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Abstract

The multi-level organization of bone facilitates the exploitation of in-vivo micro-scale
information which is currently lacking for clinical applications. The information at finer
scales is important and provides valuable insights complementing the understanding at a
single scale. The three sub-projects presented in this thesis investigate the human skeletal
system at multiple scales using magnetic resonance imaging (MRI) with the aim of

providing new techniques for extracting finer scale information in-vivo.

At the whole organ level, human knee joint kinematics was studied using a combined MRI
strategy. This new strategy enables the in-vivo investigation of tibiofemoral locomotion
under body weight-bearing conditions by modelling the knee flexion angle as a function of
the femur and tibia cartilage surfaces in contact. The resultant "contact” trajectory may
potentially be used to understand the mechanical cause of cartilage degeneration and as a

biomarker to detect abnormalities in the lower limb.

At the molecular level, in-vivo MR diffusion tensor imaging (DTI) has been performed for
the first time in the human tibia epiphysis. By tracking the water molecules inside the red
marrow, the organization of trabecular bone network may be understood as the streamlines
formed by anisotropic diffusion trajectories. This sub-project aims to understand the
organization of trabecular bone networks non-invasively, which is usually performed ex-

vivo through biopsies. The feasibility and reproducibility of DTI is studied.

Finally, a new MR imaging protocol named multi-directional sub-pixel enhancement
(mSPENT) is proposed and developed to quantify the trabecular bone structural
arrangement at the meso-scale. By modulating a dephasing gradient to manipulate the
underlying spin system inside each voxel, the resulting mSPENT image contrast varies with
gradient at different directions based on the magnetization at the corresponding voxel. A
tensor-based method is further developed to model this contrast change, leading to a
localized quantification of tissue structural orientation beyond the conventional MR

imaging resolution.
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Chapter 1. Introduction

"The whole is to some degree constrained by the parts (upward causation), but at the same

time the parts are to some degree constrained by the whole (downward causation)."
---- Donald T. Campbell, on hierarchically organised biological systems 1974 [1]

The length and time scales in biological systems such as bone vary over many orders of
magnitude as a result of the structural hierarchy and the diverse phenomena occurring on
various time scales. These distinct physical levels are closely linked with each other: the
status and appearance of biological components at each level are either the outputs or inputs
of certain physiological processes at the successive finer scale or the next coarser scale.
Taking bone as an example, its anisotropic internal trabecular bone network is the result of
organ level functional loading regulating the bone cellular level remodelling. This kind of
recursive hierarchical relation (e.g. Figure 1) suggests the demand of integrating techniques
originally for a single scale into an ensemble system linking several scales in order to
comprehend the bio-complexity not only on the morphology but also on the causes and
influences, i.e. functional, which are related to the current morphology at a certain scale [2].
Such kind of multi-scale methods could be particular helpful for understanding pathologies,
detecting it at an early stage, and preventing it from going worth [3]. To achieve this, on
one hand, proper integrative computational models to describe physiology and to predict
the possible functional changes need to be developed, in which scale bridging and meso-
scale models may be potentially challenging; on the other hand, meaningful measurements
from various physical sensors indicating in-vivo information from all scales are also critical
for the successful construction and utilization of those proposed computational models, in

which in-vivo fine scale information acquisition is difficult to obtain [4].
1.1 Motivation and scope

Although appearing to be homogeneously rigid at the macro-scale, bone is actually far
more complicated [4], with its apparent material properties being distinct from macro-level

to nano-level [5]. Figure 1 shows the whole 7 level organization of the bone inner structure,
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ranging from molecular level (of the order of nanometres) to the whole bone level (of the
order of centimetres) [5]. This organization is highly coupled between scales, to ensure the
metabolic balance inside the bone. Perturbations at any level would cause abnormality and
also be amplified to coarser scales. On the other side, if such abnormal features could be
captured at a finer scale, especially in-vivo, when the resulting effects are still tiny at the
macro-scale (hardly detectable), these sensitive abnormality probes could play a significant

role in early stage diagnosis and more accurate treatment evaluation.

Level 4: fibril array pattern

The seven hierarchical levels of
organization of bone family of
materials

o

Level 6: spongy and compact bone

_J 200nm
Level 2: mineralized collagen fibril

Level 1: major components

Figure 1. The 7 hierarchical levels of organization of the bone family of materials. Level 1: Isolated
crystals from human bone (left side) and part of an unmineralized and unstained collagen fibril from
turkey tendon observed in vitreous ice in the TEM (right side). Level 2: TEM micrograph of a
mineralized collagen fibril from turkey tendon. Level 3: TEM micrograph of a thin section of
mineralized turkey tendon. Level 4: Four fibril array patterns of organization found in the bone family
of materials. Level 5: SEM micrograph of a single osteon from human bone. Level 6: Light
micrograph of a fractured section through a fossilized (about 5500 years old) human femur. Level 7:

Whole bovine bone (scale: 10 cm). [5]
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In the case of bone, while many computational models have been proposed to describe and
predict its remodelling and mechanical competence [6, 7], these models are mostly
constrained to ex-vivo data with very high resolution not achievable in the clinical settings,
before mentioning its super demand of computational time. The feasibility of applying
these models clinically has been degraded. Since resolution is an essential requirement to
extract parameters for bone mechanical competence evaluation [7], in this study we focus
on in-vivo imaging techniques for finer scale information extraction in order to improve

bone mechanical competence evaluation.

Kinematics
Organ Geomé

Macro-scale

Mechanicg
property

Micro-scale

~10um-50nm

Figure 2. lllustration of the multi-scale method. Information is passed as measured parameters

between scales. The scales are bridged with models that are suitable for the corresponding scale.

1.2 A multi-scale approach

An analogy can be made between multi-scale problems and inverse problems. Knowing the
tissue morphological or physiological information at the finest scale, the macro-scale

appearance might be understood as averaging this information up to the coarser scales, just
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like calculating the output of an averaging filter that down-samples the input with certain
criteria. The corresponding inverse problem would then be: given the output of the filtering
procedure and possible averaging filter, what the input is at finer scales. The "averaging
filter" in this scenario can be as a physics model of the imaging devices (when we are
observing the spatial scales) or a biological process of the bone remodelling (when we are
observing the temporal scales). Ideally, we would like to solve this inverse problem. That is
to "reconstruct” the "lost" fine scale information from the coarser scale. This inverse
problem is different from the traditional ones, for its initial conditions or its boundary
conditions are the solutions of another inverse problem, whose corresponding space is on

another order.

Figure 2 illustrates a multi-scale framework of bone study. Multi-scale methods consider
the activities (e.g. morphology, tissue features) at each level are interconnected with
information modelled as parameters passing between scales. In the traditional research
paradigm, individual problems are studied separately at different scales; however scales are
not isolated, they are closely coupled. At macro-scale, the kinematics of the whole organs
and its geometry are commonly studied. The locomotion of the whole organ and its
apparent mechanical properties (i.e. the knee joint) are determined by the underlying
cortical bone and trabecular bone tissue. At meso-scale, the mechanical properties and the
bone micro-architecture are of main concern. The cause of such arrangements is the
underlying cells and molecules at the micro-scale from which the bone is formed and
remodelled. Such remodelling process is stimulated and influenced by the forces applied on
the whole organ [8, 9]. From macro-scale down to the micro-scale, the size of the objects to
be studied varies from around one cm to tens of nanometres. This broad range of physical
scale restricts the utilization of many imaging modalities for zooming into the finer scale of
the hierarchy, especially for the current clinical imaging modality. The gap between micro-
scale imaging (ex-vivo/in-vitro) and macro-/meso- scale in-vivo is most obvious. For
example, the highest in-plane resolution of an in-vivo MRI that can be achieved clinically is
around 150x150 um? while the single trabecula thickness is around 80-200 um [7].
Therefore, to detect the crack of one trabecula, histology data are needed with sample

removed from the living hosting body. The cross-talk between the two may be realized by
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model based approaches, which is still challenging and remains as an open question at
present. Novel in-vivo clinical imaging techniques targeting at finer scale are still lacking,

which we believe is an essential issue to bridge the macro- and micro-scales.
1.3 Objectives

By incorporating finer-scale information obtained from in-vivo bone imaging, we
hypothesize that new insights and improved diagnosis, as well as prognosis, can be
achieved for skeletal diseases, such as osteoporosis and osteoarthritis (OA). The ultimate
objective of this research is to model subject-specific information across various physical
levels of bone in-vivo. With such a model-based approach, we aim to improve the early
detection of bone abnormality and the prognosis of skeletal diseases. In particular, this
study focuses on developing new MR-based imaging methods suitable for clinical scenarios
to quantify the trabecular bone micro-structural anisotropy (i.e. orientation) in-vivo, in order
to achieve an improved estimation of the mechanical competence of bone by combining the
bone volume fraction and anisotropic measurements together. It is composed of three sub-
projects, ranging from the whole organ at tens of centimetres, down to the basic element

level of trabecular bone network at tens of micrometres.
The objectives of each sub-project are as below:

1) At the whole bone organ level, the objective is to develop a MR based method to study
and model the knee joint kinematics under body-weight-bearing conditions in-vivo so that
the everyday loading conditions can be quantified. This method needs to enable the subject-
specific investigation of how the femur and the tibia contact with each other during a
natural movement, which indicates the forces (i.e. the directions, the applied locations and

possibly the strength) that a person endures in the everyday life.

2) At the micro-scale organ level, the objective is to investigate the feasibility of exploiting
diffusion tensor MR imaging (DTI) to characterize the trabecular bone network anisotropy
in-vivo with the clinical scenarios. DTI is commonly used in studying the brain micro-
structures or muscle fibre directions, but is rarely used in bone if ever. The established
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protocol needs to be further investigated in terms of the reproducibility and robustness

before being applied to study diseased groups.

3) At meso-scale which bridges the bone tissue-level and the whole bone level, the
objective is to develop a novel MR imaging sequence which could evaluate the mechanical
competence of the trabecular bone network with bone volume fraction and its orientation at
the same time. It needs to resolve the resolution penalty (due to the tiny size of each
trabecular bone) of the conventional MR imaging methods and to seek a solution for an
improved evaluation of bone mechanical competence from the raw MR data instead of

commonly-used post-processing method.

The long-term objective is to develop a model based approach that extracts information
from all scales of bone for the diagnosis and treatment evaluation of the skeletal system
diseases such as osteoporosis, osteoarthritis, and osteogenesis imperfecta (Ol). Ol is a
genetic disease affecting bone and other connective tissues. It is life-long and sometimes
fatal. This genetic defect leads to the morphological abnormalities in tissues as it alters the
formation of bone cells. Both diseases alter the trabecular bone network as the underlying
bone remodelling process is disturbed. Thus to this end, the final aim of this project is to
provide MR methods that enable the in-vivo investigation of bone at multiple scales and to
improve the sensitivity and specificity of osteoporosis and Ol diagnosis with gains from

finer scale information extraction.
1.4 Summary and Thesis organization

In this work, the human skeletal system, in particular the knee joints, were investigated in-
vivo via a MR based multi-scale approach by bridging information at distinct physical
scales, in order to go beyond the current scanner imaging resolution penalty and to provide
a potentially more accurate evaluation for bone mechanical competence. The detailed
contributions of this work include the following points. A combined MR imaging strategy
was designed and demonstrated on six volunteers for a more thorough analysis of in-vivo

human tibiofemoral articulation contact mechanism under body-weight bearing conditions,
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which lead to a subject-specific 3D functional knee joint model to understand the everyday
force direction applied onto the knee joint. A clinically achievable diffusion tensor imaging
protocol to measure knee joint trabecular bone network orientation was proposed and
performed on three healthy volunteers. The feasibility of in-vivo DTI imaging of human
trabecular bone was systematically analysed, as well as its reproducibility. Its potential
usage of constructing trabecular bone orientation trajectory model was also demonstrated.
A novel MR dephaser pulse sequence, named multi-directional sub-pixel enhancement of
nonuniform tissue (MSPENT) was designed, implemented and validated. Its feasibility of

revealing both the trabecular bone orientation and volume fraction was also demonstrated.

The rest of this report is organized as follows. In Chapter 2, the general background
regarding the bone studies, especially trabecular bone, is introduced, including the
quantification techniques, the models at organ and microstructure level for skeletal
functional study, and the imaging methodologies. In Chapter 3, MR-based bone imaging is
broadly discussed. The basic theory of MRI is also listed as it is the background of the
following studies. A combined-MR imaging strategy was proposed to study the healthy
human knee joint function based on its contact mechanism in-vivo at the whole organ level.
This methodology will be explained in Chapter 4. A pilot study to demonstrate the
feasibility of this method with 6 volunteers will be reported in Chapter 5, leading to six
subject-specific right knee joint models. At finer scale, to extract finer scale information of
trabecular network, new MR protocols are studied. The feasibility of utilizing diffusion
tensor imaging (DTI) in bone on a clinical set-up was first explored in Chapter 6. The
objective is to quantify the “trajectory” of trabecular bone orientation, and thus to quantify
the anisotropy parameter of the TB network. Its reproducibility was further studied in
Chapter 7. In Chapter 8 and 9, a novel MR sequence, MSPENT, was introduced as another
candidate. Its theory, the design and simulation are presented in Chapter 8. Experimental
results are presented in Chapter 9. Conclusions and future developments are given in
Chapter 10.
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Chapter 2. Bone and its functional assessment

2.1 Bone anatomy, function and bone diseases

There are two main types of bone: cortical (dense/compact) bone and trabecular
(spongy/cancellous) bone (TB) [10] (Figure 3a). The hard outer layer of bone is compact
bone, contributing 80% of the weight of a human skeleton. The solid filling the interior of
the organ is the trabecular bone. Trabecular bone is predominant in the axial skeleton and
near the joints of long bone [10]. It consists of a network of interconnected plates and struts
encased within a thin cortex (Figure 3b). This special structure of trabecular bone sustains
the given loads with a minimum amount of material whereas cortical bone supports
biomechanical loads through the material properties of solid bone. Consequently, the
topological (plate-/strut- like) nature of trabecular bone at different locations depends on

the biomechanical loads experienced at each particular anatomical site (Wolff’s law, 1892

[9]).

Trabecular Bone

Cortical Bone

(a) (b)

Figure 3. Bone anatomy (a) Coronal plane photo of proximal femur showing cortical bone and
trabecular bone. (b) High resolution spin-echo MR image shows the trabecular network by detecting

the signal from bone marrow
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Bone is not a uniformly solid material, but a composite biomaterial made up of: 1) a
mineral component including calcium hydroxyapatite and calcium phosphate (~45% by
volume); 2) an organ matrix mainly of type I collagen (~40% by volume); 3) water (~15%
by volume) either bound to collagen or residing in the lucuno-canalicular system [7]. This
combination confers to bone its unique mechanical properties in terms of tensile and
compressive strength and is responsible for the material’s viscoelastic properties [11].
Osseous tissue is the primary bone tissue. It has relatively high compressive strength but
poor tensile strength. All bones consist of living cells embedded in the mineralised organic

matrix that makes up the osseous tissue.

At a grosser level, the features of morphology can help to differentiate and classify the
diseased bone. Osteoporosis is a disease of bone that leads to an increased risk of fracture.
It is one of the most common bone diseases. Though earlier research focused on the
absolute decrease in the volume of bone [12], later investigations realized the importance of
bone micro-structure, bone strength and an even broader definition of bone quality [13].
Osteoarthritis (OA, also known as degenerative joint disease) is a progressive disorder of
joints caused by gradual loss of cartilage and resulting in the development of bony spurs
and cysts at the margins of the joints. It refers to a clinical syndrome of joint pain
accompanied by varying degrees of functional limitations and reduced quality of life [14].
Most of the time, the cause of OA is unknown. Risk factors, such as aging, gender, trauma,
overuse, genetics and obesity, all make contributions to initiate the process of injury of the
joints; then the biochemical process involving the three components of the knee, cartilage,
bone and synovial membranes intertwine and damage all the three components eventually
[15]. Osteogenesis imperfecta (Ol) is a genetic disorder characterized by bones that break
easily, often following minimal or no apparent trauma. Currently, eight known types of Ol
have been reported. The majority are caused by a dominant mutation in a gene coding for
type | collagen (types I, II, 1l and 1V), while a type | collagen disorder has not been
discovered for Ol types V and VI. [16] More recently discovered types VII and VIII are
inherited in a recessive manner. Unfortunately, no cure has been found currently, however
bisphosphonate therapy has been shown to reduce the incidence of fractures and reverse

changes in the spine [17]. Other bone disorders include osteosarcoma, osteomalacia and
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osteophytes.

At the micro-scale, the abnormality of bone material composition might help to clarify the
skeletal pathologies. “Rickets” in the growing bone and “osteomalacia” in the adult
subjects interfere with the ability of mineral ions to be deposited within the collagen
“scaffold” yield bone that bend, but not necessarily break. A feature of OI is the abnormal
structure or the quantity of collagen fibres. As a precursor of osteoporosis, osteopenia
shows an altered coupling of bone formation to its subsequent resorption which leads to the

reduction of bone mass. [18]
2.2 Quantitative assessment of bone

One obvious heterogeneous phenomenon of bone material is its hierarchical structure. At
the cellular level of this hierarchy (Figure 1), bone cells (i.e. osteoclasts, osteobalsts, and
osteocytes, form a connected cellular network) play important roles in bone turn-over: the
perturbation of such mechanics will lead to the abnormality of bone formation, both in
trabecular and cortical bone. Therefore the structure changes are also sensitive to the
pathologies of bone. Studies are undergoing to help define structural parameters in order to
assist the prognosis, diagnosis, treatment and its evaluation. Such features can be detected
indirectly or quantified directly with post processing methods from geometric models
reconstructed from 3D datasets acquired by imaging. In this section, the parameters of

interest to assess the bone conditions quantitatively will be addressed and reviewed.

Bone mineral density (BMD) is a measure of bone mass and the current clinical standard to
confirm the diagnosis of osteoporosis, estimate the severity of bone loss and to evaluate the
treatment [19]. However, in terms of explaining the bone’s mechanical competence, BMD
is less powerful and leads to the explanation of 60% among all the cases [20]. Data have
shown that by combining the micro-structural parameters, the prediction has been improved
greatly [21, 22]. The following will discuss parameters used to describe the bone

architecture with a focus on those which guantify trabecular bone architecture.
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221 Cortical bone assessment

At the bone organ level, the cortical bone geometry, the mean wall thickness, and the size
of gap between the cortical and trabecular bone have been observed. Non-invasive
assessment of cortical bone structure in osteoporosis is typically performed on the basis of
X-ray projection radiographs or DEXA [7]. However, such projection-based methods
cannot capture the 3D nature of cortical architecture. MR-based cortical bone analysis is
difficult due to the short T, property of cortical bone. Recently the development of UTE
techniques has enabled the detection of signals from tissues like cortical bone, but such

techniques still lack clinical applications [23].

At the ultrastructural level, Schneider and his colleagues [24] used synchrotron radiation
(SR) micro-CT to study the intracortical porosity. In this study, a hierarchical imaging
strategy was exploited to describe the cortical matrix at three levels: organ level, tissue
level and cellular level. At the tissue level, the appearance of the cortical bone is similar to
that of the trabecular bone network. Thus, a similar morphometry applying to trabecular
bone network was used on the gene knockout mouse models. They discovered the pure
parameters from organ level, i.e. cortical bone volume and volume density, cortical bone
thickness, could not provide a satisfactory explanation of the results from mechanical
testing, the combination with tissue level parameters, namely canal volume density, mean
canal diameter, and mean canal length, would help to interpret the results from the

mechanical testing.

222 Trabecular bone assessment

Trabecular bone architecture refers to the geometric and spatial properties of trabeculae,
which should be observed with a resolution of the order of trabecular bone thickness
between 100-150 um [7]. A variety of methods to quantify and model trabecular bone
microstructure have been proposed which may seem confusing. Associated with different
measurement systems (i.e. stereology, direct 3D measurement, traditional histomorphometry

and ad-hoc 2D measures), these various parameters can be classified as in Table 1 [25].
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Table 1 : Often used morphometric parameters [25]

Stereology Direct 3D . Traditional Ad hoc 2D
Measurement Histomorphometry Measures
Density® vV, vy BV /TV®
Surface density Sy SVb BS/TV ----
Trab. Dimensions® star volume Thickness® MTPT(Tb.Th)® direct measures
MTV® MTPS(Tb.Sp)*
Anisotropy MIL® MIL
vo© VO
SvD® SVD
Topology ConnEulor [26] Euler number MTPD(Tb.N)® TBPf®
(connectivity) - By - N.Nd®, N.Tm*
B Nd.Nd®, Nd.Tm®
B3 Tm.Tm*®, TSL®
N.Nd/N.tm*®

® Implicity bone density. May also be used for the marrow phase, V, represents the trabecular bone volume
fraction; ®|dentical to the stereological method, BV means bone volume, TV means tissue volume, BS means
bone surface, S, representes the surface density; © Also need for quantification of marrow space
dimensions; ¢ Volume weighted; ° For abbreviations: mean trabecular plate thickness (MTPT), trabecular
bone thickness (Tb.Th), mean trabecular volume (MTV), mean trabecular plate separation (MTPS),
trabecular bone separation (Th.Sp), mean intercept length (MIL), volume orientation (VO), star volume
distribution (SVD), mean trabecular plate density (MTPD), trabecular bone number (Th.N), trabecular bone
pattern factor (TBPf); the following refers to the parameters from the node-and-struct networks [25]: node
number(N.Nd), terminus number (Nd.Tm), node to node (Nd.Nd), terminus to terminus (Tm.Tm),total struct
length (TSL), node-to-terminus ratio (N.Nd/N.tm)

In trabecular bone, traditional histomorphometry measurements can be classified into
dynamic (i.e. observing the bone remodelling) and static measures. The latter can be further
divided into two subgroups: stereologically founded measures and model-based measures
[25]. The model based method was originally proposed by Parfitt et al. [27] to examine the
structural changes that occurred in trabecular bone in ageing and osteoporosis. Parfitt’s
model assumed that all trabecular bone was organized in infinite parallel plates with mean
trabecular plate thickness (MTPT) and mean trabecular plate separation (MTPS) apart. It
also assumed that the surface density (Sy) had been determined using eq. 1.
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4
Sv: —BAZZIL eq-l,
Vs

where 1, represents the number of surface intersections per line length and Ba stands for the
linear length of the border between trabeculae and marrow per examination area. However,
this model relies on S,, being unbiased through being measured by a set of isotropic random

lines which is hard to achieve in most of the cases [25].

Stereological methods are based on rigorous spatial statistics of samples. Many techniques
that have been developed to interpret the trabecular bone network aimed at estimating
volume fraction, surface density, star volume and connectivity. Trabecular bone volume

fraction (BVF) V, (bone) is defined as the trabecular volume per reference volume as eq. 2:

trabecular bone volume

V,(bone) = eq. 2.

trabecular bone volume + marrow space volume
The marrow space volume fraction, V, (marrow), is defined equivalently, and V,(bone) +
Vi(marrow) = 1. BVF is also the most commonly used parameter to quantify the trabecular
structure. It is considered as a 1% order structure parameter (or sometimes it is said to be the
first best local measurement) [28]. Star volume (v, ") is defined as the average volume that

can be seen unobscured from a random point within a structure, given by eq. 3.
== eg. 3
vy = o .3,
% 3 q

where | is the average length of an intercept with random orientation through a random
point [25]. In the case of trabecular bone, the star volume gives a volume weighted mean of
the trabecular/marrow volume "visible” from a random location. Connectivity is a
parameter used to describe the topology of bone architecture. The rationale behind this is
the etiology of bone loss in the most common form in osteoporosis which causes
fenestration of trabecular plates with eventual progression to rods and disconnection of rod-
like trabecular elements [29]. However, both histomorphometry and stereological
approaches mentioned above are mostly 2D based method. For structure as anisotropic as
trabecular bone, a more accurate method should be directly based on the 3D architecture
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and measure quantitatively the spatial features from the true architecture.

The 3D methods are developed to perform morphometric measurements in a 3D dataset,
e.g. from micro-CT and micro-MRI. They adapt the metrics used in histomorphometry and
2D stereology. The normal procedure is to reconstruct the 3D geometry from the acquired
dataset first. VVarious features are automatically preserved thanks to the imaging technique.
Previously discussed parameters can be extracted from this more realistic model. Here, we
further divide the commonly used structural characterized parameters into three groups:
scale, anisotropy, and topology [7] for the convenience of review in the later paragraph.
The rest of this section will review all three commonly used parameters: scale, topology
and anisotropy. However, the later study will only focus on scale (BVF) and anisotropy

(orientation) to model the microstructure.
Scale

Scale refers to the amount of bone contained in the volume to be observed. The two key
parameters are trabecular bone volume fraction (BVF) and trabecular bone thickness
(Th.Th) [7]. BVF corresponds to the bone density in Table 1 and eq. 2. BVF is often
computed from binarized images with bone and bone marrow being distinguished.
Segmentation is trivial in high resolution images (e.g. micro-CT) since the histogram is bi-
modal and global thresholding is good enough to distinguish bone and bone marrow [30].
However, the voxel sizes achievable in MRI in-vivo at SNR = 8-10 are usually of the order
of or greater than the trabecular thickness [7], which coalesces the two peaks in the
histogram. To resolve this, different approaches have been tried. Majumdar et al. [31] chose
an empirical threshold as a means of standardization by inverting the greyscale of the image
and setting a threshold at the intensity corresponding to 50% of the histogram peak. This
resulted in deriving a parameter called “apparent trabecular bone volume fraction”,
app.TB/TV. An alternative approach seeks to evaluate true BVF by computing the BVF
maps as greyscale images in which the pixel gray value represents the fractional occupancy
of bone, e.g. deconvolving the histogram [32] and edge detection (e.g. convolve the images
with a discrete 2D Laplacian operator [33] and morphological operators [34] ).
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It is considered to be advantageous to enhance the resolution of the acquired images first in
order to reduce partial volume effects. Wu et al. [35] modelled the sub-voxel classification
of bone MRI images as a Bayesian problem and exploited maximum likelihood estimation
in order to enhance the image resolution. Alternatively, Hwang et al. proposed an empirical
method named subvoxel processing to reduce the errors brought in by partial volume
effects [36]. This technique made two assumptions: 1) smaller voxels are more likely to
have high BVF (as they become more completely occupied by bone); 2) bone is generally
in close proximity to more bone. The principal strategy is to subdivide voxels first and then
to assign voxel intensities to each sub-voxel based on local neighbourhood criteria and

strict mass conservation.
Topology *

In trabecular bone, the parameter to describe topology is connectivity and shape of
individual trabecula. Feldkamp et al. [37] showed that trabecular bone network connectivity
can be expressed in terms of its topology characteristics. One such measure is the Euler-

Poincare characteristic, y, given as eq. 4:

X=PBo—P1+ P eq. 4,

which quantifies network connectedness. The quantities Sy, 1 and S, are the Betti numbers,
representing the number of objects, handles and cavities that remain invariant under
homomorphic transformation. There are no free-floating trabeculae inside the trabecular
bone (which means there is only one subject), neither are there isolated pores for marrow
(which means there is no cavity). Therefore, it can be concluded: fyp=1 and $,=0. So eq. 4
can be simplified as 8 = 1 — . Clinically, it is considered that less connected TB network
is a symptom for possible osteoporosis, though mechanically connectivity density
parameter is shown to have no or very limited value for assessment of elastic properties
[38].

! The term topology in this context refers to the integrity of the trabecular network not the one used in FEM
regarding the meshes.
29



Apart from connectivity, the shape of individual trabecula is also important as the
transformation between rod-like and plate-like structures is a hallmark of age-related
changes. Therefore, analysis methods that can capture and quantify this process on the basis
of 3D images would be highly desirable. Structure model index (SMI) [39, 40] is calculated
by means of 3D image analysis based on a differential analysis of the triangulated bone
surface. The partial derivative ds/dr, with sand rrepresenting the surface and “radius” of
a structural element, is a function of the element’s curvature. For an ideal plate and rod
structure, the SMI values are 0 and 3, respectively, independent of the physical dimensions.
For a structure with bone plates and rods of equal thickness, the value lies between 0 and 3,
depending on the volume ratio of rods and plates. However, SMI is less suited for analysis
of in-vivo images since it requires an accurate surface representation of the structure which

is difficult to achieve with the resolution of in-vivo clinical images.

a. Mean Intercept Length b. Volume Orientation c. Star Line Distribution
(MIL) (vo) (SLD)

Figure 4. Principles for determining trabecular bone anisotropy: (a) mean intercept length: to count
the number of intersections between a linear grid and the bone/ marrow interface as a function of
the grid’s orientation, w; (b) volume orientation (VO): a randomly translated point grid is placed on
the structure. For each point hitting the phase of interest (bone), the orientation of the longest
intercept through the point is determined and this orientation is the local volume orientation for the
point (illustrated as blue arrows); (c) start volume distribution and star length distribution: a
randomly translated point grid is placed on the structure. For each point, hitting the phase of interest

(bone) is determined for several orientations (yellow bars). [47]
Anisotropy: orientation of trabeculae

Trabecular bone models and remodels in response to the stresses to which it is subjected.
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Therefore, trabecular bone is inherently anisotropic (Wolff’s law). Generally, anisotropy is
described by main directions, which are directions perpendicular to symmetry planes in the
structure, and by numbers describing the concentration of directions around the main
directions. In a typical porous media system as trabecular bone, a fabric tensor is a structure
tensor commonly used to provide compact descriptions of architectural anisotropy in the
form of a 3x3 matrix [28]. Its biggest eigenvalue gives the degree of concentration around
the main direction which is indicated by the corresponding eigenvector. As it is a
continuum point property, it is considered as a continuous function of position in the
material. Although there is no agreement on the standard of anisotropy measurement, there
are several commonly used metrics to quantify anisotropy: mean intercept length (MIL, the
mean length between two intersections), volume orientation (VO), and star volume
distribution (SVD) (Figure 4).

223 Anisotropy characterization

Mean intercept length (MIL)

MIL was first introduced in trabecular bone morphometry by Whitehouse [41]. He
quantified the deviation from isotropy by showing that MIL between trabeculae varies as a
function of test-line direction as eq. 5:

YV L (w)

MIL(w) = =% N @) eq. 5,

where I; (w) corresponds to the intercept length of the i th line segment measured along the
test lines drawn in the direction at angle w (Figure 4 (a)), and N(w) represents the number
of all the randomly intercepted segments in that direction (Figure 4(a)). Therefore, MIL
quantifies the interface anisotropy of a structure. When plotted as a polar diagram, MIL was
found to map an ellipse. Harrigan et al. [42] generalized Whitehouse’s 2D observation to
three dimensions, showing that anisotropy could be expressed as the quadratic form of a
second-rank tensor M (a MIL tensor). Cowin [43] defined a fabric tensor H as the inverse
square root of M. This modification aligned the principal direction of fabric tensor with that
of the elastic tensor, which provided an algebraic formulation of Wolftf’s law at remodelling
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equilibrium.

Volume orientation

MIL is an interface based global measure. Hence, given a structure with very small local
anisotropy, e.g. the two-dimensional “Swiss cheese” structure, MIL is not sensitive enough
to quantify the anisotropy. Odgaard et al. [44] invented another measure, named volume
orientation (VO). It determines the orientation of the longest intercept length through
randomly sampled points falling within the bone (Figure 4(b)). The advantage of VO is that
it yielded a sample of orientations which may be treated by many statistical methods.

Star volume distribution

VO depends on the typical distribution of trabecular volume around a typical point in bone,
but it is difficult to estimate from sections without model assumption. To overcome the
possible bias brought by the model assumption of VO, Cruz-Orive et al. [45] invented a
new characterizing technique, named star volume distribution (SVD, Figure 4 (c)) and
applied it to the analysis of duplex stainless steel. SVD was an extension of star volume as
used in eq. 6. They took a random point x drawn from a uniform distribution inside a
sample to be characterized (in the case of trabecular bone, it can be in either bone or
marrow), and then considered a beam of light emanating from x in a direction u in 3D.
Then SVD was the average volume of this beam (modelled as a function of u when x was
inside the phase to be described, l3(x, u) in eg. 6 timing 4x. If the sample consisted of
separate phases?, the point x would also sample a phase with a probability proportional to
the volume of that phase and SVD () could be then considered as a volume weighted

mean of the mean beam volume within the phase, as eg. 6:

n
= EyE{I*(x, W)}, u € unit hemisphere eq. 6,

where [(x, u) was the length of the segment determined by the light beam x of direction u,

and the two operators Ex and Ey are averaging operation: E, denoted the mean value when x

2 Cruz-Orive originally meant separate particles in [25] when analyzing steel. Here to explain SVD in trabecular bone
analysis, separate phases are used inside to mean either bone or bone marrow depending on which is to be quantified.
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was inside the desired phase while Ey was the mean value over the volume weighted
distribution of particles. If the whole phase is connected, like in trabecular bone, eg. 6 can
be simplified as eq. 7:

oy (x,u) = 213(9(, u) eq. 7

Cruz-Orive therefore defined the tensor representation of star volume distribution (Figure
4(c)) [25, 45] as:

2.2 2 2
XLiug  YXLiugup Y Liugus eg. 8,
_ 2 2.2 2
S=|XLiuqu, YLiup X Liujus

2 2 2.2
Y Liugus Y Liwpus X Liugy

where L; was the i th star volume component in direction u and the summation was done

over all directions that were examined [46].

Odgaard et al. [47] compared the above three anisotropic measurements together with star
line distribution (SLD, a variation of SVD, which uses the segment length instead of
observing the volume) with the main direction derived from elastic tensors (results from
FEM simulation) to provide experimental support for the implicit assumption of the
alignment of mechanical and fabric main directions in Cowin’s fabric-mechanic relations®
[48]. They concluded that there were only marginal differences between the results of
different anisotropy measures, i.e. surface-based and volume-based. However, SVD and
SLD might provide superior architectural measures of the mechanical anisotropy, while VO
had difficulties in identifying the secondary and tertiary (third) directions and MIL measure

had a relatively significant deviation of 1.4° from the primary direction.

With the development of new imaging modalities, like CT and MRI, techniques are under
development for relatively lower resolution images (compared to those used in
stereological and histological images). Such algorithms utilize image post processing
methods to extract information similar to that obtained using MIL or SVD. Gomberg et al.

[49] resorted to digital topological analysis in machine vision in order to quantify structural

® For the explanation of Cowin’s fabric-mechanic relations, please refer to Section 2.5
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orientation. Spatial autocorrelation analysis (using the autocorrelation function, ACF)
provided not only directional information on mean marrow intercept length but also a
measurement of the orientation dependence of trabecular bone thickness [50, 51]. The
trabecular network was treated as a quasi-periodic lattice in ACF. In this lattice, the first
peak of the autocorrelation function occurs at the lattice spacing whereas the full width at
half maximum of the parent peak is a measure of structural thickness. To give a more local
morphometric index, Saha et al. [52, 53] defined the notion of tensor scale. Tensor scale
was claimed to include the topological measurement, the volume fraction and anisotropy at
the same time. In lower resolution images (plain radiography and CT images), fractal
dimensions and greyscale structure tensors are applied and fitted into the correlated model
of fabric tensor and elastic property to provide estimations of bone quality by Lynch et al.
[54], Yi et al. [55], and Tabor and Rotika [56]. However, almost all the listed methods
required image resolution on the order of the trabecular bone thickness (on the order of
around 150 pm) which is lower than histological data but still higher_than the maximum
achievable resolution using a standard clinical routine (around 400 pm) [7].

2.3 Functional modelling

In the context of bone mechanical characterization and modelling, four levels of bone
structural organization are commonly distinguished. They are, in order of scale: the whole
bone level, trabecular bone level, bone tissue level and bone ultrastructural level [57]. At
the whole bone level, bone is considered as a continuous material. Its material property
represents the average property of a sampled bone volume. At this level, two types of bone
are distinguished: cortical bone and trabecular bone. The structural organization is
determined by the bone’s external and internal geometry, the bone density distribution and
the bone anisotropy. At the trabecular bone level, mechanical properties of bone are
determined by its network architecture. For forces in the physiological range, deformations
in bone tissue are relatively small, which implies that under this condition, linear FE
analysis is usually adequate. It is also known that bone exhibits linear elastic constitutive
behaviour for strains in this range. Material properties for linear elastic materials acquired

by FE analysis are fully described by the components of a fourth-rank stiffness or
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compliance tensor in the generalized Hook’s Law [58, 59]. Further down, at the bone
tissue level, structural organization is merely determined by the porosity of the bone due to
Haversian canals, lacunae and canaliculi. The trabecular tissue that forms the trabecula is
built of collagen fibres oriented in the trabecular direction and reinforced with apatite
crystal [60]. Finally at the ultrastructural level, by the organization of apatite and collagen
that forms the constituents of bone tissue. A typical length scale at these levels is in the
range 1-10 um. [57]

231 The knee joints and its kinematics

The knee joint is one of the most complex and biggest joints in the human body.
Anatomically, two types of articulations may be identified (Figure 5(a)): the tibiofemoral®
and the patellafemoral articulations [61]. The former is composed of two parts as the two
tibial cartilage surfaces are separated from each other by the intercondylar eminence in
front and triangular intercondylar areas at the back. It is the more important articulation
among the two since it controls the lengthening and shortening of the lower limb.
Patellafemoral articulation is responsible for the alignment of the knee joint with the legs.
Anatomically, the lateral and medial femur condylars have different shapes which lead to
asymmetric behaviour during motion. Being a condyloid variety of the synovial joint type,
the knee joint mainly achieves movements at the point of contact of articulations. It is
bathed in synovial fluid contained inside the knee joint capsule, whose major function is to
reduce the friction between the articulation cartilages during motion. The research interest
of this work will focus on the tibiofemoral articulations.

The understanding of the normal knee joint kinematics has been greatly developed in the
past years. Previous work using mathematical analysis of the sagittal slices through femur
described the axial rotation of the knee as an instant centre of rotation, shifting along a
predictable, curved pathway through its range of flexion [62]. The "four-bar linkage' model

was also supported by mathematical analysis when considering the two cruciate ligaments

* In some books, it is said that three articulations are contained in the knee joints by considering the two tibiofemoral
articulations separately.
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as rigid links. This 2D model helped explain the combination of glide and roll that occurs
on the articulation surface. However, the "ligament-guide four-bar linkage" model is based
on 2D descriptions of motion while the knee joint is actually a 3D structure [63]. Its
principle criticism is that it assumes that the flexion and extension axis of the knee joint lies
exactly in the sagittal plane, whereas such motion occurs in a 3D space and is composed of
rotation, gliding and rolling. Physiologically, three arcs (Figure 5(b)) can be recognized
during knee flexion [61]: screw-home arc (from knee fully extending to bending at
approximately 20°), functional active arc (from bending at approximately 20° to 120°) and

passive deep flexion arc (from bending at 120° to fully bended) [64].

