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Summary 

D iffusion tensor imaging (DTI) is a fairly new MR i rnaging technique. It is used in this 
study to quantify the amount of ( anisotropic) diffusion and visualize the direction of 

diffusion of water molecules within a tissue in both the neonatal and adult brain. It is shown 
in literature that DTI is beneficia! for the diagnosis of people with stuttering problems, with 
multiple sclerosis, aleoholies and epileptics. In this study it is investigated if DTI is beneficia! 
for the diagnosis of neonates with hypoxic ischemia and adult patients with infarcts and 
tumors. For both the neonatal and adult brain single-shot EPI DTI protoeals have been 
developed to acquire a 2D and (semi) 3D dataset, from which the latter can be used for fibre 
tracking. 

Visualization techniques most useful for the diagnosis are the fractional anisotropy FA 
and the mean apparent diffusion coefficient (D ). Color cocled maps, 3D cuboids and fibre 
tracking can be beneficia! as well, but are not used at their full potential yet. 

From a volunteer study performed, it is concluded that all quantitative values measured for 
anisotropy and diffusion in the corpus callosurn (CC) and white matter (WM) are consistent 
and reproducible. 

Using numerical simulations the accuracy of the results in DTI has been investigated. 
Based on these results, FA is used in patient analysis, besides the trace and eigenvalues of 
the diffusion tensor calculated in each voxel. 

It is shown that DTI is helpful for the diagnosis of neonates with hypoxic ischemia and 
adult patients with infarcts and tumors, although the study groups are heterogenous, which 
makes it difficult to draw conclusions. Quantitative values of (D), FA and the three eigen
values Ài are most useful for the diagnosis and they show differences between lesions and 
normal tissue. In neonatal patients with hemorrhagic ischemie lesions or adult patients with 
WM lesions, differences between lesion and contra-lateral tissue are observed, but are not 
significant. 
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Chapter 1 

General introduetion 

T he Máxima Medical Center (MMC), Veldhoven, is one of the ten hospitals in the Nether
lands with a neonatal intensive care unit (NICU). This unit is specialized in treating 

critically ill newborns. About 75% of these newborns are barn prematurely, and a large 
group of these newborns suffer from hypoxic ischemie brain damage1 . The medical physics 
department at the MMC cooperates with the NICU and the radiology department. lts re
search is partially focussed on the visualization of focal hypoxic ischemie brain damage in 
neonates using ditfusion weighted magnetic resonance imaging (DWI) . DWI has proven to 
be a useful technique to detect hypoxic ischemia in neonates befare conventional magnetic 
resonance (MR) techniques show any changes in the braintissue [1]. 

Ditfusion tensor imaging (DTI) is a fairly new MR imaging technique. It is based on the 
same principals as DWI: it is used to quantify the amount of ditfusion of water molecules 
within a tissue. DTI is also an extension of the DWI technique, because using DTI one can 
additionally visualize the direction of ditfusion and quantify the anisotropy of diffusion. 

Aim of this study 

In this study it is examined if DTI can be beneficia! for diagnosis of neonates with hypoxic 
ischemia and which visualization techniques - discrete vector maps of the preferred ditfusion 
direction, anisotropy maps, color maps and 3D cuboids - are most useful for the diagnosis. 
It is also investigated whether DTI can be a useful technique for diagnosis of adult patients 
with infarcts, tumors and WM lesions. Recently its usefulness has been proven in people with 
stuttering problems, with multiple sclerosis, aleoholies and epileptics (see the artiele of Jones 
et al. [2] for references). 

Every MR experiment is subject to noise and motion artefacts. This is also the case in 
ditfusion tensor imaging. DTI is however fundamentally different from conventional MRI, 
where each voxel contains only a scalar signal intensity, because the data acquisition in DTI 
is used to construct a ditfusion tensor (3 x 3 matrix) in each voxel. From this tensor the 
eigensystem, eigenveetors and eigenvalues (which represent the principal diffusivity directions 

1Cerebral hypoxic ischemia is a Jack of oxygen due to problems with the bloodflow in the brain and causes 
brain damage, which can result in seizures and spasticity. Hypoxic ischemia occurs in about 3 per 1000 neonates 



2 Chapter 1 

and diffusivities), is calculated. The eigensystem is the basis for all visualization techniques. 
Because all data acquisitions are prone to noise and motion artefacts, which are passed on to 
all postprocessing steps (tensor construction, eigensystem calculation and visualization), it is 
examined how accurate the results in DTI are at the MMC. Using a healthy volunteer, the 
reproducibility of the results has been investigated. 

Report outline 

In chapter 2 the biophysical changes which occur in hypoxic ischemia and the responses to 
these changes will be discussed, after a brief discussion of the brain structure. The reason for 
using magnetic resonance imaging (MRI) as the visualization technique of cerebral ischemia 
will be discussed in chapter 3. The physical background of MRI and diffusion weighted 
imaging (DWI) will be discussed in chapters 4 and 5. Chapter 6 focuses on different methods 
for visualization of the information acquired from the diffusion tensor. 

Quantitative results from healthy volunteers, neonatal and adult patients will be presented 
in chapter 7. In chapter 8 a framework is presented for the understanding of noise on the 
measures derived from the diffusion tensor. The effects of and the correction methods for self
and cross-talk and eddy currents will be discussed in chapter 9. 
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Chapter 2 

Cerebral hypoxic ischemia: biophysical 
changes and responses 

A fter a brief discussion of the brain structure [1 , 3- 6], the current understanding, mostly 
gained from animal experiments, of the biophysical changes which take place in response 

to focal hypoxic ischemia, will be discussed [7- 10]. These changes eventually lead to cell 
swelling in the neonatal brain. Th ereaft er, the drop in the mean apparent diffusion coefficient 
(D) of water is discussed [11- 20]. (D) is a quantitative measure for diffusion of water in vivo 
and its decrease is a response to the biophysical changes. Several models have been suggested 
to explain the drop in (D ) - as wellas the increase in diffusion anisotropy- after the onset of 
ischemia. 



4 Chapter 2 

2.1 Structure of brain tissue 

gray matter white matter 

Figure 2.1: Coronal cross
sectional view of the brain [3]. 

In figure 2.1 a coronal cross-sectional image of the 
human brain is shown. This image shows the white 
and gray matter of the brain and the pyramidal tract, 
which is a white matter tract from the brain towards 
the brain stem. The white matter consists of neuron 
fibres and glia cells, the gray matter consists of the 
neuron cell boclies and glia cells. The glia cells are 
the supportive tissue of the brain. 

The neurons in the white matter have a diameter 
of about 1- 20 p,m [4] . Startingat the gestational age 
of about 26 weeks, WM fibres become myelinated1, 
but different brain areas myelinate at different timing 
and rate. Myelination is most active in the neonatal 
state and continues to about the age of two. The more 
myelinated fibres become, the less easy water ditfusion 
across fibres takes place. 

With conventional MRI (T1 and T2 weighted images, see chapter 4), tissue relaxation 
characteristics are studîed. This means that normal or already damaged tissue can be visu
alized. Using DWI, the tissue structure and water ditfusion in the tissue can be stuclied and 
quantified. The ADC is used as a quantification parameter in vivo: 

(2.1) 

with ADC the apparent ditfusion coefficient, D free the intrinsic ditfusion coefficient in a 
medium comparable with the in vivo medium and À the tortuosity. À is defined as the 
reduction of the ditfusion from its intrinsic value by physical harriers and interactions with 
the cellular structures over a given ditfusion time. In other words, because of harriers present 
in the tissue, ditfusion is less random and even anisotropic in different tissues, and therefore 
the characteristic tortuosity increases - thus À ~ 1. Because À is a directional dependent 
quantity, the ADC is directional dependent as well. Therefore (D) is defined as the mean 
ADC and FA is a measure for anisotropic ditfusion (for more details see chapter 5). DWI has 
proven its value in the reliable clinical diagnosis of ischemia, because the area with lowered 
(D) corresponds very well with the area that shows ischemie damage in histological slices [5] . 

The ditfusion coefficient DJree of water at 37 oe is about 3000 p,m2 Is. Normal values 
for white matter (WM) and gray matter (GM) are much lower than the intrinsic ditfusion 
coefficient [1], because harriers are present in the tissue and water binds to macromolecules, 
lipids and proteins. Note that the unit of D free and (D) is m 2 Is which represents a certain 
ditfusion surface area occupied per unit of time. 

In neonatal brain the tortuosity in any direction is lower and consequently the ADC and 
(D) are higher (about 40%), compared to the adult brain [6]. Ditfusion is therefore more 
isotropie in the neonatal brain. 

1 Myelination is partially enrichment of certain lipids 
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Cerebral hypoxic ischemia: biophysical changes and responses 

2.2 Biophysical changes in response to ischemia 

2.2.1 Causes of focal hypoxic-ischemic brain lesions in neonates 

With a few exceptions, acute focal hypoxic-ischemic brain lesions in neonates are caused by 
severe intra-uterine asphyxia2 . This is usually brought about by an acute reduction in the 
uterine or umbilical circulation3 , which in turn can be caused by i) an abruptio placenta 
(teared off placenta), ii) contracture of the uterus, iii) vena cava acelusion syndrome4 or iv) 
compression of the umbilical cord5 . In other words, the unborn child suffers from an oxygen 
and nutrients deficit resulting in brain lesions. 

2.2.2 Circulatory redistribution and cerebral perfusion 

The fetus reacts to an oxygen deficit by re
distributing the cardiac output in favor of the 
central organs, e.g. brain, heart and adrenals6 . 

The lowered 02 and raised C02 partial pres
sures in the carotids lead to vasodilatation of 
the cerebral vascular bed causing cerebral hyper
perfusion. This affects the brainstem 7 in partic
ular, while the blood flow to the white matter of 
the brain is hardly increased at all. If the oxy
gen deficit persists, the anaerobic energy reserves 
of the heart become exhausted. The cardiac out
put and the mean arterial blood pressure fall, and 
consequently the cerebral blood flow (CBF) is re
duced. 
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Figure 2.2: Cerebral blood flow 
(ml/minx 100 g) in fetal sheep near 
term before, during and after global 
cerebral ischemia [7]. 

A reduction in CBF, the arterial flow that delivers oxygen and glucose to the cells, can lead 
to serious dysfunctioning of the brain tissue. This is generally referred to as cerebral ischemia 
( or stroke). If the supply of oxygen and nutrients to the fetus can be improved, cerebral hyper
perfusion is brought about by the progressive post-asphyxial increase in cardiac output, as 
shown in figure 2.2. The initial hyper-perfusion of the brain is foliowed directly by a phase of 
hypo-perfusion. Directly after post-ischemie hypo-perfusion the CBF reeovers or overshoots 
into a second phase of hyper-perfusion. Since this hyper-perfusion is aften accompanied by an 
isoelectric EEG (see chapter 3), it is regarcled as an extremely unfavorable prognostic factor. 

A total cessation of CBF will very quickly result in the depletion of ATP, foliowed by a 
reduction in cell activity and ultimately by cell death. ATP, adenosine triphosphate, is the 
energy compound created in oxidative reactions in the human body, which is used throughout 
the human cells to energize almast all the subsequent intracellular metabolic reactions. 

