.7 Equivalent strain at LI, L2 and L3 for stair climbing loadcase. Bar chart shows the mean equivalent strain ± standard deviation. Line chart shows the maximum 
equivalent strain. In term of relative strain between the interference models and the zero interference model, the strain ratio in the stair climbing loadcase is similar to the 

walking loadcase. However, the equivalent strain in the stair climbing loadcase is generally greater than the walking loadcase due to higher applied load. This is more 
clearly seen in model In-0.01 and In-0. The lighter shaded region is above yield strain and the darker shaded region is above the ultimate strain. 
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Figure 6.8 Periosteal equivalent strain in model In-0.1 and In-0.05. The proximal anterior and posterior sides 
have higher periosteal strain than other regions of the femur. Periosteal strain is higher in higher in 

model In-0.1 .Generally, most regions are below the 0.2% strain. 
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6.3.3 Contact area 

The effect of different degree of interference-fit on bone-implant contact area during walking 

is shown in Figure 6.9. Contact area is higher in the interference-fit models. Contact areas in 

models In-0.1 and In-0.05 are very good and identical in both models. In model In-0.01, contact 

area is less than models In-0.1 and In-0.05, but is better than model In-0. Model In-0.01 loses 

contact in the mid-lateral, proximal-anterior, and distal medial contact. Model In-0 loses more 

contact in the same region and in addition loses contact in the proximal-posterior region as well. 

In comparison to walking, the contact area during stair-climbing is lower but the distribution 

is similar. Some of the area under contact during walking is not in contact during stair-climbing. 

This is more obvious in models In-0.01 and In-0 as the loss of contact is more. In models In-0.1 

and In-0.05, the contact area is slightly less than during walking. Therefore, contact areas in 

models In-0.1 and In-0.05 are still very good. 
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Figure 6.9 Contact area in four different models. Top row; A slightly more posterior view. Bottom row: A slightly more anterior view. From left to right: Model In-0, In-0.01, In-
0.05 and In-0.1. High level of contact is observed in model In-0.1 and In-0.05. Model In-0.01 has less contact area than model In-0.1 and In-0.05 but more than model 

In-0. 
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6.4 Discussion 

One of the objectives of this study was to determine the effect of interference-fit on the initial 

stability of the cementless hip stem. The result of this study shows that interference-fit plays a 

significant role in the initial stability of hip prosthesis. A comparison of the micromotion between 

all the different degrees of interference-fit shows that even for a small interference-fit of 0.01 mm, 

a significant reduction in initial micromotion is achievable. The benefit of having a small 

interference-fit is that the reduction in micromotion is achieved without the penalty of higher bone 

strain at the bone-implant interface. In contrast, higher degrees of interference-fit give better initial 

stability but at the same time, the bone strain at the bone-implant interface increases significantly. 

However, the similarity in initial stability between the 0.1 mm and 0.05 mm models suggest that 

there is a degree of interference-fit where optimal initial stability is reached. The highest degree of 

interference-fit is not necessarily the best for initial fixation, as high hoop strain can lead to 

development of femoral fracture [Schwartz et al, 1989; Jasty et al, 1993]. 

The significantly better performance of model In-0.01 in comparison to model In-0 can be 

explained by the fact that interface fi-iction already exists without the need for the stem to wedge 

into the canal. The bone-stem interface in the interference-fit models was already under 

compressive stress without the need for the stem to subside further into the femur. Therefore, when 

model In-0.01 is loaded, friction is readily available to resist part of the axial load without the need 

to subside like model In-0 to generate compressive and friction stresses. As a result of the initial 

residual force at the interface, model In-0.01 subsided less and the contact area is greater than 

model In-0 (Figure 6.5 and Figure 6.9). Similarly, the friction force cause by the interface 

interference-fit enable model In-0.01 to resist anterior-posteriorly directed force better than model 

In-0. As a result the anterior-posterior micromotion is lower in model In-0.01 in comparison to 

model In-0 (Figure 6.5). 

Some researchers have expressed concern that cementless hip stems cannot resist anterior-

posteriorly directed load well [Walker et al., 1987; Callaghan et al., 1992; Biegler et al., 1995], 

leading to high rotational micromotion. However, this study has shown that with proper surgical 

technique to introduce interference-fit, rotational micromotion can be minimized. 

There are a few limitations to the current model that should be mentioned here. First of all, 

the bone has been modelled as an elastic isotropic material. It is well known that bone exhibits 

viscoelastic behaviour [Zilch et al., 1980; Rimnac et al., 1993; Bowman et al., 1998; Bowman et 

al., 1999; Brown et al., 2001]. In high stress conditions, stress relaxation has been shown to occur 

in bone [Zilch et al, 1980; Deligianni et al, 1994]. Zilch et al. (1980) reported that the arithmetic 

mean stress relaxation in cancellous bone specimens from two human femurs were a reduction of 

17.3 % and 15.8 % in the initial compressive stresses and stress relaxation reached equilibrium in 

matter of minutes. Deligianni et al. (1994) reported that stress relaxation in the range of 15 to 45% 
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has been measured for cancellous bone from the human femoral head and no significant changes 

occur after 24 hours. However, both experiments have been conducted as compression test 

between flat platens, which has been reported in the literature to introduce significant experimental 

artefact [Keaveny et al, 1994b]. It is therefore unclear if the stress relaxation test is conducted 

using necked specimens, higher stress relaxation will occur. Therefore it is possible that the 

stability reported here for the 0.1 mm and 0.05 mm models could have been overestimated because 

stress relaxation of the femur is not accounted for. 

Secondly, it should also be noted that plasticity was not modelled in this study, which again 

may reduce the interface stress and increase the initial micromotion. The ultimate strain of 

cancellous bone has been reported in the region of 1.5% strain in both tension and compression 

[Rohl et al., 1991; Linde ef al, 1992; Kopperdahl and Keaveny, 1998]. In this study, the 

equivalent strains in some regions of model In-0.1 exceeded this value. Interface stresses in certain 

region are therefore overestimated. This could lead to overestimation of the initial stability in the 

interference-fit models. 

This study modelled uniform interference-fit over the whole initial contacting surface. 

However in surgery, it is difficult to achieve this kind of uniformity, especially for a stem like IPS 

with quite complex geometry. The final degree of interference-fit is dependent on how far the 

surgeon pushed the stem into the canal and the nature of the surface of the stem. The proximal 

region of the IPS stem is coated with titanium beads, which act like a rasp when the stem is 

inserted into the canal. Although the stem is designed to be inserted with 0.375 mm interference-

fit, the actual interference-fit could be much smaller due to the cutting of interface bone by the 

porous coating during the insertion of the stem. In reality, it is likely that the stem will be pushed 

more towards regions with softer bone, i.e. the insertion path of least resistance. 

An examination of the results of experimental micromotion studies does suggest that uniform 

interference-fit is difficult to achieve in surgery. Table 3.1 showed the results of experimental 

micromotion studies by other researchers. The micromotion reported can vary from a few microns 

to hundreds of microns for both walking and stair-climbing loadcase. Sugiyama et al. (1992) 

reported that interference-fit of 0.25 mm in the femoral isthmus significantly reduces micromotion 

by about four times as compared to a line-to-line-fit prosthesis in stair-climbing loadcase. They 

reported micromotion below 20 p,m for applied torque of 10 Nm, but micromotions increased to 

about 60 |um for an applied torque of 20 Nm. Other studies have reported lower micromotion 

values [Callaghan et al., 1992; Hua and Walker, 1994; Monti et al., 2001]. Callaghan et al. (1992) 

has reported values as low as a 1 p.m to values as high as 60 p,m for walking loadcase. For stair 

climbing loadcase, the curved stem has micromotion in the region of 9-59 p,m. Hua and Walker 

(1994) has also reported micromotion as low as a few microns and as high as 33 jam. The lower 

values are closer to the values in the 0.1 and 0.05 mm interference-fit models (model In-0.1 and 
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In-0.05) while the higher values are closer to the 0.01 mm interference-fit model. Monti et al. 

(2001) reported very low micromotion values in their test using composite femur. They reported 

micromotion values less than 5 microns, very similar to the values in this study. However, this 

study used composite femur instead of cadaveric femur and the stem has a side fin to reduce 

rotation of the stem. The high degree of variation measured in most studies do suggest that a 

varying amount of interference-fit is achieved in reality. The variation can also be caused by femur 

quality in these studies. Since low micromotion is measured in some of the experimental studies, 

the greatest concern is probably to improve the surgery technique to ensure that a good 

interference-fit is achieved to set up an environment with residual stress so that the stem can be 

stabilized by friction. 

It has also been discussed in Section 3.8.2 and 3.8.3 that the micromotion measurement is 

different between finite element studies and experimental micromotion studies. In experimental 

studies, micromotion is measured relative to the outer surface of the femur, and therefore may 

have included elastic bone deformation instead of just interface slippage. The actual interface 

slippage could therefore be lower than the micromotion reported in experimental studies. It has 

also been reported by finite element study that elastic deformation of bone between the interface 

bone and the periosteal bone could dominates the deformation and overestimate the actual slippage 

at the bone-stem interface [Keaveny and Bartel, 1993c]. Therefore, the micromotion values 

reported for model In-0.1 and In-0.05 are not unrealistic. 

With interference-fit of 0.1 and 0.05 mm, the initial stability is lower than values that have 

been reported in other finite element studies (Table 3.2, Section 3.8.3). Other finite element studies 

in the literature did not model the interference-fit at the bone-stem interface. As a result, the 

micromotion reported in the literature is closer to the values reported for the zero interference-fit 

model in this study. It is therefore not possible to compare the stability of IPS stem modelled with 

interference-fit in comparison to other designs. 

Significant strain can damage the interface bone by creating microcracks [Wachtel and 

Keaveny, 1997; Keaveny et al., 1999]. As a result of damage, cancellous bone becomes more 

compliant [Keaveny et al, 1994d; Keaveny et al., 1999]. Keaveny et al. (1999) reported 

degradation of cancellous bone modulus by about 85% after overloading human vertebral 

cancellous bone to 1.75% total strain and above in uniaxial compression test. The interface strain 

is much higher if stem is inserted with 0.1 mm interference-fit instead of 0.05 mm interference-fit. 

In model In-0.1, some of the interface bones at the more distal region of the porous coating have 

been shown to have strain exceeding 1.5 % strain, which suggests that substantial modulus 

degradation should occur in these bones. At the distal L3 region in model In-0.1, the mean 

equivalent strain for the interface bone is about 1.5% strain, which would suggest quite a 

significant volume of the interface bone in this region will have significant modulus degradation. 

The degradation of interface cancellous bone stiffness may increase the initial micromotion as 
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suggested by the results in Chapter 5. The result of this study showed that there could be an 

optimum degree of interference-fit, where additional increase in interference-fit does not improve 

the initial stability of the stem. A study to find the optimum interference-fit should be performed to 

avoid loading the interface bone beyond its ultimate strain. 

Intraoperative femoral fractures is one of the factor associated with hip stem loosening 

[Martell et al, 1993] and an animal study has reported lower stability and lack of bone ingrowth 

[Schutzer et al., 1995]. Schwartz et al. (1989) reported that about 3 % of the total hip replacement 

resulted in fracture of the femur. Monti et al. (2001) reported that similar fracture rate has been 

reported in other studies as well. Higher fracture rate of 10% has also been reported [Martell et al., 

1993]. High assembly sfrain has been measured in femur inserted with hip stem that is broader 

than the femoral cavity [Jasty et al., 1993]. In this study, equivalent strain as high as 0.97 % strain 

has been calculated on the surface of the femur when a stem is inserted with an interference-fit of 

0.1 mm. Maximum periosteal equivalent strain doubles as interference-fit increased from 0.05 mm 

to 0.1 mm. Jasty et al. (1993) has measured hoop strain as high as 0.6 % strain when straight stems 

were inserted with 0.25 mm interference-fit and fractured the femurs. This sfrain was measured in 

femurs inserted with larger stem than the optimum stem size recommended for the particular 

femur size. In femur inserted with the optimum stem with the same interference-fit, the measured 

maximum hoop strain is 0.24 % strain, a smaller value. Therefore, the size of the stem and degree 

of interference-fit determine the hoop sfrain in the femur. However, the hoop strain measured is 

not at the exact time the fracture had occurred and not at the location of fracture. It is possible that 

fractures occurred at a higher strain. Ultimate sfrain of cortical bone in the transverse direction has 

been reported in the region of 0.7 % strain in uniaxial tensile test [Reilly and Burstein, 1975]. The 

equivalent sfrain of 0.97 % equivalent strain calculated in this study can therefore be considered as 

high strain. When finite element result showed high sfrain values, it is probably useful to test the 

fracture risk on cadaveric femur. The areas of high strain in this study are in the anterior and 

posterior aspect of the femur. Femoral cracks during insertion of cementless stem have been 

reported in these regions [Schwartz et al., 1989; Monti et al., 2001]. 
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6.5 Conclusion 

The results of this study suggest that 

1) Interference-fit plays an important part in improving the initial stability of the 

cementless press-fit prosthesis. Both the axial and rotational micromotion 

decrease with the introduction of an interference-fit. 

2) The micromotion results suggest that there is a diminishing returns through 

further increase in interference-fit as less and less reduction of micromotion 

will be achieve. This suggests that there is an optimum amount of 

interference-fit that should be incorporated during the implantation of the 

stem. The degree of interference-fit should be design to give maximum initial 

stability and minimal femoral strain. In this study, a stem inserted with 0.05 

mm interference-fit has similar stem stability in comparison to a stem 

inserted with 0.1 mm interference-fit but with lower femoral strain and 

therefore lower fracture risk. The former is probably the more optimum 

degree of interference-fit. 

3) The results suggest that low interference-fit does not increase the interface 

bone strain significantly in comparison to zero interference-fit. However, at 

moderate and higher interference-fit, increasing interference-fit increases the 

interface strain substantially. High interface strain could increase the 

compliance of interface bone and increase interface micromotion. With 

diminishing reduction in micromotion due to further increase in interference-

fit, higher degree of interference-fit may be counter-productive in term of 

maintaining interface bone integrity. 

4) Doubling the interference-fit from 0.05 to 0.1 mm increases the maximum 

anterior and posterior periosteal strain by two times. This increases the risk 

of bone fracture significantly without the benefit of further decrease in 

micromotion. Therefore, above the optimal degree of interference-fit, higher 

interference-fit will only increase the risk of bone fracture without much 

benefit. 

5) Contact area improved with interference-fit. This could reduce the gap 

between stem and interface bone, and facilitate bone ingrowth. 
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Chapter? The effect of modelling plasticity 

on the initial micromotion of the IPS stem and 

strain of the femur 

7.1 Introduction 

In Chapter 6, one of the main limitations of the models was neglecting to model the elastic-

plastic behaviour of bone. This may have affected the prediction of the micromotion of the stem 

and strain of the femur, especially when an interference-fit was modelled. High interface strains 

have been calculated in the 0.05 and 0.1 mm interference-fit models. The equivalent total strain 

has exceeded 1.5% strain in the 0.1 mm interference-fit model, especially at the more distal L2 and 

L3 regions. The ultimate strain of cancellous bone has been reported in the region of 1.5 % strain 

[Rohl et al., 1991; Linde et al., 1992; Kopperdahl and Keaveny, 1998; Keaveny et al., 1999]. The 

equivalent strains in the 0.05 mm model exceeded 0.7 % strain, which is in the region of yield 

strain reported in the literature [Rohl et al., 1991; Kopperdahl and Keaveny, 1998; Morgan and 

Keaveny, 2001], Failure to model the plastic yielding of bone may underestimate the interface 

strain and deformation of the interface bone. This could have underestimated the micromotion and 

strain in the implanted proximal femur. 

