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Abstract

The pelvic construct is a crucial component of the human musculoskeletal appa-

ratus as it facilitates the transfer of the upper body weight to the lower limb and it

protects a number of important blood vessels and organs. Its importance is further

highlighted by the high mortality rates associated with pelvic trauma.

As the structure of the pelvic construct has not been studied extensively and

the mechanisms of pelvic fractures are not well understood, this project aims to use

computational tools to develop a series of predictive models, with the purpose of

gaining a deeper understanding of its bone architecture and its behaviour in loading

environments associated with pelvic injuries.

A number of predictive structural and continuum finite element models of the

pelvic construct were developed and their structure was adapted to a loading envi-

ronment associated with daily physical activities. The models were compared to a

subject specific model derived from medical imaging data to assess the different mod-

elling techniques used. The optimised structural model was used in conjunction with

a damage elasto-plasticity material model to predict fracture patterns and fracture

loads in dynamic loading scenarios associated with pelvic injuries.

The comparison between adaptive FE models highlights the strengths and weak-

nesses of each modelling technique implemented. In addition, the ability of the struc-

tural model to predict fracture initiation and progression enables the user to obtain

more in depth information on the outcome of a simulated injury scenario. The com-

putational models presented in the thesis provide a useful information on the par-

ticularities of pelvic bone and can be used in a variety of applications ranging from

rehabilitation tools to additive manufacturing of massive endoprostheses or frangible

surrogates for ethical and low cost testing of injury scenarios.
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1

Introduction

This doctoral research project focuses on bone morhopology and mechanical be-

haviour of the pelvic construct. In this Chapter, the main objectives of the thesis are

outlined.
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1.1 Thesis objectives

The main objective of this thesis was to use computational modelling techniques to

develop a set of novel models of the pelvic ring that would provide further insight

on its bony morphology and behaviour under non-standard loads that can lead to

injuries. The aims of the thesis are listed below:

• Develop a structural finite element (FE) model of the pelvic construct and

optimise its structure based on experimental data to provide a numerical model

of the pelvis with a physiologically relevant bone architecture.

• Develop continuum orthotropic and isotropic FE models of the pelvic ring and

implement a similar pipeline to predict a realistic material property distribution.

• Assess the sensitivity of the continuum and structural FE models and the ro-

bustness of the adaptation algorithms to gain insight in the two different mod-

elling approaches.

• Implement a damage elasto-plasticity material model in the optimised structural

model to predict fracture initiation, progression and load for injury scenarios

commonly associated with complex pelvic bone injuries and a risk of mortality.

1.2 Summary of chapters

This thesis is organised in eight chapters, including the Introduction.

In Chapter 2, a background of the research project is presented. The anatomy and

functional characteristics of the pelvic region are described, along with an introduction
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to bone tissue and bone remodelling. Previous research on the methods used in this

thesis is presented as well.

In Chapter 3, human motion data capture, processing and a musculoskeletal mod-

elling framework are presented along with the results obtained. The generation of

the FE model of the pelvic ring including ligaments and cartilage is described.

In Chapter 4, a predictive framework for a structural mesoscale model of the

pelvic ring is developed. A strain driven adaptation algorithm developed by Phillips

et al. (2015) based on the Mechanostat principle (Frost, 2003) is used to iteratively

adapt the thickness and cross-sectional area of the shells and trusses in the structural

base FE model presented in Chapter 3 in response to the loading environment pro-

duced by the joint reaction forces and muscle forces derived from the musculoskeletal

simulations described in Chapter 3.

In Chapter 5, a predictive framework for a continuum model of the pelvic ring

is developed. A number of continuum models were developed based on the type

of constitutive material properties assigned to elements: orthotropic and isotropic.

A strain drived adaptation algorithm based similarly on the Mechanostat principle

(Frost, 2003) inspired from the work done by Geraldes and Phillips (2010) on the

femur is used to iteratively adapt the material properties (and material orientations

for the orthotropic model) in response to the loading environment caused by the joint

reaction forces and muscle forces derived from musculoskeletal simulations, described

in Chapter 3.

In Chapter 7, a strain rate and age dependent damage elasto-plasticity bone model

developed by Villette (2016) was used to predict fracture onset and progression in the

pelvic construct in scenarios generally associated with lateral compression, vertical

shear and antero-posterior compression. The predicted fracture patterns and fracture

loads were compared to experimental and clinical data from literature.

Chapter 6 reports a sensitivity study performed to assess the sensitivity of the

3



models and adaptation algorithms developed in Chapters 3 and 4 to material prop-

erties of the ligaments, mesh density and parameters associated with the adaptation

algorithms.

Finally, concluding remarks are made in Chapter 8.
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2

Background

This Chapter outlines the context of this research project in terms of anatomy of

the pelvic ring, the structure of bone and presents an overview of the mechanisms of

functional bone adaptation in the first three sections. The last two sections of this

Chapter offer an overview of pelvic injuries and finite element techniques applied to

skeletal biomechanics.
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2.1 Pelvis anatomy

2.1.1 Bony pelvis

The pelvic girdle is a ring shaped structure located in the lower part of the trunk,

connecting the lower limbs to the axial skeleton of the upper body. The bony pelvis

serves a number of important functions:

• transfers and distributes the weight from the upper body to the lower limbs;

• houses and protects the pelvic viscera;

• provides attachment for muscles and ligaments used in locomotion.

The pelvic ring consists of three bones: the sacrum and two innominate (hip) bones

(Figure 2.1). Each hip bone is made of three fused parts (ilium, ischium and pubis)

which are initially separated by hyaline cartilage. The fusion process commences at

the age of eleven years in females and fourteen years in males.

Figure 2.1: Anatomical landmarks of the bony pelvis.
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2.1.2 Pelvic joints and ligaments

The three bones are joined together by a set of strong joints and ligaments in order to

ensure little mobility between them, illustrated in Figure 2.2. The pubic symphisis is a

cartilaginous joint connecting the two innominates anteriorly. The joint is surrounded

above and below by a layer of fibrous ligaments. Posteriorly, the hip bones are

connected to the sacrum by the sacroiliac joints and three bundles of ligaments to

provide additional stability: anterior sacroiliac, posterior sacroiliac and interosseous

sacroiliac. The anterior sacroiliac ligament extends from the auricular surface of

the ilium to the anterolateral part of the sacrum. The posterior sacroiliac ligament

is a very strong ligament connecting the posterior superior iliac spine to the third

and fourth segments of the sacrum. The interosseous ligament is a short and strong

ligament lying deep to the posterior sacroiliac ligament.

Three other ligaments further stabilise the pelvic ring: sacrotuberous, sacrospinous

and inguinal. The sacrotuberous ligament is attached to to the sacrum and coccyx,

with the fibers converging into the medial ischial tuberosity. The sacrospinous lig-

ament is attached to the ischial spine and the lateral region of the sacrum. The

inguinal ligament runs from the pubic tubercle to the anterior superior iliac crest of

the ilium. The bony pelvis is connected to the skeletal system through a lumbosacral

joint connecting the last lumbar vertebra and the first sacral segment and through

two hip joints connecting each femur to the respective hip bones.

7



Figure 2.2: Ligaments and joints of the pelvis (image reproduced from
https://learnmuscles.com/blog/2017/08/30/ligaments-of-the-lumbar-spine-and-
pelvis/)
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2.2 Bone structure

Bone structure has been studied extensively across history, with an emphasis on long

bones. As early as the 16th century, Galilei made a number of observations on the

mechanical function and shape of long bones across different species, proposing a

dimensional scaling law. One of his conclusive remarks was that the size of bones

could not only grow linearly for larger animals as they would have to maintain the

same strength (Galilei, 1638).

The notion of architectural structures in the cancellous bone was first introduced

by Bourgery in 1832, with his observations being indicative of bone achieving ‘max-

imum strength with minimum construction material’ (Roesler, 1987). Later that

century, anatomist von Meyer (1867) published a paper describing cancellous bone

architecture in a number of bones (Figure 2.3).
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Figure 2.3: Trabecular patterns for various human bones proposed by von Meyer
(1867). The structure of the proximal femur (6) is compared to Culmann’s crane
(10).

An interesting aspect was noted by structural engineer Karl Culmann, who ob-

served that the depicted structures resemble the maximum internal stress lines in

cantilever beams subjected to analogous loading conditions. In particular, the can-

cellous architecture of the proximal femur seemed to correspond to the principal stress

trajectories of a Fairbairn crane (Culmann, 1866). This view of trabecular trajectories

was expanded upon by Julius Wolff, who believed that the principal stress directions

dictate the resulting structure of cancellous bone, implying that these trajectories

crossed orthogonally. He hypothesised that a mathematical relationship exists be-

tween skeletal loads and bone structure and any change in those loads would result

in changes to the cancellous structure:

“Every change in the form and function of the bones, or of their function alone, is

followed by certain definite changes in their internal architecture, and equally definite
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secondary alterations of their external conformation, in accordance with mathematical

laws.” (Skedros and Baucom, 2007)

Wolff’s theory of bone tissue adapting to the mehanical environment surrounding it,

along with Roux’s functional adaptation principle (1895), which stated that undif-

ferentiated connective tissue would differentiate into, cartilage, fibrous tissue or bone

depending on the mechanical stress experienced, later became ‘Wolff’s Law’ (Roesler,

1987).

Although it is generally accepted that an orthogonal trabecular configuration is

optimal for simple loading cases (Koch, 1917; Pedersen, 1989), more recent studies

have suggested that acute intersections between trajectories might be better suited to

resist shear stresses generated by complex loading scenarios (Pidaparti and Turner,

1997; Skedros and Baucom, 2007).

As opposed to the femur, the mechanics and structure of pelvic bone have not been

studied as extensively. A potential explanation for this gap could be the difference

in complexity between the geometries of the pelvis and femur (Dalstra, 1993). Pelvic

bone resembles a sandwich construction consisting of two thin layers of cortical bone

surrounding cancellous bone, designed to withstand high stresses and maintain a low

weight (Jacob et al., 1976). Dalstra (1993) hypothesised that the majority of loads

are transferred along the cortex, with trabecular bone stopping cortical bone from

buckling.

Macchiarelli et al. (1999) compared trabecular bone structure in the adolescent

and adult South African australopithecines ilium with the human counterpart using

advanced digital image processing techniques on radiographs. In the human ilium,

they qualitatively identified a number of gait-related trabecular trajectories which

were consistent with the observations of Correnti (1955). The particularities of the

iliac trabecular structure found by them are highlighted and discussed in Chapter 4.

Anderson et al. (2005) reconstructed the geometry of a pelvis from CT imaging

data to investigate the spatial distribution of cortical bone thickness and trabecular
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bone elastic modulus. They found cortical thickness to vary between 0.44 and 4 mm

(mean: 1.41 mm) and identified the iliac crest, ascending pubic ramus, gluteal surface

and the acetabular rim to be the regions with high cortical thickness. Regions with

thin cortical bone were found at the acetabular cup, ischial tuberosity, iliac fossa

and area surrounding the pubic tubercle. The elastic modulus of trabecular bone

varied between 2.5 and 3829 MPa (mean: 338 MPa). They identified the muscle

insertion areas and the subchondral bone region surrounding the acetabulum to have

high modulus. The interior of the ilium, ischial tuberosity and the regions near the

sacroiliac and pubic joints were found to have low elastic modulus.
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2.3 Functional adaptation of bone

2.3.1 Bone tissue structure

Bone is a complex tissue with different material structures across length scales (Rho

et al., 1998; Reznikov et al., 2014). The hierarchical levels of bone are:

• cancellous and cortical bone - macrostructure

• haversian systems, osteons, single trabeculae - microstructure

• lamellae - sub-microstructure

• fibrillar collagen and embedded minerals - nanostructure

• molecular structures of constituent elements - sub-nanostructure

At the macrostructure (1 to 5 mm), bone can be separated in two types: trabec-

ular or cancellous bone, and cortical bone. Cancellous bone forms a porous structure

made of rod and plate-like elements with thicknesses ranging from 100 to 300 µm,

with bone marrow filling the remaining void (Rho et al., 1998; Keaveny et al., 2004).

On the other hand, cortical bone is dense and encloses the trabecular bone, with

thicknesses ranging from 0.1 mm to 5 mm in the pelvis (Anderson et al., 2005). At

the microstructure and sub-microstructure, both types of bone have similar charac-

teristics.

Structural units called lamellae are thin sheets (6 µm thick) made of unidirec-

tionally oriented mineralized collagen fibrils (50 nm in diameter) (Rho et al., 1998;

Keaveny et al., 2004; Reznikov et al., 2014). In the cortex, lamellae are organised in

concentric rings around a 50 µm wide Haversian canal containing blood vessel, nerve

and bone cells. Between them, the lamellae contain osteocytes, which are connected

through canaliculi. This assembly is typically 200 µm wide and 1 to 3 mm long and
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is called an osteon. In trabecular bone, lamellae are organised into ‘lamellar packets’

(Reznikov et al., 2015). As opposed to cortical bone, lamellae are aligned locally

within each packet but across multiple packets orientation varies (Reznikov et al.,

2015).

It is generally accepted that bone is a highly anisotropic material and it presents

a number of unique characteristics. At apparent level, cortical bone can be treated

as an orthotropic material (Knets, 1977; Cowin and Mehrabadi, 1989), as it is stiffer

and stronger in the longitudinal than in the transverse direction (Reilly and Burstein,

1975; Gibson and Ashby, 1999). In addition, it is tougher in compression than in ten-

sion (Reilly and Burstein, 1975). Mechanical properties of bone are heavily influenced

by age (McCalden et al., 1993) and loading rate (Hansen et al., 2008).

An interesting aspect on trabecular bone is that its porosity plays a major role

in defining the mechanical behaviour. At tissue level, the stiffness of trabecular bone

is similar to cortical bone, with Young’s modulus for cancellous bone falling between

longitudinal and transverse Young’s moduli for cortical bone (Turner et al., 1999).

This indicates the importance of the structural arrangement of individual trabecular

and the resulting porosity (Keaveny et al., 2004). Strength and elastic properties of

cancellous bone are also dependent on other factors: loading mode (Keaveny et al.,

1994), age and bone health (Goldstein et al., 1983) and loading direction (Ciarelli

et al., 1991).

2.3.2 Bone remodelling and adaptation

Osteoclasts, osteoblasts and osteocytes are the three main bone cells that drive bone

remodelling. From a biological perspective, bone remodelling consists of four phases

(Hill and Orth, 1998), as shown in Figure 2.4. In the activation phase, lining cells

at the bone surface differentiate into osteoclasts. In the resorption phase, osteoclasts

dissolve the bone tissue. Osteoclasts then undergo apoptosis while macrophage-like
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cells appear on the bone surface that can stimulate the formation of osteoblasts as part

of the reversal phase. Finally, the bone formation phase occurs when the recruited

osteoblasts produce the new bone matrix and promote its mineralization, followed

by their maturation into osteocytes (Hill and Orth, 1998; Rucci, 2008; Kular et al.,

2012). The notion that osteocytes regulate the activity of osteoblasts and osteoclasts

Figure 2.4: Illustration of the bone remodelling process at cellular level (image repro-
duced from OrthopaedicsOne)

in response to mechanical loading of the surrounding environment is now commonly

accepted (Hill and Orth, 1998; Robling et al., 2006; Rucci, 2008; Kular et al., 2012).

Frost (1987; 2003) formulated a principle that refers to bone adaptation towards

a local target mechanical stimulus state, driven by stress or strain. Thus, bone

resorption and apposition would be triggered by lower and higher strains, respectively,

compared to the target. In addition, he hypothesised the presence of a lazy zone

around the target, in which bone remodelling would not be triggered. The process

is illustrated in Figure 2.5. This hypothesised process is consistent with observations

of functional adaptations such as: spaceflight and bed rest leading to a decrease in

bone density (Donaldson et al., 1970; Bloomfield, 1997; LeBlanc et al., 2000; Lang

et al., 2004), and physical activity leading to an increase in local bone density (eg.

dominant arm of tennis players was found to have a higher bone mineral density than

contralateral arm) (Kannus et al., 1995; Bennell et al., 1997; Pollock et al., 1997;

Andreoli et al., 2001).
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Figure 2.5: Illustration of the mechanostat principle proposed by Frost (1987).

2.4 Pelvic injuries

Pelvic injuries encountered both in civilian and military environments are generally

complex in nature and associated with high rates of morbidity and mortality (Mucha

and Farnell, 1984; Poole et al., 1992; Pohlemann et al., 1996; Van Vugt and Van Kam-

pen, 2006; Mossadegh et al., 2012; Sathy et al., 2009). As the pelvic ring requires a

considerable force to disrupt it (Van Vugt and Van Kampen, 2006), pelvic injuries

are generally associated with additional trauma to other regions in the body (Chong

et al., 1997). The severity of pelvic fractures ranges from minor to high-energy, which

can cause prehospital death (Balogh et al., 2007). Mortality from pelvic injury is pri-

marily caused by haemorrhage in the pelvic cavity (Cryer et al., 1988; Balogh et al.,

2007).
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2.4.1 Classification of pelvic injuries

Pelvic injuries were initially classified by Tile and Pennal (1980), followed by a mod-

ification proposed by Burgess et al. (1990) to relate the direction of the force applied

to the pelvis to the fracture pattern. The proposed classification has three cate-

gories: lateral compression (LC), vertical shear (VS) and anterior-posterior compres-

sion (APC). The fracture patterns are shown in Figure 2.6, with each category further

divided based on severity. APC injuries occur typically from high energy impacts,

Figure 2.6: Young Burgess classification for pelvic fractures (image reproduced from
Alton and Gee (2014))

with one iliac blade being externally rotated, causing disruption at the pubic symph-
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ysis and sacroiliac joint. The three severity grades are differentiated by the amount of

widening in both joints, ranging from a slight widening of the pubic symphysis (<25

mm) and sacroiliac joint to complete separation of the hemipelvis from the pelvic

ring.

LC injuries are caused by a lateral force causing an inward rotation of the pelvis,

typically occuring in motor vehicle accidents (MVA) (Dalal et al., 1989). They are

classified in three subgroups (I, II and III) based on injury severity (Burgess et al.,

1990). Type I is usually caused by a force directed to the posterior side of the pelvis

and leads to a transverse fracture across the pubic rami and a compression fracture

of the sacrum. The ligaments are rarely disrupted, meaning that it is a stable injury.

Type II fractures are generally caused by forces directed at the anterior side of the

pelvis, leading to inward rotation of the iliac crest. In addition to fractured pubic

rami, a crescent fracture occurs near the anterior sacroiliac joint. Type III fractures

are the most severe, with one hip being projected onto the contralateral hip, causing

disruption of the sacroiliac joints (Burgess et al., 1990).

VS injuries are caused by an axial shear force being transmitted through the

pelvis, often from landing feet first in a fall from height. This scenario usually leads

to a disruption anteriorly at the pubic symphysis and posteriorly around the sacroiliac

joint, with the occasional vertically displaced iliac wing and fractured sacrum (Burgess

et al., 1990).

In the past decades, efforts have been made to improve the outcome of these

injuries by attempting to understand the mechanism associated with them, generally

by designing appropriate experimental studies. Details on the experimental studies

focusing on each fracture mechanism can be found in the corresponding sections in

Chapter 5.
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2.5 Finite element modelling applied to

biomechanics

2.5.1 Introduction to finite element modelling

The finite element method (FEM) is a numerical technique used to solve typically

engineering or physics problems which can be described by a set of partial differential

equations, which would be too complex to solve analytically. In the case of continuum

solids, the method consists of discretising the volume into a finite number of elements

connected through nodes. This enables solving the approximated equilibrium equa-

tions associated with each element based on an overall equilibrium between forces

at each node, imposed boundary conditions and any applied loads. In addition, to

identify solutions at positions within a given element, shape functions are used to in-

terpolate between the two nodes surrounding the point of interest. This also provides

a continuity between adjoining elements.

This method was first introduced in a paper published in 1956 (Turner, 1956)

and was initially used in the aerospace industry. During the 1950s and 1960s, the

technique was transferred to a wider range of engineering applications. One of the

first applications of FEM in biomechanics was to derive the stresses within a human

femur (Rybicki et al., 1972). The extensive work of Zienekiewick (1967; 1977; 2000)

provides detailed explanations of the concepts associated with this method.

The main advantage FE modelling has over clinical investigations and physical

experiments is that it enables investigation of a large number of scenarios with few

constraints on the design space and no risk of material shortage. In addition, there

are multiple modelling approaches that can be applied to a biomechanical problem.

Two such approaches refer to the use of continuum or structural elements, which are

discussed in the next Section.
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2.5.2 Existing FE models of the pelvic construct

Early pelvic models were either 2D (Vasu et al., 1982; Carter et al., 1982; Rapperport

et al., 1985; Oonishi et al., 1986), axisymmetric (Pedersen et al., 1982; Huiskes, 1987),

or used simplified geometries (Goel et al., 1978; Oonishi et al., 1983; Landjerit et al.,

1992; Schuller et al., 1993). Goel et al. (1978) have developed one of the first FE

models of the hip bone with the aim to investigate stresses across it as a result of

forces in the muscles and ligaments acting on it. The main aim of the first FE models

of the pelvis were to bridge the gap in understanding its behaviour under loading

compared to the femur, which had been studied more extensively at the time. This

would enable designing appropriate hip implants. Several early studies have focused

on investigating the mechanical behaviour of the hip region with an implant (Carter

et al., 1982; Pedersen et al., 1982; Oonishi et al., 1983; Huiskes, 1987).

A common approach over the past three decades has been to develop models

based on geometries and material properties extracted from medical imaging data

(eg. computed tomography (CT)) and to build them using continuum solid elements.

Dalstra et al. (1993) used dual-energy quantitative computer tomography (DEQCT)

to investigate the distribution of bone densities throughout pelvic bone and tested

cubic samples of pelvic trabecular bone to extract Young’s moduli and Poisson’s

ratios in three orthogonal directions, concluding that trabecular bone in the pelvis is

not highly anisotropic. The study also provided insight in the distribution of pelvic

trabecular bone density.

The first computational model of the bony pelvis developed using subject specific

geometry and material properties from medical imaging data was developed by Dal-

stra et al. (1995b). The authors validated the model against experimentally obtained

strains from a cadaveric pelvis loaded at the hip joint, although the specimen used

for the experiment was different from the one used for generating the FE model.

Similarly, Anderson et al. (2005) developed a FE model of the pelvis by obtaining
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location dependent cortical thickness and trabecular elastic modulus information from

medical imaging data. The model was validated against experimental data by com-

paring cortical bone strains resulting from applying a load through the acetabulum

and fixing the superior ilium. In addition, the authors performed a set of sensitivity

studies to assess the impact of certain parameters (eg. elastic modulus, cortical bone

thickness) on the model’s response. The majority of published models only partially

represent the pelvic ring, focusing primarily on either the hip joint (Goel et al., 1978;

Oonishi et al., 1983; Rapperport et al., 1985; Schuller et al., 1993; Thompson et al.,

2002; Zant et al., 2008; Cilingir et al., 2007; Anderson et al., 2008) or the hemi-pelvis

(Schuller et al., 1993; Dalstra et al., 1995b; Phillips et al., 2004; Anderson et al., 2005;

Phillips et al., 2006; Ghosh et al., 2013; Clarke et al., 2013; Fernandez et al., 2014).

For the purpose of investigating the structural response of the pelvis in a variety of

loading conditions, the development of a complete model of the pelvic construct is

considered to provide an improved understanding of its behaviour in complex loading

scenarios, compared to models which represent an isolated part of the construct.