Screw home arc

Patellofemoral (fully extending to approximately20°)

joint

\

Tibiofemoral
joint

l

Functional active arc
(bending at approximately 20° to 120°)

patella

Knee joint lateral view (2D)

Passive deep flexion arc
(from bending at 120° to fully bended)

(a) (b)
Figure 5. The articulation component of knee joint (a) and its flexion arcs (b) (in sketch).

As indicated by name, the screw-home arc is to describe the termination of the extension of

the knee movement phase. The anatomical asymmetric shapes between the medial and
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lateral sides within this arc lead to an asymmetric behaviour on either compartment.
Morphologically, the medial femoral condyle articulates with the anterior tibia surface
through the cartilage, whose surface slope evolves upwards as the knee gradually extends.
For the lateral femoral condyle, as the corresponding tibia cartilage surface is flatter, it rolls
down over the anterior edge of the lateral tibial plateau and compresses the anterior horn of
the lateral meniscus and the termination of the motion is achieved. The motion that occurs
within this arc is gliding (i.e. internal rotation) [61]. Within the functional active arc, a
mixture of internal and external rotations (i.e. gliding and rotation [61]) takes place. This
flexion arc is influenced by neuromuscular control and leads to an "active™” flexion. From
around 120° of flexion to a fully bending status, the tibiofemoral articulation motion is
passive and forced by an external force, e.g. the body-weight; therefore, this arc is named
as the passive deep flexion arc. Using MRI, Freeman and his group published a series of
their investigation of the knee flexion in terms of the shape and rotational motion of the
joints, both on cadavers and on human in-vivo under weight-bearing and non-weight-
bearing conditions, which provides comprehensive clinical baseline data for normal knee
joint [63, 65, 66, 67, 68, 69, 70].

Contact points can be thought of as being able to "mirror" the motion (magnitude and
direction) of the bones in the tibiofemoral articulation. Wretenberg et al. [71] investigated
the change of the contact point position with the knee joint flexion using a series of static
datasets in-vivo, with healthy subjects in a supine position and flexing their knee joint at
several angles. The aim of their study was to provide baseline data from healthy volunteers
and to compare it with pathological cases such as cruciate ligament injury, in order to
evaluate the skeletal joint function, i.e. motion and stability. However, the contact of the
tibiofemoral articulation actually happens on the cartilage surface, therefore it is more
advantageous to locate the contact points on the tibial/femoral cartilage surface instead of
bone. To address this, Li and his group [72, 73, 74, 75] combined data from both MRI and
3D fluoroscopy (dual-orthogonal x-ray) in order to investigate the human lower limb
kinematics in-vivo under weight-bearing condition (e.g. knee joint and ankle during
squatting and gaiting). With the high resolution anatomical data acquired from the MR

scanner in a supine position, they were able to resolve both femur and tibia cartilage
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surfaces with great details. The skeletal motion was recorded first with the 3D fluoroscopy,
leading to two x-ray images captured at the orthogonal directions. To map the motion data
and the anatomical model, a "virtual” 3D fluoroscopy system was developed, in which the
anatomical model could be flexed and projected on to the two x-ray images bearing motion
information. By matching the "virtual™ projection in this system with the real "projected”
images, the anatomical model was considered to achieve a position which recaptures the
recorded motion. However, the registering criteria were not clearly addressed. Also trying
to resolve both the contact points on the cartilage surface and their motion, we proposed to
use a combined MR imaging strategy [76]. In this approach, a quasi-dynamic acquisition
was performed in order to record the knee joint motion with a double-donut open access
MRI, in whose centre the subjects could stand and flex their knees. A high resolution MR
acquisition was done afterwards to acquire the anatomical information of the knee joint. By
a dual-registration (i.e. registering the femur part and tibia part separately) from the motion
data to the static data, a 6 DoF functional model of the tibiofemoral articulation of the knee

joint can be achieved.

2.3.2 Mechanical Properties of bone

It is intuitive to understand mechanical properties of bone using a compressive test
(experimental approach). For a comprehensive review of mechanical testing of bone, the
reader is referred to Bone Mechanics Handbook [77]. A different methodology for studying
mechanical properties of bone is the finite element method (FE method) to back-calculate
the bone tissue modulus [78]. In the FE based back-calculation scheme, the apparent elastic
modulus of the specimens Eg,, is determined first from non-destructive mechanical tests
such as uniaxial compression of trabecular bone cubes. Next, this bone sample will be
scanned using either a micro-CT/ micro-MR scanner or a serial grinder in order to acquire
3D images to reconstruct the structure model of the sample. This model will then be
descritised into a FE model (meshing). Assuming an initial guess of the tissue modulus Eo,
the predicted apparent elastic modulus Ecomp Can be calculated simulating the same
boundary conditions as in the experiments. Within the linear elastic assumption, the true

trabecular bone tissue elastic modulus Es can be determined by:
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EExp

E, =

= E eq. 9.
EComp 0 q

Rietbergen et al. [79] exploited the FE model to determine all the 21 coefficients in the
overall stiffness matrix of trabecular bone for the first time. The technique invented in their
study was later used to build a database of elastic constants from 141 human cancellous
bone specimens [80]. Cowin commented that this work was superior to the previous
database as the entire stiffness matrix components were computed without a prior
assumption of a particular material symmetry and without an assumption of the direction
[60]. Based on this database, Yang et al. [81] showed the human trabecular bone had
orthotropic elastic symmetry at the 95% confidence level with anisotropic Hooke’s law via
the averaging eigenbases analysis of the elasticity tensor by Cowin and Yang [82]. It
provided a solution to resolve the complexity of identification of trabecular bone elastic

symmetry [60].

2.3.3 Finite element (FE) method to study trabecular bone

The FE method is a numerical method for the solution of equations by approximating
continuous quantities as a set of discrete points, often regularly spaced in a so-called grid or
mesh. The grid or mesh is composed of simple geometric shapes called elements. These
elements are connected to each other at their corner points, called nodes. The differential
equations describing the underlying problem are then integrated per element. The finite
element discretization leads to a set of coupled linear algebraic equations (usually a very
large number) with the unknown parameter defined at the nodal points which can then be
determined by solving the set of equations. After solving, the distribution of the parameter
can be determined throughout the entire domain by using a suitable set of interpolation

functions, usually linear or higher order polynomials.

The FE method of bone is mainly based on the continuum level mechanics, including two
types of FE analysis: linear and non-linear. If the strains within the bone tissue exceed
physiological values, the small deformation and linear elasticity assumption no longer

holds and a nonlinear finite element approach is required to account for deformation-
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dependent changes in geometry or material properties.

Both surface meshes and volume meshes are used in FE models of bone. Surface meshes
are mostly used in whole bone level modelling where the microstructure of trabecular bone
and cortical bone is not considered. VVan Rietbergen et al. [83, 84] proposed a FE modelling
strategy called the micro-FE method in which the investigated bone dataset was discretized
into cubes based on each voxel. In this micro-FE model, they assumed that due to the
anisotropy of trabecular bone, each voxel was the smallest heterogeneous volume inside
this dataset and each voxel was the statistical average of the materials on a finer scale inside
this voxel. Thus volumetrization of the dataset was only about mapping each reconstructed
dataset into a cubic volume mesh (e.g., the easiest example is to convert each voxel directly
to an element of the final finite element model) and keeping the topology (i.e. the
connectedness of the trabecular bone network), the bone volume and the orientation of the
network. This method has the advantages of fewer assumptions about the elastic constants
thus is almost the most popular algorithm in trabecular bone mechanics property study.
However, its limitation is the large-scale computation that it has to handle and the

dependence on the resolution of the dataset.

234 Material property model

The continuum mechanics assumes the material distribution, the stresses and the strains
within an infinitesimal material neighbourhood of a material element can be regarded as
essentially uniform. When using these models for biological tissues like bone, it is essential
to make sure that such an assumption is correct. Down to finer scales, the infinitesimal
material neighbourhood of a composite material like bone is not uniform, as can be seen
from Figure 6 [85]. However, such uniformity assumptions can still be applied if finer scale
material elements are carefully characterized in a systematic and rigorous manner [28]. One
key concept in modelling the microstructure for the inclusion in continuum mechanics is
the representative volume element (RVE). It is a statistically homogeneous representation
of the material in the neighbourhood of X, with the characteristic length scale Lgye. In a FE
model, each RVE is one element inside the model. Thus at different levels, the correctness

of the continuum mechanics model assumption is closely related to the choice of length
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scale of RVE and the material distribution inside. [86]

Porosity is the obvious first order parameter to describe the material distribution inside a
composite material. In bone, this porosity corresponds to BVF. The best second-order
parameter to describe the material property of a composite material is suggested to be
anisotropy. It has been discussed earlier in this chapter that several ways can be used to
quantify the anisotropy and reconstruct a fabric tensor. The quantification of anisotropy is
important in terms of its direct relationship to material symmetry. According to Cowin [28],
the quantification of material symmetry by anisotropic parameters play an important role in
formulating the continuum mechanics equations (i.e. modelling the shearing components)
and simplifying the complex modelling problems by determining the effective material
parameters. There are eight types of material symmetries in theory, among which

orthotropic and transversely isotropic are of primary interest in bone.

a.RVEforthesolid |_ | Continuum point
matrix material —— /

TTe
b.RVE for the / T

saturated porous
medium

Figure 6. RVE for representation of a domain of a porous medium by a continuum point. It
illustrates the selection of RVEs with different sizes: (a). a small RVE (the blue box inside the
bone volume) will just contain the solid matrix while a big RVE (the whole bone volume
illustrated in this figure) will average over the pores and the bones to represent them as a whole.
[85, 86]

24 Bone Imaging

In order to understand the microstructure of bone, many imaging modalities have already
been reported in the past several decades. This section will mainly cover two imaging
methodologies: X-ray based techniques (2.4.1) and MRI (2.4.2), which would be exploited

and studied in this research but the reader should be aware that many other imaging
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approaches (e.g. ultrasound and positron emission tomography, PET) have also been
reported, such as ultrasonic, enhanced backscattering of light, and techniques to acquire
histological images. For a comprehensive review, please see [87].

241 X-ray based methods

The mineral components of bone give a good attenuation contrast when exposed to X-rays,
which has thus made micro-CT a precise and validated technique for the micro-architecture
reconstruction of bone [57]. The resolution of micro-CT bone images can be very high (10
@m) but when applied in-vivo the limitation on radiation dose results in a coarser level at
around 200 [7]. Therefore, many studies have used micro-CT as an imaging tool either
to visualize the TB network or to serve as a ground truth to validate results acquired from
the proposed methods, e.g. [52]. Schneider et al. [24] has followed a hierarchical imaging
framework including SR micro-CT to observe the mouse cortical bone at several levels to
observe morphological changes due to osteoporosis. At a coarser level, dual-energy X-ray
absorptiometry (DEXA) measures the mineral component of the bone (bone mineral
density, BMD) inside the field of view (FOV). It is the most commonly used bone
measurement in clinical settings because most of the osteoporotic changes lead to the
decrease of bone mass. However, DEXA cannot differentiate the loss from cortical bone
and that from the trabecular bone, and is also insensitive to the structural changes of the
internal structures ([76], ch9, page 9-1). To compensate the insufficiency of only
considering BMD while evaluating bone mechanical competence, some groups (e.g.
Schileo and his colleagues, [88, 89]) used 3D peripheral quantitative computed tomography
(pQCT) in-vivo instead to acquire the bone architecture and material information and build

finite element (FE) models of bone to understand the bone mechanical properties.

24.2 MR based methods

Based on the magnetic resonance phenomena, biological tissues can be probed by
manipulating the hydrogen spin systems perturbed by various magnetic fields. This section
will briefly outline the research of NMR based methods of bone. A more detailed

introduction on the basic MR theory and review on studies related to MRI imaging of bone
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will be explained and introduced in Chapter 3. Bone is composed of a very small
percentage of water and has very short T, values (around tens of micro seconds), therefore
signals from bone vanish before conventional MR sequences start to receive them. Thus
sequences with sufficiently short echo time have been proposed to be used to image bone.
Alternatively, the natural MR contrast between bone and its surrounding tissues (e.g. soft
tissues and cartilage) can also be exploited to visualise bone microstructure. Both ways
seek to visualize TB network directly. On the other hand, the relaxation of MR signals in
the TB region is dependent on the spatial distribution, i.e. micro-architecture, and the
amount of trabecular bone present, i.e. bone volume [90]. According to the measurement of
the MR relaxation properties, it may be possible to estimate the bone quality and
differentiate unhealthy cases, such as osteoporosis patients, from healthy subjects [91, 92].

This is the indirect assessment method.

Indirect assessment aims to detect the signatures of bone from MR signals and correlate
these with clinical discoveries and mechanical analysis results. However, different
relaxation rates were discovered at epiphysis and diaphysis for both fat and water. Wehrli et
al. [92] reported the first patient studies (in the vertebral bodies) demonstrating that patients
with independently established osteoporosis had prolonged TB marrow T5. Majumdar et al.
[93] conducted T3, T, and T experiments at 1.5T on bone specimens. They measured
susceptibility mediated effects on marrow relaxation times. It was found that no variation of
the estimated T; and T, with trabecular density was observed at 1.5T for in-vitro data.
Yablonskiy et al. [90] quantified T'2 anisotropic effects on BMD measurement in
guantitative MR theoretically and provided a physical model for quantitative MR
measurement. Both Jergas et al. [91] and Chung et al. [94] studied the relationship between
T3 and biomechanical properties of bone. They demonstrated that 1/T5 increased linearly

as the elastic modulus increased.

Alternatively, direct MRI assessment utilizes the contrast between the significant signal
intensity difference between bone and marrow to extract the trabecular bone structure.
Vasilic et al. [95] studied the impact of isotropic voxel size for the structural assessment of
trabecular bone network. Biases in morphological studies of the basic structure elements

and structural orientation had been revealed by comparing images with voxel size (160
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um)? x160 pm and (160 pm)? x600 pm.

Although bone marrow gives much more signal than bone, pulse sequences devoted to
measure the MR signals directly from bone have also been developed, such as ultra-shot TE
(UTE) sequence [96] and sweeping imaging with Fourier transform (SWIFT) [97]. Both
types of the sequences try to increase the receiving efficiency of the sequence so that the

MR signals from bone could be received before it vanishes.
2.5 Heterogeneous multi-scale method (HMM) framework

The multi-level structure of bone implies the biological dependence on multiple scales. It is
possible to borrow ideas from the fields of nano-engineering and physics about scale
linking to provide a multi-scale modelling technique. Systems, like turbulence, crack
propagation [98], and many in nano-engineering (for a review, see [99]) have shown
inherence across physical scales. For such problems, modelling on a single scale is either
inefficient (e.g. nano-engines do not obey continuum principles because they are too small)
or too slow [99], thus multi-scale modelling and computing techniques are introduced. In
nanoengineering, multi-scale approaches are grouped into two main categories:
information-passing and concurrent [98, 100]. In concurrent multi-scale methods, both the
discrete (i.e. finer scale like cellular level and molecular level) and continuum scales (i.e.
coarser level, where the continuum principles are still obeyed) are simultaneously resolved.
In information-passing schemes, the discrete scale is modelled and its gross response is
infused into the continuum scale. Most of the information-passing approaches provide sub-
linear computational complexity but the quantities of interest are limited to or defined only

on the coarse scale.

Models of bone remodelling have benefitted from multi-scale modelling [101, 102, 103,
104]. Cowin et al. [101] developed a consistent mathematical theory for load adaptive bone
remodelling in accordance with the theory of adaptive elasticity. In Cowin’s theory, bone
has a characteristic equilibrium configuration represented by a particular shape and density
distribution. It is assumed that for normal external loading conditions a typical equilibrium
state of stress and strain in the bone is obtained. A deviation from this equilibrium state is
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the driving force for an adaptation in shape (external remodelling) or bone density (internal
remodelling) back to the equilibrium state. Mullender et al. [105] later developed the 3D
version. The relationship between bone morphology (i.e. fabric and BVF) and mechanical
properties (i.e. elasticity) has been revealed in many studies [48, 106, 107] at continuum
level (i.e. both trabecular bone level and the whole organ level). It has been discussed both
by theoretical derivation [48, 106] and experiments results [80, 81, 84] that it is possible to
predict the trabecular bone elastic properties from its morphological appearance. Such
models are becoming increasingly relevant as the resolution levels of 3D scanning

techniques approach the size of trabeculae [84].
25.1 Relationship between morphology and mechanical properties

The notion of fabric tensor plays an important role in relating the morphological parameters
to the strength of bone. This concept arises in several efforts to characterize the solid
microstructure of an elastic porous material. Oda [108] introduced the concept of a fabric
ellipsoid, as an ellipsoid determined by the three dimensional distribution of the normals to
the tangential contact planes about a point. Cowin [106] pointed out that the fabric ellipsoid
was equivalent to a symmetric second rank tensor. Later together with his colleagues, Oda
[107] proposed that, for granular materials, the fabric ellipsoid was the second best measure
of the microstructure in granular materials after porosity. Whitehouse et al. [41] made the
observation concerning the quantitative morphology of trabecular bone structure. They
showed that when MILs within the solid bone matrix were plotted in a polar diagram as a
function of direction across a specimen section, the polar diagrams produced ellipses. This
observation is analogous to the fact that the three dimensional distribution of grain contact
normals about a point in a granular medium can be represented by an ellipsoid [106].
Harrigan and Mann [42] observed that in three dimensions these mean intercept length
ellipses in trabecular bone would be ellipsoids and could be represented by a second rank
tensor. Cowin [48] further combined the concept of fabric tensor and continuum mechanics
and derived the algebraic relationship between the second rank fabric tensor and the fourth
rank elastic tensor. This derivation provided the mathematical basis for the relationship
between bone elastic properties and bone micro-architecture. This theoretical model was

proven later using micro-FE techniques by Odgaard et al. [46]. However, the limitation of
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this relationship is that it assumes the material property is isotropic and his model is limited

to continuum level at a coarser scale [109].
2.6 Summary

A multi-scale based method should be potentially helpful in both research and clinical
applications. We are motivated by the hierarchical structure of bone and its functional
adaptation. Ideally, we would like to build a model that could inversely predict the finer
scale behaviour with information achievable clinically. However, most of the modelling
involving finer scale information, i.e. on the order of tissue level or even finer, mainly uses
in-vitro/ ex-vivo data, while the in-vivo data only serve the modelling above the tissue level.
Therefore, we aim to bridge these scales from both imaging and modelling aspects.
Looking at the hierarchical structure of bone, from both the pathological and functional
point of view, resolution is a key for a more comprehensive understanding. In this chapter,
the methods regarding characterizing bone, especially trabecular bone (TB) micro-
structures and functionalities are reviewed. While traditionally only bone volume
parameters are used to estimate the TB mechanical properties, such as its elastic property, it
has been demonstrated by many studies that its micro-architecture parameters play a very
important role in explaining the elastic properties of bone measured experimentally and can
greatly improve the estimation. Therefore, several micro-structure parameters are
introduced, with a focus on the anisotropy characterisation. This characteristic organization
has been commonly considered as a result of the natural remodelling process of bone.
Therefore it might be considered as a parameter to bridge the cellular scale biological
process of bone and its tissue scale mechanical properties as discussed later in this chapter.
Although several methods have been proposed to quantify structural anisotropy, most of
them rely on a 3D visualisation of TB structure, which is difficult to achieve in a
conventional clinical environment. Therefore, new imaging techniques towards going
beyond the resolution penalty are extremely welcome. In the next chapter, MR imaging
technology is discussed as a possible solution to address this issue.
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Chapter 3. MRI and its application in bone

Imaging plays an essential role in understanding the microstructure of bone. As introduced
in Section 2.4, many different imaging modalities has already been reported to be used to
provide quantification of trabecular bone functionality and micro-structure. Although X-ray
based methods are more commonly used clinically due to the contrast brought by the
mineral component of bone, there is an increasing interest in MR based methods of bone
Imaging, thanks to its non-invasive, non-ionising nature and the ability of acquiring real 3D
volume. A more important property of the MRI technique is the idea of visualizing the
biological tissues through the magnetic properties of the spin systems (an atomistic level
property) inside the tissues. From this point of view, it is naturally a "multi-scale” imaging
approach, which reveals the micro-scale behaviours through a macro-scale measurement.
However, a single MR acquisition approach cannot retrieve valuable information from all
the scales, especially for in-vivo imaging. Its resolution penalty [7] suggests the assistance
from other imaging modalities in case information from a micro-scale is necessary. This
chapter will first introduce the basic theory of MRI (Section 3.1). The second part of this
chapter will briefly review the MRI protocols that have been used to study bone (Section
3.2), including conventional protocols such as those exploiting the T, properties of TB and
the direct visualization of TB micro-architecture, using spin diffusion (DTI) or dephasing
(SPENT) to extract information on TB architecture parameters, and sequences which are

able to collect signal directly from bone.
3.1 Basic theory of MRI

This section is presented to expose the basic concepts necessary for a better understanding
on DTl and mSPENT work in the later chapters.

MR imaging of biological tissues (e.g. humans and animals) is based on the ability to
manipulate the spin (a quantum property of fundamental particles) system by the
combination of magnetic fields, and then to detect the bulk precession of the hydrogen

spins (i.e. the net magnetization) in water, fat and other organic molecules of the tissues.
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The rest of this section will briefly introduce the basic theory of MRI from several aspects:
the magnetic resonance phenomenon of a single spin; the net magnetization and the
generation of MR signals; k-space and its sampling; and the basic sequences. Both classical
mechanics and quantum mechanics are needed to help to understand the behaviour of spins.
In this section, we mainly focus on the explanation based on the knowledge of classical
mechanics. As the detailed MRI theories have already been discussed and summarized
many times in several classical books [110, 111], here only a general introduction will be

given as a theoretical prescription for the imaging techniques addressed later in this thesis.
3.1.1 A single spin and the spin magnetization vector model

All the fundamental particles, such as electrons, protons, and neutrons, share a quantum
property, called "spin™. It is the rotation of a charged particle about a principal axis,
therefore it is also termed magnetic angular momentum or angular momentum, J . Without
any further disturbance, the spin stays in an equilibrium state. The angular momentum J
and the magnetic moment W are linear correlated (eq. 10) and their ratio is another
important constant, called gyromagnetic ratio, v:

H=v/ eq. 10

While being immersed into an external static magnetic field B_O’ , Spins tend to align with the
direction ofB_O’. The classical description of the fi's motion can be understood as a simple
magnetic dipole moment (i.e. magnetic moment for simplicity), such as a bar magnet, and
precesses around the direction of B_O) (Figure 7 (a)). The direction of fi is the spin axis, and
it always tends to align itself along the direction of the external magnetic field, BT, . Inside
B_o) , it receives a torque t (eq. 11) , though there is no net force applied.
T=UxDB, eq. 11

Now recalling knowledge in classic mechanics, when applying a nonzero total torque onto
a magnetic moment j, it will undergo a rotation, whose angular velocity depends on the
torque. Just as a force is given by the rate of change of the momentum, a toque is given by

the rate of change of the angular momentum. Together with eq. 11 and eq. 10, the equation
to describe a single magnetic moment motion (Figure 7(a)) is thus as in eq. 12:
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z—f= B X By, asr=%=ﬁxB—0) eq. 12

It can be considered as a simplified version of the Bloch equation which will be introduced
later in the next section. eq. 12 also indicates that the magnetic change, d is perpendicular
to the plane of ji XES. Let 6 denote the angle between the spin/dipole ji and the main
magnetic field ELammdmgmﬂmgamwnmpm%mMMnmmmﬂnF@weﬂ@,ﬁﬁl=
usin@de . From eq. 12, we also have |dji| = y|fi x Bo|dt = yuB,sin6, By = |B,|>
Thus, the angular velocity w, can be derived by equating the two expressions above (eq.

13):

ado
= |—| = vB eqg. 13
@o dt| Y5 a
B, 2 Eo.
] qu,
n\\
du —» y
u
N X
(a) (b)

Figure 7. Sketch of the interaction between a magnetic moment with a static magnetic field. (a).

Clockwise precession of a proton's spin about a static magnetic field. In this geometric sketch, the
motion of a spin/ dipole ( i) inside an external magnetic field 1—3; is presented. At the time dt, in the
transverse plane, the angle of [ rotates is d®, the angle between i and B_O’ is 0. (referenced and
reproduced from [111] page 3) (b). lllustration of the effect of an r.f. pulse on the individual magnetic
moment [ in a rotating frame (x'y’z’). The frame is rotating aboutB_(; at the Larmor frequency. In

this frame, there is no observed precession about 1—3;

Sthe rest of this chapter, such expression is used for all the vector/ directional variables: an upper arrow indicates a
variable is directional, and its magnitude is expressed without the upper arrow
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This formula is also called Larmor precession formula and w, is termed Larmor frequency.

From the quantum mechanics point of view, it relates to the energy transition of a proton
spin between the two energy levels: "spin-up” (parallel to B_O)) and "spin-down" (anti-
parallel to B_(;). Without enough energy, the spins would resist to the original state without

doing anything. This is to say the external magnetic field Eg needs to be big enough to
polarise the spins. When the spins precess at Larmor frequency, w,, they are said to be "on

resonance". Therefore, eqg. 13 is also the condition for spins to be "on resonance".

3.1.2 Excitation and relaxation of spins, Bloch equation

Whether the individual spin aligns parallel or anti-parallel to BT, cannot be decided easily.
However, a macroscopic measurement as the difference between the total number of ‘spin-
up' and 'spin-down" within a sample is possible. This directional quantity is also called net
magnetization, M(t). Another related useful concept is the spin isochromat, which is a
cluster of spins with the same phase [111]. It is actually the spin isochromats that MR
techniques manipulate and the net magnetization in tissues that they measure. If the
external static magnetic field keeps the same, the net magnetization would stay at a state
without any changes. In order to relate the distribution of the spins to their spatial locations,

MRI uses two types of spatially and temporally varying magnetic field: the transverse
magnetic field, B, (D), generated by varying radiofrequency (r.f.) pulses to tip the spin

system to a new direction 6 (Figure 7(b)) and the gradient magnetic fields (5X1, 5y1' 521,
where x7, y;, and z; correspond to the frequency, phase and slice encoding directions) to
assist to localise the magnetic signals. In this section, the excitation and relaxation

procedure of spins are introduced.

Recalling Section 3.1.1, the act of adding an oscillating, B_l)(t), perpendicular toB_O), for
some period of time would make the spins leave the initial direction and orient at a new
angle @ (Figure 7(a)). This perpendicular magnetic field is generated by r.f. pulses, whose
frequency has to be the same as the Larmor frequency w, in order to meet the 'on
resonance' condition. The angle (#) that r.f. pulses can tip the spins from their original
orientation to another depends on the time duration of r.f. pulses being added. The
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relationship is as eq. 14. The angle 6 is therefore termed as flip angle.

0 = |yB;|t eq. 14

The magnetization vector, ﬁ(t) can be decomposed into two perpendicular vector component, a
transverse component 1‘_@ (on x-y plane, also noted as Mxy ) and a parallel (to B_O))
component 1\7f|| (can also be noted as IWZ , as it is along the Z axis of the main magnetic
field). After the r.f. pulses are applied, the spins appear with a coherent transverse
magnetization, 1\7Il. However, once the r.f. pulses are switched off, the spins start to realign

with the main magnetic field Eg via the exchange of energy between spins and its
surrounding environment (lattice). This process is characterized by two time variables, the

spin-spin relaxation time T,, and the spin-lattice relaxation time T; .

In the longitudinal plane, the change of 1\7” reflects the interaction between spin and its
surrounding environment, and termed spin-lattice/T; relaxation. It is described by the

equation as eq. 15.

dify (Mo —My)

eq. 15.
dt T |

The solution of this equation (eg. 15) is that of an exponential return to the equilibrium
position.

M) = Mg+ (My(0) — M) - exp (— Til) eq. 16

In the transverse plane, the coherence is lost gradually (i.e. a phase dispersion) as spins

composing of M, would exchange energy between each other which causes spins obtaining

different phases (i.e. dephase). This process is called T, relaxation. The dephasing of spins

causes the decrease of M, . The rate of this change can be described as eq. 17:

M, M,

dt T,

eq. 17,

The solution to this equation indicates the development of M, follows an exponential decay
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as indicated in eq. 18.

M, (t) = M,(0)- exp (— Tiz) eq. 18

However, the loss of transverse coherence may not only rise from the interactions between
spins, but may also result from the local field inhomogeneities [90]. This dephasing,
characterized as T, , is temporal invariant and reversible in case the local field
inhomogeneity is also time invariant. The combination of T, and T, is measured in MRI,
and termed as T,.° As T; is sensitive to the spatial variations, it may also be possible to
exploit T, as a signature to distinguish the spatial variation caused by the 'abnormal’ spatial
variation such as the 'over'-broadening in trabecular bone of the osteoporosis patients. Such

technique will be reviewed briefly in Section 3.2.1.

Looking at the spin dynamic globally, it is the combination of the above two relaxations
and spins' self-precession. The net magnetization in a sample (M) is thus the sum of all the
magnetic dipoles (1\7i = % Yprotons in v H;) and can be written into one vector equation,
which is referred to as Bloch equation (eqg. 19) [111]:

dM 1 1

— = yM X By + —(My— MDZ——=—M eq. 19,
dt ext T1 0 " TZ 1

where the first part of the equation YM x §ext is to describe the non-interacting protons,

and §ext is the exact magnetic field applying to the spins. As the net magnetization is
related to the (effective) proton density p,’ it is therefore possible to reconstruct the proton
density p within a volume by measuring the signals caused by evolving of magnetization

over time [111].

® Strictly speaking, T; is the combination of T,, T, and T;. However, in practice, the decay caused by T; can usually not
be detected while measuring T, and T
" The equilibrium magnetization can be expressed in terms of the proton density po, which involves the temperature T and
the external field By. Thus an effective spin density p can be introduced, which is proportional to p,. For a detailed
explanation, please refer to Chapter 6 and Chapter 9 in [111].
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3.1.3 Measuring MRI signals and k-space

The relationship between MR signals over time, s(t), and the proton density, p(r), within a
sample (positioned at ¥) can be expressed in eq. 20 , where @, is the phase at the initial
state and the @ (T, t) is the accumulated phase over time t and o is the Larmor frequency,
which is a function (w (%, t)) of the evolution time and position [111]. eg. 20 also implies
that the MR signals (in the time domain, also called k-space) and proton density (in the real
space, also called imaging space, or frequency domain) are in a dual space, mapped by the

Fourier transform (FT) operation.

s(t) = fd3r p(B)e I (Pote@D),
t eq. 20
(1 t) = —f dt'w (T, t)
0

The goal of imaging is to correlate the measured signals with the spatial locations of
various sources. Towards reconstructing meaningful images from the measured MR
signals, these signals need to be localised and to be sampled accordingly. To achieve this,
spatially linearly varying magnetic fields are exploited in order that the magnetization
signal can be encoded based on their spatial locations. In a Cartesian space, the sampling
procedures correspond to the three important encoding steps: slice encoding (z7), phase
encoding (y;) and frequency encoding (x7), where (x7, ¥, z;) are the three orthogonal axes

defining a slice of imaging volume.

When r.f. pulses with bandwidth BW,., (= 6f) and carrier frequency fo are switched on, all
the spins whose resonant frequency are within BW,., will be all excited. In this case, for a

uniform static magnetic field, no spatial selection is made and the correlation between

signals and tissue spatial locations is not obvious. Slice encoding is to excite spins only
inside a given plane. It works by applying a slice encoding gradient, qu1 (G, = dB,,/dz)
while r.f. pulses are on, so that only the spins within that plane are on resonant. 5zlacts in

the normal direction z; of the plane and leads to a magnetic field (B (z)) linearly changing

along z; . The Larmor frequency is thus shifted to wg;.. (eq. 21).
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E(Z) = B—O)+ GZZ = Wslice = VE(Z) = V'(B—O)-l' GZZ) eq. 21

The slice encoding gradient can be understood as a sampling window of the MR signals.
The slice thickness (Az) is determined by BW,r and the gradient strength of 5zland the
slice position is determined by the carrier frequency of the r.f. pulse and the gradient

strength (eq. 22) (Figure 8).
_ Ber _ Wglice — ¥Bo

Az , Zolice = eq. 22,
% Gz slice Y Gz q
1 Resonant frequency
Gzl
YT P ———— :
|- - 5f{. ________ § e
fy— 8F/2 |-V

S

Position

2,-Dz/2 7, z,+ Dz[2

Figure 8. Slice encoding illustration: G,; is the applied slice selection gradient. The two axes
represent the resonant frequency and the sampling position. If the excitation bandwidth is §f, the

slice thickness is Az. f; is the central frequency and z, corresponds to the slice centre.

After selecting the 'on resonance' plane, the sampling process continues to localise the

phase of the spins inside the plane. This is through the phase encoding procedure which
adds a phase encoding gradient 5y1 during a fixed time period (i.e. the phase encoding

gradient lobe) while the magnetization is in the transverse plane. With qu1, a linear
variation of the phase (i.e. the angle formed by the transverse magnetization vector with
respect to some fixed axis in the same plane) is introduced within the excited plane. By
varying the phase gradient strength, different amount of phase variation can be generated
(the time to apply the phase gradient is fixed for all the phase encoding procedure). It is
equivalent to applying a linear phase shift to the magnetization in the phase encoding

direction. The overall phase shift applied is a factor of 2m.
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The frequency encoding is the last step to localise the signal and applied together with the
signal readout. It also uses a linearly changing gradient 5xlto create a spatially varying

magnetic field. This magnetic field assigns unique Larmor frequency to every spin
isochromat at a distinct location. The signal detected is the vector sum of the effective
magnetization of all the spins in the object. It is conventional to combine the two
orthogonal components of the magnetization into a complex number: M, = M, +iM,,,

which leads to a complex MR signal readout.

The concept of k-space is introduced for a clearer gquantitative expression of the above
signal localisation procedure. At a given time t, the encoding position (k, ,k,, ) in a
Cartesian k-space is determined by the history of the applied gradients in both the phase
and frequency directions (eg. 23). In the other words, the gradient can also be viewed as the

speed of the sampling in k-space.

t t
ke () = yf Gy, () dt =yG, t, ky () = yf Gy, () dt' =vyG,, t eq. 23

to to

Therefore, in the absence of relaxation effects, the k-space 2D signal equation at the
sampling time t is:

S(ky, ey t) = ffp(xl,yl)exp (iZn(kxlxl + kyl}ﬁ)) dx; dy; eq. 24,
where p(x;,y1) is the proton density at the position (x,y,) of the real space, and
S(kxl, ky, t) is the MR signal received at time t. Thus the proton density of the object can
be obtained by the inverse FT:

p(x,y) = %ff S(kyx. ky, t)exp (—i2n(kxx + kyy)) dk, dk, eq. 25.
Although eq. 24 is continuous, in practice the MR signal sampling process in k-space is
discrete and thus governed by Nyquist sampling criteria [111]. Consequently, the spatial
extent of an image, namely “Field of View” (FoV), needs to fit the size of the object in
order to sample the object without aliasing. The step size (Ak,,,Ak,, ) between two
successive sampling positions in a standard Cartesian k-space thus needs to meet the

relationship as in eq. 26, where L, and L, are the FoVs along the frequency and phase
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encoding directions respectively, N,, X N, is the image matrix size and (Ax;, Ay;) is the

size of each pixel in the image (i.e. the resolution):

1/8k,, =L, =FoV, =N, Ax;, 1/Ak, =L, =FoV, =N, Ay eq. 26.

Consequently, the maximum k-space shift (k,,,, ) has the following relationship with the

image resolution:

kxmax = 1/AX1 4 kymax = 1/Ay1 €q. 21
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Figure 9. Examples of k-space trajectories: (a) a linear Cartesian k-space trajectory; (b) the k-space
trajectory for EPI sequence; (c) a non-Cartesian k-space trajectory example: radial trajectory
(indicated by black lines).

The path to sample k-space is plotted as k-space trajectory (Figure 9). The previously
explained signal localisation method follows a Cartesian k-space trajectory, where the
coordinates of each k-space point is expressed in a Cartesian space (e.g. Figure 9(a, b)).
The overall acquisition time is related to how long it takes to sample the whole k-space.
Thus to sample k-space more efficiently, one can try to reduce the time spent on travelling
in all the points on k-space. Efficient k-space trajectory examples include echo-planar
imaging (EPI, Figure 9(b)) and a radial k-space trajectory (Figure 9(c)).

3.14 Basic sequences

In this section, two basic sequences related to the works in this research are briefly

introduced [112]: spin echo (SE) sequence and gradient echo (GRE) sequence.
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The spin echo sequence

A standard SE sequence (Figure 10) is based on the application of two r.f. pulses: a 90° r.f.
pulse followed by a 180° r.f. pulse. With the first r.f. pulse, the magnetization of the sample
is tipped down to the transverse plane, and starts to dephase after it is switched off. Then
the following r.f. pulse (with twice the amplitude of the 90° pulse) is applied at a time TE/2
to rotate the dispersing spin around an axis in the transverse plane so that the dephased spin
isochromats would refocus at a later time, such as at TE. This refocused magnetization

leads to a signal peak (i.e. an echo) at the time TE and which is the desired MR signal.

Echo time (TE)

1

1

1

: 180°
' 900

r.f.

Spin echo

Figure 10. A schematic of spin echo sequence graph with the corresponding signal decay (soe‘t/Tz*)

and the signal decay envelope (syet/"2).

The gradient echo sequence

The GRE sequence (Figure 11) is a class of pulse sequences primarily used for fast
scanning. Without the r.f. refocusing pulse as in SE sequence, to create an echo, GRE uses
gradient reversal on the frequency-encoding axis (x7). It first dephases the spin isochromats
with a frequency-encoding prephasing gradient and then rephases them with an opposite

polarity.
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TE 3.2 MR imaging of bone

r.f. ’\,/ \VA At present, most applications of MRI in

Frequency Jill
Encoding \ /M

I ”\ bone exploit the signal coming from

| |
| |
sampling bone marrow to understand the status of

Phase bone, or more specifically, trabecular
Encodin . . .
‘ bone. These conventional MR imaging
Slice methods, as introduced in Section 2.4.2,
Selection \—/
can be divided into two categories,

Figure 11. A typical gradient echo sequence graph indirect assessment and direct
visualization [113]. The former exploits
the fact that near the boundary of two

physical phases with different susceptibility, spatial inhomogeneity in the static magnetic

field leads to an alteration in bone marrow relaxation time, T, . Although this technique was
considered as a surrogate measure of BMD, its application is currently considered
investigational. The latter strives to increase the resolution as much as possible so that
trabeculae become visible and a visualization of the micro-architecture of trabecular bone
(TB) can be achieved. Further quantification of the architecture of TB network, as in
histology and on micro-CT data, becomes possible, as well as finite element analysis of
mechanical status. However, the in-vivo resolution penalty prevents this method from
becoming a commonly used clinical method [7]. Both of the two techniques characterize
bone status using MR signals from bone marrow due to the extremely short T, properties of
bone (Table 2). Recently, studies started to investigate other sequences as alternative
choices for in-vivo bone MR imaging, such as diffusion sequences (e.g. DTI), dephase
techniques (sub-pixel enhancement of nonuniform tissue (SPENT)), and sequences that
measure signals from bone directly. This section reviews the various reported MR related
studies of trabecular bone, using conventional protocols such as SE and GRE types of
sequences (Section 3.1.4), DTI (Section 3.2.2) , SPENT (Section 3.2.3), and UTE and
SWIFT (Section 3.2.4).
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3.2.1 Conventional methods

Indirect assessment takes advantage of susceptibility effects whereby the trabecular bone
alters the adjoining marrow relaxation properties in proportion to its porosity and structure
and thereby provides information regarding the trabecular bone network. An estimate for
the signal loss S at an echo time TE for a gradient echo experiment is obtained through the

empirical expression [90]:
S(TE) « exp(—R% - TE) ,with R; = 1/T, + R, eq. 28.