Most finite element studies of the implanted proximal femur ignored modelling of plasticity 

in bone [Huiskes, 1990; Cheal et al., 1992; Keaveny and Bartel, 1993c; Skinner et al, 1994; 

Kuiper and Huiskes, 1996; Ramaniraka et al., 1996; Ando et al., 1999; Joshi et al., 2000]. A few 

studies have modelled bone as elastic-perfectly plastic material [Rubin et al., 1993; Visnic et al., 

1994; Taylor et al., 1995]. Taylor et al. (1995) reported significant plastic strain can develop 

within cancellous bone of the femur implanted with a press-fit prosthesis. A two-dimensional 

model by Visnic et al. (1994) reported considerable plastic deformation in their simulation of 

insertion of press-fit prostheses. However, these two studies only examined the stress/strain 

distribution and did not report the predicted micromotion. Rubin et al. (1993) examined the 

micromotion and stress at the interface of the implanted femur. They reported plastic yielding up 

to 400 times the plastic yield criterion and suggested that this is probably due to very low stiffness 

assigned to the bone. The micromotion reported by Rubin et al. (1993) is very high, and most 

likely this is due to significant plastic deformation in the interface bone. However, modelling bone 

as elastic-perfectly plastic material in a model of the implanted proximal femur with interference-

fit has not been studied. High interface strain can potentially reduce the integrity of the interface 

bone. High implant migration in the immediate postoperative period has been attributed to fatigue 

damage of necrotic interface bone [Taylor, 1997]. Loading interface bone beyond plastic limit of 
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bone may potentially reduce the fatigue life of interface bone in the immediate postoperative 

period. 

The objective of this study is to look at the 

1) The effect of modelling bone as an elastic-perfectly plastic material on the initial 

micromotion of the IPS stem and strain of the femur predicted in a finite element 

analysis. 

2) The extent of plastic deformation of the interface bone. 

7.2 Elastic-perfectly plastic analysis of the physiological model of the 

implanted proximal femur 

This model has been described in Chapter 4 and 6. In this study, changes were made to the 

model by assigning yield stress to the bone. Bonemat [Zannoni et al., 1998] was modified to allow 

it to assign yield stress to bone. Bone was assumed to behave as an elastic-perfectly plastic 

material and yield at 1.0, 1.25 and 1.5 % strain. The assumption of elastic-perfectly plastic 

behaviour is a reasonable assumption when compared with experimental data [Carter et al, 1980; 

Keaveny et al., 1994b]. In compression, typical bone stress-strain curve looked like Figure 7.1, 

with a long plateau region after ultimate strength has been reached. The elastic-perfectly plastic 

material has been used in previous finite element studies [Taylor et al., 1995]. 

Linde et al. (1992) reported that compressive strength of cancellous bone can be calculated as 

CTuitimate = 0.015E + 0.193 - - Equation 7.1 

where Guitimate is the compressive strength (MPa) and E is the elastic modulus (MPa). 

Assuming that for an elastic-perfectly plastic material the yield stress is equal to the ultimate 

stress, the yield strain can be calculated as 

CTy = ESy — Equation 7.2 

where Sy is yield strain, Oy is yield stress (MPa) and E is Young's modulus (MPa). Comparing 

Equation 7.1 and Equation 7.2, the yield strain can be approximated to 0.015, which is 1.5 % 

strain. This yield strain value has been used before in a finite element analysis of the implanted 

proximal femur [Taylor et al., 1995]. Other experimental studies have also reported the ultimate 

strain for cancellous bone of between 1.1 and 1.5% strain [Rohl et al., 1991; Kopperdahl and 

Keaveny, 1998; Keaveny et al., 1999]. Based on experimental data of cancellous bone, ultimate 

yield strain of 1 % is probably on the lower boundary of ultimate strain measured and between 

1.25% and 1.5 % strain is the mean value of ultimate strain measured. The yield stresses assigned 

to the bone were the product of the elastic moduli of bone and the yield strains. An underlying 

assumption of this study is that only cancellous bone yields due to the much higher stiffness of 

122 



Chapter 7 The effect of modelling plasticity on the initial micromotion of the IPS stem and strain of the femur 

cortical bone. This is a reasonable assumption as the stem is mostly in contact with cancellous 

bone and yielding of cortical bone is likely to lead to fracture of the femur. 

Stress (MPa) 

50 

1 2 3 4 5 

Strain (%) 

Figure 7.1 Stress-strain curve of cancellous bone in uniaxial test. Bone is linear elastic prior to yield. Post-
yield behaviour showed long plateau region which can be reasonably approximated by elastic-

perfectly plastic material model [Keaveny et al, 1994b]. 

hi MARC2001, the von Mises yield criteria was implemented. The three load steps in this 

study were similar to load steps used in the previous interference-fit study in Chapter 6. Four 

models, simulating an interference-fit of 0.1 mm, were analysed using the walking loadcase 

described in Chapter 4. Implementation of the interference-fit boundary condition was explained in 

Chapter 6. These four models simulated a linear elastic material model and elastic-perfectly plastic 

models with yield strains of 1.5, 1.25 and 1.0 % strain. They were referred to as model In-0.1, In-

O.l(Pl.S), In-0.1(P1.25) and In-0.1(P1.0) respectively. Two models without interference-fit 

simulating linear elastic material model and elastic-perfectly plastic material model (1.5 % yield 

strain) were modelled as well. They will be referred to as model In-0 and In-0(P1.5) respectively. 

Results were reported at level LI, L2 and L3, similar to the location reported in Chapter 6. 
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7.3 Effect of plasticity on initial micromotion, strain and stress 

7.3.1 Micromotion 

Figure 7.2 shows the micromotion at LI , L2 and L3 for model In-0.1, In-0.1(P1.5), In-
0.1(P1.25) and In-0.1 (PI.0). Comparison between linear elastic and the elastic-perfectly plastic 

interference-fit models shows that modelling of the plastic behaviour of bone does not 

significantly affect the predicted micromotion. The biggest difference in peak micromotion was 

seen at level LI , where model ]h-0.1(P1.0) was higher than model In-0.1 by 3 p,m. This was not 

significant and hardly changes the conclusion of the linear elastic model. The average 

micromotion remains similar for all four models at level LI . At L2 and L3, both the peak and 

mean micromotions for all the models were similar. This result was quite surprising as 

significantly higher micromotions were expected from the elastic-perfectly plastic material 

models. 
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Figure 7.2 Comparison of micromotion at L1,L2 and L3 for model In-0.1, In-0.1 (PI.5), In-0.1(P1.25) and 
In-O.l(Pl.O). Mean micromotion ± standard deviation and m a x i m u m micromotion is shown here. 
Both mean and maximum micromotion is not significantly different between the elastic and the 

elastic-perfectly plastic models. Model In-O.l(Pl.O) showed slightly higher peak micromotion, but 
does not change the conclusion of the linear elastic m o d e l (model In-0.1). 

In Figure 7.3, the comparison of the micromotions in the model In-0 and In-0(P1.5) are 

shown. Model In-0 and In-0(P1.5) did not simulate the interference-fit at the bone-stem interface. 
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They have similar micromotions as virtually no plastic deformation was observed in model In-

0(P1.5). The load was not high enough to deform the interface bone plastically. 

Micromotion in walking loadcase 
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Figure 7.3 Comparison of the micromotion at LI , L2 and L3 for model In-0 and In-0(P1.5). Micromotion is 
not significantly different between them. 
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7.3.2 Strain 

A comparison of equivalent total strain and equivalent plastic strain after loadstep 3 for 

model In-0.1, In-0.1(P1.5), In-0.1(P1.25) and In-O.l(Pl.O) are shown in Figure 7.4. The elastic-

perfectly plastic interference-fit models have nearly similar mean equivalent total strains in 

comparison to the elastic model. This is likely to be due to the interference-fit exerting similar 

radial displacement in all the models, regardless of the constitutive material law for bone. 

Although mean equivalent total strains are nearly similar in the elastic- perfectly plastic models, 

the mean equivalent plastic strains at LI , L2 and L3 are higher in the models with lower yield 

strain, i.e. the mean equivalent plastic strains are highest in model In-0.1 (PI.0). The interface bone 

area that deformed plastically is also greater in model In-O.l(Pl.O) as compared to model In-

0.1 (PI.5) and In-0.1 (PI.25). The mean equivalent plastic strains increase proximally to distally in 

all the elastic-perfectly plastic models. Interference-fit induced higher strain in the smaller femoral 

cross-sectional area distally. 
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Figure 7.4 Mean equivalent total and equivalent plastic strain ± standard deviation at L I , L2 and L3 for 
model In-0.1, In-0.1(P1.5), In-0.1 (PL25) and In-0.1(P1.0) are shown here. A comparison of 

equivalent total strains shows similar values in all models. However , the equivalent plastic strains 
are different in the plastic models, depending on the yield strains of bones in the models. 

In Figure 7.5, the distributions of equivalent plastic strains and Young's modulus in relation 

to their location on the bone-implant interface at LI, L2 and L3 in model In-O.l(Pl.O) are shown. 

The regions that yield plastically correspond to the lower Young's modulus bone regions. The 
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higher Young's modulus regions do not yield. This is true as well in model In-0.1(P1.5) and In-

0.1 (PI.25), which are not shown here. Model In-O.l(Pl.O) has higher equivalent plastic strains for 

the corresponding nodes than the higher yield strains models. There are also more nodes that 

deformed plastically in model In-O.l(Pl.O) on all the cross-sections, and this leads to a larger area 

on the interface that yields plastically. Interface bone plastic deformation due to interference-fit is 

therefore not uniform. Plastic deformation is greater in the bone with lower Young's modulus. 

Table 7.1 showed the volume of elements that deformed plastically after the first and third 

loadstep for model In-0.1(P1.5), In-0.1(P1.25) and In-O.l(Pl.O). The volumes of bone that 

deformed plastically during the first load step simulating press-fit were 2425, 4172 and 6288 mm^ 

in model In-0.1(P1.5), In-0.1(P1.25) and In-O.l(Pl.O) respectively. The plastic deformation of the 

interface bone is quite extensive around the stem. In comparison to model In-O.l(Pl.O), the 

deformation is less extensive proximally for model In-0.1(P1.5). In the third loadstep simulating 

walking, the plastic volumes increase by 442, 465 and 671 mm^ in model In-0.1(P1.5), In-

0.1 (PI.25) and In-0.1 (PI.0) respectively. The most extensive plastic deformation and highest 

increase in plastic deformation after simulating walking were observed in model In-O.l(Pl.O) due 

to its lowest yield strain. Although the increase in volume of element that deforms plastically is 

highest in model In-O.l(Pl.O), the volume that deforms plastically after the third loadstep is only 

11 % higher than in the first loadcase. Therefore, most of the plastic deformation occurred in the 

first load step. 

Model Element volume, mm^ Increase in plastic Percentage difference, % 

Loadstep volume, mm^ 

1 3 

"M:ai(P1.5) ' ^ 5 "'2867 442 18.2 

In.0.1(P1.25) 4172 4637 465 11.1 

In-0.1(P1.0) 6288 6959 671 10.7 

Table 7.1 Volume of bone that deform plastically after loadstep 1 and 3 for model In-O.l(Pl.O). After 
loadstep 3, the plastic volume in the bone increased by 10.7 %. Thus, the first loadstep is 

responsible for most of the plastic deformat ion in bone. 
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Figure 7.5 Distribution of equivalent plastic strain and Young 's modulus at L I , L2 and L3 in model In-
0.1(P1.0). X-axis refers to the length along the circumference of the bone-implant interface at the 

respective levels. The location on the bone is indicated below the graph. Yielding generally 
occurred at the region of low modulus . 
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Figure 7.6 shows the relative percentage volume of elements that fall into different equivalent 

plastic strain ranges for model In-0.1(P1.0). The percentage volume of elements that fall into 

different strain ranges in loadstep 1 and 3 are nearly the same. The load applied for simulating 

walking did not increase plastic strain in the bone significantly and shifted more elements toward 

the higher strain range region. The small increase in volume of elements that deformed plastically 

and nearly similar equivalent plastic strain distributions in different strain ranges after the third 

loadstep show that most of the plastic deformation is accumulated during the press-fit process. 

During the second loadstep, the stem's head displaced axially by 32 p.m and the stress in the femur 

relaxed slightly. The maximum von Mises stress in the proximal femur reduced from 58.76 MPa to 

57.81 MPa. This stress relaxation probably allows some of the bone that deformed plastically in 

the first load step to take some elastic load in the third loadstep. Therefore, the deformation in the 

third loadstep does not increase the plastic strain significantly and could be mostly elastic. The 

small increase in plastic strain probably explained the similarity in micromotion between the 

elastic and the elastic-perfectly plastic models. 

The strain values in model In-0(P1.5) (without interference-fit) showed that the majority of 

the interface area is below 0.2 % equivalent strain and a few regions with equivalent strain 

between 0.2 and 0.4 % equivalent strain (Figure 7.7). There were only two small spots in the distal 

and proximal region where plastic deformation occurred. The low strain values in the majority of 

the area is in agreement to the small increase in volume of elements that deformed plastically after 

the third loadstep in Model In-O.l(Pl.O). 

<0.01 0.01- 0.05-0.1 0.1-0.25 0.25-0.5 0.50- 0.75-1.0 >1.0 
0.05 0.75 

Equivalent plastic strain range, % 

• Loadstep 1 (interference-fit) • Loadstep 3 (walking) 

Figure 7.6 Ratio of the volume of elements within certain equivalent plastic strain range relative to the total 
volume of element that deformed plastically for model In-O.l(Pl.O). The ratios in loadstep 1 and 3 

are nearly identical. 
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Figure 7.7 Equivalent total strain in model In-0(P1.5). In the interface bone, the majority of the area is less 
than 0.2 % strain. In some area, the strain is between 0.2 and 0.4 % strain. Overall, interface strain 

is quite low. 