As discussed in §2.1, an important aspect of the pelvic girdle are the joints holding

the three components of the pelvis (sacrum and two pelvic innominates) together, the

sacroiliac joint and the pubic symphysis. A number of other ligaments (sacrospinous,

sacrotuberous, iliolumbar, inguinal) provide additional stability to the pelvic ring

under load (Vrahas et al., 1995). Phillips et al. (2007) developed a model of the

pelvis including both hemipelves, the corresponding ligaments and joints, a structure

representing the sacrum, and the muscles attached to the pelvis in an explicit manner

to eliminate the need of using fixed boundary conditions on the bone. They observed

that the use of ligaments and muscles in the model resulted in a more even stress

distribution across bone as opposed to fixed boundary conditions.

A number of FE models of the pelvic ring have been developed and used to

investigate injury mechanisms (Renaudin et al., 1993b; Dawson et al., 1999; Majumder

et al., 2004, 2007; Li et al., 2007). Dawson et al. (1999) developed and validated a

FE model of the pelvic ring with spatially-varying material properties for bone and
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included ligaments and joints using linear springs. The model was used to investigate

the pelvic response in side impact (eg. car-to-car side crash) by applying forces in

the range [5520 N, 15,550 N], corresponding to previous experimental studies on side

impact (Cesari et al., 1980; Cesari and Ramet, 1982; Nusholtz et al., 1982). The

fracture criterion was defined as the ratio between von Mises stress and strength for

each element. The model predicted fracture onset at a load of around 8.6 kN with an

impulse of 129 N/s, corresponding to an impact velocity of approximately 41 km/h.

Similarly, Majumder et al. (2004) developed a FE model from CT data and as-

signed homogeneous material properties to trabecular bone and a uniform thickness

to cortical bone based on the observations made by Dalstra et al. (1995b). The model

was used to simulate side impact for 25 dynamic load cases by varying the peak impact

force (1 kN to 5 kN) and the duration of impact (0.5 ms to 15 ms). Von Mises stress

was used to predict local bone failure based on the compressive strength of cortical

bone. They reported that, for peak impact forces higher than 3 kN, a fracture would

occur. Although the results were consistent with experimental findings (Guillemot

et al., 1998; Beason et al., 2003) for the loading interval, the homogeneous material

properties and independence of Young’s modulus and strength with respect to strain

rate could explain the discrepancy with the results reported by Dawson et al. (1999).

An alternative approach to continuum FE modelling is to look at bone from a

structural perspective and represent its architecture using a combination of ideal-

ized structural elements such as trusses, beams and shells. An important aspect of

this method is the increased computational efficiency (van Lenthe et al., 2006), while

maintaining the ability to capture the overall structural behaviour of bone (Phillips

et al., 2015). Furthermore, structural modelling allows for directionality to be includ-

ed in modelling trabecular bone, which can have a mechanical significance (Miller

et al., 2002). Using this technique to model and predict bone morphology enables

the use of such models to predict fracture initiation and progression (Villette and

Phillips, 2018). To the authors’ knowledge, the structural approach to model bone

morphology has not been applied to the pelvic construct.
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3

Musculoskeletal and Finite

Element modelling of the pelvic

construct

This Chapter presents the process of obtaining the relevant loading environment to

apply to the adaptive models presented in Chapters 4 and 5. In addition, the creation

of the initial structural and continuum FE models and the development of a FE model

with varying material properties based on clinical CT imaging data is presented.
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3.1 Gait data collection and processing

Full body kinematic data for five common daily physical activities (walking, stair as-

cent, stair descent, sit-to-stand and stand-to-sit) (Morlock et al., 2001) were collected

from a healthy male volunteer well known to the author (age: 23 years, weight: 93

kg, height: 188 cm) in the Biodynamics Lab in the Imperial College Research Labs

at Charing Cross Hospital. 59 spherical reflective markers (⊘=14 mm) were attached

directly on the volunteer’s skin on bony landmarks based on the recommendations of

the International Society of Biomechanics for lower and upper extremities (Wu et al.,

2002). Clusters of markers were placed on the mid-thigh laterally and mid-shank

medially on both legs. A Vicon system (Oxford Metrics, Oxford, UK) equipped with

10 infrared cameras was used to track the markers motion at sampling rate of 100

Hz.

Three force plates (Type 9286BA, sampling rate 1000 Hz, Kistler Instruments Ltd,

Hook, UK) were used to measure the ground reaction forces (GRFs). The force plates

were positioned to form a walkway which was used to record GRFs during walking

(speed: 1.34 m/s, stride length: 0.64 m, cadence: 115.54 steps/min). To measure

stair ascent and descent GRFs, the three force plates were positioned on consecutive

steps on a staircase (step height 15 cm and step depth 25 cm, with a step inclination

of 36.8 degrees). A stool with a height of 52.5 cm from the floor was used to record

GRFs during sit-to-stand and stand-to-sit. Force plates were placed on the seat and

at both feet.

Trajectories of the markers were labeled, gap filled and filtered using a 4th order

zero lag low-pass Butterworth filter with a cutoff frequency of 6 Hz (Winter et al.,

1974) in Vicon Nexus (version 1.8.5). The c3d files produced in Vicon Nexus were

further processed in Matlab using the Biomechanical ToolKit (Barre and Armand,

2014) to generate input files compatible with OpenSim. Marker data were saved in

trc format, analog signals from the force plates were filtered using a zero lag low-pass
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Butterwoth filter with a cuttoff frequency of 30 Hz (Eng and Winter, 1995). Gait

events (heel strike and toe off) were automatically identified using a 30 N vertical

force threshold. For walking,the length of the processed trial was set to include a full

gait cycle for each leg.
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3.2 Musculoskeletal modelling

A bilateral musculoskeletal model based on an ipsilateral model developed by Mod-

enese et al. (2011) and validated at the hip joint was used (Modenese et al., 2013).

The model was based on an anatomical dataset published by Horsman et al. (2007)

and implemented in OpenSim (Delp et al., 2007). It includes thirteen body segments:

pelvis, two femurs, two patellas, two tibias, two hindfeet, two midfeet and two sets

of phalanges (Figure 3.1). The segments are connected by nine joints: pelvis-ground

(6 degrees of freedom (DOF)), hip joints (3 DOF each), knee joints (1 DOF each),

patellofemoral joints (1 DOF each) and ankle joints (1 DOF each). The local refer-

ence systems of the segments were defined in accordance with the recommendations of

the International Society of Biomechanics (Wu et al., 2002). The anatomical muscle

attachment points on the right side of the model were the same as in Modenese et al.

(2011), while those on the left side were obtained by mirroring the right side points

with respect to the sagittal plane. Thus, the total number of muscles and actuators

in the bilateral model was 76 and 326, respectively.

(a) (b)

Figure 3.1: Lower limb musculoskeletal model in (a) standing and (b) seated positions
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3.2.1 Scaling

The segments of the generic bilateral model were linearly scaled based on the ratios

between the distance of pairs of experimental markers located on the segment in

question and corresponding pairs of virtual markers located on the unscaled model.

Each body segment was linearly scaled based on its length. The inertial properties

were updated according to the regression equations of Dumas et al. (2007). The

virtual markers on the generic model were positioned according to the coordinates

reported by Horsman et al. (2007).

3.2.2 Inverse kinematics

Joints angles describing the kinematics of trials for all activities were obtained using

the OpenSim inverse kinematics tool. This tool identifies joint angles that minimize

the error between experimental and virtual markers, similar to the global optimization

method described by Lu and O’Connor (1999).

Joint angles for complete cycles on both legs for walking, stair ascent, stair descent

and sit-to-stand-to-sit are shown in Figures 3.2, 3.3, 3.4 and 3.5, respectively. The

inverse kinematics results for walking and stair ascent trials were in good agreement

with previously published data using a unilateral version of the musculoskeletal model

(Modenese et al., 2013).
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Figure 3.2: Average joint angles at the hip, knee and ankle for five walking trials
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Figure 3.3: Average joint angles at the hip, knee and ankle for four stair ascent trials
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Figure 3.4: Average joint angles at the hip, knee and ankle for two stair descent trials
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Figure 3.5: Average joint angles at the hip, knee and ankle for two sit-to-stand-to-sit
trials
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3.2.3 Inverse dynamics

Net joint moments were calculated using the OpenSim inverse dynamics tool (ID) by

soving equations of motion in a bottom up approach (Winter, 2009).

Normalized joint moments for complete cycles of both legs for walking, stair as-

cent, stair descent and sit-to-stand-to-sit are shown in Figures 3.6, 3.7, 3.8 and 3.9,

respectively. The inverse dynamics results for walking and stair ascent trials were

in good agreement with previously published data using a unilateral version of the

musculoskeletal model (Modenese et al., 2013).
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Figure 3.6: Normalized joint moments at the hip, knee and ankle for walking trials
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Figure 3.7: Normalized joint moments at the hip, knee and ankle for stair ascent
trials
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Figure 3.8: Normalized joint moments at the hip, knee and ankle for stair descent
trials
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Figure 3.9: Normalized joint moments at the hip, knee and ankle for sit-to-stand-to-sit
trials

3.2.4 Hip contact forces and muscle forces

Muscle forces were estimated using the static optimization tool. The optimization

problem was solved by minimising the sum of squared muscle activations for each

frame of the kinematics under the constraints of joint moment equilibrium and phys-

iological limits of the muscle forces (Modenese et al., 2011; Modenese and Phillips,

2012; Modenese et al., 2013). The hip joint contact forces were calculated from the

muscle forces using the JointReaction tool available in OpenSim (Steele et al., 2012).

All simulations were performed in OpenSim (Version 3.3) (Delp et al., 2007).

For each activity, the loads applied on the pelvis throughout the duration of the

gait cycle (joint reaction forces and muscle forces) were determined in order to be

applied to the FE model. The muscle insertion points’ coordinates on the pelvis

along with the direction and magnitude of each muscle force were extracted from the

musculoskeletal model using the MuscleForceDirection (v1.0) plugin (van Arkel et al.,
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2013; Phillips et al., 2015).

Reaction forces for both hips for all activities are shown in Figure 3.10. Data

reported by Bergmann et al. (2001) for the same activities are included for comparison.

The derived JCFs show a reasonable match for stair ascent, descent and sit-to-stand-

to-sit. During walking, the second peak was higher compared to the range reported

by Bergmann et al. (2001). Similar differences were reported by Modenese (2013)

and Horsman et al. (2007) and this seems to be a consitent feature in musculoskeletal

modelling predictions using static optimisation. This difference can be justified by

the magnitude of the hip joint flexor moments calculated for the current model being

greater than the analogous moments in the Bergmann et al. (2001) dataset (Heller

et al., 2001).
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Figure 3.10: Hip JCFs derived from the musculoskeletal model for cycles of (a) walk-
ing, (b) stair ascent, (c) stair descent and (d) sit-to-stand and stand-to-sit are shown
in green lines for the right leg and blue lines for the left leg. Hip JCFs recorded and
reported by Bergmann et al. Bergmann et al. (2001) for the right leg are shown in
red dashed lines for each activity.

A limitation of the musculoskeletal framework in the context of its use in the next

Chapters is that the muscle actuators contained in the musculoskeletal model do

not take into account contraction dynamics and force-length-velocity relationships

(Modenese et al., 2011). Although it was shown that these assumptions do not

influence the predicted outcome for walking (Anderson and Pandy, 2001), they might

have an impact on other activities.
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3.3 Finite element model development

3.3.1 Geometry definition

An ethically obtained computed tomography (CT) scan (399×3 mm thick slices,

512×512 pixels, 0.91 mm/pixel) of a cadaveric pelvis and lower limbs (Male, age:

55, weight: 94.3 kg, height: 188 cm) provided by the Royal British Legion Centre for

Blast Injury Studies of Imperial College London was processed in Mimics (Materialise,

Leuven, Belgium) to generate a 3D surface of the two innominates and sacrum. The

surface was imported in 3-matics (Materialise, Leuven, Belgium) and meshed with a

maximum allowable edge length of 4 mm, resulting in a volumetric mesh composed

of 377,362 four noded tetrahedral elements with an average edge length of 3.76 mm.

The geometry of pelvis was not mirrored with respect to the sagittal plane as the

musculoskeletal model did not predict symmetric results for the two sides of the

pelvis. In addition, the CT scan from which the model was derived did not have a

symmetric density distribution (3.13).

3.3.2 Structural and continuum base models

For structural modelling, the external surface of the mesh was used to define three-

noded linear triangular shell elements, representing cortical bone. These were ar-

bitrarily assigned an initial thickness of 0.1 mm. The internal nodes were used to

define two-noded truss elements connecting each node to its nearest 16 neighbouring

nodes. The trusses were arbitrarily assigned an initial radius of 0.1 mm. The result-

ing network is taken to represent trabecular bone. The initial minimum connectivity

of each node was 16, with a maximum of 62 and mean value of 21.32. Previous work

in the research group has shown that a nodal connectivity of 16 provides a sufficient

range of element directionalities to enable trabecular trajectories to develop during

adaptation (Villette, 2016).
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The base mesh consisted of 33,466 cortical shell elements (12,601 for each innom-

inate and 8,264 for the sacrum) and 588,028 trabecular truss elements (247,268 for

each innominate and 93,492 for the sacrum). A transverse slice of the base structural

mesh is shown in Figure 3.11. The initial structural model was generated from the

tetrahedral mesh using MATLAB (The MathWorks Inc., USA). The shell and truss

elements were assigned linear isotropic material properties with Young’s modulus and

Poisson’s ratio values of E=18,000 MPa and ν=0.3 respectively (Turner et al., 1999;

Anderson et al., 2005; Phillips et al., 2007).

Figure 3.11: Transverse 2.5 mm slice of the pelvis for the base FE model. Shell
elements representing cortical bone are shown in grey; truss elements representing
trabecular bone are shown in red.

3.3.3 Ligaments and joints modelling

As described in Chapter 2, §2.1, the three pelvic bones are joined together by a

set of strong joints and ligaments to stabilise the pelvic ring. The sacroiliac and

pubic joints are composed of ligament and cartilage to ensure mechanical resistance

in tension and compression, respectively. The joints and ligaments were modelled

using truss elements. Anatomical attachment areas for each ligament and joint were

visually defined on the mesh as node sets, based on descriptions in literature (Phillips
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et al., 2007; Hammer et al., 2009, 2010; Moore et al., 2015). Truss elements were

constructed between pairs of node sets by attaching each node in one set with the

closest node in the corresponding set. Truss elements representing the joints were

set to provide resistance only in tension for the ligament component and only in

compression for the cartilage component. The ligaments and joints are shown in

Figure 3.12.

The behaviour of ligaments is complex and models which aim to capture their

biphasic and viscoelastic nature focus on soft tissue behaviour or joint mechanics

(Suh and Bai, 1998; Almeida and Spilker, 1998; Ehlers and Markert, 2001), rather

than the behaviour of the pelvis as a whole. Ligaments included in previous pelvic

models were either assigned linear elastic material properties (Phillips et al., 2007;

Dawson et al., 1999) or modelled as hyperelastic components (Li et al., 2006, 2007;

Majumder et al., 2007; Leung et al., 2009).

Given that the focus of this study is to analyze the structural behaviour of the

pelvic construct as a whole and nonlinear modelling of the ligaments would result in

an increased computational cost, they were assigned linear elastic material properties

and were modelled using truss elements by connecting each surface node on an origin

area to the closest node on the corresponding insertion area. The material properties

of each ligament were derived from previously published data on ligament stiffnesses

(Zheng et al., 1997; Dakin et al., 2001) which were used in another computational

study (Phillips et al., 2007). The Young’s moduli were derived from the stiffnesses,

with E being Young’s modulus, k the stiffness of the ligament, l the length and A

the origination area of the ligament (Eq. 3.1).

E =
kl

A
(3.1)

r =

√

A

πNl

(3.2)

The radius of each truss element, r, was calculated based on the origination area of the

37



ligaments, A, and the number of truss elements, Nl, forming each ligament (Eq. 3.2).

In the case of the pubic symphysis and sacroiliac joints, truss elements taking only

tension were used to model the pubic and sacroiliac ligaments, and truss elements

taking only compression were used to model the cartilage contained in the joints.

As ligaments do not have compressive stiffness, they were overlayed with identical

sets of elements given a low Young’s modulus value of 0.1 MPa in compression to

ensure numerical stability. Similarly, elements representing cartilage were overlayed

with identical elements given a low Young’s modulus of 0.1 MPa in tension to ensure

numerical stability. The tensile and compressive material properties assigned to the

ligaments and cartilage are shown in Tables 3.1 and 3.2.

Figure 3.12: Pelvis model with ligaments included: sacroiliac ligaments in blue, pubic
ligament in red, sacrospinous ligaments in yellow, sacrotuberous ligaments in purple
and inguinal ligaments in green
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Ligament
k

(N/mm)

l

(mm)

A

(mm2)
Nl

E

(MPa)

r

(mm)

Sacroiliac 5000 27.8 4824.2 918 28.8 0.72

Pubic 1000 27.6 2732.7 582 15.9 0.68

Inguinal 250 147.6 303.8 64 121.5 0.69

Sacrospinous 1500 68.1 647.8 102 105.1 0.80

Sacrotuberous 1000 125.6 1764.5 344 106.8 0.73

Table 3.1: Material properties of the ligaments in tension (taken from Phillips et al.
(2007)), with k the ligament stiffness, l the length of the ligament, A the origination
area of the ligament, Nl the number of elements forming each ligament, E Young’s
modulus and r the radius of each truss element.

Cartilage
k

(N/mm)

l

(mm)

A

(mm2)
Nl

E

(MPa)

r

(mm)

Sacroiliac 3000 8.5 2191.7 328 11.6 0.82

Pubic 1500 7.7 728.4 176 10.1 0.64

Table 3.2: Material properties of the cartilage in compression (taken from Phillips
et al. (2007)), with k the cartilage stiffness, l the length of the cartilage, A the
origination area of the cartilage, Nl the number of elements forming each cartilage,
E Young’s modulus and r the radius of each truss element.
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3.4 Development of CT scan derived continuum

model

A subject specific FE model was derived from the CT scans used to generate the

geometries of the adaptive models. The geometry extracted from imaging data was

used to develop a continuum FE model comprising of linear tetrahedral elements

with varying material properties using Bonemat (Taddei et al., 2007). Assuming a

linear relationship between the Hounsfield values in the scans and bone ash density

(Les et al., 1994), bone ash density distribution was derived from the medical images.

Young’s modulus for each element was derived from the ash density using a power

relationship, shown in Equation 3.3 (Keller, 1994).

E = 10.5ρ2.29ash (3.3)

In the FE model, Young’s modulus values for each element were discretised into

100 materials to maintain the computational efficiency. Young’s modulus distribution

on one hip bone is shown in Figure 3.13.

A potential limitation of this model is the lack of calibration of the CT data prior

to assigning varying material properties based on Hounsfield values. Furthemore,

the use of a clinical CT scan reduces the potential of capturing bone architecture

particularities that can potentially play an important role in dictating the mechanical

behaviour of the model.
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(a)

(d)
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(f)

Figure 3.13: Young’s modulus (a, b, c) and density (d, e, f) distribution for the CT scan derived model.
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4

Predictive structural modelling of

the pelvic construct

The author wishes to thank Claire Villette for providing the adaptation algorithm

used in this chapter.

Note: A large portion of this chapter has been published in the journal article:

Zaharie, D. T., & Phillips, A. T. (2018). Pelvic construct prediction of trabecular and

cortical bone structural architecture. Journal of Biomechanical Engineering, 140(9),

091001.
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Chapter 2 highlighted a lack of information on the bone architecture of the pelvis in

contrast to long bones such as the femur. This chapter presents the framework used to

develop a structural model of the pelvic construct that was adapted to a physiological

loading regime corresponding to the most common daily physical activities, described

in Chapter 3. The resulting structures of the converged model adapted to the full

loading regime and individual activities are investigated qualitatively along with a

quantitative comparison between the model and a continuum model derived from the

CT imaging data. The modelling framework is shown in Figure 4.1.

Load 
cases

GRF
Marker data

Axial truss strain
Principal shell strains

Tetrahedral 
mesh

Yes

No

Gait
data

MSK

Pelvis
geometry

Base FE 
model

Final
model

FE 
modelling

Adaptation

Convergence?

Figure 4.1: Modelling framework used to develop an adaptive structural model of the
pelvic construct
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4.1 Methods

4.1.1 Finite element modelling

4.1.1.1 Loading

The muscle forces obtained from the musculoskeletal model were applied as point

loads distributed on the closest three surface nodes to each muscle insertion point,

extracted from the musculoskeletal model (§3.2). The hip joint contact forces and the

inertial loads were calculated at the joint centres and the centre of mass of the pelvic

segment. In addition, for sit to stand and stand to sit, the reaction load from the

seat was applied at the inferior ischium. To spread these loads over the corresponding

bone surface, they were applied using ‘load applicators’ and an ‘inertia applicator’, as

they allow for a reduction in CPU time in comparison to modelling contact at each

joint.

The load applicators were built by first projecting each node on the surface of the

hip joint along the direction defined by the point and the joint centre four times with

a distance of 2 mm between them. Subsequently, four layers of six-noded linear con-

tinuum wedge elements were created using the newly generated nodes and the initial

surface nodes. The overall structure was taken to represent the bone-cartilage-bone

interface at the hip joint. Thus, the bottom two layers (closest to the bone surface)

were assigned E=10 MPa and ν=0.49, representative of cartilage. The outermost 2

layers were assigned stiffnesses of 10 MPa (ν=0.3) and 500 MPa (ν=0.3), respective-

ly. The material properties were adopted based on a sensitivity study performed by

Villette (2016).

The loads derived from the musculoskeletal model were applied to the outside

node closest to the direction of the load vector for each load case, as shown in Figure

4.2a. The load applicators implemented enable an appropriate distribution of the hip
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contact force across the acetabular surface (Villette, 2016). An ‘inertia applicator’

was included to spread the inertial load of the pelvis over the whole construct. It

was designed by linking a node positioned at the centre of mass of the pelvis to every

node of the model using truss elements of circular cross section with a radius of 0.1

mm and low stiffness (E=0.1MPa, ν=0.3) to prevent artificial stiffening of the model.

The inertial loads derived from the musculoskeletal simulations were applied at the

control node.

(a) (b)

Figure 4.2: (a) Load applicator at the hip and (b) fixator at the top of the sacrum.
The elements representing the bone are shown in light grey, with the two layers of soft
elements in red and the two layers of stiffer elements in blue (dark blue represents the
stiffest layer of elements in the hip applicator). In addition, the black arrow illustrates
the peak load applied on the hip joint during walking.

The load cases obtained from the musculoskeletal model were subsampled to main-

tain computational efficiency. The subset of frames were selected such that the differ-

ence between the integrated hip joint contact forces (JCF) for the full set of frames

and the selected set of frames was lower than 5%. The joint contact forces and the

subsampled set of values are shown in Figure 4.3. The resulting 39 load cases were

applied in consecutive steps to the FE model.
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Figure 4.3: Hip JCFs derived from the musculoskeletal model for cycles of (a) walking,
(b) stair ascent, (c) stair descent and (d) sit-to-stand and stand-to-sit are shown in
green lines for the right leg and blue lines for the left leg. The frames selected for
each activity to be used in the FE simulations are highlighted using solid circles. Hip
JCFs recorded and reported by Bergmann et al. (2001) for the right leg are shown in
red dashed lines for each activity.

4.1.1.2 Boundary conditions

To ensure numerical stability, a boundary condition was enforced at the sacral joint.

