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The results of the bone remodelling and combined remodelling-tissue differentiation
simulations are presented. The influence of stem stiffness on load transfer and both
bulk and interfacial adaptations is reported.
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Limitations of the study are listed and the results are discussed. A validation of
the algorithms is attem pted through the comparison of results between each stem
material, against other numerical simulations, and with clinical observations. The
potential use as a pre-clinical testing tool is proposed.
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A b stract
Numerous mechanobiological algorithms have been developed in recent years to
simulate biological processes such as bone remodelling and tissue differentiation.
However, the implementation of such algorithms for the design and testing of or
thopaedic devices has yet to be fully realised. In this thesis a mechanoregulation
algorithm based on a combined strain-damage remodelling rule together with the
integration of a tissue differentiation algorithm is proposed. Such a mechanoregula
tion approach was tested using a finite element model of a uncemented femoral hip
prosthesis under idealized bonding characteristics. Three stem materials (iso-elastic,
titanium , and CoCrlvIo) were investigated and compared to previous numerical and
clinical observations to corroborate the predictive power of the algorithms.
Results of the bone remodelling algorithm predicted similar remodelling trends
to those observed clinically. Namely, th a t while the use of an iso-elastic stem re
duces proximal bone loss because stress shielding is prevented; proximal interface
resorption is increased due to damage stim ulated resorption. On the other hand, a
stiff cobalt chrome stem increases both proximal strain-stim ulated resorption and
damage stim ulated interfacial resorption at the distal tip. Simulations for the tita 
nium stem were predicted to minimise both strain and damage related remodelling.
The inclusion of the tissue differentiation simulation predicted bone regeneration for
all resorbed interfacial bone through either intram em branous or endochondral ossi
fication, which can be corroborated by clinical observations of implant stabilisation
through osseointegration. However, it was predicted th a t some soft-tissue forma
tion persisted at the proximal medial interface of the iso-elastic stem, following the
trend of what is observed clinically; early failure of iso-elastic stems due to excessive
proximal soft tissue formation.
In conclusion, by integrating different mechanoregulation algorithms simultane
ous predictions of remodelling and differentiation can be achieved. This opens new
avenues for computational pre-clinical testing of orthopaedic implants.
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G eneral in tro d u ctio n

Total joint replacement (TJR) is one of the most successful surgical procedures to
treat patients suffering from degenerative joint disease and injury of the articular
cartilage. Hip replacement has been a particular success: some 4,793 total and par
tial hip replacements were carried out in public hospitals in the Republic of Ireland
in 2005 (ESRI, 2006). The prim ary challenge facing the surgeon during a total hip
replacement is to achieve a stable long-term fixation between the orthopaedic im
plant and the host bone. This fixation may be achieved by either a cemented or
uncemented fixation technique. Cemented prostheses are secured in the bone with
the use of an acrylic bone cement consisting of PMMA (polymethylmethacrylate)
with antibiotic and other additives. Uncemented fixation may be achieved by ei
ther using a press-fit stem, where the stem is wedged into the bone, or by using
1

a biological fixation, where the implant is secured by the process of osseointegration. Osseointegration occurs by bony ingrowth onto the surface of the prosthesis,
which can either have a porous coating (Engh et al., 1987) or a hydroxyapatite
coating (D ’Antonio et al., 1996).
The prim ary function of a joint replacement is to provide stable pain-free artic
ulation; however it is the stress patterns generated by the load transfer th a t often
determines the success or failure of the prosthesis. Regardless of the method of
fixation the leading causes of implant failure are aseptic loosening (see Fig. 1.1a),
exacerbated by peri-prosthetic bone changes e.g. osteolysis (see Fig. 1.1b), and
stress shielding (see Fig. l.lc,d ).

Figure 1.1. Aseptic loosening, osteolysis, and stress shielding surrounding
femoral stems, (a) Aseptic loosening at the cement bone interface (arrow).
Adapted from Sinha et al. (2004). (b) Osteolysis in the calcar region (arrow).
Adapted from Learmonth et al. (1995). (c) postoperative titanium alloy
hydroxyapatite coated cementless stem, and (d) two years after operation
showing proximal bone loss due to stress shielding. Adapted from Karrholm
et al. (1994).

Aseptic loosening in cemented stems is generally associated with cement fatigue
and failure of the stem-cement and/or cement-bone interfaces leading to bone re
sorption and formation of a soft tissue interface. Uncemented stems can produce
excessive interfacial stresses and micro-motions at the stem-bone interface causing
failure of the interfacial bond, damage accumulation, and possible bone resorption
and soft tissue interposition. Osteolysis occurs as a result of wear particles from
the articulating surfaces migrating to cement-bone interface (or stem-bone interface
2

in the case of uncemented fixation) leading to bone death and loosening. Atrophy
in the form of proximal bone resorption, induced by stress shielding, is more com
monly seen in uncemented stems as they are generally larger and more rigid. Stress
shielding is caused by the altered load transfer from prosthesis to bone leading to
adaptive bone remodelling. Therefore it can be appreciated th a t peri-prosthetic
bone adaptations are complex and contribute in a variety of ways to THA failure.
By combining the finite element method with mechano-biological algorithms,
such as bone remodelling and tissue differentiation algorithms, the peri-prosthetic
bone response, and hence, the likely long-term success of the arthroplasty may be
predicted.

1.2

B o n e rem o d ellin g and tissu e d ifferen tia tio n

1.2.1

B o n e rem od ellin g

Bone is a dynamic living material which is continually being renewed, resorbed, or
formed by the processes of bone modelling and remodelling. Bone modelling is char
acterised by the formation of new bone by osteoblasts or the resorption of existing
bone by osteoclasts. Bone rem.odelling is the process of bone renewal with both the
osteoclasts and osteoblasts working together, resorbing and forming bone respec
tively, with osteocytes mediating the resorption/formation signal to the relevant
cells in units called Bone Multicellular Units (BMU), see Fig. 1.2.

Osteoid
N ew bone
C em entline
Uld
bo7ie
Old bone

(
O steoclasts

Osteoblasts

Figure 1.2. S c h e m a t i c o f B o n e Multicellular Unit ( B M U ) . A d a p t e d f rom M c 
N a ma r a ( 2 0 0 4 ) .

In the 19^^ century Julius Wolff first proposed the concept th a t the architecture
of bone adapts to the mechanical stresses and strains acting upon it. In recent
times mathematical models have been developed to model bone adaptation. These
3

models assume th a t bone contains sensors, or mechanoreceptors, which can detect
changes in the mechanical stim ulus and relate this signal to a biological response
in order to meet the new functional demand. During normal loading conditions
bone resorption by osteoclasts is balanced by bone formation by osteoblasts and a
dynamic equilibrium exists such th a t there is no net increases or decrease in bone
mass. However, if the mechanical stimulus were to deviate from normal levels the
bone responds with either a net increase or decrease in mass. Despite many years of
investigation the governing mechanical stimulus is still not agreed among researchers,
with different researchers proposing different stimuli; some have proposed a strain
related stimulus (Cowin and Hegedus, 1976; Fyhrie and Carter, 1986; Huiskes et al.,
1987), others propose a damage-based stimulus (Carter et al., 1987; Martin, 1992;
Prendergast and Taylor, 1992, 1994). Recently McNamara and Prendergast (2005,
2006) have proposed a combined strain and microdamage remodelling algorithm
based on the earlier work of Prendergast and Huiskes (1995, 1996b).
Numerous studies have been carried out on the influence of femoral hip prostheses
on adaptive bone remodelling using both strain-adaptive (Huiskes et al., 1987, 1989;
Weinans et al., 1992, 1993; van Rietbergen et al., 1993) and damage-adaptive (Pren
dergast and Taylor, 1992; M cNamara et al., 1997) remodelling theories. These mod
els have realistically predicted proximal bone resorption as of a result of stress shield
ing around the prosthesis. However, no simulation of interfacial bone adaptations
has yet been performed; it has only been assumed from these models th a t high inter
face stresses promote a failed ingrowth scenario (Weinans et al., 1992; Huiskes et al.,
1992). Being able to model simultaneously both the influence of stress shielding and
interfacial damage on bone remodelling patterns would allow' for a better prediction
of implant performance.

1.2.2

T issu e d ifferen tia tio n

If the gap between the im plant and bone is too large osseointegration may be pre
vented and the formation of a fibrous tissue interface leading to eventual implant
loosening and failure is prom oted. These gaps may be present post-operatively due
4

to a poor fit between the prosthesis and the underlying bone, or may be caused
by in interfacial bone adaptations. The differentiation of the granulation tissue in
these gaps determines whether fibrous tissue, cartilage or bone is formed. Several
mechanical stimuli have been proposed as regulators of tissue differentiation: octahe
dral shear stress and hydrostatic stress (Carter et al., 1988), hydrostatic pressure and
strain (Claes and Heigele, 1999), tissue shear strain and fluid velocity (Prendergast
et a l, 1997). The approach of Prendergast et al. (1997) has been successfully applied
to several types of models: tissue differentiation at im plant interfaces (Prendergast
et al., 1997; Huiskes et al., 1997; Geris et al., 2003), fracture healing (Lacroix and
Prendergast, 2002a,b; Lacroix et al., 2002; Isaksson et al., 2006), and osteochondral
defect repair (Kelly and Prendergast, 2005, 20Q6).
Surgical implantation of an endoprosthesis gives rise to tissue reactions th a t are
analogous to fracture healing (Willert and Buchhorn, 1999). The repair of resorbed
bone tissue surrounding a femoral prosthesis can determ ine the success or failure of
the prosthesis. Following a study by S0balle et al. (1992a) which showed th a t micrornovements between bone and implant inhibit bone ingrow'th and promote a fibrous
tissue membrane formation around implants, Soballe et al. (1993) showed th at a
HA coating on an initially unstable implant helps prom ote eventual implant stabil
ity. Combining algorithms for mechanoregulation of tissue differentiation with bone
remodelling algorithms could provide a significant step forward in com putational
modelling of the performance of uncemented hip replacements.

1.3

O bjectives of this thesis

From the foregoing, it is clear th a t the long term success of a femoral hip prosthesis is
dependant on numerous factors, and predominant am ong them is the peri-prosthetic
bone reactions. Numerous investigations have been successful at predicting these
adaptations; however, the limitations of these investigations is th a t they are based
on either a strain or damage stimulus whereas bone tissue seems to react to both.
Furthermore, tissue differentiation mechanoregulation algorithms have yet to be
applied to real prosthesis geometries. These lim itations to previous approaches can
5

be overcome by integrating and further developing existing algorithms.
It is first proposed in this thesis th a t a combined strain-damage remodelling
algorithm can predict, simultaneously, both bulk bone remodelling due to stress
shielding and interface bone adaptations at bone/im plant interfaces. Secondly, the
inclusion of a simplified tissue differentiation rule, based on th a t of Prendergast
et al. (1997), could allow for either the repair of the gap by new bone formation
(i.e. osseointegration) or persistence of the interfacial fibrous gap tissue (i.e. failed
ingrowth). Incorporating both a strain-damage stimulated remodelling algorithm
with a tissue differentiation algorithm would be a significant step forward in the
development of pre-clinical and patient-specific testing tools in orthopaedics.
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P h ysiology of bone rem odelling and tissu e dif
ferentiation

It is widely accepted th a t mechanical loads generate a biophysical stimulus within
tissue th at leads to a biochemical signal which causes cells within the bone to mod7

ulate their production of extracellular matrix, causing both bone remodelling and
tissue differentiation. Numerous investigations have been carried out into possible
candidates for both the stimulus and mechanosensory cells for both remodelling and
differentiation.

2.1.1

B one rem odelling

Bone consists of an extracellular m atrix with four prim ary cell types: (i) osteoclasts,
(ii) osteoblasts, (iii) bone lining cells, and (iv) osteocytes. Osteoclasts are giant cells
with can have more than 50 nuclei. Their role is to dissolve the bony m atrix by
secreting acids. Osteoblasts form bone by expressing collagen and other proteins
w'hich later mineralize. Bone lining cells are flattened and elongated in-active or
resting osteoblasts covering quiescent bone surfaces (Jee, 2001). They are capable
of becoming active osteoblasts in order to form bone. Osteocytes are the most abun
dant cell in m ature bone. They are formed w'hen some osteoblasts become encased
in the newly formed bone matrix. These remaining osteoblasts differentiate into
osteocytes forming a long cell processes called canaliculi, to allow for contact with
other bone cells (Jee, 2001). Osteocytes have been proposed as the likely candidates
for mechariosensor cells (Cowin, 1991; Lanyon, 1993; Burger and Klein-Neulend,
1999; Noble and Reeve, 2000; Burger, 2001) because of their favorable distribu
tion throughout the bone and interconnections with bone the bone effector cells
(bone lining cells, osteoblasts, and osteoclasts). Structures resembling trabecular
architectures have been generated in computer simulations by using osteocytes as
mechansensors to sense mechanical signals and mediate local bone remodelling (Mullender et al., 1994; Mullender and Huiskes, 1995, 1997).
Bone remodelling is carried out by a group of bone cells in what is known as a
basic multicellular unit (BMU). A BMU consists of osteoclasts and osteoblasts work
ing simultaneously to resorb and deposit bone respectively. There are five stages in
the bone remodelling process: (i) resting, w'here bone lining cells cover the inactive
bone surfaces (80-95% of bone surface is inactive at any given time) (ii) activation,
some stimulus converts a resting bone surface into a remodelling surface and osteo-

clast precursor cells are recruited (iii) resorption, newly formed osteoclasts begin
to resorb bone forming cutting cones in cortical bone, see Fig. 2.1a and Howship’s
lacunae in cancellous bone see Fig. 2.1b (iv) reversal, is the transition between bone
resorption and bone formation, cutting cones and Howship’s lacunae lack osteoclasts
but contain osteoblast proprogenitors (v) formation, first osteoblasts deposit bone
matrix (osteoid) in discrete layers known as lamallae, secondly mineralization of the
organic matrix occurs with full mineralization taking 3 to 6 months. A net loss
in bone, and hence a decrease in bone mass is observed w'hen the amount of bone
resorbed exceeds th a t which is subsequently formed.
So if osteocytes are the mechanosensors which transduce a mechanical stimulus
into a biological signal, what exactly is the driving stimulus? There have been a
number of experimental investigations proposing different stimuli.
First it is considered that strain is a stimulus for remodelling.

It is w'idely

accepted th a t bone is able to alter its bone mass and shape in response to me
chanical loading, namely th at under conditions of reduced loading bone atrophy is
observed, while over loading promotes hypertrophy. Numerous animal experiments
have shown the adaptive response of bone to a altered mechanical loading. Uhthoff
and Jaworski (1978) immobilised the right forelimb in beagle dogs and observed a
reduction in bone mass of between 30% and 50%, see Fig. 2.2. O ’Connor et al. (1982)
demonstrated th a t the ratio between the maximum artificial strain state during ex
perimental loading and the maximum strain state during normal loading, in the radii
and ulnae of sheep, correlates to the degree of bone hypertrophy. The experiments of
Lanyon et al. (1982), showed the removal of the ulna in mature sheep increased the
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loading of the radius thus inducing new bone deposition, equilibrating the strains
in the osteotoniised and non-osteomised limbs. Similar results on the influence of
strain on remodelling and bone formation were found in the four point bending of
rat tibiae (Turner et al., 1991), and dynamic axial loading of rat ulnae (Mosley and
Lanyon, 1998). It is thought th a t stresses and strains placed upon the bone cause
fluid flow within the the lacunar-canalicular network stimulating osteocytes, which
in turn emit signals to cells on the bone surface to regulate bone formation and
resorption (Klein-Nulend et al., 1995; Turner et al., 1994).
Microdamage has also been proposed as a stimulus for bone remodelling. Micro
damage accumulates over time as of a result of cyclic loading (Schaffler et al., 1995).
Experimental evidence suggests th a t microdamage induces bone remodelling (Burr
et al., 1985; Burr, 1993; Mori and Burr, 1993; Bentolila et al., 1998; Verborgt et al.,
200U). Burr et al. (1985) found th a t a load producing 1500 microstrain for 10,000
cycles on the radii of dogs produced significant microdamage and th a t there were
44 times as many microcracks in areas associated with resorption spaces. Following
this

Mori and Burr (1993) considered the possibility th at microcracks accumu

lated at preexisting resorption spaces, and consequently were caused by remodelling
10

rather than initiating it. They applied three-point bending load at 10,000 cycles
with 2500 microstrain to the left limb of 13 dogs. Eight days later the right limb
w’BS loaded in the same manner and the dogs sacrificed immediately after. The
results showed an increase in new remodelling events subsequent to microdamage
formation, demonstrating th a t bone remodelling occurs in response to microdamage
and not that microdamage accumulates at preexisting resorption spaces. A similar
finding was found by Bentolila et al. (1998) in the ulnae of rats using an end-load
bending system. Lee et al. (2002) observed th a t the location of and tim ing of mi
crocracks, resorption cavities, and secondary osteons in overloaded sheep’s radaii
w'ere consistent with the activation-resorption-formation of the remodelling cycle.
Possible causes of the observed bone remodelling found in locations of damage ac
cumulation include: osteocyte apoptosis induced by microdamage (Verborgt et al.,
2000; Noble, 2003), unloading of osteocyte lacuna by microdamage (Prendergast
and Huiskes, 1996a), and fracture of the osteocyte processes spanning the crack due
to the shearing motion between crack faces (Taylor et al., 2003).

2.1.2

T issu e d ifferen tiation

Mesenchymal stem cells (MSCs) are cells th a t exist as unspecialised cells which
lack tissue-specific characteristics until they are exposed to some appropriate sig
nal (Barry, 2003). Tissue differentiation is a process by which MSCs can be directed
to change into specific cell phenotypes which then produce extracellular matrices,
forming specific tissue types of the skeletal system. When MSCs are exposed to
specific growth factors they have the capacity to differentiate into several tissue
types, including bone, cartilage, muscle, marrow, tendon and ligament, and other
connective tissues, see Fig. 2.3.
It is believed that after injury mesenchymal stem cells migrate to the site of injury
in an effort to repair the damaged tissue.

Shapiro et al. (1993) observed, using a

rabbit model, th a t the first step in the tissue repair/regeneration of an osteochondral
defect is the proliferation and differentiation of the mesenchymal stem cells into
tissue specific cells in the defect. Fibroblasts and chondrocytes w^ere observed to form
11

fibrous connective tissue and cartilaginous tissues respectively, while bone m atrix is
laid down by osteoblasts.
It is well documented th a t mechanical stimulation is required to maintain the in
tegrity of skeletal tissues. Although mechanoregulation theories have postulated for
many years th a t mechanical stimulation can influence tissue differentiation (Pauwels,
1980; Perren, 1979; C arter et al., 1988; Claes and Heigele, 1999; Prendergast et al.,
1997), it has only been in recent years th a t in vitro experiments have been carried
out to dem onstrate th a t mechanical loading can direct MSC differentiation (Matsuda et al., 1998; Altman et al., 2002; Angele et al., 2003; Knippenberg et al., 2005;
Miyanishi et al.,*2006; McMahon et al., 2006).
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Figure 2.3. M esenchym al stem cell differentiation pathways. Taken from Caplan and Bruder (2 0 0 1 ).