7.3.3 Stress 

Von Mises stresses at level L3 for three different models were compared in Figure 7.8. Model 

In-O.l(Pl.O) and model In-0.1 are from this chapter. Model In-0.05 is the linear elastic model with 

interference-fit of 0.05 mm from Chapter 6. A comparison of the von Mises stress between model 

In-O.l(Pl.O) and In-0.1 showed that von Mises stress is slightly lower in model In-0.1(P1.0) due to 

plastic deformation. However, the von Mises stress in model In-O.l(Pl.O) is still much higher than 

model In-0.05. The micromotions predicted for model In-O.l and In-0.05 were quite similar. Since 

the residual stress of model In-0.1(P1.0) is much higher than model In-0.05, the effective 

interference-fit of model In-0.1(P1.0) is also much higher. This could further explain the similarity 

between the predicted micromotions of linear elastic and elastic-perfectly plastic model in this 

study. 
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7.4 Discussion 

The finite element models with interference-fit in Chapter 6 have shown very high interface 

strain when modelled with 0.1 mm interference-fit. The objective of this study was to evaluate if 

modelling bone as an elastic-perfectly plastic material has any influence on the predicted initial 

micromotion and strain of the interference-fit model. The result of this study has shown that the 

modelling of the elastic-perfectly plastic behaviour does not have significant effect on the 

predicted initial micromotion in the models with and without an interference-fit. The predicted 

initial micromotions in Chapter 6 are therefore not affected by the treatment of bone as a linear 

elastic material in Chapter 6. Model In-O.l(Pl.O) has higher micromotion than model hi-0.1, but is 

not significantly higher to change the conclusion of the linear elastic model In-0.1. Model In-

0.1 (FLO) that has the lowest yield strain of 1.0% has a higher peak micromotion in comparison to 

other models, but the peak difference in micromotion of 3 ]im is insignificant in comparison to the 

reported threshold of bone ingrowth of 50 fxm [Engh et al, 1992b; Bragdon et al, 1996; Femandes 

et al., 2002]. In the models without interference-fit, the micromotion was identical because the 

load is not high enough to cause significant plastic deformation. 

In the interference-fit models, significant plastic deformation of the interface bone was 

predicted. Most of the plastic deformation occurred during the loadstep simulating the 

establishment of interference-fit. In the loadstep simulating walking, a small increase in plastic 

deformation was seen. Overall, the total plastic deformation in the third loadstep is similar to the 

first loadstep. Since most plastic deformation was accumulated during the interference-fit step, the 

micromotion in the plastic interference-fit models were only slightly higher than the elastic model. 

The interface bone strain in the model without interference-fit showed low strain in most of the 

interface area. The small increase in plasticity in the third loadstep in the interference-fit model 

and the low interface bone strain in the model without interference-fit suggests that most of the 

deformation in the third loadstep is elastic in nature. This explains the nearly identical 

micromotion predicted by the elastic and elastic-perfectly plastic models. Clinically, the similarity 

in initial stability of the elastic and elastic-perfectly plastic model is important as this means that 

the initial micromotion of the IPS stem is not sensitive to some plastic deformation of bone, which 

is likely to occur during insertion of the stem. 

The residual stress within model In-O.l(Fl.O) decreased in comparison to model In-0.1 due to 

plastic deformation. However, in comparison to the elastic model with 0.05 mm interference-fit 

(model In-0.05), model In-O.l(Pl.O) still has higher residual stress, which suggests that the 

effective interference-fit is higher in model In-O.l(Pl.O). Since model In-0.1 and In-0.05 has 

similar micromotion, the higher residual stress of model In-O.l(Pl.O) in comparison to model In-

0.05 suggests that micromotion of model In-O.l(Pl.O) will also be similar to model In-0.1 and In-
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0.05. This could partly explain the similarity of micromotion of the elastic and elastic-plastic 

models. 

Although the interface bone strain of the implanted proximal femur using the IPS stem in the 

model without interference is not high, studies have shown that interface contact stresses can vary 

widely either in distribution or magnitude in different stem designs [Ando et al, 1999]. Different 

stems design also may cause higher strain at the interface bone. In a finite element analysis of a 

Freeman stem, Taylor et al. (1995) has shown that press-fit stem can cause high interface bone 

stress and cause significant plastic deformation of the interface bone, even without modelling an 

interference-fit. In models without an interference-fit, very high micromotions have been predicted 

when significant plastic deformation of the interface bone was modelled [Rubin et al., 1993]. 

Therefore, for a stem that can generate high interface stress, modelling plasticity may give higher 

micromotion due to the possible greater deformation of the interface bone. The effect of plastic 

deformation of interface bone on the stability of press-fit stems with interference-fit in other stem 

designs should not be extrapolated from the results of this study. 

Although under-reaming the femoral canal has become standard in cementless total hip 

replacement, little attention has been given to the potentially damaging high strain in an 

interference-fit assembly. The present study has shown that even a moderate interference-fit of 0.1 

mm can cause significant plastic deformation of the interface bone. The plastic deformation is 

most likely to occur in areas of low bone modulus. A higher interference-fit will cause a greater 

amount of plastic deformation at the interface bone and the integrity of interface bone may be 

significantly affected as a result of excessive interference-fit. 

Mechanical properties of bone have been found to change after undergoing plastic 

deformation. Overloading of cancellous bone beyond the ultimate strain reduces the Young's 

modulus of cancellous bone, depending on the extent of overloading [Keaveny et al., 1999]. A 

limitation of the present study is the reduction of Young's modulus of cancellous bone after 

overloading was not modelled. The lowering of cancellous bone stiffness may affect the 

micromotion at the bone-stem interface. However, the volume of bone that yields plastically is 

small relative to the overall volume of the proximal femur supporting the stem. In Chapter 5, it has 

been shown that overall stiffness of femur affects the micromotion rather than just the stiffness of 

cancellous bone. It is possible that the reduction of stiffness of interface cancellous bone will not 

affect the micromotion too much since its effect on overall stiffness of femur is small. 

Other limitations of this model are similar to those outlined in Chapter 6. This model still 

neglected the viscoelastic effect of bone. If creep of bone is modelled, it is likely that some stress 

relaxation of the interface bone will occur before simulation of the walking load step and reduce 

the residual stress in the femur. 
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Besides increasing the compliance of the interface, plastic deformation of the interface bone 

may increase the risk of interface bone failure due to daily loading and increase the risk of implant 

migration. When bone is deformed plastically, cracks are suspected to develop [Keaveny et al, 

1994b; Keaveny et al, 1994d; Wachtel and Keaveny, 1997; Keaveny et al, 1999]. Wachtel and 

Keaveny (1997) observed an increase in the number of cracks in bone loaded beyond yield, which 

supported the theory that plastic deformation of bone causes crack formation. In a high 

interference-fit environment, interface cancellous bone has been shown to have yield regions and 

the cancellous bones in these regions are bound to have more cracks. In the immediate 

postoperative period, bone may not have time to repair the damage cause by the interference-fit. 

With these damages already present, bone may reach a fatigue limit faster as fatigue damages are 

also accumulated from daily routines. This could have implication on the early migration of the 

implant. Taylor (1997) suggested that in the immediate postoperative period, the implant is 

supported on a layer of necrotic bone caused during surgery. Since this layer cannot repair 

accumulated damage, there is a higher risk of trabeculae fractures and hence stem migration could 

occur more rapidly than in the actively remodelling cancellous bone. Therefore, higher interface 

bone damage during stem insertion could increase the risk of fatigue fracture of bone in the 

immediate postoperative period and lead to higher migration. 
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7.5 Conclusion 

The main conclusions of this study are:-

1) Modelling of bone as an elastic-perfectly plastic material does not change the 

predicted micromotion of the IPS stem in Chapter 6. 

2) Significant plastic deformation of the interface bone occurred when the IPS stem is 

inserted with 0.1 mm interference. However, limited plastic deformation is 

accumulated due to applied walking load. Therefore, micromotions did not change 

significantly from the linear elastic model. 

3) The von Mises stresses within the femur reduces, and thus the effective interference-

fit reduces. However the reduction is not significant enough to change the predicted 

micromotion of the IPS stem. 

4) In the interference-fit model, bone should be modelled as elastic-perfectly plastic 

material to check the extent of bone damage due to interference-fit. Extensive plastic 

deformation may compromise interface bone integrity and increase the risk of 

migration. 
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Chapter 8 Effect of creep on the initial 

stability of the stem and strain in the 

implanted proximal femur 

8.1 Introduction 

In Chapter 6, the results showed that the implanted femur assembly showed high assembly 

strains with a moderate interference-fit of 0.1 mm. It has also been discussed in Section 1.4.2 that 

bone undergoes creep deformation [Zilch et al, 1980; Fondrk et al., 1988; Rimnac et al., 1993; 

Bowman et al, 1998; Bowman et al., 1999; Fondrk et al., 1999; Brown et al, 2002]. In a high 

strain environment like the interference-fit assembly in an implanted proximal femur, creep is 

likely to occur. Therefore, it is conceivable that for a high initial interference-fit value, creep will 

effectively reduce the residual stresses and thus the effective amount of interference-fit. How creep 

affects the effective interference-fit and the initial stability of the implanted proximal femur has 

not been reported in the literature. 

Both cortical and cancellous bone have been shown to exhibit the three classical stages of 

creep observed in many engineering materials [Rimnac et al., 1993; Bowman et al., 1994; 

Bowman et al., 1998; Bowman et al., 1999; Brown et al, 2002]. The creep rate decreases during 

the primary phase, is constant during the secondary phase and increases during the tertiary phase. 

The steady state creep rate and time to failure in both cortical and cancellous bone are strongly 

correlated to normalized stress by a power law relationship [Caler and Carter, 1989; Rimnac et al., 

1993; Bowman et al., 1994; Bowman et al, 1998; Bowman et al., 1999]. The creep behaviour of 

both cortical and cancellous bone have been observed in a temperature range that includes the in 

vivo temperature of 37 °C [Rimnac et al., 1993; Bowman et al., 1998]. Therefore, creep can 

happen in vivo. It is reasonable to assume that if bone creeps in vivo, then residual bone stress 

cause by an interference-fit can reduce in vivo. 

Postoperatively, cementless hip joint replacement patients are normally advised to partially 

weight bear for at least a few weeks postoperatively to allow bone ingrowth to occur [Nistor et al., 

1991]. Bone ingrowth onto the surface of hip stem in vivo will take at least a few weeks to occur 

postoperatively. Lamellae bone ingrowth has been observed in rabbits 4 weeks postoperatively 

[Dhert et al, 1998]. This study observed formation of callus after 7 days and woven bone after 14 

days. However, bone formation is faster in rabbits than in humans. Callus formation has been 

observed in fracture healing and the differentiation of this tissue forms bone [Goodship and 

Kenwright, 1985; Gardner et al., 2000]. Direct measurement of the time needed for ingrowth to 

occur in humans has not been reported in the literature. However, it has been reported that the first 
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formation of woven bone from soft connective tissue adjacent to the fracture site during fracture 

healing in humans takes about 8 weeks [Gardner et al, 2000]. At this time, woven bone reached 

25% maturation. The maturation of woven bone reached 60% after 16 weeks. Towards the 

peripheral of the fracture callus, dense fibrous tissue was observed after 8 weeks. After 16 weeks, 

the fibrous tissue has remodelled to become mature bone. If the healing process in the bone-

implant interface and in fracture share a similar time frame, then it is vital that interference-fit 

should provide stability for at least 8 weeks for the early stabilization to occur. 

Due to possible creep in the femur in vivo, this study investigated the influence of creep on 

the effective interference-fit and initial stem micromotion. This is to address one of the limitations 

of the models in the previous chapters. The relative effect of residual stresses in the cortical and 

cancellous bone on stem micromotions are also studied to better understand the interference-fit 

design for hip stems. The stress relaxation of bone is simulated using creep data of bone. As a first 

step to model creep of bone in an interference-fit assembly, a simplified model was chosen. It is 

easier to study the separate effect of the creep of cortical and cancellous bone on interference-fit 

with a simplified model. 

The objectives of this study were: -

1) To study if the length of time the interference-fit can be maintained is long enough for 

bone ingrowth to occur? 

2) To study if bone creep affects the micromotion of the stem? 

3) To study the factors affecting the effective interference-fit? 

4) To study if interference-fit is maintained postoperatively, what is the optimum degree of 

interference-fit? 

5) To study how effective interference-fit and micromotion of the stem is affected by bone 

quality? 

8.2 A simplified model of the implanted proximal femur 

8.2.1 Simplified model of the stem and femur 

The simplified model of the implanted proximal femur used in this study is shown in Figure 

8.1 and this model was based on a simplified model reported in another study [Lu and McKellop, 

1997]. The proximal femur is modelled as truncated hollow cones with two layers of bone; an 

outer shell of cortical bone and an inner layer of cancellous bone. The cortical bone is extruded 

distally as a hollow cylinder to form the femoral shaft. The simplified stem is modelled as a 

truncated cone joined to an oblique cylindrical neck. The dimensions are shown in Figure 8.1. 
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•-14-t 

Cortical bone 

Cancellous bone 

Titanium stem 

Figure 8.1 Simplified model of the implanted proximal femur. The midplane of the model is shown here. 
Dimensions are in millimetre. 

8.2.2 Creep behaviour of bone 

hi the literature, creep parameters (steady state creep rate and time-to-failure) have been 

shown to be highly correlated to normalized stress (a/E) defined as the ratio of stress over 

Young's modulus (Table 8.1). Bowman et al. (1999) suggested that collagen fibres could be 

responsible for creep behaviour of bone. Their results showed that demineralised bovine cortical 

bone (or collagen fibre) showed a similar exponent in the power-law relationship between steady 

state creep rate ds/dt and normalised stress o/E to cortical and cancellous bone. The exponents for 

bovine cortical and cancellous bone obtained from tensile (the former) and compressive (the latter) 

creep test have been reported to take the values of 18.9 [Fondrk et al., 1988] and 15.56 [Bowman 

et al., 1998] respectively (Table 8.1). The exponent of the power law relationship between time-to-

failure tf and normalized stress a/E of demineralised bovine cortical bone (or collagen fibre) has 

been reported to be -15.6 [Bowman et al., 1999]. This is also similar to exponents of human 

cortical bone (tension = -15.81, compression = -17.76 [Caler and Carter, 1989], hoop = -13.64 

[Brown et al., 2002]), bovine cortical bone (tension = -16.7 [Mauch et al., 1992]) and bovine 

cancellous bone (compression = -15.1 [Bowman et al., 1998]), as shown in Table 8.1. 
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Demineralised bone also exhibits the usual three stages of creep observed in both cortical and 

cancellous bone. Like cortical and cancellous bone, creep behaviour of demineralised bone also 

has an Arrhenius temperature dependency. The demineralised bone creep activation energy of 113 

kJ/mole [Bowman et al, 1999] is within the range of creep activation energies for bovine 

cancellous and cortical bone (136 and 44 kJ/mole respectively) [Rimnac et al., 1993; Bowman et 

al., 1998], as shown in Table 8.1. 

0.008 

0.007 

0.006 

0.005 

0.004 

0.003 

0.002 

0.001 

- Cortical bone, hoop 

Cancellous bone, 
compressive 

0.002 0.004 0.006 0.008 

Normalized stress, cj/E 

0.01 

Figure 8.2 Plot of steady state creep stiain rate against normalized stress. The cortical bone cui^ve was 
obtained from hoop creep test of human cortical bone [Brown et al., 2001; Brown et al., 2002]. The 

cancellous bone curve was obtained from compression creep test of bovine cancellous bone 
[Bowman e/a/ . , 1998]. 