The reaction force components at the sacral joint predicted by the FE model and the

musculoskeletal model for the walking activity were found to be similar in magnitude

(Figure 4.4). The differences in the magnitude of the forces can be attributed to the

deformability of the FE model. Similar to the load applicators, four layers of wedge
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elements were constructed on the top of the sacrum, representing the L5S1 interface

between the lumbar spine and the sacrum. The construct facilitating the application

of the boundary conditions at the sacrum is shown in Figure 4.2b. The two layers

closer to bone were assigned a Young’s modulus of 10 MPa (ν=0.49) to represent

cartilage, while the outermost two were assigned stiffnesses of 10 MPa (ν=0.3) and

E=500 MPa (ν=0.3). The boundary conditions of the model were applied at the

top of the sacrum by constraining the nodes on the outermost layer of the construct

in the three translational DOF. This was done to avoid fixing nodes on the bone,

which would potentially lead to stress concentrations developing over the surface of

the sacrum.

Figure 4.4: Comparison between reaction forces at the sacrum reported by the mus-
culoskeletal model and FE model for the walking frames.
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4.1.2 Adaptation algorithm

Based on the Mechanostat principle (Frost, 2003), the base structural pelvis model

was subjected iteratively to the load cases obtained from the musculoskeletal mod-

el for the activities mentioned in the previous section (methodology adapted from

Phillips et al. (2015)). At each iteration, the thickness of each shell element and

cross-sectional area of each truss element were adjusted according to a strain crite-

rion. The iterative process was implemented using MATLAB and Python (Python

Software Foundation, Beaverton, OR, USA) scripts, and the succesive FE models

were run using the Abaqus/Standard solver (Dassault Systèmes Simulia, Johnston,

RI, USA) until convergence was achieved.

For each iteration i, the absolute maximum normal strain value for the jth truss

element and jth shell element over all load cases (λ = 1, ..., n) was defined using

Equations 4.1 and 4.2, respectively.

|εi,j|max = max(|ε11,j,λ|) (4.1)

with ε11,j,λ being the axial strain in the jth truss element for load case λ.

|εi,j|max = max(|εtmax,j,λ|, |εtmin,j,λ|, |εbmax,j,λ|, |εbmin,j,λ|) (4.2)

with εtmax,j,λ, ε
t
min,j,λ, ε

b
max,j,λ, ε

b
min,j,λ being the maximum and minimum principal strains

in the top and bottom surfaces of the jth shell element for load case λ.

The strain ranges associated with, bone resorption, the lazy zone and bone appo-

sition (Frost, 2003; Aamodt et al., 1997; Phillips, 2012) are given in Equation 4.3:

ϕi,j =



























1, if 0 ≤ |εi,j|max < 1000µε (Bone resorption)

0, if 1000 ≤ |εi,j|max ≤ 1500µε (Lazy zone)

1, if |εi,j|max > 1500µε (Bone apposition)

(4.3)
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For the subsequent iteration (i+ 1), the cross-sectional area of the jth truss element

(Ai+1,j) was modified using Equation 4.4 based on the value of ϕi,j. The thickness of

the jth shell element (Ti+1,j) was modified using Equation 4.5. The target strain, εt,

was given a value of 1250 µε, corresponding to the middle of the lazy zone.

Ai+1,j =











Ai,j

|εi,j|max

εt
, if ϕi,j = 1

Ai,j, if ϕi,j ̸= 1

(4.4)

Ti+1,j =















Ti,j

2

(

1 +
|εi,j|max

εt

)

, if ϕi,j = 1

Ti,j, if ϕi,j ̸= 1

(4.5)

The adaptation equations for the two types of elements were defined such that trabec-

ular bone adapts in preference to cortical bone. This is important in particular during

the first few iterations as it prevents the oscillation of the shell elements thicknesses.

In addition, truss elements with a strain lower than 250 µε were considered to be in

the dead zone.

To increase computational efficiency, the thicknesses of the shell elements were lin-

early discretised into 256 categories. Based on CT scans, cortical thickness throughout

the pelvis has been reported to vary between 0.5 and 4 mm (Dalstra et al., 1995b;

Anderson et al., 2005; Zhang et al., 2010). The thickness range for the shell elements

in this model was set between 0.1 mm and 5 mm as for a thickness lower than 0.5

mm the accuracy of clinical CT scanners decreases, meaning that there could be areas

with a cortical thickness lower than 0.5 mm which would not be captured due to the

image resolution (Prevrhal et al., 1999).

Similarly, the cross-sectional areas of the truss elements were linearly discretised

in 255 categories. The range for the truss elements was set between π(0.1)2mm2

and π(2)2mm2, which is considered reasonable to characterise trabecular bone at

mesoscale level (Phillips et al., 2015; Nägele et al., 2004). In addition, a 256th category

with a cross-sectional area of π(0.001)2mm2 was added to allow for effective removal
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of the elements in the dead zone while maintaining numerical stability. The elements

in the dead zone were assigned a radius of 1 µm, making their stiffness contribution

to the model negligible. This enabled regeneration of the elements in the dead zone

as they could be reassigned in one of the other 255 categories at a later iteration.

4.1.3 Comparison with a CT scan derived continuum pelvis

model

The response of the CT scan derived model described in Chapter 3, §3.4 to a simple

loadcase representing a vertical two-legged standing position was compared to the

behaviour of the optimised structural model in an analogous case. As simulating

the behaviour of the entire pelvic construct for a simple loading scenario was not

necessary, both models were reduced to the right hemipelvis. Both models were

subjected to a vertical load of 2kN applied at the acetabulum using the load applicator

described in §4.1.1.1. The boundary conditions applied to the model consisted of

restraining the sacroiliac and pubic joints surfaces in all degrees of freedom (Figure

4.5). In addition to the continuum elements in the CT scan derived model, shell

elements identical to those used in the structural model were added and assigned a

uniform thickness of 1 mm and a low Young’s modulus (E=0.01 MPa). The purpose of

including low stiffness shell elements was to provide a more robust way of comparing

the resulting surface strains between the models.
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Figure 4.5: Loading conditions applied on the adapted structural model and the scan
derived continuum model of the right pelvic innominate
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4.2 Results

4.2.1 Converged model structure

The structural model converged after 39 iterations. Cortical thickness and trabecular

radius distributions are shown in Figure 4.6. Cortical thickness was highest at the

superior sacrum, along the gluteal surface, around the sacroiliac joint, superior pubic

ramus, posterior iliac crest and greater sciatic notch. Cortical bone had a thickness

between 0.1mm and 0.5mm at the ischium, acetabulum, pubic tubercle, iliac fossa

and posterior superior iliac spine. The results for the cortical thickness distribution

across the hip bone compare well with the study published by Anderson et al. (2005).

Clusters of trabecular elements with large radii were found at the superior sacrum,

supra acetabular region, pubic tubercle and greater sciatic notch. High trabecular

density in these regions was also reported in a previous study (Dalstra et al., 1995a).

Regions with a small number of active elements were found at the iliac fossa, ischial

tuberosity and inferior sacrum (Figure 4.6). Distinct trajectories were formed in the

supra acetabular region (Figure 4.7a, c), around the sacroiliac joint extending from

the ilium to the sacrum (Figure 4.7d-f) and along the direction between the two

locations mentioned above (Figure 4.7b-c).

To obtain a more comprehensive view of the optimised bone architecture, a number

of transverse slices of the model were qualitatively compared to the corresponding CT

scans used to define the initial surface geometry, as shown in Figure 4.8. Across the

acetabulum, the model predicted a thickening of the cortex at the ascending pubis

ramus and a thin cortex along the acetabular notch, which is in agreement with the

CT scan (Figure 4.8a and 4.8b). Another similarity can be found along the inferior

gluteal line, where the model showed a distinct thickening of the cortex, which is also

present in the scan (Figure 4.8g-h). The region around the sacroiliac joint compares

well with the scan for both the sacrum and the hip bones (Figure 4.8e-f). The main
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discrepancies in terms of cortical thickness between the model and scan can be seen

between the anterior superior iliac spine and anterior inferior iliac spine (Figure 4.8c-

h), towards the greater sciatic notch (Figure 4.8g-h) and ischial body (Figure 4.8a-b).

On the other hand, the areas mentioned have a higher trabecular density compared to

the CT scan, meaning that the stiffness of the regions could still be considered similar

to the scan. Although an attempt was made to quantitatively compare cortical bone

thickness and trabecular bone structure, the resolution of the CT scan used in this

study was not high enough to enable the comparison.

In terms of trabecular architecture, a number of trajectories were clearly formed.

In the region surrounding the sacroiliac joint, thick trabecular elements were formed

following trajectories which intersect both hip bones and the sacrum (Figure 4.7e-

f). As a consequence, the highest trabecular density in the sacrum was found on the

load-bearing S1 segment (Figure 4.7d-e), which is in agreement with previous findings

(Peretz et al., 1998; Mahato, 2010). Another region with high trabecular density was

identified above the acetabulum (Figure 4.7a-c). Given that the loads are transmitted

from the hip joint towards the lumbar spine through the sacroiliac joint and sacrum,

the presence of these trabecular trajectories seems justified.
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(a)

(d)

(b)

(e)

(c)

(f)

Figure 4.6: Converged structure for the full loading regime. Contours of position dependent cortical thickness ranging from 0.1
mm to 5 mm are shown in the top row: (a) frontal view of pelvis, (b) anterior and (c) medial views of the right innominate.
Trabecular elements’ radii distribution ranging from 0.1 mm to 2 mm is shown in the bottom row: (d) frontal view, (e) anterior
and (f) medial views of the right innominate. Trabecular elements with a radius of 1 µm were excluded for clarity.
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(a) (b)
(c) (d)

(e) (f)

Figure 4.7: Selected 5 mm thick coronal (a, b, e), sagittal (c, d) and transversal (f) slices of the converged pelvic model
illustrating the trabecular structure and cortical thickness. Truss elements with a radius > 0.1 mm are shown in red, with
elements with a radius of 1 mm shown in blue. Elements with a radius of 1 µm are not shown for clarity.
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(a)

(b)

(c)

(e)

(g)

(d)

(f)

(h)

Figure 4.8: Figure illustrating transverse slices from the CT scans (a, c, e, g) shown along with corresponding slices of the pelvic
model (b, d, f, h) generated using an in-house code developed in MATLAB. Shell elements and truss elements with a radius >
0.1 mm are shown in light grey. Truss elements with a radius of 0.1 mm appear in dark grey. Elements with a radius of 1 µm
are not shown for clarity.
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The influence of each physical activity on bone architecture is shown in Figure

4.9. For each activity modelled, the absolute maximum strain value occuring during

the activity for each element was plotted as a colour intensity to highlight the influ-

ence of a given activity on the resulting bone morphology for the full loading regime.

Strain distributions for each activity are shown in Figure 4.10. Walking was primar-

ily responsible for the thickening of the cortex along the ischial spine, the inferior

ramus of the pubis and the posterior part of the iliac fossa. The cortex development

between the anterior inferior iliac spine and the iliac crest and along the superior pu-

bic ramus was primarily influenced by stair ascent, while stair descent was the main

factor in the thickening of the cortex accross the sacrum, between the anterior and

posterior gluteal lines, at the ischium and along the posterior superior iliac spine.

The increased trabecular structure present at the upper sacrum was influenced by

both stair ascent and descent. Walking was mainly responsible for the appearance of

trabecular structures along the superior pubic ramus, around the acetabulum, at the

anterior inferior iliac spine and anterior gluteal line. The asymmetric distribution of

activity influence can be attributed to the subject specific geometry and gait used in

the musculoskeletal model.
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(a)

(d)

(b)

(e)

(c)

(f)

Figure 4.9: Influence of activities on cortical (a, b, c) and trabecular (d, e, f) structure of converged pelvic model. The elements
are colour mapped based on the activity which has been most influential in determining their thickness.
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(a) Walking

(e) Stair ascent

(i) Stair descent

(m) Sit to stand

(q) Sit to stand

(b) Walking

(f) Stair ascent

(j) Stair descent

(n) Sit to stand

(r) Stand to sit

(c) Walking

(g) Stair ascent

(k) Stair descent

(o) Sit to stand

(s) Stand to sit

(d) Walking

(h) Stair ascent

(l) Stair descent

(p) Sit to stand

(t) Stand to sit

Figure 4.10: Cortical (a,b,e,f,i,j,m,n,q,r) and trabecular (c,d,g,h,k,l,o,p,s,t) strain dis-
tributions highlighting the regions with the largest absolute principal strain for each
activity. Regions which are highly strained (≥ 1500µε) by a particular activity are
shown with a higher intensity in the colour associated with the respective activity as
shown in Figure 4.9.
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4.2.2 Adaptation to different loading regimes

The structural model was subjected to five separate loading regimes, each corre-

sponding to one of the physical activities selected for this study. This was done to

investigate differences in the resulting bone architectures from adapting the model

to individual activities as opposed to adapting in response to a complete loading

regime. Cortical thickness and trabecular radii distribution for load cases associated

with each individual activity are shown in Figures 4.11 to 4.16. he bone volumes of

each adapted model are shown in Figure 4.12. The comparison was made to highlight

the importance of a loading regime associated with multiple physical activites, as

opposed to singular physical activities.

4.2.2.1 Walking

The cortical thickness distribution of the model adapted to walking was broadly

similar to the model adapted to all activities. The main discrepancies found were

a thinner cortex along the line between the iliac spine and greater sciatic notch,

along the anterior side of the sacroiliac joint on the hip bone and along the inner

ischial ramus (Figure 4.11a-c). The trabecular architecture resulting from adaptation

to walking had a lower density of trabecular elements compared to the benchmark

model at the ischial tuberosity, lesser sciatic notch and posterior iliac spine (Figure

4.11d-f). The difference between the two models in terms of bone architecture was

further highlighted by comparing the cortical and trabecular volumes, with the model

adapted only to walking having 17% less cortical bone and 24% less trabecular bone

(Figure 4.12).
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(a)

(d)

(b)

(e)

(c)

(f)

Figure 4.11: Converged structure for walking. Contours of position dependent cortical thickness ranging from 0.1 mm to 5 mm
are shown in the top row: (a) frontal view of pelvis, (b) anterior and (c) medial views of the right innominate. Trabecular
elements’ radii distribution ranging from 0.1 mm to 2 mm is shown in the bottom row: (d) frontal view, (e) anterior and (f)
medial views of the right innominate. Trabecular elements with a radius < 0.1 mm were excluded for clarity.
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Figure 4.12: Cortical, trabecular and total bone volumes for models adapted to each
activity separately compared to the full loading regime. The data is available in in
the Appendix, in Table A1.

4.2.2.2 Stair ascent

The cortical thickness distribution of the model adapted only to stair ascent showed a

clear loss of cortical thickness compared to the benchmark model, especially along the

gluteal surface of the ilium and arcuate line (Figure 4.13a-c). Similarly, the density

of trabecular elements in the area above the acetabulum rising to the anterior iliac

crest was much lower than for the benchmark model (Figure 4.13d-f). Although the

differences in terms of cortical and trabecular architecture were more evident than for

the model adapted to walking from a visual perspective, the cortical and trabecular

bone volumes were slightly higher. The model adapted to stair ascent had 15% less

cortical bone and 22% less trabecular bone than the benchmark model (Figure 4.12).
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(a)

(d)

(b)

(e)

(c)

(f)

Figure 4.13: Converged structure for stair ascent. Contours of position dependent cortical thickness ranging from 0.1 mm to 5
mm are shown in the top row: (a) frontal view of pelvis, (b) anterior and (c) medial views of the right innominate. Trabecular
elements’ radii distribution ranging from 0.1 mm to 2 mm is shown in the bottom row: (d) frontal view, (e) anterior and (f)
medial views of the right innominate. Trabecular elements with a radius < 0.1 mm were excluded for clarity.
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4.2.2.3 Stair descent

The thickness distribution of cortex of the model adapted to stair descent, in contrast

to the model adapted to stair ascent, was more similar to the benchmark model. The

main difference was the thinner cortex along the gluteal surface near the greater sciatic

notch (Figure 4.14a-c). In terms of trabecular architecture, the inferior pubic ramus,

the ischial tuberosity and large areas in the superior ilium were regions where few or

no trabecular elements had radii greater than 0.1 mm, in contrast to the benchmark

model (Figure 4.14d-f). These particularities were confirmed by the differences in

bone volume, with the model adapted to stair descent having 6% less cortical bone

and 33% less trabecular bone (Figure 4.12).
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(a)

(d)

(b)

(e)

(c)

(f)

Figure 4.14: Converged structure for stair descent. Contours of position dependent cortical thickness ranging from 0.1 mm to 5
mm are shown in the top row: (a) frontal view of pelvis, (b) anterior and (c) medial views of the right innominate. Trabecular
elements’ radii distribution ranging from 0.1 mm to 2 mm is shown in the bottom row: (d) frontal view, (e) anterior and (f)
medial views of the right innominate. Trabecular elements with a radius < 0.1 mm were excluded for clarity.
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4.2.2.4 Sitting and standing

The models which showed the greatest differences in bone architecture were the mod-

els adapted to sit to stand and stand to sit. The cortex of both models was generally

thin across the hip bones, with thicker cortex being around the superior sacroiliac

joint and along the middle of the sacrum (Figures 4.15a-c and 4.16a-c). Across the

superior ilium, anterior superior iliac spine and superior pubic ramus trabecular ar-

chitecture was very sparse compared to the benchmark model (Figures 4.15d-f and

4.16d-f). The distinct differences are highlighted by the bone volumes of both models

in comparison to the model adapted to the full loading regime. The model adapted to

sit to stand had 42% less cortical bone volume and 69% less trabecular bone volume

than the benchmark model. The cortical and trabecular bone volumes in the model

adapted to stand to sit were 46% and 72% less than in the model adapted to all

activities, respectively.
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(a)

(d)

(b)

(e)

(c)

(f)

Figure 4.15: Converged structure for sit to stand. Contours of position dependent cortical thickness ranging from 0.1 mm to 5
mm are shown in the top row: (a) frontal view of pelvis, (b) anterior and (c) medial views of the right innominate. Trabecular
elements’ radii distribution ranging from 0.1 mm to 2 mm is shown in the bottom row: (d) frontal view, (e) anterior and (f)
medial views of the right innominate. Trabecular elements with a radius < 0.1 mm were excluded for clarity.
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(a)

(d)

(b)

(e)

(c)

(f)

Figure 4.16: Converged structure for stand to sit. Contours of position dependent cortical thickness ranging from 0.1 mm to 5
mm are shown in the top row: (a) frontal view of pelvis, (b) anterior and (c) medial views of the right innominate. Trabecular
elements’ radii distribution ranging from 0.1 mm to 2 mm is shown in the bottom row: (d) frontal view, (e) anterior and (f)
medial views of the right innominate. Trabecular elements with a radius < 0.1 mm were excluded for clarity.
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Adapting the model to individual activities has shown that, whilst they caused the

development of similar cortical and trabecular architecture in certain regions, they

each contributed to distinct structural features across the pelvis. However, that does

not necessarily mean that superimposing the effects of these activities would produce

version of bone optimised to resist the complete loading spectrum. The superimposed

model was obtained by selecting for each element i the largest thickness or cross-

sectional area from all activities (ak=walking, stair ascent, stair descent, sit to stand,

stand to sit) (Equations 4.6 and 4.7). A comparison between the cortical, trabecular

and total bone volumes of a model obtained by superimposing the singular activities

and a model adapted to all activities is shown in Figure 4.17. A mapping of the

cortical and trabecular regions where regions were highlighted based on the difference

in bone volume between the two models is shown in Figure 4.18.

T superimposed
i = max(T a1

i , T a2
i , T a3

i , T a4
i , T a5

i ) (4.6)

Asuperimposed
i = max(Aa1

i , Aa2
i , Aa3

i , Aa4
i , Aa5

i ) (4.7)

The cortical and trabecular bone volumes of the superimposed model were 37%

and 40% greater than the corresponding volumes of the model adapted simultane-

ously to the full loading regime. These results indicate that adaptation to a loading

regime consisting of multiple activities leads to a structure that can withstand loads

corresponding to each activity whilst having a lower material volume, hence a more

optimised structure.
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Figure 4.17: Comparison between cortical, trabecular and total bone volume of the
model adapted to the full loading regime and a superimposed model obtained from
models adapted to individual activities.

(a)

(b)

(c)

(d)

Figure 4.18: Cortical and trabecular mapping of regions with differences between
the superimposed model and the model adapted to the full loading regime based on
element thickness/radius. Areas where the superimposed model predicted a greater
bone volume than the adapted model are shown in red, and in blue where the super-
imposed model predicted a lower bone volume than the adapted. Regions where no
difference was found are shown in grey.
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4.2.3 Comparison to CT scan derived model

The absolute maximum principal strains on the surface of the structural model adapt-

ed to the complete loading regime and the CT scan derived model are shown in Figure

4.19. The maximum and minimum principal strains across the surface of the struc-

tural model and continuum model derived from the CT data were compared (Figure

4.20). The coefficients of correlation for both minimum (0.813) and maximum (0.809)

principal strains show a fairly good agreement between the strains predicted by the

structural model and CT derived model.

In addition to the standard correlation plots, Bland-Altman plots (Bland and

Altman, 1999) were used to compare the strain difference between models and the

average strain (Figure 4.21). The mean differences between the structural model

and the CT scan derived model were found to be −68.42µϵ for minimum principal

strains and 83.81µϵ for maximum principal strains. Linear regression lines fitting the

data show a proportional bias (p<0.05) and indicate that using crude 95% confidence

intervals would not be appropriate. V-shaped limits of agreement were constructed.

The limits of agreement indicated that the structural model is less stiff than the CT

scan derived model in some areas. The surface of the hemipelvis was separated into

regions based on the strain ratio between the two models to highlight these differences

(Figure 4.22). The regions where the structural model was not in agreement with the

CT scan derived model were identified to either have a sparse trabecular architecture

or a low cortical thickness, whereas the continuum model has a minimum stiffness

across the whole geometry. In addition, these regions corresponded to a large extent

with regions undergoing low strain in both models.
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(a)

(e)

(b)

(f)

(c)

(g)

(d)

(h)

Figure 4.19: Absolute maximum principal strain distribution for structural model (a,b,c,d) and scan derived model (e,f,g,h) in
response to the loading condition shown in Figure 4.5
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(a) Correlation coefficient: 0.813
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(b) Correlation coefficient: 0.809

Figure 4.20: Comparison between the minimum (a) and maximum (b) principal
strains across the surface of the structural model (x axis) and CT derived model
(y axis). Lines of best fit are shown in red for each case and do not differ greatly
from the y=x line shown in dashed blue.
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Figure 4.21: Bland-Altman plots showing (a) minimum and (b) maximum principal
strains as difference between the structural model and CT derived model versus mean.
Mean value and crude 95% confidence intervals are shown in blue. Regression lines
and V-shaped 95% confidence intervals are shown in red
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Figure 4.22: Lateral views of the hip bone showing regions defined by the ratio of
absolute maximum principal strains between the structural model and the CT derived
model. A ratio higher than one corresponds to the structural model predicting a
higher strain than the CT scan derived model in the highlighted region.
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4.3 Discussion

The architecture and structural features of the bony pelvis has not been studied ex-

tensively compared to other bones, as highlighted in Chapter 2. Macchiarelli et al.

(1999) investigated the gait-related trabecular architecture of the ilium and hypoth-

esized that a number of distinct trabecular trajectories form as a consequence of the

joint and muscle loads applied on the hip during gait. The trajectories proposed

by the authors were: superior bundle (sb), anterior bundle (ab), sacropubic bundle

(spb), iliocotyloid bundle (icb), ilioischial bundle (iib), trabecular chiasma (tc). These

trajectories can be quite clearly identified in the trabecular architecture of the model

adapted to walking as clusters of elements with large radii, shown in Figure 4.23a.