2 Intra-uterine asphyxia is an oxygen supply deficit of the neonate in the uterine 
3 Dutch: uterine circulation = baarmoeder circulatie, umbilical circulation = navelstreng circulatie 
4 Dutch: vena cava occlusion syndrome = afsluiting van de holle ader van de moeder 
5 Dutch: umbilical cord = navelstreng 
6 Dutch: adrenal = bijnier 
7 Dutch: brainstem = hersenstam 
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6 Chapter 2 

2.2.3 Energy metabolism and edema development 

For normal functioning, the brain depends on an adequate oxygen supply to maintain its 
energy metabolism. Whereas, during hypoxemia, the fetus is able to maintain adequate 
levels of ATP by speeding up the rate of anaerobic glycolysis, an acute reduction of the fetal 
CBF willlead to a severe decrease of the energy metabolism in the cerebral cortex8 within a 
few minutes. 

The anaerobic glycolysis leads to the formation of lactate and an increasing acidity of the 
cells. Upon depletion of glucose, ATP depletion will rapidly follow, whereafter the cells lose 
the ability to maintain their membrane potential, sirree the Na+ jK+ -pumps stop working, 
caused by a lack of energy. The normal ion gradients maintained by the cells are lost due 
to an efflux of K+ and an influx of Na+, Cl- and Ca2+. This rearrangement of ions is 
accompanied by an influx of water into the cells causing them toswelland is called cytotoxic 
edema. lt appears in the early stages of ischemia. Cell swelling becomes gradually less with 
increasing distance from the core lesion (see subsection 2.2.6). 

In addition, loss of membrane potential leads to a massive influx of calcium. It is cur
rently thought that the excessive increase in intracellular calcium levels, the so called calcium 
overlaad, leads to cell damage by activating proteases, lipases and endonucleases9 . 

Macroscopie 'swelling', so called vasogenic edema, develops after a bout five to six hours, 
when an osmotic gradient develops between the blood campartment and the edemie tissue, 
causing a net uptake of water. lt is characterized by tissue disintegration and the breakdown 
of the blood brain harrier. Cells die and are removed. 

The cytotoxie edema can be resolved by cerebral reperfusion, because oxygen and nutri
ents levels are restored. After two hours of recovery, the cytotoxic edema is almast completely 
resolved, except in the ischemie core, whieh weakly shows vasogenie edemaas well. After five 
to six hours the cytotoxic edema reoccurs and vasogenic edema develops in the ischemie core 
and penumbra. This is called secondary edema and is associated with secondary depolariza
tion caused by permanent hypo-perfusion, release of neurotransmitters (see next section) and 
an increased lactate concentration in the extracellular space (ECS) . 

In figure 2.3 the different mechanisms during hypoxic-ischemia are shown schematically. 

ischemia-+ hypoxia-+ anaerobic-+ glucose-+ ATP ~ -+ cytotoxic-+ vasogenic 
(problems with (Jack of glycolysis depletion lactate j edema edema 
the blood flow) oxygen) ( allered ions (macroscopie 

homeostatis) "swelling") 

Figure 2.3: Mechanisms during hypoxic-ischemia. 

In cerebral tissue capable of regeneration after an ischemie insult, energy metabolism 
can be seen to reeover rapidly. However, a few hours later the energy status is diminished 
once again in the affected tissue. Simultaneously, a secondary cell edema and a phase of 
hypo-perfusion develops. These events are probably brought about or modulated by oxygen 
radieals, nitric oxide, inflammatory reactions and a secondary wave of glutamate release. 
More details about these events are given by Berger et al. [7]. However, it is still unclear 
whether secondary cell death after ischemia is necrotie or apoptotie - necrose is normal cell 
death, apoptose is a cellular suïcide programme as a part of ongoing rejuvenation of tissue. 

8 Dutch: cerebral cortex = hersenschors 
9 proteases, lipases and endonucleases are enzymes that catalyze the breakdown of proteins, fat and DNA, 

respectively 
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Cerebral hypoxic ischemia: biophysical changes and responses 

2.2.4 Excitatory neurotransmitters 

Hypoxic ischemia also has an effect on neurons and neuronal activity. It has been shown 
in animal studies that during focal cerebral ischemia an excessive amount of glutamate is 
released into the extracellular space. Glutamate is an excitatory neurotransmitter, which is 
a transmitter substance that i) activates pre- and postsynaptic receptars and ii) openscation 
channels, allowing Na+ and Ca2+ toenter the cells. It is concluded that glutamate plays an 
important role in neuronal cell death following ischemia [8]. 

Glutamate antagonists have been shown to exert astrong neuro-protective effect against 
hypoxic-ischemic brain damage in animals. 

2.2.5 Changes in metabolism and protein synthesis 

As shown in animal experiments, using volume selective localized proton magnetic resonance 
spectroscopy (MRS), metabolite levels and protein synthesis change during ischemie processes. 

• Lactate (produced in anaerobic glycolysis) levels are increased in the ischemie region, 
while choline containing compounds and total creatine levels are diminished. Lactate is 
believed to be a sensitive marker of acute ischemia [5]. 

• Protein synthesis and NAA, an amino-acid, levels are reduced bath during ischemia 
and in the early post-ischemie phase in vulnerable and non-vulnerable brain areas. At 
the end of the ischemie period, protein synthesis in non-vulnerable regions reeovers to 
pre-ischemie levels, while in vulnerable regions it remains inhibited. The absence of 
NAA may be a possible marker of irreversible neuronal damage. 

Thus the increase in lactate level and the inhibition of protein synthesis appears to be an 
early indicator of subsequent neuronal cell death. It was also found in animal studies that 
the protein synthesis reeovers much faster in the fetal brain than in the adult brain. 

2.2.6 Ischemie tissue regions 

Different types of tissue exist in the human brain. Areas with high energy demands, for 
example hippocampus, brain stem and basal ganglia, are more vulnerable to oxygen deficits. 
In areas with lower energy demands cell necrosis might be delayed. An hypothesis by Isaacs et 
al. [9] is, that hypoxic, metabolic and nutritional insultscan result in i) reduced hippocampal 
volume and ii) deficits in memory. The vulnerability of the immature brain depends on: 

• Anatomie differences 

• Physiological/metabolic variability 

• Specific cell type responses 

• Timing of the insult: 

- Before, at or after term age 

- Duration 

• Preserree of aggravating conditions, for example the preserree of a certain disease. 

7 
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8 Chapter 2 

Brain tissue affected by a reduction in CBF below a certain threshold is called ischemie 
tissue. Three regions are thought to exist: the ischemie core, the ischemie penumbra and the 
ischemie periphery. 

• The cells whieh are irreversibly damaged are referred to as the core of the ischemie 
region. These cells do not show any electrical activity and the ion potential over the 
cell membrane has collapsed 

• The ischemie penumbra is often defined as reversibly damaged brain tissue that is 
electro-physiologically silent but still able to return to normal activity upon restoration 
of CBF. If no action is taken, this tissue will undergo delayed necrosis ( after a bout five 
hours) [7] 

• The margins of the lesions, which reeover within hours and do not undergo delayed 
necrosis, are referred to as the ischemie periphery 

2.2.7 Therapeutic strategies 

Despite the critical clinical consequences of perinatal brain damage, no effective therapeutie 
strategies have yet been developed to prevent its causes. However, some promising possibilities 
have been revealed through animal experiments. 

• The neuro-protective agent 2-iminobiotin (2-IB) is now under research, which avoids 
a secondary energy failure. So far, on a short timescale of research, no toxic effect is 
known from 2-IB and the ischemie tissue returns to its normal state after 24 hours [10] 

• The induction of mild hypothermia in the neonatal brain has been shown to be one of 
the possibilities for neuro-protection from cerebral ischemia 

• Diverse possibilities present themselves for pharmacologieal intervention, now that the 
mechanisms underlying neuronal cell death is better understood. Interest is currently 
focused on oxygen radieal scavengers, nitric oxide inhibitors, glutamate and calcium 
antagonists, growth factors and anti-cytokines 

• Application of magnesium, whieh seems to have a variety of neuro-protective effects, 
i.e. vasodilatation, inhibition of the NMDA-receptor, anti-convulsive10 properties and 
blocking of the activation of the NO-synthase 

• Thrombolytic therapy, the use of drugs that dissolve blood clots, is one of the most 
important therapies in adult stroke 

Currently at the MMC, neonates do not receive any therapy, as it is not clear what the 
side-effects might be. For adults a pharmacal to induce re-perfusion exists to treat cerebral 
ischemia. 

10Dutch: convulsive = zenuwtrekking 
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Cerebral hypoxic ischemia: biophysical changes and responses 

2.3 Changes in water ADC in response to ischemia 

2.3.1 Temporal evolution of (D) and FA 

A dramatic reduction in (D) ( accompanied by cell swelling) is consistently observed in animal 
studies within minutes of an ischemie insult in brain tissue. Upon restoration of the oxygen 
level, decreased (D) values rise again. When cytotoxie edema reoccurs and vasogenie edema 
develops in the ischemie care and penumbra, a characteristic (D) decrease is observed. After 
four to six days, the decreased (D) values rise above normal values, as shown in figure 2.4. 

signal l 
intensity FA 

I 
normal _..-··········-::.:.:·· ··· .,::; ... · · 
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hyper-acut~ acute 
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: : 

6 hours 6-48 hours 

·. ~ ·. ~ 
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<D> 
sub-acute 
ph a se 

3-10 days 

chronical 
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>10 days 

time 

Figure 2.4: The different phases that can be distinguished in patients after an cerebral 
hypoxic-ischemic lesion, displayed by T2 (line), (D) ( dashed) and FA ( dotted). FA can 
follow three patterns as will be discussed in the text. Signal intensities are in arbitrary units 
and not to scale. 

The integrity of the tissue mierostructure is also modified in pathophysiologieal processes 
such as cerebral ischemia [11]. During the acute phase of cerebral ischemia, the cell mem
branes and myelin sheath are still intact, and diffusion anisotropy should nat be significantly 
affected. However, an acute increase in diffusion anisotropy is observed in bath humans and 
animal models, whieh is thought to arise from cell swelling during cytotoxic edema, causing 
an increase in tortuosity. In turn, this may be caused by increased restrietion of water move
ment perpendicular to the axonal fibres. Substantial changes occur during the sub-acute and 
chronic phases, when disruption of the cytoarchitecture leads to loss of ordered anisatrapie 
structures. FA values decrease in the subacute and chronic phases of ischemia, because the 
loss of structural integrity reduces the anisotropic diffusion character of brain tissue. In con
trast to the (D) rise above normal values in the chronic phase, FA remains significantly 
reduced in the lesion. This temporal evolution of FA is also shown in figure 2.4, but it can 
actually follow three distinct patterns: i) elevated acutely and subacutely, ii) elevated acutely 
and reduced subacutely and iii) reduced acutely and subacutely. It should be noted that 
the temporal evolution of bath (D) and FA may vary, whieh has been observed by different 
research groups . 

Combining bath (D) and FA, three phases of diffusion abnormality can be identified: i) 
reduced (D) and elevated FA, ii) reduced (D) and reduced FA and iii) elevated (D) and 
reduced FA. In the chronical phase, reduced (D) with elevated FA is generally observed. 
Clearly, more research is needed in this area, to investigate the usefulness of the relative 
differences in the temporal evolution of (D) and FA in characterizing the progression of the 
ischemie lesion. They may also relate to the severity of the ischemie insult as well as the 
potential outcome in response to the initial ischemie injury. 
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10 Chapter 2 

Two days after the onset of ischemia, vasogenic edema rapidly evolves and a different 
tissue structure can be clearly seen on T2 weighted images. These images 'highlight' the 
same regions as the DWI images, because the T1 and T2 relaxation times of water have 
changed in the ischemie region. 