2.2

M ech a n o reg u la tio n m o d els

Mechanobiology is the study of how mechanical forces influence biological processes.
Numerous researchers have proposed different theoretical mechanoregulation mod
els for both bone remodelling and tissue differentiation. These mechanoregulation
12

models have been combined with finite element methods to simulate the density
distribution in the proximal femur (Carter et al., 1989; Fyhrie and C arter, 1990;
Beaupre et al., 1990a), the morphological changes around prostheses (Huiskes et al.,
1987; Weinans et al., 1992), tissue differentiation at implant interfaces (Prendergast
et al., 1997; Huiskes et al., 1997; Geris et al., 2003), fracture healing (Lacroix and
Prendergast, 2002a,b; Lacroix et al., 2002; Isaksson et al., 2006), and osteochondral
defect repair (Kelly and Prendergast, 2005, 2006).

2.2.1

S train stim u la ted rem o d ellin g

The theory of adaptive elasticity developed by Cowin and Hegedus (1976) proposes
th a t bone has the capacity to adapt both its density and shape to attain a re
modelling equilibrium strain state. Remodelling equilibrium is characterised by the
homeostatic equilibrium strain state, which is based on physiological loading, ma
terial properties and boundary conditions.

This method can be considered ‘site

specific’, as the remodelling equilibrium strain state,is site dependent, i.e. different
from one position to another in the bone. Any deviation from the equilibrium strain
state, caused by a change in load, produces a local strain difference. Consequently,
the bone strives to re-establish the remodelling equilibrium strain state by adapting
the density and shape of the bone. Equation 2.1 was proposed by Cowin and Buskirk
(1979) to predict surface remodelling based on the theory of adaptive elasticity

SW ) = |B ]{ £ -£ » }

(2,1)

w'here S represents the rate of change in position of point Q on the external bone
surface, e and

are the strain and remodelling equilibrium strain vector at that

point, and [B] is the row m atrix of remodelling rate constants.
Huiskes et al. (1987) proposed a development of Cowin’s adaptive elasticity the
ory whereby the remodelling signal used was the, scalar, local strain-energy density
(SED) as opposed to the local strain tensor. In addition the concept of a ‘lazy
zone’, suggested by C arter (1984), was introduced. This assumes th a t bone must be
either over or under-loaded before bone adaptation occurs, giving a non-linear rate
13

equation expressed as

Ce{U - { l + s)Un),
dt

0,

Ce{U-{l-s)Un),

U > {l + s)Un
(1 — s)Un < t/ ^ (1 + s)Un

( 2 .2 )

U < { 1 - s)Un

where s is half the w idth of th e lazy zone, E is th e elastic m odulus, Cg is th e
rem odelling rate coefficient, Un and U is th e hom eostatic and m easured strainenergy density respectively. This m ethod was applied to investigate th e influence of
intram edullary prosthesis design characteristics on bone remodelling p attern s, w ith
the stiffer stem s exhibiting an increased am ount of proxim al bone loss due to stress
shielding.
T he two theories explained above are ‘site-specific’, or ‘site-d ep en d en t’, as th e
hom eostatic strain levels vary depending on th e location in th e bone. F yhrie and
C arter (1986) proposed an alternative ‘site-independent’ theory to predict th e ad ap 
ta tio n of b o th th e ap p aren t bone density and trab ecu lar orientation to a change in
applied stress. It w’as assum ed th a t cancellous bone is a self-optim izing m aterial
w’hich sim ultaneously minimizes th e am ount of bone while maxim izing its stru c
tu ra l integrity for a given stress. An objective function, Q{p, 9, a) , where p is th e
apparent density, 6 is th e orientation, and a is th e stress tensor, is used to find th e
m inim um acceptable ap parent density and optim al trab ecu lar orientation. Two ap
proaches were investigated: one on optim izing th e strain energy density (stiffness),
and another on optim izing the strength. B oth of th e m ethods predict th a t, at re
m odelling equilibrium , th e relationship between th e applied stress and th e ap p aren t
density of cancellous bone is given by

(2.3)

where Ce// is an effective stress and th e value of C depends on w hether stiffness
or stren g th optim ization is assumed. This m ethod was investigated by F yhrie and
C arter (1990) using a finite elem ent model to predict th e bone density d istrib u tio n
in th e femoral head and neck during th e single-lim b-stance phase of gait.

14

T he

apparent density was predicted using: (i) th e von Mises, (ii) th e energy stress and
(iii) a spherical stress. They showed th a t th e von Mises stress was not accurate
in predicting th e apparent density of th e femoral head, while b o th th e energy and
effective stress predicted a dense column of trab ecu la bone through the head as seen
physiologically. This difference was attrib u te d to th e exclusion of the influence of
dilatational, or hydrostatic, stress on bone remodelling in th e von Mises model, and
areas experiencing purely dilatational stress would experience zero von Mises stress
and hence resorbtion is experienced. T he theory proposed by Fyhrie and C arter
(1986) was further expanded by C arter et al. (1987) to include th e m ultiple loading
conditions experienced by th e bone and subsequently applied to a two-dimensional
finite elem ent model of th e proxim al femur to predict th e distribution of trab ecu lar
bone density (see Fig. 2.4) using E quation 2.4 (C arter et al., 1989)
( 1/ 2M)

(2.4)

w here c is th e num ber of discrete loading conditions, K and M are constants, n
is th e num ber of loading cycles, a is th e ‘energy stress’ cr.e nergy

\/ 2 E U , and p

is the bone apparent density. T he results showed m ultiple loading conditions are
required to predict a realistic trab ecu lar density distribution, and th e orientation of
the trabecu lae are not necessarily perpendicular, as proposed by Wolff. However,
the model did not converge to an equilibrium w ith excessive density predicted for
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th e seventh iteration. T he progressive increase in bone density after th e seventh
iteration was a ttrib u te d to four causative factors: ( 1 ) th e constitutive relation in
E quation 2.4 w hereby th e advantage of increasing th e bone density is dim inished
as the th e effective stress is related to th e square of th e ap p aren t density while
th e m odulus increases as a cube of th e density thus increasing th e m agnitude of
th e stress in th e following iteration, (2 ) more subtle density changes when a greater
variation in loading conditions is used, (3) th e use of a continuum model to represent
cancellous bone w hereby no lim it was imposed on rem odelling resulting in densities
incom patible w ith practical lim its of the continuum model, and (4) th e assum ption
th a t rem odelling proceeds to a unique equilibrium solution i.e. no ‘lazy zone’ was
used.

B eaupre et al. (1990b) developed this concept fu rther by m aking th e theory into
a tim e-dependent one. The daily tissue level stress stim ulus 'ipb is defined as

(2.5)

where n* is th e num ber of loading cycles of load type i,

is th e tissue level effective

stress, and the stress exponent m is an em pirical constant. T he relationship between
th e stress stim ulus and rate of bone resorption/form ation, denoted r, was expressed
as
Cl (^ 6 - ^ ’bAs) + ( f l “ C2)U’1,

r =

C2{'ipb - '06.45 )>

{ - U h

Csilpb - ^fc.4s)>

(0

Cii-lpb -

w'here ipbAs

H ’b^ A S < - ^ " 1 )

i ’b A s) + (C3 -

C4) w 2,

<

t p b -

'I p b A S

<

0)

< ^6 - rpbAs < - ^ ’2 )
i i ’ b 'l p b A S

>

+ ^ 2)

^he attra c to r, remodelling, equilibrium stress stim ulus, 'iph is th e daily

tissue stress stim ulus, Ci, C2 , C3 , and C4 are em pirical ra te constants, and w \ and W 2 is
th e w idth of th e central, norm al activity region (B eaupre et al., 1990b). E quation 2.6
can be used to predict th e rate of bone deposition or resorption on external bone
surfaces. However, to model th e rate of internal rem odelling th e relationship between
bone surface area and apparent density, developed by M artin (1984), was included
16

to derive an equation for th e rate of change of ap parent density

(2.7)

p = rS„ pi

where p is th e tim e ra te of change in ap parent density, r is th e rate of bone apposition
or resorption,

is th e bone surface area density (see Fig. 2.5), and pt is th e tru e

density of bone tissue. This m ethod was used to determ ine th e distribution of bone
density in a two-dim ensional model of th e proxim al femur (see Fig. 2.6) using a
simplified version of E quation 2.6 where no bone remodelling occurs w ithin th e lazy
zone i.e. C2 = C3 = 0. As w ith C arter et al. (1989) satisfactory distribution of bone
density was predicted. How'ever, convergence w'as achieved this tim e, even after a
period of reduced loading and subsequent reinstatem ent of th e original load.
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2.2.2

D a m a g e stim u la ted rem o d ellin g

An altern ativ e approach to th e sim ulation of bone rem odelling is based on micro
dam age. C arter et al. (1987) proposed fatigue dam age accum ulation as a bone m ain
tenance stim ulus whereby th e local ap parent density is altered to ensure an efficient
factor of safety. P rendergast and Taylor (1994) expanded this concept by account
ing for dam age accum ulation w ith a continuous dam age rate. It was hypothesised
th a t, even a t rem odelling equilibrium , dam age exists in th e form of microcracks in
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Figure 2.6. Predicted density distribution using m ultiple loads after (a) 40
(330 days) and (b) 50 (412.5 days) tim e increments. Adapted from Beaupre
et al. (1990a).

the bone; th is rem odelhng e q u ih b riin ii damage was denoted u;re- A second h y p o th 
esis was th a t the hom eostatic stress determ ines the rate o f damage re])air, and at
rem odelhng e q u ih b riu m the rate o f damage fo rm a tio n equals th a t o f damage repair,
i.e.

c i’

=

d>RE-

D e via tio n o f the damage fo rm a tio n ra te fro m the rem odelling repair

rate results in an accum ulation o f damage and a re m odelling stim ulus

(2.8)

where cj and cOre are the rate o f damage fo rm a tio n and re p a ir respectively, and A u
is the difference between the a ctu a l damage and the e q u ilib riu m am ount, i.e. it is
the change in accum ulated damage and can be calculated as

( u > -

U J R E )d t

T he rate o f re m o d ellin g a t a tim e t can be expressed as

(2.9)

where C is a rate constant and X represents the periosteal bone diameter. This
approach was apphed to a bone diaphysis under a reduced torsional load giving
physically reasonable results. However, convergence to a homeostatic strain w'as not
achieved. Instead an overshoot was predicted. This is attributed to the accumula
tive nature of the model whereby even when Co — Cohe and the rate of increase of
Ati.’ is zero, Ait/' itself will not be zero. Hence, a backlog of accumulated damage
remains to be repaired and bone adaptation will continue until the damage is fully
repaired. A similar approach was applied to a simplified axi-symmetric finite ele
ment model of an intramedullary prosthesis (Prendergast and Taylor, 1992). This
theory was further developed by (McNamara et al., 1997) who modeled damage as a
function of crack length, and was applied to a finite element model of a noncemented
femoral prosthesis. The results of the damage stimulated remodelling were shown
to be equivalent to those based on strain energy density and successfully predicted
the adaptive remodelling of bone in response to an altered load once damage was
assumed as nonlinear.

2.2.3

S train and d am age stim u la ted rem o d ellin g

Prendergast and Huiskes (1996b) investigated the influence of microdamage on the
local strain sensed by osteocytes, assuming that osteocytes exists as strain sen
sors. It was predicted that accumulation of microdamage continually alters the
local deformation of the osteocyte-containing lacunae. They proposed that both
strain-adaptive and damage-adaptive remodelling work simultaneously, whereby
high loads induce damage accumulation causing local stress reductions and sub
sequent bone resorption. This w'as corroborated by Burr et al. (1985) and Mori and
Burr (1993). Prendergast (2002) carried on from this and developed a combined
strain and damage stimulated remodelling “mechanoregulation rule”. It was pro
posed that below a certain critical damage level, remodelling is governed by strain,
and above it a stimulus due to damage also acts. This is shown graphically in
19
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Figure 2.7. B one remodelling in response t o strain and dam a ge sim u ltan e
ously. Adapted from Prendergast (2 0 0 2 ).

Fig. 2.7, and the rate of change of mass can be expressed mathematically by

— C{e —Cref) + xC\{Au))

( 2 . 11 )

where x = 1 if Acj is positive else x = 0, C and C\ are remodelling rate constants,
and Au! is the change in damage from equilibrium, see Equation 2.8.

The influence of strain and/or damage on a two-dimensional model of BIMU
remodelling on the surface of a trabecula was investigated by M cNamara and Pren
dergast (2006).

Four mechanoregulation rules were studied: (i) strain only, (ii)

damage only, (iii) strain and damage combined and (iv) strain or damage where
damage-adaptive remodelling is prioritised over strain-adaptive remodelling when
damage exceeds a critical level. The only algorithm which gave physiologically rea
sonable results, where both damage removal and refilling of existing cavities was
predicted, was the algorithm which prioritised damage remodelling once a critical
level was reached i.e. (iv), this can be described by
dp
^ < ^C R IT

^ stra in

^ > ^C R IT

‘^ dam age

( 2 . 12 )

where Ci and C 2 are strain and damage rate constants respectively, lJ c r it is the
critical damage, and S denotes the stimulus (either strain or damage).
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2.2.4

T issu e d ifferen tiation

Pauwels (1980) proposed th a t the differentiation of the mesenchymal cells is a func
tion of both the change in shape, due to shear (deviatoric) stresses, and volume,
due to hydrostatic (dilatational) stresses, of the cells, see Fig. 2.8. A schematic of
Pauwels’ theory is shown in Fig. 2.9. It proposes th a t under a shear stimulus mesenchymal cells differentiate into fibroblaists and fibrous connective tissue is formed,
and under hydrostatic compression chondrocytes proliferate and cartilage is formed.
For a combination of both stimuli diiTerentiation into fibrocartilage is assumed. The
arrows on Fig. 2.9 show' that, once the soft tissue is formed a stabilised mechanical
environment can lead to ossification.
Perren (1979) introduced the theory of interfragmentary strain (IFS) w'hich pro
poses th a t the tissue which fills the fracture gap must be able to sustain the IFS
w ithout failure. High IFS promotes formation of granulation tissue, which in turn
reduces the IFS. Due to the reduced IFS chondrocytes can proliferate allowing for
endochondral ossification. How^ever, this may only be regarded as a theoretical rela
tionship between tissue formation and IFS as many other mechanical and structural

HYDROSTATIC STRESS
COM PRESSION

TEN SIO N

SHEAR STRESS
equals

Figure 2.8. Sc h e m a tic s o f hydrostatic (dilatational) stresses and shear (de
viatoric) stresses. From Carter et al. ( 1 9 8 8 ) .
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factors may influence the IFS.

Carter et al. (1988) proposed that both the vascula,rity and intermittent or cychc
stress play an important role in tissue differentiation. Two stress invariants were
proposed to regulate bone formation: octahedral shear stress S defined as

-S' = ^ \/(c ri -

0 -2 )2

+

-

(c t2

0 -3 )2

+ (0 -3 -

( T i )2

(2.13)

and hydrostatic stress D defined as

-D = ^ ( 0-1 +

where ct], 0 -2 , and

0 -3

0 -2

+ 0 -3 )

(2.14)

are the peak cyclic principal stresses. It is hypothesised that

high shearand/or hydrostatic tensile stress would promote fibrous tissue formation,
and at low hydrostatic and shear stress, with a good vascular supply, bone formation
is permitted, see Fig. 2.10. A linear combination of the stress invariants expresses

kVoven bone
(pttmmry)

chondral
Ossfficat/on
BrttctMf cartilage

o,® ©

iametar bone
/secondary)

*^^

%discs S mtnisci

bone
(pnmaryj
W O kV n

D 9/0fTnatt0n f S t W ij
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Figure 2.9. Pauwels' theory o f tissue differentiation.
Prendergast (1996).
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From Weinans and

the net stimuhis, the osteogenic index (/) for ossification, given by
C

(2 .1 5 )
i= \

where

i

indicates a specific loading case,

rii

is the number of loading cycles, and

k

is an empirical constant. High shear an d /o r tensile dilatational stresses and hence,
high levels of /, will promote fibrous tissue formation, while high compressive di
latational stresses encourage chondrogensis. Subsequently if a chondroid-like tissue
forms, high shear stresses or tensile dilatational stresses promote endochondral ossifi
cation, with compressive dilatational stresses inhibiting it (Carter and Wong, 1988).
This method was applied to tw'o-dimensional finite element models of (i) healing of
fracture callus’ (Carter et al., 1988; Blenman et al., 1989; Gardner et al., 2004) (ii)
chondroosseous development in diarthrodial joints (Carter and Wong, 1988), and
(iii) tissue differentiation at implant interfaces (Prendergast and Huiskes, 1996a),
see Fig. 2.11. Carter et al. (1988) found th a t the ossification patterns were consis
tent with experimental observations, and th at high compressive hydrostatic stresses
inhibit ossification. In a follow on study of ossification of the callus during the later
stages of healing, Blenman et al. (1989) foimd th a t ossification can occur in the
presence of intermediate hydrostatic compressive stresses. This was also observed
by Gardner et al. (2004) who suggested th a t the hypothesis was not totally successful
at predicting the healing pattern.
Claes and Heigele (1999) compared the local strains and stresses of their finite
element model with the histological findings from a fracture callus of an animal

Poor Vascularity

Good Vascularity
J ^ Cyclic Octahedral Shear Stress. S

J ^ Cyclic Octahedral Shear Stress, S

Fibrous
T issue

Fibrous
T issu e

Cartilage

Cartila<

(-) Compression

•<

► Tension (+)

(-) Compression

M
^

► Tension (+)

Figure 2.10. Sc h e m a tic o f influence o f hydrostatic stress, octahedral shear
stress, and vascularity on differentiation. Adapted from Carter et al. ( 1 9 8 8 ).
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model. They found th a t strains less than 5% and hydrostatic stresses smaller than
±0.15 M Pa promote intramembranous ossification, while strains less than ±15% and
compressive hydrostatic stresses greater than -0.15 MPa favor endochondral ossifi
cation, everything else predicts connective or fibrous tissue formation, see Fig. 2.12.