The trabecular structure in the ilium of the model adapted to the full loading regime

is shown in Figure 4.23b, with a more developed structure and trabecular groups

appearing in addition to the trajectories identified by Macchiarelli et al. (1999).

iib

tc

ab

icb

spb

(a) (b)

Figure 4.23: Trabecular trajectories formed in the ilium adapted from (a) walking
and (b) all activities. The trajectories highlighted correspond to regions in the ilium
with a higher trabecular density caused by walking observed by Macchiarelli et al.
(1999): superior bundle (sb), anterior bundle (ab), sacropubic bundle (spb), iliocoty-
loid bundle (icb), ilioischial bundle (iib), trabecular chiasma (tc). Truss elements
with a radius > 0.1 mm are shown in red. Truss elements with a radius of 0.1 mm
appear in blue.
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The response of the converged structural model to a loading scenario was compared

to an analogous continuum model with varying material properties derived from the

CT data. Although the comparison showed that the two models were in fairly good

agreement, the correlation was not found to be as strong as reported in previous

studies which have compared continuum models with experimental data (Anderson

et al., 2005; Leung et al., 2009). However, the sample size used for comparison in

the studies mentioned was limited to the number of strain gauges used, meaning

that a comparison between strains across the whole bone surface was not possible.

Differences between the structural model and CT derived model could be attributed to

trabecular bone in the CT derived model having a minimum stiffness of 50 MPa based

on the conversion from the HU values, while corresponding regions in the structural

model had very sparse trabecular architecture.

The structural model of the pelvis comprised of 691,852 elements and 235,914

design variables was found to have a run time of 153 s on a workstation PC with one

Intel Xeon E5-2630 v2 2.60 GHz and 64 GB of RAM. The run time for adapting the

model to the full loading regime was around 24 h. A direct comparison to another

adaptive model of the pelvis cannot be made due to lack of availability in the liter-

ature. Continuum models of the pelvis were developed from CT scans and used in

simulating loading scenarios with the number of elements varying between 190,000

and 1.2 million (Anderson et al., 2005; Li et al., 2007; Leung et al., 2009), with the

run times not being reported. A potentially better comparison can be made with

adaptive models of the femur. Boyle and Kim (2011) developed a microscale model

of the proximal femur (23.3 million elements) reporting a runtime of around 343 h for

a single combined load case. Phillips et al. (2015) reported a run time of 52 s for their

mesoscale structural model of the femur (229,113 elements) and a duration of 10 h for

the full adaptation regime. Although the current model has not been implemented

at the microscale, it is reasonable to conclude that it has a low computational cost,

comparable to a similar computationally efficient structural model of the femur.

A limitation of the combined modelling approach is that the loads applied on the
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FE model are derived from a rigid multibody system, meaning that the equilibrium

condition satisfied in the musculoskeletal model is compromised by the deformation

and displacement occuring in the FE model. Furthermore, the muscle forces are

not spread over attachment areas and the muscle compression forces onto bone are

not accounted for. The musculoskeletal model partially overcomes this limitation by

having a high number of actuators for muscles.

A limitation associated with the loading conditions applied on the model is that

they were derived from one subject. Having experimental data from multiple subjects

with similar anthropometric characteristics could have provided an envelope of loading

conditions associated with the physical activities selected for this study. This could

provide insight into the asymmetric bone structure observed for adapting the model

to a set of loading conditions derived from a singular subject.

An additional limitation is that the CT scan which was used to define the initial

model geometry originated from a different subject to the one used to derive the load-

ing conditions from. However, this limitation was partially overcome by having similar

anthropometric characteristics (height and weight) for both subjects. Although the

physical activites selected to drive bone adaptation are the most commonly encoun-

tered in daily life (Morlock et al., 2001), adapting the model to additional activities

(eg. cardiovascular exercise, strength exercise) could provide potentially valuable

insight into the effect of more strenuous physical activities on the pelvic bone archi-

tecture.

Finally, the model was developed to contain only the pelvic bones and ligaments.

Although the main focus in this Chapter was on bone adaptation, the lack of internal

organs and soft tissue connected to the pelvis can have an impact on bone adaptation

as loads in certain regions are not spread and compressive loads caused by the presence

of muscles and organs are not taken into account.
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5

Predictive continuum and hybrid

modelling of the pelvic construct
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In this chapter, the framework developed by Geraldes et al. (2016) was adapted

to simulate bone adaptation in a continuum model of the pelvic construct, using or-

thotropic and isotropic material models, respectively. The continuum models were

subjected to loading conditions associated with daily physical activities, derived from

the musculoskeletal model described in Chapter 3, §3.2, and the material properties

of each element were iteratively adapted using an adaptation algorithm based on

the Mechanostat (Frost, 2003). In addition, a number of hybrid FE models com-

prising of both structural and continuum elements were developed and run through

the adaptation pipeline to assess the effect of different modelling approaches on bone

architecture. The modelling framework is illustrated in Figure 5.1.

Load 
cases

GRF
Marker data

Principal stresses
Strain stimulus

Tetrahedral 
mesh

Yes

No

Gait
data

MSK

Pelvis
geometry

Continuum
FE model

Final
model

FE 
modelling

Adaptation

Convergence?

Figure 5.1: Modelling framework used to develop an adaptive continuum model of
the pelvic construct
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5.1 Methods

5.1.1 Finite element modelling

The base FE mesh of the continuum model originated from the same CT scan used

to develop the structural model presented in Chapter 4. The FE model consisted of

377,362 first order linear tetrahedral elements (C3D4) with an average edge length of

3.76 mm.

Ligaments, cartilage, load applicators, fixators and inertia applicator were added

to the model using the methodology described in Chapter 3, §3.3.3. Briefly, five lig-

aments (sacro-iliac, pubic, sacrospinous, scarotuberous and inguinal) and cartilage

at two joints (sacro-iliac and pubic) were built. Load applicators and fixators were

designed comprising four layers of continuum elements superposed onto the desired

bone surface. The two first layers were assigned material properties akin to cartilage

(E=10 MPa, ν=0.49), with the furthest two being assigne dstiffnesses of 10 MPa

(ν = 0.3) and 500 MPa (ν = 0.3), respectively Villette (2016). Lastly, an inertia ap-

plicator was designed to spread the inertial load of the pelvis over the whole construct

by linking its centre of mass to every node of the model with truss elements with a

radius of 0.1 mm and low stiffness (E=0.1 MPa, ν=0.3).

The musculoskeletal model and the kinematics data described in Chapter 3, §3.2,
were used to apply to the model joint contact forces, muscle forces and inertial loading

experienced during daily physical activities: walking, stair ascent, stair descent, sit

to stand and stand to sit, resulting in 39 loading frames.

A total of five FE models were developed in this chapter: an orthotropic model,

an isotropic model, two combined models where cortical bone was represented by

shell elements and trabecular model was represented by orthotropic and isotropic

continuum elements, respectively, and a combined structural model where cortical
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bone was modelled using shell elements, trabecular bone using truss elements and

continuum elements were added to provide a background stiffness to the model.

Continuum elements were assigned individual material properties using the dis-

tribution table in Abaqus as follows: orthotropic material properties were introduced

by defining a local coordinate system and assigning three sets of Young’s modulus,

Poisson’s ratio and shear modulus values; isotropic material properties were defined

by Young’s modulus and a Poisson’s ratio value of 0.3. The exception was for the

combined structural model, where the continuum elements were assigned homogenous

isotropic material properties.
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5.1.2 Bone adaptation algorithm

5.1.2.1 Orthotropic adaptation algorithm

The adaptation algorithm developed by Geraldes and Phillips (2014) and Geraldes

et al. (2016) has been adapted for the finite element model of the pelvis. The algorithm

is based on the hypothesis that each orthotropic element adapts its material orienta-

tions depending on the principal stress directions and material properties depending

on the stresses and strains resulting from the loading regime applied. Initially, each

element was assigned a Young’s modulus value of 3000 MPa, a Poisson’s ratio of 0.3

and a shear modulus value of 1500 MPa. The local coordinate system of each element

was aligned with the global coordinate system.

At each iteration i, the guiding frame (λ) was selected from the loading regime

as the frame in which the absolute normal strain had the largest value for the jth

element (Equation 5.1).

εmax
i,j = max(|εkk|λ), λ = 1, ..., n (5.1)

This was then used to extract the stress tensor, σλ
kl, associated with the guiding

frame for each element (Equation 5.2).

σλ
kl =











σλ
11 σλ

12 σλ
13

σλ
21 σλ

22 σλ
23

σλ
31 σλ

32 σλ
33











, k, l = 1, 2, 3 (5.2)

The stress tensor was then used to calculate the principal stresses, σλ
p , and vectors

associated with the principal stress directions, σλ
pv, by performing an eigenanalysis

(Equation 5.3).
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eig(σL
kl) =





















σmin
pv1 σmed

pv1 σmax
pv1

σmin
pv2 σmed

pv2 σmax
pv2

σmin
pv3 σmed

pv3 σmax
pv3











,











σmin
p 0 0

0 σmid
p 0

0 0 σmax
p





















(5.3)

The maximum absolute values for component of the strain tensor, εmax
kl , were

chosen from all loading frames (λ) for each element (Equation 5.4).

εmax
kl = max(|εkl|λ), λ = 1, ..., n (5.4)

Thus, the maximum strain matrix, εmax, can be defined using Equation 5.5.

εmax =











εmax
11 εmax

12 εmax
13

εmax
21 εmax

22 εmax
23

εmax
31 εmax

32 εmax
33











(5.5)

The bone adaptation driver was defined as a strain stimulus matrix, ε∗, associated

with both the maximum strain matrix, εmax, and the directions of the principal

stresses, σλ
pv (Equation 5.6).

ε∗ = σλ
pv

T
εmaxσλ

pv (5.6)

Geraldes et al. (2016) have argued that orthotropic bone adaptation using ε∗ as

the driving stimulus comes in agreement with both the Mechanostat (Frost, 2003)

and bone trajectory (Skedros and Baucom, 2007) theories.

The material properties of each element were adjusted to bring the local strains

within the lazy zone. As discussed in Chapter 2, the normal target strain, εnt, was

assigned a value of 1250µε, with the lazy zone ranging from 1000µε to 1500µε. The

normal strain ranges associated with the dead zone, bone resorption, the lazy zone
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and bone apposition for the jth element at iteration i are shown in Equation 5.7.

The Young’s moduli in each orthogonal direction (Ek
i,j, k = 1, 2, 3) were adjusted

proportionally as a function of the normal stimulus strains and the target strain

(Equation 5.8), limited between 10 MPa and 18 GPa (Dalstra et al., 1995b). Elements

with all normal strains corresponding to the dead zone were assigned the minimum

stiffness values and were not re-adjusted in the subsequent iterations of the adaptation

process.

ϕi,j =







































−1, if |ε∗kk| < 250µε (Dead zone)

1, if 250µε ≤ |ε∗kk| < 1000µε (Bone resportion)

0, if 1000µε ≤ |ε∗kk| ≤ 1500µε (Lazy zone)

1, if |ε∗kk| > 1500µε (Bone apposition)

(5.7)

Ek
i,j =



























10MPa, if ϕi,j = −1

Ek
i−1,j

|ε∗kk|
εnt

, if ϕi,j = 1

Ek
i−1,j, if ϕi,j = 0

(5.8)

The Poisson’s ratios for the jth element at iteration i, νi,j

kl , were limited to an upper

value of 0.3 and were altered to satisfy the thermodynamic restrictions on the elastic

constants of bone (Cowin and Van Buskirk, 1986) (Equation 5.9) and to ensure that

the compliance matrix was always positive definite.

Ei,j

k

Ei,j

l

> (νi,j

kl )
2 (5.9)

To maintain the equality in Equation 5.10, one of νi,j

kl and νi,j

lk was altered whilst

the other was kept at 0.3.
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νi,j

lk

Ei,j

l

=
νi,j

kl

Ei,j

k

(5.10)

The resistance of trabecular bone to shear strains in the case of multiple complex

loading scenarios has been highlighted in previous studies (Skedros and Baucom, 2007;

Geraldes et al., 2016). Albeit the authors made these observations when studying the

proximal femur, it can be argued that shear strains play an important role in areas

of the pelvic construct that are subjected to complex loading conditions.

To adapt the shear moduli of each element, a target shear strain was used, εst, the

value of which was calculated using the octahedral shear strain, γo, defined according

to Equation 5.11.

γo =
2

3

√

(ε11 − ε22)2 + (ε22 − ε33)2 + (ε33 − ε11)2 + 6(ε212 + ε223 + ε213) (5.11)

Octahedral shear strain has been used in previous studies as a bone remodelling

driver (Carter et al., 1998; Shefelbine et al., 2005). Equation 5.11 can be simplified for

the cases of pure axial loading (ε11 = εnt; ε22 = ε33 = ε12 = ε13 = ε23 = 0) (Equation

5.12) and pure shear loading (ε12 = εst; ε11 = ε22 = ε33 = ε13 = ε23 = 0) (Equation

5.13).

γo =
2
√
2

3
εnt (5.12)

γo =
2
√
6

6
εst (5.13)

Equating Equation 5.12 and Equation 5.13, the equivalent engineering shear target

strain can be found (Equation 5.14). For a normal target strain value of 1250µε, the
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shear target strain is 1443µε.

γst = 2εst = 2

√
2√
6
εnt (5.14)

The shear moduli of each element, Gn
ij, were updated proportionally at every

iteration, n, as a function of the shear stimulus strain and the target shear strain,

γst, with a lazy zone ranging from 1154 µstrain to 1732 µstrain. The shear strain

ranges associated with bone resorption, the lazy zone and bone apposition for the

jth element at iteration i are given in Equation 5.15. The shear moduli are updated

using Equation 5.16.

ϕs
i,j =



























1, if |ε∗kl| < 1154µε (Bone resorption)

0, if 1154µε ≤ |ε∗kl| ≤ 1732µε (Lazy zone)

1, if |ε∗kl| > 1732µε (Bone apposition)

(5.15)

Gi,j

kl =











Gi,j

kl

|ε∗kl|
γst

, if ϕs
i,j = 1

Gi,j

kl , if ϕs
i,j = 0

(5.16)

At each iteration, the material orientations of each element were rotated to match

the local principal stress directions obtained by performing an eigen-analysis of the

stress tensor associated with each element (Equation 5.3) (Geraldes and Phillips,

2010). The three orthotropic axes, x1, x2 and x3 were associated to with the minimum,

σmin
pv , medium, σmed

pv and maximum, σmax
pv , principal stress directions, respectively

(Figure 5.2).

The association of the first orthotropic axis with the minimum principal stress

direction is based on the hypothesis that the predominant loading mode of the pelvis

is compression, similar to the femur (Taylor et al., 1996; Sverdlova and Witzel, 2010;

Geraldes et al., 2016). To avoid flic-flac of the local material orientations, the elements
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x2

x3
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x2
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σmin

σmax

x1

x2

x3

Figure 5.2: Illustration of the rotation of local coordinate system associated with an
element to match the directions of the principal stresses

for which between successive iterations the angle between the old minimum principal

axis and new minimum principal axis was lower than 5◦ or greater than 175◦ were

kept with the local orientation from the previous iteration.

The convergence criterion was defined as when the average change in Young’s mod-

uli of elements with absolute normal strain values above 250 µε and Young’s moduli

greater than 10 MPa (outside the dead zone) was less than 2% between successive

iterations (Geraldes and Phillips, 2010).

5.1.2.2 Isotropic adaptation algorithm

As isotropic adaptation does not require directional material properties, at iteration

i, the Young’s modulus of element j was updated proportionally to the maximum

absolute principal strain (εmax) taken across all loading frames (λ) and the normal

target strain (Equations 5.17 - 5.19). The target strain and Young’s modulus range

used were the same as in the orthotropic adaptation algorithm. Each element’s Pois-

son’s ratio was assigned a constant value of 0.3. Initially, each element was assigned

a Young’s modulus value of 3000 MPa and a Poisson’s ratio of 0.3, similar to the

orthotropic model. It should be noted that in the case of isotropic adaptation, the

values for Poisson’s ratio were not changed.

εmax
i,j = max(|εmax|λ), λ = 1, ...n (5.17)
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ϕi,j =







































−1, if |εmax
i,j | < 250µε (Dead zone)

1, if 250µε ≤ |εmax
i,j | < 1000µε (Bone resportion)

0, if 1000µε ≤ |εmax
i,j | ≤ 1500µε (Lazy zone)

1, if |εmax
i,j | > 1500µε (Bone apposition)

(5.18)

Ei,j =



























10MPa, if ϕi,j = −1

Ei−1,j

|εmax
i,j |
εnt

, if ϕi,j = 1

Ei−1,j, if ϕi,j = 0

(5.19)

The convergence criterion for isotropic adaptation was the same as the criterion

used for orthotropic adaptation.

5.1.3 Adaptation algorithms for hybrid models

All three combined models were subjected to the same loading environment used in

adapting the continuum and structural models.

5.1.3.1 Hybrid orthotropic model

The orthotropic material properties and shell thickness were iteratively updated using

a combination of the orthtoropic continuum and structural adaptation algorithms.

Initially, each continuum element was assigned a Young’s modulus value of 300 MPa,

a Poisson’s ratio of 0.3 and a shear modulus value of 150 MPa. The upper limit

for Young’s modulus was set to 2 GPa (Dalstra et al., 1995b). The local coordinate

systems of each element were aligned initially with the global coordinate system. Each

shell element was assigned a Young’s modulus value of 18 GPa, a Poisson’s ratio of
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0.3 and an initial thickness of 0.1 mm.

After each iteration, continuum orthotropic elements were adapted using the al-

gorithm presented in §5.1.2.1 and the thickness of shell elements was adapted using a

part of the algorithm presented in Chapter 4, §4.1.2. Convergence was achieved when

both criteria for continuum orthotropic adaptation and structural shell adaptation

were satisfied simultaneously.

5.1.3.2 Hybrid isotropic model

Similarly, the isotropic material properties and shell thickness were iteratively up-

dated using a combination of the isotropic continuum and structural adaptation al-

gorithms. Initially, each element was assigned a Young’s modulus value of 300 MPa

with an upper limit of 2 GPa, and a Poisson’s ratio of 0.3. Each shell element was

assigned a Young’s modulus value of 18 GPa, a Poisson’s ratio of 0.3 and an initial

thickness of 0.1 mm.

After each iteration, continuum isotropic elements were adapted using the algo-

rithm presented in §5.1.2.2 and the thickness shell elements was adapted using the

algorithm presented in Chapter 4, §4.1.2. Convergence was achieved when both crite-

ria for continuum isotropic adaptation and structural shell adaptation were satisfied

simultaneously.

5.1.3.3 Hybrid structural model

The hybrid structural model was adapted using the algorithm presented in Chapter

4, §4.1.2, as the continuum elements had a constant elastic modulus throughout the

adaptation process. The structural elements were assigned the same initial proper-

ties as in the purely structural model, whereas the continuum elements, which would

maintain the same elastic modulus throughout the adaptation process, were assigned
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isotropic material properties, with a Young’s modulus value of 50 MPa, and a Pois-

son’s ratio of 0.3, matching the minimum elastic modulus value in the CT scan derived

model.

5.2 Results

5.2.1 Orthotropic model

5.2.1.1 Bone architecture

The continuum orthotropic model of the pelvis was found to converge after 60 it-

erations, when the average change in Young’s moduli of elements outside the dead

zone was less than 2%. The distributions of directional Young’s moduli are shown

in Figures 5.3, 5.4 and 5.5. For all three Young’s moduli, large values were found

mainly across the sacrum, around the sacroiliac joint on the ilium, along the arcuate

line and in the region of the greater sciatic notch. Albeit more sparsely, stiff elements

were identified along the superior and inferior pubic rami, at the anterior inferior iliac

spine and in the acetabulum. Interestingly, there were no clear differences between

distributions of the three Young’s moduli. In addition, regions with stiff elements

appeared to also contain elements with low stiffness, rather than a continuous area of

elements with large Young’s moduli. These results suggest that there are no distinct

regions in the pelvis that exhibit exclusively compressive or tensile behaviours under

loading scenarios associated with daily physical activities. In contrast, long bones,

such as the femur, were found to have distinct regions which are loaded mainly in

compression or tension (Geraldes et al., 2016).

90



Figure 5.3: Distribution of E1 (MPa), associated with minimum principal strains,
across the pelvis

Figure 5.4: Distribution of E2 (MPa), associated with medium principal strains,
across the pelvis
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Figure 5.5: Distribution of E3 (MPa), associated with maximum principal strains,
across the pelvis

The density of each element was calculated using a method developed by Geraldes

et al. (2016), described in full the the electronic supplementary material of the journal

article. Briefly, the method considers a cube of unit volume to calculate the relative

density (ratio of solid volume to total volume) based on the dimensions of each in-

ternal cuboid representing the solid phase, assumed to be isotropic (Figure 5.6). The

thickness of each cuboid was calculated based on the ratios between the orthotrop-

ic Young’s moduli and shear moduli compared to the maximum permissible values.

The maximum thickness of each cuboid was limited to 0.7286, which was obtained

by taking into account the minimum bone porosity (pmin =0.02). Each thickness was

calculated using Equation 5.20, where Emax and Gmax are the maximum value of

Young’s modulus and shear modulus, respectively.
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t31

t23

t12

x2

x3

x1

Figure 5.6: Cube of unit volume with internal cuboids representing the solid phase
for each of the three orthotropic directions (x1, x2, x3)

tij = max

(

Ei

Emax

,
Gij

Gmax

)

tmax (5.20)

The relative density of each element was obtained using Equation 5.21. Finally,

the values were then multiplied by a tissue density value of 2.11 g/cm3 (Geraldes

et al., 2016).

ρ = t12 + (1− t12)(t23 + t31 − t23t31) (5.21)

The distribution of the mean of Young’s moduli along with the density distribution

across the model is shown in Figure 5.7. The mean Young’s modulus for each element
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was calculated as the average between the three directional Young’s moduli (Eq.

5.22).

Emean =
E1 + E2 + E3

3
(5.22)

Regions with large mean Young’s modulus and high density were found around the

sacroiliac joint, along the arcuate line, around the top of the sacrum, along the su-

perior pubis ramus, in the acetabulum and between the posterior inferior iliac spine

and greater sciatic notch. Low mean Young’s modulus and low densities were found

at the iliac fossa, ischial tuberosity and inferior sacrum.

To obtain a clearer view of the distribution of element orientations, a number of

transverse slices of the model were visualised by plotting the dominant orientation

of each element within the slice. In addition, the shading intensity of each element

is based on the dominant Young’s modulus value of the element. The slices were

visually compared to corresponding transverse slices from the CT data (Figure 5.8).

Across all slices, it can be observed that cortical bone has developed as elements near

the surface of bone have high Young’s moduli and the dominant orientations appear

to be somewhat aligned with the surface of bone. In terms of trabecular bone, the

model and CT images share similar region with low or high stiffness.
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(a)

(d)

(b)

(e)

(c)

(f)

Figure 5.7: Distributions of mean Young’s moduli (MPa) (a,b,c) and density (g/cm3) (d,e,f) across the continuum orthotropic
model
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(a)

(b)

(c)

(e)

(g)

(d)

(f)

(h)

Figure 5.8: Figure illustrating transverse slices from the CT scans (a, c, e, g) shown along with corresponding slices of the pelvic
model (b, d, f, h) generated using an in-house code developed in MATLAB. The shading intensity of each element is based on
the dominant Young’s modulus (black - low E; white - high E)
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5.2.1.2 Comparison to CT derived model

The response of the converged orthotropic model to a simple load case was compared

to the subject specific model described in Chapter 3, §3.4. To compare the surface

strains of both models in a consistent, a layer of shell elements with a uniform thick-

ness of 1 mm and low stiffness (E=0.1MPa) were included in the orthotropic model.

The absolute maximum principal strains on the surface of both models are shown in

Figure 5.9. The maximum and minimum principal strains across the surface of the

orthotropic model and subject specific model were compared (Figure 5.10).