The (D) decrease caused by cytotoxic edema is nonuniform in the hypoxic-ischemic brain 
lesions. In the core of the lesions, the (D) typically drops to about 40% of its normal value, 
whereas the penumbra, which is exposed to a less severe hypoxic ischemia, exhibits an inter
mediate (D) reduction. In the penumbra, the ATP values are still normal during the first 
hours of ischemia. But the pH is decreased and the lactate increased by anaerobic glycolysis. 
This also suggests that the injury may be reversible in the boundary region of early DWI 
lesions. 

2.3.2 Biophysical causes for mean ADC and anisotropy differences 

A number of theories exist to explain the reasans for the (D) drop accompanying cytotoxic 
cell swelling. 

• Due to a reduction of the ECS the tortuosity is increased in the extracellular compart
ment, leading to a decreasein (D) 

• As a result of cell swelling- an influx of fast-diffusing extracellular (EC) water to the 
intracellular (IC) space, the proportion of water in the ICS increases. This leads to an 
overall decrease in (D) if the intracellular diffusion is less rapid 

• A changed membrane permeability, causing the intrinsic diffusion coefficient to change 

• The possible role of bulk viscosity changes in the cytoplasm is unclear. Cytotoxic cell 
swelling might leadtoa decreased viscosity, which could cause the (D) to increase. This 
is however not observed 

• A relationship between (D) and temperature changes has been investigated by Simpson 
et al. [12]. However it is unlikely that an ischemia induced (D) reduction is caused by a 
temperature decrease. The temperature drops only 1-2° C in a rat model, which is not 
large enough to cause a 40% decrease in (D) . Second, the major part of the (D) drop 
occurs quickly after the onset of ischemia, when temperature effects are expected to be 
small 

• Water displacement in the ICS is not only passive, thermally driven (Brownian) dif
fusion, but partially also an active process. Cytoplasmic streaming is such a process, 
and because ATP values are lower in ischemie tissue, active water displacement will be 
lower. lt has been speculated that an (D) decrease can be related to lower cytoplasmic 
streaming [13], but it is not necessarily significant [14]. 

The theory of influx of fast-diffusing EC water to the IC space assumes that the measured 
(D) is a weighted average of both the high (D) in the ECS and a low (D) in the ICS, 
and that both (D) 's do not change in both compartments. Niendorf et al. [15] showed in 
rat brain that the diffusion signal yielded slow and fast (D) values, with the fast-diffusing 
component accounting for about 80 % of the signa!. If, as hypothesized, the EC water (D) 
is faster than the IC water (D), then these findings do not agree with the known 0.8:0.2 
IC:EC ratio. According to Mulkern et al. [16], similar results have been obtained in diffusion 
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studies of the human brain. Other work suggested that the bias, introduced by T2 relaxation 
time differences (see chapter 4) between IC and EC water, and diffusion anisotropy could 
complicate the analysis of the biexponential decay and explain some of the volume fraction 
discrepancies. It is however an unproven and probably incorrect assumption that all water 
in the IC space has a slow diffusion coefficient, because Sehy et al. have identified and 
characterized both slowand fast (D) values in the IC space of the Xenopus oocyte, which are 
quite similar to those from total water in mammalian brain [17]. 

It is important to note that biologica! tissue environments include the IC and EC spaces 
as well as the relatively smaller IC organelles, microtubules, and periplasmie spaces. The IC 
space is a crowded environment that contains many structures to restriet diffusion, and it 
is therefore not surprising that the intracellular (D) value is assumed to be lower than the 
extracellular value. 

As mentioned inthereview artiele from Sotak [11], the directional diffusivities .-\11 and À..L 

(>. 11 is the axial diffusivity parallel to the axonal fibres, À..L is the radial diffusivity perpendicular 
to the axonal fibres 11 ) respond in a different way to cerebral ischemia. The (D), a weighted 
average of both, decrease is primarily due to reductions in .-\11 and consequently, diffusion 
anisotropy changes are generally greater in ischemie WM vs. GM lesions. It was also found 
that the eigenvalues of ischemie WM and GM were all significantly different from their values 
in contralateral tissue, as well as being significantly different from each other. Therefore, 
changes in diffusion anisotropy and diffusivities may be useful in the characterization of the 
progression of the ischemie lesion and may predict the severity of the insult as wellas potential 
outcome in response to the initial ischemie injury. 

It appears that additional studies are needed to better clarify the biophysical mecha
nism(s) that lead(s) to a decrease in brain (D) in cerebral hypoxic-ischemic brain tissue. It 
is likely that the (D) change results from a combination of all mechanisms mentioned in this 
subsection, but cell swelling and increased tortuosity of the ECS seem to play a major role. 
The increase in (D) after four to six days is caused by a decrease of the tortuosity À, which 
is closely related to cell necrosis, cell swelling and vasogenic edema. 

The myelin sheath can make up to 50% of the total WM dry weight and causes the dif
ference in water content between GM and WM. It was also initially considered to be the 
main cause of the more restricted diffusion across axonal fibre tracts and the lower (D) val
ues in the adult brain, relative to the neonatal brain. However, anisatrapie behavior has 
been shown to exist befare myelination occurs, which has been called pre-myelination, with 
(D) values higher for WM than for GM. According to recent literature [6, 18- 20], neurofibrils, 
axonal transportand local susceptibility-difference-induced gradients do not contribute signif
icantly to anisatrapie diffusion, but axonal membranes and the dense axon packing dominate 
anisotropy. Myelin is not necessary for the presence of anisatrapie diffusion, although it limits 
the water permeability. It can modulate the degree of anisotropy, as can axonal microstruc
ture. These factors cause the increase in (D) and FA in WM befare changes are seen on T1 
or T 2 weighted images. It is therefore suggested to change the idea of pre-myelination into 
axonal orientation and that water diffusion anisotropy of white matter likely reflects (myelin 
and) axonal integrity. 

In a study performed by Song et al. [20], shiverer (gene manipulated) and control mice 
were examined using in vivo DTI to establish a correlation between the demyelination and the 
directional diffusivities .-\11 and À..L. It has been demonstrated that demyelination of shiverer 

11 Actually, >. 11 equals eigenvalue >.1 and >.1. equals (>.2 + >.3)/2, which will be introduced in chapter 5 
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mouse brain white matter results in significant elevation of À_1_ while it has no impact on )..I\, 
but it is also clear that water ditfusion anisotropy in WM tracts is nat a function solely of 
myelin integrity. It is interesting to note that the absence of myelin results in increased À_1_ 

of only 20% relative to controls. 
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Chapter 3 

Detection of hypoxic-ischemie lesions in the 
neonatal brain 

F or the study and visualization of brain function different (functional) imaging rnadalities 
exist. Computerized Tomography (CT), MRI and ultrasound (US) are techniques which 

are most aften used. Other rnadalities which can be used are single photon emission computed 
tomography (SPECT), positron emission tomography (PET), electroencephalography (EEG) 
and magnetoencephalography (MEG). The imaging methad used in the MMC to visualize 
ischemie brain damage in the neonatal brain must meet certain requirements: i) available 
at the MMC, ii) non-invasive imaging, iii) show actual irreversible and if possible reversible 
ischemie brain damage or any tissue at risk, iv) show the si ze and location of this tissue 
at v) an acceptable spatial resolution of about 2x2 mm and vi) give good inter-observer 
agreements. Additional considerations are the possibility to a) avoid radiation, b) avoid 
seclation (sometimes needed to minimize motion artefacts) or c) perfarm imaging without the 
need to transport the patient, d) the field of view (FOV) and e) the casts of the imaging 
procedure. In this chapter the mechanisms of the imaging techniques mentioned are briefly 
outlined, tagether with an assessment of their strengths and weaknesses [21- 28]. 

During the last few years, there has been accuruulating evidence of the superiority of navel 
MR sequences toother imaging rnadalities [28]. Moreover, diffusion weighted MRI appears to 
be a proruising technique for accurate diagnosis and may provide all necessary and relevant 
information. Diffusion weighted MRI is available at the MMC, has a non-invasive character, 
without using ionizing radiation. It can differentiate ischemie tissue from normal tissue in 
the brain at an acceptable resolution, and gives good inter-observer agreements. It therefore 
is the imaging technique which is used to visualize ischemie brain damage in the MMC. 
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3.1 SPECT and PET 

Bath single photon emission computed tomography (SPECT) and positron emission tomog
raphy (PET) involve the use of radioactive nuclides. The strength of bath methods is the 
fact that they can be used in tracer studies where a radiopharmaceutical is selectively ab
sorbed in a specific region of the brain, thus allowing an evaluation of the cerebral physiology. 
The radiotracer used in SPECT emits ')'-rays whereas PET uses positron emitters. For bath 
methods the field of view is not limited, but patient transport is required. 

organ with 
radioactiva emissions 

]--- collimator 

~ detector crystal 

Hphotomultiplier 
_ tube array 

=>------f position logistic 
I_ circuits 

Figure 3.1: Schematic representation of a 
gamma camera. 

In SPECT imaging a gamma camera sen
sitive to ')'-rays is rotated around the head 
to obtain a 2D image of the distribution of 
the radiotracer (by employing filtered back 
projection). A schematic representation of a 
gamma camera is shown in figure 3.1. The 
radiotracers used in SPECT have relatively 
long half lives - a few hours to a few days 
- making them easy to produce. However, 
besides being an invasive imaging methad 
due to the injection of radio-isotopes, it lacks 
good spatial resolution. Safety aspects con
cerning the administration of radio-isotapes 
to the subject should be taken into ac
count, especially forserial studies. Therefore 
SPECT imaging is mainly used clinically for 

measuring the regional cerebral blood flow and cerebral cell physiology. 
The radionuclides used for PET imaging are positron emitters- such as 150 and 18F. When 

emitted, these positrons travel a short distance befare colliding with an electron. The two 
particles (positron and electron) then annihilate and create two photons, each with energy 
511 keV. In order to conserve momentum, the two photons are emitted at 180° to each 
other. These photons are detected in a ring of detectors around the he ad. Detectors opposite 
to each other are linked so as to register only coincident photons, thus defining a set of 
coinciding lines. Reconstruction of these lines (by employing filtered back projection) gives 
the position of annihilation (of positron and electron) and not of the position of positron 
emission. Therefore the spatial resolution in a PET scanner- 2 to 3 mm at best - is limited 
by the distance travelled by the positron through the tissue befare it meets an electron. But 
the spatial resolution in PET imaging is still better than the resolution in SPECT, and PET 
also has greater sensitivity. However, PET is also an invasive technique and a very expensive 
imaging modality. It is still in the research phase and not yet suitable for clinical practice. 

The positron emitters used in PET have short half lives- 2 to 100 minutes- which means 
that the isotapes must be made at the site of the scanner, using a cyclotron. On the other 
hand, this short half life means that dynamic studies of brain function can be carried out 
using the technique. PET also has neurotransmitter mapping abilities. 

The main drawback for the use of bath SPECT and PET for visualization of ischemia 
in neonates is their use of radio-isotapes and invasive character. It is not known if they can 
differentiate ischemie tissue from normal brain tissue and if they reach good inter-observer 
agreements. It is likely that seclation is needed for the imaging procedure in neonates. Because 
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both methods lack a good spatial resolution they are not very reliable for the estimation of 
the size and location of lesions. And besides, PET is not available in the MMC. 

3.2 EEG and MEG 

Electroencephalography Recording System 

Scalp electredes 

Figure 3.2: Schematic representation of 
EEG. 

Electroencephalography (EEG) and 
magnetoencephalography (MEG) map 
the electrical and magnetic brain activ-
ity, respectively. 
methods. 

Both are non-invasive 

The EEG is recorded using electrades at
tached to the scalp to monitor one or more 
active sites relative to a reference electrode 
placed on an area of low response activity -
such as the earlobe. A schematic represen
tation of EEG is shown in figure 3.2. As the 
signals are in the order of 50 m V, care must 
betaken to reduce interference from external 
sources, eye movement and muscle activity. 