The previously mentioned models assumed the tissue had elastic material prop
erties whereas Prendergast and Huiskes (1996a) considered the tissue as a bi-phasic

f’fojiim al-section LLl

M »d-section

Uistal scction

(a)

(b )

(c)

F igure 2 . 1 1 . T w o - d i m e n s i o n a l m o d e ls o f (i) fra c tu re callus (Gardner e t al.,
2 0 0 4 ) , (ii) diarthrodial j o in t (C arter and W o n g , 1 9 8 8 ) , and (iii) b o n e / i m p l a n t
in te rfa ce ( P r e n d e r g a s t an d H uiskes, 1 9 9 6 a ) .
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Figure 2 . 1 2 . R e la tio n sh ip b e t w e e n m e c h a n ic a l stim uli and t is s u e t y p e s in t h e
frac tu re callus. A d a p t e d from C la es and H e ig e le ( 1 9 9 9 ) .
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m aterial accounting for bo th th e solid and fluid constituents. This approach was
further developed by P rendergast et al. (1997) who proposed a m echanoregulation
rule where tissue differentiation depends on two biophysical stimuli: shear strain in
the solid phase and fluid velocity in th e fluid phase, see Fig. 2.13. It was shown
th a t the biophysical stim ulus felt by th e cells changes significantly as th e tissue type
changes, and th a t these changes may regulate tissue differentiation.
High levels of shear strain and fluid velocity prom ote fibrous tissue form ation,
interm ediate levels prom ote cartilageous tissue, and bone form ation is assum ed at
low levels. Huiskes et al. (1997) quantified th e lim its of th e mechanical stim ulus for
each of the tissue phenotypes, given by

(2.16)

where 7 is the peak shear strain and v is th e peak fluid velocity, and a and b are
em pirical constants. If 5 > 3 differentiation of mesenchymal stem cells to fibroblasts
leading to fibrous tissue form ation is assvuned, when 1 < 5 < 3 cartilage is formed,
and when 5 < 1 bone form ation occurs. This was further extended by

Lacroix

et al. (2002) to include mesenchymal cell m igration using a diffusion analysis and
applied to a two-dimensional axi-sym m etric finite element model of fracture healing.
T he results com pared favorably to observed tissue form ation p attern s, however the
origin of the progenitor cells (from either th e m edullary cavity, th e periosteum , or
the muscle) were found to influence th e healing p attern . This approach has also
been applied to a three-dim ensional model of a tib ia w ith a fracture callus (Lacroix

Figure 2 .1 3 .

M e c h a n o r e g u la t io n d ia g ra m o f t is s u e d ifferen tiatio n b a sed on

sh ear strain and fluid flow. A d a p te d from P r e n d e r g a s t e t al. ( 1 9 9 7 ) .
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and P rendergast, 2002b). Kelly and Prendergast (2005) further expanded th e work
of Lacroix et al. (2002) to included the influence of th e mechanical stim uli on cell
mitosis and death, and th e influence of tissue phenotype on cell dispersal in a twodim ensional model of an osteochondral defect.

This approach was later applied

to the sam e model to predict optim al scaffold m aterial properties in osteochondral
defect repair (Kelly and Prendergast, 2006).
Perez and P rendergast (2006) proposed a model whereby cells disperse using a
random walk model rath er th a n a diffusion model. A cell in th e random walk model
is assum ed to be surrounded by four possible locations th a t a daughter cell can
occupy, providing th a t position is not already occupied, see Fig. 2.14. Cell m igration
was also modeled based on th e random walk approach, whereby five random jum ps
are perform ed for each cell w ith the final position being th a t at the end of the
iteration, again, providing th a t space is free. Using th e sam e biophysical stim uli
as P rendergast et al. (1997) (octahedral shear strain and fluid velocity) a sim ulation
of gap tissue differentiation in a two dim ensional model of an im plan t/b o n e interface
was perform ed. T he predicted stiffness of th e gap tissue was similar to th a t predicted
by the diffusion model; how'ever th e p attern of of tissue differentiation differed.
While th e diffusion model predicted continuous p attern s (Fig. 2.15a), th e random
walk model predicted discontinuous p attern s (Fig. 2.15b).

B E F O R E M IT O SIS

A F T E R M IT O SIS

Figure 2 .1 4. Possible s ta te s that a daughter cells can occupy after mitosis
using th e random walk model. Taken from Perez and Prendergast (2 0 0 6 ).

26

OSTEOBLASTS

OSTEOBLASTS
(b)

( a)
100

90

80

70

60

50

40

30

20

10

0

Cell concentration (number of cells per element)

Figure 2.15. Predicted osteob last cell distribution a t im p la n t/b o n e interface
with (a) diffusion and (b) random walk analysis. Adapted from Perez and
Prendergast (2 0 0 6 ).

2.3

T otal hip arth ro p la sties

Hip prostheses can generally be classified according to th eir m ethod of fixation to the
underlying bone, nam ely cem ented or cementless fixation. In the case of a cem ented
prosthesis, fixation is achieved using a bone cem ent, w ith polym ethylm ethacrylate
(PM M A) th e most commonly used. This contains: (i) particles of barium sulphate
(BaS 0 4 ) or zirconia (Zr 0 2 ) which act as radiopacificiers which make th e cem ent
visible in radiographs, (ii) an inhibitor (hydroquinone) to prevent spontaneous poly
m erization and an initiator to initiate polym erization a t room tem p eratu re, and (iii)
antibiotics to prevent infection (P rendergast, 2006). C harnely (1900) was th e first
to fixate a hip arthroplasty using an acrylic bone cem ent, see Fig. 2.16a. T he bone
cem ent acts as a filler adapting th e irregular surface of th e femoral canal to the
sm ooth surface of th e prosthesis, distributing th e load over a larger bone area, thus
avoiding any localised over-loading. P rim ary fixation is achieved by pressurising the
bone cem ent so it p en etrates th e cancellous bone stru ctu re to achieve mechanical
interdigitation, w ith th e stren g th of th e cem ent/bone interface having a positive
correlation to the ilegree of interdigitation (M ann et al., 2001).
Cem entless fixation may be achieved through either a biological or a press-fit
means. Biological fixation is achieved through a process know as osseointegration,
where a stable bon e/im p lan t interface is achieved by bone ingrow th onto th e sur
face of th e prosthesis, which can have a porous or hydroxyapatite (HA) coating.

Figure 2.1 6. M e th o d s o f fixation (a ) radiograph o f prosthesis fixed by bone
cennent (Charnely, 1 9 6 0 ) (b) prosthesis fixation by bone ingrowth (Eldridge
and Learmonth, 1 9 9 9 ).

see Fig. 2.16b. Successful fixation does not require osseointegration over th e full
surface of th e coating; Sychterz et al. (2002) found osseointegration to occur over
approxim ately 35% of th e porous coating. This osteoconductive surface tends to be
located on th e proxim al p a rt of th e prosthesis to facilitate proxim al load transfer in
an atte m p t to reduce th e degree of stress shielding. Press-fit fixation depends on a
very tight fit, or interference fit, of th e device into th e bone. This m ay be achieved
by im planting a larger stem into a som ew hat sm aller m edullary cavity.
However, failures of th e bo th cem ented and cementless do occur, and is generally
observed as aseptic loosening and pain for th e patient.

Loosening of cem ented

prostheses com monly occurs by fatigue failure of th e bone cement, which may be
caused by: crack grow'th from pores w ithin th e cem ent or stress concentrations at
the im plant/cem en t interface, or bone resorption causing an increase in stress in
th e cem ent (P rendergast, 2006). For cem entless prostheses, relative m icro-m otions
between the bone and im plant inhibits bone ingrow th leading to failed ingrow th and
eventual loosening.

Huiskes (1993) proposed six failure scenarios to describe the

n atu re of aseptic loosening:

1. Accum ulated Damage: A ccum ulation of dam age in th e prosthesis during cyclic
loading a n d /o r gradual cracking of th e bone cement.

2. Particulate Reaction: Particles m igrating to interfaces causing osteolysis and
fibrous tissue form ation. Particles may come from: wear of articu latin g sur
faces, abrasion of P M M A /p ro sth esis/b o n e interfaces, fretting between m etal
parts.
3. Failed Ingrowth: Large gaps betw'een prosthesis and bone or excessive micro
m otion prevent bone ingrowth in noncem ented im plants.
4. Stress Shielding: T he load formerly carried by the bone alone is now shared
w ith th e rigid prosthesis resulting in some areas of the bone being shielded
from th e stresses. This may lead to bone resorption.
5. Stress Bypass: Localised osseointegration and stress transfer causing some
bone to be bypassed reducing th e stress, causing local bone atrophy.
6. D estructive Wear: W ear of bearing surfaces leading to eventual disintegration
of com ponent.

2.4

P e r i-p r o sth e tic b o n e a d a p ta tio n s

It is widely believed th a t these changes in bone around a prosthesis are related to the
changes in bone stress/strain p attern s th a t inevitably result from th e introduction of
the prosthesis. It is th e aim of finite elem ent models incorporating mechanobiological
algorithm s to predict these changes so as to gain a b e tte r im derstanding of the
intim ate relationship between prosthesis design factors, such as m aterial choice and
geom etry, and th e host bone response. An u ltim ate objective would be to use such
algorithm s for pre-clinical testing (P rendergast et al., 2006).

2.4.1

C lin ical ob servation s

T he exten t of bone remodelling subsequent to th e introduction of a cementless
femoral hip replacem ent depends critically on th e design of th e prosthesis.

Ce

m entless prostheses need to have larger cross-sections in order to fill th e m edullary
canal in order to increases th e initial stability and th e potential for osseointegration.
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Hence, they tend to be larger and stiffer than cemented stems are more susceptible
to stress shielding, see Fig. 2.17.
In an attem pt to better understand the causative factors of stress shielding, and
possible steps which could be taken to avoid it, numerous clinical studies have been
performed investigating prosthesis design factors, such as stem stiffness, stem size,
and area of coating, on adaptive bone remodelling.
Engh et al. (1987) evaluated 307 patients after two years and 89 patients after
five years with a porous-coated cobalt-chrome femoral implant. It was found th at
88% of the cases examined at two years showed little or no stress shielding, while
only first (slight rounding off of the proximal medial bone edge) or second degree
stress shielding (rounding off of proximal medial femoral neck with loss of medial
cortical density in the proximal femur, level 1) was observed in all of the cases studied
after five years. This was attributed to the fact th a t most of the implants used had
a small stem width. Twenty-four of the thirty-six cases which showed increased
stress shielding had been implanted with larger, and hence stiflFer, implants with
a stem diameter of 15.0 nun or more. In a similar study Engh and Bobyn (1988)

(a)

(b)

(c)

Figure 2 .1 7 , (a)T ifit (Sm ith and N ep h ew Richards) titanium alloy hydroxyapatite co a te d c e m e n tless stem (b) postoperatively and (c) tw o years af
ter operation show ing proximal bone loss due to stress shielding. Adapted
from Karrholm et al. (1 9 9 4 ).
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observed the influence the stem size and also the extent of porous coating on femoral
bone resorption in 411 cases (380 patients) implanted with the same porous-coated
cobalt-chrome femoral prosthesis as mentioned above over a two year period. Onethird proximal coating w'as used in 110 cases, 166 cases of two-thirds coated, and
135 cases of fully coated stems.

The influence of stem size was first considered

and showed, similar to Engh et al. (1987), th a t the incidence of second and third
degree (more extensive cortical resorption) stress shielding increased five fold in the
larger stem group, 13.5 mm diameter and above. The influence of porous coating
was investigated for both large and small stem groups. For stem with a diameter
< 12.0 mm the amount of porous coating had little influence, while stems porous
coating had a significant effect on larger stems with a diameter > 13.5 mm where
second and third degree bone resorption increased twofold to fourfold in cases with
two-thirds and fully coated stems. As regards bone ingrowth both Engh et al. (1987)
and Engh and Bobyn (1988) observed a higher percentage of bone ingrow'th in the
thicker canal filling stems, thus presenting two competing objectives: bone ingrowth
fixation and reduction proximal stress shielding.
In

an

efl’o rt

to

improve

osseointegration

and

reduce

stress

shielding

hydroxyapatite-coated titanium stems have been introduced (D’Antonio et al., 1992,
1996; Jaffe and Scott, 1996; Capello et al., 1997). Scott and Jaffe (1996) studied
the host bone response to both hydroxyapatite-coated titanium and porous-coated
cobalt-chrome stems in three paired bilateral cases. Proximal bone mineral density
(BMD), obtained from DXA analysis, showed the HA-coated titanium stem w'as, on
average, 7.9% and 12% higher in Gruen zones 1 and 7 respectively. A higher BMD
w'as also found adjacent to the coated regions of the titanium stems suggesting
greater osseointegration and improved fixation.
Cementless prostlieses w'ith lower stem stiffness has been subject to a number of
clinical studies (Jakirn et al., 1998; Buma et al., 1997; Harvey et al., 1999). Jakim
et al. (1998) found a 32% rate of aseptic loosening of low modulus ” iso-elastic”
femoral stems. Radiologically, radiopaque lines within radiolucent zones indicated
loosening. In the study of Buma et al. (1997), three HA-coated load bearing prosthe31

ses of varying stiffness were inserted into tfie tibia of tfie goat with a finite element
model used to quantify the interfacial stresses and relative motions.

The inter

face conditions for the stiff implants (stainless steel) provided favorable conditions
initially for osseointegration. However, evidence of loosening was observed after 24
weeks where by delamination at the HA-metal interface and fibrous tissue formation
at the distal tip, which coincides with the location of the highest interface stresses
predicted by the FE model, promotes micromotions and further soft tissue interpo
sition. The intermediate (hollow titanium ) and flexible (polyacetal) stems exhibited
unfavorable initial interface conditions with high interface motions (unbonded) and
stresses (bonded) and consequently a higher incidence of early initial loosening and
interfacial fibrous tissue formation. In an animal study in dogs, S0balle et al. (1992a)
showed th a t this lack of initial stability inhibits bone ingrow'th and promotes fibrous
tissue formation surrounding an implant. In a bilateral arthroplasty study by Har
vey et al. (1999) a titanium alloy and a more flexible composite stem were implanted
in dogs. The composite stems showed less bone ingrowth and a high incidence of
radiopaque line formation indicative of fibrous tissue formation. The tissue reac
tions at the interface, which may result in the formation of fibrous tissue, have been
shown to be analogous to fracture healing (Willert and Buchhorn, 1999), where
mesenchymal stem cells invade the gaps between the stem and bone,which can then
differentiate to form bone, fibrous tissue, or fibrocartilage.

2.4.2

C om putational analyses

Some of the remodelling and tissue differentiation theories, discussed in chapter 2.2,
have been incorporated with either two or three-dimensional finite element models
to predict the influence of peri-prosthetic stresses and strains, on bone adaptations.
The first of these studies was carried out by Huiskes et al. (1987) who applied a sitespecific approach to predict the stress-related adaptive bone remodelling around a
simplified two-dimensional FE model, with sideplate, of an intram edullary prosthe
sis. The strain energy density (SED) was used as the remodelling stimulus, and
deviations from the homeostatic SED determined the rate of bone remodelling, see
32

Equation 2.2. The stem diameter, and contact conditions were varied to study there
influence on bone adaptation. The influence of stem rigidity on stress shielding in
duced bone loss is shown in Fig. 2.18, with the stiff’er stem experiencing more severe
bone loss. In a later study Huiskes et al. (1989) used more physiologically shaped
two-dimensional models to investigate the relationship between stem designs and
stress patterns. Three stem models were investigated: an axisymmetric model of a
Lord femoral prosthesis, side plate models of two types of Zweymuller stems (the
traditional and SL model) and an Osteonics stem. In the first analysis the Young’s
modulus of all prostheses was varied from a cobalt-chrome-molybdenum, CoCrMo,
stem (E = 200 GPa) to a titanium alloy stem (E = 110 GPa) and a hypothetical
iso-elastic material (E = 17 GPa). Stress shielding was found to be directly related
to the Young’s moduli of the prostheses. The lower stiffness stems, such as the hy
pothetical iso-elastic stem, reduced the degree of stress shielding. However, using a
lower modulus stem shifts the load transfer proximally inducing high proximal inter
face shear stresses. In an analysis of bone resorption induced by stress shielding only
a fully bonded Osteonics stem was analysed. Results showed high interface stresses

(a)
Figure 2.1 8.

(b)

External remodelling show ing stress shielding around (a ) the

m o s t flexible ste m and (b) th e stiffest ste m .

Adapted from Huiskes e t al.

(1987).
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in the bone surrounding the distal tip and stress bypass of the proximal bone leading
to severe bone resorption. In the last analysis a bonded fixation was compared to a
press-fit fixation for all three stems. In all cases the loose press-fit stem produced
higher cortical bone stresses reducing the degree of stress shielding. However, it was
proposed that press-fit stems may generate elevated interface stresses, which may
bring about interface necrosis, resorption, and subsidence - but this hypothesis was
not tested. Hence, it was proposed that a noncemented stem should be neither too
stiff nor too flexible, and should be partly coated and slightly tapered.
Weinans et al. (1992) investigated the effects of different stem materials,
both cemented and unceniented, on post-operative femoral bone remodelling. As
with Huiskes et al. (1989), a two-dimensional side plate model was used. A non sitespecific remodelling theory was used w’hereby a constant value reference stimulus,
Sref, was assigned to each location in the model. The stimulus 5, calculated as

(2.17)

where U is the strain-energy density, p is the apparent density, and n is the load
case, strives to attain the value of the reference stimulus by adaptive remodelling.
The relationship between the change in density and the stimulus was expressed as
A/9 = A A t { S - k{l ± 5)}“

(2.18)

if S' > k{l -f- s) or S < k(l — s)
where ^ is a time constant, A t is the time step in the analysis, k is the reference
stimulus, and s = 0.35 is half the width of the lazy zone. The exponent, a, was
set at 2 for bone formation, and 3 for resorption to allow for faster bone resorption
than formation; note that previous formulations had a = I.
Two stems were analysed in the cemented model, a CoCrMo (E = 210,00 GPa)
and titanium stem (E = 110 GPa). A third, iso-elastic stem (E = 20 GPa), was
included in the simulations of uncemented stems. The resulting density distribution
is shown in Fig. 2.19. Mild proximal bone resorption was predicted in the both
of the cemented models, w'ith the stiffer CoCrMo stem having a maximum loss
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of 38% versus 23% for the titanium stem in the same region.