The coefficients of correlation for both minimum (0.881) and maximum (0.886)

principal strains show a good agreement between the strains predicted by the or-

thotropic model and CT derived model.
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(a)
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(h)

Figure 5.9: Absolute maximum principal strain distribution for continuum orthotropic model (a,b,c,d) and scan derived model
(e,f,g,h) in response to the loading condition shown in Figure 4.5

98



−3000 −2000 −1000 0 1000
−3000

−2000

−1000

0

1000

Minimum principal strains

Model strain (µε)

C
T

 d
er

iv
ed

 s
tr

ai
n

 (
µ

ε
)

 

 

data
y=0.87x−50.59
y=x

(a) Correlation coefficient: 0.881
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(b) Correlation coefficient: 0.886

Figure 5.10: Comparison between the minimum (a) and maximum (b) principal
strains across the surface of the continuum orthotropic model (x axis) and CT derived
model (y axis). Lines of best fit are shown in red for each case, with y=x line shown
in dashed blue.

Bland-Altman plots (Bland and Altman, 1999) were used to compare the strain

difference between models and the average strain (Figure 5.11). The mean differences

between the orthotropic model and the CT scan derived model were found to be

28.20µϵ for minimum principal strains and −46.45µϵ for maximum principal strains.

Linear regression lines fitting the data show a proportional bias (p<0.05) and indicate

that using crude 95% confidence intervals would not be appropriate. V-shaped limits

of agreement were constructed. Both types of agreement limits indicate a good match

between the orthotropic model and the CT scan derived model.
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Figure 5.11: Bland-Altman plots showing (a) minimum and (b) maximum principal
strains as difference between the orthotropic model and CT derived model versus
mean. Mean value and crude 95% confidence intervals are shown in blue. Regression
lines and V-shaped 95% confidence intervals are shown in red.
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5.2.2 Isotropic model

5.2.2.1 Bone architecture

The continuum isotropic model reached a state of convergence after 25 iterations.

The density of each element was calculated using the method presented in §5.2.1.1,
adapted to an isotropic material. The Young’s modulus and density distributions of

the converged isotropic model are shown in Figure 5.12. Regions with high density

and stiffness were found along the arcuate line, anterior superior sacrum, superior

pubis ramus, acetabulum and near the greater sciatic notch. Conversely, large parts

of the ilium, inferior pubis ramus and inferior sacrum were found to have a low density

and stiffness.
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(a)

(d)

(b)

(e)

(c)

(f)

Figure 5.12: Distributions of mean Young’s moduli (MPa) (a,b,c) and density (g/cm3) (d,e,f) across the continuum isotropic
model
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5.2.2.2 Comparison to CT derived model

The response of the converged isotropic model to a simple load case was compared

to the subject specific model described in Chapter 3, §3.4. To compare the surface

strains of both models correctly, a layer of shell elements with a uniform thickness

of 1 mm and low stiffness (E=0.1MPa) were included in the isotropic model. The

absolute maximum principal strains on the surface of both models are shown in Figure

5.13. The maximum and minimum principal strains across the surface of the isotropic

model and subject specific model were compared (Figure 5.14).
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Figure 5.13: Absolute maximum principal strain distribution for continuum isotropic model (a,b,c,d) and scan derived model
(e,f,g,h) in response to the loading condition shown in Figure 4.5
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(a) Correlation coefficient: 0.798
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(b) Correlation coefficient: 0.794

Figure 5.14: Comparison between the minimum (a) and maximum (b) principal
strains across the surface of the continuum isotropic model (x axis) and CT derived
model (y axis). Lines of best fit are shown in red for each case, with y=x line shown
in dashed blue.

Bland-Altman plots were used to compare the strain difference between models

and the average strain (Figure 5.15). The mean differences between the isotropic

model and the CT scan derived model were found to be−550µϵ for minimum principal

strains and 484.87µϵ for maximum principal strains. Linear regression lines fitting the

data show a proportional bias (p<0.05) and indicate that using crude 95% confidence

intervals would not be appropriate. V-shaped limits of agreement were constructed

and indicate that the isotropic model is less stiff than the CT scan derived model in

most of the regions.
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Figure 5.15: Bland-Altman plots showing (a) minimum and (b) maximum principal
strains as difference between the isotropic model and CT derived model versus mean.
Mean value and crude 95% confidence intervals are shown in blue. Regression lines
and V-shaped 95% confidence intervals are shown in red.
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5.2.3 Hybrid orthotropic model

5.2.3.1 Bone architecture

The hybrid orthotropic model of the pelvis was found to converge after 44 iterations.

The cortical thickness distribution is illustrated in Figure 5.16. Thick shell elements

appeared at the superior sacrum, around the sacroiliac joint, along the superior pubic

ramus and in the region of the greater sciatic notch. Areas with thin shell elements

were found on the superior ilium, inferior pubic ramus, ischial tuberosity and supraac-

etabular region.

(a) (b) (c)

Figure 5.16: Cortical thickness distribution for the converged model.

The distribution of mean Young’s moduli along with the density distribution of

the continuum elements of the hybrid orthotropic model is shown in Figure 5.17.

The mean Young’s modulus for each element was calculated as the average between

the three directional Young’s moduli (Eq. 5.22). The density of each element was

calculated using the method presented in §5.2.1.1.

Regions with large mean Young’s modulus and high density were found around the

sacroiliac joint, on the arcuate line close to the sacrum, around the top of the sacrum,

along the superior pubis ramus, around the superior acetabulum and between the

posterior inferior iliac spine and greater sciatic notch. Low mean Young’s modulus

and low densities were found at the iliac fossa, ischial tuberosity, inferior sacrum and
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superior ilium.
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(a)
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(f)

Figure 5.17: Distributions of mean Young’s moduli (MPa) (a,b,c) and density (g/cm3) (d,e,f) across trabecular bone of the
hybrid orthotropic model
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5.2.3.2 Comparison to CT derived model

The response of the converged hybrid orthotropic model to a simple load case was

compared to the subject specific model described in Chapter 3, §3.4. As opposed

to the previous two models, the current model already had a layer of shell elements.

The absolute maximum principal strains on the surface of both models are shown in

Figure 5.18. The maximum and minimum principal strains across the surface of the

hybrid orthotropic model and subject specific model were compared (Figure 5.19).
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(a)
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(g)
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(h)

Figure 5.18: Absolute maximum principal strain distribution for hybrid orthotropic model (a,b,c,d) and scan derived model
(e,f,g,h) in response to the loading condition shown in Figure 4.5
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(a) Correlation coefficient: 0.837
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(b) Correlation coefficient: 0.828

Figure 5.19: Comparison between the minimum (a) and maximum (b) principal
strains across the surface of the hybrid orthotropic model (x axis) and CT derived
model (y axis). Lines of best fit are shown in red for each case, with y=x line shown
in dashed blue.

Bland-Altman plots were used to compare the strain difference between mod-

els and the average strain (Figure 5.20). The mean differences between the hybrid

orthotropic model and the CT scan derived model were found to be −175.2µϵ for min-

imum principal strains and 157.7µϵ for maximum principal strains. Linear regression

lines fitting the data show a proportional bias (p<0.05) and indicate that using crude

95% confidence intervals would not be appropriate.

V-shaped limits of agreement were constructed and indicate that the hybrid or-

thotropic model is less stiff than the CT scan derived model in most of the regions
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Figure 5.20: Bland-Altman plots showing (a) minimum and (b) maximum principal
strains as difference between the hybrid orthotropic model and CT derived model
versus mean. Mean value and crude 95% confidence intervals are shown in blue.
Regression lines and V-shaped 95% confidence intervals are shown in red.
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5.2.4 Hybrid isotropic model

5.2.4.1 Bone architecture

The hybrid isotropic model reached a state of convergence after 24 iterations. The

cortical thickness distribution is shown in Figure 5.21. Shell elements were the thickest

at the superior sacrum, along the arcuate line, around the sacroiliac joint, along the

superior pubic ramus and in the region of the greater sciatic notch. Areas with

thin shell elements were found on the superior ilium, inferior pubic ramus, ischial

tuberosity, pubic tubercle and supraacetabular region.

(a) (b) (c)

Figure 5.21: Cortical thickness distribution for the converged model.

The Young’s modulus and density distributions of the continuum elements in the

hybrid isotropic model are shown in Figure 5.22. The density of each element was

calculated using the method presented in §5.2.1.1, adapted to an isotropic material.

Regions with high density and stiffness were found along the arcuate line, anterior

superior sacrum, superior pubis ramus, acetabulum and near the greater sciatic notch.

Conversely, large parts of the ilium, inferior pubis ramus and inferior sacrum were

found to have a low density and stiffness.
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(a)
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(c)

(f)

Figure 5.22: Distributions of Young’s moduli (MPa) (a,b,c) and density (g/cm3) (d,e,f) across trabecular bone of the hybrid
isotropic model
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The response of the converged hybrid isotropic model to a simple load case was

compared to the subject specific model described in Chapter 3, §3.4. As opposed to

the purely continuum models, the current model already had a layer of shell elements.

The absolute maximum principal strains on the surface of both models are shown in

Figure 5.23. The maximum and minimum principal strains across the surface of the

isotropic model and subject specific model were compared (Fig. 5.24).

In contrast to the orthotropic model, the strains predicted by the hybrid isotropic

model showed a weaker agreement to the strains predicted by the subject specific

model, with a correlation coefficient of 0.84 for both minimum principal strains and

maximum principal strains.
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Figure 5.23: Absolute maximum principal strain distribution for hybrid isotropic model (a,b,c,d) and scan derived model (e,f,g,h)
in response to the loading condition shown in Figure 4.5
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5.2.4.2 Comparison to CT derived model
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(a) Correlation coefficient: 0.844
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(b) Correlation coefficient: 0.846

Figure 5.24: Comparison between the minimum (a) and maximum (b) principal
strains across the surface of the hybrid isotropic model (x axis) and CT derived
model (y axis). Lines of best fit are shown in red for each case, with y=x line shown
in dashed blue.

Bland-Altman plots were used to compare the strain difference between models and

the average strain (Figure 5.25). The mean differences between the hybrid isotropic

model and the CT scan derived model were found to be −174.5µϵ for minimum

principal strains and 157.2µϵ for maximum principal strains. Linear regression lines

fitting the data show a proportional bias (p<0.05) and indicate that using crude 95%

confidence intervals would not be appropriate.

V-shaped limits of agreement were constructed and indicate that the hybrid

isotropic model is less stiff than the CT scan derived model in most of the regions.
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(b)

Figure 5.25: Bland-Altman plots showing (a) minimum and (b) maximum principal
strains as difference between the hybrid isotropic model and CT derived model versus
mean. Mean value and crude 95% confidence intervals are shown in blue. Regression
lines and V-shaped 95% confidence intervals are shown in red.
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5.2.5 Hybrid structural model

5.2.5.1 Bone architecture

The hybrid structural model was found to converge after 34 iterations. Cortical

thickness and trabecular radius distributions are shown in Figure 5.26. Regions with

thick cortical elements were found at the superior sacrum, superior pubic ramus,

along the gluteal surface, along the arcuate line and around the greater sciatic notch.

Thin regions (0.1-0.5 mm) were identified on the ilium, inferior pubic ramus, ischial

tuberosity and posterior superior iliac spine.

Regions with thick trabecular elements developed at the superior sacrum, supra

acetabular region and along the arcuate line. The iliac fossa, inferior acetabulum,

inferior pubic ramus and inferior sacrum were found to have few and thin (0.1-0.25

mm) trabecular elements.
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(a)

(d)

(b)

(e)

(c)

(f)

Figure 5.26: Contours of position dependent cortical thickness ranging from 0.1 mm to 5 mm are shown in the top row: (a)
frontal view of pelvis, (b) anterior and (c) medial views of the right innominate. Trabecular elements’ radii distribution ranging
from 0.1 mm to 2 mm is shown in the bottom row: (d) frontal view, (e) anterior and (f) medial views of the right innominate.
Trabecular elements with a radius of 1 µm were excluded for clarity.
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(a)
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(h)

Figure 5.27: Absolute maximum principal strain distribution for hybrid structural model (a,b,c,d) and scan derived model
(e,f,g,h) in response to the loading condition shown in Figure 4.5
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5.2.5.2 Comparison to CT derived model

The response of the converged hybrid structural model to a simple load case was

compared to the subject specific model described in Chapter 3, §3.4. The absolute

maximum principal strains on the surface of both models are shown in Figure 5.27.

The maximum and minimum principal strains across the surface of the isotropic model

and subject specific model were compared (Figure 5.28).

The coefficients of correlation for minimum and maximum principal strains were

0.846 and 0.848, respectively, indicating a good agreement between models.
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(a) Correlation coefficient: 0.846
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(b) Correlation coefficient: 0.848

Figure 5.28: Comparison between the minimum (a) and maximum (b) principal
strains across the surface of the hybrid structural model (x axis) and CT derived
model (y axis). Lines of best fit are shown in red for each case, with y=x line shown
in dashed blue.

Bland-Altman plots were used to compare the strain difference between mod-

els and the average strain (Figure 5.29). The mean differences between the hybrid

isotropic model and the CT scan derived model were found to be −56.84µϵ for mini-

mum principal strains and 71.52µϵ for maximum principal strains. Linear regression

lines fitting the data show a proportional bias (p<0.05) and indicate that using crude

95% confidence intervals would not be appropriate.
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(b)

Figure 5.29: Bland-Altman plots showing (a) minimum and (b) maximum principal
strains as difference between the hybrid structural model and CT derived model versus
mean. Mean value and crude 95% confidence intervals are shown in blue. Regression
lines and V-shaped 95% confidence intervals are shown in red.
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5.3 Discussion and concluding remarks

This chapter presented a predictive framework for two continuum FE models of the

pelvic construct with orthotropic and isotropic material properties. In addition, three

combined continuum-structural models were developed and assessed to provide a

comprehensive image of the capabilities of the modelling approaches presented in

Chapter 4 and the present Chapter. In each case, the FE models were adapted

to a loading environment corresponding to five physical activities common in daily

life. The converged models were visually assessed in terms of bone architecture and

compared to a CT scan derived FE model to quantitatively compare their mechanical

response.

The cumulative density distributions predicted by the isotropic and orthotropic

models were compared to the CT data (Figure 5.30). The main difference between

the distributions is a much greater number of low density elements present in both

predictive models compared to the CT data. In addition, the distribution of the

orthotropic model shows an almost vertical increase at 1.5 g/cm3, corresponding to

stiff regions in the cortex.
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Figure 5.30: Cumulative distributions of predicted density values for the isotropic
(blue) and orthotropic (red) models compared to density values extracted from the
CT scan (black) in g/cm3

A frequency distribution of Young’s modulus values for the CT derived model,

orthotropic model and isotropic model is shown in Figure 5.31. Both predictive models

have a similar distribution of elastic moduli, with over 70% of elements having a

stiffness lower than 2 GPa. Conversely, the CT scan derived model has approximately

40% low stiffness elements and a greater number of elements from 2 GPa up to 16

GPa compared to the predictive models.

The average Young’s moduli of the orthotropic, isotropic and CT scan derived

models were 819.2 MPa (median = 47.3 MPa), 1688 MPa (median = 541.6 MPa)

and 3728.5 MPa (median = 2148.4 MPa), respectively. An interesting aspect is

that, despite the orthotropic model having the lowest average stiffness, its behaviour

under loading was more similar to the CT scan derived model than the isotropic

model, as shown in Table 5.1. An explanation for this are the directional material

properties associated with the orthotropic model, which enable regions of bone to
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have a higher stiffness in a certain direction. Directional stiffness enables the use

of less bone material whilst maintaining a higher overall stiffness, as opposed to an

isotropic approach.
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Figure 5.31: Frequency distribution of elastic moduli of the three continuum models:
CT scan derived, isotropic and orthotropic.

Model εmin(R
2) εmax(R

2) εmin (slope) εmax(slope)

Orthotropic 0.78 0.79 0.87 0.84

Isotropic 0.64 0.63 0.33 0.33

Hybrid orthotropic 0.70 0.69 0.60 0.59

Hybrid isotropic 0.71 0.72 0.60 0.59

Hybrid structural 0.72 0.72 0.74 0.74

Structural 0.66 0.65 0.69 0.70

Table 5.1: Coefficients of determination and slopes of the line of best fit for each
adaptive model compared to the CT scan derived model. A slope value of 1 means a
perfect match between models.

Frequency distributions of trabecular elastic moduli for the hybrid isotropic and

hybrid orthotropic models are shown in Figure 5.32. Similar to the purely orthotropic

model, over 80% of elements had at least one directional elastic modulus lower than

200 MPa. Young’s moduli of the isotropic model were more distributed, with fewer low

stiffness elements and consistently more elements than the orthotropic counterpart

for values ranging from 200 MPa to 2000 MPa. Interestingly, both models compared
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similarly to the CT derived model (Table 5.1), meaning that adding a layer of shell

elements to represent the cortex improved the performance of the isotropic model,

but caused the orthotropic model to have a less favourable response.

The frequency distribution of cortical shell thicknesses for the hybrid isotropic and

orthotropic models, along with the hybrid structural and purely structural models is

shown in Figure 5.33. The hybrid continuum models predicted a similar distribution

of cortical thickness, which suggests that the drastic change in trabecular elastic

modulus distribution for the hybrid isotropic model was the key factor in improving

its performance with respect to the purely isotropic model when compared to the CT

scan derived model.

The hybrid structural model performed slightly better than the purely structural

model when compared to the CT scan derived model, suggesting that using back-

ground stiffness even at the start of the adaptation process can have an impact on

the overall stiffness of the resulting model.
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Figure 5.32: Frequency distribution of trabecular elastic moduli for the hybrid isotrop-
ic and hybrid orthotropic models.
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Figure 5.33: Frequency distribution of the cortical thickness for the hybrid isotropic,
hybrid orthotropic, hybrid structural and structural models.

A distribution of Young’s modulus with respect to density for the predictive or-

thotropic and isotropic models of the right pelvic innominate along with the empirical

relationship for the CT scan derived model is shown in Figure 5.34.

The distributions of the three models can explain the reason for the orthotropic

model having a more similar overall stiffness as the CT scan derived model as opposed

to the isotropic model. The plots highlight how the dominant Young’s modulus values

(largest value of the three Young’s moduli) in the elements of the orthotropic model

increase its stiffness compared to the isotropic model as the mean Young’s modulus

values would suggest a less stiff model compared to the isotropic model.
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(a) (b)

Figure 5.34: Distribution of Young’s modulus with respect to density for predictive
orthotropic and isotropic models of the right pelvic innominate along with empirical
distribution of CT derived model of the right pelvic innominate. For orthotropic
model, distribution of mean Young’s modulus is shown in (a) and dominant Young’s
modulus in (b). For each element of the orthotropic model, the data point is colour
coded corresponding to the dominant Young’s modulus.

A potential limitation of the continuum models developed is the scale at which

they were developed. The average edge length of each element was 3.76 mm, sug-

gesting a model closer to macroscale rather than microscale. This can lead to errors

in predicting the stiffness of elements in areas where complex loads occur. In addi-

tion, modelling bone void is not realistic at this scale. However, an important factor

in deciding the scale of the models was computational efficiency. Further details on

mesh resolution impact on continuum adaptation and computational efficiency are

presented in Chapter 6.

All models were found to have run times of approximately 3 minutes for a single

loadcase on a workstation PC with one Intel Xeon E5-2630 v2 2.60 GHz and 64 GB

of RAM. The overall run times for adapting the models to the full loading regime

were approximately 40 hours for the orthotropic model, 24 hours for the isotropic

model, 38 hours for the hybrid orthotropic model, 25 hours for the hybrid isotropic

model and 28 hours for the hybrid structural model. The isotropic, hybrid isotropic

and hybrid structural models were comparable to the structural model presented in
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Chapter 4 in terms of computational efficiency. The main factor in slowing down

the adaptation of the orthotropic and hybrid orthotropic models was post-processing.

Adapting a model with a much finer mesh to the same loading regime would result in a

run time which would not be reasonable. Thus, although the scale poses a limitation,

the models present a good balance between accuracy and computational efficiency as

they provide valuable information on bone architecture while running in a reasonable

amount of time.

In terms of use of the models presented in this Chapter, the purely continuum

models were shown to lack the capability of distinguishing between cortical and tra-

becular bone as they do not predict cortical thickness. This can be a hindrance in the

cases when bone architecture needs to be assessed locally. Although the combined

continuum models overcome this limitation, they do not provide sufficient information

on bone architecture.

The combined orthotropic model provides trabecular bone directionality in ad-

dition to the combined isotropic model, but it does not allow for an assessment of

trabecular bone architecture locally, such as investigating inter-trabecular angles.

This capability is provided by the purely structural and combined structural models.

When investigating the effects of a rehabilitation regime on bone architecture, the

combined continuum models can be used with the caveat that the combined isotropic

model only provides information on bone mineral density. In addition, the structural

model is more appropriate for fracture modelling given its capabilities to predict

fracture onset and progression.

The models presented in this Chapter served as a tool to benchmark the structural

model against continuum modelling approaches.
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6

Sensitivity studies

A portion of this chapter is included as supplementary material in the journal article:

Zaharie, D. T., & Phillips, A. T. (2018). Pelvic construct prediction of trabecular and

cortical bone structural architecture. Journal of Biomechanical Engineering, 140(9),

091001.
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This chapter investigates the sensitivity of the structural and continuum modelling

pipelines presented in Chapters 2 and 3. A sensitivity study is a useful approach

to gain insight on the effects parameters or characteristics of a model have on its

predictions. Several previous studies concerning the development of an FE model of

the pelvic construct have used a sensitivity study to gain a better understanding on

how sensitive the models developed were to the chosen parameters (Anderson et al.,

2005; Li et al., 2007; Leung et al., 2009).

Anderson et al. (2005) assessed the sensitivity of their model to variations in cor-

tical and trabecular bone Poisson’s ratio, cartilage elastic modulus and cortical and

trabecular bone elastic modulus, and cortical thickness. They applied vertically ori-

ented loads (0.25, 0.5, 0.75 and 1.0 × body weight) through the hip joint to simulate

upright standing posture. To quantify the effects of alterations, they compared the

predicted cortical strains. They found that cortical surface strains were ten and fif-

teen times more sensitive to changes in cortical thickness and cortical bone elastic

modulus, respectively, compared to changes in trabecular elastic modulus. The au-

thors suggested that the FE predicted strains were not very sensitive to changes in

cartilage modulus, cartilage thickness, cortical and trabecular bone Poisson’s ratio.

Li et al. (2007) conducted a sensitivity study under drop tower lateral impact

conditions to quantify the sensitivity of their FE model to changes in material prop-

erties of cortical and trabecular bone, as well as the soft tissue defining the pubic

symphysis. Similar to the findings of Anderson et al. (2005), they noted that cortical

bone stresses were more sensitive to changes in cortical elastic modulus, as opposed

to trabecular elastic modulus. They found that two fold increases of the linear elastic

material properties assigned to hip ligaments and sacroiliac ligaments had a small ef-

fect on predicted cortical stresses (less than 5%). They also suggested that doubling

the parameters concerned with the hyperelastic material properties used for the pubic

symphysis lead to a decrease in deformation of the pubic disc of 16 %.

Leung et al. (2009) varied the elastic moduli of trabecular and cortical bone by
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±10 % and ±20 % with respect to their baseline values and applied vertical loading

(0.25, 0.5 and 0.75 × body weight) through the sacral joint while constraining the

proximal femurs. They reported changes in predicted principal strains of around 15

% and 9 % when varying cortical bone elastic modulus and trabecular bone elastic

modulus by 20 %, respectively. When changing both cortical and trabecular material

properties simultaneously, they reported a variation of around 31 % in predicted

principal strains.Their conclusions were in agreement with previous work by Anderson

et al. (2005), reporting that cortical bone thickness has a greater effect on predicted

surface strains than trabecular bone density.