The major limitation of studying brain function using EEG is that the signals measured are 
recorded on the scalp, which may not represent the activity in the underlying cortex and are 
difficult to reproduce. Therefore the exact signallocation is unclear, which makes it difficult 
to establish a diagnosis in ischemia. However, sirree the technique is very cheap and non
invasive, it has many uses and can be involved in studies where the scanning techniques could 
not, such as continuous monitoring during sleep. 

The basis of MEG is detection of the magnetic signals from the firing of the neurons - in 
the order of 10- 13 T for one million synchronously active synapses, schematically shown in 
figure 3.3. The magnetic signals do not need to be conducted to the scalp , so measuring them 
gives much better signal location than the EEG. They are picked up using superconducting 
quanturn interference devices (SQUID's) in a magnetometer- current magnetometers contain 
about 120 SQUID's. 

Interference from external sourees is a major 
problem with MEG, but MEG has the advantage 
over EEG that signal location is possible. The 
advantage over PET and MRI is the excellent 
temporal resolution of neuronal events. However, 
MEG is a new and costly method, and its ability 
to accurately detect events in deeper brain struc
tures is limited. 

The main drawback for the use of EEG and 
MEG for visualization of ischemia is their dis
ability to accurately image and quantify damaged 
brain structure, especially in deeper brain struc

intracellular 
current 

Figure 3.3: Schematic representa
tion of MEG. 

ture. It is therefore not known if they reach good inter-observer agreements and if seclation 
is needed for the imaging procedure in neonates. Besides, MEG is not available in the MMC. 
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(a) (b) (c) 

Figure 3.4: An (a) ultrasound, (b) CT and (c) MR image of the same neonatal brain. 

3.3 Ultrasound 

Ultrasonography (US) is an imaging method, which is physically based on the response of a 
tissue to ultrasound waves. The US system exists of a transmitter and receiver of ultrasound 
waves (frequency domain 2 to 10 MHz). The time difference between transmission and recep
tion is a direct measure for the distance travelled in tissue. Caused by a difference in acoustic 
impedance, reflection of US waves occurs at the edges of different tissues. Other effects are 
scattering and absorption, influencing the image quality. 

With this equipment it is possible to scan in detail the (peri)ventricular areas, where most 
hemorrhagic andischemie lesions occur in the newborn, as shown in figure 3.4 (a) . The most 
important advantages of neonatal US are that it is a cheap and non-invasive imaging method 
and can be performed at the bedside without the need for sedation, while hardly disturbing 
the newborn and can be repeated whenever indicated. Repeated US examinations of the 
neonatal brain make it possible to detect cerebral damage in the newborn in an early stage 
and to correlate neonatal findings with later outcome [28]. 

Ultrasonography also has its restrictions. Precise location and extent of ischemie lesions 
is not always possible, results are observer dependent and have a limited field of fiew (FOV). 
Cerebral US examination is only useful during the neonatal period and early infancy, until 
ciosure of the fontanel. Finally, maturational changes, such as the development of the eere
bral surface, can not be foliowed in detail. More subtie processes of maturation, such as 
myelination, can not be visualized by US. 

Ultrasound imaging is used at the NICU in the MMC for visualization of cerebral damage. 
However, for precise location and extent of ischemie lesions, MR imaging is necessary. 

3.4 CT 

Computed tomography (CT), originally CAT for comput(eriz)ed axial tomography, uses spe
cial X-ray equipment to obtain many attenuation measurements from different angles. Based 
on all these measurements the actual attenuation at each point of the scanned slice can be 
reconstructed to show a cross-section of body tissues and organs. CT scanning provides more 
detailed information on head injuries, brain tumors, and other brain diseases than do regular 
radiographs (plain films). It can also show bone, soft tissues, and blood vessels in the same 
images, although contrast within the soft tissues is much less than the contrast achieved with 
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MRI. CT of the head and brain is an exam that unfortunately involves a reasonable amount 
of radiation exposure (2 mSv) [27], compared to plane radiographs. An example of an CT 
image of the neonatal brain is shown in figure 3.4 (b). 

Before the wide-spread use of high frequency transducers in neonatal cerebral US and the 
introduetion of cerebral MRI into neonatal medicine, CT scanning was the method of choice 
to evaluate precise location, size and extent of cerebral lesions that had been observed by 
US, and to detect lesions that were beyond the scope of US. CT of the head is now widely 
available, has a large field of view, is performed in a relatively short time and at a reasonable 
cost - especially when compared to MR imaging. CT has a high sensitivity for blood, and 
can therefore be used to distinguish an ischemie insult from a hemorrhagic one. However, 
the use of CT scan in premature infants is limited. This has several practical and technica! 
reasons, including the logistic difficulties, the use of ionizing radiation and sedation. Small 
lesions without blood are hard to detect. 

The very high water content of the neonatal and specially the preterm brain makes it 
difficult to assess ischemie damage. In addition, the practical advantages of cerebral US and 
the excellent imaging quality of neonatal cerebral MRI have led to a further limitation of 
the use of CT in newborns. Both US and MRI are superior to CT in the detection and 
visualization of cerebral ischemie lesions [28]. 

3.5 MRI 

Since the introduetion of magnetic resonance imaging (MRI) into radiology departments, it 
has been applied for the imaging of many organs and tissues, including the neonatal brain, 
an example of which is shown in figure 3.4 ( c). Whereas the MRI scanner in the MMC is in 
use since 1995, the first academie scanners are available since the mid eighties. Because MRI 
will be discussed in more detail in chapters 4 and 5, little will be said in this section about 
the physical basics of this technique. 

A new MRI technique, diffusion weighted imaging (DWI), makes it possible to visualize 
water diffusion in different tissues and detect tissue at risk, before conventional MRI shows 
any abnormalities. Tissues in distress often show a decrease in water diffusion while the tissue 
structure is still intact. Study and quantitative assessment of changes in the ADC are useful 
to objectively assess the extent of tissue damage. 

Brain matmation is characterized in the chapter 2. Lossof water, increase in myelin con
tent and axonal microstructure contribute to changes in signal intensity on MRI. Improve
ments in methodologies, e.g. diffusion tensor imaging (DTI), offer the prospect for magnet ie 
resonance 'tractography', an assessment of anatomical connectivities between neocortical ar
eas via white matter axons. As a consequence, processes of brain maturation can be closely 
and accurately stuclied and visualized by DTI. Both DWI and DTI will be discussed in more 
detail in chapter 5. 

The main advantages of MRI are: 

• differentiation between ischemie and normal brain tissue 

• non-invasive imaging, because it does not require radio-isotopes as a contrast agent (like 
PET and SPECT), nor does it use ionizing radiation (PET, SPECT and CT) 

• it gives good inter-observer agreements 
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The most important limitations of MRI in premature neonates are: 

• transport is required for the infant to the MR unit 

• in most cases seclation is needed to prevent movement artefacts 

and in general it is a costly imaging method. Both limitations can be undesirable in small, 
unstable premature infants. Therefore US is always the first imaging method used at the 
MMC. However, for the precise detection and localization of ischemie lesions in neonates, 
diffusion weighted MRI is often the only option. 

MRS can be used to monitor and globally locate the change in amount of metabolites 
(intra-, extracellular or both) and the relaxation of those metabolites, but this technique is 
not was wide-spread in clinical practice as MRI. 

3.6 Comparison of the brain imaging rnadalities 

The brain imaging techniques that have been presented in this chapter all have several advau
tages and disadvantages for detection and visualization of ischemie brain damage in neonates. 
A summary of the strengths and weaknesses of the techniques is presented in table 3.1. DiE
fusion weighted MRI is available at the MMC, has a non-invasive character, without using 
ionizing radiation, can differentiate the exact size and location of ischemie tissue from normal 
tissue in the brain at an acceptable resolution, and gives good inter-observer agreements. It 
therefore is the imaging technique which is used to visualize ischemie brain damage in the 
MMC. 

Table 3.1: Comparison of brain imaging rnadalities for detection and visualization of ischemie 
brain damage in the MMC (+ = yes/acceptable,- = no/not acceptable, ~=moderate,? 
unknown). 

Requirements Advantages 

SPE CT PET EEG MEG US CT MRI 

available + + + + + 
non-invasive + + + + + 
show ischemie tissue ? ? ~ ~ + 
size and location ? ? ~ + + 
spatial resolution + + + + 
inter-observer agreements for ischemia ? ? ? ? ? + 
no radiation + + + + 
no seclation ? ? ? ? + 
no transportation ? ? + 
FOV + + + + 
low costs + + 
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Basics of MRI 

T he concept of MRI is basedon the interaction of the nuclear spin of protons eH nucleus) 
with a magnetic field. The nuclear magnetic moment, also called spin moment, is a 

quanturn mechanical property of an atomie nucleus. A quanturn mechanical description is 
however not necessarily needed, for the applications described in this thesis. Instead, the 
standard classical model is used, which is treated in different text books [29, 30]. 

In this chapter the physical background of MRI will be discussed. First, the behavior 
of a single nuclear spin and an ensemble of proton spin moments will be treated. How this 
behavior can be used to create images will be discussed in the second and third section. In 
the fourth section of this chapter, the system components of an MRI scanner, necessary for 
the application of different magnetic fields and image formation, will be explained briefly. 
The last section will discuss the image artefacts caused by the MR sequence used [31]. 
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4.1 Precession and relaxation 

When an atomie nucleus is placed in a static magnetic field, see figure 4.1 (a), the nuclear 
spin I will start to precess around this field. The magnetic moment !:!:. of the nucleus is related 
to the nuclear spin: 

f:!:.=rni 

with 1 the gyromagnetic ratio. For protons 1 = 42.58 MHz/T. The frequency WL of this 
precession is called the Larmor frequency 

(4.1) 

with Eo the magnitude of the static magnetic field, which is parallel to the laboratory z-axis. 
The nuclear spin of protons is 1/2, and the rotation axis of the magnet ie moment p, 

will therefore align parallel or anti-parallel to the direction of the applied magnetic field." 
Consiclering a group of spins, the probability of occurrence of either orientation is nearly 
identical. However, there is a slight majority favoring the parallel orientation. This ensemble 
of nuclei creates a net initial equilibrium magnetization Mo oriented parallel to the applied 
field (z-axis), because all spins will precess with the Larmor frequency but with a difference 
in phase. 

So far a static coordinate frame, the laboratory frame, has been considered. For explana
tory reasons, a rotating coordinate frame is considered, see figure 4.1 (b) . In both frames the 
z-axes are equal. In the rotating frame, the x'- and y'-axes rotate with the Larmor frequency 
with respect to the stationary x- and y-axes. In this rotating frame, the individual spins do 
not precess, but the net magnetization Mo is still parallel to Eo. 