The uncemented

stems of the same materials predicted far greater bone loss, 76% and 54% for the
CoCrMo and titanium stems respectively. Little proximal bone loss was predicted
in the iso-elastic model; the value was 7% bone loss, suggesting th a t a more flexible
stem is the preferable material choice. However, a study of the interfacial stresses
suggested otherwise; while the stifTer stems generate higher distal interface stresses,
it was found th at the proximal medial interface stresses become quite large in the iso
elastic stem suggesting a failed ingrowth scenario. The titanium stem was suggested
as the optimal material choice for the uncemented stem as it reduced both the degree
of stress shielding, in comparison to the CoCrMo stem, and interfacial stresses, in
comparison to the iso-elastic stem.
Weinans et al. (1994) applied the method developed above (Weinans et al., 1992)
to investigate the effects of fit and bonding characteristics on bone morphology
changes due to stress shielding in a two-dimensional model. Seven models w'ere
simulated with varied contact conditions and fit between the implant and bone. It
was predicted th a t partial coating of the stem reduces the atrophy in comparison
to fully coated stems, but only when the coating is applied to a small portion of
the proximal stem. Press-fit stems reduced the amomit of bone loss in comparison
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Figure 2.19.

Remodelled density distribution in proximal for (a) ce m e n te d

CoCrMo stem (b) ce m e n te d titanium stem (c) u n cem en ted CoCrMo stem
(d) uncem ented titanium stem (e) u n cem ented iso-elastic ste m .

A dapted

from W einans et al. (1 9 9 2 ).
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to both the fully and one-third partially coated stems. Overrreaming of the distal
bone reduced further the proximal atrophy. However, overreaming of the proximal
bone drastically increased the amount of proximal bone loss.
A similar study to Weinans et al. (1992) by Huiskes et al. (1992) also considered
the influence of stem stiffness on adaptive bone remodelling, this time using a threedimensional model of a noncemented stem. The remodelling algorithm contained
several differences to the one used by Weinans et al. (1992): a site-specific approach
was used, whereby the reference stimulus is dependent on location and was derived
from a reference intact model, the exponent o was set at 1, and the remodelling rate
was determined by the amount of free surface area available a{p), hence the change
in density was expressed as

^

= a{p){S - (1 ± s ) S „ , )

if 5 > (1 -I- s ) S r e f

or S’ < (1

—

^

s)Sref-

The influence of stem stiffness on bone remodelling was studied for two stem
materials, an iso-elastic and titanium stem, while a fiu’ther two stem materials were
included in a study of material choice on stress shielding and interfacial stresses, E
= 50 G Pa and 80 GPa. The bone stiffness and the width of the lazy zone were also
varied. As with Weinans et al. (1992), it was predicted th a t the use of an iso-elastic
stem reduces the amount of bone loss while increasing the proximal interface stress,
see Fig. 2.20. In reducing the width of the lazy zone from s=0.75 to 0.35, the net
amount of bone loss increased from 23% to 41%. They suggested th a t if the width of
the lazy zone is subject to patient-specific variations it may explain patient specific
differences in bone resorption patterns. Increasing the bone stiffness had a similar
effect to th a t of reducing the stem stiffness i.e. the degree of bone loss is reduced,
suggesting th a t implant stiffness relative to bone stiffness is an im portant causative
factor for bone remodelling rather than solely implant stiffness.
This method was subsequently applied to investigate the influence of coat
ing placement on bone resorption and interface faihne probability for a threedimensional noncemented stem by Huiskes and van Rietbergen (1995). Four stem
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coatings were analysed: a fully coated, a partial proximal coating, a five stripe prox
imal coating, and no coating (press-fit). The probability of interface failure and
amount of bone loss were similar for both the fully coated stem and partly coatcd
stem. The uncoated stem was predicted to reduce the amount of proximal bone loss
due to the proximal press-fit stressing the bone interface in compression, producing
tensile hoop stresses in the bone. There was no net loss in bone mass because the
initial high proximal interface stresses increased trabecular bone density which was
subsequently followed by a reduction in cortical density which develops slower than
trabecular densification. The stripe-coated stem reduced the amount of bone loss,
which was attributed to an increase in trabecular bone density due to spot-welds.
However, the maximal Hoffman number, which relates the interfaces stresses to the
probability of failure, was almost twice th a t of the other coatings. This decreased
after long-term remodelling but was still slightly higher than what was found with
the other coatings. This suggested th at although the likelihood of long-term failure
was higher for the striped coating the likelihood of early loosening due to failed
ingrowth, compromising initial stability, was much higher.
Weinans et al. (1993) compared the results of an animal experiment with those
of a computer simulation of a three-dimensional fully bonded noncemented hip pros
thesis. Once more a site-specific rule was used with the strain energy density per
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Figure 2 .2 0.

T h e relationship between stress shielding (relative t o th e ti

tanium s te m ) and and proximal interface stress (relative t o the iso-elastic
s t e m ) with stem stiffness. Adapted from Huiskes et al. (1 9 9 2 ).
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unit mass as the remodelhng stimulus. Both internal and external remodelling were
considered in the simulations, with the nodal point displacements given by

Ax=j{S-[l±s]Sref)At
( 2 . 20 )

if 5 > (1 + s ) Sr ef or 5 < (1 —s)Sref
and the change in apparent density given by

A p = Ta{p){S — [1 ± s]Sref)At
( 2 .2 1 )

if S' > (1 + s) Sr ef or 5 < (1 —s)Sref
where r is a time constant, which was calculated by comparing cross sectional density
distributions of the simulation with the animal model after 2 years. A tim e constant
of r = 129.6 g/[m m ^(J/g)months] gave the best fit witli the animal experiment with
a lazy zone width of s = 0.35.
van Rietbergen et al. (1993) followed on from this study by applying the same
equations as Weinans et al. (1993) to an unbonded press-fit implant to investigate
why similar amounts of bone resorption were found around press-titted and bonded
implants in a 2 year animal experiment. Namely, after 6 months cortical resorption in
the press-fit stems was less compared to th a t of the bonded stems. However, after 2
years the amount of cortical bone resorption increased to levels similar to those of the
bonded stems. Two models w'ere tested: a model with perfect fit betweeen the stem
and bone, and a model with a proximal fibrous tissue interface. Initially high stresses
were found in the peri-prosthetic proximal bone, particularly for the perfect fit
model due to the wedging effect. The resulting density distribution contradicted the
expected densification of bone in areas of high stress. Instead, bone resorption was
predicted for both models, with the interface gap model predicting more proximal
bone loss. This was explained by the distal bone gradually increasing in density
taking over the load transfer form the initially highly stressed proximal part, and
hence inducing stress shielding. In comparison to the animal model both models
compared favorably, particulary the proximal gap model as proximal interface gaps
were found in all experimental animals.
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P renderg ast and Taylor (1992), using a dam age stim ulated rem odelling algorithm
(see E quation 2.10), investigated th e influence of prosthesis Y oung’s m odulus and
th e presence of a prosthesis collar on bone ad ap tatio n s in an axisym m etric model
of a cem ented femoral im plant. Two Y oung’s moduli were investigated: a m etal
alloy (E = 200 G Pa) and polym er com posite (E = 25 G Pa). G reater bone loss was
predicted w ith th e stiffer m etal alloy stem th a n w ith th e polym er com posite stem .
T he inclusion of a prosthesis collar was found to have little influence on rem odelling
as it does not increase th e stresses high enough to prevent calcar bone resorption.
A nother stu d y by M cN am ara et al. (1997) further investigated th e validity of th e
dam age based remodelling algorithm , and com pared it to an algorithm based on
strain energy using a three-dim ensional finite element model to com pute, rath er
th a n sim ulate, bone ad ap tatio n p attern s around a femoral prosthesis. T he dam 
age stim ulated remodelling algorithm of Prendergast and Taylor (1994) w^as further
developed to define dam age as the cum ulative crack length with th e evolution of
dam age based on fatigue crack growth. A non-linear site-independent dam age rule
was found to give th e more physically reasonable results. It should be noted th a t,
although P rendergast and Taylor (1992) did a sim ulation albeit w ith a simplified
geom etry, M cN am ara et al. (1997) did not do a sim ulation b u t rath e r presented a
post-op analysis. A sim ulation, using a dam age-based algorithm , has not yet been
perform ed on a realistic geometry.

Huiskes et al. (1997) applied th e tissue differentiation theory of P rendergast
et al. (1997) to an axisym m etric biphasic finite element model of th e piston rnicrom otion experim ent of S0balle et al. (1993). The elastic m odulus and perm eability
were changed depending on the distortional strain, 7 and th e fluid velocity, i/, see
E quation 2.16. A 300 N force was applied to the model which gave a m axim al pis
ton displacem ent of 160//,7n (see Fig. 2.21a) and th e fluid velocity and strain w'ere
calculated for each element and th e corresponding tissue types were determ ined, see
Fig. 2.21b. As th e tissue became stifTer th e displacem ent of th e piston, fluid velocity
and tissue strains reduce until all elements have turned to bone, see Fig. 2.21c. The
predictions of th e tissue adap tatio n s resemble those foimd in th e anim al experim ent
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of S0balle et al. (1993). Although this study did show the potential of tissue dif
ferentiation algorithms to predict peri-prosthetic tissue formation, they were not
applied to realistic prosthesis geometries.
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2.5

C on clu sion

Total hip replacement has proven to be a successful method of relievmg pain and
restoring joint function for patient suffering from degenerative joint diseases. How
ever, the success of a noncemented THA is critically dependant on favourable periprosthetic bone adaptations, in particular minimal bulk bone loss and interfacial
bone ingrowth.
From the literature it can be seen th a t no approach has yet been presented
th a t can predict the time-course of tissue reactions around a load-bearing implant.
Many bone remodelling theories have been developed, some based on strain while
others are based on damage. These theories have been applied to finite element
models to predict peri-prosthetic bone adaptations in response to the introduction
of a prosthesis.
However, it is only by applying an algorithm incorporating both stinmli th a t the
possibility of predicting both bulk-bone and interfacial-bone adaptations exists. The
ability to predict interfacial bone adaptations due to excessive interfacial stresses
and damage accumulation in conjunction with bulk bone remodelling would pro
vided a significant improvement in the prediction of the likelihood of peri-prosthetic
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bone adaptations in the long-term, such an approach should be complimented by
predictions of the tissue differentiation th a t repairs interfacial tissue to cause in
growth and stabilization. In this thesis the author takes up the challenge of apply
ing strain/dam age algorithms, integrated with tissue differentiation algorithms, to
peri-prosthetic bone adaptations. Furthermore the aim is to show this can be done
in 3D realistic geometries.
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Introduction

This chapter presents the methods used to investigate bone remodelhng and tissue
differentiation around an uncemented femoral prosthesis. Solid models of both the
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femur and prosthesis were generated and meshed to create a finite elem ent model of
the im planted femur.
A proposed theoretical model of bone remodelling, which combines b o th strain
and dam age as a stim ulus is used to investigate th e influence of stem stiffness on
bulk bone and interfacial bone remodelling. A dditionally, a tissue differentiation al
gorithm is incorporated into th e remodelling algorithm to sim ulate interfacial tissue
generation following bone resorption.

3.2

Solid M odelling

This section describes th e process of reverse engineering and subsequent positioning
of the prosthesis in th e femur to generate a virtual solid model of th e im planted
proxim al femur.

3.2,1

R ev erse en g in eerin g o f p ro sth esis

The chosen prosthesis is an uncem entcd Osteonics ® Om nifit ® hydroxyapatite
coated femoral im plant, shown in Fig. 3.1. T he stem is m ade from a titan iu m alloy
(TifjAl4 V) w ith a hydroxyapatite coating on th e proxim al one-third of th e stem.
A Roland PIC ZA 3D laser scanner was used to scan th e im plant and produce
the d a ta in point cloud form at.

To avoid reflection of th e laser off th e m etallic

prosthesis surface, a w hite coat of paint was applied to th e im plant before scanning.
Due to th e irregular shape of th e im plant num erous scans were required in order to
get a com plete scan of th e geom etry , see Fig. 3.2. T he tip, stem shaft, and head
were scanned individually. D ata was collected a t a circum ferential pitch of 2mm for
each section, and a t a hight pitch of 0.8mm (tip), 1mm (shaft), and Im n i (head).
Pixform , A 3D editing software package, was used to align and merge th e individual
scans togeth er in order to get a com plete point cloud of th e prosthesis. T he was
then be converted to NURB surfaces, see Fig. 3.3.
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Figure 3.1. Osteonics® O m nifit® titanium alloy prosthesis with one-third
proximal hydroxyapatite coating. Taken from Lee et al. (2005)

(a)

(b)

(c)

Figure 3.2. Individual scans o f stem (a) tip, (b) shaft, and (c)head.

Figure 3.3. Point cloud data to NURB surfaces using Pixform (a) point
cloud, (b) NURB surfaces, and (c) rendered surface.
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3.2.2

Solid M o d el G en eration

Solid models of both the femur and prosthesis were created using the Rhinoceros3D
solid modelling software (Robert McNeel & Associates, Seattle, USA). The prosthe
sis was positioned within the femur model and the head of the femur was resected
to give a solid model of the implanted femur.

3.2.2.1 Solid M odel: P rosth esis
The NURB surfaces generated in Pixform were imported into Rhino in IGES format
and used to generate cross sectional splines, through which a surface could be lofted
and a solid volume rendered, see Fig. 3.4a-d.

3 .2.2.2 Solid M odel: Femur
The solid model of the femur was created in the same way as the prosthesis, cross
sectional splines were created through which a surface could be lofted and a solid
volume rendered, sec Fig. 3.5. The “Standardized Femur” was used to generate the
femur model (Viceconti et al., 1996).

3 .2.2.3 Solid M odel: Im planted Femur
Using the surgical protocol

(Osteonics,

1995) and comparison

to

clinical

xrays (D’Antonio et al., 1992, 1996) the prosthesis was positioned within the femur
such th a t the shaft filled the medullary canal and the head center of the prosthesis
matched th a t of the femur, see Fig. 3.6. A boolean division was used to subtract
the stem volume from the bone volume, mimicking the reaming preformed clinically
prior to insertion of the implant, and the appropriate resection level was introduced
to produce a solid model of the implanted femur.
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(b)

(a)

(d)

(c)

Figure 3.4. Stem solid model generation (a) NURB surfaces, (b) point
extraction, (c) spline generation, and (d) solid model.

(a)

(b)

(c)

Figure 3.5. Femur solid model generation (a) standardized Femur, (b) spline
generation, and (c) solid model.
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(a)

(b)

(c)

(d)

(e)

Figure 3.6. Stem resection and positioning (a) positioning of stem in the intact femur, (b) medial view o f stem position w ith head resected,
(c) medial radiograph (taken from D ’Antonio et al. (1992)), (d) anterior view o f stem position w ith head resected, and (d) anterior
radiograph (taken from D 'A ntonio et al. (1992)).

3.3

F in ite E lem en t M o d el

In this section the conversion of the sohd model into a finite element model is
described, including material properties and boundary conditions assigned.

3.3.1

M esh G en eration

Cross sectional splines of the solid model of the implanted femur were created in
Rhino and exported into Ansys 7.1 (Ansys Inc., USA). New volumes were created
for each component of the model (cortical bone, cancellous bone, and stem) which
w'ere then meshed using eight-node hexahedral elements. The meshes were then
imported into M entat

TM

release 2005 beta2 (MSC Software Corp.,USA) using a

FORTRAN program, courtesy of Dr. Alex Lennon, to convert the Ansys text file
into a suitable format for Marc (*.dat), and assembled to create the implanted and
intact models, see Fig. 3.7. The femoral head of the intact model was modeled with
beam elements linking the surface nodes of the resected surface to the femoral head
center (Fig. 3.7e).
The model was divided into 7 Gruen zones (Gruen et al., 1979) for both the
bulk bone mass and the interfacial bone to allow for comparison with clinical data.
Gruen zones 1, 2, 3, 5, 6, and 7 were further divided into an anterior and posterior
zone, see Fig. 3.8. By summing the density at each integration point per Gruen zone
and comparing to th a t which was summed for the same Gruen zone in the reference
model a percentage change in density can be calculated. This method of density
calculation is similar to th a t used in DEXA scans whereby the bone mineral density
(BMD) is calculated by the amount of X-rays absorbed by bone, less those absorbed
by soft tissue, over an area.
A biphasic analysis was required to allow for the simulation of combined re
modelling and tissue differentiation. Hence, a second model was generated using
twenty-node hexahedral biphasic elements.
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(a)

(b)

(c)

(d)

(e)

Figure 3.7. Finite element meshes o f (a) stem with HA coating high-lighted in blue, (b) cancellous bone, (c) cortical bone, (d) implanted
femur, and (e) assumed intact femur.
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3,3.2

B o u n d a ry C o n d itio n s

The loading applied to the model was taken from the work of Heller et al. (2005).
As only the proximal femur is modeled the loads were applied using a comparable
coordinate system of the femur, derived by Lennon and Prendergast (2001), to that
of Bergmann et al. (1993). The single instant of maximum in vivo hip contact force
during walking was assumed to derive the load profile (Heller et al., 2005), during
which a simplified set of nmscles exert a force on the proximal femur. The body
mass was taken as 75 kg giving the joint and muscle loading magnitudes shown in
Table 3.1.
Distally, all nodes w'ere fully restrained. The muscle loads were applied to the
muscle insertion points P I and P2 and evenly distributed over areas equivalent to
those in the nmscle standardized femur (Viceconti et al., 2003), see Fig, 3.9.
The same loading conditions were applied to the intact and implanted femur
for both the linear elastic and biphasic models. In the case of the biphasic model,
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Table 3.1. Hip joint and m uscle load m agnitudes applied to th e finite elem ent
model.
Force

x[N ]

y [N]

z[N ]

A c ts at point

-1719

PO

Hip joint reaction

-4 0 5

246

A bductor

435

-3 2 .2 5

6 4 8 .7 5

PI

Tensor fascia latae, proximal part
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-87

99

PI

Tensor fascia latae, distal part

- 3 .7 5

5.25

-1 4 2 .5

PI

V astus lateralis

-6 .7 5

- 1 3 8 .7 5

-6 9 6 .7 5

P2

only the elements at the stem bone interface were considered biphasic with the
surrounding bone cortex modeled as impermeable to fluid fluid. At the free surfaces
of the interface elements, those at the resection level and distal tip, free fluid flow
was modeled by applying a zero pressure boundary condition, see Fig. 3.10.
The proximal hydroxyapatite coating on the prosthesis was assumed to be fully
bonded to the surrounding bone, while the uncoated stem surface w'as assumed to
have a friction coefficient of 0.42 (Ando et al., 1999).
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Figure 3.9. Application o f loads to finite element model (a) muscle standard
ized femur showing muscle insertion areas P I and P2 (adapted from Viceconti et al. (2003), (b) finite element model showing equivalent muscle
insertion areas P I and P2, and the hip contact point PO, (c) finite element
model showing loads applied to muscle insertion areas and prosthesis head.

p=0

Figure 3 .1 0 . Zero pore pressure applied to th e free surfaces o f th e interface
eiem en ts.