In this study, the relationship between steady state creep strain rate ds/dt and normalised 

stress a /E obtained from creep tests on bovine cancellous bone and human cortical bone was 

implemented [Bowman et al., 1998; Brown et al., 2001; Brown et ah, 2002], as shown in Figure 

8.2. The relationship between steady state creep strain rate and normalized stress for human 

cancellous bone is unavailable in the literature. For bovine cancellous bone, only compressive 

creep test data is available [Bowman et al., 1998]. The relationship between steady state creep 

strain rate and normalized stress for human cortical bone is only available from a hoop creep test 

[Brown et ah, 2001; Brown et al., 2002]. In this test, a hollow cylinder of human cortical bone 

from the femur is internally pressurized and the circumferential hoop strain was measured for 

different locations on the surface of the cylinder. Similar relationships have not been reported for 

tensile and compressive creep of cortical bone. 
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The cancellous bone creep relationship was implemented at a body temperature of 310 "K (37 

"C) and shown below [Bowman et al, 1998] 

— = 2.1051 X10^'(— — Equation 8.1 

The cortical bone creep relationship obtained at 310 °K is shown below [Brown et al., 2002]:-

— = 9 . 0 2 x 1 0 e ^ — Equation 8.2 

In Figure 8.2, the compressive creep strain rate of bovine cancellous bone is lower than the 

hoop creep of human cortical bone for the same normalized stress. To achieve a creep strain rate of 

10 a normalized stress of 0.0062 is required for bovine cancellous bone whereas a 

normalized hoop stress of is 0.0022 is required for human cortical bone. Fondrk et al. (1988) 

reported similar creep strain rate from a tensile creep test of human cortical bone and reported that 

the stress to produce this creep strain rate is 73 MPa. The measured elastic modulus of the human 

cortical bone in Fondrk's et al. (1988) study was 13.1 GPa. The normalized stress is therefore 

0.0055, which is higher than the normalized stress needed to produce similar creep strain rate in 

hoop creep test of human cortical bone. Therefore, the creep strain rate relationship of the bovine 

cancellous bone (Equation 8.1) can be considered as the upper bound and the creep strain 

relationship of the human cortical bone can be considered as the lower bound (Equation 8.2). 

Two sets of analyses were performed with different creep conditions. The first set modelled 

the creep of cortical and cancellous bones with Equation 8.1 as the upper bound condition because 

of the lower creep strain rate at a given normalized stress in comparison to Equation 8.2. The 

second set of analyses modelled the creep of cortical bone with Equation 8.2 and cancellous bone 

with Equation 8.1 as a lower bound condition. 

Creep behaviour in MARC 2001 is based on a von Mises creep potential with isotropic 

behaviour (MARC user's manual Volume A). Creep strain changes occur in the direction of 

outward normal to the current von Mises stress surface. Normalized stress is treated as the ratio of 

the current total equivalent stress and the Young's modulus of the bone. 
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Tissue 
Human cortical bone 

Author Load" Regression 
Caler and Carter, Tens. ^ 

1989 = 1 . 4 5 x 1 0 " " ^ — 

r (y 

0,95 

Comp. 
37 / U . _i7.76 

f . = 4 . 0 7 x 1 0 - " ' ( — ) 

1187 

Brown et al., 2002 Hoop 
- 3 6 / ^ a \-13.64 

= 7 . 5 2 x l O - ' X — 

0.71 

Bovine cortical bone Fondrk ei a/., 1988 Tens. 

— = 3 . 3 8 x l O " ' ' ( — ) ' 

Mauch et al., 1992 Tens. 
3 5 / C n - 1 6 . 7 

= 2 . 5 1 x l O - " X — ) 

Rimnac e<a/., 1993 Tens. , -5330 
as (—^) 
— « e ' 
dt 

= 0 . 0 0 4 2 ( : : ^ ) 
^ ^ \ - 1 . 0 3 , 

dt 

&56 

0.51 

0.41 44 

&87 

Bovine cancellous bone Bowman e; n/., 1998 Comp. 7 -16400 0.84 136 

— = 1 . 9 9 X10^"= ( — ) ' " ' = g 

r c r , _ w . , O S ' 
r . = 9 . 9 4 x 1 0 - ' % — 

r , = 0 . 0 2 1 8 ( — ) - 0 99 
0 99 

Demineraiised cortical bone Bowman e/aZ, 1999 Tens.' ^ p 

— = 6 . 7 4 x 1 0 " ( — y 

= 2 . 5 6 x l O - ' ' ( — ) -

0.84 

0 79 

Tens.® 

Tens.'' 

= 0 . 0 2 3 3 ( — ) 
d S \ -0.99 

— « e ^ 
dt 

r , = 0 . 0 0 5 9 ( — 

ds 

dt 
f , = 0 . 0 2 9 3 ( — ) - ° * ' 

0.92 

0.91 113 

0.99 

1193 

' tens.: Tensile; Comp.: Compression. 
' units of dc/dt (steady state creep), tf(time to failure), T (temperature) are s"', s and °K. 
' Unit of Q (creep activation energy) is kJ/Mole. 
'' Bovine cortical bone modulus E of 23 GPa was assumed to manipulate Fondrk et al. (1988) original regression into the form presented 
here. 
° Best-fit regression of the data presented in Rimnac et al (1993) manuscript. 
Specimen from humeri. Creep test (21C). 

® Specimen from tibiae. Creep activation energy test. 
" Pooled data from humeri and tibiae. 

T a b l e 8 .1 R e v i e w o f c r e e p r e l a t i o n s h i p s f o r h u m a n a n d b o v i n e b o n e . A d a p t e d f r o m B o w m a n et al. ( 1 9 9 9 ) . 

H o w e v e r , h u m a n c a n c e l l o u s b o n e c r e e p d a t a i s u n a v a i l a b l e . 
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8.2.3 Elastic properties of bone and stem 

Young's moduli of the cortical and cancellous bones were assumed to be 16000 MPa 

[Harrigan and Harris, 1991] and 500 MPa [Biegler et al, 1995] respectively. The Young's 

modulus of the titanium alloy stem was assumed to be 116 000 MPa. Poisson ratio was assumed to 

be 0.3 for both bone and stem. 

Both cortical and cancellous bones were assumed to yield at 1.0% strain and assumed to have 

perfectly plastic post-yield behaviour. Thus, the corresponding yield stresses of cortical and 

cancellous bone were 160 and 5 MPa respectively. Bone was not assumed to be linear elastic 

because it is unreasonable to assume that interface cancellous bone will not deformed plastically if 

the interference-fit is high. In Chapter 7, it has been explained that cancellous bone reaches the 

ultimate strain at about 1 and 1.5% strain in uniaxial test. With creep exponent of 15.56, the creep 

strain rate increases rapidly and the creep strain rate in equation 8.1 is about 8.77 ss'' at 1.5% 

strain. Creep will quickly reduce the elastic stress. The creep test in Bowman et al. (1998) has also 

been performed within a strain range of 0.4 and 1% strain. It is therefore reasonable to assume 

bone to yield at 1% strain. 

To study the effect of material properties on micromotions in models with an interference-fit, 

the stiffness of cortical and cancellous bone were reduced. Cancellous bone stiffness was reduced 

by 40% to 300 MPa. Stiffness of cortical bone was reduced by 20 and 40% to 12800 and 9600 

MPa respectively. The yield strain remained as 1% and the yield stress adjusted accordingly. The 

reduction of stiffness of bone has been explained in detail in Chapter 5. 

8.2.4 Boundary conditions and loads 

Fourteen different analyses were performed with the boundary conditions shown in Table 8.2. 

Models In-0.05(0-Cr), In-0.03(0-Cr), In-O.Ol(O-Cr) and In-O(O-Cr) simulated the different degree 

of interference-fit of 0.05, 0.03, 0.01 and 0 mm. Creep is not simulated in these models (therefore 

0-Cr) and they represented the condition at day 0. Models In-0.05(1-Cr), In-0.03(1-Cr), In-0.01(1-

Cr) simulated creep using the upper bound condition (identical creep relationship for cortical and 

cancellous bone) as explained in Section 8.2.2. Models In-0.05(2-Cr), In-0.03(2-Cr) and In-0.01(2-

Cr) simulated the lower bound conditions using different creep relationships for cortical and 

cancellous bone (2-Cr), as explained in Section 8.2.2. All the models in this paragraph have 

normal bone quality. 

Models In-0.05(1-Cr)+40TB-0CB, In-0.05(1-Cr)+40TB-20CB and In-0.05(1-Cr)+40TB-

40CB are models with cancellous bone modulus reduced by 40% (40TB) and cortical bone 

modulus reduced by 0, 20 and 40% (OCB, 20CB, 40CB) respectively. These models have an 

interference-fit of 0.05 mm. Model In-0.03(1-Cr)+40TB-0CB has interference-fit of 0.03 mm and 
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cancellous and cortical bones moduli reduced by 40 and 0% respectively. The models in this 

paragraph were simulated with the upper bound creep condition. 

The implementation of the interference-fit in MARC2001 has been explained in Chapter 6. 

The friction coefficient between the bone and stem surfaces was 0.6, assuming contact between 

porous-coated stem and bone [Shirazi-adl et al, 1993]. This friction condition has been used in the 

anatomical model used in previous chapters. 

Bone quality, 
MPa 

Creep Interference-fit, mm Bone quality, 
MPa 

Creep 
&05 1 0.03 0^1 1 0 

CB = 16000 
TB = 500 

1 creep 
law 

In-0.05(1-Cr) In-0.03(1-Cr) Iii-O.Ol(l-Cr) 

2 creep 
law 

In.0.05(2-Cr) Iii-0.03(2-Cr) In-0.01(2-Cr) 

No creep 
law 

In-0.05(0-Cr) In-0.03(0-Cr) In.0.01(0-Cr) In-O(O-Cr) 

CB = 16000 
TB = 300 

1 creep 
law 

In-0.05(1-Cr)+40TB-
OCB 

In-0.03(1-
Cr)+40TB-0CB 

- -

CB = 12800 
TB = 300 

1 creep 
law 

In-0.05(1-Cr)+40TB-
20CB 

CB = 9600 
TB = 300 

1 creep 
law 

In.0.05(l-Cr)+40TB-
40CB 

- - -

CB = cortical bone, TB = cancellous bone 
0-Cr = creep was not simulated 

1-Cr = upper bound creep condition 
2-Cr = lower bound creep condition 

Table 8.2 Analyses with different interference-fit, creep condition and bone qualities. 

The loadsteps (Figure 8.3) are similar to the study performed in Chapter 6. The first loadstep 

involves the simulation of the interference-fit. The second loadstep removes the axial stem 

constraint to allow elastic springback of the stem to occur. The third loadstep modelled the creep 

of bone. The simulated time frame was 28 days. In the fourth loadstep, the axial force of 3000 N 

was applied [Huiskes, 1990]. A load of 1500 N, similar in magnitude to the load described in 

Section 4.2.4 was initially applied. However, the load does not show clearly the differences in 

micromotion between different models. Therefore, a higher load of 3000 N was later used. In 

models In-0.05(0-CR), In-0.03(0-CR), and In-O.Ol(O-CR), the third loadstep was omitted because 

creep was not simulated. 

It was discussed in the Introduction that bone ingrowth may take about 8 weeks to occur. The 

creep of bone should therefore be simulated for a period of 56 days to study if interference-fit can 

be maintain for this period of time. It is found that the differences in stress in the models between 

14 and 28 days were small, as shown in the results in Section 8.3.1.3. Therefore between 28 and 56 

days, the stress changes are not expected to be high. The stress relaxation simulation was therefore 

stopped after 28 days, and this is deemed a reasonable simulation time frame to study the 

effectiveness of interference-fit up to the point of bone ingrowth. 
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3000 N axial load 
stem axial constraint 

distal constraint 
a 

J / ij I J / /y 
distal constraint 

b 
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^ I / ji 11 f 
distal constraint 

d 

Figure 8.3 From left to right; (a) Interference-fit modelled (b) axial constraint removed for elastic springback 
(c) 28 days of simulated creep (d) axial load of 3000 N applied. 

8.2.5 Mesh refinement study 

The model was meshed in three different mesh sizes using an eight-node brick element 

(element 7) giving 3960, 4760 and 5560 elements (Figure 8.4) and are referred to as Mesh 1, Mesh 

2 and Mesh 3. The mesh density differs only at the levels between the region of contact between 

the stem and the femur. A mesh refinement study was performed to ensure convergence in the 

model. Values of von Mises stress and micromotion were compared. Stress was compared because 

the effective interference-fit should be a related to the stress instead of the strain. Conditions for 

model In-0.05(1-Cr) was simulated for this convergence study. The four loadsteps described 

previously was simulated. The von Mises stresses reported for the convergence study was from the 

mid-medial endosteal and periosteal bone, at day 0 and 28 (Figure 8.4). The peak medial and 

lateral micromotions were compared at day 28. The medial micromotion was highest at the distal 

node while the lateral micromotion was highest at the proximal node. 
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Figure 8.4 From left to right: Mesh 1, Mesh 2 and Mesh 3. The models from left to right have 3960, 4760 
and 5560 elements respectively. The periosteal and endosteal stress were compared at the mid-

medial nodes. Maximum micromotion at the medial and lateral side were compared. 

8.2.5.1 Maximum micromotion and von Mises stress 

The relative difference (error) of the peak medial and lateral micromotion between the 

coarser meshes (Mesh 1 and Mesh 2) and Mesh 3 is shown in Table 8.3. The percentage error of 

the peak medial micromotion is 7.86% and 1.87% for Mesh 1 and Mesh 2 respectively, and this 

shows convergence relative to Mesh 3. The respective absolute error is 4.55 and 1.07 pm 

respectively. The difference of peak medial micromotion between Mesh 2 and Mesh 3 is therefore 

quite small. The percentage error of the peak lateral micromotion is 41.97 and 7.17% for Mesh 1 

and Mesh 2 and this shows convergence relative to Mesh 3. Although the lateral micromotion has 

a higher percentage difference between Mesh 2 and Mesh 3 than the medial micromotion, the 

absolute difference is only 1.25 p.m. 

Error of peak micromotion, % (absolute, p.m) 

Mesh 1 Mesh 2 

Medial 

Lateral 

7.86 (4.55) 1.87(1.07) 

41.97 (&8I) 7,17(1.25) 

Table 8.3 The relative and absolute difference of the maximum micromotion relative to Mesh 3. 

The von Mises stresses at the midnodes on the endosteal and periosteal surfaces of Mesh 2 

are shown to converge relative to Mesh 3 (Table 8.4). Before creep (day 0), the relative difference 

at the endosteal and periosteal bone between Mesh 2 and Mesh 3 are 2.97 and 3.26% respectively. 

At day 28 after stress relaxation, the endosteal and periosteal relative difference are 0.23 and 2.04 

% respectively. The relative difference is therefore small between Mesh 2 and Mesh 3. The stress 
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convergence is achieved with Mesh 2 and Mesh 3. Mesh 3 was used for all the analyses in this 

study since it has been shown that both the micromotion and stress converged with this mesh size. 