In an MR experiment, a second magnetic field E1 is applied, perpendicular to the main 
magnetic field Eo. This E1 field rotates around the z-axis in the static laboratory (x-y-z) 
frame with the Larmor frequency and it is static in the rotating x'-y'-z frame. As a result, 
the net magnetization M will precess around E1, schematically shown in figure 4.1 (c). The 
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Figure 4 .1: (a) Larmor precession of a nuclear magnetic moment in a magnetic field B 0 in the 
laboratory x-y-z frame. (b) Total magnetization vector M 0 of a system of spins in a rotating 
x'-y'-z frame. (c) Rotation of the magnetization M 0 within the rotating frame by an angle a, 
induced by an RF pulse parallel to the x'-axis. 
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B1 field is only applied for a short period of time T, and is called the radio frequency (RF) 
pulse. It induces an angle of rotation a of the magnetization vector. The flip angle is given 
by: 

(4.2) 

In an equilibrium situation (no RF pulse applied) the magnetization vector is parallel to 
Bo (has only a longitudinal component) and the transverse component Mr (in the x-y plane) 
is zero. After the RF pulse is applied, the net magnetization vector has a non-zero transverse 
component, which is a non-equilibrium situation. The magnetization will relax back to the 
initial equilibrium situation (with Mo parallel to the z-axis) by two processes: 

• The spin-spin relaxation, with charaderistic time T2, causes the transverse magnetiza
tion Mr to relax back to zero. The interactions between individual spins create random 
local magnetic field variations which, in turn, cause fiuctuations in the precession fre
quency. As a result, a gradual and random de-phasing of the individual spins occurs. 
The magnitude of the transverse component decays in a simple exponential manner: 

Mr(t) = Mr(O) · exp( -t/T2) = Mo · exp( -t/T2) · sina (4.3) 

• The spin-lattice relaxation, with charaderistic time T1 , causes the longitudinal compo
nent Mz to relax back to its equilibrium value Mo. This results in a slightly different 
equation: 

Mz(t) = Mo · [ 1- exp( -t/Tl) J · cosa (4.4) 

Different tissues in the human body have different T1 and T2 values. In general, T2 is smaller 
than T1 and contrast in MR images depends on the differences in relaxation times between 
tissues. 

Because the main magnetic field can never be made perfectly homogeneous, and the 
RF pulse has a frequency bandwidth 1/T, not all spins will be manipulated at the correct 
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~-+-r~~~-+~7-T,~~~7S~~~ 

/ 

Figure 4.2: Free induction decay induced in a receiver coil by the precessing transverse mag
netization. The decay of the envelop is characterized by e-t/Ti 
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resonance frequency. This gives rise to an extra de-phasing mechanism beside the spin
spin relaxation. This extra mechanism is called inhomogeneous broadening. Therefore, the 
relaxation time T2 has to be replaced by a relaxation time T2 according to 

_!_ = I_+ :!_b.B 
T2 T2 21r 

(4.5) 

where b.B quantifies the small magnetic field inhomogeneities. 
The precessing magnetization induces a voltage in the receiver coil, because the transverse 

component is non-zero after the RF pulse. This voltage is very small, but can be measured 
after amplification and filtering, and looks like the signal shown in figure 4.2. The signal 
measured is called the free induction decay (FID), and the decay of the envelop of the FID is 
characterized by T2. 

To avoid the fast signal decay caused by T2, the Spin Echo (SE) sequence is an often used 
imaging sequence. Immediately after the 90° RF pulse, the individual spins will de-phase. 
After a time T = TE /2 ( with TE the echo time) the spins are partially de-phased, and the 
net magnetization in the transverse plane has decayed with characteristic time T2. Then 
a second RF pulse, a 180° pulse, is applied to invert the spins in the transverse plane. As 
a consequence every spin rotates in the reverse direction. The fast (1 and 5 in figure 4.3) 
and slow (2 and 4 in figure 4.3) rotating spins will have the same phase again after a time 
2r =TE. This is called the spin echo, because maximal signal intensity occurs at TE. The 
signal intensity of the spin echo has decayed with characteristic time T2, compared to the 
signal intensity immediately after the 90° pulse. 

If the echo time TE is as short as possible and the repetition time T R is on the order 
of the T 1 values, the measured signal is referred to as T1-weighted. T2-weighted images have 
TE on the order of the T2 values and T R as long as possible. 

z z 

M0 \o 

y 

x' 

z z 

180° 

x' (c) x' (d) 

Figure 4.3: Spin echo in the rotating x'-y'-z frame: (a) the 90° pulse rotates the total mag
netization into the transverse x'-y' plane, (b) due to the main magnetic field inhomogeneities 
the individual spins (numbered 1 to 5) will de-phase, (c) at t = T = TE/2 the 180° pulseis 
applied, (d) re-phasing of the spins, maximal signal intensity will occur at t = 2r =TE 
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4.2 Spatial encoding 

As described in the previous section, all spins in a body are manipulated similarly and inde
pendent of their position. However, to make an image, the signal intensity must be measured 
as a function of position. In this section it is described how to select a slice of arbitrary thick
ness in a body and how to determine the signal intensity within a slice as a function of position. 
A more extensive description of spatialencoding is discussed by Vlaardingerbroek [30]. 

4.2.1 Slice selection 

As mentioned before, the laboratory z-axis is parallel to the main magnetic field Bo. If a body 
is placed in this magnetic field, all spins will precess with the exact same Larmor frequency 
WL, see equation 4.1. By superimposing a linear magnetic field gradient Gz = dBz/dz on top 
of Bo, the precession frequency varies along the z-axis. If this gradient is applied during an 
RF pulse, the spins with the Larmor frequency within the frequency range of the RF pulse 
will be manipulated by the RF pulse. Since the RF pulse contains a range of frequencies, 
a finite slice thickness is accomplished. The exact thickness can be altered by changing the 
gradient or frequency spectrum of the RF pulse. 

At the MMC different slice thicknesses are used for different patient exams. Mostly, 
the slice thickness is in the order of 4 - 5 mm, accomplished by a linear field gradient of 
10-20 mT /m (thus, the RF bandwidth is about 2.5 khz). Note that the signal intensity is 
proportional to the slice thickness. 

4.2.2 Frequency encoding 

After slice selection, all spins in the selected slice are rotating in the transverse plane with 
the same Larmor frequency and same phase. Although the slice has a non-zero thickness, it 
will be considered two-dimensional. During signal acquisition, which takes place around the 
echo time TE, a linear magnetic field gradient Gx = dBz/dx is applied in the x-direction. As 
a result, the Larmor frequency of the individual spins will vary along the x-axis. The received 
signal will therefore contain a certain bandwidth of frequencies. Using Fourier analysis, the 
original signal position and intensity along the x-axis can be obtained from the measured 
signal. 

The strength of the magnetic field gradient for frequency encoding at the MMC is 10-
20 mT jm. Often, the frequency encoding gradient is referred to as reacl-out gradient. 

4.2.3 Phase encoding 

Immediately after the RF pulse, all spins are rotating in the transverse plane with the same 
phase. By applying a linear magnetic field gradient Gy = dBz/dy in the y-direction for a 
short period of time, the spins will rotate with different frequencies for just a short period of 
time. Thus, the phase of the individual spins has changed after the applied phase encoding 
gradient, and depends linearly on the position along the y-axis. 

Measuring a phase difference between two points requires two measurements of a slice 
with a different phase encoding gradient per measurement. If a resolution of N points is 
required in the y-direction, N phase encoding steps are needed (which can be accomplished 
by variation of the gradient strength (10-20 mT /m) or the time during which the gradient in 
the y-direction is non-zero). 
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180° 

90° 

I echo 

RF I 1\ • t 

slice rt\ m • t 
selection : [______] 

ph a se . t 
encoding 

tacq i 

read out 

t=O t=TE/2 t=TE 

Figure 4.4: Time diagramfora Spin Echo sequence, which shows the RF pulses and switch
ing of the slice selection, phase encoding and reacl-out gradients as a function of time. tacq 

represents the acquisition time. 

4.3 Time diagram and k-space 

In the previous sections, spin echo and spatial encoding have been discussed in detail. They 
are the basics for every sequence used for imaging. It is however more convenient to use a 
time diagram. For a Spin Echo (SE) sequence, the time diagram is shown in figure 4.4. Not 
discussed previously is the negative slice selection lobe immediately after the first RF pulse. 
As aresult of Gz , the spins rotated at different frequencies during slice selection, and therefore 
acquired different phases in the transverse plane. By applying a negative slice selection lobe 
after the RF pulse, all spins are re-phased within the slice for maximum signal intensity. 

As can be seen in figure 4.4, the phase encoding gradient has different strengths. The 
number of phase encoding steps is determined by final image resolution, as discussed in 
subsection 4.2.3. The reason for switching on the read-out gradient during phase encoding 
will be explained next, using k-space. 

MRI has been treated so far in the time domain. As mentioned in the previous section, 
the information about the spin position is obtained from the frequency domain, and k-space 
is defined for the phase and frequency encoding steps. The x and y position are transformed 
to kx and ky through: 

z = x,y (4.6) 

The measurements must be performed in such a way, that the complete k-space is filled to 
reconstruct the image. 

The trajectory of the SE sequence through k-space is shown in figure 4.5. The trajectory 
through k-space starts in the origin. As can beseen in figure 4.4, both Gx and Gy are present 
between t = 0 and t = TE /2, resulting in a linear increase of both kx and ky. Point A is now 
reached in k-space. The 180° pulse inverts the sign of the phase, so both kx and ky change 
sign from point A toB. After the 180° pulse only the read-out gradient is switched on, as can 
be seen in figure 4.4. As time evolves, ky is constant and kx increase linearly from point B 
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(O,ky,max) 
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Figure 4.5: Trajeetory of the SE sequence in k-space. One spin echo is acquired in the 
trajectory i) 0 - A - B - C and ii) 0 - D - E - F. The origin corresponds to t = 0. 

to C. Between B and C the data is sampled during the acquisition time tacq· After reaching 
point C, the spin system relaxes back to equilibrium, after which the process is repeated. By 
applying a different phase encoding gradient Gy, point D instead of A is reached, resulting 
in a different line (E - F) in k-space where the data is acquired. This is repeated until the 
wholek-space is filled. The number of lines (N) acquired defines the resolution (R): 

R = FOV (4.7) 
N 

with FOV the field of view. The sampling time t 5 is determined by the FOV and the read-out 
gradient Gx: 

27f 

BW 
(4.8) 

where the sampling frequency is twice the maximal signal frequency and BW is the bandwidth 
in the read-out direction ( the sampling time is fixed at the MMC). The ratio of the acquisition 
time tacq to t 5 , i.e. the number of sampling points N, equals the resolution. The signal to 
noise ratio SNR per voxel depends on several of these parameters, and is given by: 

SNR"' dV · /Nx. Ny. NSA = FOV · FQV, · ~ I NSA V BW x Y zy Nx · Ny ·BW 
(4.9) 

with dV the voxel size, FOVx,y the field of view in the x- or y-direction, ~z the slice thickness, 
N SA the number of signal averages, Nx the number of read-out steps and Ny the number of 
phase encoding steps. 

Remember that the information acquired from k-space only contains the frequency and 
phase information and not yet the spatial image information. Using Fourier analysis, the 
original signal position and intensity can be obtained from the measured signals in k-space. 

4.3.1 Fast imaging using EPI 

In order to decrease the scan time, other sequences exist, which fill k-space in a different way. 
One of the most common brain imaging sequences for diffusion is echo planar imaging (EPI). 
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Figure 4.6: Time diagram for an EPI sequence. 

The time diagram of the EPI sequence is shown in figure 4.6. The difference between the 
SE sequence (figure 4.5) and the EPI sequence is the way the phase encoding and reacl-out 
gradients are switched. At the MMC the Gx and Gy gradients are not switched on between 
the two flip pulses, and are switched subsequently after the 180° pulse. This results in a 
different trajectory through k-space, as is shown in figure 4. 7. The first phase encoding and 
reacl-out gradient lead to point A. Between point A and B a reacl-out gradient is applied and 
data is acquired. Using a phase encoding gradient, point C is reached. The next reacl-out 
gradient has a negative sign, and data is aquired between point C and D. This can be repeated 
until the signal to noise ratio becomes too low. 

Two different EPI sequences can be applied in MRI: i) Single shot EPI, where all N lines 
are acquired in k-space after a single 180° pulse and a single echo is used and ii) Multi shot 
EPI, where all N lines are acquired after multiple 90° pulses. 