3.3.3

M aterial P ro p erties

Two kinds of material behaviour w'ere used in the sinuilations: an isotropic linear
elastic material was assumed in the bone remodelling only model, while both a
linear elastic and biphasic material was used in the combined remodelling and tissue
differentiation model. As tissue differentiation was only allowed at the interface of
the prosthesis and bone, only those bone elements at the interface were modeled as
biphasic, see Fig. 3.10.

The initial material properties were considered homogeneous throughout both
models and are show^n in Table 3.2, where the bone’s Young’s modulus is determined
by the apparent density using the cubic relationship of Carter and Hayes (1977)

E = cp^

(3.1)

where c = 3790 MPa g^^cm*’
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Table 3.2. Material properties o f th e finite elem ent models.
Cortical bone

Cancellous bone

Y oung's m odulus [MPa]^

1 7,0 00

1,500

D ensity [g/cm^]

1.65

0 .7 3

P o isson's ratio^

0 .3 3

0 .3 3

Permeability [m ^ /N s x 10“ ^^]^

0.0 0 1

0 .37

Fluid com pression m odulus [MPa]^

2300

2300

I Lennon and Prendergast (2 0 0 1 )

t

3.4

Kelly and Prendergast (2 0 0 6 )

M echanoregulation algorithm s

In this section, th e combined strain-dam age reniodelhng algorithm , and also th e
combined rem odelling-differentiation algorithm are form ulated. The incorporation
of these algorithm s into th e finite elem ent m ethod is also explained.

3.4.1

B o n e rem o d ellin g a lg o rith m

3 .4 .1 .1 S tra in c o m p o n e n t o f r e m o d e llin g stim u lu s
Following Huiskes et al. (1987), the strain com ponent of th e remodelling stim ulus,
S, is calculated as th e strain energy density per u nit mass. This can be calculated
in a continuum model from th e strain energy density, U, expressed in M P a and
apparent density, p, m easured in g/cm ^ from

S= ~.
P

(3.2)

A site-specific approach is used whereby bone mass is adap ted in an a tte m p t to
retu rn the local rem odelling stim ulus, S, back to th e equilibrium stim ulus levels,
Sref, as calculated in model of th e unim planted femur.

T he m inim al inhibitory

signal proposed by Frost (1964), and as used by Huiskes et al. (1987), W einans et al.
(1992) and van R ietbergen et al. (1993) am ong others, is included in th e model as

a Hazy z o n e \ th e w idth of which is denoted by th e constant 2s. This assimies th a t
no rem odelling will occur in response to deviations from th e reference rem odelling
stim ulus unless th e stim ulus lies outside of th e values Sref(l-s) and Sref(l+s). The
half w idth of th e lazy zone, s, is set to 0.75 following a param etric variation stu d y of
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three values of s: 0.35, 0.5, and 0.75, see Appendix A. This value (s=0.75) was also
found to predict realistic results in human simulations by Weinans (1991), Huiskes
et al. (1992), Huiskes and van Rietbergen (1995), Kerner et al. (1999), and G upta
et al. (2006). The rate of change of bone mass can be seen in Fig. 3.11, and can be
expressed as

a ( 5 - (1 - s)S,ef) if

5 < (1 - s)S,ef

dm
"dT

0

if (1 - s)Sref < 5 < (1 + s)Sref

a ( 5 - ( l + s)S,ef) if

(3.3)

5 > ( l + s)S,ef

w'here Cs is a remodelling rate constant in response to the strain stimulus.

+ve
2s, lazy z o n e
S tim u lu s
dt

ref

-ve

Figure 3 .1 1 . S c h e m a t i c o f strain st im u la t e d rem o d e llin g .

3.4.1.2 D am age com pon en t o f rem odelling stim ulus
Damage, denoted lo is calculated using the remaining life approach and ranges from
the undamaged state, c<; = 0, to the fractured state, uo = \ (Prendergast and Taylor,
1994). It is assumed th a t there exists a certain amount of site-specific microdamage
within the bone at remodelling equilibrium, which accumulates at a rate denoted wre
which is calculated using the unimplanted femur model. Accumulation of damage
gives rise to the damage remodelling stimulus, Au;, which can be found by integrating
the difference between the damage formation rate, a;, and the damage repair rate,
‘^RE) (the damage formation rate at remodelhng equilibrium equals the damage
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repair rate) giving
Al^ =

f {uj —
Jo

(3-4)

A ssum ing a linear rate of dam age accum ulation, th e dam age form ation ra te can be
calculated using M iner’s rule

w here N j is th e num ber of cycles to failure a t a given stress, which can be found
from th e em pirical relationship of C arter et al. (1976)

log(iV;) = H log(a) + J T + Kp + M

(3.6)

w here a is th e stress (M Pa), T is th e tem p eratu re (37°C), and H, J, K, and M are
em pirical constants w ith values of -7.789, -0.0206, 2.364, and 15.470 respectively.

A critical am ount of accum ulated dam age, o^crit, is th e value lim iting strainadaptive remodelling. M cN am ara and Prendergast (2006) calculated c jc rit at a
strain of 3500/x£, 2000/xe above th e centre of their lazy zone (1500//e), or approx
im ately 1.3 tim es th e strain a t th e centre of th e lazy zone. As th e approach pre
sented here is a site-specific model for b o th strain and dam age influenced remodelling
(w'hereas M cN am ara and P rendergast (2006) was not), a ‘dam age lazy zone’, de
noted d, is proposed, allowing for dam age accum ulation, w ithout initiating bone
resorption, up until th e critical dam age level ti^cRiT is reached, see Fig. 3.12. The
critical dam age rate, cucriT) is calculated a t a stress 1.3 tim es th a t a t Sref using
Equations 3.5 and 3.6.

D am age accum ulation was predicted using forward Euler intergration

= Aix), -t- (ti; —u;RE)NAf

(3-7)

where A t is th e tim e step in th e in tegration process and N, th e num ber of cycles per
m onth, is set a t 125,000 cycles/m onth (G oldsm ith et al., 2001). T he rate of change
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dt
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-ve

Figure 3.12. Sch em a tic o f d a m a g e stim ulated remodelling.

of bone mass due to dam age accum ulation can now be expressed as

(3.8)

where

is a rate constant governing th e rate of rem odelhng in response to damage.

3 .4 .1 .3 C o m b in ed stra in and d a m a g e r e m o d e llin g m e c h a n o reg u la tio n al
g o r ith m
Internal bone remodelling is sim ulated using th e sam e m ethod as used by Huiskes
et al. (1992), van R ietbergen et al. (1993) and W einans et al. (1993). This assumes
th a t rem odelling can occur only a t free bone surfaces. In th e case of internal re
modelling, this occurs a t th e pore surfaces. M artin (1972) proposed a m ethod to
calculate th e am ount of internal free surface area as a function of th e ap parent den
sity, A{p) . T he internal free surface area per unit volume, a{p), is shown in Fig. 3.13
and can be calculated as

For p — pmax = 1.73 g/cm^ it is assum ed th a t no rem odelling occurs as a{p) = 0,
and a m inim um density of p = 0.01 g/cm ^ represents com plete resorption (van
R ietbergen et al., 1993).

It is assum ed th a t the ra te of internal rem odelling in

response to bo th strain and dam age is dependent on th e am ount of free surface
area. Hence, both th e strain rate constant, Cg, and th e dam age ra te constant, C j,
are a function of th e free surface density. T he strain remodelling ra te constant can
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Figure 3.13. Density { p) versus free surface area per unit volume ( a( p) ) .

now be determ ined by
Cs = a ( p)Ts

(3.10)

w here Ts is a strain tim e constant w ith a value of 130 g^nnn"^ J'^ per m onth (Weinans
et al., 1993). The dam age rate constant can similarly be expressed as

Cd = a(p)rd

(3.11)

w here r j is a dam age tim e constant which was subject to a param etric study with
a value of

= 1 x 10^ yielding th e m ost realistic results, see A ppendix B.

By combining E quations 3.3 and 3.8 and th e rate equations, Equations 3.10
and 3.11, the rate of change in density can be expressed as

a(p)Tg(5 -

(1 -

0

d^

a { p ) T s { S — (1 +

a(p)rd(Au;)N

s)S re f)

fi S

'< (l-s)S ref

if (1 — s ) S re f <
s ) S r e f ) if 5

if

> (1 +

5 > (1 +

‘S'

< (1 +

s ) S re f

s)5 re f

s ) S re f

and

CJ<

and

UJ < UJCRIT

and

LU< WCRIT

and

CJCRIT

uj > o ;c rit

(3.12)'
where th e upper and lower hm its of bone density are O.Olg/cm^ and 1.75g/cm^
respectively. E quation 3.12 assumes th a t bone remodelling can occur in response
to either a strain or dam age stim ulus. W hile th e dam age is below a critical limit,
strain initiated rem odelling persists. However, once this limit has been reached or
exceeded, dam age stim ulated rem odelling is prioritised. T he change in density over

time due to a strain (blue line) and damage (red line) stimulus is illustrated in
Fig. 3.14.

d, d a m a g e lazy zone

+ve

S tim ulus
6t

•ve
2s, lazy zone
if
if UJ'^LOcrit
Figure 3 .14 . Sch e m a tic o f com bined strain-dam age stimulated remodelling.

3.4 .1 .3 .1 D e t e r m in in g t h e t im e s te p

For every integration point a strain time step, Af*, and a damage time step,
is calculated such th a t the maximum change in density does not exceed 10% of the
maximum allowable density. This is achieved by calculating Af^ and Af^ using the
maximum values for the expressions

{rsa(/9)[5— (l± s)S ref]}

and {Tda{p)AuN} from

all integration points (van Rietbergen et al., 1993)

A t. =

|,
{ r , 0 , ( p ) [ 5 - (1 ± s ) S ,e f ]} ,„ a x

(3 .1 3 )

0.175
{Tda(p) Au;N}„^^^
The optimal time step. At, is then taken as the lower value of either Atg and
A t j (Stolk et al., 2004)
A t = min\Ats, Atd\

(3.15)

The time step in the integration process can now be expressed in terms of months.
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3.4.1.3.2 U p d a tin g bone m aterial p roperties

Using the calculated optimal time step a new density can be found for every inte
gration point in the model by forward Euler integration

+

pi+i=

(3.16)

at

which can then be related to the local elastic properties [E) according to the rela
tionship of Carter and Hayes (1977)

= 3790/9^+1

(3.17)

wiiere the elastic modulus is measured in MPa and the density in g/cm^. The
predicted elastic modulus is assumed to be isotropic.

3.4.1.4 A p p lication to finite elem en t m od el

The bone remodelling algorithm shown in Fig. 3.15 was written in the FORTRAN
programming language and incorporated into the MARC^^ release 2005 beta2 (MSC
Software Corp.,USA) finite element code. The eight-node hexahedral element mod
els of the intact and implanted femur were used in the simulation of bone remodelling
w'here the unimplanted femur model was used to generate the reference levels of the
strain stimulus, Sref, equilibrium damage,

and critical damage, cucmx, for each

integration point. The implanted femur model undergoes the same loading condi
tions, and the measured strain stimulus, S', and damage, cu, are calculated using the
ELEVAR user subroutine. The optimum time step is calculated using Equations 3.13
- 3.15. If the accumulated damage exceeds the critical amount, damage stimulated
remodelling is prioritised over strain stimulated remodelling. Based on the mag
nitude of the appropriate stimulus, the rate of change of density (Equation 3.12)
and subsequent new density (Equation 3.16) is calculated. Using the HYPELA user
subroutine the stiffness of the element is updated based on the predicted change in
density (Equation 3.17). After each iteration the time step is updated until 10 years
worth of remodelling has been simulated.
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Figure 3.15. Schematic o f combined strain-damage bone remodelling algo
rithm. If the accumulated damage exceeds the critical amount, calculated
in the reference model, damage-based resorption is initiated.
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3 .4.1.4.1 S tem stiffness param etric stu d y
T he influence of stem stiffness on b o th interfacial bone ad ap tatio n s and bulk bone
rem odelling was studied by applying th e remodelling algorithm to three stem m a
terial models: a fictitious iso-elastic stem w ith an elastic m odulus sim ilar to th a t
of bone, a titan iu m alloy (Ti6A14V), and a cobalt-chrom e alloy (CoCrM o), see Ta
ble 3.3 (W einans et al., 1992).

T ab le 3 .3 . S t e m m aterial p roperties.
Material

3.4.2

E la stic m o d u lu s

P o i s s o n ’s ratio

E [GPa]

V

Iso-elastic

20

0 .3

T i t a n iu m alloy

110

0 .3

C o b a lt- C h r o m e alloy

210

0 .3

C om b in ed b o n e rem o d ellin g and tissu e d ifferen tiation
a lg o rith m

3.4.2.1 R em od ellin g stim uli
T he rem odelling stim uli, strain and dam age, are calculated in th e sam e m anner as
those calculated in th e remodelling only algorithm .

3 .4 .2 .2 DifTerentiation stim ulus
Once th e density of bone reaches its m inim um of 0.01 g/cm ^, com plete bone re
sorption is assum ed. T he resorbed bone is subsequently replaced by granulation
tissue, which is assum ed to be filled by mesenchymal stem cells in a homogeneous
distribution. These cells can differentiate into different phenotypes based on a local
biophysical stim ulus regulating tissue differentiation as defined by P rendergast et al.
(1997), see Fig. 3.16.
T he biophysical stim ulus is based on two mechanical stimuli; octahedral shear
strain, 7, and fluid velocity, u, where th e octahedral shear strain is calculated from
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________________________________________________________________________________________________j

the principal stresses Oi, (J2 , and

<73

(3.18)

+ {<72 - (^3 )^ + (f^3 - CTl)^

7 = ^ \/(c^ l -

and the maximimi resultant fluid velocity is calculated as

\ ! ^1 + ^1 +

(3.19)

The stim ulus for differentiation, Sd, can now be calculated as

>5(i — — + —
a
0
where a = 3.75% and h =

(3.20)

(Huiskes et al., 1997).

Following Lacroix and P rendergast (2002a), th e value of Sd, cells can synthesise
new tissue by differentiating into th e following cell phenotypes:

nresorption <
n m a tu r e <

1

<

S j < n.mature osteoblasts : u iature woven bone
Sd

<

1

ostcoblasts : im m ature woven bone

Sd < m chondrocyte ; cartilage
Sd

> in fibroblast : fibrous connective tissue

(3.21)

where riresorption = 0.01, Timature = 0.53, and m = 3, determ ined by th e previous work
of Huiskes et al. (1997), represent th e boundary conditions of the m echanoregualtion
diagram shown in Fig. 3.16. The m aterial properties of each tissue ty p e are listed
in Table 3.4 (Kelly and P rendergast, 2005).

T a b le 3 .4 . T i s s u e m aterial properties.

Young's modulus

Granulation

Fibrous

tissue

tissue

Immature

Mature

Cortical

bone

bone

bone

0.2

2

10

1000

6 000

17,000

1

1

0.5

0.1

0.37

0.001

0 .167

0 .167

0 .1 67

0.3

0.3

0.3

Cartilage

[MPa]

Permeability
[ m ''/N s

X 1 0 -1 " ]

Poisson's ratio
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F igure 3 . 1 6 . M e c h a n o r e g u la t io n re gu latin g cell d iffer en tiatio n b a sed on t w o
b io p h y sic a l stim uli:

o c t a h e d r a l sh ear strain and fluid v elocity.

A d a p te d

from P r e n d e r g a s t e t al. ( 1 9 9 7 ) .

3.4.2.2.1 U p d a tin g tissu e m aterial p roperties
Both the Young’s modulus and permeabihty are assumed to change from an initial
values of 0.2 MPa and 1 m ^/N sx 10“ ^^, typical of granulation tissue, to the maximum
values for each of the predicted tissue types shown in Table 3.4 over a period of 75
days (2.5 months). This time period is based on the observation th at fracture callus
density equals or exceeds th at of the cortex after 10 weeks or more after injury (Islam
et al., 2000).
Once complete bone resorption has occurred, granulation tissue takes its place
and is capable of differentiating. The differentiation time, / * / /, accumulates from
this point forward and is calculated as

tdiffi = tdiffi.i + A /

where

(3.22)

is the time step in the remodelling process.

The Young’s modulus and permeability can be calculated using the equation of
a straight line
y = mx + c

(3.23)

w'here y is the permeability or Young’s modulus, m is the slope of the line, x is the
time tdiff, and c is the y intercept. The changes in Young’s modulus and perme64

ability over time are shown in Figs. 3.17 and 3.18 respectively and can be calculated
using Equations 3.24 and 3.25. The permeability and stiffness of the tissue type
predicted reaches a maximum value after 2.5 months, after which mechanoregulation “switch off’" occurs and both differentiation and remodelling ceases for the
concerned integration point.

E =

0.7440

X [time]

+ 0.2 granulation tissue to fibrous tissue

=

4.0507

X {time)

+ 0.2 granulation tissue to cartilage

=

413.25

X {time)

+ 0.2 granulation tissue to im m ature bone

=

2479.9

X {time)

+ 0.2 granulation tissue to m ature bone
(3.24)

k

= —2 X 10“ ^'’ X {time) + 1 x 10“ ^^ granulation tissue to cartilage
=

—4 X 10~^®

x

{time) +

1 x 10“ ^^ granulation tissue to im m ature bone

=

—3 X 10“ ^’’

X

{tivie) +

1 x 10“ ^'^ granulation tissue to m ature bone
(3.25)

Both the elastic modulus and permeability are considered to be isotropic. Hence
■E'l =

£ '2

= E'i and k\ — k 2 = k^.
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Figure 3.17, Development o f tissue Young’s modulus over 75 days.
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Immature Bone

-14
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3.4.2.1 A pp lication to finite elem en t m odel
The combined remodelhng and tissue diflferentiation algorithm is shown in Fig. 3.19.
The twenty-node hexahedral biphasic element models of the intact and implanted
femur were used in the sinmlation. The algorithm is carried out in the much the same
way as th at for the bone remodelling algorithm shown in Fig. 3.15 with the exception
th a t a check is performed on each integration point at the stern-bone interface to
determine if the density has reached it’s minimum value. If it has been reached,
granulation tissue forms, and tissue differentiation is initiated. The fluid velocity
and octahedral shear stress are calculated using the PLOTV and ELEVAR user
subroutines respectively. Based on these values the tissue phenotype is determined
and the Young’s modulus and permeability calculated using Equations 3.24 and 3.25
and updated in the model using the HYPELA and UPERM user subroutines. If
tissue differentiation is not initiated bone remodelling persists as described in chapter
3.4.I.4.
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Figure 3.19.

Schem atic o f combined strain-dam age bone remodelling and

tissue differentiation algorithm .
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3 .4 .2 .1 .1 S te m stiffn e ss p a ra m etric s tu d y

The same stem material properties were used as in the study using the bone remod
elling algorithm only i.e. iso-elastic, titanium , and cobalt-chrome alloy .