In eq. 28, R, = YAB (y is the gyromagnetic ratio) is a contribution to the signal relaxation
rate from the local field inhomogeneity. Two basic phenomena affect the NMR signal
formation in the presence of external static field inhomogeneity: one is from the difference
in local frequencies that magnetic moments of different nuclei experience, which leads to
reversible spin dephasing and signal loss; the other is caused by diffusion, the translational
motion of spins, which results in a loss of phase memory and irreversible signal loss. [111]
Indirect assessment utilizes the former case, the characteristic relaxation time T, (=
1/R3) of marrow and correlates it with bone density and spatial structure of trabecular
bone [30].

Table 2: Approximate mean T,s of some short T, tissues and tissue components (adult clinical

results estimated for 1.5T [96])

Tissue or tissue component Mean T,
Ligaments 4-10 ms
Achilles’ tendon 0.25and 0.7 ms, 1.2 £ 0.2 ms,

0.52 ms (88%) and
4.8 ms (12%), 7 ms

Knee menisci 5-8 ms
Periosteum 5-11 ms
Cortical bone 0.42-0.50 ms
Dentine 0.15ms
Dental enamel 70 us

Protons in water tightly
Bound to proteins / 10 us
Protons in proteins
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While indirect detection methods can provide useful information on both BVF and
structural orientation, it requires measuring the T, properties of the objects at different
angles with the main magnetic field, which is impractical. Therefore, the direct
visualization of 3D TB network would be preferable. Among all the imaging parameters,
resolution is the most critical, as the mean thickness of human trabecular bone is between
80-150 pum [7] which is just around the highest resolution that in-vivo MRI can achieve.
Wehrli et al. [7] concluded that in practice, the resolution achievable in-vivo is entirely
governed by SNR. They formulated the relationship between SNR and other imaging
parameters, including voxel size (Ax,Ay,Az), the dependence on pulse sequence
f(p, Ty, To, T,, TR, TE ), data sampling time t;, the numbers of samples collected in the

three orthogonal directions Ny, Ny, N, and the number of signal averages Nay as:

1
SNR o« AxAyAz x (N N,N,N,,t.)2f (p, T1,T5, Ty, TR, TE ) eq. 29.

eq. 29 entails a clear SNR penalty. Various in-vivo pulse sequences have been developed in
order to achieve as high resolution as possible. The most commonly used three types are
gradient echo (GRE), spin echo (SE) and balanced steady-state free precession (b-SSFP).
Due to the anisotropic nature of trabecular bone network, isotropic voxels are preferable to
anisotropic ones. Normally, the in-plane pixel size is easy to be isotropic, while isotropy in

slice-encoding direction is difficult to achieve in-vivo.
3.2.2 Diffusion MRI

Trabecular bone consists of a 3D network formed by two phases: the trabeculae and the
marrow filled in the pores. This highly heterogeneous network can also be considered as a
particular porous media system. Capuani et al. [114] analyzed this link and applied the
long-term established diffusion NMR method in porous media systems (i.e. the flows inside
the pores of such systems [115]) to perform DTI of bone on the calf distal femur. A PGSTE
(pulsed gradient stimulated echo, [110, 116]) was equipped on both a 7T (Bruker Biospec)
and a 9.4T (Bruker Avance) scanners. Both fractional anisotropy (FA) and mean diffusivity
(MD) were calculated to indicate anisotropic diffusion in different types of tissues of the

femur (e.g. fat, cartilage and trabecular bone). Although they concluded that DTI was a
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potential tool in the study of bone architecture and the geometrical organization of
anisotropic porous systems, they only illustrated DTI as a novel contrast mechanism in
bone without any further application or quantification regarding the relation to its mechanic
properties. Hatipoglu et al. [117] sought for the possibility of using ADC in red marrow
(red marrow in lumbar vertebrae) for the diagnosis of osteoporosis. By comparing their
results with that measured by DEXA on 240 lumbar vertebrae (L1-L4) from 51 subjects,
they reported the decrease of the water diffusion ADC on the osteoporotic or osteopenic

group.

The mixed composition of bone marrow definitely adds complication when observing
diffusion in trabecular bone by MR. While some studies focus on understanding the water
diffusion inside bone marrow, some groups seek to utilize the diffusion of fat. Ong et al.
[118] used a PGSE pulse sequence to measure ADC of fat. Their results showed that the fat
signal is slow enough to be considered as a static regime at diffusion times of tens of
milliseconds. Therefore, it is reasonable to choose a low b-value (< 1000 s - mm™2) with
conventional clinical protocols to observe water diffusion inside bone marrow. Considering
the ability of diffusion tensor imaging to derive orientation, we showed that the feasibility
of using DTI to measure human TB orientation in-vivo with a clinical scanner in Chen et al.
[119]. NMR diffusion measurements on trabecular bone are indeed rare. Sigmund et al.
[120] analyzed the complexities of MR diffusion measurement in trabecular bone.
According to their argument, the small accessible diffusion lengths (10-100 pum) compared
with the average pore size (0.2-1 mm) was the strongest factor to affect the limited contrast
in conventional diffusion MR imaging. Other factors included the shorter relaxation time
and smaller diffusivities, as well as the aforementioned complicated composition of bone

marrow.
3.2.3 SPENT

While MR relaxometry method remains investigational and the direct measurements have
very high requirements of resolution, an alternative innovative MR sequence by dephasing
spins inside each voxel has been proposed by Yiannakas et al. [121]. The sequence, named
subpixel (subvoxel) enhancement of nonuniform tissue (SPENT), is reported to be able to

61



measure subvoxel information by adding an extra gradient in the classical spin echo
sequence. The use of this extra gradient allows the creation of a 2z phase dispersion across
each voxel so that the spins disperse again after the refocusing r.f pulse (Figure 12). Such
dispersion causes the cancellation of the spin vectors within a voxel, which is zero in case
of voxels containing homogeneous tissues but is non-zero for voxels with non-uniform
structures. This extra gradient lobe was shown to be possible to be applied on any of the
three encoding directions (i.e. frequency, phase and slice encoding directions) to create the

dephasing prone to that direction.
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Figure 12. The SPENT pulse sequence as presented in [121]

In their study, Yiannakas et al. [121] performed the SPENT sequence on a group of 30
human trabecular bone samples in-vitro and demonstrated that the SPENT measurement of
voxel nonuniformity (with an isotropic voxel size) is highly correlated to BMD given by
DEXA (R? = 0.95,p < 0.0001 for the summation of SPENT measurement on x, y and z
direction). Another highlighted feature of this method is its nature of being directional
specific. It was also shown in the study that the SPENT measured values along the y
direction were higher by 3% than that on x direction (the measurement was performed in
isotropic pixels with x direction along the trabecular bone orientation). This anisotropic
appearance matches the anisotropic feature of trabecular bone, which hints that SPENT

might also be potentially powerful to measure trabecular bone orientation.

Based on this clue, we (i.e. the author and her collaborators) sought to use the SPENT
sequence as a probe to measure the local trabecular bone orientation through a tensor based
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method [122]. This involved an extension of the original x-SPENT and y-SPENT to
arbitrary directions. In order to make it easier for a future clinical adaptation of the
sequence, we used a conventional k-space grid instead of a radial trajectory. We initially
obtained the arbitrary direction SPENT measurement by rotating the imaging plane. This
consequently rotated the SPENT gradient whose orientation was in an angle with the
original imaging coordinates. Although the results were interesting and encouraging, the
chemical shift caused by the fat components of the bone marrow was a big problem when
changing the imaging plane orientation. To complement this problem, we proposed a
further modification to the original SPENT sequence in [76], which contained
simultaneously added SPENT gradients on both frequency and phase encoding direction.
The overall strength of the two gradient lobes is equal to that to create the 2m phase
dispersion across each voxel. The overall SPENT gradient orientation with reference to the
in-plane imaging coordinates is thus determined by the ratio between the strengths of the
two gradient lobes. With promising results shown in a chicken femur sample, we also

validated the sequence ability to resolve structure orientation in a pineapple sample.
3.24 Other imaging protocols

Tissues such as bones, cartilage, ligaments, and tendons have very short T, (Table 2 [96]).
Their MR signals decay rapidly, and thus little or no signal is detectable by the time
conventional MR systems begin to receive. This very fast transverse relaxation motivates
the idea to reduce TE in a pulse sequence. UTE techniques use half RF excitations with
radial mapping from the centre of k-space [23, 96]. These UTE sequences have TEs about
10 to 20 times shorter than the shortest clinically achievable sequences. Tissues with a
majority of very short T, components such as bone (Table 2) can thus be visualized as high
signal areas in images. Such information can be genuinely complementary to conventional
sequences such as fast spin echo imaging, EPI and diffusion-weighted imaging which

detect long T, components [7].

Robson et al. [123] imaged phosphorous in cortical and trabecular bone in-vivo. The
complex structural differences between the crystals of bones and of pure hydroxyapatites
were hypothesized to reflect the metabolic history of the bone. A potential use of
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phosphorous imaging was then proposed by Robson et al. [124] in order to provide a
further insight into the status of bone. Four hundred patients were scanned using clinical
UTE imaging to detect tissues with short T,s (i.e. bone and other connective tissues). Using
a method based on a UTE sequence, Techawiboonwong et al. [125] quantified bone water
concentration in-vivo in human cortical bone. As most of the water is stored in the pores of
cortical bone, this technique, according to Techawiboonwong, can be considered as a probe

for cortical bone porosity which provides a unique insight into osteoporosis.

Sweep imaging with Fourier transform (SWIFT) is another MR pulse sequence to facilitate
probing the tissues with very short transverse relaxation time [97]. In SWIFT, the
frequency-modulated r.f. pulses are used with simultaneous acquisition so that the
acquisition speed is significantly improved. Idiyatullin et al. [97] demonstrated the
sensitivity of SWIFT to spins with very short T, properties by testing the sequence on a

sample of bovine tibia.

As a complement to DTI, intermolecular multiple-quantum coherences (iMQC, or distant
dipolar field DDF) measures have been proposed as a method for probing material
microstructure. Bouchard et al. [126] reported an algorithm to reconstruct the geometry of
porous media systems using the bulk intensity of the distant dipolar field from a correlated
spectroscopy revamped by asymmetric z gradient echo detection (CRAZED, [127]) NMR
pulse sequence. Capuani et al. [128] used a multiple spin echo (MSE, CRAZED-type)
sequence to study bone ex vivo. The discrete drops on signal intensity which appeared on a
half cycle of magnetization helix were hypothesised to show the characteristic pore sizes.
The MSE weighted contrast mechanism was reported in this study. They later performed
both MSE and DWI (x, vy, z directions) experiments on a 1.5 T SIEMENS scanner and
concluded that parallel information about proton diffusion and proton dipolar correlation

distance along different directions might be obtained [129].
3.3 Summary

As we are interested in revealing information from as fine a scale in-vivo as we can, some
new imaging methods have to be investigated. Here, MRI plays a fundamental role due to
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its non-invasive and non-ionizing nature, and its ability to encode the spin spatial
distribution which is directly related to the tissue structure and material properties. In this
study, both the stationary spin system (e.g. conventional T;-weighted MRI, SPENT) and
the dynamic spin system (i.e. diffusion) are exploited to investigate the trabecular bone
network. It has been widely agreed that bone micro-architecture plays a significant role in
determining the bone mechanical properties; therefore the MRI techniques are to provide
descriptors of trabecular bone micro-structure information, in this case, porosity and
anisotropy. Although there is a 40% water component (with 15% free water) inside bone
tissue, the T, decay of bone is too fast to be captured in conventional MRI. The methods
that we are currently investigating, DTI, SPENT and T,-weighted, all capture the signal

from bone marrow.
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Chapter 4. Combined MR imaging for knee joint

function at the macro-scale

At the macro-scale, we focus on the kinematics of the human body, in particular, the knee
joints. The knee permits flexion and extension of the lower limb, as well as slight rotations
medially and laterally. Being the main support of the weight of the whole human body, the
knee joint is vulnerable and much easier to suffer from both acute injury and the
development of osteoathritis (OA). While the failure of handling the mechanical stress may
be a risk factor leading to OA [15], it is important to know where these forces are applied.
Hence, where the contact occurs during the knee flexion is of great value to assist the
understanding of the knee degeneration. Also, as a compound synovial joint, the pattern of
the contacts through the full arc of knee flexion may be a signature of the knee joint motion

and can contribute to a more comprehensive understanding of the knee joint function.

In this chapter, a combined magnetic resonance (MR) imaging strategy is proposed to
investigate individual's knee functionality quantitatively under weight-bearing condition.
High resolution MR data were acquired first to reconstruct the subject-specific anatomical
model. A dynamic MR acquisition was obtained afterwards to record the motion of knee
joint. A dual-rigid registration was applied to retrieve the knee joint motion, leading to a 6
degree-of-freedom (DoF) knee functional model. Using this model, the tibiofemoral contact
mechanism was studied and analysed in both 2D and 3D. A mathematical definition of
contact points of cartilage surfaces is given by modelling these surfaces as manifolds. We
believed that such subject-specific motion of contact points on cartilage surfaces of femur
and two tibia plateaus can provide valuable insights for clinical applications such as knee

replacement surgery.
41 Introduction

Insights about knee contact mechanism, especially subject-specific information, is of great
importance in understanding the knee function, the joint forces and its impact on

abnormalities such as joint degeneration. These contacts happen on the surface of the
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articulation cartilage when the knee bends at different angles. As explained in Section
2.3.1, the special arrangements of the knee joint indicate that the knee joint contact
mechanism is not only dependent on the anatomical location, but also related to its
physiological environment. This feature requires the techniques to measure subject-specific

contact mechanism in-vivo under body-weight-bearing conditions.

Although extensive studies have been conducted on the knee motion and relate its contact
patterns to pathologies [66, 72, 73, 74, 75, 130, 131, 132, 133, 134], accurate measurements
and quantitative analysis of the human knee joint contact mechanism remains challenging
technically. One major technical difficulty is the data acquisition method. While video
capture can record a global motion of the full leg within a large field of view (FoV) at a
high temporal resolution, it mainly uses skin markers with inevitable errors caused by the
movement of fat between the skin and muscles. Bone pins (e.g. Arndt et al. [135]) were
proposed to avoid such errors however the serious invasiveness level of this approach is
now against research ethics in many countries [136]. Also, the video motion capture
techniques cannot reveal the internal structure of the knee joint; therefore this technique is
limited as a global measurement. The X-ray based approach, such as Roentgen
stereophotogrammetric analysis (RSA), fluoroscopy and computerised tomography (CT), is
also widely applied due to its ability of capturing both real-time/near real-time in-vivo
motion and the anatomical information. In some cases it requires a 3D reconstruction from
2D images which might lead to an inaccurate result as there is overlapping (e.g.
fluoroscopy). Magnetic resonance imaging (MRI) has been introduced in the past decades
to study knee kinematics, with its specific feature of visualizing cartilage and other soft
tissues as well as the bony structures. Cohen et al. [133] assessed the three-dimensional
accuracy of MRI for measuring the cartilage geometry of human cadaveric knee joints (in-
vitro) and young volunteers (in-vivo). Freeman and his group [66, 67, 68, 69] conducted a
series of comprehensive studies on the knee function by MRI. Li and his group [72, 73, 74,
75] has used a technique which combines the capability of two imaging modalities, dual
orthogonal fluoroscopy and MRI. The anatomy information was obtained by static MR
acquisition and dual orthogonal fluoroscopy was exploited to record the motion in real-

time.
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Apart from acquiring data in-vivo, analysing contact itself is not easy. Knee contact is
believed to be closely related to how the forces are applied onto the cartilage surface, which
potentially affects the knee degeneration at multiple scales. Therefore, defining the area in
contact and locating the contact centre might help to identify the forces and patterns of
cartilage degeneration. Contact mechanisms have been studied vastly both clinically [66,
67, 68, 69, 71, 70] and experimentally [72, 73, 75, 133]. Clinical contact analysis is mostly
a 2D quantification, based on defining the contact point visually and measuring its distance
to anatomical landmarks such as ipsilateral posterior tibial cortex [67]. Although important
discoveries [63, 64, 70] have been made, which have revolutionized the understanding of
knee joint motion from the traditional ligament guided "four-bar linkage model"” [130], this
2D method is not sufficient to capture the complete 3D information, such as the sliding
between the tibia and femur during flexion which is an out-of-plane motion. Thus 3D
contact quantification would be preferable. Experimentally, the contact areas are defined by
measuring the inter-node distance on smoothed meshes [133, 137, 138]. Cohen et al. [133]
constructed their geometric model via a b-spline surface fitting method, and detected the
patellofemoral contact areas by locating regions with the vertex to surface distance smaller
than a given threshold (0.5 mm, around the spatial resolution of a voxel). Morooka et al.
[138] built a surface separation map between each point of tibia and femur bony surfaces
extracted from their joint X-ray and CT model, and defined a contact region with a surface
separation of less than 6 mm. They defined the centroid of each contact area as the contact

point in 3D.

4.2 Material and Methods

4.2.1 Data acquisition: a combined MR imaging method

A pilot study with the right knee joints of 2 volunteers (1 male, 24 years old and 1 female,
25 years old, without any known knee abnormality) were scanned using a combined MR
imaging strategy as proposed in Chen et al. [119]. It is composed of a dynamic MRI
acquisition as a knee motion recorder and a static high resolution MRI acquisition as a knee
anatomical imager. The volunteers were first scanned with a 0.5 T double doughnut

interventional MR system (Signa, General Electric, WI, USA) in order to record knee
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flexing at different angles 8 under body-weight bearing for kinematic information (dynamic
datasets). During the acquisition, the subjects were leaning against a vertical wooden frame
(body-weight bearing condition) while their knee joints were in the sensitive spot of the
imaging system. The flexing angles were visually decided by an experienced radiographer
(as vis. angle B) and recalculated when contact points were analyzed (see Section 4.2.4).
The whole experiment was to capture the moments from human squatting. The acquisition
procedure (2D multi-slice FSPGR sequence, T; weighted) was sufficiently fast and covered
the whole knee joint volume: from lateral to medial, 1 angle per volume, acquired in
sagittal plane, acquisition matrix 256x256, 20 slices, in-plane resolution 1.1x1.1 mm, slice
thickness 4.5 mm with 0.5 mm gaps (more details in Appendix Al). The anatomical
information of the same knee joints (static datasets) was acquired afterwards with a 1.5T
MR scanner (GE Signa HDx), while the two volunteers were lying supine. A much higher
resolution 3D dataset (T; weighted, acquired in sagittal plane, matrix size 512x512x120,
in-plane resolution 0.3x0.3 mm?, slice thickness 0.7 mm) was acquired after one week on
both volunteers. The protocol was tuned to enhance bone and cartilage, so that the knee
motion can be measured more accurately. Thus the different tissue types, i.e. bone and
cartilage, could be distinguished. This enables to reconstruct the real surface geometry of
both femur and tibia cartilage. B; field inhomogeneity which may affect the segmentation
of knee structures were removed on the scanner console using the GE built-in software
Phased array UnifoRmity enhancement (PURE, [139]).

4.2.2 Anatomical modelling: segmentation and 3D reconstruction

Structures of interest (i.e. femur, tibia, and their cartilage) in this study were segmented on
both static and dynamic datasets through a semi-automatic approach using MITK (Mint
Medical GmbH, Heidelberg, Germany [140]). Contours of each structure were first
delineated every 3 or 4 slices in the sagittal plane using their region growing method.
Interpolation in the sagittal plane was then applied between these slices to generate
contours of different structures on those unsegmented slices. 3D surface geometrical
information was extracted by reconstructing the 3D models of knee from the segmented

static datasets, with in-house software written in MATLAB.
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The initial meshes were then smoothed using Poisson surface reconstruction, in order that
the knee joint model especially the cartilage articulation surface geometry is well defined
[141]. In practice, the implementation of MeshLab (Visual Computing Lab-STI-CNR
[142]) was used. The Poisson reconstruction method formulates the surface mesh
reconstruction procedure as a spatial Poisson problem; therefore the advantage of Poisson
system being resilient to the presence of noise can be exploited. A 3D indicator function y,,

(defined as 1 inside the model, and O outside the model) of a solid object M is first
computed by solving a Poisson equation: Ayy = V-V. The term Xu is the smoothed

function of y,,. The vector field V is the smoothed surface normal field, generated from the
input point set S (stored as an octree) convolved with a Gaussian filter F, (q) and weighted

with eight nearest neighbours using a tri-linear interpolation:

V(C[) = ZSES ZOEND(S) ao,sE) (Q)Sﬁ €q. 30!

in which g is a point on the indicator function y,,, s is a sample point inside S, N (s) is the
set of eight neighbouring nodes at an octree depth of D closest to s. The term N is the
inward-facing normal, pointing from the space outside the 3D solid M to the inside. {ao,s

is the set of the tri-linear interpolation weights. The Poisson equation is solved by
minimizing the distance between the sample points and the indicator function, using a least
square method. In the end, the surface model of y, is obtained by extracting an

appropriate iso-surface using an adapted version of marching cubes [143].

In this case, the input oriented point sets are the contour vertices of the segmented datasets.
The procedure of solving the Poisson equation and extracting the surface description
function is a mesh smoothing process. As the Poisson system solves the problem globally
using a local hierarchy, it has advantages over using smoothing filter alone but still retains
the surface detail well enough [141]. The cartilage and its hosting bony structures were
reconstructed together, to avoid the algorithm over-smoothing the cartilage edges which
invokes very big curvatures (cartilage is very thin on its surface edges). The parameters
defined in MeshLab for this analysis are: octree depth 10, solver divide 6, samples per node

1, and surface offset 1.
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4.2.3 Functional modelling: motion retrieval and mapping

Kinematics modelling was performed on the segmented datasets (i.e. the masks) through an
intensity-based rigid registration [144]. Each volume of the dynamic study is considered as
one frame of the squatting motion. To retrieve every volunteer's knee motion model, each
of their motion frame (moving images) was registered to the high resolution static dataset
(reference images). The two bony structures together with their attached cartilage, i.e. the
femur and its cartilage (femoral data), and the tibia and its cartilage (tibial data), are both
considered as rigid bodies. As these two rigid bodies have different shapes and surrounding
tissues and hence endure different forces, they are subject to different motions during the
knee flexing procedure. To resolve this problem, a dual-rigid registration strategy, similar
to that used in [145] was applied in order to project the recorded motion back to the
anatomical model, where the two _rigid bodies are registered separately. A standard sum-of-
squared-differences (SSD) metric was used as the cost function (the similarity measure),
leading to a non-linear least-squares problem. A third party optimizer in MATLAB was
used to find the optimal solution of this problem iteratively following a Gauss-Newton
scheme using a multilevel approach [147]. The segmented anatomical data were first down-
sampled to a volume with 1 mm?isotropic voxel resolution, while the segmented motion
data volume (i.e. femoral and tibial data masks) at each motion frame were up-sampled in
the slice direction in order to achieve the same voxel resolution. The vis. angle  was used
as an initial guess for the rotation of the femur. Then the two datasets were aligned
approximately using a user interface which allowed the users to tune the alignment along
the X, y, z axes of the data volume. The resulting data volume (i.e. after initialization) was
the input for the registration procedure. The dual-rigid registration procedure led to two
different transformation matrices at each knee flexing frame for femoral and tibial data
respectively, leading to a 6 DoF knee joint model. The registration was performed by
home-made software written in MATLAB (R2010b, The Math-Works, Natick,
Massachusetts, USA).

424 Contact mechanism: planar and volumetric analysis

The tibiofemoral contact mechanism was analyzed on the cartilage surfaces on both 2D
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sagittal profiles of knee joints and the 3D functional model. To identify the change of
contact points (CP) against of the angles of knee flexion, the reference system was set to be
the anatomical system formed by the geometric median axis of tibia (tibia median axis,
TMA) and femur (femur median axis, FMA) in the 3D functional models. The knee flexion
angle, also named the f-angle @, indicates the actual flexion between the two bones (Figure
13a). It is defined as the angle that is needed to rotate TMA towards FMA until they
become overlapped or parallel to each other. Anti-clockwise direction was considered to be
the positive direction. The measurement of flexion angle was performed based on the
registered 3D knee joint models in MITK ([140]).

- — — Femur Median Axis (FMA)
— — — Tibia Median Axis (TMA)
— = Parallel line to TMA ’

Figure 13. Contact analysis in 2D. a. Reference coordinates for contact analysis. The angle 6
between the femur and tibia median axis is the final knee flexion angle. CP is the contact point.
DCP is the distance from CP to the tibia median axis. b.: Contact analysis on one volunteer’s mid-
lateral profiles in the sagittal plane; c.: Contact analysis on one volunteer's mid-medial profiles in

sagittal plane.

2D contact mechanism was first studied on the sagittal profiles of the mid-medial (MM)
and mid-lateral (ML) slices through every motion frames (Figure 13). A motion frame is an
acquired knee volume of the dynamic datasets. Mathematically, contact exists if two curves
or surfaces 2; and X, have consecutive regular points in common. The general definition

of contact and tangent as in differential geometry is as follows [148, 149]:
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Definition 1 (Contact): Let two smooth manifolds X, X, have a regular point P in common

(Figure 14). Take a point A on X;near P and let AD be its distance to X,. Then, X, has a

AD

contact of order n with X; at P, when for A approaches P (A — P) along 21, lim GPE = 6,

5= {finite(i 0), k=n+1

0, k=n [AD = O((Ap)k) fOT‘k =1,2,---- ,Tl].

AP is not necessarily a straight segment however when A approaches P, the ratio of the arc

length ¢ and the corresponding chord length connecting two points A and P (i.e. the

Euclidean distance) on a curve approaches a unit 2.
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Figure 14. Definition of contact and tangent: ¥;and %, are two smooth curves. P is a contact point
between: X;and X,. AP is a chord of X;, and PD is the tangent line of : 2;and 2, . AP L PD. PD is

inside the space T

Definition 2 (Tangent): Given a curve or surfaceX; , the tangent at a point P, xp €

X1 (Figure 14) is defined as the first derivative of xp. t = dxp/d/is the unit tangent vector,

where Cis the arc length.

After the reconstruction procedure, both surfaces are smoothed. Therefore, it is reasonable
to assume that both surfaces are analytical manifolds. Adapting Definition 1 and 2 to
analyse knee contacts, if a point P on the femur cartilage surface mesh X, is in contact with

the tibia cartilage surface mesh X, the tangent vectors of this point to X; and X, are inside

& For proof of this statement, please refer to [149] on page 7
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the tangent space of both surfaces and they are collinear. Thus the Euclidean distance from
P to the tibia cartilage surface mesh X, is zero and the Euclidean distance from P to the
femur cartilage surface mesh 2 is also zero. Therefore, in practice, contact points can be
located by searching the nodes of X; whose distance to the nodes of X, is approaching zero
or smaller than a given tolerance value [150] (in this study 0.5 mm is used as the threshold).
The node- to-node distance is calculated based on Qhull [151], using the built-in function in
MATLAB.

To understand the knee kinematics, a further analysis on how contacts change against the
flexion of knee is performed based on observing the motion of the contact point (CP), as
the centre of the contact regions. For 2D analysis, the contact region is a curve segment and
the CP is the midpoint of the segment. For 3D analysis, the contact region is a bounded
surface and the CP is the centroid of this surface. The motion of CP in 2D is traced by the
distance of CP (D.p) against the reference frame. It is defined as the Euclidean distance
from CP to the line passing ipsilateral posterior tibial cortex and parallel to the projection of
TMA onto the selected image. Therefore the relative movement of CP while knee flexing
from angle 6,to 6,1 in 2D can be computed as the difference of D.p at different flexing
angle g (Figure 13):

ADG ™ = Dep (Bs1) — Dep(B)), k=1--n—1 eq. 31

In 3D, the contact point was estimated as the centroid of the contact area of the tibial
cartilage surface mesh. The contact area was extracted using a region growing algorithm for

surface mesh segmentation as explained in [152], implemented in MATLAB.

4.3 Results

4.3.1 Modelling and data acquisition
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Figure 15. 3D anatomical model generated from
a. 3D model

reconstruction;

Poisson reconstruction. before

applying Poission b. Surface
reconstruction difference: with (green for patella,
blue for tibia and violet for femur) and without
(golden colour) Poisson reconstruction; c¢. 3D

anatomical model: Poisson reconstruction.

Examples of dynamic images are shown
in Figure 13(b-c). Structures of interest,
e.g. cartilage and bone can be well
recognized. Anatomical models generated
by Poisson reconstruction are illustrated
In Figure 15(a), the
anatomical model reconstructed directly

in Figure 15.

from smoothed contour sets shows
obvious bumps and steps between slices
(caused by the size of the slice thickness).
However, in reality these structures are
much more regular. These bumps and
slice steps are clearly reduced after
extracting the surface model from the
oriented point sets formed by the contour
vertices by Poisson reconstruction (Figure
15(b)). the two

reconstructions are shown in Figure 15(c)

Differences between

by superposing the two models. The
original model is coloured gold while the
Poisson model is coloured with green, blue

and violet for patella, tibia and femur

respectively. The registration result is illustrated in Figure 16. The evaluation of the

registration of both volunteers will be presented in Chapter 5 together with all the other

volunteers included in knee kinematics study.

4.3.2

Subject-specific contact analysis

Table 3 lists either volunteer's displacement of contact points in mid-medial and mid-lateral

planes under different angles of knee flexion. In the experiment of volunteer 1, 3 knee

flexion angles were studied. The vis. angles f are 5°, 45°, and 90°. The corresponding f-
angles @ are 16.4°, 49.5° and 74.3°. The displacement of CP (AD.p) from S = 5° to 45° and
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from 45° to 90° are -1.91 mm and 0.46 mm in mid-medial plane and 0.74 mm and -1.51
mm in mid-lateral plane. For volunteer 2, five knee flexion angles were studied, from
extension to fully bended (5 = 0°, 30°, 45°, 90°, fully bended). The corresponding f-angles
0 are -18.6°, 26.5°, 52.4°, 88.3° and 142.1°. The flexion angles covered all three flexion
arcs: screw home arc, functional active arc and passive deep flexion arc [63]. The
displacement of CP (AD.p) of volunteer 2 showed a different pattern from volunteer 1. A
bigger displacement of CP has been observed. In the mid-medial_plane, from 6, to 65 CP
moved by -0.5 mm, 4.4 mm, 3.2 mm and 2.9 mm while in the mid-lateral plane, it moved by

2.7 mm, 2.9 mm, 3.4 mm and 6.6 mm.

Sagittal plane Axial plane Coronal plane

(a). Before
registration

Whole dataset
Jaccard Index: 0

(b). After
registration

Whole dataset
Jaccard Index:
0.75

Figure 16. Registration result (femur data from volunteer 1, at vis. angle f=5°). (a) Image difference
between the anatomic data and motion data in all the three planes view before registration. In the
coronal plane, the two datasets hardly overlap. (b) Image difference after registration with
overlapping improved. The Jaccard index (Dice score, [156]) for volunteer 1 at this flexion angle is O
before registration and 0.75 with registration applied. The Jaccard indices at other flexion angles of
volunteer 1 are reported in Table 5, Chapter 5. The un-overlapped part of the femur proximal shaft
in (b) in the sagittal plane is caused by a bigger FoV at 0.5T when acquiring motion data than that
used for the anatomical data acquisition at 1.5T where the knee coil covers a relative smaller FoV.
Un-overlapped part in the other two planes may be due to the oversampling of motion data which

has a bigger slice thickness (4.5 mm) as compared to that of anatomical data (1.0 mm).
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Figure 17. A 3D view of bending knee joint (volunteer 1). From (a) to (c), the visualisation
corresponds to vis. angles B at 5°, 45°, and 90°. The deep blue arrows plotted on the tibial plateau

indicate the direction of the femur external rotation.

Table 3: Subject-specific motion of contact points against flexing angles (2D)

Volunteer 1 (male, 24 years-old)

Volunteer 2 (female, 25 years-old)

vis. Angle B 5° 45° | 90° 0° 30°| 45°| 90° b;‘ﬂg{;

f-angle 8 | 16.4° 49.5° | 74.3° -18.6° | 26.5° | 52.4° | 88.3° 142.1°

AD¢p (mid-medial plane) (mm) - -1.9 0.5 - -0.5 4.4 3.2 2.9
ADCP(mid-lateral plane) (mm) - 0.7 -1.5 - 2.7 2.9 3.4 6.6

Figure 17 illustrates the 3D view of the knee flexion of volunteer 1. From (a) to (c), the
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three knee models correspond to knee with the flexion angle g = 5°, 45°, and 90°. It shows
very intuitively how the knee joint changed its position while bending at the three angles.
The squatting motion is to 'shorten’ the lower limb (i.e. lower the absolute height of human
body and reduce the absolute distance from the hip joint to the ankle joint). To achieve this
motion, in the anterior-posterior direction, the femur condyles and tibia head moved for a
big distance. The external rotation of femur can be noticed by comparing the orientation of
the medial femoral condyle in Figure 17(c) and (a), (b). However, very little rotation can be
spotted on tibia. The rolling motion that is reported to occur during the knee bending
motion can also be easily noticed by looking at the distinct directions to where the femur

shaft points.

The out-of-plane rotation which cannot be observed in the 2D contact analysis is revealed
by the 3D contact analysis. In Figure 18, the axial views of the knee joint contacting at all
the three bending angles (Figure 18 (b-d)) of volunteer 1 are shown with the non weight-
bearing position as a reference (Figure 18(a) the anatomical model acquired as the supine
position). The contact points allocated as the centre of the contact areas were spotted as
green points on the cartilage surface of femur condyle. Possible contact trajectories are

qualitatively shown as the pink lines going through the contact points.

4.4 Discussion

The combined MR imaging method provides a methodology for understanding the knee
motion in a more accurate and detailed manner. The workflow of subject-specific contact
analysis may be composed of 3 steps: data acquisition, modelling (parameterization) and
analysis & validation (Figure 19).

In the data acquisition step described in this chapter, a combined imaging approach has
been proposed to resolve three technical limitations caused by using only one imaging
technique. It reveals tremendous anatomical details in both static imaging and dynamic
imaging, especially soft tissues; being non-invasive and non-ionizing; and the reliability as

in comparison with skin markers. Although using the interventional MR to understand knee
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Figure 18. lllustration of locations of contact points of the tibiofemura articulations in volunteer 1
(axial view with contact points projected on the femur head) (a). the contact points on the located at
the supine position, non body-weight bearing condition, model derived the static high resolution MR
acquisition; (b-d). the locations of contact points at body-weight bearing condition, models derived
from the registered motion data. The viewing angle is from distal to proximal (i.e. from the feet to the
head). The FoV of this figure is from "inside" the tibia, coloured blue. The outside of the bones are
coloured in brown. The contact areas are highlighted in red in (b-d). The contact points are
delineated in green points and the pink/ red lines are qualitatively illustrated as possible contact

trajectory.

kinematics has been previously proposed by Freeman's group [66, 67, 68, 69, 63] and Johal
et al. [153], they mainly utilised the motion data only to understand the knee kinematics
and analysed the tibiofemoral contact pattern in 2D without incorporating any three
dimensional models as that has been proposed in this chapter. The disadvantage of MRI
methods for motion study is mainly its relative small FoV compared to the ability of video
camera and X-ray based method such as fluoroscopy. However, there is no doubt that MRI
as other imaging modalities suffer from the partial volume effects, thus the lower bound of

measurement error is on the order of the resolution. Hence, from the data acquisition point
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Figure 19. The workflow of subject-specific knee joint contact analysis.3 steps can be summarized:

. ' Parameterization

data acquisition (left block), modelling (middle block), and quantification & validation (right block).
The arrowed dash lines indicate that the parts are not included in this work (the validation here
refers to a validation with a gold standard, e.g. experimental validation based on cadavers, as

proposed by Cohen et al. [133]).

of view, the improvement of hardware's temporal and spatial resolution is critical to
improve the measurement. Temporal-resolution-wise, the application of cine sequence with
a spiral trajectory [154] has achieved a frequency of 35 frames per second on a 0.5T MR
scanner. In terms of spatial resolution, the dynamic MRI acquisition system only has a
magnetic field strength of 0.5T, which is a major limitation to the data resolution. A 1.5T
interventional MR system will surely provide higher quality data using the current
acquisition protocol. And for the static data acquisition, a 3T MR system may provide a
better understanding of the soft tissues deformation such as ligaments and tendons. It would

certainly be a big step forward for a comprehensive understanding of knee kinematics.

Our modelling process by using Poisson reconstruction leads to a mathematical
parameterization of the knee joint geometry. This attempt maybe leads to generation of a
more realistic subject-specific model and may increase the reliability and reproducibility of

the measurements of knee contact mechanism accordingly. Instead of only smoothing the
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surfaces by interpolation as in [133], the point sets of the cartilage surfaces are modelled as
a Poisson equation which has been shown to be more resilient to noise [141]. This also
enables us to consider all of the cartilage surfaces as manifolds mathematically, leading to a
mathematic definition of contact points in 2D and 3D. By considering femur and tibia
separately, a knee functional model of 6 DoF is achieved. Therefore, instead of
understanding knee kinematics globally by considering the median axis of each structure,
the modelling is more localized which leads to a more accurate analysis. The last part of
this workflow is validation which is currently a difficult task and also an open question in
the field. One reason is that it is very difficult to determine how much force is actually

applied to the articulation surfaces in-vivo.