~~'~·=========~===========~~ îer-'~'.,,-,-. ----~----------~F 

~-~ 
0 

----+kx 

Figure 4. 7: Trajeetory of the EPI sequence in k-space. Startingin the origin, the first phase 
encoding and read-out gradient lead to point A. Acquisition of the data is performed along 
the trajectories A- B, C - D, · · · 
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4.4 MRI scanner 

Figure 4.8: A photograph of the MRI scanner in the MMC. I is the table to support the 
patient, II is the magnets bore, III is the head coil used for brain imaging and IV indicates 
the gradient coils. 

In the previous sections the basic principles of magnetic resonance imaging have been 
treated. In this section the main MR system components will discussed. A photograph of the 
MRI scanner in the MMC is shown in tigure 4.8. An MRI study applies a static magnetic field 
Bo and magnetic field gradients Gi to eneode spatial information and RF pulses to generate 
a signal. An RF receiver system then detects the magnetic flux and transports this signal to 
a computer system for digital processing and image display. These goals are accomplished by 
the following components: 

• A magnet - at the MMC a 1.0 T magnet - for generating the main magnetic field B 0 . 

This magnet is never turned off, because it is a superconductor 

• Gradient coils which provide the slice selection, phase encoding and read-out gradients 

• RF coil for production of the RF pulses. The re-emitted RF signal is measured by a 
coil which is placed close to the region of interest of the human body 

• A table to support the patient 

• An RF shield to avoid disturbing RF fields to enter the MR room 

• A computer controls the gradient coils and RF coil, using the gradient pulse program, 
gradient amplifier, RF source, pulse program, digitizer, RF detector and RF amplifier 

• A computer screen on which the images are displayed 
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4.5 EPI artefacts 

In the EPI sequence (single or multi shot) more than one line is acquired in k-space after 
excitation of the magnetization vector, which makes EPI a faster imaging methad than SE. 
As T2 relaxation continues the signal to noise ratio (SNR) becomes lower, which in turn is a 
disadvantage of EPI. 

All magnetic resonance pulse sequences suffer from some small amount of spatial distor
tion, because i) gradient coils are unable togeneratea linear field gradient, ii) inhomogeneities 
in the static magnetic field are present and iii) susceptibility interfaces are present in the hu
man body. Single shot EPI however, suffers from more severe distortions that degrade the 
quality of the resulting images, which will be explained below [30, 31]. As an example, the 
difference between single and multi shot EPI is shown in figure 4.9. 

Single shot EPI suffers from a very low bandwidth in the phase encoding direction, because 
the gradient strength has to be small to accomplish the very small steps in the ky-direction. 
Additionally, the field homogeneity may vary rapidly over a short distance, in particular close 
to susceptibility interfaces (tissue - air or tissue - bone). Therefore the distortions in single 
shot EPI can be severe. 

In the reacl-out direction large gradients are applied to traverse the k-space in the kx
direction rapidly. In this case, instrumental and fundamental errors become more obvious 
than in the case of conventional sequences. With fundamental 'errors' we mean that Maxwell's 
equation does not allow pure gradients \7 x B = 0. This means that the higher the gradient, 
the more the assumption that a gradient field has only one component - the z-component in 
MRI - is wrong. With instrumental errors we mean that it is very difficult to build the perfect 
gradient coil - high gradient strength, fast switching and low nonlinearity simultaneously. 
Both types of errors have the consequence that at time t we do not know exactly at which 
point in k-space we are. 

In summary, single shot EPI is a fast imaging method, but is suffers from a lower SNR 
and image distartion compared to conventional imaging sequences such as spin echo. 

(a) (b) 

Figure 4.9: Two MR images showing approximately the same slice. (a) is imaged using 
single shot EPI, showing geometrie distortion. (b) is imaged using mul ti shot EPI. The arrows 
indicate the regions with clear differences between both images. 
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Diffusion tensor imaging 

U p till now, the individual proton spins were considered to be on a fixed position in 
space. Of course, water molecules in a human body can flow or diffuse. With a new 

technique, called ditfusion weighted imaging (DWI), the average ditfusion of water molecules 
within a tissue can be visualized and quantified. Using ditfusion tensor imaging (DTI) one 
can visualize the preferred direction of diffusion. It should be noted that the data acquisition 
in DTI is fundamentally different from conventional MRI, because a ditfusion tensor (3 x 3 
matrix) is constructed in each voxel, instead of a scalar quantity. From this tensor the 
eigensystem, eigenveetors and eigenvalues (which represent the principal diffusivity directions 
and diffusivities), is calculated. 

In this chapter our attention will be focussed on the effect of diffusing water molecules 
on the MR spin-echo signal. First the mathematica! basis of molecular self-diffusion will be 
discussed [32- 34]. Thereafter it will be explained how measurements can be ditfusion weighted 
using pulsed field gradients (PFG 's) and how ditfusion can be quantified [30, 35- 39]. Finally, 
it will be explained how the acquired data can provide information about the direction and 
restrietion of the ditfusion [40- 53]. 
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5.1 Mathematica! description of ditfusion 

Diffusion phenomena are the consequence of a microscopie random motion, known as Brow
nian motion. Over time, its path can be described as a random walk. When there is no 
gradient in the concentration of a diffusing fluid, diffusion can only bedescribed statistically. 

Consicier a container with randomly rnaving molecules. Same molecules are labelled. Due 
to diffusion, the labelled molecules spread out in the container. Put a virtual vertical plane in 
the container and count the number of labelled molecules which are crossing this plane farm 
the left to the right and the number crossing from the right to the left. One can derive that 
the current of labelled particles through the virtual plane depends on the derivative of the 
density of labelled particles. It should be emphasized that no density gradient of the fluid 
across the virtual plane is present. Only the difference in labelled molecules is considered. 
The ratio of the labelled diffusive partiele flux J.. and the derivative of the density of labelled 
particles "Vna is defined as the self-diffusion coefficient: 

(5.1) 

with D the diffusion tensor. Because of the microscopie structural heterogeneity of living 
tissue, the diffusion of water through a tissue is a direction dependent quantity, which can 
be described by D. The diffusion tensor relates two three dimensional veetors ( with real 
elements) and therefore is a real symmetrie (Q = DT with all elements real), also called 
Hermitian, 3 x 3 matrix: 

( 

D xx Dxy Dxz ) 
D = Dxy Dyy Dyz 

Dxz Dyz Dzz 

(5.2) 

The off diagonal elements relate the partiele flux in one direction to the derivative of the 
labelled particles density in the other direction. 

Consicier a tiny spherical drop of ink in a medium at time t = 0, and assume that the ink 
has exactly the same properties as the medium. Due to the Brownian motion, the ink will 
spread into the rest of the medium. Now assume we can freeze all molecules after a certain 
time. If the medium is isotropic, i.e. the diffusion is equal in all directions, we would see a 
blurry drop of ink with a spherical shape. On the other hand, if the media is anisotropic, 
i.e. all molecules can move more easily in a certain direction, the ink will spread out in a 
different way and farm a ellipsoid. If e.g. the diffusion in the z-direction is much larger than 
the diffusion in bath the x- and y-direction - linear diffusion, the ellipsoid will have a cigar 
shape. If e.g. the diffusion in bath the x- and y-direction are equal and much larger than 
the diffusion in the z-direction - planar diffusion, the diffusion ellipsoid will have a pancake 
shape. 

Hermitian matrices have real eigenvalues Ài whose eigenveetors Ei farm an orthonormal 
basis. A vectorset {EI, ... ,Ek}, with the inner product( ., .), is called orthonormal if (Ei,Ej) = 0 
when i =I j, and each vector has length one. For the diffusion tensor it holds: 

(5.3) 

or more general: 

(5.4) 
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with A a matrix with the eigenvalues of D on the main diagonal, and the absolute values of 
the eigenvalues in a deseending order: 

The columns of the matrix E are the orthonormal basis: 

and therefore Eis an orthogonal matrix. The derivative of the labelled particles density in any 
arbitrary direction can be decoupled along the eigenvectors, which form a local orthonormal 
coordinate system. This is explained in more detail in appendix A. The eigenveetors of the 
diffusion tensor represent the principal diffusivity directions and the eigenvalues represent the 
principal diffusivities (diffusion coefficients along the eigenvector direction). 

Because a diffusion coefficient is a positive quantity, all eigenvalues are positive. Therefore 
the diffusion tensor is a definite positive Hermitian matrix, for which it holds: 

D(Q) represents the diffusion coefficient in the J2. direction. If a negative eigenvalue is derived 
from diffusion tensor measurements, this is most probably caused by the incorrect assumption 
that perfusion and noise are nat present in the brain during measurements. These negative 
eigenvalues should be filtered in diffusion tensor imaging. 

According to the Einstein equation the mean squared displacement (r2 ) of Brownian 
motion is given by: 

(5.5) 

with tdiff the diffusion time and Di one of the termsof the diffusion tensor, which represents 
the diffusion coefficient in the i-direction. In normal brain tissue, the mean diffusion coefficient 
(in any direction) is assumed to be about 800 J.Lm2 js. If a diffusion time of 40.6 ms (typical at 
the MMC, see the next section) is considered, the mean displacement is about 14 J.Lm, which 
is roughly the size of larger-seale nerve fibres. 

5.2 Ditfusion weighted imaging sequence 

Diffusion can be measured in vivo by MRI, by exploiting the natural sensitivity of MR to 
motion. In the presence of a magnetic field gradient, spins accumulate different phase shifts 
due to their diffusional motion, resulting in a reduced MR signal intensity. In practice, these 
effects are extremely small, and very difficult to measure. However, sensitivity to motion 
can be increased by ad ding st rong gradient pulses, pulsed field gradients (PFG 's), to a pulse 
sequence. A simple diffusion weighted pulse sequence consistsof a spin echo sequence with two 
PFG's positioned around the refocusing 180° pulse, and is shown in figure 5.1. The purpose of 
the PFG's is to magnetically label the spins. As shown in figure 5.1, Gis the gradient strength, 
8 the gradient duration and ~ the interval time between the onset of the two pulses. The 
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Figure 5.1: Time diagram for an SE sequence with PFG's, which may be applied in any 
direction. Both PFG's are equal pulses with strength G, pulse duration 6 and interval time b. 
between the onset of the two pulses. 

b-value is used as a quantity which represents the sensitivity of a measurement for diffusion 
caused by the PFG's [30,35,36]: 

b = {TE k2(t)dt = "(2G282(b.- ~) (5.6) 
Jo 3 

which is valid if the PFG's have square lobes, as depicted in figure 5.1. The term b.- ! 
equals the diffusion time tdiff of equation 5.5. However, in practice gradients have a certain 
rise time E, resulting in trapezoidal shaped PFG pulses, and the b-value becomes: 

b = 'Y2G2 [o2(b.- ~) + Ea - OE2] (5.7) 
3 30 6 

At the MMC, the gradient duration 8 (17.62 ms), the interval time b. ( 46.76 ms) and the rise 
time E (0.4 ms) are fixed value parameters in the normal operating mode, gradient overplus 
on (their actual value depends on the maximum b and TE values used). In other words, 
to vary the b-value the gradient strength G is the only variable. For example, to achieve a 
b-value of 800 s/mm2 , G needs to be 30 mT /m at the MMC. 