3.5

Su m m ary

To investigate the hypothesis th a t high interfacial stresses promote damage accu
mulation at the stem-bone, leading to bone resorption and interfacial fibrous tis
sue formation, a combined strain-damage remodelling algorithm was developed and
applied to three-dimensional finite element models of an uncemented femoral prostheses. The effect of varying the prosthesis stiffness on both interfacial and bulk
bone adaptations was investigated. In addition, a combined remodelling-tissue dif
ferentiation algorithm is proposed and applied to the finite element models and
the formation of interfacial tissues is analysed. The results of these analyses are
presented in chapter 4.
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Introdu ction

The predicted peri-prosthetic bone adaptations surrounding the three stem m ateri
als, using both the remodelling and the combined remodelling-tissue differentiation
algorithms, are presented in this chapter.
All remodelling results are presented per Gruen zone to allow for better compar
ison between each stem model. Furthermore, each Gruen zone has been divided into
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an anterior and posterior aspect. Both th e bulk and interfacial bone ad ap tatio n s are
reported, where bulk refers to th e entire bone mass in th e G ruen zone considered,
while interfacial refers to th e nodes on th e bone surface adjacent to the stem -bone
interface. The percentage volume of bulk bone experiencing stress shielding, and in
terfacial bone undergoing dam age stim ulated rem odelling is presented along w ith th e
percentage change in bone mass over tim e. Interfacial and bulk bone contour plots
show the predicted density and strain energy density per unit mass distribution.
C ontour plots of th e predicted tissue type following bone resorption are presented
for each stem model. The m agnitude of th e stim ulus regulating differentiation over
a period of five years is also shown.

4.2

B o n e rem o d ellin g

This section presents th e results obtained for the bone rem odelling sim ulations per
formed. Com parisons between each stem model are m ade on th e load transfer anrl
resulting bulk and interfacial bone adaptations.

4.2.1

B u lk b o n e rem o d ellin g

4.2.1.1 B ulk load transfer
Load transfer begins proxim ally in th e iso-elastic stem , midway down zone 2 and a t
the s ta rt of zone 6, see Fig. 4.1a. As the stem stiffness increases, load transfer moves
distally to zone 3 and mid zone 6 for th e titan iu m stem (Fig. 4.1b), and mid zone 3
and zone 5 for th e CoCrM o stem (Fig. 4.1c). As of a result of this, varying degrees
of stress shielding are experienced depending on th e stem m aterial, see Fig. 4.2.
Proxim al stress shielding in zones 1 and 7 is m ost severe for th e CoCrM o stem a t
21% and 57% volume respectively.

This reduces to 17% and 34%, and 9% and

16% for the titan iu m and iso-elastic stems. Stress shielding around th e m id-stem
position, zones 2 and 6, reduces in all cases except th a t of zone 2 in th e CoCrM o
stem model, which peaks a t 54% (see A ppendix C). Distally, th e am ount of bone
experiencing stress shielding reduces w ith no stress shielding experienced in zone 5
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with all three stems, and 0%, 2% and 6% in zone 3 in the iso-elastic, titanium and
CoCrMo stems.
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Figure 4.1. Mid-plane cross section showing distribution o f the strain energy
density per unit mass in the (a) iso-elastic, (b) titanium , and (c) CoCrMo
stems.
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Figure 4.2. Percentage volume of bone experiencing stress shielding imme
diately post-op, and after 10 years in all three stem models.
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4.2.1.2 P red icted bulk d en sity d istrib u tio n
The change in bulk-bone density in the anterior and posterior of all Grnen zones in
all three modulus stems was calculated. For the majority of Gruen zones there is
a high rate of bulk bone loss over the first six months. After the sixth month the
rate of bone loss slows, and from year two no more significant bone loss is observed,
see Fig. 4.3. The predicted bulk density distribution, ten years post-operatively, is
plotted for all three stems in Fig. 4.4.
Proximal bone loss (zones 1 and 7), as a result of stress shielding, is most severe
for the CoCrMo stem and peaks at 77.4% in the anterior section of zone 7, see
Fig. 4.5. This compares to 63.8% and 24.4% for the titanium and iso-elastic stems
in the same region. At the mid-stem position (zones 2 and 6) loss of bone mass is
again most severe for the CoCrMo stem in the medial anterior aspect at 14.8% with
the remaining regions reducing by between 2.6 and 13.7%. A 10.5% reduction in
bone mass is observed in the medial anterior region of the titanium stem, with little
change occurring elsewhere. Negligible bulk bone adaptations are observed mid
stem with the iso-elastic stem model, between 1.1% loss and 0.37% gain in density.
Bulk bone adaptations at the distal tip (zones 3 and 5) peak at a 8.9% loss in the
anterior region of zone 5 for the CoCrMo stem. This is reflected in the minimal
amount of bone experiencing stress shielding in these zones, a maxinnmi of 6% in
zone 3 of the CoCrMo stem and 0% for all 3 stems in zone 5 (Fig. 4.2).
It is shown in Fig. 4.2 th a t after ten years the percentage volume of bone ex
periencing stress shielding has been reduced considerably while the amount of bone
within the lazy zone has increased, shown in Fig. 4.6. At least 90% of the volume in
each Gruen zone lies within the lazy zone after ten years. This corresponds to the
leveling off of the rate of bone resorption/form ation in Fig. 4.3.
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Cn

Zone-5

Posterior

o
o

(b) IsO’Elastic [20 GPa] 10 Years Post-Op

1.76

1.41

1.06

.N

.. K

y.y
0.71

■ J

C ro s s S s c tio n

0.36

A n ts r io r

0.01

g/cm^

P o s ts rio r

(a) Pre-Remodelling

(c) Titanium [110 GPa] 10 Years Post-Op

r

(d) CoCrMo [210 GPa] 10 Years Post-Op

Figure 4.4. Anterior, posterior, and cross-sectional bulk density distribution
(a) pre-remodelling, and 10 years post-op for the (b) iso-elastic, (c) titanium ,
and (d) CoCrMo stems. (W hite lines outline Gruen zones).

76

Z one 1

i

Zone 7

Zone 1

Po ste rior

P osterior

A nterior

A nterior

I

Zone 7

Z one 1

«

Zone 7

Anterior

1,7

Zone 2

«

Zone 6

Z one 2

t

Zorte 6

Zone 2

P osterior

P osterior

Po ste rior

A n te rior

A nterior

A n te rior

Zone 3

•

Zone 5

Zone 3

I

Zone 6

2,6

Zone 3

Zone S

«

»

Zone 5

3, 5
P osterior

P osterior

P osterior

A n te rior

A nterior

A nterior

Iso-Elastic

Titanium

CoCrMo

Stem - Bone Interface

Figure 4.5. Percentage change in bulk and interfacial density per Gruen zone (anterior and posterior) after 10 years.

C oC rM o

C o C rM o

I

ITitanium

Titanium

I

isoElastic

IsoElastic I

C o C rM o

C o C rM o

ITitanium

IsoElastic

C o C rM o

C o C rM o

I

ITitanium

Titanium

I

IsoElastic

IsoElastic

0 10 20 30 40 50 60 70 80 90 100

100 90 80 70 60 50 40 30 20 10 0

%Voiume

B Post Op
□

%Volume

lOYrs Post Op

Figure 4.6. Percentage volume o f bone w ithin the lazy-zone immediately
post-op, and after 10 years in all three stem models.

78

4 .2 .2

Interfacial b o n e rem od ellin g

4 .2 .2 .1 In te rfa cia l load tran sfer

Peak load transfer for both the titanium and CoCrMo stems occurs distally in zones
3 and 5, both anteriorly and posteriorly, with the CoCrMo stem experiencing the
highest degree of load transfer in these zones. Peak load transfer for the iso-elastic
stem occurs proximally in posterior aspect of zone 7 and anterior aspect of zone 1.
This pattern of load transfer from the prosthesis to the interfacial bone is shown
in the distribution of the strain energy density per unit mass at the interface in
Fig. 4.7 for all three stem materials. The areas of peak load transfer correspond to
the areas of bone undergoing damage stimulated bone resorption shown in Fig. 4.8.
Damage exceeds the critical amount, and undergoes damage stimulated resorption,
in 9% of the volume in both zones 3 and 5 of the CoCrMo stem. Zones 3 and 5
of the titanium stem experience 6% and 7% of damage initiated bone resorption.
This reduces considerably in the same zones for the flexible iso-elastic stem to 0.5%
and 0.6%. In the proximal zones 1 and 7, both the titanium and CoCrMo stem
experience no damage initiated bone resorption, while 11% of zone 7 and 1% of zone
1 of the iso-elastic stem experience damage stimulated resorption.
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Figure 4 . 8 . P e r c e n t a g e v o lu m e o f in terfacial b o n e e x p e r ie n c in g d a m a g e s t im 
u lated r e m o d e llin g in all th r e e s t e m m o d e ls.

4 .2 .2 .2 P r e d ic te d in terfa ce d e n sity d istr ib u tio n

As with bulk remodelling the majority of bone adaptation occurs within the first
six months, slowing thereafter, and from year two no appreciable density change is
observed in the majority of Gruen zones. However, the posterior aspect of zones 3
and 5 of the CoGrMo stem continues to loose bone mass even after two years, see
Fig. 4.9.
Proximal interfacial bone loss occurs in the posterior aspect of zone 7 for the
iso-elastic stem (see Fig. 4.10) with a drop in density of 32.2% (stem-bone interface
values. Fig. 4.5). In the same zone of the titanium and GoGrMo stem an 8.7%
gain and 0.4% loss in density is experienced respectively. The proximal anterior
interface of zone 7 shows a distinct drop in bone density for both the titanium
(55%) and GoCrMo (67.9%) stems. By comparing this resorption pattern to the the
distribution of strain energy density per unit mass in Fig. 4.7 it is clear th at this
bone loss is as a result of bulk-bone remodelling, due to stress shielding, encroaching
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on the interface and therefore is not a response to interfacial damage accumulation.
Distal interfacial bone resorption increases as the stem stiffness increases, see
Fig. 4.10 No interfacial bone resorption is predicted with the iso-elastic model, in
fact bone formation of between 0.1 and 8.6% is found, shown in Fig. 4.5. A reduction
of between 1.2% and 10.6% in bone mass occurs with the titanium stem increasing
to between 3.5% and 17.7% with the CoCrMo stem. These areas of high interfacial
bone loss correspond to the areas of high load transfer shown in Fig. 4.7.
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4.3

B o n e rem o d ellin g and tissu e d ifferen tia tio n

This section presents the results obtained for the combined bone remodelling and
tissue differentiation sinmlations performed for each stem material. Contour plots of
the predicted tissue phenotype over a period of five years at the stem-bone interface^,
and the change in the regulating stimulus for tissue differentiation over the same
time period, are presented.

4.3.1

Iso -ela stic stem

At 0.5 months a differentiation stimulus of S ~ 0.25 at point 1 predicts mature bone
formation through intramembranous ossification, see Fig. 4.11. The magnitude of
the stimulus drops to a homeostatic value of S' ~ 0.15 at three months, which
lies within the boundaries of 0.01 < S < 0.53 maintaining mature bone formation
throughout the five years, see Fig. 4.12.
Fibrous tissue formation is predicted at point 2 up to a period of 6 months postoperatively wdth an initial differentiation stimulus of 5 ~ 9 j^redicted at 0.5 months,
see Fig. 4.11. This reduces to a homeostatic value of 5 ~ 1, which lies within the
limits of cartilage formation 1 < 5 < 3, by year 1 and cartilaginous tissue persists,
see Fig. 4.12.
Endochondral ossification is predicted at point 3 with cartilage formation pre
dicted up to month 3 (1 < 5 < 3), see Fig. 4.11. After month 3 the stimulus level
drops to a magnitude conducive to immature bone formation (0.53 < 5 < 1) up to
the first year, and mature bone formation (0.01 < S < 0.53) thereafter, see Fig. 4.12.

^N ote th a t th e c o n to u r p lo ts show th e tissu e p h e n o ty p e p red ic ted only for b o n e w hich h as been
com pletely reso rb ed i.e. p = 0.01 g /cm ^ . S u rro u n d in g tissu e, show n in blue, is b o n e tissu e w ith
densities g re a te r th a n 0.01 g /c n i w hich is still su b je c t to b one rem odelling.
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Figure 4.11. Change in tissue differentiation stimulus over at three points
at the medial interface o f the iso-elastic stem.
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Figure 4.12. Change in tissue phenotype over tim e at the medial interface o f the iso-elastic stem. Fibrous tissue (yellow) disappears by
year 1 but small amounts o f cartilage and immature bone is predicted to persist.

4.3.2

T ita n iu m stem

At the posterior interface both intramembranous ossification and endochondral os
sification are predicted. A stimulus of 5 ~ 1.3 is predicted at point 1 promoting
cartilage formation at 0.5 months, see Fig. 4.13a. As the stimulus drops, imma
ture bone and eventually mature bone formation is predicted through endochondral
ossification by month 3, see Fig. 4.14.
Initially a low stimulus is predicted at point 2, 5 ~ 0.05, increasing to a maxi
mum value of 5 ~ 0.2 by three months, see Fig. 4.13a. This can be attributed to
the gradual resorption of the element over the three months increasing the differen
tiation stimulus, and subsequent refilling of resorbed bone with mature bone after
the third month through intramembranous ossification. There is little change in the
stimulus after the third month with S varying between 0.1 and 0.17, and mature
bone persists, see Fig. 4.14.
Similar trends are observed at the anterior interface to those described described
above for the posterior interface. The anterior interface experiences both endochon
dral ossification (point 3 and 4) and intramembranous ossification (point 5), see
Fig. 4.13b. Slightly higher initial stimulus values are predicted than those at the
posterior interface. However, these values still lie within the stimulus boundaries
for promoting cartilage formation and mature bone formation. More tissue differ
entiation activity is observed as bone resorption at the anterior interface is more
extensive than that at the posterior interface.
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Figure 4.13. Change in tissue differentiation stimulus at two points at the
(a) posterior and three points at the (b) anterior interface over time of the
titanium stem.
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Figure 4.14. Change in tissue phenotype over time at the posterior interface of the titanium stem. Fibrous tissue appears at the distal tip
and disappears completely (bone ingrowth) by the third month.
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Figure 4.15. Change in tissue phenotype over time at the anterior interface of the titanium stem. Fibrous tissue and cartilage formation
predicted at the distal tip almost completely converted to mature bone by month six.

4 .3 .3

C o C rM o ste m

Stimulus values at point 1 over the first 2 weeks of difTerentiation are conducive
to cartilage formation with S ~ 1.2, see Fig. 4.16a. After the first month this
value drops to 5 ~ 0.7 promoting immature bone formation through endochondral
ossification. From month three on the stimulus level drops further to a homeostatic
value less than 0.53, and mature bone formation persists, see Fig. 4.17.
As with the titanium stem intramembranous ossification is predicted at point 2
with an initial stimulus of S ~ 0.2 increasing to S ~ 0.25 by the fist month, see
Fig. 4.16a. This reduces to a homeostatic value of 5 ~ 0.15 by the sixth month.
Mature bone formation is predicted throughout the five years, see Fig. 4.17.
At the anterior interface stimulus levels of; S' ~ 3 predict fibrous tissue formation
(point 3), 5 ~ 1.6 predict cartilage formation (point 4), and S ~ 0.2 predict mature
bone formation (point 5) during the first 2 weeks of differentiation, see Fig. 4.16b.
Over time the stimulus levels at points 3 and 4 drop to a homeostatic level of 5 ~ 0.5
and S ~ 0.2 predicting both mature and immature bone formation by endochondral
ossification, see Fig. 4.18. The stimulus magnitude at point 5 increases to S' ~ 0.5 by
month one, reducing to S ~ 0.2 by month six. Mature bone formation is predicted
throughout the five years through intramembranous ossification, see Fig. 4.18.
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Figure 4.17. Change in tissue phenotype over tim e at the posterior interface o f the CoCrMo stem. Fibrous tissue appears at the distal tip
and disappears completely (bone ingrowth) by the third month.
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Figure 4.18. Change in tissue phenotype over tim e at the anterior interface o f the CoCrMo stem. Fibrous tissue and cartilage formation
predicted at the distal tip almost completely converted to mature bone by one and a half years.
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4.4

S u m m ary o f resu lts

This section summarises the main results of obtained from the bone remodelhng
and combined remodelling-tissue differentiation simulations of a realistic threedimensional geometry of a noncemented femoral prosthesis.

4.4.1

B o n e rem o d ellin g

It was predicted th a t although flexible stems reduce bulk-bone loss due to stress
shielding, they induce high proximal interface stresses causing damage accumulation
leading to interfacial bone resorption. Conversely, stiff stems increase both stress
shielding and distal load transfer promoting proximal bone resorption and distal
damage induced resorption respectively.

4.4.2

C om b in ed rem o d ellin g and tissu e d ifferen tiation

Both intramembranous and endochondral ossification was predicted in all three stem
models. The flexible iso-elastic stem promotes proximal medial fibrous tissue for
mation which is subsequently replaced by cartilage. Refilling of resorbed bone with
m ature bone, through both intramembranous and endochondral ossification, at the
distal tip of both the titaniim i and CoCrMo stems is predicted.
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In tro d u ctio n

In this thesis, the hypothesis th at computational algorithms can predict both bulk
and interfacial peri-prosthetic bone adaptations is proposed. An algorithm incor97

porating both strain and damage as remodelhng stimuh was developed to test this
hypothesis. Furthermore, a tissue differentiation algorithm was incorporated to pre
dict tissue regeneration following interfacial bone resorption, thus further enhancing
the predictive power of the mechanobiological model. To the author’s knowledge,
this thesis represents the first attem pt to simulate bulk and interfacial adaptation to
gether with interfacial tissue differentiation algorithms in realistic three dimensional
geometries.
The justification of this thesis stands on the predictive power of the com puta
tional model. Comparison to what has been previously observed experimentally and
com putationally shall be made to support the author’s results.

5.2

Lim itations

The models and algorithms used to predict peri-prosthetic bone adaptations are
based on a number of assumptions. This section considers these assumptions and
limitations.