Error of von Mises stress before stress relaxation and after stress 

relaxation, % (absolute, MPa) 

Time, day 

Endosteal 

Periosteal 

Mesh 1 

0 

17.2(6.81) 

1 7 8 6 ( ^ ^ ' 

Mesh 2 

' 2 ^ l o 2 8 

o.o7'(6!bm) 2i^(6ii4ir 

' 7 3 8 (^6:^71) 3 7 2 ^ ^ 3 8 ) 2764(672^5^ 

Table 8.4 The relative and absolute difference of the von Mises stresses at the midnodes on the endosteal 
and periosteal surface of the femur between either Mesh 1 or 2 with Mesh 3. The von Mises at day 
0 (before stress relaxation) and day 28 (after stress relaxation) shows convergence for mesh finer 

than Mesh 2. 
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8.3 Results 

8.3.1 Comparing the micromotions, stresses and strains for the modeis with 

normal bone at day 0 and day 28 

8.3.1.1 General micromotion distribution at day 0 and day 28 for different 

interference-fit models 

The medial and lateral micromotion distributions at day 0 are shown in Figure 8.5. Generally, 

models with higher interference-fit have lower micromotions. Models with interference-fit of 0.05 

and 0.03 mm have significantly lower micromotion distribution than the 0.01 mm interference-fit 

models. The peak micromotions of all the interference-fit models are 3 to 8 times lower than the 

model without interference-fit. 

Lateral micromotion aldayO Medial micromolion at day 0 

50 1W 1M 2W 

Micromotion, micron 

250 

-*-fn-0.05(0Cr) -
—t-ln-O.OIfO-C^ 

-ln-0.03(0^r) 
-ln4K0-Cr) 

300 

2 ^ ^ _ / / 
^ / 

! / 
• / 

i / 

• / , / 

- ln-0.05(0-Cr) —#—ln-0.03(0-Cr) 

-ln-0.01(0-Cr) -4- ln-0(0-Cr) 

0 50 1M 2W 2M 3M 

Micromolion, micron 

Figure 8.5 Medial and lateral micromotions at day 0 for models with different degree of interference-fit. 

Generally, at day 28, the micromotions are higher because of bone creep. In Figure 8.6, the 

medial and lateral micromotions of model In-0.05(0-Cr) are compared with model In-0.05(1-Cr) 

and In-0.05(2-Cr). The medial and lateral micromotions are lowest in model In-0.05(0-Cr). On 

both the medial and lateral sides, model In-0.05(1-Cr) has slightly higher micromotion 

distributions than model In-0.05(0-Cr). In comparison, the micromotion distributions of model In-

0.05(2-Cr) are much higher than model In-0.05(0-Cr) on both sides. The different creep laws used 

in models In-0.05(1-Cr) and In-0.05(2-Cr) has resulted in significantly different amount of stress 

relaxation, as will be discuss in later sections, and has a significant effect on the predicted 

micromotions. 
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Lateral micromotion 

M 1M 
Micromotion, micron 

- ^ l n - 0 . 0 5 ( 1 - C r ) — l n - 0 . 0 5 ( 2 - C r ) 

ln-0.05(0-Cr} 

Medial micromotion 

W 1W 
Micromotion, micron 

—ln-0.05(1-Cr) h-0.05(2-Cr) 

ln-0.05(0-Cr) 

Figure 8.6 Medial and lateral micromotion of the models with interference-fit of 0.05 mm. Micromotions for 
model In-0.05(0-Cr) are at day 0, and for models In-0.05(1-Cr) and In-0.05(2-Cr) are at day 28. 

8.3.1.2 Comparing micromotions at day 28 for different degrees of interference-fit 

Bone creep was simulated for 28 days and the medial and lateral micromotions for models 

with various degrees of interference-fit are shown in Figure 8.7. The mean and peak micromotions 

for the models that simulated creep with one creep law for bone and models that simulated creep 

with separate creep law for cortical and cancellous bone are compared. Similar to day 0, at 28 day, 

the micromotions are lower for the models with higher interference-fits, provided these models 

have the same creep laws. 

For models In-0.05(1-Cr), In-0.03(1-Cr) and In-O.Ol(l-Cr) shown in Figure 8.7, bone creep is 

simulated with a creep law obtained from uniaxial compressive test of bovine cancellous bone 

[Bowman et al., 1998]. A moderate interference-fit of 0.01 mm (model Iii-O.Ol(l-Cr)) reduces the 

peak lateral and medial micromotion by 70% and 64% respectively, in comparison to model In-

O(O-Cr). A greater reduction in peak micromotion is achieved with a higher interference-fit. As 

shown in model hi-0,05(l-Cr), the peak lateral and medial micromotion were reduced by 92% and 

81% respectively, in comparison to model In-O(O-Cr). Comparing the micromotion distributions of 

models In-0.05(1-Cr), ln-0.03(l-Cr) and In-O.Ol(l-Cr) at day 28 and their distributions at day 0, 

the micromotions at day 28 are slightly higher. The effect of the creep model on the predicted 

micromotion is not very significant. The significant reduction in micromotion with a moderate 

interference-fit is consistent with the prediction of the anatomical model in Chapter 6. This creep 

model suggests that initial stability of the stem can be improved by a higher interference-fit. 

For models In-0.05(2-Cr), In-0.03(2-Cr) and In-0.01(2-Cr) shown in Figure 8.7, the creep law 

used to simulated cortical bone creep is different from models In-0.05(1-Cr), ]n-0.03(l-Cr) and In-

O.Ol(l-Cr). As explained in Section 8.2.2, cortical bone creep for the former models is expected to 

be higher than the latter models, hi comparison to model In-O(O-Cr), model In-0.01(2-Cr) 

predicted a reduction of peak lateral and medial micromotion by 63 and 56% respectively. In 

comparison to model In-O.Ol(l-Cr), model In-0.01(2-Cr) has slightly higher peak lateral and 
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medial micromotion. However, models In-0.05(2-Cr) and In-0.03(2-Cr) have much higher peak 

lateral and medial micromotion in comparison to models In-0.05(1-Cr) and In-0.03(1-Cr). In fact, 

the micromotions for models In-0.05(2-Cr) and In-0.03(2-Cr) are only slightly lower than model 

In-0.01(2-Cr). hi comparison to model In-O(O-Cr), the peak lateral micromotion was reduced by 73 

and 71% for model In-0.05(2-Cr) and model In-0.03(2-Cr) respectively. The peak medial 

micromotion was reduced by 60% for both models. Comparing models In-0.05(2-Cr) and In-

0.03(2-Cr) with model In-0.01(2-Cr), the reduction of peak lateral and medial micromotion is only 

about 10 and 4% more. Therefore, models In-0.05(2-Cr), In-0.03(2-Cr) and In-0.01(2-Cr) predict 

that a higher interference-fit does not improve the stem stability significantly, and shows that creep 

could affect the effective interference-fit significantly. 
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Figure 8.7 Medial and lateral micromotions for models with different degree of interference-fit after 28 days. 
Models with identical interference-fit but simulated with different creep laws are shown side by 

side. 
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8.3.1.3 Comparing midmedial endosteal, periosteal stresses and equivalent creep 

strain in different interference-fit models at day 0 and day 28 

Figure 8.8 shows the typical stress relaxation curves at the medial endosteal and periosteal 

midnodes of model In-0.05(1-Cr). Stress relaxation curves of other models are similar and 

therefore not shown. Generally in all the models, the endosteal node has a lower stress than 

periosteal node. Rapid stress relaxation in the first day can be seen in all models. Subsequently, the 

stress relaxation in the models was minimal. 
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Endosteal node 2901 

Periosteal node 1706 

Figure 8.8 Endosteal and periosteal stress relaxation of model In-0.05(1-Cr). The values at the medial 
midnodes are shown here. The stress relaxation curves shown here is typical for other models as 

well. 

The endosteal von Mises stresses of models ]n-0.05(l-Cr), hi-0.03(l-Cr) and hi-O.Ol(l-Cr) at 

day 0 and day 28 are shown in Figure 8.9. At day 0, higher stresses are seen in models with higher 

degree of interference-fit. However, because of creep, the endosteal stresses of model Li-0.05(1-

Cr) and ]n-0.03(l-Cr) are similar at about 1.5 MPa after 28 days. The initial endosteal stresses of 

models hi-0.05(l-Cr) and hi-0.03(l-Cr) reduced by 69 and 55% after 28 days. The endosteal stress 

of model hi-O.Ol(l-Cr) did not change over the similar period due to the low initial endosteal 

stresses, which were below the creep threshold. For models Li-0.05(1-Cr) and In-0.03(1-Cr), most 

of the stress relaxation in the endosteal bone occurred in the first day (Table 8.5). Between day 14 

and 28, the absolute stress relaxation was about 0.07 MPa for both models hi-0.05(l-Cr) and hi-

0.03(1-Cr) (Table 8.5). Subsequent stress relaxation after day 28 is therefore not expected to be 

high. If stress relaxation after day 28 is assumed to be linear and at the rate between day 14 and 28, 

the endosteal stress at the midnode will only relax by 0.14 MPa every four weeks. At the least, the 

final endosteal stress value will be about 1 MPa if simulated time is increased to a few months, 

similar to the stress in Model Li-O.Ol(l-Cr). Maintaining this residual stress for a few months is 

vital to maintain stem stability until bone ingrowth has occurred. 
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Simulated Creep Time, day 0 1 14 28 

Endosteal 

In-0.05 

( L c o 
Stress, MPa 4.71 Lsi 1.52 [45 

Endosteal 

In-0.05 

( L c o Percentage change f rom initial 

stress, % 
0 6L6 6%7 69J 

Endosteal 
In-O.OS Stress, M 1^3 1.46 

Endosteal 
In-O.OS 

Percentage change f rom initial 
stress, % 

0 44.2 531 552 

Periosteal 

Stress, M 11.80 9.95 9 70 64 

Periosteal 

Percentage change from initial 
stress, % 

0 15.7 17^ 183 

Periosteal 
D^0.03 
(LOO 

Stress, M 5̂ &83 &60 6^4 
Periosteal 

D^0.03 
(LOO Percentage change from initial 

stress, % 
0 8.3 1L4 122 

Table 8.5 Stress and percentage drop from initial von Mises stress after 1, 14 and 28 days of simulated stress 
relaxation at the midnode on the endosteal and periosteal surfaces. 

The stresses of the periosteal bone at the medial midnodes for models In-0.05(1-Cr), M-

0.03(1-Cr) and In-O.Ol(l-Cr) are shown in Figure 8.10. At day 0, higher periosteal stresses are 

seen for models with a higher interference-fit. However, the periosteal cortical bone stresses for 

models In-0.05(1-Cr) and In-0.03(1-Cr) did not converge to the same value after 28 days, unlike 

the endosteal stresses. After 28 days, the higher interference-fit models still have higher periosteal 

stresses. Similar to the endosteal surfaces, most stress relaxation occurred in the first day (Table 

8.5). The periosteal stress relaxations for model Li-0.05(1-Cr) and In-0.03(1-Cr) are 18 and 12% 

respectively, and the percentage stress relaxation is lower than in the endosteal cancellous bone. 

Stress relaxation between day 14 and 28 is 0.5 and 0.8% of initial stress for hi-0.05(l-Cr) and In-

0.03(1-Cr) respectively (Table 8.5). Subsequent stress relaxation should not be too significant. 

Stress is lower than the creep threshold in model In-O.Ol(l-Cr), and therefore no stress relaxation 

occurred in this model. The periosteal stresses as a result of the interference-fit is not likely to 

reduce much in subsequent months. 

Table 8.6 shows the equivalent creep strain for model fri-0.05(l-Cr) and In-0.03(1-Cr). Since 

the stresses is below creep threshold for model Li-O.Ol(l-Cr), this model has zero creep strain. The 

periosteal total equivalent creep strains for both models are negligible in comparison to endosteal 

equivalent total creep strains. Therefore, stress relaxation of the endosteal bone in both models is 

due to creep of the endosteal cancellous bone. From Figure 8.9, the stress of endosteal cancellous 

bone almost reached an equilibrium at about 1.5 MPa. The corresponding normalized stress (o/E) 

is about 0.003. If the normalized stress in bone is lower than this value, creep will be very slow. 

Therefore, the creep threshold corresponds to normalized stress of about 0.003. The initial 

normalized stresses of the periosteal cortical bone are 0.00075 and 0.00047 for model A and B 

respectively (a taken from day 0 values from Figure 8.10) and these values are much lower than 

the creep threshold value. Therefore, the creep is negligible at the periosteal bone and stress 

relaxation of the periosteal bone is not due to creep, but due to the creeping and deformation of the 
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Figure 8.9 Stresses at day 0 and day 28 of the medial midnodes at the endosteal surface. Models In-0.05(1-
Cr), In-0.03(1-Cr) and In-O.Ol(l-Cr) have a single creep law fo r cortical and cancellous bone. 

Models In-0.05(2-Cr), In-0.03(2-Cr) and In-0.01(2-Cr) have different creep laws for cortical and 
cancellous bone. 
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Figure 8.10 Stresses at day 0 and day 28 of the medial midnodes at the periosteal surface. Models In-0.05(1-
Cr), In-0.03(1-Cr) and In-O.Ol(l-Cr) have a single creep law fo r cortical and cancellous bone. 

Models In-0.05(2-Cr), In-0.03(2-Cr) and In-0.01(2-Cr) have different creep laws for cortical and 

cancellous bone. 
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endosteal cancellous bone. As a result the periosteal bone stress does not converge to the same 

value for different degrees of interference-fit. 

Model In-0.05(1-Cr) In-0.03(1-Cr) 

Node Periosteal Endosteal Periosteal JEndosteal 

Equ^ai^t^eep fo " "^076335" 0 . 3 7 i f 

Table 8.6 Equivalent creep strain at the midnode on the endosteal and periosteal surfaces. Periosteal creep 
strain is negligible in both model In-0.05(1-Cr) and In-0.03(1-Cr). 

In Figure 8.9, the endosteal stresses for models In-0.05(2-Cr), In-0.03(2-Cr) and In-0.01(2-

Cr) at day 0 and 28 are also shown. Initial stresses at day 0 in these models were identical to 

models In-0.05(1-Cr), In-0.03(1-Cr) and In-O.Ol(l-Cr). However, the endosteal stresses at day 28 

are different. Endosteal stress of model In-0.05(2-Cr) at day 28 is 1.1 MPa, which is 0.4 MPa less 

than model In-0.05(1-Cr). Endosteal stress of model In-0.03(2-Cr) at day 28 is 1.6 MPa, which is 

similar to both model In-0.05(1-Cr) and In-0.03(1-Cr). Although at the endosteal midnode is 

higher in model In-0.03(2-Cr) than model In-0.05(2-Cr) due to slightly different stress 

redistribution in both models, generally femoral stress is higher in model In-0.05(2-Cr). The 

overall endosteal stress distribution are slightly lower for models In-0.05(2-Cr) and In-0.03(2-Cr) 

in comparison to models In-0.05(1-Cr) and In-0.03(1-Cr), for comparison between models with the 

same degree of interference-fit. Endosteal stress of In-0.01(2-Cr) reduced by 0.18 MPa after 28 

days, but model In-O.Ol(l-Cr) did not creep at all. Similarly, creep in models In-0.05(2-Cr), In-

0.03(2-Cr) and In-0.01(2-Cr) occurred mostly in the first day. Stresses also did not change 

significantly between day 14 and day 28. Therefore, residual endosteal stresses could be 

maintained for periods long enough for bone ingrowth to occur. 