The finer scale at which it is possible to observe cartilage deformation is 0.2 mm [155].
This is much higher than the resolution of our dynamic data, 1.1 mm, therefore the
cartilage deformation can be ignored in this work. Consequently the tibia, and femur,
together with their hosting cartilage are considered as rigid bodies. Functionally, the
femoral part of the knee joint is constrained by the hip joint at the proximal end, which is a
ball-and-socket type of joint; whereas the tibial part of the knee joint is constrained by the
distal tibiofibular joint at the distal end, which is a syndesmaosis type of joint and provides
smaller range of movement than the ball-and-socket type hip joint [61]. Moreover, the
surrounding soft tissues (e.g. muscles, tendons and ligaments) of femur and tibia are also
organized differently. Hence, their motion patterns cannot be the same. Accordingly, it is
necessary to consider the motion of femoral and tibial rigid bodies independently. Although
the registration is applied separately, the linear nature of the image transformation
operation allows adding the two corresponding matrices together to derive the final knee
joint displacement. As the magnetic field inhomogeneity is very big in the motion data (due
to the open access nature of the scanner), we applied our registration based on the masks
instead of the original images. The exploited registration method is based on voxel intensity
and considers rigid transformation only, therefore the segmentation errors would not
introduce significant errors for the registration procedure, but could affect the localisation
of the contact points. This error estimation issues will be extensively discussed in the next

chapter with all the included datasets.
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Wretenberg et al. [71] proposed to use the scanner coordinate system as the primary
coordinates and the anatomical coordinates as the reference frames to measure the motion
of contact points (CP). However, exploiting the scanner coordinate system as a reference
frame is quite sensitive to the relative motion between the subject's leg and the scanner
during the knee flexion movement (e.g. the rotation of femur and gliding between femur
and tibia condyles when knee flexes between 30° and 120°, as explained in Section 2.3.1),
which causes the inconsistency among CP measurements at various knee flexion angles.
Moreover, such relative motion is mainly out-of-plane motion which leads to the inevitable
changes of imaging slice locations in the whole knee joint. Although a further step was
introduced in order to correct the disagreement between the reference frame and the
anatomical coordinate for movements at knee flexing at 30° and 60° by the authors, this
2D-3D hybrid method (i.e. analysing three dimensional information based on 2D slices)
cannot completely solve the problem caused by slice location misalignment at different
knee flexion angles, which varies from subject to subject. Therefore, instead of setting the
scanner coordinates as the reference frame, we utilized the subject's own anatomical frame
extracted from 3D models directly. This was considered to be more reliable and robust for
the following reasons: firstly, it is subject-specific; secondly, no relative motion occurs
while knee is flexing thus no correction is needed to resolve the disagreement between the

scanner coordinates and the anatomical coordinates.

The traditional ligament-guided "four-bar linkage" model is flawed as it only provides 2D
information while the knee complex itself is three-dimensional [63]. The proposed contact
analysis method is based on both 2D and 3D information in order to provide a more
comprehensive view for the tibiofemoral articulation kinematics. The contact points might
be also modelled as a function of the flexion angles so as to differentiate the healthy knee
and diseased knee the contact point trajectory of which would be diverted from averaged
normal ones. The insights given by the contact point motion will be discussed in Chapter 5.

4.5 Summary

The combined MR imaging provided an imaging strategy to obtain detailed insight of knee

function in-vivo under body-weight bearing condition and to resolve the previous confusion
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found in the 2D-based "four-bar linkage™ model [63]. It shows the relations between knee
motion and articulation surfaces inside the knee can be modelled and might be used to
differentiate healthy knees from those abnormal ones. The observed contact pattern can
provide more detailed insights for diagnosis and therapy. Our current future plans include
the automation of all the steps in our proposed method. We want to perform this type of
analysis on a larger cohort of healthy subjects. In addition, we aim to analyse some
pathological cases in order to determine the sensitivity of the contact pattern as a cursor (or

precursor) for abnormality of the knee joints.

The author’s contributions in this work are summarized as below (the work described in
this chapter has been published in Chen et al. [76]):

1) A combined MR imaging strategy has been proposed, tuned and tested for in-vivo
subject-specific knee joint functional study under body-weight bearing conditions, in which
an interventional MR scanner (double donut system) is used to record the knee joint motion
and a conventional clinical MR scanner is used to acquire the high resolution anatomical
data.

2) A systematic workflow is designed for 2D and 3D contact analysis on the knee joint. Its
function is investigated via tibiofemoral articulation by tracking the contact point position
on the cartilage surface against knee flexion angles. In this approach, a new reference
system for knee flexion angle has been introduced in order to better describe the flexion
angle between the femur and tibia (in comparison with the most commonly used visual
determined flexion angle system). A dual-rigid registration method is equipped to map the
recorded motion to the anatomical dataset using home-made software programmed in
MATLAB.
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Chapter 5. Subject-specific study of the knee joint

function

In this chapter, the systematic study of knee joint functional study proposed in Chapter 4
has been applied to 4 more individuals’ right knees. Subject-specific analysis was
conducted and compared on the whole experiment group (together with the 2 volunteer data
from the pilot study in Chapter 4). Firstly, knee flexion under multiple angles was recorded
with an interventional MR under body-weight bearing conditions. Anatomical models of
knee joints were reconstructed from high resolution data acquired statically. Secondly, both
2D and 3D contact analysis were applied on all the knee joints. The subject-specific
functional knee joint was modelled based on the location of contact points on articular
cartilage surface against flexion angles on the 3D model. A comparison was performed in
the end between individuals. The results provide valuable insights to understand knee joint
kinematics and could be potentially used for surgical treatments (e.g. knee replacement

surgery) follow-up evaluation.
5.1 Introduction

A good understanding of knee joint kinematic is important to improve many clinical
applications including follow-up evaluation of ligament reconstruction surgery, designing
of artificial knee joint for knee arthroplasty, classification of osteoarthritis, etc [64]. Recent
work advanced the understanding of knee kinematics significantly [62, 63]. The traditional
‘ligament guided four-bar linkage model’ [130] has now been shown to be flawed as it does
not consider the 3D geometry [63] and oversimplifies the material of the knee joint as a
rigid body since the knee joint is not only composed by bone but also cartilage, and soft
tissues including ligaments and meniscus. Therefore, quantitative analysis and subject-
specific modelling based on 3D information in-vivo would certainly help to gain a more

comprehensive and detailed knowledge of knee joint kinematics.

In this work, we studied and quantified the kinematics of knee joint in-vivo under body-

weight bearing conditions by investigating the tibiofemoral contact mechanism on the
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articulation surfaces of 6 volunteers' right knee joints. Data acquisition methods and
modelling methods are exploited as proposed in Chapter 4. Each volunteer’s knee
kinematics was analysed in both 2D and 3D. The contact trajectory was derived based on
the position of 3D contact points, and comparison between individuals was made to
illustrate possible variations on gender, condition of surrounding supporting tissues (i.e.
muscles) and bodyweight. Subject-specific knee joint function was studied on knee flexing
angles and contact points. It is believed that the moving pattern of the knee joint would be

altered and the contact point trajectory would be changed in case of knee joint abnormality.

5.2 Material and Methods

5.2.1 Subjects and experiment setup

Following the pilot study described in Chapter 4, the right knees of four more volunteers
(volunteer 3-6, without any recorded knee joint abnormalities) were scanned using the
combined MR protocols as suggested in Chapter 4 to record the knee motion during
squatting, using the same experimental protocol: the subjects were standing against a
vertical wooden frame and flexing at 5 flexion angles visually decided by the radiographer
(vis. angle ). The volunteers were also requested to keep their feet in full contact with the
floor (avoid ankle flexion) to reduce the influence of ankle motion to the knee flexion
kinematics. The age range of the volunteers is between 24 and 33 years old (27.5£3.5
years). The corresponding f-angles (6, Figure 13(a)) were measured after the scan. The
number of slices in the dynamic MR acquisition was adjusted to fit the size of every
subject's knee joint (varying between 18 and 23 slices per angle per knee joint). Prior to the
acquisition, the experiment procedure was carefully explained to the volunteers. An
interview was added after the scan in case the volunteer wanted to explain to the researcher
about some special situations that he considered had not complied with the experimental
protocol at the extreme knee joint positions (e.g. the full bending and the full extension).
Volunteers were later scanned (after around a week) with the same 1.5 T GE HDx system

(Chapter 4) to acquire the 3D high resolution static images.
These datasets were archived together with those from the pilot study; therefore a total
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Table 4: Subject-specific contact analysis in 2D: bending angles and relative contact point motion.

Mid-medial plane Mid-lateral plane
vis. Angle f-angle 0 (mm) (mm)
Dep m(6) | ADcpy? | Dep 1,(8) | ADcp 2

Volunteer 1 (V1) 5° 16.4° 27.2 - 15.7 -

male, 24 years 45° 49.5° 25.3 -1.9 16.5 0.7
old, 68kg, 172 cm 90° 74.3° 25.8 0.5 14.9 -1.5
Volunteer 2 (V2) full-extension -18.6° 25.6 - 19.6 -
female, 30° 26.5° 25.1 -0.5 16.9 -2.7
25 years old, 45° 52.4° 20.8 -4.4 14.0 -2.9
53kg 90° 88.3° 17.6 -3.2 10.6 -3.4
160cm fully-bended 142.1° 14.6 -2.9 4.0 -6.6
Volunteer 3 (V3) full-extension -8.4° 27.6 - 20.4 -
Male 30° 26.2° 25.8 -1.9 15.8 -4.7
33 years old 45° 52.6° 27.4 1.6 14.0 -1.7
85kg 90° 87.5° 24.5 -2.8 13.3 -0.8
196cm fully-bended 125.3° 23.6 -1.0 11.1 -2.2
Volunteer 4 (V4) full-extension -3.0° 24.2 - 23.6 -
male 30° 34.1° 21.6 -2.6 20.6 -3.0
28 years old 45° 64.8° 20.6 -1.0 17.2 -3.4
67kg 90° 81.9° 18.5 -2.1 139 -3.3
183cm fully-bended 142.5° 18.9 0.5 9.8 -4.1
Volunteer 5 (V5) full-extension -2.2° 25.2 - 20.6 -
Male 30° 31.1° 25.1 -0.1 18.8 -1.7
25 years old 45° 62.5° 24.7 -0.4 15.3 -3.5
85 kg 90° 99.1° 23.8 -0.9 15.3 0
185cm fully-bended 140.7° 22.6 -1.2 12.1 33
Volunteer 6 (V6) full-extension -10.2° 24.4 - 19.9 -
Male 30° 12.5° 28.0 3.6 19.8 -0.1
30 years old 45° 54.7° 23.0 -4.9 20.1 0.3
70 kg 90° 118.5° 19.2 -3.9 16.1 -4.0
175cm fully-bended 151.8° 11.4 -7.8 6.9 -9.2

®. Negative distance means the contact points are moving posterior, i.e. towards the tibia cortex.

number of 6 subjects is included for this subject-specific study. Anatomical data from all
the volunteers were subsequently examined by a consultant radiologist with a
musculoskeletal interest. Among all the 6 volunteers, the first volunteer was only asked to

flex his knee at 3 angles, 5°, 45° and 90°; the other 5 volunteers were asked to bend their
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knees at 5 angles, 0°, 30°, 45°, 90°, and fully bended. The demographic information on
each subject (weight, height, age, and sex) and experimental procedure (i.e. the knee
bending angles) are listed in Table 4.

5.2.2 Modelling

Both the dynamic and static data were segmented and reconstructed in a manner as in
Section 4.2.2 and validated by an experienced radiologist with tibia, femur, tibia and femur
cartilage delineated. Functional modelling as explained in Section 4.2.3 was applied to
register the recorded motion data to the anatomical model. The registration was assessed by
Jaccard index ([156], as an independent metric from that used in the optimization) for all
the six volunteers at every flexion angle since this operation was applied onto the
segmented data, thus their similarity can be evaluated by the amount of overlapping. The
calculated transformation matrices of each angle were applied to the anatomical model in
order to replay the squatting motion at the corresponding angle with a much higher

resolution.

5.2.3 The tibiofemoral contact mechanism

The quantification of the contact mechanism is based on following the motion of contact
points at each angle. In 2D, the motion of contact points is quantified with the relative
distance change (AD.p) between the two successive angles among all the flexion angles
using eq. 31 on the mid-medial and mid-lateral (sagittal) planes. The overall flexion arc
(A8, eq. 32) is calculated as the Q-angle & difference between the knee-extension frame

(61) and the knee-full-bending frame (8, N=5 in this case). The overall absolute contact
point displacement (X;—1 y—1 ADé‘,’;"”) on either plane is calculated as the difference
between the contact positions at the knee-extension frame (Dp(6,)) and the knee-bending

frame (Dcp(6y))

AO =06y — 6., eg. 32
Yk=1.N-1 AngkH = D¢p(8y) — Dcp(61) eq. 33
The distance (D.p) between the contact point and the knee joint reference frame on both

slice were plotted against the flexion angle (f-angle, 6).
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In 3D, the contact points (denoted as CP1) were identified by determining the centroid of
each contact region as in Section 4.2.4. The movement of contact points were further
annotated on the tibia cartilage surface and connected one by one following an ascending
order of the f-angle 6. In order to estimate the error of contact point location analysed by
the proposed method, a simulated segmentation error of 1 mm (around 1 voxel size in the
motion data volume) was introduced using the morphological image operator, erosion.
Another set of contact points (denoted as CP2) were then extracted based on the simulated
segmentation following the aforementioned procedure. The Euclidean distance between the
corresponding points from the two contact point sets (CP1 and CP2) of all subjects were

calculated.

5.3 Results

Table 5: Jaccard index (Dice score) of each volunteer at every flexion angle: comparison before

registration, after initialization and after registration

Femur Tibia
Vis angle (B) 5° | 45° | 90° 5° | 45° | 90°
before registration 0 |0.01]|0.12 0 |0.02]0.11
Vi After initialisation | 0.52 | 0.61 | 0.49 0.67 | 0.70 | 0.70
After registration | 0.75 | 0.75 | 0.75 0.75 ] 0.76 | 0.81
Vis angle (B) E 30° | 45° | 90° B E 30° | 45° | 90° B
before registration 0 0 01 (001| O 0 0O |005({004| O
V2 After init. 0.60 | 0.66 | 0.54 | 0.59 | 0.60 | 0.52 | 0.56 | 0.65 | 0.66 | 0.55
after reg. 0.77 |1 0.740.71 | 0.67 | 0.71 ] 0.77 | 0.78 | 0.79 | 0.78 | 0.75
before registration 0 0 0 0 0 0 0 |(001] O 0
V3 After init. 0.60 | 0.70 | 0.65 | 0.53 | 0.51 | 0.49 | 0.53 | 0.57 | 0.68 | 0.68
after reg. 0.70 | 0.77 | 0.70 | 0.62 | 0.64 | 0.70 | 0.72 | 0.72 | 0.74 | 0.76
before registration 0 0.2 |020| O 0 0 |0.24|0.05|0.07 | 0.04
v4 After init. 0.43 | 0.63 | 0.53 | 0.56 | 0.62 | 0.41 | 0.53 | 0.63 | 0.58 | 0.54
after 0.78 1 0.77 1 0.77 | 0.73 | 0.74]10.70 | 0.71 | 0.76 | 0.7 | 0.7
before registration 0O |005(0.27|012| O 0 |032(003| O 0
V5 After init. 0.49|0.52 053 |0.61|0.70]0.47 | 0.47 | 0.52 | 0.64 | 0.43
after 0.69 | 0.74 | 0.78 | 0.70 | 0.77 | 0.77 | 0.78 | 0.75 | 0.73 | 0.69
before registration 0 |0.11]0.14|0.20|0.08]0.02|0.14|0.02|0.17|0.24
V6 After init. 0.47 | 0.68 | 0.49 | 0.52 | 0.54 | 0.41 | 0.48 | 0.58 | 0.55 | 0.61
after 0.75|0.7710.7310.73 | 0.76 | 0.79 | 0.8 | 0.77 | 0.76 | 0.76
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No abnormalities were detected on the MR images of volunteers 1-5; however Volunteer 6
had diffuse atrophy of right quadriceps muscles (mainly in vastus lateralis and vastus
intermedius). The Jaccard indices (Dice score) between the moving volumes (i.e. recorded
motion data) and reference volumes (i.e. high resolution anatomic data) before and after
registration all the volunteers is listed in Table 5. After registration, the averaged Jaccard

index was improved from 0 to 0.79 (x0.15).
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Figure 20. Plot of the position of contact point (Dcp, mm) in both mid-medial and mid-lateral planes
against the f-angle 0 (in degree) of each volunteer (2D)

The 2D contact measurements of all the 6 subjects are listed in Table 4. Although the
measured f-angle & shows some disagreement with the vis. angle g, 6 is increasing with 3
so each dynamic MR acquisition corresponds to a different point of the whole squatting

procedure. It is also interesting to notice, when fully extended, the angle between femur and
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tibia is not exactly 0°. The median axis of tibia goes slightly in front of that of the femur,

resulting in a negative 6.

For volunteer 1, the investigated flexion arc is shorter than the other volunteers. The total
investigated arc (A6, =) are of 57.9°. The contact point displacement in the mid-medial
plane of volunteer 1's knee joint moved first backwards (AD;p = -1.9 mm (< 0) , toward the
ipsilateral posterior tibia cortex) and then forwards; while in the mid-lateral plane, the
contact point first moved slightly forward and then backward. The two "forward"
displacements are all under the size of a pixel. The overall displacements on both planes

are -1.5 mm on the mid-medial plane and -0.8 mm on the mid-lateral plane.

For volunteer 2, on both planes, the contact points moved backwards but with varying

magnitude over a total flexion arc (Af,, = 160.7°). From full extension position to =
30°, the displacement in the mid-medial plane (|AD¢p 4 (26.5°)| = 0.5 mm) was much
smaller than that in the mid-lateral plane (|AD¢p 4 (26.5°)| = 2.7 mm). The total absolute
displacement (X AD_,) on the mid-medial plane is -11 mm while on the other plane, a

displacement of -15.6 mm occurred.

For volunteer 3, while knee flexing from 6 = 26.2° to 52.6°, the contact point almost went
back to the starting position on the mid-medial plane (Dcp y (-8.4°) = 27.6 mm,
D¢p 4(52.6°) = 27.4 mm) while on the other plane the contact point continued to move
backward (from the position at 20.4 mm to 14.0 mm). The opposite contact point moving
direction on the two plane indicates a possible external rotation with the rotation centre
lying on the side with less contact point displacement, in this case the medial part of the
knee joint. With the knee flexion continued (from 6 = 26.2° to 125.3°), the contact points
on both planes consistently moved backward, resulting the position change of contact
points (AD.p) are -2.8 mm and -1.0 mm on the mid-medial plane and -0.8 mm and -2.2 mm
on the mid-lateral plane. The total displacements of the right knee contact points of
volunteer 3 on both planes are -4.04 mm on the mid-medial plane and -9.31 mm on the mid-

lateral plane over a total flexion arc of 133.7° (A6y3).

In the case of volunteer 4, while & changed from -3.0° to 142.5°, the contact point shifted
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less on the mid-medial plane (AD¢p ) than that on the mid-lateral plane (AD.p ;) at each
flexing step. Especially when the knee changed from bending at § = 81.9° to the full-
bending state, the contact point shifted forward by 4.14 mm on the mid-lateral plane,
compared to only 0.5 mm on the mid-medial plane. The overall displacements on both

planes are -5.3 mm for the mid-medial plane and -13.8 mm over a total flexion arc of 145.5°
(A6y4).

For volunteer 5, the right knee bended from 6 = -2.2° to 140.7° (Afy5). The maximum
displacement on the mid-medial plane occurred from 6 = 99.1° to 140.7° but just around the
size of one pixel. In general, the contact point did not move much in this plane. The motion
of contact point was more obvious on the mid-lateral plane. The total displacement of
contact points on this plane is -8.5 mm, compared to the total displacement of -2.6 mm on
the mid-medial plane. However, from ¢ = 62.5° to 99.1° the contact point almost did not
move (AD¢p , = 0.0 mm) with also a small backward shift (AD¢p , = -0.9 mm). This

"static" state on both planes was also observed in volunteer 6.

For volunteer 6, the overall flexion arc investigated is 162.0° (Afy4). From 6 = -10.2° to
54.7°, the contact point moved more on the mid-medial plane than on the mid-lateral plane.
Surprisingly, the contact point on the mid-medial plane moved forward and even much
beyond the starting position (from D¢p ,(-10.2°) = 24.4 mm to D¢p y(12.2°) = 28.0 mm)
while on the other side of the knee joint, the contact point were close to be "static" ((from
D¢p 1 (-10.2°) =19.9 mm to D¢p ;(12.2°) = 19.8 mm) ). An external rotation seemed to take

place but with the rotation centre on the lateral part of the knee joint.

The 2D contact point positions of all volunteers are plotted against their bending angles and
shown in Figure 20. Each individual's investigated flexion arc and total contact point
displacements on both planes are summarised in Table 6. Among the 6 volunteers, the right
knee joints of the volunteer 3, 4 and 5 show a similar pattern at the overall contact point
displacements: the mid-medial plane contact point shifted around 2-3 times less than that
in the mid-lateral plane. The right knee joint of volunteer 2 also shows a relatively bigger
total displacement on the mid-medial plane (-11.0 mm) and on the mid-lateral plane (-15.6

mm) than those of volunteers 3-5, but the difference between the two total displacements is
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not as big as the other 3 volunteers. However, volunteer 6 has the same total contact point

displacement on both planes.

Table 6: The overall contact point displacements over the investigated flexion arc of all volunteers

Vi V2 V3 V4 V5 Vé
Flexion arc (A6) 57.9° | 160.7° | 133.7° | 145.6°| 140.7°| 162.0°
Total contact | Mid-medal 15| -110| 40| 53| 26| -130
point plane (mm)
displacement Mid-lateral
-0.8 -15.6 -9.3 -13.8 -8.5 -13.0
Yk-1.n-1ADEp | plane (mm)

In Figure 21, the tibia (in yellow) of each volunteer is presented in the axial view. The
contact points are located on both tibia plateaux in the 3D space and delineated with
different colours, with respect to the corresponding f-angles. The contact points are
connected to illustrate its moving pathway (the dark blue curves in the figure). The
anatomical coordinate used is as shown in Figure 21(g): from right to left, it corresponds to
the lateral plane to the medial plane of the right knee joint; and from inwards to outwards of

the figure, it corresponds to the direction from foot to head.

In 3D, the knee joint bending at various angles is illustrated from a sagittal view in Figure
22 (volunteer 5). The motion of the whole knee joint is clearly visualised. While bending
from £ = 30° to 90°, the knee joint was moving interiorly with the tibiofemoral articulation
surface almost stayed on the same level. The shift of the whole knee joint from extension
position to bending at various angles might be caused by the volunteer moving the foot
position to fit the FoV of the scanner better. At the fully bending position however, a lift of
the articulation surface could be easily spotted. According to the interview after the scan
with the volunteer, he had to raise his ankle to be able to bend his knee joint completely.
This is readily recognized in his reconstructed knee function model (at all measured flexion
angles) as shown in Figure 22. The mean Euclidean distance between the contact points
extracted from the simulated segmentation and actual segmentation is 1.5 mm, with a
standard deviation of 1.1 mm.
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(a) Volunteer 1

CPs at f-angle = 16.4°
Ps at f-angle = 49.5°
at f-angle = 74.3°

(c) Volunteer 3
B CPs at f-angle =-8.4°
m CPs at f-angle = 26.2°

at f-angle = 87.5°
at f-angle = 125.3°

(e) Volunteer 5
B CPs at f-angle = -2.2°
B CPs at f-angle = 31.1°
Ps at f-angle = 62.8°
at f-angle =99.1°
st f-angle = 140.7°

medial

(b) Volunteer 2

B CPs at f-angle =-18.6°
m CPs at f-angle = 26.5°
CPs at f-angle = 52.4°
Bs at f-angle = 88.3°
sat f-angle = 142.1°

(d) Volunteer 4
B Cps at f-angle =-3.0°
B CPs at f-angle = 34.1°
CPs at f-angle = 64.8°
t f-angle = 81.9°
f-angle = 142.5°

(f) Volunteer 6

B CPs at f-angle =-10.2°
| M CPs at f-angle = 12.5°

[ ® CPs at f-angle =54.7°
CPs at f-angle = 118.5°
CPs at f-angle = 151.8°

foot

lateral

head

Figure 21 Contact point movement trajectory of every subject (a-f) (against the corresponding f-
angles) plotted on the surface of each subject's tibia cartilage (in red). The squared nodes are the

identified contact points at the measured bending angles in 3D. (g) the body coordinates
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B1: Fully extended B2=30° B3=45° B4 =90° B5: Fully flexed
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Figure 22. 3D visualisation of the right knee (meshed models) of volunteer 5 bending at each B
angles (with corresponding Q-angle values in Table 4). The dashed line indicates the approximate
femoral-tibial interface level while volunteer 5 flexed his knee from 3, to 4 as compared to that
(indicated by the solid line) at angle 35 by about 2.9 cm.

5.4 Discussion

This study aimed to investigate the function of individual’s knee joint in-vivo under natural
physiological condition (body-weight bearing). The knee joint kinematics of 6 volunteers
was assessed by quantifying the contact mechanism of the tibiofemoral articulation under
body-weight bearing status based on information acquired from MR images. The contact
points were tracked on the MR slices and on the 3D registered functional models. The
overall flexion arc and overall displacements were quantified. The results were plotted, and
were visualized in 3D on how the volunteers' knee joint flexed while they were squatting.
An overall dominant posterior motion of contact points was observed in both 2D and 3D on
both tibia plateau of all the 6 volunteers, however the magnitude of such displacements

varies from volunteer to volunteer and on either tibia plateau of each subjects.

Among all the volunteers, in 2D, volunteers 3-5 showed a similar contact pattern while
squatting: less contact point displacement on the medial tibial plateau than the lateral
plateau, indicating during the whole flexing process, the medial part of the knee joint

played the role as external rotation axis. VVolunteer 6 showed a completely different pattern
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with more contact point displacement on the medial part of the knee joint than that on the
lateral part while he flexed his knee joint from -10.2° to 118.5°. It implies that he was using
the lateral part of his right knee as the rotation axis. This difference might come from the
later identified shrunk muscle bundles in his right thigh by a radiologist while acquiring the
high resolution anatomical image of his right knee. It was considered that these degenerated
muscle bundles might have caused the change of his kinematics habit. The complication
caused by the degenerated muscle is out of the scope of this study, but the subject reported
no pain or any uncomfortable feeling in his everyday life in the past ten years as well as any
knee joint abnormality prior to this study. The above findings were further confirmed by
the 3D plot shown in Figure 21(c-e). In the medial tibial plateau the contact points were
clustered, while in the lateral tibial plateau, they were more spread and approximately
followed a simple "curve" (no intersection of itself). In 2D, volunteer 2's contact pattern
appeared to be similar to those of volunteers 3-5, but with less displacement on the mid-
medial plane than on the mid-lateral plane (5 mm more on the mid-lateral plane). This
deviation in this volunteer's contact pattern from those of volunteers 3-5 was later enhanced
by the 3D plot in Figure 21(b), which clearly illustrates that on the medial tibial plateau, the
contact points were more spread and also followed a simple "curve”. More surprisingly, the
contact point motion on her lateral plateau was within a relatively smaller range, showing a
clustering trend especially at the end of the flexion arc. Although the observation of
volunteer 2 shows a deviation from volunteers 3-5, the cause of this abnormality was not
clear for several reasons: the volunteer is an Asian female who falls into a different race, as
well as a different gender group; it was difficult to follow the volunteer's medical history; a
more throughout investigation on the muscular-skeletal system of the whole lower limb
might be necessary in order to identify whether such deviation is from a physiological

abnormality or just a variation of kinematic habit.

The contact point location error is estimated by introducing a segmentation of error of Imm.
This leads to around 20% error, considering that the maximum cartilage thickness in the
tibiofemoral articulation is four or five voxels in the lowest resolution of the acquired data
(i.e. the motion data). The calculated averaged distance difference of contact point position
IS (1.5£1.1) mm (i.e. within two voxel size), which is acceptable. The determination of the
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flexion angles involves the annotation of two anatomical landmarks. This may also lead to
observer variation. However, such variation is on the order of several millimetres. The
calculation of the flexion angle is based on the femoral and tibial axes. The axes are
estimated from line segments derived from the data volume and are on the order of 10
centimetres. Thus the resulting angular difference caused by the landmark annotation

variation is not significant.

The registration results were assessed by Jaccard index (Dice score) and were shown to be
good (Table 5). Since the 1.5 T anatomical scan was performed using a dedicated knee coil,
the FoV coverage was smaller than that of the 0.5 T open access MRI. As a result the
masks used for registration only show a partial view of the femur and tibia structures and
therefore cannot overlap perfectly after registration (Jaccard index < 1). Other sources of
imperfect overlapping include the difference in slice thickness and resolution between the
anatomical and motion datasets. The overall knee joint flexion was well described by the
3D visualization, which vividly draws how each volunteers adapted their knee joint level in
order to shorten the lower limb to finish a physiological task, e.g. squatting. Sometimes, the
volunteers might have to raise their ankle joint position in order to finish the movement
leading to a lift of their knee joint level, depending on the flexibility of their lower limbs
(Figure 22). At several angles, positive contact point displacements (anterior motion) or
quasi-static contact point motion have been identified. Such phenomenon indicates that the

knee joint does not simply "roll-back™ and agreed with the discussion in the literature [63].

Although extensive studies have been performed on quantifying the contact in order to have
more information on the knee joint kinematics, quantitative comparisons with results of
other studies would be problematic for the following major reasons. One is due to the
various motion recording methods (e.g. in-vivo or on cadaver, weight-bearing or non-
weight-bearing, MR or other imaging modalities). The second reason is from the
differences in methods used to measure the contact points (i.e. the choice of reference
system, 2D-slice based or 3D volumetric model based). Li and his group investigated the
knee joint contact mechanism comprehensively with body-weight bearing [73, 137].
However their motion recording system is the bi-orthogonal fluoroscopic system and the

volunteers were asked to lunge inside the FoV of the system. The resolution of the acquired
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motion data is 0.4x0.4x0.4 mm?, but the 3D volume is mapped with only two orthogonal X-
ray images. Wreteberger et al. [71] measured contact movements of 16 volunteers on a
supine position. They determined the contact area using four coordinates (the most anterior,
posterior, medial and lateral points) located by a radiologist with a controlled intra-observer
reproducibility corresponding to the longest contact lines identified on the MR slices
(frontal and sagittal view). The centroid of this region was considered to be the contact
point with corrections regarding the curved nature of the cartilage surface. Although great
efforts were put into using geometric equations to quantify the contact points in this study,

the determination of the contact area itself was actually in an empirical manner.

In this study, we modelled the contact point position as a function of the knee flexion angle
(f-angle ), and projected the knee joint motion onto the tibia articulation cartilage surface.
When the pattern of knee joint motion changes (e.g. altered external rotation axis), this
trajectory might also change. Thus it might be a potential cursor of knee joint
abnormalities. Although volunteer 6 with abnormalities in his thigh muscles showed
interesting opposite contact displacement pattern from the most of other volunteers, it is
still too early to conclude that the location change of contact point could be used clinically.
Before any actual clinical applications, large group studies with a dense sampling of points
over the knee flexion arc are definitely needed to establish a model of contact point motion
trajectory with normal volunteers. The contact analysis of knee joint also plays a potentially
important role due to its importance of studying the cartilage stress, which is a plausible
cause of increased bone stress. The elevated cartilage stress is also believed to play a role in
the long term cartilage degeneration.

It is also important to mention that this study investigated the knee joint function under
body-weight-bearing conditions, which is the main source of the everyday forces applied
onto the knee joint. Therefore, the contact point location and knee flexion direction
measured in this way may potentially be used to determine the everyday force magnitude,
its distribution and even its distribution onto the underneath bone structure. According the
bone remodelling principle as indicated by Wolff's law [9], the trabecular bone orientation
aligns with the applied everyday forces, which is an essential factor of effecting bone

mechanical competence. Thus, the proposed imaging strategy and the analysing procedure
97



also provide a methodology for quantifying the force input of bone remodelling along the
time axis. Moreover, such experimental setup allows the investigated kinematics in the
current study to be closer to the natural physiological manner than most of the knee joint
kinematics investigation using MR, which acquired the knee motion data using a loading
machine with the subjects lying in the supine position [157, 158]. The advantage of such
experimental settings is that the forces applied to the knee joint are relatively easy to be
controlled and to be measured, thus enabling cartilage stress quantification following the
contact analysis. However, since the force is not applied in a natural physiologic manner
and the subjects are often strapped with the loading machine, the induced muscle activity is
therefore different from its everyday activity and the measured surface kinematics may not
reveal the subject’s moving habit [155].

Apart from muscles which might affect the knee joint kinematics behaviour, other tissues
such as ligaments and tendons, as well as meniscus also affect the knee joint function. The
future work is also to investigate the knee joint function regarding these soft tissues. To
visualize these structures, a high resolution acquisition with higher SNR is needed as these
tissues are very small and have relatively fast T, properties (Table 2). A pilot study has
been performed in order to visualize anterior and posterior cruciform ligaments (ACL and
PCL), fibular collateral (lateral collateral or long external lateral) ligament and medial

collateral ligament (Figure 23).
5.5 Summary

A Subject-specific study of the right knee joint of 6 volunteers has been performed. In
particular, the tibiofemoral articulation kinematics was investigated under the weight-
bearing condition. Rich information has been acquired through the previously proposed
combined MR imaging methods and the 2D and 3D contact analysis. The contact analysis
zooms the observation of the human lower limb kinematics from the whole leg into the
articulation cartilage surface. Motions, such as gliding and external rotations which are
difficult to recognize using skin markers with video-cameras, are expressed at a relative

finer resolution.
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Figure 23. High resolution acquisition of right knee joint (volunteer 4) using 3D MERGE (multi-echo
recombined gradient each) sequence on a GE scanner (protocols see Appendix A.2). (a) one image
slice of the 3D volume; (b) axial view of the data with 4 ligaments delineated: 1. Fibular collateral

ligament, 2. Medial collateral ligament, 3. ACL, 4 PCL; (c). 3D visualization of the anatomical model.

One important potential use of contact analysis is to evaluate the stress on the cartilage.
Apart from the chronic pain caused from the overloading on the cartilage, it might also be
used to estimate the exact direction of the forces being applied to the bone tissues holding
the cartilage. The force direction that bone endures every day is said to influence the
remodelling of trabecular bone, thus its micro-structure. On the other side, the orientation
of trabecular bone network is quite specific in order to react according to the forces it has to
endure. In anatomical locations such as femur and tibia, the forces mostly come from the
human weight and are along the direction of the long shaft of these long bones. Therefore,
the microstructures of trabecular bone inside these organs presents dominate directions

along the organs. Together with BMD, anisotropy is considered as a valuable parameter for
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the predication of trabecular bone mechanic competence [60]. To extract it, it is necessary
to go from the organ level to finer scales. In the following chapters, MR techniques which
are specific to looking for reliable measurement of anisotropy information will be
introduced.
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Chapter 6. In-vivo Diffusion tensor imaging of

trabecular bone: theory and feasibility

By measuring the intensity decrease due to particles’ Brownian motion, diffusion-weighted
imaging techniques probe the tissue structure at the cellular level. Though actively used in
brain research, diffusion-based techniques have also been extended to the musculoskeletal
system, e.g. [114, 119]. Motivated by its powerful ability of tracking the fibre bundles
inside the white matter, we hope to investigate the possibility of applying the DTI protocol
to the human trabecular bone on a clinical scanner in-vivo. It is hypothesized the principal
directions of calculated diffusion tensors may correspond to the trabecular bone network
orientation. In this chapter, we aim to find the appropriate imaging parameters (TE,
gradient pulse duration 6, gradient separation time A), and establish a proper protocol of
DTI of bone in-vivo on a clinical scanner. The last step is to extract the trabecular bone
orientation with the information given by diffusion tensors. To compute the trabecular bone
orientation, we would follow the principal direction of the diffusion tensors, analogous to
fibre tracking algorithms to process brain DTI data. The advantage of this method is that it
could provide more direct and local measurement of orientation by restricted diffusion of
spins in each voxel compared to the techniques used in stereology and histomorphology
(3D information is not well preserved due to the cutting) and post-processing algorithms
used in high-resolution MRI (it is very difficult to get isotropic volume resolution from the

scanner [95]).

In this chapter, we review and emphasize some theoretical aspects of obtaining and
analysing the diffusion tensor (Section 6.1), which are also very important for the later
chapters (Chapter 8 and 9) where the same formalism can be applied in the new context
defined by mSPENT. The efforts of performing DTI in-vivo on human's lower limb with
clinical settings are presented in Section 6.2. The behaviour of background noise is further
assessed in Section 6.3. The derived quantitative information is shown in Section 6.4 to
demonstrate the feasibility of in-vivo diffusion imaging of TB. Related work is discussed

and summarized in the end (Section 6.5).
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6.1 Introduction and background

Diffusion MRI can be considered as the combination of ‘static’ MR imaging with a contrast
scheme which reveals the spectrum of local translational motion [110]. It measures water
molecular displacements subject to diffusion within the sample material. In the presence of
magnetic field gradients, these originally random motions impart a phase spread to the spin
transverse magnetization. This reduction of signal intensity can be modelled and thus

provide a unique probe of the underlying tissue structure at a very fine scale.

READOUT

r. r. \W 1

P180

TE/2

Figure 24. Block scheme for a pulsed-gradient spin echo (PGSE) sequence
6.1.1 Diffusion in MR and its measurement

A powerful tool of diffusion measurement is the spin echo (Figure 24). Hahn [159], Carr
and Purcell [160] pointed out the sensitivity of the spin echo to both random and directional
motion. Stejskal and Tanner [161] later designed a pulsed-gradient spin echo sequence
(PGSE, Figure 24), which is one of the most commonly used in diffusion weighted imaging
(DWI) nowadays. This sequence starts with a 90° r.f. pulse (centred at time t=0). A bipolar
pulse positioned around a 180° r.f. pulse (centred at time t = TE /2) is sandwiched between

the 90° r.f. pulse and read-out gradient. Right after the 90° r.f. pulse, the gradient pulse I"
offsets the phase of a spin at position r by r-q, where g = yfoo0 r(t)dt. r(t) is the

component of the magnetic field gradient parallel to the main magnetic field By at time t
and vy is the gyromagnetic ratio of the spins. In practice, the two gradient pulses are

approximately rectangular and thus g = y8G, where G is the gradient strength. Since the
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180° r.f. pulse reverts the phase, the second gradient lobe will cancel the phase offset
created by the first one for a stationary spin, if a spin moves from position r; to r, between
the pulses, it retains a residual phase offset of q - (r, — r,) = q - Ar. The magnetic moment
of the spin is thus M - exp(iq - Ar) at the spin echo, where M is the magnitude of the
magnetic moment. Therefore, the MRI signal S'(g) is the sum of all possible spin

displacements, as in eq. 34 :

S*(q) = S5*(0) f p(Ar)exp(iq - Ar)dAr,q = y6G eq. 34,

where $*(0) is the signal with no diffusion-weighting gradients and the integral is over all
three dimensions (X, Yy, z) and p(Ar) indicates the chance that a single spin moves from
position ry to r, during the time & when the gradient is applied. A simple model of p(Ar)
(the diffusion propagator) is based on Fick’s law and random walk [110] as an isotropic

zero-mean Gaussian function:
eg. 35,

where D is the self-diffusion coefficient. The self-diffusion coefficient D gives a complete
description of particle diffusion in homogeneous and isotropic media (e.g. in a porous
media with uniformly distributed permeability and translation invariant in all directions,
Figure 25(a)). However, biological tissues are heterogeneous which leads to restricted or
hindered diffusion (Figure 25(b-d)). In this case, the measured D is not the absolute value
and is termed the apparent diffusion coefficient (ADC). Le Bihan et al. [162] simplified

Stejskal and Tanner’s equation into eq. 36:
S(b) = Sye~bAPC eq. 36.