Immediately after the first PFG, the spins at TI have acquired a phase shift <h: 
(5.8) 

with T1 the position of the spin along the diffusion encoding axis. The second PFG also 
produces a phase shift, </J2: 

(5.9) 

Because of the preserree of the 180° pulse, the net phase b.</J shift is the difference between 
</J1 and </J2: 

b.<jJ = </J1 - </J2 = "(GO(TI- T2) (5.10) 
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For static spins the net phase shift, caused by the PFG pulses, is zero because z1 equals 
z2. For spins from flowing water molecules there will be a net phase shift unequal to zero, 
because z1 is not equal to z2. However, for spins of diffusing particles the net phase shift 
will be zero in a voxel, but due to diffusion incomplete refocusing occurs, resulting in signal 
loss. These effects are schematically shown in figure 5.2. In other words, diffusion leads to 
attenuation of the spin echo signal. 

PFG I I M netto Phase 
•t 

Static spin G ® G - 0 

Moving spin G ® 0 - "'4> 

Diffusing spin G ® ~ --+ 0 

Figure 5.2: The effect of PFG pulses on spins from statie, moving and diffusing particles. 
The two PFG's are applied around the 180° pulse. 

Thus, the measured signal using a diffusion weighted pulse sequence with PFG's in an 
arbitrary direction not only contains T2 decay, according to equation 4.3, but also an extra 
decay due to diffusion. Consequently, at the echo time TE the transverse magnetization can 
be described according to: 

Mr(t) = Mr(O) · exp( -TE/T2) · exp( -b · ADC) (5.11) 

with ADC the apparent diffusion coefficient in the diffusion weighted direction. The ADC 
in the diffusion weighted direction can be calculated from 2 or more measurements, one 
measurement without PFG's and one or more measurement with PFG's and known b-values: 

Sb 
- = exp( -b · ADC) 
Sa 

(5.12) 

with Sa the signal in a voxel measured without PFG's and Sb the signal in a voxel measured 
with PFG's at a known b-value. The T2 influence is now removed. If more than one b
value is used, an exponential fit is used to calculate the ADC in a voxel - at the MMC, 
DTI measurements are performed using 3 b-values (0 - 400 - 800 s/mm2), which has been 
explained in more detail in a previous study by van den Tillaart [1 J. At the MMC the 
exponential fitting is performed on the scanner's software, and for postprocessing the ADC 
maps from the scanner are used. N ote that the ADC in a certain direction is not necessarily 
equal to one of the diffusion tensor elements ( see next section) and that the ADC measured is 
an average diffusion property of water molecules inside a voxel. Also note, that equation 5.12 
assumes only one tissue type per voxel with one single T2 and one single ADC value. This is 
of course an approximation, as discussed in chapter 2. A more detailed discussion on model 
selection is given by Conturo and Basser [37, 38]. 

At the MMC, EPI is used to perform diffusion weighted imaging. In appendix B the 
different protoeals used are listed. 
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5.3 Calculation of the ditfusion tensor 

In MR imaging the reference frame is not fixed to the MR laboratory frame - so far described 
as an (x, y, z) frame- , but is chosen as such to satisfy the patients position in the MRI scanner. 
Therefore, in MR imaging the z-direction is referred to as the S-direction (slice selection) 1 . 

The x- and y-direction are referred to as M- and P-direction, respectively2 (frequency and 
phase encoding, respectively). For image processing the (M, P, S) system is always used. Sis 
perpendicular to the image plane, M and P are perpendicular to each other and their plane 
is parallel to the image plane. Therefore D is defined in the (M, P , S) frame as: 

(5.13) 

Post processing requires calculation of an ADC map for each direction in which the PFG 
pulses have been applied, according to equation 5.12. However, these maps are not necessarily 
the elementsof the diffusion tensor as described in equation 5.13, because the PFG's can be 
applied in any arbitrary direction. In order to keep track of the different ADC maps, let 's 
introduce the notation ADCMPS to denote a diffusion map calculated from the data acquired 
with the PFG's applied in the (M, P, S) direction. For example, ADCuo is the ADC map 
measured in the diffusion weighted (1,1,0) direction with PFG's applied simultaneously both 
in the M and P direction. The elements of the diffusion tensor, on the other hand, will be 
denoted by DMM, Dpp, DMP, etc . 

If only one PFG gradient is applied in for example the P direction, then 

ADCo10 = Dpp 

which means that the diagorral elements of the diffusion tensor D can be measured by applying 
three orthogonal PFG gradients in the M, P and S direction separately. This measurement 
scheme is referred to as DWI and has been discussed elsewhere [1 J. 

If more than one gradient is applied simultaneously, the ADC map will contain both 
diagorral and off-diagonal elements of the diffusion tensor [39]. The relationship between for 
example ADCuo and the elements of the D is given by 

ADCuo = 1· DMM + 1· Dpp + 0 · Dss + 1· DMP + 0 · DMs + · · · 
· · ·1· DPM + 0 · Dps + 0 · DsM + 0 · Dsp 

DMM + Dpp + 2. DMP 

(5.14) 

The relationship between all six ADC maps and the diffusion tensor elements can now be 
listed as follows: 

(5.15) 

where ADC is a vector of the calculated ADC elements and D a vector of the diffusion tensor 
elements. M is the transformation matrix relating the ADC and diffusion tensor elements, 

1 Actually, S equals the -z-direction in most cases. For more details see appendix C. 
2 Actually, P equals the -y-direction with default foldover. For more details see appendix C. 
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and depends on the gradient scheme used. For transversal slices with gradient overplus on, 
AP faldaver and bath the (M, P, S) and (x, y, z) system coinciding it holds: 

ADC 2 1 2 p 4 1 4 4 4 8 DMM -3-3-3 î i i i 98 94 ADC1 2 2 M Dpp 3 3-3 i i î 98 ~9 -i 
ADC 2 2 1 s î î 9 -9 9 -9 Dss (5.16) -3 3 3 

MP 0 1 0 0 DMP ADCV2V2o 2 f PS 0 1 0 1 0 Dps ADC0 -\1'2 -v/2 2 f MS 1 0 0 0 -1 DMs ADCJ2o-v'2 2 2 

Via the inverse relationship the diffusion tensor elements can be calculated: 

which holds fora square transformation matrix M. 

In figure 5.3, six unique tensor component im
ages of a transversal brain slice from a healthy 
volunteer are shown according to their position 
in the diffusion tensor matrix. The diagonal ele
ments are similar except for intensity differences 
in the brain white matter due to anisotropy. 

As mentioned before, the (M, P, S) system 
is chosen to satisfy the patients position in the 
MRI scanner, which usually does nat coincide 
with the (x, y, z) system. Consequently, the di
rection of the diffusion gradients relative to the 
imaging gradients is different for every patient 
(with gradient overplus on) and therefore the 
ADC map P, for example, does usually nat equal 
ADC_.?. _l_.?.· Thus, the direction of the diffu-

3 3 3 
sion gradients relative to the images needs to be 
calculated for every patient at the MMC. How 
this calculation is performed is explained in more 
detail in appendix C. Note that with gradient 
overplus off the direction of the diffusion gradi
ents relative to the imaging gradients does nat 
change. 

(5.17) 

Figure 5.3: Actual tensor campo
neuts of a transversal brain slice from 
a healthy volunteer. 

5.4 Decomposition and scalar invariants of D 

Using DTI and postprocessing of the images, the 
diffusion tensor D can be calculated for every voxel, as discussed in the previous section. The 
tensor D can be decomposed into two separate - isotropie and anisatrapie - tensors [40]: 

D= (D)L 

isotropie 
tensor 

+ D' 
anisatrapie 

tensor 

(5.18) 
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This tensor decomposition is nat unique, but it 
is the most natural and physically motivated. The isotropie part of D is given by the identity 
matrix l_, multiplied by the (scalar) mean diffusivity (D). The mean diffusivity is also referred 
to as mean, isotropic, average or trace ADC: 

(D) = P+M+S = !Trace(Q) (= DMM+Dpp+Dss) = >.1+>-2+>.3 
3 3 - 3 3 

(5.19) 

with À1 , À2 and À3 the eigenvalues of D and 
DMM, Dpp and Dss the diagonal elements of D (>.1 ~ À2 ~ À3 ~ 0) . The anisatrapie 
part of D is called the ditfusion deviatoric or ditfusion deviation tensor D', because it mea
sures the deviation of D from being an isotropie tensor. In appendix A it is shown that the 
eigenvalues of D and D' are related in a simple way and that bath share the same eigenvectors. 

The first parameter that arises from this decomposition is the magnitude of the isotropie 
part of D, (D) in equation 5.19, the mean diffusivity obtained by averaging the principal 
diffusivities. This parameter has been used by van den Tillaart as a useful MRI parameter 
whose value is independent of the orientation of anisatrapie structures within a voxel [1] . 

The magnitude of a tensor is given by the square root of the tensor dot product: 

y'D: D = 
3 3 

L L(Dij)2 = J(>.I)2 + (>.2)2 + (>.3)2 
i=l j=l 

(5.20) 

(see appendix A) which is a scalar invariant (a scalar independent of the position and ori
entation of the laboratory frame). The magnitude (or length) of the isotropie part of D 

is 

(5 .21) 

The magnitude of the ditfusion deviatoric is 

3 3 3 3 

LL(D~j)2 = L L(Dij- (D)Jij) 2 

i=l j=l i=l j=l (5.22) 

The magnitude of the ditfusion deviatoric is a scalarinvariant as well. Note that these tensor 
products provide an intravoxel scalar measure of ditfusion ( anisotropy). 

5.5 Anisotropy indices 

From the ditfusion tensor the subsequent eigenvalues (or principal diffusivities) and eigen
veetors can be calculated (see appendix A) for every voxel measured in the ditfusion tensor 
sequence. The tensor information can be used to visualize the structural information in differ
ent partsof the human body. The three eigenveetors represent the three principal diffusivity 
directions. The eigenvector belonging to the largest eigenvalue characterizes the main direc
tion of water ditfusion within the voxel. For visualization of the preferred ditfusion direction 
of water in the brain, the computer program Mathematica from Wolfram Research, Inc. is 
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(a) (b) (c) 

Figure 5.4: Visualization of in-plane component of the preferred diffusion direction in the 
brain of a healthy volunteer. (a) T 2 image, (b) the veetors are not scaled, (c) the veetors are 
scaled with the lattice index LI~. 

used. An example of the in-plane component of the preferred diffusion direction is shown in 
figure 5.4 (b). If diffusion within certain voxels is (reasonably) isotropie it would be easier 
for the analysis of images to mask these eigenvectors. In other words, the eigenveetors need 
to be scaled, using an anisotropy index (AI). The most common choice is to multiply the 
eigenvector by zero if diffusion is isotropie and by one if diffusion is completely anisotropic. 
An example of the preferred diffusion direction, where the eigenveetors are scaled with the 
lattice index LI~ (discussed later on), is shown in figure 5.4 (c). 

According to literature, many different sealing methods and indices exist . In this section 
three different types of anisotropy measures will be introduced: 

1. Rotationally variant coefficients, based on the ratios of measured ADC values 

2. Rotationally invariant indices: 

a. based on the eigenvalues 

b. based on the eigenvalues and eigenveetors 

5.5.1 Rotationally variant anisotropy coefficients 

Without calculation of the diffusion tensor per voxel, it is possible to define an apparent 
anisotropy coefficient AA. The first coefficient was introduced by Moseley [41] , who calculated 
an anisotropy coefficient from the P, M and S image: 

A _ Max[P,M,S] 
xyz - Min[P,M,S] 

where Max[P,M,S] indicates the highest of the three ADC map values per voxel en Min[P,M,S] 
indicates the lowest. Unfortunately, this original anisotropy coefficient has an unlimited range, 
and therefore it is redefined for this thesis as: 

Ax z = 1 _ Min[P,M,S] 
y Max[P,M,S] 

(5.23) 

37 

f' máxima 
' .. medisch centrum 

-~ 



38 Chapter 5 

Axyz AA AA' 

Figure 5.5: Examples of the rotationally variant anisotropy coefficients in the brain of a 
healthy volunteer. The lighter the pixel, the higher the anisotropy. 