The stresses of the periosteal bone at the medial midnodes for models In-0.05(2-Cr), In-

0.03(2-Cr) and In-0.01(2-Cr) are also shown in Figure 8.10. At day 28, periosteal stresses are 

much lower for models In-0.05(2-Cr) and In-0.03(2-Cr) than models In-0.05(1-Cr) and In-0.03(1-

Cr) respectively. Periosteal stress for model In-0.01(2-Cr) is slightly lower than model In-0.01(1-

Cr). Compared to the initial periosteal stresses, the periosteal stresses for models In-0.05(2-Cr), In-

0.03(2-Cr) and In-0.01(2-Cr) reduced by 86, 79 and 35% respectively after 28 days. The residual 

stresses are similar for these three models and the stresses are about 1.6 MPa. This is almost the 

same as found in the cancellous bone stresses. The stresses for these models after 28 days are 

stable. Therefore, the creep model of cortical bone based on data from circumferential creep test of 

human cortical bone suggests that cortical bone cannot support high transverse residual stress. 

Even a moderate interference-fit of 0.01 mm can cause stress relaxation in model In-0.01(2-Cr). 

Similar to models In-0.05(1-Cr) and In-0.03(1-Cr), stress relaxation occurred mostly in the first 

day. No significant changes are expected to occur after 28 days. 
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Table 8.7 shows the endosteal and periosteal equivalent creep strain for models In-0.05(2-Cr), 

In-0.03(2-Cr) and In-0.01(2-Cr). The periosteal equivalent creep strains for models In-0.05(2-Cr), 

In-0.03(2-Cr) and In-0.01(2-Cr) are about 0.21, 0.08 and 0.02%, which in comparison to the 

periosteal creep strain for model In-0.05(1-Cr) and In-0.03(1-Cr) (Table 8.6) are significantly 

higher. The endosteal equivalent creep strains for models In-0.05(2-Cr) and hi-0.03(2-Cr) are 

lower than models In-0.05(1-Cr) and In-0.03(1-Cr), although the endosteal stress relaxations were 

greater in model In-0.05(2-Cr) and similar in model ]n-0.03(2-Cr). The periosteal radius of models 

In-0.05(2-Cr) and In-0.03(2-Cr) was found to increase by 14 and 9 jxm after stress relaxation. As a 

result of this, the cortical cancellous bone interface also expanded. In contrast, periosteal radius of 

models In-0.05(1-Cr) and In-0.03(1-Cr) shrunk by 2 and 1 jitm. In models In-0.05(2-Cr) and In-

0.03(2-Cr), a part of the cancellous bone stresses relaxed due to creep deformation of cortical 

bone, which results in expansion of cortical cancellous bone interface. Therefore, the endosteal 

equivalent creep strains in models In-0.05(2-Cr) and In-0.03(2-Cr) are less than in models In-

0.05(1-Cr) and In-0.03(1-Cr). The greater expansion of the periosteal bone of models In-0.05(2-

Cr) and In-0.03(2-Cr) also causes lower residual endosteal stress in the former in comparison with 

the latter. The periosteal cortical bone reaches equilibrium at about 1.6 MPa, which corresponds to 

a normalized stress of 0.0001. Due to this very low creep threshold, the effective interference-fit 

that can be supported by models In-0.05(2-Cr), In-0.03(2-Cr) and In-0.01(2-Cr) is very small. This 

explains the higher micromotion for models In-0.05(2-Cr) and In-0.03(2-Cr) in comparison to 

models In-0.05(1-Cr) and In-0.03(1-Cr). 

Model In-0.05 (2-Cr) In-0.03 (2-Cr) In-0.01 (2-Cr) 

Node Periosteal Endosteal Periosteal Endosteal Periosteal Endosteal 

Equivalent 0.2094 0.3713 0.0839 0.1185 0.6ITT L37 
creep strain, 
% 

Table 8.7 Equivalent creep strain at the midnode on the endosteal and periosteal surfaces. Periosteal creep 
strain is not negligible in all the models. 
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8.3.2 Comparing micromotions and stresses at day 0 and 28 in models with same 

interference-fit but different Young's moduli 

8.3.2.1 Micromotion 

The effect of bone quality and interference-fit on initial micromotions were examined and 

Figure 8.11 shows the medial and lateral micromotion in the models with different Young's 

modulus and interference-fit of 0.05 mm. The micromotions are influenced by the overall stiffness 

of the femur. Lowest mean micromotions are observed in model In-0.05(1-Cr), which has the 

highest bone moduli, and model In-0.05(1-Cr)+40TB-40CB which has the lowest bone moduli has 

the highest mean micromotions. A reduction of cancellous bone Young's modulus by 40%, model 

ln-0.05(l-Cr)+40TB-0CB has doubled the peak lateral micromotion and increased the peak medial 

micromotion by about two thirds in comparison to model hi-0.05(l-Cr). The dependence of 

micromotions on the overall stiffness of the femur in this study is similar to the results of the 

anatomical femur model reported in Chapter 5, although interference-fit was not modelled by 

those models. The medial and axial movement of the stem head is highest in model In-0.05(1-

Cr)+40CB-40TB, which has the lowest Young's moduli. Therefore, the greater bending is likely to 

be the cause of the greater micromotion. However, interference-fit still improved the initial lateral 

and medial stability of model In-0.05(1-Cr)+40CB-40TB in comparison to model In-O(O-Cr), 

which has the original stiffness but no interference-fit (Figure 8.7) by 84 and 43% respectively. 

Poorer bone quality increases micromotions, but with interference-fit, the stem stability in poorer 

quality bone is improved and the micromotions could be lower than the stem inserted with no 

interference into better quality bone. 

Figure 8.12 compares the micromotions of two models with interference-fits of 0.05 and 0.03 

mm, and modulus of cancellous bone reduced by 40% in both models (models In-0.05(1-

Cr)+40TB-0CB and In-0.03(1-Cr)+40TB-0CB), with model In-0.03(1-Cr) which has the normal 

bone modulus. Model In-0.05(1-Cr)+40TB-0CB has lower mean and peak micromotions than 

model In-0.03(1-Cr)+40TB-0CB. However, model In-0.03(1-Cr) which has lower interference-fit 

than model In-0.05(1-Cr)+40TB-0CB has the lowest mean and peak micromotions. The lateral and 

medial peak micromotions of model hi-0.05(l-Cr)+40TB-0CB are 46 and 42% higher than model 

In-0.05(1-Cr)+40TB-0CB. Therefore, stiffness of bone does influence significantly the 

micromotion of the stem. A higher interference-fit may not be able to compensate the lower stem 

stability because of poor bone quality. 
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Figure 8.11 Comparing micromotion in models with different material properties. Interference-fit in the 
models was 0.05 mm. 
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Figure 8.12 Comparing micromotion in models with reduced stiffness and different interference-fit of 0.05 
and 0.03 mm, and a model with the normal stiffness and interference-fit of 0.03 mm. Stiffness of 

cancellous bone was reduced by 60% while stiffness of cortical bone was maintained in model In-
0.05(1-Cr)+40TB-0CB and In-0.03B(1-Cr)+40TB-0CB. 
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8.3.2.2 Endosteal and periosteal stress 

The effect of bone quality on bone stress is shown in (Figure 8.13). Generally, lower stress 

was observed in models with lower bone modulus. The endosteal bone stresses are similar for the 

models with reduced cancellous bone stiffness regardless of the cortical bone modulus, both before 

and after stress relaxation. The model with normal bone has the highest endosteal stress on day 28. 

The periosteal stresses are higher in models with higher cortical bone modulus. The periosteal 

stresses are slightly higher in model In-0.05(1-Cr)+40TB-20CB and hi-0.05(l-Cr)+40TB-0CB in 

comparison to model In-0.05(1-Cr)+40TB-40CB, which has the lowest cortical bone modulus, at 

day 0 and 28. The periosteal stresses in all these three models are 30-40% lower in comparison to 

the model In-0.05(1-Cr), with the normal bone Young's modulus. The lower periosteal stresses 

could partly explain the higher micromotion in model ]n-0.05(l-Cr)+40TB-40CB, although 

bending of the femur could be the more significant contributor to the increase in micromotion. 

The comparison between models In-0.03(1-Cr) and In-0.05(1-Cr)+40TB-0CB showed that 

the micromotion is higher in the latter model even though the interference-fit is higher. However 

the periosteal stresses for both models are quite similar after stress relaxation (Figure 8.10 and 

Figure 8.13). The endosteal stresses are lower in model In-0.05(1 -Cr)+40TB-OCB and effectively, 

the residual stress is lower in this model. The medial movement of the stem head is also higher in 

this model relative to model In-0.03(1-Cr). It is possible as in the comparison of model In-0.05(1-

Cr)+40TB-40CB, In-0.05(1-Cr)+40TB-20CB and In-0.05(1-Cr)+40TB-0CB that the combination 

of lower residual stress and reduced ability to resist bending due to the lower stiffness of bone 

contributed to higher micromotion in model In-0.05(1-Cr)+40TB-0CB in comparison to model In-

0.03(1-Cr). 
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Figure 8.13 Stress relaxation at the endosteal (top) and periosteal (bottom) midnodes in models with 
different Young's moduli of bones. 
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8.4 Discussion 

In this study, higher micromotion was found in the models that simulated the creep 

deformation of the bone in an interference-fit assembly in comparison to the models that 

neglected bone creep. This showed that as a result of creep, a degree of interference-fit is 

effectively lost and this tended to increase the micromotion of the stem. If the interference-fit 

models are compared to the model that did not simulate the interference-fit, it is clear that 

interference-fit can improve considerably the initial stability of the stem, even after creep has 

occurred. It has been shown that a small effective interference-fit reduces the stem micromotion 

by more than 50% in this simple model. However, it is only useful if the effective interference-fit 

in the bone is maintained over sufficiently long period of time to provide stability for the stem 

until osseointegration has occurred. 

The stress relaxation in this study was simulated over a period of 28 days. This study showed 

that most of the relaxation in bone happens in the first day. Between day 14 and day 28, the 

changes in overall stresses in the whole femur are quite small. If the simulation time is increased 

to 8 weeks, even assuming linear loss after day 28, the stresses in the femur are not expected to 

change significantly. Therefore, assuming that the biological process does not change the interface 

condition significantly, the residual stress in the bone due to interference-fit is expected to last for 

at least 8 weeks. This is a meaningful simulation time as bone ingrowth will probably begin to 

occur after 8 weeks. Direct measurement of the time frame for osseointegration of the stem in vivo 

is not available. However, if the process of osseointegration is similar to fracture healing, after 8 

weeks the beginning of formation of woven bone can be expected if suitable mechanical 

conditions exist [Gardner et al, 2000]. In animal experiments involving rabbits and sheep, bone 

formation has been reported after a period of 4 and 10 weeks postoperatively [Goodship and 

Kenwright, 1985; Dhert et al, 1998]. This agrees with clinical observation of the improved 

clinical result if an interference-fit is introduced during the preparation of the femoral canal [Engh 

et al., 1990]. 

In this study, one set of analyses simulated creep using the same creep strain rate relationship 

for both the cancellous and cortical bones (upper bound condition). The endosteal cancellous bone 

stresses relaxed to a similar value of approximately 1.5 MPa, if the initial stresses were above this 

value. This stress value is the creep threshold of cancellous bone. If the interference-fit generates 

lower interface (endosteal bone) stress than the creep stress threshold, little creep will occur. The 

similarity of interface stress seems to suggest that different degrees of interference-fit that 

generate interface stress higher than the creep threshold will relax to the same effective 

interference-fit. However, the surface stress in the periosteal cortical bone for different degrees of 

interference-fit do not converge to the same stress as in the endosteal bone. After stress relaxation, 

the periosteal stress was higher if the degree of interference-fit was higher. The periosteal stress 
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was below the creep threshold for cortical bone and the stress relaxation of periosteal cortical 

bone was due to creep deformation of endosteal cancellous bone. Effectively, higher initial 

interference-fit will also have higher effective interference-fit, if the periosteal cortical stress does 

not exceed the creep threshold. In this situation where periosteal stress does not exceed the creep 

threshold, the effect of higher initial interference-fit is lower initial micromotion. 

Another set of analyses simulated the creep of cortical and cancellous bone using different 

creep strain rate relationships for the two types of bones (lower bound condition). The endosteal 

stress is slightly lower than the models that simulated creep using only one creep law for both 

cortical and cancellous bone. However, the biggest difference is the significantly higher cortical 

bone creep deformation that is predicted when human cortical bone hoop creep data was used. As 

a result of this, the periosteal cortical bone creeps to very low stress of 1.6 MPa in models In-

0.05(2-Cr), In-0.03(2-Cr) and In-0.01(2-Cr). In comparison, model In-O.Ol(l-Cr) has a higher 

periosteal cortical bone stress of about 2.5 MPa, despite lower interference-fit than model In-

0.05(2-Cr) and In-0.03(2-Cr). As a result, the micromotion of models In-O.Ol(l-Cr), In-0.05(2-Cr) 

and In-0.03(2-Cr) are quite similar. Simulating bone creep using human cortical bone creep data 

therefore predicts a much lower effective interference-fit after creep deformation. Therefore, if the 

creep threshold of the periosteal cortical bone is exceeded, creep will reduce the effective 

interference-fit to the level where the normalized stress levels are the same as the creep threshold. 

The creep properties of cortical bone therefore play an important part in determining the effective 

interference-fit and hence stem micromotion. High cortical bone stresses are vital to maintain a 

high effective interference-fit. 

One of the limitations of this study is the assumption that the creep behaviour of cancellous 

bone loaded in the hoop and radial direction can be predicted f rom data obtained from uniaxial 

compressive creep tests of bovine cancellous bone [Bowman et al, 1998]. The creep strain rate of 

human cancellous bone may not be the same as bovine bone. Bovine bone has been shown to 

have higher compressive yield strain and similar tensile yield strain as human bone, and 

compressive yield strain is higher than tensile yield strain [Kopperdahl and Keaveny, 1998]. If 

yield strain of bone can be use to predict the creep behaviour of bone, then human cancellous 

bone will probably have higher compressive creep strain rate and similar tensile creep strain rate 

under the same normalized stress. The creep threshold could also be lower in human cancellous 

bone. Therefore, it is possible that the use of compressive creep data of bovine cancellous bone 

could have underestimated the degree of cancellous bone creep. 

The hoop creep data for cortical bone seems to be suitable for this analysis as the loading in 

this study is mainly in the hoop and radial direction, similar to Brown's et al. (2002) experiment. 