They defined a parameter b (b-value or b-factor) as a function of imaging parameters, i.e.

the time for diffusion (tgiffusion = 4 — 6/3), the gradient strength (G) and the length of

the gradient pUlSE‘ (6)1 b= tdiffusion |CI|2 = y26262tdiffusion :
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Isotropic diffusion Anisotropic diffusion (case 1 and 2) Hindered diffusion
(a) (b) (c) (d)

Figure 25. lllustrations of 3D shapes of diffusion tensors in different types of diffusion: (a) an sphere
in the case of isotropic diffusion; (b) and (c) are the diffusion tensor shape for cases of anisotropic
diffusion, (b) is a linear case tensor and (c) is a planar case tensor [163] ; (d) corresponds to the
case of hindered diffusion.

6.1.2 Diffusion Tensor: to describe diffusion as a function of direction

ADC measurement depends on both the diffusion time and the measured direction. In the
case of anisotropy, a gradient direction invariant measurement would be preferable to be
able to reveal the information about molecular mobility reflective of local microstructure
and anatomy. To overcome the disadvantages in DWI, a diffusion tensor imaging (DTI)
methodology was first proposed by Basser et al. [164] and has now become one of the
standard protocols on clinical scanners. Instead of doing a single ADC measurement in one
direction, they applied the same pulsed gradient in several directions (randomly uniform
distribution on a unit sphere). The basic tensor model is given in eq. 37, where b is the b-
value, X; is the ith gradient direction for ADC measure, D is the diffusion tensor, Spis the b
= 0 measurement. No advection is assumed in this tensor model therefore symmetry exists
in the opposite direction of the applied gradients. Hence, a minimum of 6 gradient

directions and one direction with b = 0 measurement are required to build a tensor.

S(%,) = Sye~"%i D% therefore In (@) = —bX! DX, eq. 37.

0

Here, we name the term S(X;)/S, as the normalized diffusion signal. Each direction x; (i,

Yi, Zi) corresponds to a measurement of ADC. These ADCs are fitted into a tensor D (eq.
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38).

Dxx ny sz
D=|Dy D, Dy eg. 38
sz Dzy DZZ
Therefore, if expressing
%, Dx; = |x7, ¥t 28, 2%y, 2x,2;, 2y;z| - d , with d = | Dy, Dy, D,y Dyys Doy, Dy |,

then the diffusion tensor model given by eq. 38 for all directions can be expressed as the

form of the linear system:

Ad =S eg. 39,
where A is the encoding matrix, indicating the directions of applied diffusion gradient.

X1 Vi Z12 ZX?yl 2X.1Z1 2y.1zl

x5 Yy zE 2xyyn  2xnZy 2YnZy

The right-hand side vector S has the component—In(S(%;)/S,), where S, is the non-
diffusion-weighted measurement. Thus, the procedure for computing the diffusion tensor is
the process of solving this linear system voxel-wise by using a proper fitting algorithm,
such as least squares, weighted least squares or sophisticated fitting procedures such as
robust estimation of tensor by outlier rejection (RESTORE) [165], which utilizes a
reweighted least square regression method iteratively to identify the potential outliers and

subsequently exclude them for the diffusion tensor estimation.
6.1.3 Requirements on diffusion gradient directions

Diffusion MRI generally has very low SNR, and also suffers from partial volume effects
and artefacts. Studies to improve the information extracted from DTI are undergoing. One
effort is for the preciseness of diffusion measurement in MRI. Jones et al. [166] extended
previous work to optimize the diffusion measurement from isotropic systems to anisotropic

systems. They analyzed the noise propagation related to the calculation of the tensor trace
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and applied their optimized scan strategy to a water phantom and human brain. However,
their scheme for the gradient orientations assumed the shape of the diffusion tensor was an
ellipsoid, which lead to the not-so-generalized tetrahedral direction encoding matrix
scheme. Hasen et al. [167] compared several gradient encoding schemes with numerical
approaches and Monte Carlo simulation. They concluded that an icosahedra encoding was
the optimal for the six encoding directions. Batchelor et al. [168] later theoretically proved
the icosahedral directions were the recommended scheme for direction encoding in DTI in

order to reduce the noise propagation.

Theoretically, only 6 directions are needed to reconstruct the diffusion tensor. However,
due to the corruption of noise, it is necessary to acquire information from more directions in
diffusion imaging in order to over-determine this linear system. In order to reduce the noise
propagation level when computing the diffusion tensor, we should be careful when
choosing the set of gradient directions. The condition number k is proposed as a popular
criterion for the choice of directions [166, 167, 168]. In the linear system of diffusion, the
encoding matrix A is not a square matrix but with the size M x N (M > N). Therefore, the
normal form of the least-square solution of eq. 39, isd = (ATA)~1(AT - s). According to
Batchelor et al. [168], the inverted matrix (AT A)~! plays a central part in solving the
system. A mean normal matrix B = ATA/N, which is the normal matrix AT A after being
normalized by the number of diffusion directions, was also defined. Errors in s (the right-
hand side of eq. 39) will induce errors in the solution. This error propagation is controlled

by the condition number x(A) as defined below:

k(A) = ||A]l ”A_l” = Omax (A)/Gmin (A) = \/Amax (ATA)/Amin (ATA)

eq. 40,
= \/Amax (B)/Amin (B)

the ratio of the maximal to the minimal nonzero singular values of A, or the ratio of the
maximal to the minimal eigenvalues of the normal/ mean normal matrix. Hence, the
condition number x(A) controls the relative error of the solution of the linear system of
diffusion as a function of the relative error in the log measurement of diffusion signal on

the right-hand side of the system. That is to say:
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relative error in reconstructed tensor d

. . < k(4) eq. 41.
relative error in s

The theoretical minimum of the condition number is 1 and is impossible to achieve in
experiments. However, by applying a proper gradient direction scheme, it is possible to
control this error to a fixed level. It has been shown that k., = limy_. k(4) = V10/2 =
1.5811 being the lower bound. Interestingly, this condition number for the infinity of
directions corresponds to the condition number associated with an icosahedron. This means
that the gradient direction scheme uniformly distributed on an icosahedron should be

chosen.

6.1.4 Quantitative indications of diffusion tensors: parametric maps and

fibre tracking

Many metrics have been proposed to quantify the structural and physiological features
indicated by diffusion MR and correlated with clinical pathologies. Analogous to the stress
tensor in mechanics, Basser and Pierpaoli [169] derived a set of quantitative measurements
from the diffusion tensor: mean diffusivity (MD, eq. 42) and fractional anisotropy (FA, eq.
43).

_ Dy +Dyy +D,,

eq. 42
3 q

J 3[(Do = MDY? + (Dyy = MDY + (D, = MD)? ]

FA eq. 43

Jz(Dgx + D% + D)

Trace and apparent diffusion coefficient (ADC) are the other two commonly used
parametric maps. The definition of trace is the sum of the diagonal elements of the
diffusion matrix, thus it is related to the mean diffusivity [169]. Diffusion coefficient is the
parameter to describe the relative amount of diffusion and is directional variant. With the
conventional diffusion weighted imaging, since it is only defined for one direction and with

two b-values, the calculated diffusion coefficient is also named ADC. Clinical studies
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sometimes used ADC values calculated from the average of three diffusion measurements
taken along the imaging axes (x, y, z) [170]. In this work, the latter definition of ADC is
used (i.e. MD).

6.1.5 Issues regarding in-vivo DTI in bone

The basic material model that we study here is bone, which can be considered as a porous
media system (e.g. wood and soil) where diffusion NMR has been widely used to
characterize its micro-architecture. Two structural parameters are of primary interest in this
research: porosity (first order) and anisotropy (second order). We consider trabecular bone
as a porous system [114], but with a more complex fluid filling inside the pores. Similar to
T,-weighted MRI, in DTI, it is still the bone marrow that contributes most of the signal.
Two types of bone marrow can be found in the human body: red marrow (consisting mainly
of myeloid tissue) and yellow marrow (consisting mainly of fat cells). Red marrow is found
in the flat bones, such as the hip bones, breast bones, skull, ribs, vertebrae, shoulder blades
and in trabecular bone material at the epiphyseal ends of the long bone. Yellow marrow is
found in the hollow interior of the middle portion of the long bone. At birth, all bone
marrow is red. With age, more and more of it is converted to the yellow type. Such
conversion stops at a steady state of a composition of 50% for either type. DTI tracks the
translational displacement of the spins inside the tissue. It is the red marrow residing in the
trabecular bone region which contains mainly water component that will give detectable
diffusion signals during the pulsed gradients under mostly-used clinical settings. In case the
yellow marrow becomes the main components, more powerful diffusion gradients are
necessary for the ADC of yellow marrow is found to be three orders of magnitude slower
than that of water [118]. Therefore we focus our DTI experiments at places with red

marrows, for example, the epiphyseal ends of the tibia.

It is quite difficult to apply DTI inside trabecular bone in general. One reason is the
complicated structure of trabecular bone itself. As reported, the thickness of trabeculae is
between 80 and 150 wm while the pore size varies between 50 wm and 200 um [7]. This
complexity causes many unwanted signals to interfere with those purely from diffusion.
One source of such undesired signals is susceptibility effects due to local change in
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magnetic susceptibility. These susceptibility effects cause strong inhomogeneities in the
static field which thus generate a background gradient (go) and enhance the dephasing of
the transverse magnetization, leading to the increasing of relaxation rate. This would
seriously affect the PGSE diffusion measurement. This internal gradient (go) cannot be
corrected as they vary throughout the trabecular bone structure [116]. Chemical shift is
another disturbing factor in this case. Protocols have to be carefully tuned to separate the fat
and water. Apart from the above effects specific to the trabecular bone, the common MR
artefacts, such as geometric distortions, motion artefacts etc, may be enhanced during the
in-vivo acquisition procedure which is mostly implemented using EPI on clinically
available scanners as the signal read-out method. Summing up all of the above, DTI of

bone in-vivo is a very challenging task.
6.2 Feasibility study

Using anisotropic diffusion within red marrow residing in the pores of trabecular bone,
diffusion tensor imaging (DTI) can be potentially exploited as a probe of trabecular bone
orientation in-vivo. Here, the current results of feasibility study of in-vivo DTI on human
tibia are presented with experiments on three volunteers. The technique’s ability to reveal
trabecular network orientation at the micro-scale is also shown by reconstructing diffusion

tensors and tracking the dominant diffusion directions.
6.2.1 Subjects and Imaging protocols

Three healthy volunteers (two males and one female, average age 26.5, Table 7), with no
recorded lower limb injury, have been scanned in the past two years. Several settings for a
proper DTI protocol were proposed and tested on a 3T GE Signa HDx machine. An eight-
channel knee coil was placed over part of the knee joint and upper part of tibia. The pulse
sequence was chosen to be a dual-echo PGSE preparation with EPI read-out to reduce the
eddy currents [171] and the internal gradient effects caused by the big susceptibility
difference on the interface between bone and bone marrow [114] (sequence graph see
Appendix A.3). In each diffusion tensor imaging experiment, four non-diffusion weighted
(bo) measurements were acquired before the diffusion gradients were applied. In total, 20
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diffusion directions (uniformly distributed on a sphere, proposed by the manufacturer) were
applied. The data was acquired in the axial plane, with the acquisition matrix 128x128,
interpolated to 256x256, in-plane resolution 1.4x1.4 mm?, and slice thickness 3.2 mm.
Parallel imaging mode was exploited with an acceleration factor of 2. NEX was set to be 4
in order to achieve an acceptable SNR level. Scan time was about 9 minutes for each DTI
acquisition (at b-value = 400 s - mm™2). The protocol was tuned to set the diffusion time
long enough for water molecules to diffuse and short enough to achieve as high SNR level
as possible. Consequently, the TE settings vary from each volunteer. High resolution T,
weighted datasets (using Fast Spin Echo) in the axial plane were acquired before the DTI
experiment to give anatomical correspondence. The detailed experiment settings are
illustrated in Appendix A.2. The choice of b-values was based on the trade-off between the
acquisition time and SNR. Imaging experiments with five different b-values (200, 400, 600,
800 and 1000 s - mm~2) were first performed on volunteer 1. A b-value of 400 s - mm™2
was chosen, considering the trade-off between the achievable SNR level and the acquisition
time. This multiple b-values acquisition was also for a further observation on the
normalized diffusion signal (diffusion weighted signal intensity divided by non-diffusion

weighted T, measurement) as a function of b-value.

Table 7: Volunteer details of the feasibility study

Scanned knee Experiments performed in the

Age Sex (right/ left) feasibility study

DTl  with  multiple b-value
Volunteer 1 46 male left acquisitions (b =200, 400, 600,
800 and 1000 s - mm™2 )

Volunteer 2 20 female left DTI with b = 400 s - mm ™2

(1) DTl with b =400 s - mm™2

Volunteer 3 40 female right (2) noise DTl acquisition without
r.f. excitation with b = 400

s mm™?

Finally, a "noise-only™ acquisition was obtained on volunteer 3 by switching off the r.f.
pulses, using the same imaging parameters in order to assess how the background noise

behaves in the diffusion tensor under the option of parallel imaging more accurately.
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6.2.2 Data processing and analysis

Prior to the diffusion tensor analysis, the DTI datasets were aligned using a home-made
software (MATLAB, R2008a) doing a correlation registration to resolve the translational
motion caused by the strong diffusion gradients vibrating the patient bed. In the current
setting, the knee coil was used and the knee joint was fixed tightly enough, so that the
rotational motion in this case was much less serious and thus ignored in this study. The
diffusion tensor in each voxel was reconstructed by fitting the log-measurement to the
Gaussian displacement model (eq. 37.) by the standard linear regression. A threshold was
chosen from the b-value = 0 measurement in order to mask out noise before applying the
fitting procedure. MD (eq. 42), FA (eq. 43), trace and the principal diffusion directions
were calculated voxel-wise from the reconstructed tensors ([169], Chapter 7 in [172]). The

diffusion tensors are further plotted in 3D to illustrate the spatial coherence.

In order to illustrate the coherence of the diffusion tensor orientations, we propose to use a
ROI-based fibre tracking algorithm such as those methods developed for brain diffusion
Imaging. The tracking criteria are FA value and curvature threshold (the angle between the
principal tensor direction of the current voxel and that of the neighbouring voxels). Linear
interpolation was also applied when generating the tracks. In a porous media system as
trabecular bone, two phases exist: pore and trabecular bone. These pores are well connected
and filled with bone marrows. In this case, it is the trabecular bone that restricts the particle
diffusion in certain directions. Consequently, the anisotropic diffusion is thought to happen at
the interface between trabeculae and bone marrow. Therefore the principal directions of the
diffusion tensors may not only show the dominant particle translational displacements, but
may also be related to the orientation of the trabecular bone locally. All the analyses were
performed with CAMINO [173] and MATLAB (R2008a, The Mathworks, Natick,
MA).The 3D tensor plot is created by fanDTasia library (an open source MATLAB
program)®. The fibre tracks were rendered with Geomview (University of Minnesota, open

source software).

9 fanDTasia ToolBox, written by Angelos Barmpoutis, MATLAB central,
http://www.mathworks.com/matlabcentral/fileexchange/26997-fandtasia-toolbox
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6.3 Noise assessment

The size of trabeculae, the inhomogeneous geometrical arrangement and the complicated
composition of bone marrow make the MR imaging of bone not an easy task. For in-vivo
DT imaging of bone, several questions have to be answered first before applying DTI to
derive some quantitative micro-structure information from the data. In this section,
background noise of in-vivo DTI of human's lower limb is assessed quantitatively. The
hypothesis is that image intensities in the regions dominated by noise behave differently
from those in the regions with real diffusion signals. To test this, several approaches have
been performed. The objective is to assess the origin of the signals detected from the TB

region and to compare them with the noise signals.
6.3.1 Plot of the normalized intensity change against increase of b-value

If the intensity change in bone region observed in our experiments was due to the diffusion
driven by the diffusion gradients, the signal intensity would decrease as the b-value
increases according to eq. 37. This has been tested on the data acquired from volunteer 1.
The observed b-vales are 0, 200, 400, 600, 800, 1000 s - mm™~2. When the b-value setting is
changed, the scanner will automatically reset the TE and TR in order to optimize the
imaging protocols. Consequently, to observe the intensity change, diffusion signal needs to
be normalized with the non-diffusion weighted acquisition of each DTI acquisition to
compensate for the possible intensity change caused by different TEs and TRs. Therefore,
we observed the relationship between the normalized signal intensity term in eq. 37 and the

5 non-zero b-values.

In detail, the normalized average voxel intensity at each diffusion gradient direction is
computed @S Lnorm oy (K1) = Tror (%) /Io o, (%:)- Iros is the averaged diffusion weighted
intensity of voxels inside the ROI at the diffusion gradient x;. I_OROI (x;) corresponds to the

mean non-diffusion weighted intensity value, which is calculated as the average intensity
value of all the four by measurements. Small ROIs (5x5) are arbitrarily chosen in three

regions in the same slice, corresponding to muscles, trabecular bone and background noise
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respectively. The normalized average intensity (I,,,,., (x;)) of each region at each diffusion
gradient direction (x;) is plotted against b-values separately. The overall trend of the
intensity change is observed by plotting the mean values in each ROI. The standard
deviation (SD) of the normalized intensities {T,o,n p,, (x;),i = 1--- N} is calculated, as in
eq. 44. The muscle voxels are used as benchmarks as it has been shown in other studies that
diffusion signal was detected under the PGSE DTI protocol (e.g. Lansdown et al. [174]).

6.3.2 Evaluation based standard deviation of ROIs

Another method is to compare the standard deviation (SD) of voxel intensity (eq. 44, where
l; is intensity value of each voxel and I is the mean intensity). Three types of ROIs are
chosen in noise, muscle and trabecular bone regions respectively in the original diffusion
weighted images at each direction of several slices covering the tibia epiphysis part (the
ROIs of each tissue type were randomly selected in the regarded anatomical region). The
mean intensity values of these ROIls are also computed. In this approach, the intensity
differences between bone marrow and trabecular bone are of less concern. However, it
should be noted that the ROIs drawn in trabecular bone inevitably contain both marrow and
bone, therefore the SD of signal coming from marrow is actually higher than the values
given in SDy, .. (ROI) . SD,, 501 (ROI) is the reference value. SD,,,. (ROI) and
SD,,ise (ROI)are computed to compare with the reference. The comparison is performed on

the data from all the three volunteers.

1

SD = (=30, - D2) eq. 44

n—1
6.3.3 Evaluation based on the fitted diffusion tensors

Noise appears random in the images while true signal shows coherence with the underlying
structures. A vector summation mask is applied (eq. 45) to the principal directions of

tensors in the neighbourhood with various size on all the three volunteers' data in order to
enhance coherent patterns. In eq. 45, A; is the principal eigenvalue and € is the principal

eigenvector, j refers to any pixel inside the masked neighbourhood). Several sizes (the
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tested mask sizes are 3, 5, 7, 9, 11 and 13) of masks have therefore been applied in order to

determine the optimal mask size in terms of revealing the structural coherence.
Smask = ||Zj=1___N A{él(j) ” N is the number of pixels inside the mask eq. 45

The other interesting values to observe are the negative eigenvalues. It has been addressed
in several papers (Jones et al. in [166], Batchelor et al. [168] and Jones and Basser [175])
that in DTI, due to noise, some tensors can have negative eigenvalues. These negative
eigenvalues for diffusion tensors in biological tissues are excluded by thermodynamic
arguments and are neither mathematically nor physically correct. The diffusion tensors
should be positive definite and symmetric. Therefore, it is sensible to investigate the
percentage of negative eigenvalues after reconstructing diffusion tensors. On one hand it
would give an idea of how much noise has corrupted the foreground region; on the other
hand, it would also suggest that if the amount of negative eigenvalues is well below what
could be found in the background, some structures must be revealed in the foreground
region. It has to be pointed out that the diffusion tensor was reconstructed without the
background threshold in order to allow the preservation of voxels with only noise for this

type of assessment.
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Figure 26. Simulated noise with Rician distribution

The percentage of negative principal eigenvalues (hereafter, the term negative eigenvalue is
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used for the negative principal eigenvalue) is compared among 4 types of regions:
simulated "noise-only diffusion”, background noise region, trabecular bone region and
muscle region on all three volunteers. The “noise-only diffusion” experiments were used to
provide a series of ‘pure noise diffusion tensors’ in the fashion of Monte-Carlo methods.
The noise "diffusion tensor" region was set to be a 4D matrix of size 10x10xslicenumx24,
in which each “imaging” plane contains 10x10 voxels. The image plane matrix size was
chosen to be 10x10 in order to fit the ROI into the other three types of tissue region. The
number of “imaging planes” is represented by the parameter slicenum, varying from
volunteer to volunteer, but is equal to the number of the slices used later while calculating
the percentage of negative eigenvalues in other type of tissue ROIs. The whole
"acquisition™ followed the DTI "protocol™: using 4 "non-diffusion-weighted" acquisitions
and "diffusion-weighted" acquisition at 20 gradient directions the same as used by the GE
scanner. The simulated "noise" k-space was generated by adding independent Gaussian
noise on real and imaginary parts. It was then inverse Fourier transformed back to the
image space. Only the modulus of the complex number was kept in order to make the noise
intensity distribution fit a Rician model [176] (Figure 26). A Monte-Carlo simulation was
performed to investigate negative eigenvalues by repeating the experiments 1000 times.
The other three types of regions were cropped directly in the actual DTI data. The amount
of negative eigenvalues at these regions is calculated as the ratio between the number of
negative eigenvalues and the total number of pixels at ROIs chosen arbitrarily in the
specific region (i.e. bone, muscle or noise) on several slices which covered as much tibia

epiphysis region as possible.
6.3.4 "Noise-only DTI" dataset

A set of "noise-only DTI" data was further acquired with exactly the same DTI after
switching off the r.f. transmission channel (this noise-only data acquisition method
followed the manufacturer’s instructions [139]) on volunteer 3 to further assess the noise. It
needs to be pointed out that this acquisition was performed one month later after the normal
DTI acquisition. Therefore, the slice locations were not exactly the same although the

radiographer tried to place the coil and FoV as close as possible during the acquisition. It is
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fair to assume that the muscle and bone tissues do not change much for this healthy
volunteer, and the noise that was concerned in this study was mainly from the human body,
therefore it can be considered the measured “noise-only DTI” dataset is able to reflect the
noise level in the previous acquisition by applying exactly the same protocol. The goal is to
include possible effects that are present in actual experimental data to compliment the
insufficiency of the above simulation based study (i.e. “the noise-only diffusion”
observation). Such effects include the field inhomogeneity, the coil sensitivity at different
locations and the reconstruction method used in images acquired with parallel imaging.
Especially, in parallel imaging, the noise varies with the spatial locations, depending on the
coil geometry and acceleration factor [177, 178]. Therefore, it is fairer to show the
difference between the real signal and the pure noise in the same location. The comparison
of the two datasets on volunteer 3 is performed on the reconstructed diffusion tensors in
order to illustrate the different behaviours. The noise ROI-based negative eigenvalue ratios
were calculated and compared with the bone and muscle ROIs with the "normal”
acquisition performed before the r.f. transmission channel was switched off. ROIs of bone,
muscle and background (i.e. noise) are chosen arbitrarily in this “noise-only DTI” dataset
for the calculation of the negative eigenvalue ratio. The locations of these ROIs were found
using the normal DTI scan performed before the r.f. excitation was switched off. The
“noise diffusion” parametric maps were also generated for the comparison on the TB region

of the epiphysis of the tibia.

6.4 Results

6.4.1 Imaging results

Sampled imaging results of the acquired diffusion weighted images of all the three
volunteers’ right tibia are presented in Figure 27(c, f, i). The by data (Figure 27(b, e, h)) are
shown next to the DWI images to demonstrate the expected intensity decrease. The b, data
and DWI data of every volunteer are scaled to the same range. To illustrate the anatomical
correspondence, the high resolution T, weighted images are also presented (Figure 27(a, d,

0)). For each volunteer, the presented images are from the same anatomical location.
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6.4.2 Noise assessment

The averaged normalized intensity decreases against b-value increase of voxels in bone,
noise and muscle regions are plotted Figure 28 (from volunteer 1), with x axis as b-value
and y axis as the averaged normalized intensity. All directions of all the three regions are
observed and shown in Figure 28(a-c). The averaged signal decay from all the directions in
all the three regions are also plotted and presented in Figure 28(d). With the signal decay
caused by diffusion, the normalized averaged intensity should not be bigger than 1 when b-
value increases. If diffusion is indeed measured inside the observed voxels, the normalized
average intensity should decrease when the b-value increases. The curve should follow the
pattern of exponential decay as in eq. 36. Specifically, in the muscle ROI, clear normalized
intensity decay can be recognized. This plot is considered as our reference and is used to
compare with the plot of bone. Inside the bone ROI, a similar pattern can be spotted,
however the decay slope is less steep than that of the muscle ROI. In the noise ROI, the
normalized signal intensity shows varying behaviours with the increase of b-values (Figure
28(b)). The overall trend of the normalized signal intensities in all the three ROIs are
presented in Figure 28(d), with the mean values of the normalized diffusion signal plotted
as the points of the curve and standard deviation (SD) displayed as “error” bars at each

point.

Table 8 lists the overall mean intensity values associated with standard deviations at chosen
ROls at all diffusion gradient directions in selected slices of bone, muscle and noise on all
of the three volunteers. For all the volunteers, both the standard deviations and mean
intensity values at the bone and muscle regions are higher than that of the noise ROI. In
general, the SD of bone ROIs are approximately more than 5 times higher than that of

noise.
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Figure 27. DTI imaging results of the three volunteers. (a-c). slices at the same anatomical location
of volunteer 1, from left to right: high resolution T,-weighted , by, and b-value = 400 mm - s~2(c) of
the DTI data; (d-f) slices from volunteer 2 data at the same anatomical location, corresponding to
T,-weighted, by and b-value = 400 mm - s~2 of the DTI data respectively; (g-h) slices from volunteer
3 data at the same anatomical location, from left to right: T,-weighted, b, and b-value = 400

mm - s~2 of the DTI data correspondingly.
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Figure 28. Plots of averaged normalized intensity decay against b-values (b-values = 200, 400,
600, 800, 1000 mm - s~2) in (a) the bone ROI, (b) the noise ROI, (c) the muscle ROI at all diffusion
gradient directions. The averaged normalised signal of all gradient directions in the three type of

ROIs are plotted together in (d) with mean (the nodes on the curve) and the standard deviation

shown
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Figure 29. Plot (in 3D) of mean intensity value (nodes) with the associated standard deviation (error
bars) in chosen ROIs of bone (blue), muscle (red), and noise (green) at all slices covering the tibia

region at each diffusion gradient direction of volunteers 1-3 (from a to ¢ respectively).
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Table 8: Mean intensity values with standard deviation in bone, muscle and noise ROIs of all three

volunteers on the DW images of the tibia part.

(a). Volunteer 1: measured from Slice 8 to Slice 14

volunteer 1
Noise ROI Bone ROI Muscle ROI
Slice 8 7.0+£3.8 56.2+18.1 287.3£48.2
Slice 9 6.8+34 68.9+24.3 231.9+35.2
Slice 10 6.7+2.9 70.2+22.7 267.6 £35.8
Slice 11 9.0+7.4 67.3+21.7 249.3+46.3
Slice 12 109+9.1 62.3+19.7 316.8+£49.9
Slice 13 6.5+3.7 53.1+184 384.8+75.9
Slice 14 8.1+4.2 60.5+19.5 353.0+57.5
(b). Volunteer 2: measured from Slice 5 to Slice 11
volunteer 2
Noise ROI Bone ROI Muscle ROI
Slice 5 8.5+4.4 64.3 £20.8 244.6 + 60.1
Slice 6 7.7+4.1 55.7+19.1 248.0 £109.4
Slice 7 6.3+3.4 68.3+22.0 358.3+65.4
Slice 8 103+7.1 67.6+19.6 358.0+63.8
Slice 9 4.7+2.7 62.0+20.7 342.8+52.6
Slice 10 17.4+9.5 60.6 +20.5 310.8 £ 106.4
Slice 11 13.3+7.1 54.6 +20.7 314.8+81.2
(c) Volunteer 3: measured from Slice 14 to Slice 21
volunteer3
Noise ROI Bone ROI Muscle ROI
Slice 14 11.9+8.0 64.6+22.4 241.5 £58.2
Slice 15 11.0x7.2 64.5+24.8 226.1+51.8
Slice 16 12.1+8.4 65.5+23.3 238.3+64.1
Slice 17 11.2+8.2 59.5+224 226.3+57.2
Slice 18 12.1+8.9 62.6+23.6 228.1+57.1
Slice 19 12.0+8.6 60.2+22.9 212.9+55.3
Slice 20 13.1+9.2 64.4+24.3 240.7 £55.8
Slice 21 11.9+8.5 61.9+23.7 213.5+51.3
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Figure 30. Vector sum results with varying mask size: from (a) to (f), the applied averaging

window size of diffusion tensor principle direction vector is 3, 5, 7, 9, 11 and 13 respectively

In the vector-summation evaluation, masks of 6 different sizes (vector averaging window
sizes are 3, 5, 7, 9, 11 and 13 respectively) were applied to the whole data volume (sample
results in Figure 30). It appears that a 5x5 mask gives the best result in terms of structure
coherence as it eliminates the background noise but also keeps most of the internal features
not too blurred at the same time. Compared to the background noise region, although very
blurred when mask is as big as 13, the bone voxels are still visible while the background

voxels are completely black.

Noise from both simulated diffusion dataset and from noise-only acquisition (b-value = 400
m - s~2) was considered when comparing the percentage of negative eigenvalues (NE) with
ROIs in bone and muscle regions. Table 9 shows the negative eigenvalue percentage at
each type of ROIs of all volunteers. The NE percentages are expressed with the mean and

the standard deviation of the ratio of NEs of all the measured slices.
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Table 9: Percentage of negative eigenvalues in different types of ROls of the three volunteers (b =

400 mm - s2)

(a) With real DTI datasets (volunteer 1-3)

Simulated noise .
. Noise ROI Bone ROI Muscle ROI
‘diffusion’
Volunteer 1 10.29% + 2.87% 5.00% + 5.01% 2.30% +1.79% 0%
Volunteer 2 9.57% +2.23% 5.71%%1.98% 1.14% + 1.07% 0%
Volunteer 3 9.12% + 2.70% 7.76% = 3.44% 4.00% = 2.6% 0%

(b) Volunteer 3 : “noise-only” DTI acquisition

Noise ROI Bone ROI Muscle ROI

9.75% +£5.31% 9.12% + 3.44% 9.88% * 4.88%

In all the three volunteers, there is no negative eigenvalue in the muslce ROIs. In the bone
ROls, the mean negative eigenvalue ratio are around 4% (with a maximum 3.95% standard
deviation) for all the volunteers within a 10x10 region. For volunteer 3, the negative
eigenvalue ratio in the “noise-only” DTI acquisition are also calculated. With the pure noise
DTI data, a similar percentage of negative eigenvalues are found as for the simulated noise
"diffusion” data (Table 9 (b)).

The trace map of the noise only data (Trd,,,;s. ) and the actual tibia DTI data (Trdpy;) ) in
the trabecular bone region (mask manually cropped from the by data and applied to both
trace maps) is presented in Figure 31(a) and (b) repectively. A "jet" colour map in
MATLAB is used to illustrate the difference more clearly. The histograms of trace values
(normalized with the maximumu trace value of the dataset) within the trabecular bone
region of Trd,,,;s. (in blue) and Trdpy; (in green) are plotted in Figure 31(c). According to
(c), the bandwidth of Trd,,,;s. is much more spread than that of Trdpr;. Moreover, the 0
bin of Trdpr; 's histogram contains a distinct number of voxels. This can be contributed by
voxels only containing trabecalar bone which does not give any signal at all. Several bins of
histograms of both Trd,,,;;. and Trdpy; corresponds to negative trace values, indicating
the noise corruption to the diffusion tensor systems as discussed in Section 6.3.3 on

negative eigenvalues.
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Figure 31. Comparison between "noise only DTI" trace map (a) and the real bone "DTI" trace map
(b) of the same slice from volunteer 3. Both images are scaled to the same range. (c) The
histogram of the trace values within the trabecular bone region in (a) (blue) and (b) (green). The y-
axis corresponds to the number of voxels in each bin, and the x-axis is the normalised trace value
(with the maximum trace value within the region).

6.4.3 Quantitative analysis

The calculated mean ADC of red marrow within the ROIls of the three volunteers is
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(b)

wise plots of diffusion tensors (sampled slice, slice 10 from volunteer 1): (a) 2D

Figure 32. Voxel

tensor plot, the red arrow in each voxel oriented based on the principal direction of the tensor and

its length is scaled with the projection of the principal direction vector; (b) 3D tensor plot of the ROI

(in yellow) of (a). The colour of each tensor corresponds to the principal orientation of the tensor:
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Figure 33. Colour-coded (red for x direction, green for y direction, blue for z direction) principal
orientation of diffusion tensors weighted by FA maps of volunteer 1 at b-value =400 s - mm~=2. From
(a)-(g), images corresponds to slice 8 to 16 in the imaging volume, running from the tibia plateau

towards the ankle.

0.6x10°m%s while the muscle mean ADC of the three volunteers is 1.6 x10”° m%s and the
diffusion of fatty yellow marrow is much slower ((1.8 + 0.1)x10™** m?s, as reported by
Steidle et al. in [179]). The principal tensor orientation of the sampled bone regions is
shown in Figure 32. In the chosen TB region, 2D red arrows are plotted in each voxel along
the projection of principal direction of the diffusion tensor on the imaging plane. The length
of each red arrow is scaled with the magnitude of the projection (to the imaging plane) of
each eigenvector. The 3D tensor plot of a region (indicated by a yellow box) are plotted (in
the form of spherical harmonic functions) and presented in Figure 32(b), in order to
illustrate the spatial arrangement of the tensors. The figure plane was rotated around the x

axis of the image in order to provide a better visualization angle. Nine slices of volunteer 1
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Figure 34. Examples of parametric maps of volunteer 1 at the tibia epiphysis: (a-c) ADC, FA and
trace of slice 9; (d-f) ADC, FA and trace of slice 10; (g-i) ADC, FA and trace of slice 11

from the upper extremity of the tibia (~20 mm) with the presence of TB are selected and
presented in Figure 33. The voxel-wise eigensystem of each slice (i.e. the principal
direction weighted by FA values at each voxel) is presented in colour in Figure 33. The
same colour map is used for both the 3D tensor plot and the FA weighted eigensystem
image. It corresponds to the tensor orientation: red for the x axis (RL), green for the y axis
(AP), blue for the z axis. The examples (slices containing the tibia epiphysis from volunteer
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1) of parametric maps (ADC, FA and trace) are shown in Figure 34. From top to bottom,
the parametric maps of Figure 35 shows the examples of the "fibre" tracking result from all
volunteers with b-value = 400 (s -mm~2). The seeding ROIs were placed as close as
possible to the tibia head. The tracks are coloured with red for x axis right to left), green for
y-axis (anterior to posterior), and blue for z-axis (the slice encoding direction). The
reconstructed tracks show a trend of following the orientation of the trabeculae which is
along the tibia (the long blue fibre tracks). Recall Wolff’s law, the direction of trabecular
bone (TB) is related to the remodelling process which is affected by the force that TB
endures. In tibia, this force is normally from the body-weight, which is along the direction

of the leg.

Figure 35. Tibia trabecular bone “orientation trajectory” represented by diffusion tensor "fiber tracks"

with data from (a) volunteer 1 (b) volunteer 2 (c) volunteer 3.

6.5 Discussion

The results of the in-vivo DTI to human tibia study have been presented. The feasibility of
the in-vivo diffusion tensor imaging of trabecular bone has been demonstrated. A set of
noise assessment was performed first with the aim to verify the origin of the signal detected
in the trabecular bone region. Considering the trade-off between acquisition time and SNR,
a b-value of 400 s-mm™2 was chosen for the in-vivo DTI protocol of human's tibia.
Following the settings, the protocol was performed on 2 more volunteers (volunteer 2 and 3)
recruited for this study. Anisotropy indices and ADC values were computed from the
diffusion tensors voxel-wise. Based on the coherence of the diffusion tensor orientation, the
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tibia trabecular bone “orientation trajectory” was retrieved using a standard fibre tracking
algorithm normally used for the brain DTI analysis. Such investigation is indeed rare as
DTI at the moment is mainly used for neurology and is being extended to understand the
muscles but not for the skeletal system. The technique’s ability to reveal trabecular network
orientation at the micro-scale are also discussed and demonstrated by reconstructing
diffusion tensors and tracking the dominant diffusion directions. As DTI probes the particle
motion at a cellular level, it could be used as a direct measurement of trabecular bone
orientation, compared to those post processing based methods e.g. to measure fabric tensors

from data reconstructed from high resolution MRI data in-vivo.

Up to now the application of diffusion MR on bone marrow investigation is mainly limited
to using ADC as a parameter to detect lesion or distinguish it as benign or malignant [180].
As the microstructure of trabecular bone contains orientation information which is believed
to correlate with the bone mechanical competence [46], it may be advantageous to make
use of the informative anisotropy measurement contained in DTI, which has not been
explored enough. In the DTI of bone marrow study reported by Capuani et al. [114], the
preliminary results on DTI of bone marrow (calf femur) ex-vivo using a PGSTE sequence
on a pre-clinical scanner were presented. However, they only demonstrated the different
behaviour of diffusion in fat, cartilage and trabecular bone marrow and commented briefly
on the potential of using DTI to reveal the microstructure of TB. No further experiment on
utilizing the tensor orientation was performed. Although they did not describe the
composition of the bone marrow in the calf femur epiphysis, the different diffusion
behaviour between fat and bone marrow were shown. It is, however, sensible to consider
that such difference may be due to the free water components inside the red marrow (the
existence of red marrow in the femur epiphysis [181]). This part of the femur contains a
number of free water molecules which diffuse faster than marrow. To our knowledge, the
in-plane resolution (1.4x1.4x3.2 mm®) achieved by our bone DTI protocol is also superior
to published protocols in musculoskeletal systems (Lansdown et al. [174], Steidle et al.
[179], Sinha et al. [182]).