5 .2.1

F in ite elem en t m o d el

A number of assumptions were made in the development of the finite element model
described in chapter 3.3.
The initial material properties of the cancellous and cortical bone were consid
ered as homogeneous and were assumed to be linear elastic and isotropic. However,
in reality cancellous and cortical bone material properties are known to be heteroge
neous and anisotropic. Furthermore, only the elements at the stem /bone interface
were considered as biphasic, or poroelastic, in the tissue differentiation model, with
the surrounding cortical bone cortex modeled as impermeable. An improvement in
the model would be to model the entire bone cortex as poroelastic with the external
surface modeled as impermeable.
The loading consisted of only one load case, th a t at the instance of maximum
in vivo hip joint loading during walking. Given th a t walking accounts for 80% of
the dynamic load (Bergmann and Duda, 1998) and 10.2% of daily activity (Mor-
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lock et al., 2001), it was considered sufficient to realistically influence remodelling.
Furthermore it is assumed th a t the pre and post-operative loads are equal. The
femoral head of the intact model was not explicitly modeled. Hence, the hip contact
load in the intact femur was applied to the model through the use of beam elements
connecting the point of hip loading to the face of the resected bone. It would be of
interest to model the head of the femur of the intact model when determining the
reference stimulus and damage values.
A perfect fit between the stem and bone is assumed with the coated portion of
the stem considered fully bonded. However this is only an approximation; in reality,
some gaps between the stem and bone are certain to occur, and the osseointegration between the bone and hydroxyapatite coating on the stem occurs over a period
of time and is determined by numerous factors such as the relative microraotions
between the stem and bone (S0balle et al., 1992a). However, if the algorithm pre
sented in this thesis were to be run w ithout a bonded hydroxyapatite/bone interface
(i.e. loose) the stem would subside provoking large micromotions between the stem
and bone resulting in either high compressive interface stresses (without friction)
or shear interface stresses (with friction) (Weinans et al., 1994; Huiskes and van
Rietbergen, 1995) leading to interfacial bone resorption and persistent fibrous tissue
formation. To allow for such realistic interface conditions a further improvement
in the model would be to model bone ingrowth as a function of relative interface
micromotions (Andreykiv et al., 2005).
Considering these assumptions, the results presented must be considered as
trends in an idealised situation for one particular stem geometry.

Furthermore,

these limitations are constant for each stem material model and therefore compar
isons can be made between each prosthesis material.

5.2.2

B one rem odelling algorithm

The remodelling algorithm itself is subject to a number of assumptions. First and
foremost it is assumed th a t the remodelling is stim ulated by two mechanical signals,
namely strain and damage. Following successful predictions of trabecular architec99

ture (Mullender et a l, 1994; Mullender and Huiskes, 1995) and bone adaptations
around noncemented femoral prostheses (Weinans et al., 1992; Huiskes et al., 1992;
van Rietbergen et al., 1993), the strain component of the remodelling stimulus S
was chosen as the strain energy density per unit mass. While the damage stimu
lus is based on the relationship of Carter et al. (1976), as used by McNamara and
Prendergast (2006) in the prediction of remodelling on the surface of a trabecula.
The rate of remodelling due to strain was based on that proposed by Weinans
et al. (1993) as a first approximation, while the rate of damage-stimulated remod
elling was determined from a parametric study. This parametric study was carried
out on the titanium stem only as this allowed for comparison of the predicted results
to clinical findings (Sluimer et al., 2006). Clinically, radiolucent hnes, indicative of
fibrous tissue formation, is seen predominately around the distal tip of the stem
(Gruen zones 3 and 5) and occurs predominately during the first two post-operative
years stabilizing thereafter (D’Antonio et al., 1996; Sluimer et al., 2006). In our
model we assume that radiolucent lines, and hence fibrous tissue formation, are
represented by interfacial bone resorption following excessive damage accumulation.
The damage rate constant was varied until the amount and rate of distal bone
resorption closely matched those reported by Sluimer et al. (2006).
Another important aspect of the remodelling algorithm is the infiuence of the
width of the lazy zone.

A parametric study of three widths was performed:

s=±0.35,±0.5, and ±0.75. The use of a small lazy zone resulted in extensive proxi
mal bone loss, which was deemed unrealistic. The larger lazy zone width (s=±0.75)
resulted in more realistic amount of bone resorption, and this agrees with the find
ings of Huiskes et al. (1992) and Huiskes and van Rietbergen (1995). However, it
has been suggested by Huiskes et al. (1992) that the width of the lazy zone may be
patient-specific, and this would account for individual variations in bone resorption
patterns. Furthermore, large amounts of bone remodelling may be predicted for very
small changes in stimulus, particularly for locations within the bone which normally
experience very low' magnitudes of load, and hence a low reference stimulus. This
observation lends itself to suggest that not only is the width of the lazy zone patient100

specific, but may also be site-specific. Hence, the amount of bone resorption may be
over predicted in these locations in this model. Additionally, the idea of a damage
lazy zone is also proposed, whereby bone mass is maintained between a remodelling
equilibrium amount of damage, o^re , and an upper limit of critical damage, o; crit This assumes th a t an amount of microdamage exists at remodelling equilibrium; this
hypothesis w'as proposed by Prendergast and Taylor (1994) and w'as substantiated
by Lee et al. (2002) who found microcracks present in the control group of normal
sheep. The proposed damage lazy zone is analogous to the explanation for the lazy
zone by Taylor (1997) who states “it is the zone within which normal maintenance
processes are able to work.”

5.2.3

C om b in ed

rem o d ellin g -tissu e

d ifferen tia tio n

a lgo

rith m
The limitations previously mentioned for the remodelling algorithm are also appli
cable to the combined remodelling-differentiation algorithm. In additions several
other limitations for the combined algorithm should be noted.
The diffusion of mesenchymal stem cells into areas of resorbed bone to simulate
migration and proliferation (Lacroix et al., 2002) w'as not included in this model.
It was assumed th a t mesenchymal stems cells (MSCs) would spread homogeneously
throughout the resorbed bone. However, this is not the case in reality as MSC’s
will take some time to migrate and prohferate in the tissue (Iwaki et al., 1997).
Furthermore, the effect of mechanical stimuli on cell mitosis and apoptosis (Kelly
and Prendergast, 2005) was not included. The incorporation of these processes could
prevent the prediction of m ature bone formation where one would expect persistence
of a fibrous tissue interface, namely the distal tip and proximal medial interface of
the CoCrMo and iso-elastic stem respectively.
The limits of the mechano-regulation rule were determined from a two dimen
sional axisymmetric FE model of the piston micro-motion experiment of S0balle
(1993). While this model has been successfully applied to several types of mod
els: tissue differentiation at implant interfaces (Prendergast et al., 1997; Huiskes
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et al., 1997; Geris et al., 2003), fracture healing (Lacroix and Prendergast, 2002a,b;
Lacroix et al., 2002; Isaksson et al., 2006), and osteochondral defect repair (Kelly
and Prendergast, 2005, 2006), it remains untested on realistic three dimensional
implant geometries.
The time period over which tissue differentiation was assumed to occur was
based, as a first approximation, on the observation th a t fracture callus density equals
or exceeds th a t of the cortex after 10 weeks or more after injury (Islam et al., 2000).
The choice of this time frame can be justified as it has been shown th a t there is
no increase in the bonding strength of HA coated intramedullary implants after 12
weeks (Ducheyne et al., 1980).

5 .2 .4

C om p u ter sim u la tio n s o f m ech an ob iological p ro cesses

The implementation of biological processes, such as bone remodelling and tissue
differentiation, in computational models is reliant on a number of empirical assump
tions due to the difficulty of obtaining accurate parameters of the cellular response
to mechanical stimuli. This problem has been overcome with the use of parametric
variation studies to match predicted outcomes to those observed clinically. Varying
these param eters has been considered as ‘tuning’ such th a t it is near impossible not
to obtain predictions which match those observed clinically (Prendergast, 2001).
However, these parameters are dependant on the patients genetic makeup, and may
be subject to a certain degree of ‘tuning’ by param etric variation on a patient specific
basis.

5.3

A ssessm en t o f th e algorithm s

In this section the predictions for each stem material, based on both the remod
elling and combined remodelling-tissue differentiation simulations, are contrasted to
illustrate the influence of material choice on peri-prosthetic bone adaptations. The
predicted adaptations are compared to those of similar computational studies as
w'ell as clinical observations.
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5.3.1

Influence of stem stiff'ness on bone rem odelling

Convergence was assumed when the change in density became neghgible, less than
1%, and the percentage volume of bone within the lazy zone was 90% or above.
One would expect 100% to represent complete convergence, however, Maloney et al.
(1989) have shown th a t some degree of stress shielding persists as long as 17 years
post-operatively, justifying our choice of 90% volume within lazy zone in conjunction
with negligible density change.
Considering bulk-bone remodelling first, it is clear th a t stiffer stems, particu
larly the CoCrMo stem, provoke more stress shielding (Fig. 4.2) and proximal bone
resorption (Fig. 4.4). By increasing the stiffness of the prosthesis the tendency of
the prosthesis to carry more of the load increases, thus shielding the proximal bone
from the load as shown in Fig. 4.1. Therefore it would seem a logical design choice
to reduce the stem stiffness in an attem pt to reduce proximal bone loss as of a
result of stress shielding. However, to better understand the relationship between
peri-prosthetic bone adaptations and prosthesis material, the interfacial stresses and
resulting adaptations must also be considered. The location and amount of inter
facial bone adaptations vary for each stem material. The peak interfacial stimulus,
and hence load transfer, occurs at the distal tip for the titanium and CoCrMo stems,
with the area of bone experiencing max;imum load transfer for the CoCrMo stem
exceeding th at of the titanium stem (see Fig. 4.7). As the stiffness is reduced to
th a t of the iso-elastic stem, peak load transfer moves proximally. The locations and
areas of the peak stimulus corresponds to the areas of highest interfacial bone loss,
shown in Fig. 4.10. The flexible stem produces proximal interface bone resorption
at high stresses surrounding the coated portion of the stem. However, it must be
noted th a t it is assumed th a t the hydroxyapatite coating is fully osseointegrated,
when in reality this is not the case, at least initially, and the high interface stresses
would probably inhibit bony ingrowth in the first place. W ith regard to this point
it should be noted th a t bone loss in the posterior medial proximal interface of zone
7, see Fig. 4.9, occurs almost instantaneously, which may interpreted as immediate
failed ingrowth. The stiff CoCrMo stem produces extensive proximal bone loss due
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to stress shielding and excessive resorption around the distal tip due to damage
accumulation. This could lead to a failure similar to th a t described by Gruen et al.
(1979), mode II: medial stem pivot, where migration of both the proximal stem and
distal stem tip occurs, caused by a weak proximal medial, or calcar, support com
bined with a lack of distal acrylic support, which in the cementless model could be
interpreted as extensive resorption around the distal tip.
Considering both the bulk and interfacial bone adaptations a more informed
decision on prosthesis material choice can be made. It is the author’s opinion th at
the titanium stem would be the preferred material choice. This is based on the
prediction th a t the titanium stem reduces both the unfavourable proximal bone loss
and distal interface resorption caused by the CoCrMo stem, and proximal interfacial
resorption caused by the iso-elastic stem. The choice of titanium as the preferred
m aterial choice can be validated by comparing the predicted adaptations to previous
numerical and clinical investigations in the following sections.

5.3.2

In fluence o f stem stiff'ness on com b in ed rem od ellin gdiff'erentiation

The influence of stem stiffness on tissue differentiation is not apparent if we con
sider only the converged homeostatic state (i.e. from the third month on) as bone
formation is predicted at all points, except point 2 of the iso-elastic stem which is
predicted as forming cartilage (Fig. 4.11). If we consider the time leading up to
month three, subtle differences can be distinguished: fibrous tissue is predicted at
point 3 in the CoCrMo (Fig. 4.16b) stem while at the same point in the titanium
model cartilage is predicted (Fig. 4.13b). However, the influence of stem material
on the magnitude of the differentiation stimulus can be established for the titanium
and CoCrMo^. At all points, except point 1, the magnitude of the differentiation
stimulus is higher for the CoCrMo stem over the initial 3 months. Thereafter, the
homeostatic levels reached at each point for both stems are of similar magnitudes,
see Fig. 5.1. This is an im portant observation if we were to consider cell death in the
^These stems were chosen as the location of the differentiating tissue is similar.
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Figure 5.1. Comparison of differentiation stimulus between the titanium
and CoCrMo stem s for points 1-5 (see Figs. 4.13 and 4.16 for location of
points). Note stimulus, S = ^ +

model as elevated stimulus (strain) levels promote cell death leading to degradation
of the tissue. This could be achieved using the method developed by Kelly and
Prendergast (2005) where cell mitosis and apoptosis is modeled as a function of the
stimulus
f i ?? ^

— =

+ P'(5)n* - A'(5)n*

(5.1)

where the number of cells of phenotype i is denoted as n ‘, D* is the diffusion co
efficient for phenotype i, and P ’{S) and A'*(5) is the cell proliferation and death
rate respectively as a function of the stimulus. The inclusion of cell mitosis and
apoptosis may lead to persistence of fibrous tissue formation surrounding the distal
tip of the CoCrMo stem and the proximal medial interface of the iso-elastic stem.
Furthermore, similar amounts and locations of interfacial bone resorption in both
the 8 node remodelling only (linear elastic) and 20 node combined remodelling105

differentiation (poroelastic) models are observed, see Fig. 5.2. There is a possibility
th a t th e stim ulus levels for bone tissue im m ediately adjacent to areas of complete
bone resorption (remodelling only model) and corresponding areas of differentiating
tissue (combined rem odelling-differentiation model) differ slightly due to th e relative
differences in tissue stiffness i.e. stiffness predicted a t p =

versus th e stiffness

predicted for each tissue type. However, no q u an titativ e com parison was performed.
Following resorption at th e stem -bone interface, it is assum ed th a t a homogeneous
distribution of mesenchymal cells is fills th e ‘g ap ’^.

^G ap not physically modeled, b u t assum ed by a niininium density of 0.01 g/cm ^.
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Figure 5.2. Comparison o f predicted interfacial density changes for the 8 node linear elastic model against the 20 node biphasic model for
the (a) iso-elastic, (b) titanium , and (c) CoCrMo stems.

5.3.3

C om p arison o f resu lts w ith o th er n um erical sim ula
tio n s

A plethora of sim ulations of adaptive bone remodelling following th e introduction
of a prosthesis have been perform ed w ith th e influence of num erous variables in
vestigated: stem m aterial properties (Huiskes et al., 1989; W einans et al., 1992;
Huiskes et al., 1992), placing of th e hydroxyapatite coating (Huiskes and van Rietbergen, 1995), fit and bonding characteristics (W cinans et al., 1994). Com parisons
of th e bone rem odelling results obtained in th is study can be com pared to a num ber
of other studies of bone rem odelling surrounding cementless femoral com ponents,
nam ely those by W einans et al. (1992) and Huiskes et al. (1992).
W ^inans et al. (1992) applied a sim ilar rem odelling algorithm to a two dim en
sional finite elem ent model of b o th cem ented and uncem ented femoral prostheses.
The m aterial properties used for th e uncem ented models were th e same as those used
in this thesis. T he CoCrM o and titan iu m stem s predicted a 76% and 54% reduc
tion in proxim al bone density respectively, while little bone loss (7%) was predicted
for th e iso-elastic stem , see Fig. 2.19. This corresponds to th e values predicted in
this stu d y of a 59%, 43%, and 19% drop in density for the CoCrM o, titan iu m , and
iso-elastic stem , where th e percentages are calculated for combined posterior and
anterior G ruen zones. While th e values do not m atch those predicted by Weinans
et al. (1992), they do follow th e sam e tren d i.e. proxim al bone loss increases as
the stem stiffness increases.

Furtherm ore, an analysis on th e interfacial stresses

by W einans et al. (1992) revealed an increase in proxim al interface stresses for the
iso-elastic stem relative to th e stiffer stem s, while interface stresses peak distally for
the titan iu m and CoCrM o stem s. This corresponds to the location of th e predicted
interfacial bone loss for the iso-elastic stem reported in this thesis, see Fig. 4.10.
Huiskes et al. (1992), again using sim ilar theory, studied th e effects of stem
m aterial on bone remodelling around a uncem ented stem .

However, this tim e a

realistic three dim ensional model of th e hum an femur was used. T he effects of bone
stiffness and bone reactivity were also investigated. T he distrib u tio n of th e initial
stim ulus { S — 5ref) showed th a t stress shielding was more prom inent in th e stiffer
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titanium stem, and a positive stimulus (indicating a possible increase in density) was
found near the distal tip of the titanium stem and at the proximal medial interface of
the iso-elastic stem. This was also found in the predictions of the bulk strain energy
density per unit mass presented in chapter 4.2.1.1, see Fig.4.la,b. Net bone loss of
68%, 35%, 3% and a gain of 4% was predicted medially from proximal to distal,
with 35% bone loss fomid in the greater trochanter, see Fig. 5.3a. This compares to
bone loss, in similar zones, of 43%, 5%, and 2% medially proximal to distal, with a
10% drop in bone mass found in the greater trochanter, see Fig. 5.3b. As with the
comparison to Weinans et al. (1992), the trend in the predicted percentage changes
in bone mass are similar, rather than the actual values.

One difference should

be noted; while an increfise in density is predicted in zone 4 due to high stresses
by Huiskes et al. (1992), a loss in medial distal density is predicted due to damage
accumulation in the model presented in this thesis. The influence of reducing the
stem stiffness is the same in both approaches; a reduction in the amount of bone
loss, see Fig. 5.3. Furthermore the influence of reducing the lazy zone to s=0.35 is
corroborated. In both approaches the amount of bone loss increases if s is decreased
from 0.75 to 0.35, see Fig. 5.3. Using a value of s = 0.75 has been used by several
other researchers and found to give realistic predictions (Weinans, 1991; Huiskes
et al., 1992; Huiskes and van Rietbergen, 1995; Kerner et al., 1999; G upta et al.,
2006). The influence of stem stiff'ness on interface stresses was also investigated
by Huiskes et al. (1992) for four models of stem elastic moduU; 20, 50, 80, and 110
GPa. It was predicted th a t as stem stiffness reduces, proximal interface stresses
increases (see Fig. 2.20) which further corroborates our results of interfacial bone
resorption. Huiskes et al. (1992) performed an additional simulation of the effect
of the initial bone material properties on remodelling, see Fig. 5.3a. It was foimd
th at increasing the bone stiffness reduced the amount of bone resorption, suggesting
th a t the implant stiffness relative to the bone stiffness, rather than im plant stiffness
alone, is an im portant causative factor for bone remodelling.
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Figure 5.3. Comparison o f simulated density loss for a titanium stem, flexible stem, and a small lazy zone (i.e. s = 0.35) as predicted in
(a) Huiskes et al. (1992) and (b) this thesis. It is predicted, in both models, th a t reducing the stem stiffness reduces the amount o f bone
resorption, while reducing the width o f the lazy zone increases the amount o f bone resorption.