The predicted creep threshold is very small and the simulations with this creep strain rate 

relationship suggests that cortical bone cannot support much residual hoop stress. Model In-

0.05(2-Cr) and In-0.03(2-Cr) predicted that bone would creep extensively in an interference-fit 
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assembly over a few hours and there is a substantial increase in c reep strain (Table 8.7). Brown et 

al. (2002)'s data seems to suggest that creep deformation will occur even at hoop strains as low as 

100 |is. This is not unreasonable, as stress relaxation at veiy low shear strain (10 |is) has been 

reported in torsion test of human cortical bone [Lakes et al, 1979]. 

For the models with 0.05 mm interference-fit, the periosteal cortical bone stress reduced by 

about 20% for the upper bound creep model and 85% for the model for the lower bound creep 

model after 28 days. However, no study has reported the stress reduction in an interference-fit 

assembly between an implant and cortical bone. In vivo measurements of axial stress of screws 

inserted into sheep tibia shaft have shown axial stress reduction wi th time [Blumlein et at, 1977]. 

The stress was measured by a loadcell washer under the screw head. Blumbein et al. (1977) 

observed fast initial drop of axial stress during the first few days, and subsequently, the axial force 

decreased slowly. At 28 days, the axial stress was measured to have reduced between 30 and 60%, 

which is between the stress reduction of the upper and lower bound creep models. Bone is loaded 

differently by a screw than in an interference-fit assembly, but the smaller stress reduction in the 

screw could suggest that cortical bone can support higher residual stress than the prediction of the 

lower bound model. Further research will need to be done to verify the creep threshold of cortical 

bone for an interference-fit assembly and the level of residual stress that can be supported by 

cortical bone. 

Cortical bone Stem Cancellous bone 

1.054*+001 

7.944*fOOO 

Figure 8.14 von Mises stress at the midsection of model In-0.05(1-Cr) after 28 days of simulated time. 
Cortical and cancellous bone acted like an elastic band around the stem. In this model, contribution 

of the cortical bone to the effective interference-fit is more than cancellous bone because of the 
higher stress supported by the cortical bone. 

This study has provided some important insights. In this study, it is shown that higher 

reduction of micromotion is achieved with higher cortical bone stress, while cancellous bone 
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stress remains quite similar between different models. However, it is reasonable to assume that 

the combined residual stresses of cancellous and cortical bone both contribute to the effective 

interference-fit. Therefore, cortical and cancellous bone act like an elastic band that wrapped 

around the stem (Figure 8.14). This elastic band supports the stem when it is loaded and reduces 

micromotion. However, since cortical bone has much higher elastic modulus, it can be loaded at a 

much higher stress and contributes more to the stability of the stem. The effective interference-fit 

is greatly influenced by the cortical bone stress that can be maintained after creep deformation of 

bone. The cortical bone stress that can be maintained depends on the creep threshold. Below the 

creep threshold, cortical bone stress will increase with the degree of interference-fit as shown in 

models In-0.05(1-Cr), In-0.03(1-Cr) and In-O.Ol(l-Cr). However, above the creep threshold, 

further increase in interference-fit will not increase the cortical bone stress anymore, once creep 

has occurred as the bone stress will tend to relax to the creep threshold, as in models hi-0.05(2-Cr) 

and In-0.03(2-Cr). Therefore, to ensure the maximum effective interference-fit, the cortical bone 

should be loaded to just above the creep threshold. 

In this study, the effect of bone quality on the initial micromotion of the stem inserted with 

interference-fit was investigated. Reduction of bone quality was found to increase the 

micromotion of the stem significantly. This result is in agreement with the results in Chapter 5. 

However, the micromotion of the stem inserted into the femur with the poorest bone quality 

simulated in this study was still lower than the normal femur without interference-fit. Therefore, 

interference-fit still plays an important role in reducing stem micromotion regardless of the bone 

quality. The reduction of bone quality can probably be explained as a combination of reduced 

residual stress of the interference-fit assembly and lower resistance of the femur to bending. If 

bone quality is really poor, it is possible that the effect of poor bone quality cannot be 

compensated by improved stability due to the interference-fit assembly. In really poor quality 

bone, the risk of excessively high micromotion is possible even with proper interference-fit 

prepared during surgery. 
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8.5 Conclusion 

The results of this study suggest that: -

1) Interference-fit can be maintained in the femur sufficiently long for 

osseointegration to occur. 

2) Below the creep threshold of cortical bone, higher initial interference-fit is likely to 

increase the effective interference-fit in comparison to a lower initial interference-

fit. 

3) Interference-fit causes the bone to act like an elastic band wrapped around the stem. 

Therefore, bone with higher residual stress will wrap around the stem more strongly 

and improve the stem stability. The effective-interference-fit is therefore influenced 

by the residual stress in the bone, and the residual stress of both cortical and 

cancellous bones contributed to the effective interference-fit. The contribution of 

cortical bone to the total residual stress is potentially greater than cancellous bone 

due to the much higher modulus of cortical bone. 

4) The optimum interference-fit is the degree of interference-fit that gives the 

maximum femoral stress achievable after creep. 

5) Bone quality can influence the micromotion of the stem significantly in two ways. 

Better bone quality will have higher residual stress for a certain degree of 

interference-fit. Higher residual stress will improve the stem stability. Secondly, 

better bone quality will resist bending or deformation better and will reduce the 

stem micromotion. 

6) The results of this study are based on a simplified model of the implanted proximal 

femur. Care must be exercised when extrapolating these results to an actual 

implanted femur, which has inhomogeneous material properties. 

7) Depending on the degree of creep in the femur, the result in Chapter 6 could have 

overestimated the stability of the stem because creep was not modelled. 
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Chapter 9 Discussion 

9.1 The role of present work in the preclinical analysis of cementless hip 

stem 

Preclinical Finite Element Analysis of Cementless 
Hip Stem 

Stem design 

Stem Micromotion 

' Maximum micromotion 

' Area of bone ingrowth 

Surgical Procedure Effect of bone quality 

• Regions of tight and loose fit 

• Interference-fit 

1 

Load transfer 

Overall strain/stress 

i 
Stress 
shielding 

Bone-stem interface strain/stress 

i 
• Risk of interface debonding 

• Risk of implant migration 

Figure 9.1 Schematic diagram of the role of preclinical finite element analysis of cementless hip stems. 

The work of this thesis attempts to advance the preclinical analysis of cementless hip stem 

using the finite element method. The role of finite element analysis in preclinical analysis of 

cementless hip stem has been summarized in Figure 9.1. In general, finite element analysis can 

been use to compare various stem designs, surgical procedure and effect of bone quality on the 

relative micromotions of the stem and load transfer to the femur. These were reviewed in Chapter 

3. Stem micromotion is of concern in the immediate postoperative period as it affects the chances 

of bone ingrowth (Section 3.8). Load transfer is both a concern in both the immediate 

postoperative period and for longer term implant survival (Section 3.6 and 3.7). In the shorter 

term, high interface shear stress can increase the risk of fracture of recent bone ingrowth [Huiskes, 

1990; Cheal et al, 1992; Viceconti et al, 2002]. High cancellous bone stress in both the short and 

longer term may increase the risk of implant migration, which has been shown to be a predictor of 

implant failure [Taylor et al., 1995; Taylor, 1997; Perillo-Marcone, 2001]. In the longer term, 

cementless stems have also been shown to cause stress shielding and reduce the density of the 

proximal cortex (Section 3.7). 
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Previous finite element studies [Rubin et al, 1993; Keaveny and Bartel, 1993 c; Kuiper and 

Huiskes, 1996; Ramaniraka et al., 1996; Ando et al, 1999; Viceconti et al., 2000; Femandes et al., 

2002] have not studied the effect of bone quality on the hip stem stability when assessing implant 

designs. Micromotion studies published in the literature looked at stem micromotion independent 

of interface bone strain. There are recent studies that suggest that interface bone strain is a 

predictor of implant migration [Taylor, 1997; Taylor et al., 1998; Perillo-Marcone, 2001], which 

suggest that assessment of new implants should also look at interface bone strain. In this thesis, 

stem micromotion and bone strain were examined together. 

In this thesis, two issues involving preclinical analysis of cementless hip stem were studied. 

In Chapter 5, the effect of bone quality on implant stability and femoral strain were examined. 

This section advances our understanding of the effect of bone quality on stem micromotion and 

interface bone strain, and the possible implication on analysis of hip stem designs. 

In Chapter 6, 7 and 8, the effect of underreaming the femoral canal relative to the stem size to 

create an interference-fit were studied. This is a finite element study of the effects of surgical 

procedure on initial micromotion and interface strain. In clinical studies, interference-fit has been 

shown to improve the clinical results [Engh et al., 1990], but also has the potential to cause 

femoral fracture (Section 3.9). In experimental micromotion studies, interference-fit has been been 

shown to reduce interface micromotion [Sugiyama et al., 1992]. Despite the benefit of 

interference-fit in improving clinical results, very limited studies has been performed to improve 

the design of interference-fit for cementless hip stem. The contribution of these works are toward 

better understanding of the mechanical environment of the interference-fit assembly in the 

implanted proximal femur and the relationship with hip stem stability. The aims were to improve 

early fixation of cementless hip stem and to prevent femoral fracture due to excessive interference-

fit. 

9.2 The role of modelling different bone quality in preclinical assessment 

of new implant design 

In the literature, the finite element studies on implant micromotion generally do not examine 

the influence of bone quality has on hip stem micromotion. The results of Chapter 5 suggested that 

this could be inadequate to assess the risk of hip stem fixation failure in various patients. With the 

IPS stem, the stem micromotion and interface bone strain have been shown to increase nonhnearly 

with reductions of bone modulus, and therefore the overall stiffness of the femur. Bone ingrowth 

can occur only below a certain micromotion threshold (generally assumed to be 50 |im). The 

results suggested that the area of bone ingrowth could fall rapidly in patients with poor bone 

quality. Above a certain interface strain, fatigue damage of interface bone can become critical. 
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Rapid accumulation of fatigue damage can lead to unstable implant migration and fixation 

failure. With a rapid fall of bone quality, the increase in interface bone strain is also increasing the 

risk of fatigue failure of interface bone. This could lead to higher implant migration [Taylor et a/., 

1995; Taylor, 1997; Perillo-Marcone, 2001]. Finite element analyses of the Freeman stem 

implanted as cemented, HA coated and press-fit stem have reported that the maximum interface 

cancellous bone stresses in these models follows the same implant migration trend as reported in 

vivo [Taylor et al, 1995; Taylor, 1997]. Perillo-Marcone (2001) looked at the bone stress below 

the tibia tray in total knee arthroplasty using four patient specific tibia models. The ratio of stress 

over ultimate strength was defined as the risk ratio. The risk ratio from four patients models and 

the corresponding rate of implant migration was compared. The risk ratio from the patient specific 

models was found to follow the same trend as the rate of implant migration in vivo for the patients. 

It is also shown that the decline of cortical and cancellous bone Young's modulus affects 

stem micromotion differently in different regions of the femur. In regions where cancellous bone is 

thick and cortical bone is thin, reduction in the cancellous bone modulus will increase the stem 

micromotion the most. In more distal regions near the mid level of the lesser trochanter, the 

thickness of cortical bone increases and thickness of cancellous bone decreases. In this region, it is 

shown that decrease of cortical bone modulus plays a major role in increasing the stem 

micromotion. These findings suggest that certain patients suffering from very poor cancellous 

bone quality like patients with rheumatoid arthritis could benefit from more distal fixation, 

although this may cause further proximal stress shielding. Instead of designing a single level of 

porous or HA coating for all patients, there could be different levels of coating for patients with 

different needs. It is also possible to design a different stem geometry to improve stem stability 

and reduce the interface bone strain. 

At present, most preclinical analysis is still comparative and cannot be verified with the true 

performance of the stem in vivo. Although it was shown that micromotion and interface strain 

increase with decreasing bone quality, it is not possible to quantify the relationship between the 

finite element results and bone quality that will constitute a high failure risk It is impractical to 

perform patient specific modelling for each patient to confirm the prediction of finite element 

study due to several reasons. Firstly, it is not possible to obtain detailed CT scans of each patients 

due to the high cost and ethical reasons. Secondly, it is time consuming to create the finite element 

models of each patient. Therefore, preclinical analysis has to contain information that surgeons can 

use as comparison to patient's data. If preclinical analysis can be performed with a set of CT-scans 

containing normal to very poor quality femurs, the corresponding dual-energy X-ray 

absorptiometry (DEXA) scans from this data set can then be use for comparison by surgeons. 

From comparison with follow-up studies on patients, it is then possible to relate finite element 

results to bone quality and then define the bone quality that can constitute as high risk. A more 
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predictive preclinical analysis may be useful to change the way new stems are designed and 

probably the postoperative care of the patients. 

9.3 The effect of interference-fit on the mechanical environment of the 

implanted proximal femur 

9.3.1 Stem microm otion 

The presence of an interference-fit was found to reduce the stem micromotion significantly. 

The effect of interference-fit on initial stability of a hip stem has not been examined in anatomical 

finite element models before. In Chapter 6, the effect of interference-fit on the initial stability of an 

IPS hip stem was studied. The results showed that the initial stability of the hip stem is greatly 

influenced by the degree of interference-fit. In comparison to a stem inserted with line-to-line 

fitting, a moderate interference-fit has been shown to reduce the initial micromotion significantly. 

The results in Chapter 6 also suggest that there could be an optimum interference-fit where the 

micromotion can be reduced to minimum, without further increase to interference-fit. It is also 

found that a moderate interference-fit can improve significantly initial stability without increasing 

interface strain in comparison to a line-to-line fitting stem. Therefore, there is a diminishing 

reduction of micromotion with increasing degree of interference-fit. 

The physiological model in Chapter 6 was extended to study the effect of interface plastic 

deformation on the predicted micromotion in Chapter 7. It is found that modelling the plastic 

deformation caused by interference-fit does not significantly affect the predicted micromotion in 

comparison to a linear elastic model. There could be two reasons for this. The first reason could be 

that the interface plastic deformation does not change the residual stress due to the interference-fit 

significantly in comparison to the elastic model. The bone stress was marginally lower, but not 

enough to alter the predicted micromotion. The second reason being the majority of the plastic 

deformation occurs when the interference-fit is established. The IPS stem does not impose high 

stress concentration at the interface bone. Therefore, during loading, the bone is still mostly 

working within the elastic range. The predicted micromotions in Chapter 6 are therefore not 

affected by plastic deformation at the interface bone. 

However, the results in Chapter 6 and 7 do not take into account the possible creep 

deformation of bone. In Chapter 8, the effect of creep of cortical and cancellous bone on effective 

interference-fit was studied using a simplified model. In this study, it is shown that creep could 

influence the stem micromotion significantly. Comparison between models with and without creep 

showed higher stem micromotions in the creep models after a simulated 28 days period. Creep was 

shown to reduce the effective interference-fit. The amount of reduction of the interference-fit 

depends on the amount of creep. However, similar to results in Chapter 6, the higher effective 

interference-fit the better the stem stability. The creep deformation has also been simulated for a 
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clinically meaningful time of 28 days, and stress relaxation f rom creep was found to have 

stabilized. This is in agreement with clinical results, which have shown better rate of bone 

ingrowth in interference-fit stabilized stems [Engh et al, 1990]. Again, the stem micromotion was 

also found to increase with reduction of Young's modulus with the same interference-fit. The 

dependence of stem stability on bone quality is similar to the results reported for line-to-line fit 

models in Chapter 5. Reduction of elastic modulus of cancellous bone only was shown to increase 

the stem micromotion. 