The implementation of the dual-echo PGSE sequence on the GE scanner is spectral-spatial

selective [139], which pre-select the water molecules (i.e. inside the red marrow) to be on
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resonance (page 153-164, section 5.4 in [112]). The systematic noise assessment provides
evidence to confirm this assumption. Although decaying slower than water inside muscles,
the measured normalized averaged bone marrow intensity decayed with the increase of the
applied b-values. The decaying trend of bone ROI slows down after b-value = 600 s-mm?,
compared to that of the muscle ROI. However, there is not enough data to say whether such
behaviour is due to any particular effects. The randomness of the noise is well shown by the
data in Figure 28 (b, d). Apart from increasing with the b-values, the normalized intensity
value of noise is bigger than 1 at many directions. The results of these ROI based methods
are further confirmed by the real "noise-only DTI" dataset acquired with exactly the same
DTI protocol, where the difference between a noise-only trace map and a trace map
containing real diffusion signal was revealed and visualised more clearly. The acquired
diffusion weighted data on all the three volunteers also show clear intensity attenuation

between the by acquisition and the DWI image.

It is also interesting to notice how the tensor oriented around the signal-void voxels (i.e. the
pores) which are thought to be trabecular bone (TB). In the 2D tensor plot (Figure 32 (a)),
the projection of the principal directions appears to change the orientation around the pores.
The coherence of the tensor orientation is further shown by the fibre tracks of volunteer 1
(Figure 35 (a)). Although there is no fibre inside tibia physically, these derived fibres may
represent the orientation trajectory of the trabecular bone which is just next to the bone
marrow. The blue fibres are mainly distributed on the edges of the investigated volume,
while the red and green fibres are bounded tightly in the central part of the volume.
Compared to volunteer 1's TB "fibre™ network, TB "fibre™" network of volunteer 2 contained
denser blue fibres in the volume edges. This difference may be caused the varying micro-
architectural organization between the two volunteers. It might also be related to the age

difference between volunteer 1 and 2 (volunteer 1 was 20 years older than volunteer 2).

Although the results from the current study are quite encouraging, there is certainly a long
way from applying DTI derived "orientation™ for actual clinical applications, such as
estimating the bone fracture risk. From the clinical point of view, although extensive study
has been performed in the biomechanics community on trying to relate trabecular bone

orientation to bone mechanical behaviour, it is still an open question due to the difficulty of
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measuring TB orientations in-vivo on a conventional hospital set-up. Therefore, there is not
enough clinical evidence of correlating the anisotropy parameter derived directly from
actual (OA or OlI) patients to the diagnosis scoring. Technique-wise, issues concerning
improving the acquisition protocols have to be considered. Although the reported protocols
on a clinical scanner do provide promising results, issues such as chemical shift, EPI ghost
artefacts and geometric distortions, field inhomogeneity, patient motion and low SNR still
exist. In the protocol, dual echo PGSE-EPI (single-shot) sequence is chosen with partial
Fourier acquisition and a parallel imaging model (acceleration factor = 2). The reason to
choose such a setting is to reduce the time to traverse the k-space in order to reduce the
amount of the induced EPI distortion. The frequently switching diffusion gradient is
normally very strong that vibrates the patient table. Although we tried to put the knee coil
as tightly as possible to the subject's knee joint to reduce big motion (e.g. raising the leg
when being stimulated by the diffusion gradient), tiny motion is inevitable. Gradient system
heating also causes a slight shift of the images over time. Similar cases have been reported
in brain diffusion but the motion correction is not easy. In the current work, correlation
registration on the by images is exploited to align the data. In the future, by using the raw k-

space data, an improvement on data alignment might be achieved.

Another big technical concern is to understand the diffusion behaviour of bone marrow
better. Overall, bone marrow is a complicated mixture and its composition changes with
anatomical locations (Chapter 1, page 3 in [183]). Although its ADC values have been
measured in spine bone marrow, its diffusivity has not been thoroughly studied yet at
various TB locations in human body with a DTI protocol. The last consideration is to
evaluate the diffusion of bone marrow indeed captures the shape of the whole
microstructure. If we consider the trabecular bone sample contains two phase, bone and
bone marrow, the assumption can stand. At the moment, there is not enough data to solidly
support such assumption. To prove this, the first step is to perform an ex-vivo experiment
with a trabecular bone segments whose marrow is completely removed and replaced with
pure water. This could provide a baseline for the water-diffusion-retrieved TB network.
Then the bone marrow can be simulated by mixing a fatty compound (e.g. olive oil) and
pure water as suggested by Bernard et al. [184].
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Local contrast in magnetic susceptibility gives rise to inhomogeneity in the static magnetic
field and deleteriously affects a PGSE measurement [110]. It is suggested that the unwanted
attenuation may be significantly reduced by a pulsed gradient stimulated spin echo
(PGSTE) [110, 185]. Another advantage of PGSTE sequence is that magnetization is
preserved during the gradient pulses and stored along the longitudinal direction during the
diffusion time, which also provides the opportunity to observe the long-term diffusion in
order to probe the microstructure [116] more accurately and in group studies. However, the

drawback of PGSTE sequence is its long acquisition time.

In this study, although the feasibility of applying DTI in human tibia in-vivo is
demonstrated, more experiments are certainly needed for validation, reproducibility and to
improve the resolution. The calculation of the trabecular bone orientation may also be
improved by more sophisticated fitting procedures for diffusion tensor reconstruction. The
next step is to examine the reproducibility of this protocol in order to allow a study

including a specified patient group.
6.6 Summary

In summary, the goal of multi-scale imaging is to capture information from the micro-scale
which provides parameters for modelling across scales. Bone can be considered as a porous
media system. Accordingly, porosity (i.e. BMD) and orientation (i.e. anisotropy) are the
two parameters of interest to model the micro-structure of bone for its mechanical property
evaluation, applying for both trabecular bone and cortical bone (as explained in Section
2.2). It is true that such information can be quantified with higher accuracy in histological
images; however the applied quantification is not easy to be transferred to in-vivo imaging.

This chapter discussed the current progress of using DTI to measure the trabecular bone
orientation. It shows qualitatively good agreement with what is expected at the epiphysis
end of the tibia. The future work is: to improve the resolution and SNR, and to perform
more experiments to show the reproducibility of the protocol. It would also be more

plausible if some patient data can be collected as a comparison with the healthy volunteers.
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The author’s contributions are summarized below:

The feasibility of in-vivo red-marrow diffusion tensor imaging on human tibia epiphysis
with a clinical scanner is demonstrated for the first time to our knowledge. The protocol is
tuned locally on a 3T GE scanner. A series of noise assessment has been performed in order
to validate the origin of the signal (i.e. whether the red marrow diffuses). By using the
diffusion tensor analysis, in-vivo orientation "trajectory” of marrow distribution is rendered
for the first time which can be used to reflect trabecular bone orientation "trajectory” model

in such a two-phase porous media system.
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Chapter 7. In-vivo DTI of trabecular bone:
Reproducibility study

The reproducibility of the established in-vivo protocols proposed in the previous chapter
was assessed on volunteer 1 and 3 by repeating the protocol several times. The diffusion
coefficient measurements and the derived anisotropic measurement are compared among
acquisitions of the same volunteer. A further investigation was taken by changing
frequency encoding directions to examine the robustness of the protocol. The
reproducibility of the experiments was further interpreted using Bland-Altman (BA) plots.

The above efforts aim to identify the possible problems and to improve the protocol.

7.1 Methods and Subjects

711 Subjects and experiments

The same volunteer group for the feasibility study (Table 10) was used for this
reproducibility study. The intra-subject inter-scan reproducibility was examined on the
right knee joint region of volunteer 1 and volunteer 3 on the same scanner (GE Signha Hx
3T) repeatedly twice for volunteer 1 and 3 times for volunteer 3 for a short-term inter-scan
reproducibility study of the previously established protocol. The same protocol and knee
joint coil were used for the acquisition. For the two volunteers, both were scanned
repeatedly on the same day without any repositioning of the coil, and only one calibration

scan was performed before all the acquisitions.

Another reproducibility study (intra-subject, inter-protocol) was performed, aiming to
investigate whether the diffusion measurement resist with changes in imaging protocol or
not; if not, what might be the cause to affect the measurement. In this study, volunteer 1
and volunteer 2 were scanned with switched frequency encoding direction (from right-left
to anterior-posterior, corresponding to the imaging volume) on their left knee joints. Other
imaging parameters were the same for each volunteer. Both studies did not involve a
repositioning of the coil. This reproducibility study was performed on the same day for the

two volunteers after the feasibility study reported in Chapter 6 was conducted, which was
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before the intra-subject reproducibility study on the same protocol.

Table 10: Volunteer details of reproducibility studies

Age Sex Scanned knee Experiment tvpe Number of repeated
g (right/ left) P P times

right Intra-subject inter-scan 2
Volunteer 1 46 male ——

left Intra-subject inter-protocol 2
Volunteer 2 20| female left Intra-subject inter-protocol 2
volunteer 3 40 male right Intra-subject inter-scan 3
7.1.2 Data processing and statistical analysis

DTI datasets were processed offline using CAMINO [173] and MATLAB (R2008a, The
Mathworks, Natick, MA). All DTI datasets were aligned by registering all the diffusion
weighted images and the second, third and fourth by scans to the first set of by datasets. This
was done by pre-processing all DWI data (histogram matching with the by image and
thresholding at 3% of the maximum image intensity) and then applying a sum-of-squared
differences registration of the pre-processed (binarized) images. The registration only
searched for in-plane translations (to correct for drifts in the images due to patient motion
or gradient heating). The resulting transformation matrices were applied to all the DWI
data. As no repositioning of the coil was involved during the whole study and the knee joint
was fixed very tightly inside the knee coil, rotational motion was not observed and only
translational motion was considered which required no realignment of the diffusion tensor
after the registration of DWI datasets. Diffusion tensors were fitted voxel-wise with the
registered datasets separately using the routines introduced in Chapter 6 (Section 6.2.2).
Trace and FA, as well as the principal eigenvector (PEV) were computed for the
comparison among the DTI datasets on the same volunteer with the same protocol.

In the intra-subject inter-scan reproducibility, the reproducibility of diffusion parameters,
trace and FA, were examined with a ROI-based analysis. Arbitrary ROIs were manually
chosen on the same slices covering the tibia region with two tissue types, bone and muscle,
of each registered DTI dataset for the comparison. The size of the ROIs was set to be
10x10 (i.e. 1.4x1.4 cm?) in order to fit all the ROIs into the same tissue type in all the
analysed slices. The mean and standard deviation of FA and MD are calculated within the

ROIls. To investigate the principal eigenvector (PEV) orientation reproducibility, the voxel-
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wise angular differences (DApgy) of the PEV orientation between every two DTI datasets
of the same volunteer were compared on the whole bone region which was manually
segmented for that purpose. DApgy is computed through the dot product between the PEVs

of the same voxels, using eq. 46.

PEV, - PEV, )

DApgy ),k =COS_1(
pev (. k. 2) IPEV, |- IPEV; I

eq. 46,

where PEV,and PEVjy indicate the principal eigenvectors at the voxel with the same
location (j, k, z) from DTI datasets A and B respectively. In the end, the difference angle
was re-oriented so that the difference was within the range [0, /2]. The intra-subject
inter-protocol reproducibility was processed and analysed with the same routine introduced

above. It is necessary to point out that the intra-subject inter-protocol study was performed

prior to the inter-scan study.

A Bland-Altman (BA) test was applied to assess the agreement of trace (i.e. diffusivity
measurement) and FA between the different acquisitions of the same volunteer in the

reproducibility study.

7.2 Results

721 The intra-subject inter-scan reproducibility

In the intra-subject inter-scan reproducibility study, the ROl based FA and trace
comparison of volunteer 1 and volunteer 3 are shown in Figure 36. The mean (the nodes in
Figure 36) and standard deviation (the length of the error bar is 2 X SD) of trace and FA in
both bone and muscle ROIs are plotted against the slice number. Dashed lines are drawn in
each figure to show the lower bounds of possible trace values and the upper bounds of FA.
From the figure, the ROl based FA and trace values, in the muscle region of both
volunteers show reasonably good agreement on the analysed slices from both datasets. In
the analysed ROIs of the muscle, the maximum mean value differences in trace and FA are
2.1x10™ m%s (in slice 13) and 0.05 (in slice 18) respectively for volunteer 1, and 3.6x10™

m?/s (in slice 20) and 0.07 (in slice 17) respectively for volunteer 3. In the bone ROIs, the
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mean values of both trace and FA also show relatively good agreements, however the
standard deviations are much bigger than those of muscle ROIs. The maximum mean value
differences in trace of bone ROIs were found in slice 18 with 5.5x10™° m?/s for volunteer 1
and in slice 18 with 7.2 x10™ m?s for volunteer 3, while the maximum mean FA
differences are 0.06 in slice 12 for volunteer 1 and 0.1 in slice 15 for volunteer 3. The big
variation could be partially explained by the voxels containing only or mostly trabecular
bone which do not give any signal. This high variability implies that the measured diffusion

parameters in the bone ROIs are less reliable and may be corrupted by noise.

Volunteer 1 Volunteer 3 —— bone ROI of Scan 1
—l— bone ROI of Scan 2
—l— bone ROI of Scan 1 O bone ROI of Scan 3
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Figure 36. Intra-subject inter-scan trace (a-b) and FA (c-d) comparison of volunteer 1 (a and c) and
volunteer 3 (b and d). For volunteer 1, two scans were performed. For volunteer 3, three scans
were performed. The dashed lines in each plot indicate the physically meaningful range of the

corresponding values: trace = 0 (lower bound of trace) and FA = 1 (upper bound of FA).

The voxel-wise angular difference (DApgy) between acquisitions of the two volunteers is
presented as the histogram of the angular difference distribution (DApgy € [0,7/2]) in

Figure 37. Only two acquisitions have been performed on volunteer 1 (v1) in the inter-
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(a). Volunteer 1 y-axis: number of pixels; x-axis — angular difference (in radians)
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Figure 37. (a) Histogram of the voxel-wise angular difference of the principal eigenvector
orientations of the two repeated acquisitions in the whole trabecular bone region (sampled results in

slices 12 -15) of volunteer 1 at the tibia bone (covering the tibia head).

(b). Volunteer 3 y-axis: number of pixels; x-axis — angular difference (in radians)
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Figure 37. (b) Histogram of the voxel-wise angular differences of the orientation of principal
eigenvectors of the three repeated acquisitions in the whole trabecular bone region (sampled
results in slices 15 -18) of volunteer 3 (covering the tibia head). The y axis corresponds to the
number of voxels, and the x-axis corresponds to the angular differences in radians. For each bin of
the histogram, three bars are plotted, corresponding to the differences between every two scans:

blue for Acq. 1-2, green for Acq. 2-3, and red for Acq. 1-3.
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subject inter-scan study. It can be seen that only a small percentage (2.1%-2.5%) of
DApgy 1 is around 0, indicating that most of the reconstructed diffusion tensor systems
were not reproduced in the repeated acquisition, except in this small percentage of voxels
corresponding to the peak on the far-left of the histogram. Three datasets were acquired on
volunteer 3 (v3), leading to three comparisons: Acq. 1-2, Acqg. 2-3 and Acg.1-3 (Figure
37(b)). The number of very low DApgy 3 (= 0) are 10.8% - 14.7%, 10.7% - 14.4% and
11.4% - 13.7% for the above 3 comparisons from slice 15-18. In all the three comparisons
of volunteer 3, around 30% of the angular differences in the analyzed slices are less than
/6, compared to the 18% in the case of volunteer 1. VVoxels in trabecular bone region with
low angular difference (DApgy<0.08 in radians) among Acg. 1, 2, and 3 of volunteer 3 are

shown in Figure 38.

Figure 38. Voxels (red points) with low (< 0.08 in radians) angular difference between diffusion

principle directions of Acg.1-3 of volunteer 3's tibia head region in the intra-subject intra-protocol
study were plotted on top of the bO images in the corresponding slices: from (a) to (h) corresponds
to slice 15 to slice 22, whose ROI-based trace and FA comparison between scans are indicated in

Figure 36.

The results of the Bland-Altman analysis of trace and FA of volunteer 1, and trace of
volunteer 3 (comparison of Acg. 1 and Acqg. 3) of voxels in the ROIs (the same as those
used in Figure 36) in the inter-scan reproducibility study are illustrated in Figure 39. The
mean of the paired difference, its upper and lower correlation bounds are also indicated.
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However, the BA test failed in the intra-subject inter-protocol reproducibility study,
indicating the diffusion measurements were not reproduced when changing the phase

encoding direction.

(a). Trace of bone marrow of volunteer 1 (b). FA of bone marrow of volunteer 1
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Figure 39. BA plots of the intra-subject inter-scan reproducibility study: (a) trace and (b) FA of bone
marrow voxels in the ROIs of volunteer 1; (c) trace of bone marrow voxels in the ROIs of volunteer

3's Acq. 1 and Acg. 3 (the voxels are from the same ROIs as used in Figure 36).

7.2.2 The intra-subject inter-protocol reproducibility

In the intra-subject inter-protocol reproducibility study, the ROI based FA and trace
comparison of volunteer 1 and volunteer 2 are shown in Figure 40. In general, for both
volunteers, the diffusion parameters of muscles show reasonably good agreements. The
maximum differences on the trace and FA values are 1.1x10™° m?/s on slice 15 and 0.1 on

slice 15 for volunteer 1, and 2.9x1072° m%/s slice 7 and 0.05 slice 11 for volunteer 2. For the
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bone ROIs, the mean values of the two successive acquisitions on both volunteers show
some agreement in the figure, but the corresponding standard deviations are much bigger
than that of the muscle ROIs. The FA values in all bone ROIs showed possibility of falling
outside the physically meaningful range. The maximum mean differences of trace for the
bone ROI are found in slice 10 (1.8 x10”° m%s) for volunteer 1 and in slice 8 (4.6 x10™°
m?/s) for volunteer 2. For mean difference of FA, the maximum values are 0.25 for
volunteer 1 in slice 10 and 0.09 for volunteer 2 in slice 10. The voxel-wise angular
difference analysis on the principal eigenvectors (DApgy) is shown in Figure 41, by plotting
the histogram of the distribution of DApgy in the bone region only. It can be seen that the

amount of low DApgy (= 0) is quite low for both volunteers in all the slices that were
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Figure 40. Intra-subject inter-protocol trace (a-b) and FA (c-d) comparison of volunteer 1 (a and c)
and volunteer 2 (b and d). The black dash lines in both trace figures indicate the level of trace = 0
(m2/s); the black dash lines in both FA figures indicate the level of FA = 1. The magneta (scan 1)
and green (scan 2) nodes and error bars indicate the values of muscle ROIs. The blue (scan 1) and

red (scan 2) nodes and error bars indicate the values of bone ROls.
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analysed (1% - 1.97% for volunteer 1 and 1.23% - 2.67% for volunteer 2). About 16% of

DApgy for volunteer 1 is found to be smaller than /6, and about 17% for volunteer 2.

7.3 Discussion

In this study, the reproducibility of the previously proposed in-vivo red-marrow diffusion
tensor imaging on tibia is investigated on three volunteers. This preliminary study involves
two sub-reproducibility intra-subject investigations: inter-scan and inter-protocol. For each
investigation, two volunteers are involved. Quantitative measurements of each volunteer
are compared based on ROIs for the diffusion parameters, FA and trace. The principal

eigenvectors are compared angularly on the voxel by voxel basis.
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Figure 41. Histogram of the voxel-wise angular difference of the principal eigenvector orientation in

the intra-subject inter-protocol study (slices from the tibia bone) of volunteer 1(a) and volunteer 2(b).

According to the current analysis results in both observations, the previously proposed

protocol may be able to give a reliable diffusion measurement on muscles but showed
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limited agreements in the bone region for both investigations. In terms of the diffusion
parameter measurements (i.e. FA and trace), the encouraging fact is that the mean values
show reasonable agreements in the inter-scan study, however, the mean values are less
consistent in the inter-protocol study. The standard deviations in the ROI based comparison
in the bone region are much bigger in all the bone ROI regions than that of the muscle
ROIs. It also needs to be pointed out that after changing the frequency encoding direction
from the original R-L (right to left) direction to A-P (anterior to posterior), the geometric
distortion caused by the EPI sequence changed as well. This might have been one reason
that had led to a less consistent measurement even in the muscle voxels, compared to the
scans that used exactly the same protocol. In the voxel-wise angular comparison in the bone
region, for all the comparisons, there are a huge percentage of big difference angles, which
implies only a small percentage of the reconstructed diffusion tensors (up to 15% in the
intra-scan study, about 1% to 3% in the intra-protocol study) can be considered

reproducible in all the studied cases.

There may be several effects that cause the big instability in the bone region diffusion
measurement. One is the noise: not only due to the low SNR in the red marrow, but also
due to the choice of parallel imaging in which the image centre has the lowest SNR with
the acceleration factor of 2 [177, 186]. Another source of the noise may be due to the
magnetic susceptibility difference between bone and bone marrow. Another effect is that
the bone region is a mixture of bone and bone marrow, which have different magnetic
properties thus lead to different diffusion behaviour. With the current protocol, bone itself
does not contribute any signal to the image intensity, thus should lead to a zero diffusion
measurement itself. A third cause is the partial volume effects as the trabecular bone is a
tiny structure as previously introduced in Chapter 2. The current resolution is 1.4x1.4 mm?
in plane with a slice thickness of 3.2 mm which is quite coarse compared to the average
trabecular bone thickness. Partial volume effect correction is not considered in the current
study. A fourth cause is the motion artefacts. Three types of motion occur during the scan
according to our observation: 1) flow artefacts caused by the arteries passing through the
imaged volume; 2) the vibration of the patient bed caused by the strong diffusion gradients;
3) the imaged object drifting caused by the gradient heating. The flow artefacts
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occasionally entered the bone region which corrupted the images. In our analysis, motion
artefact has been greatly reduced by the registration program. In the case of strong
vibration, the edges of the object were ghosted in the middle of the image, which is hard to
be solved by a post-processing-only method. As the knee is quite fixed inside the used knee
joint coil, the rotational motion is less severe than that in brain DTI, in which the brain coil
provide a relative bigger space to move. The above motion artefacts together with the
susceptibility effects, on the other hand, significantly complicate the task of partial volume
correction, especially for the drifting and vibration motion. The above considerations need

to be taken into account to improve the protocol in the next step.

Apart from the complicated problem listed above and the currently unreliable
measurements, another disadvantage of this technique is that the acquisition time is
relatively long: the echo time is relative long as it needs to include the diffusion gradients
and enough time for diffusion (around tens of milliseconds), and the TR also needs to be
long to wait for the magnetization to be recovered (around 8000 ms). This also obscures the
practical application of the spin-echo PGSE experiment in-vivo in a clinical environment to
achieve high SNR and high resolution. It would be more appreciated if the imaging could
provide the tensor orientation in a faster manner with a much higher resolution. Thus
SPENT could be a very good candidate for this task as it is another sequence which is
sensitive to structure inhomogeneity inside each voxel. It is well-shown [121] that by
SPENT, BMD values acquired along different directions were different, with the z-
direction (the slice thickness 1mm corresponding to z-direction, in plane resolution
234x234 um? corresponding to X, y-directions) indicating the biggest BMD of all three.
Interestingly, there was also a small difference between x-BMD and y-BMD, showing that
along y direction, there was more bone than along x direction. This direction specific
information could be explained by the function adaptation of bone: the x direction is along
the trabecular bone orientation and thus along the direction of the force direction that the
femur endures. It thus provides a clue of the possibility of building a tensor by adding three
more directions, given the fact that the anisotropic appearance of trabecular bone network
organization could be mapped onto an ellipsoid [27, 41] and formulated as a fabric tensor
[42, 48]. The work of extending SPENT to derive the orientation information through a
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tensor based method will be presented in Chapter 8 and Chapter 9.
74 Summary

The reproducibility of the proposed protocol in the feasibility study of DTI in trabecular
bone of human tibia was investigated in this chapter. Two sub-investigations are
considered: intra-subject inter-scan and intra-subject inter-protocol studies. With the current
small subject group, the former study showed reasonable reproducible measurements in
terms of the mean values of the diffusion parameters, trace and FA in both muscle and bone
ROIs in the slices covering the tibia region, though the standard deviation of bone DTI
measurement is big; the latter study are less consistent. The voxel-wise angular comparison
on the principal orientation of the diffusion tensor in the bone region showed most of the
derived principal orientations were not reproduced in the successive measurements,
although a small percentage of voxels (15%) gave reproducible measurements in the
datasets of volunteer 3. The possible causes of the poor reliability are analysed. Apart from
improving the diffusion sequence itself, an alternative pulse sequence may potentially be
helpful for the quantification of the trabecular bone network anisotropy, which will be

introduced in the following chapters.
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Chapter 8. Multi-directional sub-pixel
enhancement of non-uniform tissue (mSPENT):

theory and simulation

The recently proposed SPENT sequence can provide direction specific information based
on the sub-voxel structural uniformity of a sample [121] with relatively high resolution.
Analogous to diffusion tensor imaging, given a voxel with a local anisotropic structure (e.g.
trabecular bone), it may be possible to apply SPENT at multiple directions and to build a
tensor to characterize the orientation of sub-voxel micro-structure. In this chapter, a
generalization of the original SPENT sequence is proposed. It extends the original pulse
sequence into a series of arbitrary direction measurements. This modification allows the
measurement of structural inhomogeneity in each voxel at various directions in order to
map them into an ellipse/ellipsoid model. Thus a structure tensor, alike the fabric tensor in
traditional stereology (Section 2.2.3), can be derived. It can be further decomposed into an
eigensystem, whose first eigenvectors (associating with the biggest eigenvalues) correspond

to the dominant orientation of the underlying tissue micro-architecture contained in the voxel.

The rest of this chapter investigates the multi-directional SPENT technique (MSPENT)

regarding the following issues:

1) The voxel-wise tensor system that mSPENT utilizes to analyse the tissue microstructures.
Local structural orientation can be derived from the reconstructed structural tensors by
eigen decomposition. Mean inhomogeneity, relative anisotropy, and fractional anisotropy
of the 2D mSPENT tensor system are defined as the structural indices.

2) The theoretical link between the information content measured by mSPENT and the high
frequency region of k-space.

3) The optimal imaging settings, i.e. SNR and number of SPENT gradient directions are
studied based on simulated mSPENT data. In this simulation study, two questions are to be
answered: what is the minimum SNR required to derive trustable structural parameters;

what is an optimal gradient scheme in terms of measuring the structural local orientation.
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8.1 Introduction

According to Wolff's law [9], the bone remodels itself along the direction of the forces it
endures, which leads to a dominant direction in trabecular bone (TB) micro-structure. This
anisotropic appearance can be quantified using a set of direction dependent measurements
of the trabeculae distribution. Several commonly-used quantification methods were
proposed in stereological analysis, including mean intercept length (MIL), volume
orientation (VO), and star volume/line distribution (SVD/SLD) (Figure 4) [47]. In such
methods, the basic idea can be understood by considering some phase B contained inside a
big sample volume A. While sectioning, if the probability of the sectioning (i.e. testing
lines) hitting B at arbitrary directions is the same, the distribution of B would be
homogeneous; otherwise, its distribution would be heterogeneous. In case of a
heterogeneous distribution, when the B distributes along a certain direction, the probability
of intersection at certain direction(s) would be much higher than at other directions, B is
said to be anisotropic. In particular, if plotting the measurements of TB volume projected at
each direction against the angle of a certain direction in a polar coordinate system, the
shape of the distribution can be fitted into an ellipse [41] or an ellipsoid [42]. This
‘'structural’ ellipsoid can be expressed mathematically as a second rank tensor, namely a
fabric tensor (as discussed previously in Section 2.2.3). It has been proven both
theoretically [48] and experimentally [81, 82] that this fabric tensor is correlated with the
elastic properties of TB. Tassanni et al. [187] recently compared four models and showed
with mechanical tests that if combined with BMD measurement, it could improve the

prediction of TB mechanical competence.

However, it is always challenging to extract the trabecular bone micro-architectural
orientation information in-vivo due to its small size. Most reported methods (as discussed in
Section 2.2.3) depend on the direct visualization of the bone microstructure and thus the
resolution of the acquired data becomes a key factor to the efficacy of these methods. The
required resolution, as discussed by Wehrli [7], should be around the order of the trabecular
bone thickness and is normally difficult to be achieved in-vivo. This resolution penalty

makes the models proposed in the biomechanics community to assess the mechanical
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competence of TB not easy to be directly applied in-vivo. However, an in-vivo anisotropy
measurement would be more than welcome as the fine scale structural information of
trabecular bone is very limited in clinical applications such as osteoporosis, and the current
clinical standard, BMD measured by DEXA, is lacking for specificity and sensitivity. The
diffusion of bone marrow might be one way to address the derivation of trabecular bone
orientation. While the utilization of the bone marrow relaxometry (1/T;) is still under
investigation, the recently proposed SPENT sequence [121] might be a surrogate due to its
ability to measure BVF and its sensitivity to the spin density distribution measurement

within each voxel.

The principle of SPENT might be better understood by looking at the magnetization
distribution (Figure 42). Different levels of magnetization distribution inside one voxel can
be recognized when 'looking' at it with different resolution and at different directions. There
are two main factors to describe the distribution of the spins: the overall density of the spins
(or the net magnetization) and how they distribute. For example, in both Figure 42(a) and
(e), the spins distribute uniformly but the overall spin density in each case is clearly
different; while in Figure 42(b) and (e) the net magnetization is the same but the
distribution are very different. Also in Figure 42(b), at the vertical direction the spin
distribution is homogeneous while at the horizontal direction, a significant inhomogeneity

can be recognized.
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Figure 42. Different levels of magnetization distribution inside one pixel: (a) a homogeneous 2D pixel
that contains a uniform magnetization distribution and no structure; (b) a pixel containing a distribution
of magnetization that is completely uniform in the vertical direction, but is highly non-uniform in the
horizontal direction; (c) if zooming out but keeping the pixel size around the order of the structure
size, the magnetization distribution is still non-uniform but appears a different orientation compared
to (b) ; (d) while zooming out a bit more, the inhomogeneity is less obvious but can still be
recognized; (e) in the end, the magnetization distribution is homogeneous although the pixel contains

many small structures.
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Figure 43. lllustration of the principle of SPENT. In the case of a homogeneous central pixel (a), the
magnetic moments (spins) are synchronized before the SPENT gradient, ESPENT is applied (b). The
coherence is lost after adding 6sp51vr and the spins start to dephase (c). In the end, under the

function of ESPENT, the spins completely lose their coherence and orient randomly (d). Thus the
vector sum of the magnetization is zero (shown as a black dot). For an inhomogeneous central pixel
with a signal void rectangle region coloured white (f), before ESPENT is added, spins inside the pixel
are also coherent (g) but the net magnetization is smaller than those in (b). With 55PENT the spins

start to dephase (h) and orient randomly (i) as in (d). However, due to the spatial inhomogeneity,

the vector sum may be nonzero thus could lead to a MR signal.

To make signal intensity sensitive to spin distribution inside a voxel of an image, SPENT

adds an extra gradient (namely SPENT gradient, 55p51vr) to the traditional spin echo
sequence, which leads to a 2z phase dispersion across each voxel. This 2 dephase has a
different impact on a uniform voxel and an inhomogeneous voxel. A qualitative description
of the progression of the transverse magnetization within either voxel is illustrated in
Figure 43. Recalling the spin echo sequences, after the 180° refocusing r.f. pulse, the spins

are synchronized so the magnetization in each voxel (Figure 43(a, f)) is the summation of
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all the spins (Figure 43(b, g)). When the SPENT gradient is applied, the spins would lose
their coherence (Figure 43(c, h)) and start to dephase (i.e. fan out). In this case, if a voxel is
spatially homogeneous (Figure 43(a)), at the end of the 2w dephasing, the vector sum of the
spins would cancel each other, leading to a nulled net magnetization (Figure 43(d, €)); on
the contrary if a voxel is spatially inhomogeneous (Figure 43(f)), the distribution of the
spins cannot be isotropic either (Figure 43(i)). Thus there would be a net magnetization
residual in this voxel (Figure 43(j)). Therefore, only the nonuniform voxels are visible.

This direction dependent feature of SPENT technique motivated our idea to exploit it to
derive the orientation parameter for quantifying the structural information. The way that
SPENT technique manipulates the spin system in each voxel is as if a sample point is
uniformly distributed on a lattice and the spatially varying gradients are the probes to
project the spin density related to structure information at the corresponding direction. The
aforementioned approaches (e.g. MIL and SVD) in stereology exploit testing lines or
sample points to project the distribution of the object of interest along a certain direction.
Therefore, if SPENT measurements were applied at sufficient directions around the object,
it would be possible to map the measurements to an ellipse model in 2D or an ellipsoid
model in 3D, which leads to a tensor expression. The orientation of this tensor represents
the dominant tissue distribution, thus relates to the orientation of the underlying tissue. The
orientation information of TB, combined with bone density which can also be quantified
using SPENT [121], may lead to a model which provides an improved prediction of bone

fracture risk as demonstrated in [80, 187].

In this work, a 2D multi-directional SPENT series is designed to apply SPENT at arbitrary
directions (Section 8.2.1 and Section 8.2.2). The tensor based analysis method to derive
orientation information is introduced (Section 8.2.3). The theory of dephasing behind
MSPENT is discussed (Section 8.3.1) and a mSPENT simulator is developed. In the end, a
simulation study is performed to demonstrate the efficacy of mSPENT regarding its
measurement on structure inhomogeneity and the optimal imaging parameters to extract
TB-related structural information (Section 8.3.2 and 8.3.3).
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8.2 Theory of multi-directional SPENT (mSPENT)

This section addresses the principle ideas of mMSPENT: the tensor model it exploits; the 2D
modified mMSPENT pulse sequence; the quantitative tensor analysis by looking at the
decomposed eigen systems. The tensor reconstruction and analysis have been programmed
into a homemade software, SPENT toolkit programmed in MATLAB (see Appendix B).

8.2.1 The structure tensor, T

The ellipse model of TB orientation discovered by Whitehouse [41] can be written as:

Ty x? + Tyy? + 2Txy =S eq. 47,
where S is the amount of the objects of interest inside a sample at a given direction. This
can be quantified in many ways, such as MIL and SVD. (x,y, z) indicates the orientation
of each measurement'. By reformulating eq. 47 into the quadratic form as eq. 48, a second

rank tensor T (definite symmetric tensor) can be recognized.

Tl 1 Tl 2

_ _).T —). - —
S=d; Ta; ,with T Ty, Ty

], and T21 = le eq. 48
Therefore as the linear system to compute the diffusion tensor, the above quadratic form

can also be simplified into a linear system: aT = S.

As in stereological analysis, the actual net magnetisation orientation inside each voxel is
perpendicular to the direction of the structure. This is because the unbalanced spins inside

each voxel are mainly in the direction perpendicular to the signal void region (Figure 43(f-

).

Analogous to the gradient direction encoding matrix in DTI (eq. 39), in SPENT we define
an encoding matrix, Aspgyr, In @ similar way. The direction of each SPENT gradient is
defined as a unit vector a;: in 2D, d;:= (x;,y;), and Jis the angle of the gradient direction

(defined in eq. 52). Therefore, Asppyr Matrix can be expressed as eq. 49 in 2D:

19 | this chapter, the symbols (x, v, z) are used to represent the axis of the imaging volume.
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Therefore, to reconstruct a SPENT tensor T and to extract the sub-voxel tissue orientation,

eg. 49

the existing SPENT sequence needs to be modified in order that the structural information
can be measured at any angle.

8.2.2 The mSPENT pulse sequence

According to Siow et al. [188], in order to create a 2x phase dispersion across a voxel, the

strength of a SPENT gradient, Gsppyr Needs to meet the requirement of eq. 50 :

21

G R eq. 50,
SPENT Ytspent AT

where y is the gyromagnetic ratio, tspent IS the time duration that |55PENT| is applied and

Ar is the pixel dimension.

To create an arbitrary direction SPENT gradient, we decompose the overall SPENT
gradient into two orthogonal SPENT gradients, which corresponds to the SPENT gradients
applied in frequency (5SPENTX) and phase (5SPENTy) encoding directions. Hence, a
MSPENT gradient with an arbitrary orientation is achieved by applying extra gradients on
the frequency and phase directions simultaneously but with different weightings in the
relationship specified by eq. 51.

Gspent = \/ Gépente + Géppnry eqg. o1
The direction of the overall SPENT gradient is then determined by eq. 52.

G
M), Je[—m, ] eq. 52

9= arctan(
SPENTx

Figure 44 illustrates the sequence graph of mMSPENT in 2D at one direction. To be able to
construct a tensor, several mMSPENT acquisitions at different directions are needed as in

diffusion tensor imaging.
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Figure 44. The 2D mSPENT sequence graph at one direction, G and Gg, correspond to ﬁspENTx

and Gspgyry respectively.

8.2.3 Extracting of structural features from SPENT tensor

The structure tensor T at each voxel can be reconstructed using a linear regression
algorithm to solve the linear system of aT = S as used in DTI. It needs to be pointed out
that the right-hand side of this system is the inhomogeneity measurement S which in
practice is a normalized quantity calculated by S = S,,spent i/ Sspento (@S used in [121]),
where S,,sppnr ; 1S the signal from the ith mSPENT acquisition, and Sspgyro COrresponds
to the non-inhomogeneity-weighted measurement (namely SPENT,, acquired using the
same MSPENT sequence and the same imaging parameters with the SPENT gradients off).
Prior to the normalization, a background threshold needs to be set to mask out background

noise.

Apart from the voxel-wise structural orientation indicated by the principal eigenvectors,
other quantitative metrics as used in DTI (Section 6.1.4) can also be proposed here to
characterize the tissue microstructure with the mSPENT data. In the quantitative 2D
SPENT tensor analysis, the mean inhomogeneity (MI) is defined as the average of the

isotropic part of the structure tensor T and is computed as:

T + Tyy _ Mtk
2 2
where T, and T, are the diagonal elements of the SPENT tensor, T, and A; and A,are the

MI(T) = €q. 53,

eigenvalues of T, A; > A,.
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The relative anisotropy can be calculated as the ratio between the standard deviation of the

eigenvalues (SD(2;)) and the mean eigenvalues () (eq. 54):

=2 =2

SD(A) \/E-‘/(M 2"+ (2 —12) eq. 54,
X (A1 +22)

where ; is the eigenvalues and 2 is the mean eigenvalue (1 = 1/n YN, A;). The fractional

RA(T) =

anisotropy (FA) is calculated as eq. 55 to measure the fraction of the "magnitude™ of the
tensor T. As used in DTI, FA of the tensor T ascribes the anisotropic micro-architecture of

each voxel.