This study is organised in four main sections: ligaments sensitivity, mesh sensitiv-

ity, structural adaptation algorithm sensitivity and continuum adaptation sensitivity.

In each section, the approach used was to vary one parameter at a time while keeping

all others at their baseline values. Depending on the parameter in question, the base

model or adaptation algorithm were modified accordingly and the model was adapt-

ed to the full loading regime. The parameters analyzed in each section are shown in

Table 6.1. An advantage of this approach (one-at-a-time) is that any changes in the

resulting model compared to the baseline model can be attributed to the variation

of the parameter in question. To investigate the effect of each parameter, the bone

volume or average stiffness of the resulting model was compared to the baseline value.

Total bone volume was chosen as a measure of comparison as it gives a good indica-

tion of the effect of each parameter modified in the sensitivity analysis. The results

for each analysis category are presented in the following sections.
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Section Type Parameter

Joints
Sacroiliac Joint

Young’s modulus
Pubic joint

Ligaments

Inguinal ligament

Young’s modulus
Sacrospinous ligament

Sacrotuberous ligament

All ligaments

Mesh
Structural mesh density

Element edge length
Continuum mesh density

Structural

adaptation

Cortical thickness
Initial thickness

Upper thickness limit

Trabecular radii
Initial radius

Upper radius limit

Adaptation
Target strain

Discretization categories

Continuum

adaptation

Bone
Initial Young’s modulus and

shear modulus

Adaptation Target strain

Table 6.1: Parameters involved in sensitivity study grouped by the type and category
of the modelling framework.
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6.1 Sensitivity of ligaments and joints material

properties

The sensitivity of the model to the material properties of the ligaments and joints

used to connect the three bones of the pelvic ring was investigated by varying their

Young’s modulus (50% increase and 50% decrease) while maintaining all other values

at their baseline. The sacroiliac and pubic joints were defined as a unit comprising

of the corresponding ligament and cartilage defined using the same element type.

Stiffnesses for each case are shown in Table 6.2.

Case

Sacroiliac

cartilage

(MPa)

Pubic

carti-

lage

(MPa)

Inguinal

ligament

(MPa)

Sacrospinous

ligament

(MPa)

Sacrotuberous

ligament

(MPa)

Baseline model 28.8 15.9 121.5 105.1 106.8

Sacroiliac +50% 43.2 15.9 121.5 105.1 106.8

Sacroiliac -50% 14.4 15.9 121.5 105.1 106.8

Pubic +50% 28.8 23.9 121.5 105.1 106.8

Pubic -50% 28.8 7.9 121.5 105.1 106.8

Inguinal +50% 28.8 15.9 182.3 105.1 106.8

Inguinal -50% 28.8 15.9 60.8 105.1 106.8

Sacrospinous +50% 28.8 15.9 121.5 157.7 106.8

Sacrospinous -50% 28.8 15.9 121.5 52.6 106.8

Sacrotuberous +50% 28.8 15.9 121.5 105.1 160.2

Sacrotuberous -50% 28.8 15.9 121.5 105.1 53.4

All +50% 43.2 23.9 182.3 157.7 160.2

All -50% 14.4 7.9 60.8 52.6 53.4

Table 6.2: Young’s modulus of each ligament and joint cartilage for each case
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Each case model was subjected to the iterative adaptation algorithm for the full

loading regime. The changes in trabecular and cortical bone volumes of each con-

verged model with respect to corresponding values obtained for the baseline model

are shown for each case in Figure 6.1. When modifying the stiffness of one ligament

or cartilage region, the greatest difference in trabecular bone volume was found when

increasing the stiffness of the sacroiliac joint by 50%, with a value of -0.74%. Decreas-

ing the stiffness of the sacroiliac joint resulted in the maximum difference in cortical

and total bone volume, with values of 3.18% and 1.92%, respectively. Increasing the

stiffness of all ligaments and joints by 50% resulted in the greatest change in tra-

becular bone volume of -0.86%. Conversely, decreasing the stiffness of all ligaments

resulted in an increase of cortical bone volume of 3.59%, the largest of all cases tested.

All values are shown in Table 6.3.

Overall, the material properties associated with the pelvic ligaments and joint

cartilage did not have a large effect on the adaptation process, with the greatest

impact being recorded when the stiffness of all ligaments and cartilage was decreased

by 50%, when the volume of cortical bone increased by 3.59%.
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Figure 6.1: Changes in cortical, trabecular and total bone volumes caused by changes
in the stiffness of each ligament in the model
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Case
Trabecular

(mm3)

Cortical

(mm3)

Total

(mm3)
∆trab(%)∆cort(%)∆tot(%)

Baseline model 127433 154426 281859 N/A N/A N/A

Sacroiliac joint: +50% 126489 157062 283550 -0.74 1.71 0.60

Sacroiliac joint: -50% 127946 159339 287285 0.40 3.18 1.92

Pubic joint: +50% 127309 157988 285298 -0.10 2.30 1.22

Pubic joint: -50% 126924 157844 284769 -0.40 2.21 1.03

Inguinal ligament:

+50%
126822 157584 284406 -0.48 2.05 0.90

Inguinal ligament: -50% 127198 157998 285196 -0.18 2.31 1.18

Sacrospinous ligament:

+50%
126965 158046 285011 -0.37 2.34 1.12

Sacrospinous ligament:

-50%
127392 157818 285211 -0.03 2.20 1.19

Sacrotuberous ligament:

+50%
126587 158240 284827 -0.66 2.47 1.05

Sacrotuberous ligament:

-50%
127248 158364 285612 -0.15 2.55 1.33

All +50% 126332 155121 281453 -0.86 0.45 -0.14

All -50% 127219 159972 287190 -0.16 3.59 1.89

Table 6.3: Comparison between trabecular, cortical and total bone volumes of baseline
model and each case model
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6.2 Mesh sensitivity

6.2.1 Structural mesh

A mesh sensitivity study was conducted to assess whether the mesh density has an

impact on the adaptation process of the structural model. Given the size of the

standard pelvis mesh, testing a finer mesh would have a very high computational

cost. An analogous structural beam model with a length of 100 mm, height of 10

mm and depth of 20 mm was used instead. The baseline mesh was built using the

same characteristics defining the pelvis mesh, with shell elements representing cortical

bone and truss elements representing trabecular bone. Two additional meshes, one

fine and one coarse, were defined by changing the maximum element edge length by

±50%.

Similar to the pelvis model, the three models were subjected to a loading case

(Figure 6.2) and iteratively adapted until convergence was achieved using the algo-

rithm described in Chapter 4, §4.1.2. The ranges for the radii of trusses were varied

according to the mesh density to maintain the ratio compared to element length (Ta-

ble 6.4). The shell thickness ranges were the same for all three models ([0.1 mm, 2

mm]).

The trabecular and cortical bone volumes of the finer and coarse meshes were

compared to the baseline mesh (Table 6.5). In addition, the cortical thickness and

trabecular radius distributions of each model were compared visually (Figures 6.3 and

6.4). The resulting structures for all three models are similar for both trabecular and

cortical bone (Figures 6.5 and 6.6).

In terms of computational efficiency, the total times required for each model to

converge were compared. The time required for the coarse mesh model to converge

was 36.8 % shorter than for the baseline model, whereas it took the fine mesh model
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394 % longer to converge with respect to the baseline model.

The results of the sensitivity study indicate that a finer mesh would not be required

to model the pelvis as the coarser mesh has a similar architecture to the baseline

model in terms of bone volume and trajectories. The baseline mesh provides enough

directionality for trajectories to be formed in response to the loading regime. The

coarse mesh produced similar results to the baseline mesh in terms of bone volume,

although the fact that the average trabecular element length is greater than the

maximum edge element length (Table 6.4) suggests that it may not provide a wide

enough range of directionalities. Based on the results of the mesh sensitivity study

and considering the computational cost of each mesh, it is considered that a structural

mesh of the pelvis at the mesoscale is appropriate for this study.

Figure 6.2: Loading conditions applied on beam used for the mesh sensitivity study
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Case Avg. element

length (mm)

Max. edge

length

(mm)

Number

of truss

elements

Truss radii

range (mm)

Number

of shell

elements

Baseline mesh 3.97 4 24649 [0.1, 1] 1836

Fine mesh 1.78 2 150019 [0.04, 0.4] 6936

Coarse mesh 6.63 6 798 [0.17, 1.69] 8598

Table 6.4: Mesh properties for the three models

Case
Trabecular

(mm3)

Cortical

(mm3)

Total

(mm3)
∆trab(%) ∆cort(%) ∆tot(%)

Baseline mesh 7492 9437 16929 N/A N/A N/A

Fine mesh 7560 9714 17274 0.91 2.93 2.04

Coarse mesh 7015 9266 16281 -6.36 -1.82 -3.83

Table 6.5: Comparison between trabecular, cortical and total bone volumes for each
of the meshes tested

(a) Fine mesh, side view

(c) Base mesh, side view

(e) Coarse mesh, side view

(b) Fine mesh, top view

(d) Base mesh, top view

(f) Coarse mesh, top view

Figure 6.3: Cortical thickness distribution for each of the three meshes. Limits for
the three models are 0.1 mm (shown in black) and 2 mm (shown in white).
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(a) Fine mesh, side view

(c) Base mesh, side view

(e) Coarse mesh, side view

(b) Fine mesh, top view

(d) Base mesh, top view

(f) Coarse mesh, top view

Figure 6.4: Trabecular radius distribution for each of the three meshes. Limits for
the fine mesh are 0.04 mm (shown in black) and 0.4 mm (shown in white). Limits for
the baseline mesh are 0.1 mm (shown in black) and 1 mm (shown in white). Limits
for the coarse mesh are 0.17 mm (shown in black) and 1.69 mm (shown in white).

(a) Fine mesh, side view

(c) Base mesh, side view

(e) Coarse mesh, side view

(b) Fine mesh, top view

(d) Base mesh, top view

(f) Coarse mesh, top view

Figure 6.5: Side and top views of the three meshes illustrating the trabecular structure
and cortical thickness. Truss elements with a radius > 0.04 mm for the fine mesh, >
0.1 mm for the baseline mesh and > 0.17 mm for the coarse mesh are shown in red,
with elements with a radius of 0.04 mm for the fine mesh, 0.1 mm for the baseline
mesh and 0.17 mm for the coarse mesh shown in blue.
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(a) Fine mesh, 25mm

(d) Base mesh, 25mm

(g) Coarse mesh, 25mm

(b) Fine mesh, 50mm

(e) Base mesh, 50mm

(h) Coarse mesh, 50mm

(c) Fine mesh, 75mm

(f) Base mesh, 75mm

(i) Coarse mesh, 75mm

Figure 6.6: Transversal cut views taken at 25mm, 50mm and 75mm from the fixed
end illustrating the cortical thickness distribution across the beam for each mesh

6.2.2 Continuum mesh

Similarly, the sensitivity of the continuum mesh was analyzed by using a continuum

beam with a length of 100 mm, height of 10 mm and depth of 20 mm. The analogous

model comprised of first order tetrahedral elements, as used in the continuum pelvis

model. From the baseline mesh, the maximum element edge length was varied by

±50% to obtain a coarse and fine mesh, respectively. The elements were assigned

initial orthotropic material properties with identical Young’s moduli, shear moduli

and Poisson’s ratios in all three directions: 300 MPa, 150 MPa and 0.3, respectively.

The resulting models were subjected to the loading case shown in Figure 6.2 and

iteratively adapted until convergence was achieved using the algorithm described in

Chapter 5, §5.1.2.1.
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Average values of directional Young’s moduli and shear moduli for each case are

shown in Tables 6.6 and 6.7. Average Young’s modulus and shear modulus distribu-

tions for the three meshes are shown in Figures 6.7 and 6.8, respectively.

The average overall Young’s modulus, E1 and E3 increased for the fine mesh

and decreased for the coarse mesh. Conversely, E2 decrease for the fine mesh and

increased for the coarse mesh. Average overall and all three components of shear

modulus were found to decrease for the fine mesh and decrease for the coarse mesh.

In addition, the variation of the average shear modulus is much greater than the

variation of the average Young’s modulus across cases.

Visually, the distributions of Young’s moduli for all three cases (Figure 6.7) are

consistent with the distributions of shell thickness and truss radii from the structural

meshes. The fine mesh produced a slightly smoother distribution of average Young’s

modulus compared to the other two, meaning that it can potentially capture more

accurately the spatial stiffness variation.

Mesh
E1,mean

(MPa)

E2,mean

(MPa)

E3,mean

(MPa)

Emean

(MPa)
∆E1

(%) ∆E2
(%) ∆E3

(%) ∆Emean
(%)

Baseline 3587.3 827.5 3980.3 2798.4 N/A N/A N/A N/A

Fine 3802.5 741.1 4384.4 2976.0 5.99 -10.44 10.15 6.35

Coarse 2998.6 1152.6 3789.0 2646.7 -16.41 39.28 -4.81 -5.42

Table 6.6: Comparison between average Young’s moduli values across the three mesh-
es.
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Mesh
G12,mean

(MPa)

G31,mean

(MPa)

G23,mean

(MPa)

Gmean

(MPa)
∆G12

(%) ∆G31
(%) ∆G23

(%) ∆Gmean
(%)

Baseline 477.9 977.7 674.8 710.1 N/A N/A N/A N/A

Fine 343.4 777.2 506.6 542.4 -28.15 -20.51 -24.93 -23.62

Coarse 639.9 1120.7 814.9 858.5 33.89 14.63 20.77 20.89

Table 6.7: Comparison between average shear moduli values across the three meshes

(a) Fine mesh, side view

(c) Base mesh, side view

(e) Coarse mesh, side view

(b) Fine mesh, top view

(d) Base mesh, top view

(f) Coarse mesh, top view

Figure 6.7: Average Young’s modulus distribution for each of the three meshes. Limits
for all meshes are 10 MPa (shown in black) and 18,000 MPa (shown in white).
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(a) Fine mesh, side view

(c) Base mesh, side view

(e) Coarse mesh, side view

(b) Fine mesh, top view

(d) Base mesh, top view

(f) Coarse mesh, top view

Figure 6.8: Average shear modulus distribution for each mesh. Limits for all meshes
are 5 MPa (shown in black) and 10,000 MPa (shown in white).

Density distributions for each mesh are shown in Figure 6.9. The density of each

element was calculated using the method presented in Chapter 5, §5.2.1.1. Bone vol-
umes were calculated for each mesh by multiplying the relative density of each element

to its volume, as shown in Equation 6.1. Compared to the base mesh (7456mm3), the

coarse mesh predicted a decrease in volume of 1.26% (7359mm3), while the fine mesh

predicted an increase in volume of 45 % (10812mm3). Given the smaller variation

in volume for the structural model (Table 6.5), these results further suggest that the

continuum model is more sensitive to mesh properties and using a structural approach

is reasonable. To establish the accuracy of these models, micro and macro CT scans

of the same specimen would be required to quantitatively assess the predicted bone

architecture of the approaches presented in this thesis.

Vtotal =
n

∑

i=1

ρVi (6.1)
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(a) Fine mesh, side slice view

(c) Base mesh, side slice view

(e) Coarse mesh, side slice view

(b) Fine mesh, top view

(d) Base mesh, top view

(f) Coarse mesh, top view

Figure 6.9: Density distributions for each mesh. Limits for all meshes are 0.001 g/cm3

(shown in black) and 2.07 g/cm3 (shown in white).

In terms of computational cost, the time to convergence for the coarse mesh was

found to be 5.5 % shorter than for the baseline model, with the time required for the

fine mesh model to converge 263 % longer than for the baseline model. Thus, given

the considerable increase in computational cost associated with a fine mesh, using a

mesh with the characteristics of the baseline mesh presented in this section seems to

be an appropriate trade-off between accuracy and computational cost.
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6.3 Sensitivity of structural adaptation algorithm

The robustness of the structural adaptation algorithm was assessed by varying the

following parameters: number of attachment points per muscle (1 and 5; baseline

value: 3), initial cortical thickness (1 mm; baseline value: 0.1 mm), initial trabecular

radius (1 mm; baseline value: 0.1 mm), cortical thickness upper limit (10 mm; baseline

value: 5 mm), trabecular radii upper limit (4 mm; baseline value: 2 mm), target

strain (1000 µϵ and 1500 µϵ; baseline value: 1250 µϵ) and number of discrete section

categories (128 and 512; baseline value: 256). In each case, the model was run through

the adaptation process until convergence was achieved.

Similar to Section 6.1, for the sensitivity cases regarding adaptation related pa-

rameters, the total trabecular and cortical volumes were compared to the baseline

model. The results are shown in Table 6.8. The model was most sensitive to the

target strain value. For a target strain of 1000 µϵ, the model predicted a gain of

trabecular and cortical bone of 32.70% and 18.51%, respectively. For a target strain

of 1500 µϵ, the model predicted a loss of trabecular and cortical bone of 19.28% and

13.88%, respectively. The other parameters were found to have little effect on the

resulting bone structure. The model adapted to a lower target strain was quantita-

tively compared to the CT scan derived model in the same manner as the predictive

models presented in Chapters 4 and 5 were assessed.
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Case
Trabecular

(mm3)

Cortical

(mm3)

Total

(mm3)
∆trab(%) ∆cort(%) ∆tot(%)

Baseline model 127433 154426 281859 N/A N/A N/A

One attachment point per muscle 127318 154314 281632 -0.09 -0.07 -0.08

Five attachment points per muscle 127568 154581 282149 0.11 0.10 0.10

Higher initial cortical thickness 130170 153964 284134 2.15 -0.30 0.81

Higher initial trabecular radius 132148 151646 283795 3.70 -1.80 0.69

Higher cortical thickness limit 140623 147584 288207 -5.99 8.80 1.04

Higher trabecular radii limit 140792 145714 286506 -5.88 7.42 0.45

Lower target strain 169109 183005 352114 32.71 18.51 24.93

Higher target strain 102867 132988 235855 -19.27 -13.88 -16.32

128 section categories 124653 157931 282584 -2.18 2.27 0.26

512 section categories 129358 152486 281845 1.51 -1.25 -0.01

Table 6.8: Comparison between trabecular, cortical and total bone volumes of baseline model and each case model
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The minimum and maximum principal strains for the models are shown in Figure

6.10. As the model was adapted to a lower target strain, it was expected to be stiffer

than the baseline predictive model, as shown by the total volume of bone. This aspect

is further highlighted by the slopes of the lines of best fit for both cases are slightly

greater than for the case when the baseline structural model was compared to the

CT derived model (Figure 4.20).
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Figure 6.10: Comparison between the minimum (a) and maximum (b) principal
strains across the surface of the structural model adapted to a lower target strain
(x axis) and CT derived model (y axis). Lines of best fit are shown in red for each
case, with y=x line shown in dashed blue.
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6.4 Sensitivity of continuum adaptation

algorithm

A sensitivity study was run to assess the robustness of the continuum adaptation

algorithm by varying the initial material properties of the FE model (E=10000 MPa,

G=5000 MPa; E=300 MPa, G=150 MPa; baseline values: E=3000 MPa, G=1500

MPa) and the target strains used to drive adaptation (normal strain: 1000 µϵ and

1500 µϵ; baseline value: 1250 µϵ; shear strain: 1154 µϵ and 1731 µϵ; baseline value:

1443 µϵ).

For each case, the model was run through the adaptation process until convergence

was achieved. The resulting models were assessed by comparing the average Young’s

moduli and shear moduli in each direction to the baseline model. The results are

shown in Tables 6.9 and 6.10. The model was found to be insensitive to changes

in initial assigned Young’s modulus and shear modulus. Similar to the structural

adaptation algorithm presented in Section 1.3, the continuum adaptation algorithm

was found to be sensitive to changes in target strains. A higher target strain produced

a 17.11 % decrease in average Young’s modulus and a 18.09 % decrease in average

shear modulus. Conversely, a lower target strain resulted in a 23.22 % increase in

average Young’s modulus and 27.17 % increase in average shear modulus. The model

adapted to a lower target strain was quantitatively compared to the CT scan derived

model in the same manner as the predictive models presented in Chapters 4 and 5

were assessed.
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Case
E1,mean

(MPa)

E2,mean

(MPa)

E3,mean

(MPa)

Emean

(MPa)
∆E1

(%) ∆E2
(%) ∆E3

(%) ∆Emean
(%)

Baseline model 1064.8 636.9 784.9 828.9 N/A N/A N/A N/A

Higher initial E and G 1052.1 639.6 779.2 823.6 -1.19 0.41 -0.72 -0.63

Lower initial E and G 1048.5 637.2 777.9 821.2 -1.54 0.04 -0.89 -0.93

Higher target strain 896.7 513.8 650.7 687.1 -15.79 -19.33 -17.09 -17.11

Lower target strain 1305.4 771.5 987.2 1021.3 22.59 21.12 25.78 23.22

Table 6.9: Comparison between average Young’s moduli values across all case models

Case
G1,mean

(MPa)

G2,mean

(MPa)

G3,mean

(MPa)

Gmean

(MPa)
∆G12

(%) ∆G31
(%) ∆G23

(%) ∆Gmean
(%)

Baseline model 567.0 585.8 538.8 563.8 N/A N/A N/A N/A

Higher initial E and G 568.9 585.2 537.6 563.9 0.33 -0.06 -0.23 0.01

Lower initial E and G 563.6 592.6 539.1 565.1 -0.60 1.20 0.05 0.23

Higher target strain 465.9 491.2 428.4 461.8 -17.83 -16.12 -20.50 -18.09

Lower target strain 719.9 765.2 665.8 717.0 26.97 30.67 23.60 27.17

Table 6.10: Comparison between average shear moduli values across all case models
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The minimum and maximum principal strains for the models are shown in Figure

6.11. As the model was adapted to a lower target strain, it was expected to be stiffer

than the baseline predictive model, as shown by the average directional Young’s

modulus values. This aspect is further highlighted by the slopes of the lines of best

fit for both cases are slightly greater than for the case when the baseline orthotropic

model was compared to the CT derived model (Figure 5.10).
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Figure 6.11: Comparison between the minimum (a) and maximum (b) principal
strains across the surface of the orthotropic model adapted to a lower target strain
(x axis) and CT derived model (y axis). Lines of best fit are shown in red for each
case, with y=x line shown in dashed blue.
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6.5 Discussion and concluding remarks

This chapter presented a sensitivity analysis of selected parameters associated with

the two finite element models and adaptation algorithms presented in Chapters 1 and

2. The results presented in this chapter have shown that both the continuum and

structural model along with the corresponding adaptation algorithms are robust and

the chosen parameters are appropriate for the objective set out in each case.

The chosen mesh density for both the structural and continuum models was found

to be appropriate in terms of balancing accuracy and computational cost, albeit the

continuum model was found to be more sensitive to changes in mesh density. In

particular, the resulting shear moduli were impacted the most by changing the mesh

density. The findings suggest that, when using the orthotropic continuum model to

simulate complex multi-directional loading conditions, greater attention should be

directed towards selecting a mesh density. Although there is a sensitivity to mesh

density, the orthtropic model still gives information on bone directionality as opposed

to a model using an isotropic material definition. However, the sensitivity of the

continuum mesh can be a hindrance when predicting the onset and progression of

fracture patterns, suggesting that, for simulating fracture scenarios, the structural

model is more appropriate.

Although the current version of the structural mesh does not allow for network

reorganisation, this aspect is currently investigated and future versions of this model

could be set up to predict reorganisation of the local trabecular networks, which

can lead to a more physiologically relevant representation of bone architecture in the

pelvis. Material properties of the ligaments were found to have little influence on the

resulting structural model. These results show the FE models of the pelvic construct

to be robust for the purpose of the study.

The structural and continuum adaptation algorithms were not found to be sensi-

tive to parameters related to the initial definitions of the models with these having
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small effects on the resulting structures. Target strain was identified as the most

sensitive parameter in both cases, which was expected as it was the main driver of

adaptation.