The importance of bone material properties on the performance of hip prostheses
has been previously investigated by Taylor et al. (1995) and Wong et al. (2005). Tay
lor et al. (1995) showed th a t a reduction in cancellous bone modulus increases the
principal interface strains by approximately 200%. Following this Wong et al. (2005)
have shown th a t reductions in the cortical bone modulus also affect the interface
strains. They showed th a t reducing the Young’s modulius of the cortical and cancel
lous bone causes micromotions and interfacial strains to increase reducing the area
of potential bone ingrowth. Clinically, the influence of bone mineral content on bone
remodelling has been showm to have a strong correlation (Sychterz and Engh, 1996).
It was show'n th a t femurs with a relatively low’ bone mineral content experienced
greater bone loss than those with high bone mineral content.
To the author’s knowledge no peri-prosthetic tissue differentiation simulations
in realistic three dimensional models of uncemented hip prostheses have been car
ried out previously. Hence, direct comparisons cannot be made to other models.
However, a comparison against the simplified model used by Huiskes et al. (1997)
reveals a similar trend in the evolution of interfacial fibrous tissue differentiation. As
an effect of the tissue increasing in stiffness and reducing in permeability the tissue
strains and flTiid velocity reduce, and hence so does the stimulus. As the stimulus
progressively reduces all elements eventually turn to bone, with fibrocartilage as an
intermediate stage. This can be seen in Fig. 2.21c where the phase diagram shows
all elements have turned to bone after the 15'^ iteration (Huiskes et al., 1997), and
in Figs. 4.11, 4.13, and 4.16 where the predicted stimulus level, for all three stems,
falls to a level conducive to bone formation 0.01 < 5 < 1 by the third month.

5.3.4

C om parison o f resu lts w ith clin ical findings

The influence of stem stiffness on bone remodelling have been studied in hu
man (Engh et al., 1987; Engh and Bobyn, 1988; Engh et al., 1999), dog (Bobyn
et al., 1992; Harvey et al., 1999), and goat (Buma et al., 1997) models, all of which
have shown th at greater bone loss occurs with stiffer stems compared to more flexible
stems. Engh et al. (1999) performed a postmortem comparison of bilateral femoral
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im plants of different stiffness in two patients. T he femur im planted w ith th e stiffer
stem had between 65% (case 1) and 78% (case 2) less bone mass around the proxim al
th ird of th e stem th a n th e femur im planted w ith th e more flexible stem , sec Fig. 5.4a.
Furtherm ore, it was shown th a t th e flexible stem dem onstrated radiographic signs
(a radiolucent gap) of failed ingrow th proximally, see Fig. 5.4b.
Similar results were found in dogs (Harvey et al., 1999) and goats (B um a et al.,
1997) im planted w ith prostheses of varying stiffness. Namely, th e use of more flex
ible stem s resulted in a reduction of stress shielding and an increase in radiopaque
line form ation. Histological analysis revealed these lines to be indicative of flbrous
tissue form ation. Furtherm ore, a finite elem ent analysis of th e anim al model (Bum a
et al., 1997) revealed th a t th e location of fibrous tissue form ation coincided w ith the
locations of the highest interface stresses. It has also been shown th a t differentiation
of the peri-prosthetic gap tissue, in th e femoral condyles of dogs, is a functions of
th e m agnitude of m icrm otion at th e stem -bone interface (S 0 balle et al., 1992a,b),
where excessive m icrom otions inhibit bone form ation and lead to m aintenance of a
fibrous tissue.

(a)
Figure 5.4.

(b)
Radiographs o f (a) th e percentage difference in bone mineral

c o n te n t between th e femur implanted with th e stiffer stem (right) and more
flexible stem (left), and (b) proximal cross sectio n s o f t h e femur implanted
with th e stiffer ste m (right) and more flexible stem show ing radiolucent
g a p s(le ft). Taken from Engh et al. ( 1 9 9 9 ) .
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The predicted changes in bone mass over tim e shown in Figs. 4.3 and 4.9 is
corroborated by th e observations of D ’A ntonio et al. (1992), Jaffe and Scott (1996),
and Sluimer et al. (2006); these three groups of researchers found th a t m ost of th e
changes seen in the bone radiographically occur over th e first post-operative year
w ith little to no changes observed after th e second year. W ith regard to tissue dif
ferentiation at th e bone-im plant interface a sim ilar tren d is predicted (see Figs. 4.11
to 4.18) to th a t observed by de W aal M alefijt (1988) in th e histological analysis of
the bone-im plant interface of cem entless prostheses im planted in goats. T he cell
rich hem atom a which filled th e gaps between th e stem and im plant was found to
prom ote fibrous tissue form ation after two weeks. Over a course of five weeks woven
bone was progressively deposited a t the bone side, and by th e sixth week th e gap
was alm ost com pletely filled w ith new woven bone w ith a th in fibrous tissue layer
persisting between th e im plant and bone.
T he aforem entioned clinical findings of th e influence of stem stiffness on periprosthetic bone ad ap tatio n s su b stan tiate th e predicted results presented in chapter
4. Namely th a t the use flexible stem m aterials reduce th e degree of stress shielding,
while also increasing the likelihood of failed ingrow th into the proxim al stem coating
as a result of increased interfacial stresses inducing fibrous tissue form ation. F ur
therm ore, th e predicted evolution of tissue differentiation, subsequent to interfacial
resorption, follows sim ilar tren d s to those observed clinically; i.e. fibrous tissue, to
cartilage, to bone.

5.4

P o ten tia l use as a pre-clinical testin g to o l

The long-term survival of a femoral prosthesis can, in p art, be determ ined by th e
design of th e prosthesis, as it is th e influence of these design characteristics which
determ ine th e ad ap tatio n s of th e surrounding tissues, p articulary in the case of
uncem ented stem s. By incorporating m echanoregualtion algorithm s of both bone
remodelling and tissue differentiation a significant im provem ent in potential for th e
pre-clinical testin g of hip prostheses has been achieved. These algorithm s could be
used to design an optim al stem stiffness from th e point of view' of m inimizing adverse
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peri-prosthetic tissue reactions. Furthermore, these algorithms could be applied on
a patient-specific basis whereby each model is tailored to individual patients to
account for bone quality and size, activity level, weight and age. Validations of such
models may be achieved through retrospective studies, as shown by Lennon et al.
(2006), where the predictions of cement creep and fatigue in 16 patient specific finite
element models correctly ranked 5 out of the 6 clinically observed.

5.5

Sum m ary and p ersp ectives

The motivation for this thesis was to develop further mechanoregulation algorithms
capable of simulating both bulk and interfacial peri-prosthetic bone adaptations to
better predict the long-term performance of femoral hip prostheses. Furthermore,
such simulations could be used in pre-clinical testing as part of the design process.
In a comparative simulation of three stem materials it was showm th a t the degree
and location of interfacial damage accumulation and subsequent bone resorption
is dependent on the stem stiffness.

Flexible stems increase proximal interfacial

bone resorption and the likelihood of failed ingrowth, while stiffer stems suffer from
interfacial resorption at the distal tip of the prosthesis. Furthermore, the influence
of stem stiffness on proximal stress shielding was successfully predicted.

Hence,

considering both the predicted bulk and interfacial adaptations the titanium stem is
considered to be the optimal stem material as it reduces both the proximal interfacial
resorption and stress shielding predicted to occur for the iso-elastic and CoCrMo
stems respectively.
The integration of a simplified tissue differentiation algorithm further enhances
the predictive power of the simulation. Refilling of the resorbed bone with new bone
through both endochondral and intramembranous ossification is predicted to occur
in all three stems, with the exception of the iso-elastic stem where some cartilaginous
tissue is predicted to persist. Clinically, a fibrous tissue interface has been found
to persist where flexible stem materials have been used. The model w'ill have to be
further developed to include cell proliferation and apoptosis to better simulate the
biological process of tissue differentiation.
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M ain conclusion

1. A m echanoregulation algorithm based on b o th strain and dam age stim ulated
remodelling can realistically predict both bulk and interfacial peri-prosthetic
bone ad aptations under idealized bonding conditions.
2. It is possible to sim ulate both bone rem odelling and tissue differentiation si
multaneously. The combined algorithm has potential in a patient-specific preclinical testing tool; however difficulty exists because param eters such as cell
mitosis and apoptosis may be genetically determ ined.
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6.1.1

C on clu sio n s rela tin g to b o n e rem o d ellin g

• Stiff stems invoke liigher amounts of proximal bulk bone loss as of a result of
stress shielding.
• A possible failed ingrowth scenario is predicted for the flexible iso-elastic stem
where high proximal interfacial stresses cause damage accumulation leading to
interfacial bone resorption which is not fully repaired but persists as fibrous
tissue.
• The high distal load transfer of stiff implants can lead to interfacial resorption
of the bone surrounding the distal tip which, in conjunction with proximal
bone loss due to stress shielding, may lead to implant loosening and a failure
scenario analogous to failure mode II: medial stem pivot Gruen et al. (1979).

6.1.2

C on clu sion s rela tin g to co m b in ed rem o d ellin g -tissu e
d ifferen tiation

• Interfacial fibrous tissue and cartilage formation predicted at the interface of
all three stems eventually forms bone through endochondral ossification.
• Intramembranous ossification forming m ature bone is predicted at the distal
tip of both the titanium and CoCrMo stems following bone resorption due to
damage accumulation.

6.2

Future work

The following recommendations are suggested as possible future improvements on
the mechanoregulation models presented in this thesis:
• Experimental verification by applying the algorithm to patient specific models.
This may also yield more characteristic strain and damage remodelling rates.
• Incorporating external remodelling whereby the geometry as well as the density
can change as a function of the applied load.
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• Realistically simulating the process of osseointegration by modeling the initial
stem /bone interface as press-fit, after which the degree of bonding, through
osseointegration, is a function of the relative stem /bone micromotion.
• Inclusion of the effect of mechanical stimuli on cell mitosis and apoptosis.
This may yield more realistic tissue phenotype formation at highly stressed
interfaces.
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A ppendix A
Param etric variation stu d y 1: lazy
zone w idth
The width of the lazy zone was chosen based on the predicted percentage change in
bone mineral density per Gruen zone over two years, compared to the experimental
values of Sluimer et al. (2006), and the clinical observations of D’Antonio et al. (1992)
over the same time period. The same stem was used in both the computational and
experimental analyses, the Osteonics ® Omnifit ® - HA Hip Stem.
Three lazy zone widths were analysed: s = 0.35, 0.5, and 0.75.

A value of

5=0.75 was found to closely match both the amount, and time course of remodelling
observed experimentally in all Gruen zones, see Figure A .l, and also the observation
of D ’Antonio et al. (1992) who stated th a t “..most of the changes in the bone th a t
were seen radiographically, occurred within the first postoperative year, with little
change during the second year.”

In Gruen zones 1, 2, and 6 bone loss is over

predicted when s is set at 0.35 and 0.5, whilst the amount of bone loss lies within
the standard deviation of the experimental d ata when s has a value of 0.75. Over
prediction of bone loss is found with each value of s in zone 7, with 5=0.75 resulting
in the closest match. In zones 3 and 5 the bone loss obsei'ved experimentally over
the first six months, and subsequent increase thereafter, is not predicted.

Over

prediction of bone loss in zone 3 and no changes in zone 5 were found at s=0.35,
the closest match was found when s w'as set at 0.5 and 0.75.
However, it should be noted th a t the percentage change in bone mineral density
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observed by Sluim er et al. (2006) is presented in g/cm ^, while the predicted percent
age change is presented in g/cm ^. Dual-energy x-ray absorptiom etry (DXA) scans
were used by Sluimer et al. (2006) to determ ine the bone m ineral density (BMD) in
each G ruen zone. DXA scans determ ine th e BMD as a function of th e bone m in
eral content (BM C), m easured in gram m es (g), and projected bone scan area (BA),
m easured in cm^

Hence, areal BMD is m easured which does not account for th e bone size. T he influ
ence of bone size is such th a t BMD in larger subjects ten d to be overestim ated whilst
underestim ated in sm aller subjects, despite having sim ilar volum etric or apparent
BMD (C arter et al., 1992), see Figure A .2.
Considering this, th e experim ental percentage change in density observed
by Sluimer et al. (2006) was considered as a good first approxim ation against which
th e predicted percentage change in density could be m easured, as it was assumed
th a t the stan d ard deviation from the m ean, of 40 patients, accounted for th e variabil
ity in bone size and activity level. Hence, predictions which lay w ithin th e stan d ard
deviation were assum ed to give a close approxim ation of th e clinical observations.
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Figure A .I.

Sluimer et al. 2006

s=0.35

s=0.5

s=0.75

Comparison o f experim ental percentage change in B M D over

tw o years (S luim er et al., 2006) against predicted change fo r s = 0.35, 0.5,
and 0.75.
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2X2X2cm

BMC = 8 g
Volume = 8 cm^

BMC = 27 g
Volume = 27 cm^

Projected bone area = 4 cm^
Apparer^t Density = 1 g/cm^
BM D = 2 g /cm 2

Projected bone area = 9 cm^
Apparent Density = 1 g/cm^
BMD = 3g/cm 2

Figure A.2. Relationship between size and BMD. Adapted from Carter et al.
(1992).

Table A .I. Predicted percentage change in apparent BMD (g/cm ^) in zones
1-7 over time.

Time
(Months)
0-1
1-3
3-6
6-13
13-28

Time
(Months)
0-1
1-3
3-6
6-13
13-28
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0.35
-8.9
-21.9
-30.3
-35.9
-40.6

Zone 1
s
0.5
-5.5
-13.5
-20.0
-25.6
-29.5

0.35
-0.5
-0.4
-0.2
-0.1
-0.04

Zone 5
s
0.5
1.0
1.4
1.7
1.8
1.9

0.75
-1.2
-3.6
-6.1
-8.6
-10.5

0.75
0.7
1.0
1.2
1.3
1.4

0.35
-16.8
-27.0
-30.1
-31.7
-33.3

Zone 2
s
0,5
-6.9
-12,6
-15.0
-16.4
-17,5

0,35
-17.7
-22.7
-23.8
-24.2
-24.5

Zone 6
s
0.5
-8.2
-12.2
-12.9
-13.2
-13.4

0.75
-0.4
-1.2
-1.8
-1.9
-1.9

0.75
-1.9
-4.5
-5.5
-5.7
-5.7

0.35
-4.4
-6.5
-7.7
-8.8
-9.6

Zone 3
s
0.5
-0.2
-0,6
-1,2
-2,0
-2.7

0.75
-0.2
-0.3
-0.3
-0.2
-0,1

0.35
-44,4
-63.0
-66.4
-67.5
-67.8

Zone 7
s
0.5
-35.6
-55.2
-59.8
-61.4
-61.8

0,75
-15.6
-32.5
-40.9
-43,4
-43.8

Table A.2. Mean percentage change in areal BMD (g/cm ^) and standard deviation over time. Adapted from Sluimer et al. (2005).
Time
(Months)
1
3
6
12
24

Zone 1

(SD)

Zone 2

(SD)

Zone 3

(SD)

Zone 5

(SD)

Zone 6

(SD)

Zone 7

(SD)

-7.2
-11.3
-15.7
-14.9
-15.5

(7,5)
{10.1)
(10,9)
(12,3)
(11,5)

-4.6
-6.7
-7.4

(6,8)
(7,2)
(7,8)
(8.1)
(7,9)

-5.7
-6.2
-4.4
-2.6
-1.3

(6,6)
(7,4)
(5,6)
(8,1)
(5,8)

-4.0
-3.0
-1.3
+0.8
+1.8

(9,0)
(9,7)
(8.4)
(10.1)
(11.6)

-4.5
-5.1
-4.6
-3.0
-0.5

(6,3)
(5,5)
(5,5)
(6.0)
(6.8)

-7.6
-14.1
-18.6
-18.0
-19.5

(9.2)
(7.9)
(10.9)
(11,8)
(12,8)

-

6.6

-6.1

A ppendix B
Param etric variation stu d y 2:
dam age rem odelling tim e constant
The damage time constant, r^, was chosen based on the amount of bone remodelling
surrounding the distal stem-bone interface of the titanium prosthesis (zones 3 and
5). As peak load transfer occurs distally in the titanium stem, damage accumulation
and subsequent damage induced remodelling in Gruen zones 3 and 5 were compared
to clinical observations (Okano et al., 2002; Sluimer et al., 2006).
Figure B .l shows a comparison of the predicted percentage change in density at
the anterior and posterior distal stem-bone interface, in zones 3 and 5, over two years
for different values of the damage time constant. These plots show th a t as the value
of Trf increases, the influence of damage on bone resorption increases. Considering
the clinical observations of Okano et al. (2002) and

Sluimer et al. (2006), th a t

BMD decreases rapidly over the first six months, in zones 3 and 5, and increases
there after, low values of

(1E3 - 1E5), which took over five years to converge to a

remodelling equilibrium, were considered to underestim ate the influence of damage
on the rate of resorption. Values of

= 1E6 and 1E7 were found to give the best

approximation to the above clinical observation. Figure B.2 shows the combined
anterior-posterior predicted percentage change in density for

= 1E6 and 1E7, in

zones 3 and 5, against the data of Sluimer et al. (2006). The value of
found to match the experimental curve the best.
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= 1E7 was
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Figure B .l. Comparison o f predicted percentage change in B M D surrounding
the anterior and posterior distal stem-bone interface (Gruen zones 3 and 5)
over two years, with the damage tim e constant, rw, set at: 1E7, 1E6, 1E5,
1E4, and 1E3.

Zone 3 Interface

Zone 5 Interface
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------ 1E7
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Figure B.2. Comparison o f experimental percentage change in B M D (w ith
standard deviations) in zones 3 and 5, over two years (Sluimer et al., 2006)
against predicted interfacial change for
= 1E7, and 1E6.
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A ppendix C
Influence o f m uscle loads on
bulk-bone rem odelling
Proximal stress shielding occurs most prominently in the CoCrMo stem. However,
the peak percentage volume of stress shielding occurs in zone 2 (54%) and not in
zone 1 (21%) as one would expect. This can be explained by the muscle attachm ents
in zone 1 which maintains a degree of load transfer and hence reduces the influence of
stress shielding on bone resorption in zone 1. Removing the muscle loading increases
the amount of stress shielding in zone 1 to 75% see Fig. C .l. This conversely is
not the case for either the titanium or iso-elastic stem as a higher degree of load
transfer occurs in zone 2 and is not as susceptible to the effects of stress shielding.
Furthermore, without the influence of muscle loading unrealistic bone resorption is
predicted with complete resorption of the trochanter, see Fig. C.2
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■

M uscle loading

■

No m uscle loading

Figure C .l. Percentage volume o f bone experiencing stress shielding imme
diately post-op w ith and w ith o u t muscle loading.

g/crn

(a)
Figure C.2.
loading.

(b)

Predicted change in density (a) w ith and (b) w ithout muscle

143