ﬂ@—W+@—W]

(A2 +25%)

FA(T) = V2 -

eg. 55,

The above three metrics are all quantitative and dimensionless, and also independent of the
position and orientation of the laboratory coordinate system as being solely functions of
eigenvalues of the tensor system. It needs to point out that the mean inhomogeneity is also
a scalar value in the tensor analysis of mSPENT, which is different from the mean
diffusivity measurement in DTI. This is because the SPENT tensor is to model the tissue
volume distribution inside a voxel which is a scalar itself. The orientation angle (¢, eg. 56)

is also defined as the angle between with the principal eigenvector e; (eqy, e1,) and the x

axis of the image coordinates.

@ = arctan(e;y/e1y), @ € [-1/2,1/2] eq. 56
8.3 Simulation study

8.3.1 mSPENT and dephased MR: a theoretical analysis

The 27 phase wrap created by the SPENT gradient (5SPENT ) can be considered as adding an
extra phase accumulation (@sppyr = 2m, according to eq. 20) to the original phase
accumulation at the transverse magnetization plane in SE sequence. The overall phase
accumulation is expressed as @ = @, + &gppyr. Therefore, in the corresponding Cartesian

k-space, this extra phase shifts the sampling position from the original k-space location (i.e.
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(ky, ky) the location without the SPENT gradient) by &k (5k,, 8k, ), which leads to a new
k-space location, k' (eqg. 57).

k'y=ky+8k, k') =k, + 5k, (|6k| = /6kx2 + 5ky2> eq. 57

Therefore the signal equation (eq. 58) of mMSPENT at a time t can be derived according to
eq. 24:

Sspent (K %,k 5, 1)
= ff p(x,y,t) exp (—iZn(k’xx

+ k'yy)) dxdy (combine with eq.57) eq. 58,

= ffp(x, y,t) exp (—i27r(kxx + kyy)) exp (—i2n(8kxx
+ 8kyy) ) dxdy
In eq. 58, the first exponential term exp (—iZn(kxx + kyy)) results from the normal

phase (5y) and frequency (5x) encoding gradients and corresponds to a k-space (kspgnT0)
of the conventional SE sequence (the SPENT, image). Now consider the iso-centre of this
k-space k, (O in Figure 45), with 5SPENT (according to eq. 23), k, is moved by 5k to k'
(O" in Figure 45) which is the resulting mSPENT k-space (xspgyr, Pink boxed region in
Figure 45) centre. The distance between k, and k' is |5k| (eq. 57, |W| in Figure 45).
Although the k-space centre is shifted, the FoV (L, X L,) and the sampling stepsize (Ak

(Ak,, Ak, ), determined by G, and G,) and the total number of the k-space samples (N, X
N,) inthe SPENT k-space (kspgyr) is not changed. This implies that mSPENT acquires
the information from the outer space of ks; and leads to a bigger k-space coverage. The
trajectory of mMSPENT centre O' is therefore a circle as defined by eq. 57, with its iso-centre
as O and its radius as &k (the circle coloured in cyan in Figure 45). Therefore the extreme
shifts caused by the SPENT gradients occur when the SPENT gradients are applied on the

frequency or phase encoding direction.
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Figure 45. k-space illustration of mSPENT
simulation: O is the centre of the SPENT, k-

ug- ug-

space (kgg, region boxed in green). O' is the

centre of the mMSPENT k-space (kspgyr) at

oU-

the direction of 00’ whose orientation is
defined by 9 (eq. 52). The cyan coloured

circle is the trajectory of the kgppyr cCentre,

u

where the nodes on the circle corresponds to
an O' of a mSPENT acquisition with the
SPENT gradient oriented with 9. The radius

of the circle is equal to ok in eq. 57.

ug ug

In mSPENT, the maximum phase shift created by G, and G, is set to be 2m. With the

addition of the 2m wrap created by 5SPENT , the maximum phase shift against the centre of
Ksg 1s 3w along both the frequency and phase encoding directions to both sides of the iso-
centre O of kg (Figure 45). Consequently, with a full-circle mSPENT acquisition, the total
maximum phase shift is 6x along one encoding direction, leading to an increase of the
actual k-space by three. According to the relationship between the image resolution and k-
space sampling in eg. 26 and eq. 27, both Ak and FoV is not changed by ﬁSpENT, the
increase of k-space coverage (i.e. with more sampling points, Ny, , X Ny, , = (3N,) X
(3Ny) ) leads to a resolution increase with the factor of 3 at both voxel dimension: Ax;, X
Ayy, = (Ax/3) X (Ay/3) , in which Ax X Ay is the resolution of SPENT, and Axy, X
Ay, is the resulting resolution. Therefore, for each mSPENT acquisition, the sampled k-
space frequencies correspond to one high frequency region of the k-space (k) of an image
whose resolution is three times than that of the one acquired with the same imaging
parameters using a SE sequence, namely the SPENT, acquisition. The centre of this high
resolution k-space is overlapped with kg (koy, ko, ). The matrix size of the high frequency
region in ky, is equal to that of xsppyro, and the centre is thus k'y (k'o,, k'o,) and can be

calculated by combining eq. 52 and eq. 57:
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k'ox = ko, + |8k| - cos?, k'oy = koy + |5k| - sind eq. 59
In eq. 59, the angle ¥ is the angle between the frequency encoding direction and the SPENT
gradient direction, in order to make the simulator compile with the definition on the

scanner.

According to the above explanation, mMSPENT may be also viewed as an extension of the
dephased MRI whose theoretical framework has been discussed by Bakkers et al. [189].
This framework indicates that the insertion of additional gradients leads to a shift (an off-
centre reconstruction window) in the original k-space which is provided by a more widely

(with a higher spatial frequency) and densely (a wider FoV) sampled k-space.
8.3.2 mSPENT simulator

According to the previous analysis, the mMSPENT simulation can be realized by applying a
group of square reconstruction windows, w; (k'y, 8k, 9), to the high-resolution k-space data
S sequentially as illustrated in Figure 46, where ¥ is the inverse Fourier transform. The
matrix size of S is Np, , X Np, . Its iso-centre is ko, corresponding to the point O in Figure
45. The window size (8k, as in Figure 46) is constant and needs to meet the following
criterion: 6k < min(Nhr_x:Nhr_y)/3- The resolution of the generated mSPENT dataset is
determined by &k (as the k-space step size Ak is not changed, Section 8.3.1). The
parameterd = {9;,i = 1--- N}, (9€[0,2m]) is to model the orientation of the SPENT
gradient. The centre of the reconstruction window corresponds to the actual mMSPENT k-
space centre, i.e. O'" in Figure 45, and can be calculated from ok and ¥, using eg. 59. The
SPENT, acquisition is a special case and obtained by applying a reconstruction window at
ko with the size of dk. Optionally, Rician noise can be added to each mSPENT k-space
acquisition (including the SPENT,) separately to simulate the independent noise of
MSPENT acquisition at each direction. The SNR of the mSPENT acquisition is calculated
as the SNR of SPENT,. The mSPENT simulator is programmed with MATLAB (R2008a,
The Mathworks, Natick, MA). This simulator is programmed to produce the simulated 3D

MSPENT datasets, which would be used in the simulation study in Section 9.4.2.
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Figure 46. A sketch of the mSPENT simulator

The simulation was run 1) to show the efficacy of mSPENT in terms of acquiring
directional information using both the digital phantom and the real k-space data; 2). the
SNR requirements needed for mSPENT by adding different noise levels with the imaging
parameters; 3) to investigate the number of directions that are required to reconstruct the

tensors by varying the number of gradient direction.
8.3.3 Digital phantom and simulation

To achieve the above objectives, a plate model of bone with a known dominant orientation
() and BVF (Phantom 1) was first created. Phantom 1 (Figure47(a)) is constructed in the
following steps as proposed in [121] to simulate the k-space signal in mSPENT
acquisitions: 1) In order to simulate the continuous signal produced by an object, a large
image matrix was created at very high resolution within a large FoV, in the centre of which
an object (the plate model of bone) was placed. The edge of the central "bone" is smoothed
by a Gaussian filter to avoid Gibbs ringing artefacts. 2) The image matrix is then Fourier

transformed to retrieve the "ultra-high"*!

resolution k-space data. 3) This k-space data is
then sub-sampled both in area (to simulate the signal truncation) and in sampling density
(to simulate the discrete sampling procedure). The resulting k-space is the input of the

MSPENT simulator. The plate bone model was created with the following parameters, bone

1 Here, the term "ultra-high” resolution is used to distinguish it from the high-resolution k-space data which corresponds
to the input of the mSPENT simulator as explained early in Section 8.3.
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Final mSPENT data at several directions
Figure 47. Procedure of mSPENT data generation for the simulation study. (a) Step 1. a large

matrix with a bone phantom in the centre is created to simulate a large FoV; (b) Step 2: the k-space
of the FoV is created by Fourier transform (FT) of (a) to simulate a pseudo "continuous” k-space;
(c). The k-space in (b) is sub-sampled to simulate the discrete sampling procedure of the scanner;
(d). Step 4. a smaller region of the k-space data in (c) is kept to simulate the finite sampling of the
scanner; (e). The truncated k-space data is input into the mSPENT simulator (Figure 46) both the
imaginary and real parts of the data are kept; (f) Rician noise is added to each of the complex
MSPENT data matrix created at Step 5 separately, then the magnitude of the complex data is kept
which is the final mSPENT data at with the desired SNR level.

volume fraction (BVF) = 41.41%, dominant orientation ® = 55° (the angle between the
bone strips and the x-axis of the image), bone sample matrix size 512x512, base object FoV
76.8 mm, base object matrix size 3072x3072, trabecula thickness 100-350 um, trabecula
separation (pore size) 400-600 um. The resolution is set to be 100100 ﬂmz, on the order of
the bone size. The gradient scheme of 64 directions (uniformly distributed on a circle) was

used in order to sufficiently sample the outer k-space.
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Simulation 1: efficacy of mMSPENT and the minimum SNR requirement

In the first experiment, the SNR requirement of mSPENT imaging is examined by
generating simulated mMSPENT datasets of various SNR (between 1 and 100). Simulated
Rician noise (whose distribution is as shown in Figure 26) is added to achieve various noise
levels. The amount of added noise is controlled by the SNR in the SPENT, image, which is

determined by eq. 60.

SNR = mean(signals)
~ SD(noise) €q. 60

In eq. 60, mean(signals) is the mean value of the signals, calculated from the noiseless
SPENT, image; SD (noise)is the standard deviation of the to-be-added noise. Given a SNR

value, the SD of the noise can be known. Thus the simulated noise can be generated using
the method exploited in Section 6.3.3: noise = SD(noise)*(Renoise + 1*IMnoise), Where Rengise
and Impise are the real and imaginary parts of the image space signal and generated
separately by randn in MATLAB to produce pseudo random numbers with Gaussian
distribution. The same amount of noise (with the same SD) is then added to the image
space data of each noiseless MSPENT image generated by the mSPENT simulator, leading
to a complex data matrix. The magnitude of the complex matrix is kept in order to simulate
Rician noise. In order to simulate independent noise as in real MR acquisition, for each

MSPENT image, Rician noise is added separately.

A gradient scheme with 64 directions was used to generate the mSPENT data in order to
make sure the high-frequency region in k-space was sufficiently sampled. For each SNR
level, the SPENT tensor was reconstructed and decomposed to retrieve the dominant
orientation (i.e. the direction of the principal eigenvector). This orientation is compared to
an orientation template (the ground truth). As mSPENT is to measure the inhomogeneity
within a pixel/voxel, an anisotropy mask is also created and applied to reject the pixels
containing equal (4; = A,) or too small first eigenvalues. Pixel-wise comparison was
made between the principal eigenvectors (PEV) of the reconstructed SPENT tensor and the
created template. The extracted orientation error (between 0° and 90°) at each pixel is
considered to be the angular difference between the two vectors using eq. 46. The average

159



orientation errors of all pixels are calculated at all the observed SNR levels. In total, 17
different SNR levels are considered, ranging from 1 to 100. The average orientation errors
are plotted against the SNR levels and shown in Figure 48. It is clearly shown that with the
increasing SNR level, the extracted orientation error is decreasing. This decreasing slope is
steepest when SNR changes from 1 to 5, leading to the mean errors decrease from 6° to
3.5° at an average speed of 0.8° per SNR level increase. From SNR = 6, the averaged error
decreases more slowly and the averaged errors are below 3°. From SNR = 6 to SNR = 10,

the error decreases for just 1°.
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Figure 48. Plot of overall averaged extracted angular error (in degree, y-axis) against the SNR
levels (x-axis). The observed SNR levels are from 1 to 10 with interval 1, from 10 to 100 within

interval 10.
Simulation 2: the number of gradient direction requirement

In the second experiment, mMSPENT data were generated with 25 different gradient schemes
(with SPENT gradient number from 4 to 100, with an interval of 4) and 11 levels of SNR

(from 5 to 100) in order to observe an optimal settings for the gradient scheme and a SNR
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level for 2D mSPENT acquisition. Parameters of Phantom 1 are set to be the same as those
in the first simulation. The number of SPENT gradient directions is varied from 3 to 100
(with an interval of 4). The resulting orientation angles from each datasets were compared
in a similar way as explained in Simulation 2. The mean of the overall orientation error are
plotted against the number of applied SPENT gradients at each SNR level in Figure 49. It
can be seen that the mean extracted orientation error is below 2° (x 4.04°) with 7 gradient
directions from SNR = 20. For the lower SNR measurements, the mean error is below 2.5°
(x 6.67°) with 15 gradient directions at SNR = 10, while at SNR = 5 the mean error is
below 4.5° (£10.51°).
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Figure 49. Plot of average extracted orientation errors against different gradient encoding schemes at
various SNR levels. The x-axis is the number of applied SPENT gradient directions. The y-axis is the

mean retrieved orientation errors (in degree) at each virtual mMSPENT acquisition.
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8.4 Discussion

The proposed 2D mSPENT sequence modified the existing SPENT sequence in order to
measure inhomogeneity at arbitrary directions. It aims to extract meaningful anisotropy
indices to assess the tissue microstructure locally and to compensate the global BVF
measurement to improve the evaluation of trabecular bone mechanical competence [187].
The generalization is achieved by adding the extra gradients (55PENTx and (-7‘SPENTy) on
phase and frequency encoding directions simultaneously instead of placing one SPENT
gradient on either direction. The two gradients can be combined orthogonally so that the
gradient strength is exactly the same as that of the previous SPENT gradient. The gradient
orientation angle is resolved by the ratio between the gradient strength of the two. The
dephasing effect caused by mSPENT has been further discussed theoretically. mMSPENT
leads to a larger k-space coverage whose area is nine times that of SPENT (i.e. 3 times
along each direction). The inhomogeneity information it measures is conceptually
equivalent to applying a reconstruction window on a high resolution k-space. Based on this,
a mSPENT simulator is developed to investigate the efficacy of revealing structure
inhomogeneity. The multiple-direction information is assembled through a tensor-based
method, analogous to that is used in DTI. The resulting tensor is a structural tensor
localized in each voxel. Local anisotropy parameters are quantified: the mean
inhomogeneity (MI), fractional anisotropy (FA) and relative anisotropy (RA) and the local
orientation angle through the eigensystem of this tensor. These local parameters borrowed
from DTI data analysis could be potentially helpful to define locally anisotropy indices.
Compared to the conventional stereological methods such as MIL, VO and SVD, the
SPENT tensor has an advantage of localizing the tissue properties to the basic element at
the microstructure level, and thus bridges the scales between tissue level and the TB

network level.

Dephasing is an important concept in MR techniques. The primary use of dephasing is to
spatially encode the signals emitted from the spins inside the underlying tissues which
make the reconstruction of spin density by inverse Fourier transformation possible. Besides

this, other dephasing gradients are also developed to achieve different types of image
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contrast to highlight the tissues which originally hide among others and are not obvious
enough to be noticed. The projection dephaser is such an example (Section 10.6, pp 357-
361, [112]). Barker et al. systematically discussed about the dephased MR technique, with a
focus on the projection dephaser sequence [189]. In their discussion, they demonstrated that
the application of the dephasing gradient was conceptually equivalent to applying an off-
centre reconstruction window in the original k-space (without the dephasing gradient) that
was sampled more densely and widely. At this point, it is somewhat similar to the principle
of MSPENT. However, they focused on establishing the idea of using an oversampled k-
space to study the behaviour of the existing dephaser gradients systematically, in particular
the twister gradients (i.e. projection dephaser gradients used in MR angiography, by Dixon
et al. [190]), which acts to attenuate signals from larger structures but keeping signals from
the smaller features relatively unaffected. Although the paper generally talked about all the
possible features regarding dephasing, they did not explicitly explain how to utilize the
dephasing inferred information quantitatively. Instead, they considered that further
development of dephased MRI was more a matter of well-considered experiment and
simulation. From this point, mSPENT might be considered as a "well-designed" experiment

of dephasing technique aiming to provide novel quantitative tissue contrast.

The simulation study demonstrates the effectiveness of mMSPENT to provide a voxel-wise
localised structural orientation measurement based on the inhomogeneity level within the
voxel. According to the simulation results, an SNR of SPENTy>20 is needed to derive a
pixel-wise orientation measurement with a minimum 8 SPENT gradients to achieve an
error within 6° (2°+4.04°). For lower SNR level acquisition (SNR<5), more densely
sampled k-space (about 20 SPENT gradient directions) can compensate the information

loss caused by SNR level.

The simulation results are slightly different from what has been reported by Yiannakas et
al. [121] and Carmichael [191], where they studied the resolution and SNR requirement for
the single direction SPENT to provide a global measurement of BMD. The difference may
be caused by the objectives and the applied methodology. In terms of objectives, instead of
observing bone volume by the pure SPENT measurement, it is the localised structural

orientation that was concerned in this simulation. In terms of methodology, firstly, the
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noise was added in a different way in the published work from this work. In [121], the
noise was added before cropping the outer k-space patches (i.e. the virtual SPENT data).
However in the case of mSPENT, the arbitrary direction mSPENT patch in outer k-space
may be overlapped with each other when the gradient number increases. In order to keep
the added noise independent from each mSPENT acquisition, noise needs to be added
separately to the simulated mSPENT data at each direction. Secondly, in both [121] and
[191], the diagonal SPENT data (corresponding to a 45° SPENT gradient) were also
generated but were simply considered as the tiles at the four corners after dividing the

whole high resolution k-space into 9 small tiles. The resulting k-space centre, however, is

then v/2/3 of the FoV instead of 1/3 of the FoV as the SPENT tiles on the other axes, thus
leading to another frequency level corresponding to a dephase angle different from 2x. In
our pulse design and simulation study, this has been corrected which allows the extension

of SPENT techniques to any arbitrary orientation.

Some questions might be raised on the advantages of mSPENT compared to do a high
resolution acquisition directly, as a certain SNR level and mSPENT acquisitions at several
directions are needed. The first advantage of mMSPENT may be that it allows the signal to be
received more efficiently by adding a dephasing gradient. The gradient can be considered
as the speed of the k-space sampling, and the SPENT gradient allows the sampling to move
more swiftly within a fixed time compared to a conventional spin echo (SE) sequence, thus
the receiver can start to receive signal at an earlier point in the FID curve, which leads to
higher signal gain compared to the traditional SE sequence. Another advantage is the fact
that mSPENT allows the MR scanners to work with clinically achievable resolution but to
provide information which can conventionally be obtained from acquisitions with three
times higher resolution. However, the debate between a dephasing technique and a high
resolution MRI is probably application dependent and needs to be understood with more

experiments.
8.5 Summary

In this chapter, a generalization of the previously proposed SPENT sequence is presented.
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Our idea is motivated by the published study [121] using SPENT quantifying bone volume
fraction (BVF) where a good correlation with BMD was shown by both simulation and
experiments. It was also shown that the SPENT measurement was direction dependent.
These features lead to using SPENT as a virtual “stereological” probe (Section 2.3) for the
extraction of the meso-scale trabecular bone microstructure parameters, in particular, BVF
and anisotropy at the same time. A tensor based method is equipped for further analyzing
the mSPENT data, where the reconstructed SPENT tensor, T, is an analogy to the fabric
tensor. The design of a modified SPENT pulse sequence has been presented to allow the
SPENT gradient to measure tissue microstructure in 2D at arbitrary direction. A theoretical
analysis on how mSPENT can be understood by applying off-centre reconstruction window
in the high resolution k-space is also presented. A mSPENT simulator has been developed.
A set of simulation were run to investigate how mSPENT performed at various directions;
how noise affects the tensor system reconstruction, i.e. what SNR is required; how many
gradient direction is sufficient to extract meaning full orientation information of the micro-

structure.

The author’s contribution in this work includes:

1) A 2D multi-directional SPENT sequence is proposed and designed to apply SPENT at
arbitrary directions (Section 8.2.1 and Section 8.2.2). To our knowledge, mSPENT is the
only sequence that extracts the tissue structural orientation in a stationary magnetization
system.

2) A tensor based analysis method to derive orientation information is introduced and
implemented into an in-house software named SPENT Toolkit (Section 8.2.3 and Appendix
B).

3) The theory of dephasing behind mSPENT is discussed (Section 8.3.1) and a mMSPENT
simulator is developed.
4) A simulation study is performed to demonstrate the efficacy of mMSPENT regarding its

measurement on structure inhomogeneity (Section 8.3.2 and 8.3.3).
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Chapter 9. Characterization of Trabecular Bone

Orientation using mSPENT

Following the theoretical discussion and methodology introduction in Chapter 8, a series of
experiments have been performed with mSPENT in order to evaluate this technique
experimentally. This chapter first presents an ex-vivo mSPENT acquisition on a chicken
femur (Section 9.1 and 9.2). TB structural anisotropy was analyzed using the SPENT
tensors as introduced in the previous chapter. To validate the efficacy of mMSPENT in terms
of revealing the tissue orientation, a pineapple sample was scanned with mSPENT (Section
9.3). Fibre tracks were derived from the pineapple mMSPENT dataset using an in-house fibre
tracking algorithm adapted from those normally in the brain DTI analysis.

9.1 Experimental setup

The first objective of the experiment is to demonstrate that the designed mSPENT sequence
can be used to characterize the trabecular bone micro-structure quantitatively with the
tensor analysis method introduced in Section 8.2.3. The second aim is to perform the
sequence on biological tissues ex-vivo. In the previous study using SPENT as a potential
tool for the measurement of bone volume fraction, Yiannakas et al. performed the sequence
on human trabecular bone samples with bone marrow removed and immersed into water
while scanning [121]. However, in order to introduce the technique for clinical applications
in the future, it is necessary to investigate the sequence with bone samples containing bone

marrow.
9.1.1 Sample and imaging protocols

A fresh chicken (free-range) femur sample was obtained with its surrounding muscles
removed before scanning. The femur was placed inside a Rapid Biomedical Gmbh volume
coil with an inner diameter of 26 mm. The long shaft of the femur was aligned with the coil
and so with the scanner z-direction. It was scanned in the coronal plane on a Varian 9.4T

VMRS system. To show the chicken femur anatomy qualitatively, a high resolution image

166



of chicken femur was acquired first using a SE sequence, in-plane resolution 50 pum, slice
thickness 1 mm. Following the anatomical scan, the mSPENT series were performed. A
MSPENT series is composed of one SPENT-off acquisition using a normal SE sequence
(SPENT,) and several images with the SPENT gradients switched on. Except the SPENT
gradient orientation, the whole mSPENT acquisition share the same imaging parameters:
acquisition matrix was 128x128, in-plane resolution 200x200 um?, slice thickness 500 pm,
FoV 25.6x25.6 mm?, TE 7ms. The image resolution used in this experiment was chosen in
order to resolve the microstructure clearly and to demonstrate whether mSPENT can be
applied in various directions and used to create a meaningful structure tensor. Gspent Was
set to be 11.47 G/cm with duration of 1ms (as calculated from eq. 50,). It was applied in
nine directions (uniformly distributed on half a circle with an interval of 22.5°). This
experiment was originally designed as a preliminary study on the flexibility of the
MSPENT sequence and its potential use and prior to the simulation study to search for an
optimal imaging parameter set for mSPENT to produce a best measurement of anisotropy
and bone volume fraction (see Section 8.3 for the simulation study).
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Figure 50. SPENT experiments on a chicken femur: (a). a high resolution acquisition in the coronal
plane for anatomical information; (b). a SPENT, image; (c) the definition of the orientation angle 9
of SPENT gradient Gspent (Clockwise direction). In (c), the coordinate axis directions correspond to

the actual frequency and phase encoding directions in the acquisition, as indicated in (a) and (b).

The tensor analysis of the acquired data is as explained earlier in Section 2.2.3. The
acquired mSPENT data was first masked by a background threshold determined from the
SPENT, images. And then each mSPENT image was normalized with the SPENT,. The

SPENT tensors were reconstructed using the normalized dataset with a standard linear
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regression algorithm. After the reconstruction, the tensors were fed back into the linear
system to generate the "expected” mSPENT images in order to evaluate the performance of
the ellipse model (i.e. the residual error of the ellipse model fitting). The measured structure
tensor, T, is further applied with the eigen decomposition to the principal direction of the
tissue inside each voxel. Parametric maps (i.e. trace, RA and FA) were computed (eq. 53,
eq. 54, and eq. 55) in order to investigate the structural orientation features of the tissue.
The orientation angle at each voxel is computed.

9.2 Results

9.21 Imaging results

The acquired mSPENT dataset is shown in Figure 51. The SPENT images are presented in
the order that it was acquired, and the corresponding gradient orientation angle 9 was
annotated in each acquisition. At each gradient direction, the structural features highlighted
in MSPENT images vary with the change of the gradient orientation. As expected, at the
gradient orientation ¥ = 0°, the horizontal structures are highlighted while all the pro-
vertical features are not visualized (Figure 51 (a)). After the gradient rotated by 22.5° (9 =
22.5°), the intensity of the horizontal structures start to fade while some nearby diagonal
features start to show up (e.g. yellow arrowed in Figure 51 (b)). At = 45°, no horizontal
structures are shown at all and (Figure 51 (c)). Starting from 9 = 67.5° to 9 = 112.5°,
vertical-like features gradually appear (Figure 51 (d-f)). However, the three gradient angles
did not assign the same contrast to the vertical-like structures in the same region. The white
arrowed trabecular bone is best shown at 9= 67.5° (Figure 51 (d)) and also visible at 9 =
112.5°, while at 9 = 90°, some segments on the trabecula might still be spotted but the
whole bar is not recognizable. The feature pointed by the yellow arrow in Figure 51 (g) at 9
= 135° is quite distinct as it does not appear in any other image of the whole mSPENT
series. When the gradient keeps on rotating, the contrasted features start to change from the
vertical-like structure back to the horizontal-like structure (Figure 51 (h-i)). Yellow arrows
in Figure 50 are overlaid at the same locations as in Figure 51. White arrows are placed in
the same location of Figure 51 (d-f) as an example showing that the visibility of orientated
structural features changes according to the SPENT gradient direction.
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Figure 51. A set of mSPENT acquisitions of a chicken femur. From (a) to (i), the SPENT gradient
angle, 9 = 0°, 22.5° 45° 67.5°, 90°, 112.5°, 135°, 157.5°, 180° respectively. Yellow arrows are
placed near to the place where highly oriented structures exist as indicated in Figure 50 (yellow
arrows in (a)). White arrows point to the same location in (d-f), indicating that orientated structural

features appear and disappear as the SPENT gradient orientation changes.

The "predicted” mSPENT data generated from the fitted ellipse model are shown Figure 52
(images on the left of each subfigure). The differences between the acquired images and the
virtual data predicted by the tensor model are shown in Figure 52 (images on the right side

of each subfigure).
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Figure 52 A "virtual" mSPENT dataset (predicted SPENT) generated by the tensor model computed

from the acquired 'real' mMSPENT acquisition to assess the model and the difference between the
predicted SPENT and the original SPENT shown in Figure 51. Predicted SPENT and the difference
from the acquired SPENT at all nine directions are presented in (a-g) respectively. In each
subfigure, the predicated SPENT is on the left and the difference in-between is on the right. The left
colour bar corresponds to the gray scale of the acquired SPENT images, and the right colour bar is
to indicate the gray scale of the predicted SPENT images.

9.2.2 Data analysis

The decomposed eigensystems of the SPENT tensors are shown in Figure 53 by plotting
the principal eigenvector at each voxel as red arrows on top of the SPENT, acquisition. The
length of the arrow is scaled with the associated eigenvalue of the principal eigenvectors. A
region was selected (the green boxed) and further zoomed in to provide a clearer view of
the structure orientation (Figure 53 (b)). Two regions are defined in Figure 53: region |
corresponds to the shaft of the chicken femur and region Il corresponds to the epiphysis of
the femur. The trabeculae in region | (Figure 53) are mostly associated with principal
eigenvectors orientating across the bone region, indicating the trabecular bone in this region

aligning along the femur shaft; while in region Il, a good percentage (88.7%) of principal
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eigenvectors aligned along the femur shaft (orientation angle @e{[4m/9,m/2]U

[—m/2,—4m/9]}, around 10° deviation from the vertical direction of the image), implying

the underlying tissue orientation across the femur.

Wi\

Figure 53. The 2D tensor plot of mMSPENT data of the chicken femur: (a).The principal direction of
each voxel computed from the tensor model is shown as a red arrow and overlaid on to the

SPENT, image; (b) a region is selected (as pointed out in the green rectangle in (a)) and zoomed in

to provide a clearer view.
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The parametric maps computed from the reconstructed tensor system are shown with "jet"
colour encoding in Figure 54. The MI map (Figure 54(a)) enhances the directional
structures and present them more clearly. Both RA ad FA maps provide the anisotropic

indices at each voxel.

Figure 54. Parametric maps of chicken femur computed from the decomposed eigen system of the
generated tensors: (a) the mean inhomogeneity map, (b) the relative anisotropy map, (c) the

fractional anisotropy map.

The orientation angles as defined by eq. 56 are shown in Figure 55. A directional HSV

colour encoding scheme (Figure 55, on the right) was used to express the colour map.

Figure 55. Orientation angle map, with its colour map representing the orientation angle.

9.3 Validation

The objective of this validation is: 1) to show that the structural nonuniformity information
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measured by mSPENT at various directions matches the actual structure experimentally i.e.
it resolves the actual orientation of the microstructure of the object with the proposed
tensor-based method; 2) to investigate how the gradient direction scheme effects the
anisotropy measurement. To achieve this, a sample with a known highly orientated internal
structure is required; 3) to assess the information content in the high frequency region of k-
space, in order to investigate if there exist indeed enough signals for further structural
tensor analysis at which mSPENT aim. The following of this section presents the validation
experiment performed on a pineapple sample. The SPENT tensor analysis has been
performed. A very orientated tensor system inside the sample is revealed. This was the

initiative for a SPENT “tractography” study.

Figure 56. Validation material preparation (a) the internal appearance of a pineapple, stained with
Chinese soya sauce. The yellow ROl showed the region where the sample was taken
approximately. (b) lllustration of the vascular system (like fibres) inside pineapple under MRI. The
image is acquired from a 3T GE Signa HDx scanner, using a conventional 2D FSE sequence, with
in-plane resolution 0.293x0.293 mm?, slice thickness 1.6 mm. (This figure is just for the illustration

purpose, the shown pineapple is not the one originally for mSPENT validation
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9.3.1 A pineapple mSPENT experiment: materials and imaging protocols

The mSPENT sequence was further validated by measuring the microstructure orientation
of a sample with known highly orientated structure, in this case a pineapple. Pineapples
have very fibrous structures especially in its central axis where the fibres mostly go from
one to the other end of the fruit, Figure 56(a)). This can be well visualized in the MR image
(Figure 56(b))*? . Such an internal structure meets the aim of the validation. A sample block
(20x14x14.5 mm®) was cut from the central axis of a fresh pineapple, which is a fibrous

stem containing the many vascular bundles supplying the flowers and bracts [192].

Figure 57. Validation using a pineapple sample: (a) a high resolution acquisition on the cross-

section of the pineapple sample, where the white spots correspond to the fibrous vascular
bundles [192] in the central core of the pineapple. (b) a high resolution acquisition on the
‘coronal’ plane, where the white straps (as pointed out by the yellow arrow) inside the sample are
the fibres. They mostly oriented vertically with some "diagonal” fibres on the corner (white box);
(c) a SPENT, acquisition on the same location in the same sample, but only with 1/4 of the
resolution used in (b). In (c), fibres can be roughly recognized (as indicated by the green arrow)

by their orientations are not easy to be understood.

A sample block (20x14x14.5 mm®) was cut from the central axis of a fresh pineapple

(Figure 56(a)). It was scanned in the coronal plane on a Varian 9.4T VMRS system, using a

12 This pineapple MR image is acquired with a 3T GE HDx scanner, using a FSE sequence. It has to be pointed that the
presented pineapple is just for the purpose of illustration and not the same as used for the mSPENT validation.
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Rapid Biomedical Gmbh volume coil with an inner diameter of 26 mm. High-resolution SE
images (Figure 57(a-b)) were acquired first in both axial and coronal planes in order to
obtain microstructure information of the sample. The imaging parameters were: in the axial
plane, in-plane resolution of 80x80 pm?, acquisition matrix 512x512, TE= 4 ms, TR = 2000
ms, slice thickness 1 mm; in the coronal plane, in-plane resolution of 80x80 pm?
acquisition matrix 256x256, TE= 4 ms, TR = 2000 ms, slice thickness 1mm. The mSPENT
data was acquired afterwards at the same location as that of the coronal high resolution SE
image, with the same FoV but 4 times lower resolution. The mSPENT dataset were
composed of one SPENT, image and 8 mSPENT images (gradient directions , 9;,= {0°, 45°,
90°, 135°, 180°, 225°, 270°, 315°}). The other imaging parameters are acquisition matrix
64x64, in-plane resolution 200x200 pum?, slice thickness 1mm, TE = 7 ms, TR = 2000 ms
and NEX = 1. The SPENT gradient strength is set to be 11.74 G/cm, with duration of 1 ms.

Each mSPENT acquisition took four minutes.

9.3.2 Imaging results

‘bai4

Figure 58. The mSPENT acquisition of a pineapple sample. From (a) to (h), the SPENT gradient
angle, 9= 0°, 90°, 45°, 135°, 180°, 225°, 270°, 315° respectively. The frequency encoding direction

is along the vertical direction of the image.
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The acquired pineapple mSPENT data are shown in Figure 58. As shown in the internal
structural images of pineapple in Figure 57 (b and c), the pineapple fibres were along the
vertical direction in the image but bending with small angles away from the imaging axes.
Consequently, with mSPENT gradients at 9=0° and 180°, very little signal was gained
inside the sample (Figure 58 (a-e)). The closer the SPENT gradients oriented towards that
perpendicular direction of the fibre orientation, the more signals were received (Figure 58
(b, g)). Also at 9= 135° and 315°, the left bottom corner of the sample are visualized with
more signal, which is not observed at other directions. This region corresponds to the
diagonally-oriented fibres which can be observed in Figure 57(b) (the boxed region in
white).

Figure 59. The 2D tensor plot of the pineapple mMSPENT data. The principal direction of each voxel

is indicated by a green arrow and overlaid onto the SPENT, image of the pineapple acquisition.

9.3.3 Tensor analysis

Structure tensors at each voxel were reconstructed on the normalized pineapple SPENT
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data with background noise masked by thresholding. The eigensystem of the tensors are
shown in Figure 59, with its primary eigenvector (i.e. the principal direction) at each voxel
plotted as a green arrow and overlaid on top of the SPENT, image.

The corresponding parametric maps (MI, RA, and FA) were presented in Figure 60.
Several regions with high FA/RA values are shown with yellow or red colours, indicating
that highly orientated fibres are contained in this region. The corresponding areas in the Ml
image are visualized with bright blue colours and distinguish themselves from the
surroundings. In the 2D tensor plot figure, these high anisotropy indexed regions are also

associated with very coherent eigenvector orientations.

Figure 60. Parametric maps of the pineapple sample computed from the decomposed eigen system
of the generated tensors: (a) the mean inhomogeneity map, (b) the relative anisotropy map, (c) the

fractional anisotropy map.

9.3.4 The pineapple "fibre" tracks

In the sample, several regions are associated with large anisotropy indices (FA and RA
values) where coherent principal directions are also present in Figure 59. This strong
coherence of dominant directions motivated the idea of reconstructing the pineapple
vascular fibre pathways as in the tractography in diffusion MRI based on the principal

directions of the SPENT tensors (e.g. determined streamlines).

In the tractography of the brain, when the orientation of the tensors show strong

coherences, it is possible to represent the fibre track as a 3D space curve as a vector 7(s)
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parameterized by the arc length, s, of the trajectory [193]. The evolution of #(s) can be
described using the Frenet equation with the tangent vector £(s) (Section 4.2.3, Definition

2):

dr(s) _ - .61
s eq
(@) (b)

Figure 61. Fibre tracking method for mSPENT data. (a) a sketch representation of a pineapple fibre

trajectory as a space curve 7(s). The local tangent vector ?(sl) is identified by the secondary

eigenvector, ?Z’(?(sl)) at position 7#(s;). #(s;) is the following position on the curve #(s), which can

be found using numerical approximation methods, such as Euler or Runge-Kutta method [193] (b)
The fibre plot and the secondary eigenvectors weighted by the first eigenvalues starting from a ROI.

(c) The corresponding region in the high resolution image as indicated by the small red star.

The assumption of this mathematical framework is that the normalized eigenvector, 7,
associated with the largest eigenvalue, A4, of the diffusion tensor, D, lies parallel to the
local fibre tract direction [193]. Therefore, if the tangent vector £(s) is equated to the unit
eigenvector, g7, calculated at position 7(s) as £(s) = & (#(s)) and combined with eq. 61,

the equation of the fibre track trajectory can be obtained:

o
rd(:) = 5 (7(s)) eq. 62.
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The initial condition of this system is 7#(0) = 7(s,), which specifies the seeding point of a
fibre track.