A limitation associated with the one-at-a-time approach used to perform the sen-

sitivity study is that it is based on the assumption that parameters affecting the

response of the model are independent of one another. Assessing only one value

above and below the baseline is not enough to establish any potential non-linear re-

lationships between the parameter in question and its effect on the model. Although

the FE models investigated are computationally efficient relative to similar models

presented in literature, a sensitivity study base on a full factorial design and assessing

multiple levels in order to capture potential non-linear relationships would greatly in-

crease the total computational time. In addition, introducing a further level of change

would likely not provide further information for the parameters changes which were

found to have little effect on the resulting models.

Despite these limitations, the sensitivity study has identified the parameters which

have the most significant effect on the model and backed up the decisions made when

developing the structural and continuum FE models in terms of mesh density and

material properties assignment.
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7

Pelvic injury modelling

The author wishes to thank Claire Villette for providing the structural fracture algo-

rithm used in this chapter (Villette and Phillips, 2018).
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As described in Chapter 2, §2.4, fractures of the pelvic ring are generally complex

injuries that can lead to death due to exsanguination (Cryer et al., 1988; Balogh

et al., 2007). The mechanism that causes blood vessel rupture in cases of high energy

pelvic fractures is not well understood. A hypothesis is that bony fracture leads to

a destabilization of the pelvic ring which in turn can tear blood vessels causing fatal

haemorrhage.

Although pelvic fractures have been classified in the past based on injury mech-

anism and clinical outcome, fracture initiation and progression has not been studied

extensively. Knowledge of fracture progression for the different injury mechanisms

could provide a better understanding of how the pelvic region responds to injury

scenarios and be a platform for improving prevention and mitigation strategies of

combined hard and soft tissue pelvic injuries.

In this chapter, the optimised structural pelvic model presented in Chapter 4

was used along with a damage elaso-plasticity material model of bone (Villette and

Phillips, 2018) to predict fracture initiation and progression for three injury scenarios

relevant to three classes of pelvic fractures: lateral compression, vertical shear and

anterior-posterior compression.

The scenarios simulated were set up in a generic manner, rather than replicating

a particular experimental study from literature. The objective of these simulations

was to investigate the structural model’s ability to predict fracture progression and

to broadly compare fracture loads with literature data on similar loading scenarios.
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7.1 Fracture modelling

7.1.1 Material model

A damage elasto-plasticity model for bone developed by Villette and Phillips (2018),

implemented using an Abaqus subroutine, was used to predict fracture in the struc-

tural model of the pelvic construct presented in Chapter 2. The model comprises of

an elastic and plastic regime, in both tension and compression. The plastic behaviour

of bone has been previously reported in literature (Reilly and Burstein, 1975; Gibson,

1985; Hansen et al., 2008; Prot et al., 2016) The plastic regime was incorporated as

a plateau between the yield strains in compression, and tension, and the ultimate

strains in compression and tension, respectively. Upon reaching one of the yield cri-

teria, each material point was assigned an ’effective’ Young’s modulus value different

to the original value. Thus, the element in question has a reduced load-bearing abili-

ty, allowing for elements to be effectively removed from the model without numerical

instabilities or potential loss of computational efficiency. All models were run using

the dynamic explicit simulation option in Abaqus.

7.1.2 Influence of strain rate and age on failure behaviour

of bone

Two factors which can influence the mechanical behaviour of bone are loading rate

and bone age. A number of studies have investigated the effect that age can have on

the mechanical behaviour of bone, generally at tissue level (Lindahl and Lindgren,

1967; Burstein et al., 1976; Evans, 1976; McCalden et al., 1993; Zioupos and Currey,

1998). The ultimate tensile strain of bone has been shown to decrease by around

10 % every ten years after a threshold age (Lindahl and Lindgren, 1967; McCalden

et al., 1993; Keaveny et al., 2004). Bone mass density (BMD) was also found to
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decrease with age, and in cases concerning osteoporotic patients BMD can decrease

at a rate of up to 10.2 mg/cm2 per year (Nguyen et al., 1998; Kado et al., 2000).

With age, bone tends to become more brittle, which is hypothesised to be due to

collagen changes (McCalden et al., 1993; Keaveny et al., 2004). Factors which can

lead to bone loss are hormonal changes (specifically for post-menopausal women)

(Riggs et al., 1998; Ahlborg et al., 2003) lifestyle (eg. tobacco consumption) (Nguyen

et al., 1994; Burger et al., 1998; Hannan et al., 2000), or a decrease in the frequency

of daily physical activities (Drinkwater, 1993; Joseph et al., 1988; Nguyen et al., 1998;

Hannan et al., 2000).

The effect of loading rate on Young’s modulus was found to be moderate by several

studies (Keaveny et al., 2004; Hansen et al., 2008; Prot et al., 2016), with a variation

in Young’s modulus of a factor of two over a six order magnitude increase in strain

rate (Keaveny et al., 2004). On the other hand, failure properties are more sensitive

to strain rate (Carter and Hayes, 1976; Hansen et al., 2008). Yield and ultimate

strains were found to vary by factors of two and three respectively over a three order

of magnitude increase in strain rate (Hansen et al., 2008).

Stress-strain curves can be obtained for a given combination of bone age and strain

rate. Curves representing the mechanical behaviour of 30 and 75 years old bone for

strain rates ranging from quasi-static to dynamic are shown in Figure 7.1.
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Figure 7.1: Stress-strain curves for (a) 30 year old bone and (b) 75 year old bone
across four different strain rates based on the damage elasticity model presented in
Villette and Phillips (2018).

In the following sections of this chapter, bone was assumed to have an age of 30

years and the strain rates used in simulations correspond to velocities of 4 m/s and

8 m/s, respectively. The velocity/strain rate relationships were derived by calculat-

ing the average strain rate over the model for two test simulations for the selected

velocities. Although each element had a different strain rate during the simulations,

the purpose of this exercise was to associate the selected impact velocities with an

approximate strain rate. The parameters associated with the two bone models are

shown in Table 7.1. The material model was applied only to elements comprising the

pelvic ring, meaning that femoral elements in the models presented in the following

sections were not allowed to fracture. All models were run using the dynamic explicit

simulation option in Abaqus. The time step parameters in this type of simulation are

set automatically by the solver throughout the simulation.

Case
Strain
rate (s−1)

Age
(years)

εy,c εy,t εu,c εu,t

4 m/s 4.52 30 -0.01702 0.00916 -0.04653 0.01545
8 m/s 9.04 30 -0.01873 0.00745 -0.06679 0.01191

Table 7.1: Material model parameters of 30 year old bone for velocities of 4 m/s and
8 m/s, respectively.
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7.2 Lateral compression

The first fracture mechanism investigated in this chapter is lateral compression. As

described in Chapter 2, §2.4, lateral compression fractures are generally caused by a

lateral force which drives the impacted hip inward (eg. motor vehicle accidents).

Multiple experimental studies have been done to investigate this injury mechanism

and establish a fracture tolerance criterion. The majority of studies focused on peak

impact force as the criterion for injury. The average peak load varied between 6.5 and

13 kN for full cadaver tests (Cesari et al., 1980; Cesari and Ramet, 1982; Nusholtz

et al., 1982; Nusholtz and Kaiker, 1986; Viano et al., 1989; Viano, 1989; Cavanaugh

et al., 1990; Zhu et al., 1993; Matsui et al., 2003) and between 1.75 and 5.5 kN for

isolated pelvis tests (Renaudin et al., 1993a; Guillemot et al., 1997; Molz et al., 1997;

Guillemot et al., 1998; Arbelaez et al., 1998; Beason et al., 2001, 2003; Salzar et al.,

2009).

In addition to experimental testing, some studies focused on developing numerical

models to simulate lateral impact on the pelvic construct (Renaudin et al., 1993a;

Plummer et al., 1996, 1998; Dawson et al., 1999; Beason et al., 2001; Majumder et al.,

2007; Li et al., 2007).

7.2.1 Loading and boundary conditions

The scenario for lateral compression was modelled by including a structural model

of the femur, developed previously in the research group based on the adaptation

algorithm presented in Chapter 3 (Villette, 2016). The femur was reduced to the

proximal part to reduce computational cost and mirrored with respect to a plane per-

pendicular on the line comprising the two hip joint centres. Both femurs were placed

in the coordinate frame recommended by the International Society of Biomechanics

(Wu et al., 2002), to be consistent with the coordinate frame of the pelvis. The model
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was placed in a two legged stance.

A layer of cartilage was added on the surfaces of the acetabulum and femoral

head to facilitate contact between bones. Cartilage was modelled using a layer of

wedge elements, 1 mm thick, assigned linear elastic material properties (E = 10 MPa,

ν = 0.3). If needed, the positions of both femurs were readjusted to avoid intersections

between geometries and to avoid numerical issues when modelling contact between

the two surfaces. In addition, the fixator described in Chapter 3 was included at the

top of the sacrum to enable the addition of a boundary condition.

To simulate side impact, a lateral displacement of 30 mm was applied on the

right femur, with fixed boundary conditions applied on the sacral load fixator and

the greater trochanter of the contralateral femur, as shown in Figure 7.2. The load-

ing conditions and boundary conditions were set to resemble a lateral impact on the

greater trochanter and lateral pelvis. The displacement was applied at two differ-

ent velocities (4 m/s and 8 m/s), to investigate the effect of strain rate on fracture

initiation and progression.

x

y

z

Figure 7.2: Boundary and loading conditions applied to the model to simulate lateral
compression fracture
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7.2.2 Results

The fracture patterns predicted by the two models are shown in Figures 7.3 and 7.4

for displacement rates of 4 m/s and 8 m/s, respectively.

In the first scenario, fracture was initiated in the impacted inferior acetabulum,

which then progressed towards the inferior pubic ramus. As the simulation pro-

gressed, clusters of failed elements appeared in the superior pubic ramus and across

the superior ilium posteriorly. The model predicted a damaged acetabulum, frac-

tured ipsilateral pubic rami and a fracture line along the superior ilium. On the

contralateral side, failed elements were found on the inferior acetabulum.

In the second scenario, when the pelvis was impacted with a greater velocity, frac-

ture was initiated in the inferior acetabulum, similar to the slower case. Fractures

at the inferior and superior pubic rami occured at a later stage in the simulation

due to the damage to the inferior acetabulum spreading towards the superior acetab-

ulum, in contrast to the lower velocity scenario. A similar fracture line across the

superior ilium posteriorly was also predicted towards the end of the simulation. In

addition, the attachment region of the inguinal ligament on the ipsilateral ilium was

damaged. Contralaterally, failed elements were predicted on the inferior acetabulum

and attachment region of the ingiunal ligament in the ilium.

In both cases, the fracture patterns predicted by the model were consisted with

observations made by Young et al. (1986).
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(a)

(b)

(c)

(d)

Figure 7.3: Frontal and side view predicted fracture pattern in lateral compression
scenario with an impact velocity of 4m/s. Failed elements are shown in red, elements
yielded in tension are shown in light yellow and elements yielded in compression are
shown in light blue.
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(a)

(b)

(c)

(d)

Figure 7.4: Frontal and side view predicted fracture pattern in lateral compression
scenario with an impact velocity of 8 m/s. Failed elements are shown in red, elements
yielded in tension are shown in light yellow and elements yielded in compression are
shown in light blue.

Reaction force components at the sacral boundary condition plotted against time

are shown in Figure 7.5. Peak forces in the direction of impact were 7.62 kN and 7.38

kN for 4 m/s and 8m/s displacement rates, respectively. Although the displacement

vector was set along the z axis, comparable reaction forces were predicted in the x and

y directions, suggesting that, after contact initiation at the hip joint, the direction of

the load transferred changes.
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Figure 7.5: Force-time plots for both scenarios. Components of reaction force at the
sacrum are shown in solid lines and in dash lines at the contralateral femur.

The resultant reaction force-displacement curves for both scenarios are shown in

Figure 7.6. The model predicted fracture occuring in the acetabulum at 4.8 kN and

3.3 kN for 4 m/s and 8 m/s respectively. Fracture at the pubic rami occured at load

of 9.2 kN and 9.6 kN for 4 m/s and 8 m/s, respectively. Further displacement causing

an internal rotation of the impacted hemi-pelvis led to fracture lines occuring in the

ilium in both cases. The peak resultant force predicted at the sacrum in the first case

(4 m/s) was 11.04 kN and 10.07 kN in the second case (8 m/s). Similar observations

were made by Dawson et al. (1999) in terms of the force at which the pubic rami

and ilium fracture. However, their model predicted fracture in the acetabulum at a

force of approximately 12 kN. A limitation of the structural model is the relatively

low resolution in the proximity of joints, which can lead to underpredicting fracture

loads at the joints.
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Figure 7.6: Force-displacement plots for both scenarios. Reaction force at the sacrum
is shown in solid red and in dash blue at the contralateral femur.
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7.3 Vertical shear

Vertical shear fractures of the pelvis are usually caused by a vertical load transferred

through the hip towards the lumbar spine, as described in Chapter 2, §2.4. A typical

civilian scenario associated with this type of injury are purposeful falls from height,

where the casualty lands feet first. As opposed to lateral compression, there is lit-

tle data in the literature assessing numerically or experimentally axial loading on a

standing pelvic ring. A number of clinical studies showed that the height of fall is

proportional with probability of fatal injury (Bertocci et al., 2004; Dickinson et al.,

2012). Bruno et al. (2014) investigated outcomes from purposeful falls and found that

pelvic ring injuries occured at the three pelvic joints more frequently with increasing

height, with the sacroiliac joints more commonly affected.

7.3.1 Loading and boundary conditions

The scenario simulating vertical shear comprised of a similar assembly to lateral

compression, with both the left and right proximal femurs included in the model to

simulate load transfer through the hip joint to the pelvis. The coordinate frames used

in §7.2 were applied to the pelvis and femurs. Contact between each femur and the

pelvis was modelled as described in §7.2.

To simulate this injury scenario, two cases were simulated. In the first case, dis-

placement was applied vertically through the right femur, with boundary conditions

enforced at the top of the sacrum through the load applicator and the contralateral

femur to simulate unilateral damage, indicative of one foot striking before the other.

In addition, the ipsilateral femur was restricted from movement in the z direction.

The model configuration is shown in Figure 7.7.

In the second case, displacement was applied vertically through both femoral

shafts, with boundary conditions enforced at the top of the sacrum to simulate bilat-
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eral damage, indicative of both feet striking the ground simultaneously. The model

configuration is shown in Figure 7.8. Similar to lateral compression, two displace-

ment rates were simulated to investigate the potential effect of strain rate on fracture

outcome and load.

x

y

z

Figure 7.7: Boundary and loading conditions applied to the model to simulate uni-
lateral vertical shear fracture
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Figure 7.8: Boundary and loading conditions applied to the model to simulate bilat-
eral vertical shear fracture

7.3.2 Results

7.3.2.1 Unilateral impact

The fracture patterns predicted by the two models are shown in Figures 7.9 and 7.10

for 4 m/s and 8 m/s, respectively.

In the first scenario, failed elements first appeared in the acetabulum. As the

displacement progressed, a fracture line was initiated on the ipsilateral side of the

sacrum and progressed around the sacroiliac joint, leading to a mechanical instability

in the pelvic ring.
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The second model predicted similar damage in the acetabulum and around the ip-

silateral sacroiliac joint on the sacrum. Due to a greater displacement rate, additional

fracture lines and areas with failed elements appeared in the pubic fossa, contralateral

superior ilium and inguinal ligament attachment regions on both ilia.

(a)

(b)

(c)

(d)

Figure 7.9: Frontal and side view predicted fracture pattern in vertical shear scenario.
Failed elements are shown in red, elements yielded in tension are shown in light yellow
and elements yielded in compression are shown in light blue.
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(a)

(b)

(c)

(d)

Figure 7.10: Frontal and side view predicted fracture pattern in vertical shear sce-
nario. Failed elements are shown in red, elements yielded in tension are shown in
light yellow and elements yielded in compression are shown in light blue.
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Reaction force components at the sacral boundary condition plotted against time

are shown in Figure 7.11. Although the dominant component was in the direction of

the applied displacement, the other two components reached peak values of up to 10

kN, suggesting that the loading scenario is more complex than a purely axial loading

case. For both displacement rates, the reaction forces in the anterior-posterior and

medio-lateral directions were similar.
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Figure 7.11: Force-time plots for both scenarios. Components of reaction force at the
sacrum are shown in solid lines and in dash lines at the contralateral femur.

The force-displacement curves for both scenarios are shown in Figure 7.12. The

peak resultant force predicted at the sacrum in the first case (4 m/s) was 20.78 kN

and 16.68 kN in the second case (8 m/s). Although the damage was greater for

the higher displacement rate case, the peak load was greater for the lower impact

velocity case. An explanation can be that elements failing earlier in the 8 m/s case

have lead to a change in the load transferred to the pelvis, increasing the stresses on

the contralateral side. This difference is also highlighted by the reaction force at the

contralateral femur, as in the 8 m/s case it reaches a peak value of approximately 5

kN earlier in the simulation than in the slower velocity case.
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Figure 7.12: Force-displacement plots for both scenarios. Reaction force at the sacrum
is shown in red and in dash blue at the contralateral femur.

7.3.2.2 Bilateral impact

In the case of bilateral impact, the fracture patterns predicted by the model for

displacement rate of 8 m/s are shown in Figure 7.13. Failed elements appeared first

in the acetabular regions. As the displacement increased, the sacroiliac regions began

to fail, followed by fracture lines developing across both pubic rami.

Although the displacement rates were identical on both sides, the fracture patterns

are not symmetrical. The right acetabulum sustained more damage, whereas on the

left side of the pelvis, a greater number of failed elements were found in the sacroiliac

region. An explanation for the fracture patterns predicted by the bilateral impact

model can be provided by the asymmetric structure of the adapted pelvis, leading

to differences in the manner that load is transferred from the acetabulum through to

the sacrum.
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(a)

(b)

(c)

(d)

Figure 7.13: Frontal and side view predicted fracture pattern in vertical shear sce-
nario. Failed elements are shown in red, elements yielded in tension are shown in
light yellow and elements yielded in compression are shown in light blue.

Reaction force components at the sacral boundary condition are shown in Figure

7.14. The peak magnitudes of the x and y components of the reaction force were

greater than in the unilateral case. Due to the bilateral nature of the loading con-

ditions, the z component did not vary as much as for the unilateral case. This can

explain the nature of the fracture patterns and further damage at the pubic rami due

to a more axial loading scenario.
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Figure 7.14: Reaction force components at the sacral boundary condition for bilateral
vertical shear.

The force-displacement curve for bilateral vertical shear is shown in Figure 7.15.

The peak resultant force predicted at the sacrum was 24.5 kN, higher than the uni-

lateral case for the same displacement rate. The fracture patterns and peak loads

predicted by the model for unilateral and bilateral impact suggest that impacting the

pelvis with both femurs leads to greater damage and a more complex fracture type.
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Figure 7.15: Force-displacement for bilateral vertical shear.
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7.4 Anterior posterior compression

As described in Chapter 2, §2.4, anterior posterior fractures are generally caused by a

load driven through the femoral shaft in a seated position (eg. frontal vehicle crash).

Experimental studies investigating injuries from frontal crashes were initially fo-

cused on the knee and femur (Viano, 1977; Viano et al., 1978), while others did

not achieve pelvic fractures even with high loads (Powell et al., 1975; Donnelly and

Roberts, 1987; Brun-Cassan et al., 1982). Rupp et al. (2003) suggested that the

characteristics of experimental loading conditions used in previous experimental tests

were limiting the transfer of loads to the hip. They performed tests on the knee-

thigh-hip complex and found that hip fractures occured at loads of approximately 6

kN (Rupp et al., 2002, 2003). Salzar et al. (2006) assessed whether the injury toler-

ance of the hip depended on the anatomical configuration of the thigh-hip complex.

They tested eight cadavers in six seated positions by varying the flexion-extension

and abduction-adduction angles and recorded peak axial forces and forces at fracture

initiation.

7.4.1 Loading and boundary conditions

To simulate an anterior posterior compression mechanism, both femurs were rotated

around the z-axis such that the final configuration corresponds to a seated position.

Displacement was applied at two velocities (4m/s and 8m/s) through one femoral

shaft axially (unilateral impact) and through both femoral shafts axially (bilateral) to

replicate a frontal crash scenario where the passenger’s knee and thigh are accelerated

towards the dashboard. Regions of the posterior sacrum and posterior superior iliac

spine (PSIS) were fixed in all degrees of freedom while the femurs were restricted

form movement in the z direction. In the unilateral case, the unimpacted femur was

restricted from movement in all three directions. The model setup is shown in Figure
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7.16.

x

y

z

Figure 7.16: Boundary and loading conditions applied to the model to simulate an-
terior posterior compression fracture

7.4.2 Results

7.4.2.1 Bilateral impact

The fracture patterns predicted by the two models for bilateral impact are shown in

Figures 7.17 and 7.18 for 4 m/s and 8 m/s, respectively. The 4 m/s model predicted

acetabular damage on both sides, followed by failed elements around the PSIS, inferior

and superior sacrum. For a displacement rate of 8 m/s, failed elements appeared on

the acetabular regions and around the PSIS early in the simulation, followed by

damage in the inferior and superior sacrum, albeit to a lesser extent than the model

with a lower displacement rate.

Both models predicted fractures in the acetabular region, consistent with previous

experimental studies (Rupp et al., 2002; Salzar et al., 2006). Failed elements at the
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PSIS and posterior sacrum were not consistent with results reported in literature,

suggesting that the boundary conditions applied on the models might over constrain

it for this type of loading scenario.

(a)

(b)

(c)

(d)

Figure 7.17: Frontal and side view predicted fracture pattern in anterior posterior
compression scenario. Failed elements are shown in red, elements yielded in tension
are shown in light yellow and elements yielded in compression are shown in light blue.
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(a)

(b)

(c)

(d)

Figure 7.18: Frontal and side view predicted fracture pattern in anterior posterior
compression scenario. Failed elements are shown in red, elements yielded in tension
are shown in light yellow and elements yielded in compression are shown in light blue.

Reaction force components at the fixed boundary condition plotted against time

are shown in Figure 7.19. The dominant component was in the x direction, with

peak values reaching 6 kN in both cases. Due to the bilateral nature of the impact,

the reaction force in the z direction was much smaller compared to the other two

components.
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Figure 7.19: Force-time plots for both scenarios.

The force-displacement curves for both scenarios are shown in Figure 7.28. The

peak resultant force predicted at the sacrum in the first case (4 m/s) was 7.29 kN and

6.68 kN in the second case (8 m/s). Both predicted peak forces were comparable to

results reported in experimental studies (Rupp et al., 2002, 2003; Salzar et al., 2006).
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Figure 7.20: Force-displacement plots for both scenarios.
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7.4.2.2 Unilateral impact

The fracture patterns predicted by the two models for unilateral impact are shown in

Figures 7.21 and 7.22 for 4 m/s and 8 m/s, respectively. The first model predicted

a small number of yielded elements before the rotation of the pelvis meant that the

displaced femur was not transferring loads to the hip.

For a displacement rate of 8 m/s, failed elements appeared on the ipsilateral

acetabular region and around the PSIS, with a small number of yielded elements

present at the inferior sacrum.

(a)

(b)

(c)

(d)

Figure 7.21: Frontal and side view predicted fracture pattern in anterior posterior
compression scenario. Failed elements are shown in red, elements yielded in tension
are shown in light yellow and elements yielded in compression are shown in light blue.
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(a)

(b)

(c)

(d)

Figure 7.22: Frontal and side view predicted fracture pattern in anterior posterior
compression scenario. Failed elements are shown in red, elements yielded in tension
are shown in light yellow and elements yielded in compression are shown in light blue.