9.3.2 The effect of residual stress on stem micromotion 

Although linear elastic models in Chapter 6 predicted higher stability for higher degrees of 

interference-fit, in reality this may not be true. In Chapter 8, it is shown that the micromotion is 

higher if the residual stress within the femur is lower. The femur can be imagined as a composite 

of two shells, with outer cortical bone shell and inner cancellous bone shell (Figure 9.2). In an 

interference-fit assembly, the two shells can be imagined to be stressed like an elastic bands. The 

effective interference-fit can therefore be view as the residual femoral stress that the interference-

fit can induce. The higher the residual stress in this elastic band, the greater stability the stem has. 

Depending on the creep threshold of bone, creep can reduce the residual stress of the interference-

fit considerably in both the cancellous and cortical bone. If the normalized bone stress is above the 

creep threshold, the bone will creep and the residual stress will reduce close to the creep threshold 

value. The overall stress in the femur will depend on how much creep occurs in the cortical and 

cancellous bone shell. However, cortical bone has a higher elastic modulus in comparison to 

cancellous bone, and has been shown to generate higher stresses than cancellous bone before 

creep. Therefore, the contribution of cortical bone to the effective interference-fit is potentially 

greater than cancellous bone. 
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cai Dor 

Cancellous bone 

Elastic tension 

Figure 9.2 Effective interference-fit can be imagined as the residual stresses of an elastic band wrapping 
around the stem. 

The results in Chapter 8 suggest that interface cancellous bone 's normalized stress would be 

much higher than the normalized stress of cortical bone due to the lower elastic modulus of 

cancellous bone. Due to this, the normalized stress of cancellous bone is bound to be higher and 

creep is likely to occur in the cancellous bone. If the creep threshold of cortical bone is not 

exceeded, then increasing the interference-fit will increase the residual stress in the cortical bone 

without increasing residual stress of cancellous bone, as normalized stress of cancellous bone is 

likely to be higher than the creep threshold. However, as shown in chapter 8, if the creep threshold 

of cortical bone is exceeded, a higher degree of interference-fit is not going to increase residual 

stress because both the cortical and cancellous bone will creep. Therefore, higher interference-fit 

in this situation will not improve the stem stability. 

The exact creep threshold of cancellous bone and cortical bone in a multiaxial stress state has 

yet to be determined. In Chapter 8, the compressive creep data of bovine cancellous bone has been 

used for cancellous bone. For cortical bone, the hoop creep data of human cortical bone has been 

used. For cancellous bone, the creep threshold in terms of normalized stress is about 0.003 or 0.3 

% strain in a uniaxial test. The creep threshold of cortical bone based of hoop creep data has 

predicted normalized stress of about 0.0001, or 0.01% strain. This value is very low, and could 

mean that cortical bone cannot support much hoop stress. However, clinical experience seems to 

suggest that interference-fit at the femoral isthmus, which is mainly cortical bone, improved bone 

ingrowth significantly [Engh et al, 1990]. The exact creep response of femur in an interference-fit 

assembly will need further study to predict the creep threshold of the femur. 
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9.3.3 Endosteal and periosteal strain 

The femoral strain is affected by the degree of interference-fit. hi Chapter 6, the femoral 

strain due to the modelling of the interference-fit also suggests that a small interference-fit like 0.1 

mm can cause high periosteal strain in certain regions of the femur. For an anatomic stem like the 

IPS stem, the proximal anterior and proximal posterior regions of the femur are particularly 

vulnerable to high strain. The femoral wall in these regions can be quite thin. Therefore, the 

initiation of fracture could happen in these regions. Femoral fracture would have defeated the 

purpose of having interference-fit in the first place, although the fracture can be stabilized by the 

use of cerclage wire [Fitzgerald et al, 1988; Schwartz et al, 1989; Martell et al, 1993; Schutzer et 

al, 1995]. Repairing fracture during surgery with cerclage wire is also a time consuming process 

which can results in loss of blood and could be a potential source of soft tissue inflammation 

[Martell et al., 1993]. Experimentally created femoral fractures in animal models showed lesser 

bone ingrowth even though the fractures have been stabilized by cerclage wire [Schutzer et al., 

1995]. It is therefore desirable for better design of interference-fit to avoid femoral fracture. 

In Chapter 6 and 7, the endosteal sfrain can be very high even for an interference-fit of 0.1 

mm. In Chapter 7, the interface bone was shown to have extensive plastic deformation. The 

crushing of endosteal bone due to interference-fit is not good, as this reduces the Young's modulus 

of the interface bone [Keaveny et al, 1999]. It is shown in Chapter 5 and 8 that more compliant 

cancellous bone can increase micromotion. The crushing of endosteal bone could also reduce the 

fatigue life of the interface bone, resulting in higher migration risk [Taylor et al., 1995; Taylor and 

Tanner, 1997; Perillo-Marcone, 2001]. With better understanding of the creep behaviour of the 

femur in the interference-fit assembly, it is perhaps not necessary to use excessive interference-fit, 

as the effective interference-fit is governed by the creep threshold of cortical bone. 

9.4 Interference-fit design for hip stem 

Finite element modelling of the implanted femur can play a role in the design of the 

interference-fit of the hip stem (Figure 9.3). Finite element analysis can play a role in early design 

analysis to identify regions of high fracture risk and the optimum interference-fit to prevent 

fracture and providing the best initial stability. In the design schematic shown in Figure 9.3, the 

prediction of finite element analysis can then be tested in experiments to verify the predicted strain 

and micromotion. 

As shown in Chapter 6, the general periosteal strain is quite low except in certain regions. For 

the IPS stem, the anterior and posterior regions around the intertrochanteric region were shown to 

have high strains. These regions are at higher risk of fracture initiation. The degree of interference-

fit can be varied in finite element models to assess the fracture risk. This gives a prediction of the 

degree of interference-fit that is safe without fracturing the femur, hi region of high strain, the 

1 7 0 



C h a p t e r 9 D i s c u s s i o n 

surgical instruments can be designed so that the interference-fit in that particular region is smaller, 

while in other regions, the interference-fit can be design to be higher to maximise the residual 

stress. Finite element analysis also allows a check of the endosteal strain to ensure that 

interference-fit does not plastically deforms a huge region of the supporting cancellous bone. 

It is also predicted in Chapter 6 that above a certain degree of interference-fit, improvement 

to stem stability with higher interference-fit is not significantly different. If finite element study 

predictions that a lower interference-fit can give similar implant stability in comparison to the 

interference-fit design for maximum residual stress, then the two different degrees of interference-

fit should be tested experimentally. If the lower interference-fit can provide similar stem stability, 

then it should be the chosen interference-fit. 

Femur specific finite element model of the 
implanted proximal femur 

• If creep 
proper ty of 
f e m u r is known, 
it is possible to 
opt imise for 
m a x i m u m 
res idual stress 

• Experiment with femur using porous coated 
stem 

• Compare strain with experiment using 
smooth stem 

• The same femoral strain will give the similar 
effective interference-fi t as the smooth stem 

• Experiment with femur using smooth stem to 
confirm prediction of the FE model 

• Ensure that no fracture occurs for the 
designed interference-fit 

• Confirming FE micromotion prediction 

• If possible, bone of different quality 

• Decide on design interference-fit 

• identifying high strain regions 

•Identifying excessive cancellous bone strain 

•Identifying optimum interference-fit for stem 
stabiliy 

• identifying degree of interference-fit to be 
prepared for the canal 

• FE result is used to get the rough guide of 
fracture risk and location 

• Allows changes to interference-fit in high 
strain region 

Figure 9.3 Schematic diagram of a proposed design scheme for interference-fit of hip stem. 

However it is difficult to assess what constitutes a high fracture risk. Jasty et al. (1993) 

measured the assembly strain of the implanted proximal femur using the porous coated Harris 

Galante stem (Zimmer, US). The femurs were implanted with the optimum size stem with 0.25 
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mm interference-fit have maximum hoop strain of 0.24% strain, which was measured at the 

proximal cortex. One out of seven femurs was fractured. However, the strain at the fracture site 

prior to fracture was not measured. Another group of four stems were implanted with stems a size 

larger than optimum and implanted with the same interference-fit. The reported hoop strain in the 

proximal cortex was in the range of 0.24 and 0.6% strain. All the femurs fractured. The strain was 

measured prior to development of fracture. The ultimate strain of human cortical bone in the 

transverse direction has been reported to be about 0.7% strain [Reilly and Burstein, 1975]. This is 

very near to the hoop strain value of the femurs prior to fracture. The measured hoop strain in a 

hoop creep test has been reported to be typically less than 0.4% strain, but the maximum hoop 

strain measured was 0.51% strain [Brown et al, 2002]. However, strain was not measured at the 

fractured site. It is possible that the hoop failure strain could be slightly higher than the measured 

strain. From the results of these studies, cortical bone ultimate hoop strain was found to be in the 

region of 0.5 and 0.7% sfrain. It is perhaps desirable to design the interference-fit so that the 

femoral hoop strain does not exceed 0.25 % hoop strain. This is at the level of strain measured by 

Jasty et al. (1993) for the optimum stem size implanted with interference-fit and about 2-3 times 

lower than the ultimate strain of cortical bone in the transverse direction [Reilly and Burstein, 

1975; Jasty et al., 1993; Brown et al., 2002]. Further work on the prediction of bone fracture is 

necessary. 

Based on current data on creep of bone, it is still not possible to predict the amount of creep 

in the interference-fit assembly. To be able to use finite element to design for maximum residual 

stress, more information on the creep of both cancellous and cortical bone is needed. If creep 

threshold information was available, it is more desirable to design the interference-fit so that the 

cortical bone strain is just above the creep threshold to ensure minimum damage to interface 

cancellous bone and avoid fracture. The stem micromotion has been shown to be lower for higher 

residual stress in the femur. Designing the interference-fit at the creep threshold will give the 

maximum residual stress and therefore maximum stability. 

The finite element predictions will have to be confirmed by experiment (Figure 9.3). A 

smooth stem should be inserted into a femur with the designed interference-fit from finite element 

method to verify the finite element results. Strain gauges can be place in different areas, with 

greater emphasis in the high strain regions to ensure that strain is well below fracture strain. It is 

better if femurs of different quality can be obtained for the finite element models and to be use in 

the experiment. Verification of the hip stem micromotion should also be performed. 

However, most cementless hip stems in the market are now coated with a layer of porous 

beads. The actual interference-fit of cementless hip stem with porous coating may be less due to 

shearing of interface bone during insertion of the stem and bone filling some of pores of the porous 

coating. After the confirmation that femur does not fracture for the periosteal strain measured in 
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the smooth stem experiment, porous coated stems can be design to give similar level of periosteal 

strain. This will give similar effective interference-fit. 
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9.5 Conclusion 

The results of this thesis highlighted the need of preclinical analysis of the hip stem to look at 

the effect of patient variability and surgical procedure on the performance of hip stem. The 

following conclusions can be drawn from the results of this thesis 

• The variability of the bone quality can have significant non-linear effect on the initial 

stability of a cementless stem. The initial stability of the stem is not just affected by 

the quality of the interface cancellous bone, but by the overall bone quality and thus 

the overall stiffness of the femur. The stiffness of the cortex is important in 

constraining the movement of the stem and therefore reducing stem micromotion. 

• Variation in the overall stiffness of the femur also affects the interface cancellous 

bone strain non-linearly. Interface strain has been found to increase with lower 

overall bone stiffness. This increases the risk of fatigue failure of interface cancellous 

bone. Stem migration may increase with the failure of supporting interface cancellous 

bone. 

• Quantifying the relative stability of the stem in different regions due to variation of 

bone quality highlights the need for variation of hip stem design such as different 

levels of porous coating for patients with different bone quality. 

• Stem micromotion is greatly reduced by the presence of interference-fit. Increasing 

the degree of interference-fit results in a diminishing return, and therefore there is 

little value in increasing interference-fit further after a certain degree of interference-

fit. Therefore, an optimal interference-fit exists, giving good initial stability but not at 

the expense of excessive bone strains. 

• Bone strain increases much faster than the reduction of micromotion both at the 

interface bone and the surface of the femur. The increase in interface strain can load 

the interface bone beyond the ultimate strain and therefore increase the damage in the 

interface bone. This can reduce the fatigue life and stiffness of the interface bone. 

Increase in periosteal strain increases the risk of femoral fracture, which defeats the 

purpose of having an interference-fit. 

• Creep reduces the residual stresses of an interference-fit and as a result the stem 

stability is reduced. The reduction of residual stresses reduces the effective 

interference-fit. Cortical bone stresses play a key role in maintenance of interference-

fit. Therefore, the reduction of cortical bone stresses reduces the effective 

interference-fit significantly. If the residual stresses are higher than the creep 

threshold, stress relaxation will occur to the creep threshold value. 
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Chapter 10 Future Works 

1) In Chapter 5, the influence of bone quality on stem micromotions and femoral strains has 

been performed by varying the bone modulus from one femur CT scans. A more realistic 

study of the performance envelope of a stem should be performed on multiple femurs CT 

scans to allow for more realistic variations in bone quality. Beside more realistic variations 

in bone quality, the use of multiple femurs CT scans also allows for study of the effect of 

femoral geometry on stem micromotion and femoral sfrain. Preclinical analyses performed 

with multiple femurs have the potential of allowing comparison between clinical 

performance and results of finite element analysis. Comparison like DEXA scans of the 

patients and of the femurs used for the finite element analyses can be used to correlate 

between the actual clinical performance and predictions of finite element analyses. 

2) Experimental data is needed to confirm the results of finite element analyses in Chapter 6. 

Experimental verifications to confirm the diminishing reduction of micromotions with 

higher degree of interference-fit is needed to have more confidence in the results. 

Combined experimental and finite element studies will allow comparison between the 

results of experimental works and experimental specific finite element models. 

3) The present understanding of the creep behaviour of both cortical and cancellous bone is 

still inadequate. Further research is needed to examine the creep behaviour of bone in 

multi-axial loading. This will enable development of more accurate finite element models 

to predict the maximum residual stress that can be induced in the bone due to the 

interference-fit and therefore, the optimal interference-fit for cementless orthopaedic 

implants. Experimental verification of the residual stress induced by an interference-fit 

that cortical bone can sustain is also necessary to have confidence in the finite element 

results. 

4) Presently, bone ingrowth is predicted by the values of the stem micromotions. However, 

the differentiation of healing tissue at the interface to bone is dependent on the stress/strain 

history. The stress/strain history in the healing tissue can be influence by the surface 

texture of the implant and the amount of the stem micromotions. Incorporation of surface 

texture information into the model could improve the predictive power of finite element 

model. A two step calculation could then be performed. The first step evaluates the stem 

micromotion. In the second stem, the values of stem micromotion can be transferred to a 

model which incorporates soft tissue and surface texture. The stress/strain values can then 

be used as a more meaningful predictor of bone ingrowth. 
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