The tractography of the SPENT tensor system is in a similar regime to the brain diffusion
tractography. However, the difference between the two is that instead of indicating the
direction along the fibres, the principal direction of the tensor system in SPENT is
perpendicular to the assembly orientation of structures inside each voxel. This implies that
the principal eigenvector is not the tangent vector £(s) but a vector 7(s) that is

perpendicular to £(s) at the position #(s) (Figure 61 (a)). However, as the eigensystem of
the SPENT tensor is an orthogonal system, it is not difficult to find the normalized tangent
vector with the knowledge of 7i(s). In a 2D system as the pineapple SPENT tensors, the
orientation of £(s) is equivalent to the direction of the secondary eigenvector &,. Thus the
tangent vectors used in the original fibre tracking algorithm can be formed by using the
secondary eigenvector weighted by the first eigenvalues A, - €,. The above algorithm is
realized and incorporated in the in-house MATLAB software, SPENT Toolkit (Appendix
B.1). The applied fibre tracking parameters are angle threshold 40°, step size 0.5, with bi-
linear interpolation method, and the seed ROI sampled with a spacing of 0.2 per voxel.
Figure 61(b) shows the extracted fibres (yellow) from a ROI region whose centre is
annotated by the small red star shown in the high resolution acquisition of the same slice in
Figure 61 (c). The fibres are plotted over the 2D tensor plot (green arrows) of the secondary

eigenvectors weighted by the principal eigenvalues. .
9.3.5 Information content in the high frequency region

As discussed in Section 8.3.1, the signal measured by mSPENT is conceptually equivalent
to the signal that resides in the high frequency region of a higher resolution MR acquisition.
However, doubts might be raised on whether the measured signal is just noise or indeed
contains residual spins after the dephasing caused by sub-voxel structural non-uniformity.
Since noise is by nature random, with the increasing of the number of signal averaging (i.e.
NEX), the real signal at the high frequency region should be preserved while the noise

would decrease.
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To demonstrate this, an experiment was designed and performed on a 3T GE clinical
scanner (the same scanner as used to acquire DTI data in Chapter 6 and 7) with a pineapple
phantom. A clinical 2D fast spin echo (FSE) sequence was applied, with 1.6 mm thickness,
0.3x0.3 mm? in-plane resolution, acquisition matrix 512x512, TR 4540 ms, TE 22.86 ms.
The raw data of this proton-density image was saved in order to get the real k-space data. In
Figure 62, the logarithm of the absolute k-space values are shown with colour coding (‘hsv’
scheme in MATLAB). Circles were placed in the central k-space in order to illustrate the
location of "high frequency" region: the regions outside the circles correspond to where the
signal detected by mSPENT is from. NEX increases from 1 to 4 (corresponding to Figure
62(a-c) respectively). The intensity ranges of the three images have been scaled to the same
interval. The blue straps going across the image are where the real signals are. The
background colour goes from cyan (=4 on the colour map) to green (=2 on the colour map),
implying the reduction of the noise level with the increase of the number of signal average.

Most of the blue area (i.e. real signal) is well preserved with the increase of NEX.

!1.
. . . -2

Figure 62. High frequency signal indicating subvoxel inhomogeneity remains with increasing NEX
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but not the noise signal. (a-c) logarithm of the magnitude of k-space data of one slice in a 2D FSE
pineapple acquisition on a 3T GE clinical scanner, with NEX =1, 2, and 4 respectively. Circles (dark
blue) are overlaid on top of each image, to indicate the location of the high frequency region that is
approximately the space outside the circle.

Three ROIs were cropped from the regions outside the circle but within the blue strap (i.e.
the high frequency region in k-space) on the three images respectively. These regions are
considered to contain mainly the real signal as measured by mSPENT. To compare the
difference, noise ROIs were cropped outside the circled low-frequency regions and the blue
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strap. The mean value and standard deviation of these ROIs are calculated and listed as in
Table 11. The size of the ROIs is similar and all bigger than a 20x20 square. The difference
of the magnitude data (Rician Distribution [176]) of mMSPENT ROI and noise ROl at NEX
= 4 were improved from 3.82/3.07 to 3.72/2.74. The difference was test to be significant
(p<0.0001) by Wilcoxon signed-rank test.

Table 11: Comparison between noise and real high-frequency signal against the change of NEX

NEX 1 2 4
Mean | SD MEAN SD MEAN )
ROl mspent 3.82 | 0.69 3.67 0.70 3.72 0.71
ROl ngise 3.07 | 065 2.79 0.64 2.74 0.64

9.4 Discussion

The proposed mMSPENT sequence was successfully performed on a fresh chicken femur ex-
vivo. As expected, the images acquired at different gradient directions present distinct
features. The image contrast changes according to the intrinsic orientation of the structure
itself: the voxels containing tissues whose net structural orientation is close to the
perpendicular direction of the SPENT gradient direction are more visible on the image. The
proposed voxel-wise ellipse model is shown to work well. Although the exploited model
fitting method is just the standard least square linear regression, the difference between the
actual data and the predicated data using the reconstructed tensor model and gradient
scheme is reasonably small (Figure 52). Before the tensor reconstruction, the mSPENT data
was normalized first with the SPENT, acquisition to reduce the field inhomogeneity. The
higher the MI value is, the more inhomogeneous the voxel should be. That is to say, those
voxels containing highly oriented structures should be more highlighted. This is well shown
in the MI map: the bone strips (Figure 50(a), yellow arrow) and the interfaces between bone
marrow and the cortical bone all correspond to the hot colours (red) on the "jet" colour map
(in MATLAB). Both of the FA and RA maps are presented although they seem to provide
similar anisotropy indices mathematically, which one to use in practice needs to be decided
in future group studies. Apart from highlighting the locations with a high degree of

inhomogeneity, the anisotropy indices indicated by either FA or RA may be used to express
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the degree of anisotropy. The characterized dominant TB orientations in the femur shaft
and in the epiphysis regions are shown to be different. Such difference is not easy to be
recognized even in the high-resolution acquisition, but becomes clearer with the tensor plot.
In general, the sub-voxel derived principal direction shows good qualitative agreement with
the structures as seen in the high resolution image of the chicken. A relevant problem of the
current experiment is that the gradient scheme only covers half of a circle instead of the full
circle. The original idea was to utilize the symmetric property of the k-space and to make
the acquisition more economical. However, the symmetric assumption in Fourier domain
stands when the data in the image domain is purely real. However, this is not the case in
reality due to field inhomogeneity and flow artefacts. This problem might be solved by
borrowing ideas from the reconstruction algorithm for partial Fourier imaging (Chapter 13,
page 292-299, [111]).

The sequence is further validated on a block of pineapple sample to resolve its internal
fibrous structure. It has been shown that the characterized principal directions of the tensor
correspond well to the internal fibre orientation (Figure 59 and Figure 60). To illustrate the
coherence more intuitively, the pineapple vascular “fibre” tracks were extracted based on
the principal directions of the tensors. In the low resolution pineapple data (Figure 58(c)),
the vessels appear to be straight, like vertical straps going through the core of the fruit,
while the fibres are clearly seen as curves wind through the fruit central axis. These features
are better expressed with the retrieved fibres. Generally speaking, the validation result is
quite encouraging and show quite promising result. The FA and RA maps (Figure 60 (b-c))
appear to provide information complementary to the MI map (Figure 60(a)). Some voxels
with similar MI values are associated with higher anisotropy values. This might be due to
the fact that M1 map gives a quantification of local tissue inhomogeneity and is related to
the volume fraction and FA or RA map incorporates the orientation information. The future
work is to perform a more comprehensive validation of the mSPENT derived parameters
and to compare the derived TB orientation with that measured on the structure, which is
lacking in the current study. For the chicken femur sample, such validation can be done by
comparing the orientation information to those extracted from the 3D micro architecture TB
model reconstructed from a high-resolution micro-CT acquisition. For the pineapple sample,
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it may be necessary to use a histology imaging approach. This will be included in the future
work of mSPENT.

In the current tensor analysis, the ellipse model is used voxel-wise. Thus the anisotropic
quantification is quantified as a local morphometric parameter. It is possible to derive a
regional or global descriptor of TB orientation through an averaging window as it is applied
by Saha and Wherli [53]. In the conventional stereological analysis, the MIL measured
anisotropy is normally a value for the whole sample [41, 42]. This is because traditionally
such method targets to describe a sample under microscope but not for the whole bone. For
the in-vivo applications, a methodology to quantify the local orientation is more preferred.
Tassino et al. [187] have shown that methodology respecting both regional TB orientation
and local inhomogeneity can improve the accuracy in predicting the mechanical behaviours
of bone segments under loading conditions that involves TB. TB orientation trajectory is
presented as a function of the principal orientation of the fabric tensor against the z-axis of
the analysed slice. The trajectory is like a curve with its tangent as the dominant orientation
of the underlying TB, which is similar to the principle idea of fibre tracking. Such a
description recalls the arc-like description of the internal structure of human femur, which
was originally proposed by the Swedish structure engineer, von Meyer, and later
summarized by Wolff [9] to form his law on bone remodelling [194]. Although the original
trajectory may be too idealized, it is now commonly agreed that this structural anisotropy is
highly related to the bone mechanical properties and influenced by the remodelling
procedure of the bone tissues. In this context, mMSPENT may play a role in deriving a
trajectory model of human’s trabecular bone [194], which might carry information, not only

on the mechanical property but also on the remodelling history.

The concern whether there would be enough mSPENT signal is investigated by assessing
the information content at high frequency regions of k-space data acquired by scanning a
pineapple sample using a 3T GE scanner at a high resolution. By increasing the number of
signal averaging (from NEX=1 to 4), the real signal is shown to be kept and the difference
between the noise signal and the sample signal becomes bigger as indicated in Figure 62
and Table 11. This difference was statistically tested to be significant (p<0.0001). Thus, it

is reasonable to conclude that mSPENT is able to acquire real signal although it targets at
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the same region which hosts more noise than the low-frequency area which is located in the
centre of k-space. The fact that with more NEX, the mean values of the noise ROI signal is
lower implies that given enough SNR level it is possible to retrieve enough MR signals in
the high frequency region. This corresponds to the results from the simulation studies in
Chapter 8 that the extracted orientation error decreases while the SNR increases. mSPENT
works as a directional specific high frequency pass filter that samples the outer space of k-
space, in order to achieve bigger k-space coverage with a conventional lower resolution
imaging protocol. This feature is potentially helpful for acquisition environment where
there is a resolution penalty, such as on the clinical scanner. On the other hand, this
experiment also implies the need to make the best use of mSPENT, there may be a
minimum requirement of SNR that provides a more reliable inhomogeneity measurement.
It also has to be pointed out that a real mMSPENT acquisition is necessary to further confirm

the current finding.

Apart from the wish list of the usage of mSPENT, there are still several concerns on
utilizing the technical. In the rest of this section, two issues will be discussed in more
details: the possible approach to improve the bone fracture risk evaluation in-vivo, and the
development toward 3D mSPENT. Also, to further demonstrate the power of mSPENT,

more experiments and validations are certainly needed.
94.1 Potential applications

Although it has been demonstrated by Yiannakas et al. [121] that SPENT achieved good
correlation with the current clinical standard bone strength measurement, BMD scanned by
DEXA method (R? = 0.95, p<0.001), it is still a bone density measurement and the
information on micro-architecture is still lacking. Moreover, the correlation between the
bone density measurement alone (e.g. BMD or BVF) and the Young’s Modulus is still low
(< 60%) (page 120-134, Section 4.4, [191]). The derived anisotropy indices, i.e. FA and
RA, may be potentially useful for clinical quantification. However, the current experiment
needs diseased models to demonstrate this usage. It is believed that structural anisotropy
plays a role in evaluating the bone mechanical property, the question about how to use the
structural anisotropy as a parameter in practice is not answered yet. Moreover, it would be
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more convenient for clinical use that a net index is produced from a fine-scale model that

gives good evaluation of the desired bone mechanical properties.

A recent study of Tassani et al. [187] proposed a potentially useful model which combines
both the bone density parameter and the principal orientation of the TB sample with the
objective to improve the TB mechanical property prediction. Four models were compared
in terms of the correlation with TB elastic property measured by mechanical testing in their
research: 1) BVF only (reference model); 2) BVF projected along the everyday force
loading direction (i.e. the specimen axis); 3) BVF along the fabric tensor (i.e. structural
tensor) principal orientation (PD); 4) BVF along PD, projected on to the loading direction.
These models were also computed with both the global and the local approaches. The
difference between the global and the local methods is that the former one expressed the
whole sample orientation with one structural tensor, while the latter exploited a sliding
window and took into account the structure tensor PD at every step (20 um along the z-axis
of a 4 mm cylindrical sample). The results showed great improvement on the determination
coefficients (R?) of the correlation between the ultimate stress (for the elastic property) and
bone architectural parameter comparison. A maximum of 35% determination coefficient
increase was observed while changing from model 1 to model 4. An improvement of R?
was also shown by replacing the global method (up to R?=0.88) with the local approach
(R?=0.90).

The result of Tassani's study indicates a possible net bone property index with improved
accuracy compared to DEXA measured BMD by combining the bone density measurement
and its local structural orientation. The input parameters required by this model may be
directly acquired by mSPENT. Yiannakas et al. [121] have shown that the SPENT
measurement correlates with BMD measured by DEXA. Both the simulation results in
Chapter 8 and the experimental results in this chapter further show the potential of
MSPENT providing a good anisotropic measurement. This special feature makes mMSPENT
a good candidate of the surrogate of the current clinical standard method using DEXA.
Although the mSPENT technique is motivated by the wish to measure TB orientation, the
validation results on pineapple vascular network may provide an idea of applying mSPENT

to extract the vascular network of the human body, especially where the vessels are
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organized heterogeneously, such as the vascularisation of a tumour.

9.4.2 Towards 3D mSPENT

The structure tensor T in 3D and the 3D mSPENT scheme

As TB network is by nature a three-dimensional architecture, 3D quantification would be
more preferable. At the moment, the 3D version of mSPENT tensor analysis has been
implemented with the simulated 3D data with the purpose to illustrate the idea. The 3D

generalization of the proposed 2D mSPENT is as below:

T11x2 + Tzzyz + T33Z2 +2 lexy + 2T13XZ + 2T23yZ =S €q. 63,
’ Ty Ty Ti3
S=d; Td; ,with T = [Ty Tz Toz|,and Ty =Typ, T3y = Ti3, T3p = Ta3 eq. 64
T3 T3 T33

In3D q; := (x;, ¥;, z;) and the gradient direction encoding matrix, Agpgyr, Can be written

as (analogous to the diffusion gradient direction encoding matrix in eg. 39):

2 2 2
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o
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Similar to the 2D SPENT simulation, to create a 2m phase wrap for each voxel
conceptually, in the case of a cubic k-space volume, the high resolution k-space centre (O)
needs to be shifted by one-third of the original k-space (a=L/3, FoV = L®). The distance
from the mSPENT k-space centre (O') to O has always to be a. That is to say the new
SPENT k-space centres are on a sphere with the original k-space centre as the centre, and a
as the radius of this sphere. A 3D version of the SPENT toolkit was programmed for the
tensor reconstruction and eigensystem decomposition in MATLAB as an extension of the
previously introduced in-house software SPENT toolkit (Appendix B.). An interface to
allow data crosstalk between SPENT toolkit and CAMINO [173] was also written so as to

utilize the interactive 3D tensor plot viewer (pdview in CAMINO).
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Before programming the 3D version of mMSPENT sequence on the clinical scanner, it is
considered to be beneficial to the later implementation to decide which pulse sequences is
the “host” of the SPENT gradients (i.e. which sequence to be modified to add the dephaser
gradient lobe). Therefore at the current stage, we investigate the efficacy of the 3D
MSPENT tensor analysis, and the appropriate resolution and SNR of a chosen sequence
(which is recommended by the vendor to be appropriate for the musculoskeletal system) via

simulation.

A simulation study

Figure 63. The 3D T; weighted MR data of the human hip joint (for the simulation study of 3D
MSPENT) with a resolution of 0.7x0.7x0.7 mm?. The red box is the cropped region to generate the
simulated 3D mSPENT data.

In the simulation study, two 3D MRI datasets of a human hip joint in-vivo were used. As
the 3D tensor fitting procedure in mSPENT is mathematically equivalent to that of DTI
except the input measurement is the local structural inhomogeneity instead of the diffusion
caused signal decay, the distribution of the mSPENT gradient directions are considered to
be advantageous to be distributed uniformly on an icosahedron as in DTI settings (Section
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6.1.3, [168]) in order to achieve the minimum noise propagation level while reconstructing
the tensors. The gradient scheme used for the simulation of 3D mSPENT is the same as that
implemented on the GE™® scanner for the DTI protocol (as used in the study of Chapter 6).

In the first simulation study, a hollow ball was created to test the algorithm and check the
efficacy of tensors to reveal the orientations. It is also to simulate the femur head which is
close to the form of a sphere. The inner radius (Ri,) was set to be 60 (voxels), while the
outer radius (Rout) was 62 (in number of voxels). Thus it leads to a hollow ball with 2 voxel
wall thickness. The high-resolution matrix size was 288x288x288 and resulted in
96x96x96 SPENT matrices. This setting is to simulate the acquisition matrix in the later 3D
in-vivo dataset of the human femur. To reduce strong ringing artefacts, a Gaussian filter
(the variance 6=3) was first applied to the high-resolution dataset. The objective of this
simulation was to examine whether the proposed 3D mSPENT algorithm was able to
retrieve the underlying tissue structural orientation. The SNR and resolution effects were
not studied.

In the second simulation study, two T;-weighted 3D datasets of human hip joint of the
same volunteer (patient data) were acquired on a 3T Philips MR scanner (Achieva,
Philips Medical Systems, Best, the Netherlands) using a VISTA sequence (a 3D fast spin
echo sequence with variable flip angle) in the oblique plane (Figure 63). The two datasets
were acquired with two different resolution settings, both isotropic: 1x1x1 mm?® (the
acquisition matrix 300%x298x60, interpolated into 320x320x60, denoted as Vpy),
0.7x0.7x0.7 mm® (the acquisition matrix 424x425x86, interpolated into 432x432x86,
denoted as Vp,). The imaged volume was placed with an angle to the body so that the
central slices cut transversely across the area where the fractures happened most of the
time. As the k-space data were not obtained, the simulation study was based on the
frequency space created from the magnitude data by Fourier transform. In order to create
the mSPENT data, a cubic volume was cropped first in the original image volume, in which
case lead to a set of MSPENT data with volume matrix 20x20x20 at each SPENT gradient

13 Although the data acquired is from a Philips scanner, we only had access to the GE tensor settings at the
time when the study was done.
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direction for the dataset Vp; and 28x28x28 for the dataset Vp,. The objective of the
simulation study is to check whether the current resolution settings and SNR is proper for a
further group study and whether the sequence is a good candidate to be modified to
MSPENT sequence on the clinical scanner. As in the first simulation study, two gradient
schemes (one with 6 SPENT gradient directions and the other with 20) were studied. The
3D mSPENT data was generated with the mSPENT simulator (Section 8.3.2). The principal
orientation of the structure tensors was computed with the 3D SPENT Toolkit, the principal

tensor orientation was visualised by CAMINO.

The results of the simulation

The SPENT tensor was reconstructed using a standard linear regression with least squares.
The resulting eigensystem was reformatted to be visualized in pdview, CAMINO (Figure
64(a)). The bars inside each voxel indicate the orientation of the tensors. The colour is
encoded as red (R) for x-axis, green (G) for y-axis and blue (B) for z-axis. As expected, the
principal directions of the SPENT tensors are along the direction of the sphere diameters

and approximately norm to the sphere surface.

Figure 64. Plots of principal eigenvectors calculated from 3D mSPENT simulation. (a) Result from

the hollow ball phantom with 20 gradient directions in the plane of x-y. (b) Result from in-vivo
human femur data using the second protocol, with 20 gradient directions in the same plane as
Figure 63. (c) the simulation results from the same dataset as in (b), with 6 gradient directions. (b)

and (c) are the SPENT tensor principle orientation plot from the same slice.

In the second simulation, the principal orientations of the SPENT tensors reconstructed
from the simulated 3D mSPENT data using dataset Vp; are illustrated in Figure 64(b-c).
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Figure 65. Qualitative comparison between SPENT tensor orientations from simulations with in-vivo
MRI data of human femur using the two acquisition protocols. (a) Acquisition Vpy, resolution 1x1x1
mm®, (b) acquisition Vp,, resolution 0.7x0.7x0.7 mm°. Both simulations used a 20 SPENT gradient
direction scheme. The two slices are roughly on the same anatomical position of the femur
(indicated in ¢, d). Locations with coherent tensor orientations are indicated by yellow arrows in both
plots. (c) The corresponding trabecular bone region in the same slice of volume Vp, as used in (b)
as a reference of anatomical locations. (d) The global orientation of the acquisition with the 3D

volume of the acquired femur neck model rendered with volume Vp,.

From the shown slice (from the acquisition plane), the principal orientations extracted using
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data simulated with 20 SPENT gradient directions appear to be more coherent than those
using only 6 gradient directions. The qualitative comparison is made between Vp; and Vp;
in order to decide which settings would be good enough to continue with a group study in
the future. As can be seen in Figure 65, the SPENT tensor principle direction plot in (b) is
more informative and shows more coherence (yellow arrows) with the tensor orientations.
Moreover, in the parts indicated by the yellow arrows, several columns contain more than
10 voxels with almost the same orientation in this slice. As the acquisition is made
approximately along the femur neck whose trabecular bone orientation is quite organized
and along the arc of the femur neck as described by Wolff’s law, this may be a nice
qualitative correspondence of the trajectory of the trabecular bone orientation in this
position, although more experiments and quantitative validation are certainly needed before

the conclusion can be drawn.
Discussion

The current results of 3D mMSPENT are quite promising in terms of sub-voxel structural
orientation detection. Especially in the second simulation study, the principal direction of
the structural tensor shows very high structural coherence inside the femur head (where it is
considered to contain highly anisotropic structure along the everyday force direction) with
the second imaging protocol (dataset Vp,.) using 20 SPENT gradient directions. This also
indicates that the SNR and resolution settings with this protocol would be appropriate for a
group study involving patients by applying the mSPENT tensor analysis in a big k-space
and compare it to the scoring from the measurement from BMD*. This preliminary study
also supports the chosen VISTA (volumetric isotropic T, weighted Acquisition) sequence

as a proper candidate to be modified to a 3D mSPENT sequence.
9.5 Summary

In this chapter, the efficacy of mMSPENT has been demonstrated ex-vivo on a chicken femur.

With the inhomogeneity information mSPENT provided, 2D microstructure anisotropy (i.e.

4 This study is under the evaluation of the local ethic group while this thesis is being written.
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orientation) is characterized voxel-wise. The orientation characterization was further
validated by applying the methodology to a pineapple sample with an obvious fibre
orientation. The results are promising; however more experiments are needed to establish
MSPENT as a method to evaluate bone fracture risk in-vivo. Future development regarding
3D mSPENT technique is discussed with initial simulation results from a digital phantom
and a 3D human femur data. Clinically, mMSPENT may be able to provide both the bone
volume fraction and the structural anisotropy quantifications at the same time, and

eventually lead to an improvement of bone mechanic competence evaluation.
The author’s contributions of this work are summarized as below:

1) The mSPENT sequence has been implemented and tested experimentally™ (ex-vivo) on a
fresh chicken femur. Specifically, the author’s contribution in the sequence development
stage was to debug the sequence on the scanner based on her simulation comparison on
several k-space schemes for SPENT at arbitrary angle.

2) The mSPENT's ability of measuring tissue orientation has been validated on a pineapple
sample.

3) Based on the coherence of the principal directions at each voxel, the internal fibres of the
pineapple sample have been extracted.

4) A 3D simulation study of mSPENT has been conducted based on a digital phantom and
in-vivo human femur data. An optimal mSPENT gradient direction distribution is used
which can be directly applied on the clinical scanner. The 3D version of the SPENT Toolkit
has been implemented. Preliminary results on extracting human femur trabecular bone

orientation are encouraging.

15 The author's contribution here is to help to tune and debug the sequence on the scanner.
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Chapter 10. Conclusions

The lack of information at the finer scales leads to poor evaluation of the bone mechanical
competence, which is critical for the prediction of bone fracture. The finer scale
information carries important information of the on-going metabolic actions, thus might

contain the "first hand" information of abnormalities at its early age.

In summary, the aim of this work has been to develop a multi-scale model-based method, in
order that coarser scale information can be understood better via a fine scale model of bone.
The idea is motivated by the hierarchical organization of bone and its anisotropic functional
behaviour. Ideally, it would provide a new methodology which would be able to provide
finer scale information for clinicians with the normal coarse resolution images achievable
in clinical environment. This task is challenging for several reasons. Firstly, it is difficult
for a single imaging method to provide information at all the scales. With multiple
acquisition methods, it is possible but also difficult to acquire fine scale data in-vivo.
Secondly, passing information across scales is a complicated task as the modelling
assumptions on both scales have to be well considered and proper parameters need to be
chosen. In the case of trabecular bone, its heterogeneous microstructure brings many
problems for in-vivo imaging, such as susceptibility effects, and the resolution penalty.
How to extract reliable anisotropy quantification of trabecular bone micro-structure is still

an open question.
10.1 Key points

This research studies bone tissue at multiple scales. At macro-scale, knee joint motion is
studied with in vivo body-weight-bearing observation of knee joint contact mechanism on
cartilage surface (Chapter 4 and 5). This allows us to have an insight on the everyday force
distribution onto the knee joint and its bony compositions, including femur and tibia.
According to Wolff’s Law [9], the everyday forces that are applied onto the whole bone
organ are thought to be related to remodelling process of the bone tissue, and consequently
influence the micro-structure of the bone. In particular the everyday force direction is along
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the direction of the trabecular bone orientation [9]. Here lies the underneath link between
the knee kinematics study in Chapter 4 and 5, and micro-scale trabecular bone network
characterisation tasks as discussed in Chapter 6-9. At the finer_level, bone density and
anisotropy information determine the mechanical property of bone, thus also provide
important insights of the bone fracture risk. Imaging aiming to extract anisotropy
information is investigated. The measurement of the everyday forces can help to predict the
trabecular bone remodelling, and thus the outcome of the available treatment; on the other
side, the trabecular bone microstructure can also help to adjust patients' every day
locomotion habit to reduce the risk of the potential fracture. Currently, such across scale
investigation on knee joint is not available clinically [4]. In particular, the author's

contributions in this multi-scale study are summarised as below:

1) A combined MR imaging strategy has been proposed, tuned and tested for in-vivo
subject-specific knee joint functional study under body-weight bearing conditions, in which
an interventional MR scanner (double donut system) is used to record the knee joint motion
and a conventional clinical MR scanner is used to acquire the high resolution anatomical
data. Such experimental configuration has the potential of characterising the applied
everyday force direction and distribution applied onto the knee joint in-vivo, which
influences the underneath trabecular bone remodelling and thus its patterns (i.e. orientation,

whose in-vivo characterisation method is discussed in Chapters 6-9).

2) A systematic workflow is designed for 2D and 3D contact analysis on the knee joint. Its
function is investigated via tibiofemoral articulation by tracking the contact point position
on the cartilage surface against knee flexion angles. In this approach, a new reference
system for knee flexion angle has been introduced in order to better describe the flexion
angle between the femur and tibia (in comparison with the most commonly used visual
determined flexion angle system). A dual-rigid registration method is equipped to map the
recorded motion to the anatomical dataset. This leads to subject-specific in-vivo functional
knee joint model, which can potentially be used to analyse the locomotion abnormality (as
demonstrated on volunteer 6) and to improve the understanding of articular cartilage

degeneration.
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3) The feasibility of in-vivo red-marrow diffusion tensor imaging on human tibia epiphysis
with a clinical scanner is demonstrated for the first time to our knowledge. The protocol is
tuned locally on a 3T GE scanner (the original protocol is for brain analysis). A series of
noise assessment has been performed in order to validate the origin of the signal (i.e.
whether the red marrow diffuses). By using the diffusion tensor analysis, in-vivo orientation
of marrow diffusion is rendered for the first time which can be used to reflect trabecular
bone orientation "trajectory” model in such a two-phase porous media system. The
reproducibility of this protocol has been evaluated for the further improvement of the

protocol.

4) A new multi-directional dephaser MR pulse sequence, named MSPENT (multi-
directional sub-pixel enhancement of nonuniform tissue'®), has been proposed and designed
to measure the sub-pixel tissue (e.g. trabecular bone) distribution inhomogeneity and
orientation. A mSPENT simulator has been designed for the protocol optimization for
imaging parameters such as the minimum required SNR, and the required number of
SPENT gradient directions. A tensor-based method is introduced to retrieve the dominant
orientation of the underlying tissue. Two indices, mean inhomogeneity and relative
anisotropy, have been derived from the SPENT tensors and have been proposed for further
tissue quantification. All the analysis have been programmed and incorporated into a home-

made software named SPENT Toolkit.

5) The mSPENT sequence has been tested experimentally®’ (ex-vivo) on a fresh chicken
femur. The mSPENT's ability of measuring tissue orientation has been qualitatively
validated on a pineapple sample. Based on the coherence of the principal direction at each
voxel, the internal fibres of the pineapple sample have been extracted using a fibre tracking
algorithm adapted from that used in DTI.

18 The sequence SPENT has been previously published and mSPENT made a significant modification for the original
sequence.
7 The author's contribution here is to help to tune and debug the sequence on the scanner.
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10.2 Future work

10.2.1 About the knee joint functional study

The proposed combined MR imaging strategy provided very rich information to understand
knee joint bending procedure. The localization of the contact points would be helpful to
identify the stress distribution on the knee joint, thus to understand better the cause of the
knee joint degeneration, especially in diseases such as OA. The in-vivo determination of the
forces applied onto the knee joint is still a quite challenging task and is limited by the
current technique. However, it has to be pointed out that the temporal resolution of the
motion recording using MRI (i.e. the dynamic acquisition) is still poor. The spatial
resolution is constrained by the magnetic field strength. In the double donut MRI system
the signal sensitive volume is quite limited. This also stops us from exploring other motions
and the other joints, such as hip joint or gaiting motion. To improve the temporal and
spatial resolution in MRI, as well as to enlarge its FoV, is one of the ultimate goals in the
whole MRI society. But some fast acquisition technique such as phase contrast cine
sequence with spiral trajectory [154] may be able to reduce the difficulties for real-time
motion recording. One reason that made us have chosen to use the open access system is
that it allows the subjects to stand thus the natural physiological condition, i.e. body-weight
bearing can be well preserved. An alternative solution to improve the spatial resolution
might be to choose the conventional clinical scanner and a loading motion to simulate the
force that body weight would apply on the knee joint.

In terms of the current subject-specific knee joint functional analysis, the contact point is
considered as a key point to study its kinematics. The hypothesis is that the knee joint
abnormality can be reflected by the differences between the trend of contacting between the
tibiofemoral articulation of the normal subjects and the abnormal subjects. Although only 6
subjects are included in this study, their contact point motion with their knee joint flexion
does show a difference among the 3 male subjects with normal knee joint and the 1 male
subject with shrunk muscles on the thigh. The female subject's right knee joint also show
some deviations from the men's knee joints. However, such variation might be caused by

multiple reasons, such as gender, or the anthropological group. In a word, large group study
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is necessary in the future to test this hypothesis more quantitatively.

10.2.2 About DTI in trabecular bone

Generally speaking, the bone marrow diffusion is indeed a very challenging task, for the
bone marrow itself is quite mixed and the trabecular bone microstructure is very
complicated. Although the red bone marrow contains relatively more water molecules, the
signal is still not as strong as in locations such as brain where there is much more watery
tissue. The attempt to look at the bone marrow diffusion anisotropy started from the knee
joint, but not other locations with more clinical interests especially for diseases such as
osteoporosis, such as hip joint or ankle joint. The consideration was mainly based on the
practical reasons: the knee coil has a better performance on the GE scanner (according to
the GE recommendation); the shape of the knee joint is much simpler than the hip joint.
The EPI distortion is always a big concern in the clinical DTI protocols. In the current
study, we mainly correct the drifting effects due to gradient system heating by aligning the
dataset with the b0 acquisition using rigid registration. Additional distortions may come
from the chemical shift from fat and the magnetic susceptibility variations (Chapter 16,
[112]). Rather than post processing based registration, some improvement can be achieved
by applying correction gradients (section 10.1, [112]) which requires the modifications of

the pulse sequence.

The advantage of acquiring diffusion tensor data is to understand the orientation of the
trabecular bone network in-vivo both globally and locally. As discussed in Chapter 2, the
trabecular bone orientation (i.e. anisotropy) plays an important role in evaluating its
mechanical properties. Previous work on bone marrow diffusion mainly focused on
providing quantitative measurements such as ADC or FA which could be used to
distinguish the bone marrow types, e.g. benign or malignant. Compared to these diffusion
parameters, the orientation measurement implied by anisotropic diffusion may lead to the
plot of the whole trabecular bone trajectory at each anatomical location. Before achieving
this, it is important to validate the trabecular bone orientation derived from the diffusion
tensors. A possible solution might be to start from the ex-vivo experiment, and then to
compare the orientation models generated from bone sample filled with bone marrow, pure
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water, and a mixture of fat and water in varying percentage. As DTI understands the
trabecular bone structure by measuring the pore organization, orientation models derived
from direct imaging facilities, such as (micro-) CT are also needed as a plausible ground
truth. Although the work looks vital, it would help us to identify the various problems that

we could face during the real acquisition.
10.2.3 About the mSPENT sequence

Without having to use EPI as the signal read-out, mMSPENT might be a good alternative for
trabecular bone network quantification as it is based on a SE sequence which produces less
geometric distortion. It manipulates the spin system by modulating the dephasing gradients
so that the detected signals are mapped to the inhomogeneity information inside a voxel. It
has to be pointed out that mSPENT is not a "super" sequence that can see as tiny structure
as people would like to. It is also regulated by the principles inside k-space. However, the
attraction may be its ability to measure both BVF and anisotropy and provide a net
trabecular bone index, through a combined model as proposed in Section 9.4.2. But for
sure, more experiments are needed in order to illustrate the principle idea of this method
and to use it as a surrogate of DEXA. One initial validation has been made by imaging the
internal structure of a pineapple sample. However, in order to further validate the protocol,
especially the orientation measurement, more quantitative validation results are needed. An
effective approach is to compare the orientation measurement between mSPENT and
micro-CT.

The noise issue is a big concern of this sequence as the dephasing signal is low compared to
the normal SE signal, thus there is a minimum SNR requirement. Preliminary research has
been performed regarding the SNR requirements through both simulation and experimental
data. The experiment is not directly on the SPENT data but on high resolution FSE data
(Section 9.3.5). Although the original aim is to assess whether the high frequency signal is
purely noise or is the actual signal from the tissue, it actually presents the requirement on
SNR for the optimal use of the sequence. The resolution requirement is another issue. As
shown in Section 8.1, at different levels inside each voxel tissue magnetization show
changing degree of inhomogeneity. It has been planned to perform a spectrum study with
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varying resolution for mSPENT to observe the behaviour of orientation measurement
experimentally. As the imaging resolution is directly linked to the physical scales, the
spectrum study will be essentially helpful to know how the information is clustered.

The current version of MSPENT pulse sequence is still 2D and ex-vivo. The next step is to
extend it to 3D sequence and apply it in-vivo. The data processing on 3D mSPENT data has
already been demonstrated. The major difficulty is how to modify the sequence as it is not

trivial to shift the k-space centre.
10.3 Potential applications

The proposed methods could potentially be grouped together to evaluate the bone
mechanical competence of the knee joint from a more patient-specific point of view: the
individual's everyday force direction and locations derived using the proposed combined
MR imaging strategy might be compared and related to the trabecular bone orientation
measured by either DTI or mSPENT and trabecular bone volume fraction, to form a net
score globally and locally to predict the fracture risk of the knee joint bone, and to provide
advice of reducing such risk by physical training to avoid further destruction in the regions

which are weaker. It also has a potential in drug and post-treatment evaluation.
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Appendix A Imaging Protocols

A.1 Combined MR Imaging protocol

Dynamic MRI Static MRI
Manufacture GE (0.5T Signa) GE (1.5T Signa)
Sequence name 2D F.SP.GR 3D FSPGR
(multi-slice)
In-plane resolution(mm?) 1.09x1.09 0.31x0.31
Slice thickness(mm) 5 0.7
Number of averaging (NEX) 1 5
Echo Time (TE, ms) 7.8 3.296
Repetition Time (TR, ms) 16.1 9.219
Pixel Bandwidth 100 244,141
Acquisition Matrix 256x128 384x256
number of slices 20 140
Acquisition Plane sagittal sagittal
Flip Angle 60 60
Image matrix size 256x 256 512x512

A.2 High resolution knee joint imaging protocol on 3T

Manufacture GE (3.0 T HDx Signa)
Sequence name 3D MERGE
In-plane resolution(mmz) 0.39x0.39
Slice thickness(mm) 1
Number of averaging (NEX) 1
Echo Time (TE, ms) 10.36
Repetition Time (TR, ms) 30
Pixel Bandwidth 100
Acquisition Matrix 320x288
number of slices 144
Acquisition Plane sagittal
Flip Angle 5
Image matrix size 512x 512
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A.3 DTI protocol of in-vivo trabecular bone

Image
b-value (l;lfumber EI_L\J/ZIBS_OB In-plane Slice Frequency volur_ne _
Volunteer (s'mm) radient measure_m resolution thickness encoding NEX TR(ms) TE (ms) Acg. Matrix | matrix size
gracie (mm? (mm) direction
directions | ent
2002 6000 76.8
- Right-Left
400 % (R-L) 6000 76.8
600 ? 6200 81.6
volunteer 1: 800° R-L 6500 85.6 256%256x23
: 0.7031 x
- 2 128 x 128
16 year-old 1000° 20 4 0.7031 3 R-L 4 7000 89
Anterior-
400 posterior 6000 76.8
(A-P)
400 R-L 6000 76.8
256x256%24
400 R-L 6000 76.8
volunteer 2: 400° 0.7031 x R-L 6000 76.8
20 year-old P 20 4 ' 3.2 4 128 x 128 256x256x%24
male 400 0.7031 A-P 6000 76.8
volunteer 3: 400 ° 0.7031 x R-L 7000 76.8
42 year-old 400 ¢ 20 4 0'7031 3.2 R-L 4 7000 76.8 128 x 128 256x256%29
female 400 ° ' R-L 7000 76.8

a Experiment 1: b-value observation, with uniformly distributed gradient directions on a unit sphere b Experiment 2: to try to achieve higher

resolution and compare with Experiment 1. © Experiment 3: with higher resolution and more importantly, the thinner slice thickness and no
p p p g

gap between slices. NEX = 16 is set in order to increase the SNR. d Experiment 4: Failed due to too much noise
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Figure 66. The dual echo-sequence plot on the 3T GE scanner.
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Appendix B the mSPENT toolkit

The SPENT toolkit is an in-house software in MATLAB developed specially for analyzing
the data acquired by the mSPENT sequence. It currently has two versions: a user-friendly
GUI version (Figure 67) and a slightly complicated script version. The current toolkit has

several functionalities as below:

1. 3D volume navigator (left column) with the contrast and intensity adjustment.

2. Tensor reconstruction (middle column): As the current sequence is to build a structural

tensor based on the inhomogeneity measured in each voxel. The SPENT tensors are
reconstructed using an ellipse model (currently mSPENT is still in 2D) as in diffusion

tensor imaging (DTI).

3. Eigen system decomposition and parametric maps (middle column): A voxel-wise eigen

decomposition is applied. The principal eigenvectors are shown (scaled to the
corresponding eigenvalue). Parametric maps including trace, relative anisotropy and
fractional anisotropy are computed like in DTI. But physically, it shows the degree of

inhomogeneity of the underlying microstructure.

4. Tractography (the right bottom pannel): Streamlines are computed and plotted based on

the coherence of principal orientations of these tensors, as tractography used in DTI.
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