Reaction force components at the fixed boundary condition and the contralateral

femur plotted against time are shown in Figure 7.23. The dominant component was

in the x direction, with peak values reaching 1.5 kN and 3 kN for 4 m/s and 8 m/s,

respectively. The low values of reaction forces at the contralateral femur and lack of

failed elements on the contralateral side indicate that most of the load is taken by

the sacrum and ipsilateral side.
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Figure 7.23: Force-time plots for both scenarios.

The force-displacement curves for both scenarios are shown in Figure 7.24. The

peak resultant force predicted at the sacrum in the first case (4 m/s) was 1.5 kN and

3.2 kN in the second case (8 m/s). Both predicted peak forces were smaller than the

corresponding bilateral cases.
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Figure 7.24: Force-displacement plots for both scenarios.
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7.4.3 Postures

In addition to investigating the predicted response to axial loading in a neutral seated

position, the model was used to assess the influence of postures on predicted fracture

patterns and fracture loads for bilateral impact. Two scenarios were proposed, in

which both femurs were abducted and adducted by 20 degrees, respectively. The re-

sulting configurations are shown in Figure 7.25. The loading and boundary conditions

applied were identical to the neutral configuration. A displacement rate of 8 m/s was

applied to both femoral shafts.

x

y
z

(a)

x

y
z

(b)

Figure 7.25: Posture obtained by abducting (a) or adducting (b) both femurs by 20
degrees (light blue) shown in comparison to baseline posture (grey)

The fracture patterns predicted by the two models are shown in Figure 7.26 for

abduction and in Figure 7.27 for adduction. In both postures failed elements were

found in the acetabular regions and on the posterior side of the pelvis, similar to

results predicted in the neutral configuration for the corresponding displacement rate.
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(a)

(b)

(c)

(d)

Figure 7.26: Frontal and side view predicted fracture pattern in anterior posterior
compression abducted scenario. Failed elements are shown in red, elements yielded
in tension are shown in light yellow and elements yielded in compression are shown
in light blue.
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(a)

(b)

(c)

(d)

Figure 7.27: Frontal and side view predicted fracture pattern in anterior posterior
compression adducted scenario. Failed elements are shown in red, elements yielded
in tension are shown in light yellow and elements yielded in compression are shown
in light blue.

Reaction forces at the applied boundary conditions plotted against displacement

and peak predicted forces for the neutral, abducted and adducted configurations are

shown in Figure 7.28. The predicted peak forces are 17 % lower and 11 % higher in

the abducted and adducted configurations with respect to the neutral configuration,

suggesting a higher injury threshold of the pelvis in an adducted position. However,

the predicted forces at fracture initiation were 6 % and 4 % lower for abduction and

adduction compared to the neutral configuration and are in agreement with previous

observations that abduction or adduction decreases the fracture tolerance of the pelvis

(Rupp et al., 2003).
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Figure 7.28: Force-displacement plots (a) and peak forces (b) for neutral, abducted
and adducted configurations. In (a), circles indicate moment of fracture initiation.
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7.5 Concluding remarks

The damage elasto-plasticity failure model presented in this Chapter in combination

with the structural model of the pelvic ring presented in Chapter 4 were used to pre-

dict fracture patterns and loads for three dynamic injury scenarios that lead to pelvic

fractures commonly seen in high energy automotive crashes or falls from a high alti-

tude. The fracture patterns predicted by the model in the three cases studied showed

broad trends that were previously reported in literature in terms of fracture outcome.

Predicted peak loads were similar to literature findings for lateral compression and

anterior posterior compression. In addition, the ability of the model to predict both

fracture initiation and progression can provide further information on the mechanism

of injury.

A number of limitations of the fracture model have to be acknowledged. The

lack of other body segments could play an important role in the predicted fracture

loads as the enforced boundary conditions might not be sufficiently reasonable for

the investigated cases. For high strain rate cases, the effect of the added mass of

other body segments could have a significant effect on the dynamics of the pelvic

ring. In addition, driving the displacement through the femoral head added further

constraints which could have had an impact on predicting fracture progression.

Inclusion of the soft tissue surrounding the pelvis could also improve its accuracy

in predicting the patterns and loads associated with injury. The rupture of ligaments

and joints was not modelled, which could explain the predicted fracture at the tail of

the sacrum for the vertical shear and anterior posterior compression cases. Expanding

the material model to the ligaments and joints could improve the injury predictions

at the locations neighbouring their insertion points.

In terms of computational cost, the simulations had runtimes of approximately 24

hours on a standard workstation. It should be noted that the models used in all sce-

narios were comprised of a complete pelvic ring and both proximal femurs. Simplified
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setups using only the pelvic ring and simplified contact conditions at the region of

impact would increase the computational efficiency further. A pilot model using only

the pelvic ring and a spherical impactor to simulate dynamic lateral compression had

a runtime of approximately five hours.

The strain-rate dependent material model enabled the assessment of an injury

scenario for different impact velocities or bone ages. In this Chapter, the effect of

impact velocity was investigated for two rates of loading bone with an age of 30 years.

However, the data presented in §7.1.2 cover bone ages from 20 to 100 years and strain

rates from 0.08 s−1 to 29 s−1, hence the material model could be used to investigate

the effect of a wider range of bone ages and strain rates on fracture outcome.

Finally, the damage elasto-plasticity material model can be used in conjunction

with a continuum model, such as the isotropic model presented in Chapter 5. The

results of a pilot study of lateral compression using the isotropic continuum model

are included in the Appendix.
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8

Conclusions
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8.1 Summary of achievements

The aims of this doctoral thesis were to develop a set of FE models of the pelvic

construct to predict its bone architecture as a consequence of a physiologically relevant

mechanical loading environment through the use of different modelling approaches.

Furthermore, one of the FE models was used in conjunction with a damage elasto-

plasticity material model to predict fracture progression and patterns for a number

of injury scenarios commonly associated with complex pelvic injuries.

The first part of this thesis focused on the development of a structural model of

the pelvic ring at the mesoscale, where cortical and trabecular bone were modelled

using shell elements and truss elements, respectively. The adaptation pipeline used

a strain based bone remodelling algorithm, where joint contact forces, muscle forces

and inertial forces experienced during common daily physical activities (walking, stair

ascent, stair descent, sit-to-stand and stand-to-sit) drove the iterative adaptation of

bone structure towards a target strain value. The resulting model presented a bone

architecture that compared well qualitatively with previous findings in literature and

CT slices in terms of trabecular trajectories and cortical thickness distribution.

In addition, the structural model was compared to a CT imaging data derived

continuum model in terms of mechanical response to a simple loading scenario akin

to a standing posture. The results showed that the structural model compared well

with the CT derived model in the regions where bone structure was more developed.

Regions where the structural model was less stiff were found in areas where structural

elements were either thin or inexistent. In contrast, the continuum model had a

minimum Young’s modulus value throughout its volume due to bone marrow having

a grayscale value.

In the second part of this thesis, two continuum predictive modelling technique

were presented. An orthotropic and an isotropic FE model were developed using con-

tinuum elements and where no distinction was made between cortical and trabecular
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bone. Both models were adapted in response to the same loading environment ap-

plied to the structural model using strain driven adaptation algorithms. The spatial

variation of material properties and an equivalent density distribution were assessed

qualitatively and showed that both models had similar features comparable to the CT

scan derived model. In addition, a quantitative comparison between the predictive

models and the CT derived model was performed, highlighting that the orthotropic

model had a mechanical response much closer to the CT derived model.

Three additional models were developed using a combination of structural and

continuum elements to assess the impact of distinguishing between cortical and tra-

becular bone in the case of the isotropic and orthotropic models and the role of

background stiffness in the case of the structural model.

A set of sensitivity analyses were conducted to investigate the effect of mesh

density and material properties on the structural and continuum models and to assess

the robustness of the adaptation algorithms used to predict bone architecture. Both

adaptation pipelines were found to be robust, with the most important factor being

the target strain value, the main adaptation driver. The material properties of the

joints and ligaments holding the three pelvic bones together had a small effect on the

resulting bone architecture.

The mesh resolution assessment revealed that the continuum mesh was more sen-

sitive to element size than the structural mesh, with a 50% finer mesh resulting in a 45

% and 2.04 % increase in bone volume with respect to the baseline resolution used in

this study for the two models. The increase in computational costs for the two mod-

els was similar, suggesting that, at the mesoscale, using a structural mesh is a better

tradeoff between resolution of architectural fetures and computational efficiency.

The final part of the thesis focused on using a damage elasto-plasticity material

model in conjunction with the optimised structural model to predict fracture initia-

tion, progression and load for three high energy injury scenarios commonly associated

with complex pelvic injuries: lateral compression, vertical shear and anterior-posterior
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compression. The modelling approach was based on elements changing their stiffness

upon reaching strain values associated with yield or complete failure. This method

enabled the prediction of fracture onset and progression, providing more in depth

information on the fracture mechanisms associated with each injury scenario.

8.2 Current limitations

The methods used throughout this thesis and models developed present a number of

limitations that are summarised in this Section.

The musculoskeletal approach used to derive the loading environment applied to

the FE model had a number of limitations. The loads are derived from a system of

rigid bodies, meaning that when they are translated into a deformable FE model, the

equilibrium conditions are not satisfied. The full impact of muscle forces on the FE

model was not captured as they were not applied over the full attachment area and

compressive forces applied by muscles onto bone were note taken into account. The

high number of muscle actuators in the musculoskeletal model partially overcame this

drawback. In addition, sub-sampling the load cases to reduce the number of steps

in the FE model and maintain computational efficiency was done based only on the

variation of joint contact forces. The resulting set of time points was used to extract

corresponding muscle forces, potentially missing higher muscle forces at time points

not present in the final sample.

A limitation of the bone adaptation algorithms used in this thesis is the lack of a

time component as part of the bone remodelling process. Thus, the models predicted

only the remodelled state and not the transition between phases. In addition, the

frequency and duration of activities were not taken into account. Although using a

homogeneous set of activities can be justified by the notion that bone remodelling

takes place on a longer time scale, including frequency, duration and intensity of activ-

ities into a dynamic remodelling process could provide insight into skeletal conditions
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such as osteoporosis.

The FE models were developed to include only the pelvic bones, ligaments and

joints. A potential limitation is the lack of internal organs and soft tissue within

the pelvic ring. Compressive loads caused by the components surrounding pelvic

bone could have an impact on localised adaptation. The structural model was built

using low order finite elements with an idealised mechanical behaviour. This can

become a limitation when dealing with contact modelling or load distribution. The

continuum models were developed at a scale which does not enable the modelling of

bone void, which can play an important role in the overall mechanical behaviour and

resulting architecture of bone. The use of a larger scale mesh can be justified by the

high increase in computational cost associated with microscale continuum modelling,

limiting the application of this approach.

Limitations concerning the CT scan derived FE model were the lack of calibration

when deriving space varying material properties and the resolution of the resulting

model. The lack of high resolution imaging data for the complete pelvic ring means

that the clinical CT scan derived model may be prone to errors in quantifying bone

morphology. As such, the comparisons between the adaptive models and the CT

scan derived model were fairly generic and mainly served to show that the predictive

models were showing similar rough trends in terms of bone morphology as observed in

clinical data. The possibility of distinguishing between cortical and trabecular bone

in an accurate manner could provide more in depth information on bone architecture

and serve as a more appropriate tool of assessing the biofidelity of the structural and

combined continuum models.

Finally, a more comprehensive validation of the predictive models could be done

by quantitatively comparing the trajectories in the structural model or the dominant

axes in the continuum orthotropic model with high resolution imaging data. Although

volumetric regions can be chosen to compare local particularities of trabecular bone,

an investigation of the complete pelvic ring would be more beneficial in assessing the
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reliability of the developed models.

8.3 Future work and applications

The models developed in this thesis provide insight into the bone architecture and

mechanical behaviour of the pelvic ring, a complex set of bones which hasn’t been

studied as extensively as long bones. A deeper understanding of the capabilities of

different modelling approaches used in skeletal biomechanics was required to enable

the use of models tailored for specific applications within the field.

Immediate future work can be aimed at quantitatively comparing the local bone

morphology predicted by the structural and continuum orthtropic models against

analogous high resolution medical imaging data. In addition, the models could be

potentially improved by having an envelope of loading conditions derived from mul-

tiple subjects of similar anthropometric characteristics rather than a unique set of

loading conditions. This could provide further insight in particularities of pelvic bone

morphology and whether some of the structures developed are linked with the gait

of the subject or are trends that can be observed in all cases. A similar alteration

could be done by using multiple medical imaging data to assess the effect of external

geometry on the predictions of the models.

The structural approach used to model the pelvic construct presented in Chapter 4

has the potential to be a more appropriate predictor of bone structure, as other studies

have suggested the existence of underlying motifs that may represent a blueprint

for bone structural form (Reznikov et al., 2016). This 3D structural approach to

bone assessment and remodelling would enable quantitative investigations of such

structures by comparing trabecular trajectories and inter-trabecular angles in bone

regions of interest against micro-CT imaging data.

The predictive models presented in Chapters 4 and 5 could be used as part of re-
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habilitation programs to inform what type of physical activity is required to stimulate

bone formation in the region of interest with the caveat that the isotropic approach

only predicts bone mineral density with no potentially important directional proper-

ties of bone. The structural approach could be considered more appropriate due to

its lower sensitivity to mesh density.

The efficacy of different rehabilitation programs could be assessed by modifying

the loading conditions applied on the adaptive model. The resulting bone structures

would provide information on which rehabilitation program is more appropriate for

the case that is being studied. Including a time component in the adaptation pipelines

could provide useful information on the required intensity.

Similarly, the adaptation pipelines could be tailored to predict evolution of skeletal

diseases such as osteoporosis, by modifying the target strain, remodelling rate or

activity spectrum. Simulating bone remodelling with a reduced activity spectrum

and a target strain or remodelling rate modified to represent osteoporotic bone could

provide potentially valuable information on how the bone structure could change due

to the disease. This information could then be used as an initial guide to define a

prevention or treatment plan.

In addition, the developed structural model could enable additive manufacturing

of massive endoprostheses and scaffolds that can be designed to allow bone regener-

ation in regions of the pelvis affected by trauma or disease while providing suitable

mechanical properties to the regions. The structural nature of the model would allow

for additive manufacturing of structurally optimised endoprostheses, promoting bone

growth in regions where otherwise bone would not regrow.

The fracture model presented in Chapter 7 showed potential to be a useful tool in

investigating the effect of boundary and loading conditions, strain rates and bone age

for a given injury scenario. Experimental design and testing could be streamlined and

the quantity of cadaveric specimens could be minimised by using the fracture model

to assess a wide envelope of loading and boundary conditions a-priori. Although the
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material model used to simulate fracture was shown to behave appropriately, the

role of other body segments in resulting fracture patterns and loads and the complex

boundary conditions occuring in the injury scenarios presented in this thesis require

further understanding and work. Further work can be done to improve the application

of the boundary conditions and to include a material model to predict ligament and

joint rupture.

Finally, the structural model enables additive manufacturing of experimental sur-

rogates that can be calibrated in terms of mechanical properties to match the be-

haviour of bone under severe loading and potentially replace the use of cadaveric

specimens. This technique has has been successfully implemented on long bones in

this research group as part of a project funded by DSTL.

Furthermore, the ability of the model to predict fracture progression suggests that

it can be developed as an essential tool in investigating the effect that bone fracture

can have on the integrity of blood vessels and organs surrounding it during high

energy injury scenarios such as underbody blast or high speed automotive collisions.

The blood vessels and organs of interest could be integrated in the pelvic model.

The model’s ability to simulate fracture progression could provide information on the

displacements and strains occurring on the organs/vessels during impact. In addition,

future mechanical characteristation of such tissues could enable the use of a damage

model to simulate potential organ/vessel rupture during fracture of the pelvis.

Finally, it is hoped that the models and discussion presented in this thesis provide

a platform for a deeper understanding of the morphological and mechanical partic-

ularities of the bony pelvis and the different computational approaches that can be

used to model bone behaviour.
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A1 Additional data on structural, continuum and

hybrid models

Case
Trabecular

(mm3)

Cortical

(mm3)

Total

(mm3)

Full 132307 162007 294310

Walking 134001 99992 233990

Stair ascent 136504 103034 239540

Stair descent 152171 87540 239710

Sit to stand 93027 40144 133170

Stand to sit 87133 35949 123080

Table A1: Comparison between trabecular, cortical and total bone volumes for each
structural model adapted to a different activity

A2 Fracture chapter animations

The animations of each fracture model are available in an online repository (link).

Links for each animation are provided below:

Lateral compression - 4 m/s: link

Lateral compression - 8 m/s: link

Vertical shear - unilateral - 4 m/s: link

Vertical shear - unilateral - 8 m/s: link

Vertical shear - bilateral - 8 m/s: link

Anterior posterior compression - bilateral - 4 m/s: link
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Anterior posterior compression - bilateral - 8 m/s: link

Anterior posterior compression - unilateral - 4 m/s: link

Anterior posterior compression - unilateral - 8 m/s: link

Anterior posterior compression - adduction - 8 m/s: link

Anterior posterior compression - abduction - 8 m/s: link

A3 Continuum fracture model

A lateral compression scenario similar to the scenario applied on the structural model,

presented in Chapter 7, was applied to a converged isotropic continuum model of the

pelvic construct, presented in Chapter 5. The damage elasto-plasticity material model

was adjusted slightly to be compatible with the use of continuum elements as opposed

to structural elements. The material properties of the elements of the continuum

model were discretised in 100 categories to reduce the computational cost. Thus,

100 damage material models were implemented in the FE model using a FORTRAN

subroutine. The fracture pattern predicted by the continuum model for a lateral

compression scenario at a dispalcement rate of 4 m/s is shown in Figure A1.
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(a) (b)

Figure A1: Frontal and side view predicted fracture pattern in lateral compression
scenario using an isotropic continuum model. Failed elements are shown in red, ele-
ments yielded in tension are shown in light yellow and elements yielded in compression
are shown in light blue.

The reaction force components and resultant reaction force plotted against time

and displacement, respectively, are shown in Figure A2.
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Figure A2: Force-time (a) and force-displacement (b) plots for lateral compression of
isotropic continuum model

204



References

Aamodt, A., Lund-Larsen, J., Eine, J., Andersen, E., Benum, P., and Husby, O. S.
(1997). In vivo measurements show tensile axial strain in the proximal lateral
aspect of the human femur. Journal of Orthopaedic Research, 15(6):927–931.

Ahlborg, H. G., Johnell, O., Turner, C. H., Rannevik, G., and Karlsson, M. K.
(2003). Bone loss and bone size after menopause. New England Journal of Medicine,
349(4):327–334.

Almeida, E. S. and Spilker, R. L. (1998). Finite element formulations for hyperelastic
transversely isotropic biphasic soft tissues. Computer Methods in Applied Mechanics
and Engineering, 151(3-4):513–538.

Alton, T. B. and Gee, A. O. (2014). Classifications in brief: young and burgess
classification of pelvic ring injuries.

Anderson, A. E., Ellis, B. J., Maas, S. A., Peters, C. L., and Weiss, J. A. (2008). Val-
idation of Finite Element Predictions of Cartilage Contact Pressure in the Human
Hip Joint. Journal of Biomechanical Engineering, 130(5):51008.

Anderson, A. E., Peters, C. L., Tuttle, B. D., and Weiss, J. a. (2005). Subject-Specific
Finite Element Model of the Pelvis: Development, Validation and Sensitivity Stud-
ies. Journal of Biomechanical Engineering, 127(3):364.

Anderson, F. C. and Pandy, M. G. (2001). Static and dynamic optimization solutions
for gait are practically equivalent. Journal of biomechanics, 34(2):153–161.

Andreoli, A., Monteleone, M., Van Loan, M., Promenzio, L., Tarantino, U., and
De Lorenzo, A. (2001). Effects of different sports on bone density and muscle mass
in highly trained athletes. Medicine & Science in Sports & Exercise, 33(4):507–511.

Arbelaez, R., Dakin, G., Molziv, F., Alonso, J., Eberhardt, A., and Mann, K. (1998).
Pelvic injury in simulated side impact: effects of loading rate on fracture etiology.
ASME Advances In Bioengineering, pages 171–172.

Balogh, Z., King, K. L., Mackay, P., McDougall, D., Mackenzie, S., Evans, J. A.,
Lyons, T., and Deane, S. A. (2007). The epidemiology of pelvic ring fractures: a

205



population-based study. Journal of Trauma and Acute Care Surgery, 63(5):1066–
1073.

Barre, A. and Armand, S. (2014). Biomechanical ToolKit: Open-source framework
to visualize and process biomechanical data. Computer methods and programs in
biomedicine, 114(1):80–87.

Beason, D. P., Dakin, G. J., Alonso, J. E., Lopez, R. R., and Eberhardt, A. W.
(2001). Bone mineral density correlates with fracture loads in pelvic lateral impacts.
ASME-PUBLICATIONS-BED, 50:883–884.

Beason, D. P., Dakin, G. J., Lopez, R. R., Alonso, J. E., Bandak, F. A., and Eber-
hardt, A. W. (2003). Bone mineral density correlates with fracture load in experi-
mental side impacts of the pelvis. Journal of Biomechanics, 36(2):219–227.

Bennell, K., Malcolm, S., Khan, K., Thomas, S., Reid, S., Brukner, P., Ebeling, P.,
and Wark, J. (1997). Bone mass and bone turnover in power athletes, endurance
athletes, and controls: a 12-month longitudinal study. Bone, 20(5):477–484.

Bergmann, G., Deuretzabacher, G., Heller, M., Graichen, F., Rohlmann, A., Strauss,
J., and Duda, G. N. (2001). Hip forces and gait patterns from rountine activities.
Journal of Biomechanics, 34:859–871.

Bertocci, G. E., Pierce, M. C., Deemer, E., Aguel, F., Janosky, J. E., and Vogeley,
E. (2004). Influence of fall height and impact surface on biomechanics of feet-first
free falls in children. Injury, 35(4):417–424.

Bland, J. M. and Altman, D. G. (1999). Measuring agreement in method comparison
studies. Statistical methods in medical research, 8(2):135–160.

Bloomfield, S. A. (1997). Changes in musculoskeletal structure and function with
prolonged bed rest. Medicine and science in sports and exercise, 29(2):197–206.

Boyle, C. and Kim, I. Y. (2011). Three-dimensional micro-level computational study
of wolff’s law via trabecular bone remodeling in the human proximal femur using
design space topology optimization. Journal of biomechanics, 44(5):935–942.

Brun-Cassan, F., Leung, Y., Tarriere, C., Fayon, A., Patel, M. M., Got, C., and
Hureau, J. (1982). Determination of knee-femur-pelvis tolerance from the simula-
tion of car frontal impacts. In Proceedings of the International Research Council
on the Biomechanics of Injury conference, volume 10, pages 101–115. International
Research Council on Biomechanics of Injury.

Bruno, C. M., Alessio, B., Alberto, B., and Cristina, C. (2014). The injury pattern
in fatal suicidal falls from a height: an examination of 307 cases. Forensic science
international, 244:57–62.

206



Burger, H., De Laet, C., Van Daele, P., Weel, A., Witteman, J., Hofman, A., and
Pols, H. (1998). Risk factors for increased bone loss in an elderly population the
rotterdam study. American journal of epidemiology, 147(9):871–879.

Burgess, A. R., Eastridge, B. J., Young, J. W., Ellison, T. S., Ellison Jr, P. S., Poka,
A., Bathon, G. H., and Brumback, R. J. (1990). Pelvic ring disruptions: effective
classification system and treatment protocols. The Journal of trauma, 30(7):848.

Burstein, A. H., Reilly, D. T., and Martens, M. (1976). Aging of bone tissue: me-
chanical properties. The Journal of bone and joint surgery. American volume,
58(1):82–86.
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