Of course, Axyz can also be calculated from all ADC maps, in which case it is defined as A~yz : 

A
' _ _ Min[P,M,S,MP,PS,MS] 
xyz- 1 [ ] Max P,M,S,MP,PS,MS 

Another rotationally variant anisotropy coeffi.cient was introduced by Morriss et al. [42]: 

AA = Max[P,M,S] - Min[P,M,S] 
Max[P,M,S] 

(5.24) 

whieh can also be calculated from all 6 ADC images, and which is then referred to as AA'. 
An example of these rotationally variant anisotropy coeffi.cients is shown in figure 5.5. 

5.5.2 Eigenvalue-based anisotropy indices 

Many quantitative and dimensionless anisotropy indices have been proposed in the litera
ture [40,43- 49]. They are all compiled in table 5.1. Note that some of the anisotropy indices 
listed in table 5.1 are nat presented in their original farm but are corrected with a scalar or 
inverted to set their value range between 0 and 1. Of all these indices two will be discussed 
in detail in this section, because they are aften referred to in literature. 

Taking the magnitude of the ditfusion deviatoric D' and dividing it by the magnitude of 
the isotropie part of D, we obtain a dimensionless measure of the relative anisotropy RA: 

RA = 

= 
1 -V2· 
2 

(ÀI - À2) 2 + (À2 - À3) 2 + (À3- À1) 2 

(ÀI + À2 + À3) 2 

(5.25) 

Originally the factor !v'2 was nat introduced by Basser [40] or le Bihan [43], but Papadakis 
et al. [44] introduced it later to set the maximum value of RAto 1 (with À1 » À2 ~ À3 ~ 0. 
In other words, for maximum anisatrapie ditfusion RA = 1). Isotropie ditfusion is represented 
by RA= 0. 
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Alternatively, a measure of the fractional anisotropy, FA is introduced, which measures 
the fraction of the 'magnitude' of D that we can ascribe to anisatrapie diffusion: 

FA ~
':D' = = 

D:D 

1 -J2· 
2 

(ÀI - À2)2 + (À2 - À3) 2 + (À3 - ,\1) 2 

(,\1)2 + (À2)2 + (À3)2 

(5.26) 

For an isotropie medium, FA = 0. For a cylindrically symmetrie anisatrapie medium, i.e. 
À1 » À2 ~ À3 ~ 0, FA = 1. 

F Apri, also called the principal anisotropy, is not a measure to be found in literature, but 
is introduced by Philips. The measures C1, Cp, Cs and Ca have been introduced by Peled 
et al. [46] and are measures of how close the ditfusion is to the generic cases line, plane and 
sphere respectively. Ca is a measure for anisotropy, describing the deviation from the spherical 
case. Ap, projection anisotropy represents the projection of the longitudinal ellipsoid axis on 
its midplane. The error anisotropy, Aer, describes the deviation from the spherical case. The 
anisotropy measures Amajor and Aminor describe, respectively, the variation in ellipsoid shape 
along the major and minor axes. Aa- is derived to correspond to the spectroscopie definition 
of anisotropy [48], and it represents total anisotropy, irrespective of ellipsoid shape. It is 
an invariant quantitative anisotropy measure that does not require diagonalization of the 
ditfusion tensor and is therefore independent of the order of the eigenvalues. 

In principal, an image of a ditfusion anisotropy index should show the same contrast in 
voxels containing similar types of anisatrapie tissue, irrespective of their fibre-tract direction. 
This is because an anisotropy index measures the degree of preferential mobility within a voxel, 
but is insensitive to the direction along which ditfusion is preferred. This principle is used as 
a visualization method: shown in figure 5.6 are examples of the different anisotropy indices 
presented in table 5.1. This figure shows that ditfusion in the adult brain is predominantly 
linear and spherical, because Cp and Am i nor, the measures for planar diffusion, do not show a 
clear contrast between different brain tissues. Note that the lighter the pixel, the higher the 
anisotropy. For Aa-, the maximum value is not necessarily 1, which is also the case in figure 5.6 
(Max[Aa-] = 0.27). Therefore the pixel intensity for Aa- in this figure has been scaled, which 
means that a complete white pixel corresponds to Aa- = 0.27. 

5.5.3 Eigenvalue- and eigenvector-based anisotropy indices 

If the tissue is anisotropic, the diffusion ellipsoid in a particular voxel will have a preferred 
direction, and therefore is correlated with the orientation of the ellipsaids in adjacent voxels. 
By contrast, consider a voxel where the diffusion processis isotropie and where differences in 
the estimated eigenvalues of D result solely from random noise. We expect the orientation of 
the diffusion ellipsoid in that particular voxel to be uncorrelated with that of its neighbors. 
For this purpose, an intervoxel anisotropy index is proposed by Pierpaoli and Basser [47]. This 
lattice index LI, is basedon both the eigenvalues and eigenvectors, and measures the square 
of the inner product between two eigenveetors Eref and En, weighted by the corresponding 
eigenvalue (the subscriptref refers to the reference voxel, the subscript n refers to an arbitrary 
neighboring voxel). By summing the squares of the inner product between each pair of axes, 
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Table 5.1: A list of anisotropy indices with their definitions. 

RA 

FA 

VR 

Dispersion 

Amajor 

Am i nor 

1 -h· 
2 

1 -h. 
2 

(.XI - À2) 2 + (.X2 - À3) 2 + (.X3 - ÀI) 2 

(.XI + À2 + À3)2 

(.XI - À2) 2 + (.X2 - À3) 2 + (.X3 - ÀI) 2 

(.XI) 2 + (.X2)2 + (.X3)2 

2. (.X2 - À3) 

ÀI + À2 + À3 

~ 
V ---v:;-
ÀI - (.X2 + À3)/2 

ÀI + À2 + À3 

2(.X2 - À3) 

ÀI + À2 + À3 

L (Dii- (D)) 2 + 2(DÄ-tp + DÄ-ts + D~8) 
i=P,M,S 
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RA FA VR FApri 

dispersion 1 - dispersion 

Amajor Am i nor A a-

Figure 5.6: Examples of the different anisotropy indices presented in table 5.1 in the brain 
of a healthy volunteer. The lighter the pixel, the higher the anisotropy. Note that the pixel 
intensity of Ao- in this figure has been scaled. 
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v'ÇEref and AEn, respectively, we obtain the tensor product: 

3 3 

D : D = L L Àrej,i Àn,j ( Erej,i, En,j )
2 

ref n i=l j=l 

Chapter 5 

(5.27) 

The tensor dot product between diffusion deviatorics in different voxels D'ref and Jt.n, can 
be written as: 

D' : D' 
=ref n 

D : D - 3(Dref) (Dn) 
ref n 

3 3 

L L Àrej,i Àn,j ( Erej,i , En,j )
2 

i=l j=l 

-!(Àrej,l + Àref,2 + Àrej,3)(Àn,1 + Àn,2 + Àn,3) 

Note the similarity between equations 5.20 and 5.27 and equations 5.22 and 5.28. 

(5.28) 

Just like the tensorproductsin section 5.4 provide an intravoxel scalar measure of diffusion 
anisotropy, the tensor products in this subsection can be used as a basis for the definition 
of intervoxel measures of diffusion anisotropy. The basic element of the lattice index LI is 
defined, just like FA in equation 5.26, as: 

D' :D' 
LI _ 3=ref =n 

FA- 2 D : D (5.29) 

ref n 

Skare et al. [49] used the term Add instead and did not introduce the factor 3/2 to set the 
maximum value of LIFA to 1 in pure linear diffusion in both voxels. Another basic lattice 
element of the lattice index can be defined as, similar to equation 5.25: 

D' :D' 
LI 

1 =ref =n 
RA=-

6 (Dref) (Dn) 
(5.30) 

Pierpaoli et al. [4 7] considered a more extensive basic element for the lattice index: 

Lln = 

D' : D' D' : D' 0_
8 

-ref -n + ~ =ref =n 

V 8 D : D 4 . I(D : D )(12, : D ) 
ref n V ref ref n n 

D' :D' 
1 'LJ 3 =ref =n 

2Y LI.LFA + 4. 1(12, : D )(D : D ) 
V ref ref n n 

(5.31) 

The second term can be separately defined as: 

D' : D' 
LI _ ~ =ref =n 

n
2 

- 2 . / (12, : D ) ( D : D ) 
V ref ref n n 

(5.32) 

For equations 5.29 to 5.32 the maximum value of the basic lattice elements is 1 in pure linear 
diffusion in both voxels. 

A local intervoxel anisotropy index can now be abtairred by averaging these quantities over 
a region of interest (ROl). Although there are many ways to compute this average, one simple 
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Figure 5. 7: Examples of lattice indices in the brain of a healthy volunteer. The lighter the 
pixel, the higher the anisotropy. 

approach is to choose an ROl that includes only the eight voxels that are contiguous to the 
reference voxel, weighting their contributions according to their distance from the reference 
voxel: 

8 

LanLin 
LI8 = c..:..n=---=:1 ,----

n 8 

Lan 
n=l 

n=l 

4+2J2 
(5.33) 

with an = 1/J2 for diagonally located neighbors and 1 otherwise. If Lln in equation 5.33 is 
replaced by LlpA, LIRA or Lln2, the lattice indices LI~A' LI~A and L/~2 , respectively, can 
be calculated. Other ROl possibilities are to include the i) 24 contiguous voxels or only ii) 
four voxels that share a side with the reference voxel. They are referred to as L/24 or LI4 , 

respectively. 

5.6 Normalized eigenvalue plots 

Figures 5.6 and 5. 7 clearly show differences in contrast between the different anisotropy in
dices. They are all visualizations of scalar quantities, but it is difficult to campare these 

43 

f' máxima 
' " medisch centrum 

-~· 



44 Chapter 5 

images and todetermine which measure is best suited fora particular situation, because they 
all show different information. For example, Cz is a measure for how close ditfusion is to a 
linear case, but this is also true for FA, although this is not clear at first sight. Therefore 
Bahn introduced a method todetermine which anisotropy measure highlights prolate, oblate 
or isotropie ditfusion [50]. He introduced the normalized eigenvalue plot to demonstrate how 
the different anisotropy indices map the eigenvalues into scalar quantities. The plots show the 
information about the anisotropy of the eigenvalues by sealing the eigenvalues with respect 
to the largest eigenvalue À1. 

The set of eigenvalues of the ditfusion tensor is (ÀI, À2, À3), with À1 2: À2 2: À3 2: 0. 
These eigenvalues can be mapped by normalizing the two smaller eigenvalues À2 and À3 with 
respect to the largest eigenvalue À1: 

À3 À2 
(À3, À2, ÀI) ~ ( ÀI, ÀI) = (Àa, Àb) (5.34) 

Oblate 

0.2 0.4 0.6 0.8 0.2 0.4 0.6 0.8 

(a) (b) 

Figure 5.8: (a) Normalized eigenvalue space (shaded region). Perfect isotropie ditfusion maps 
onto (1,1). Prolate ditfusion ellipsoids map along the line identity. Oblate ditfusion ellipsoids 
map along Àb = 1. (b) This demonstrates the regions of normalized eigenvalue space where 
the ditfusion ellipsoids tends toward either a pancake or a cigar shape. 

A normalized eigenvalue plot is a plot of Àa versus Àb. All of the allowable values of Àa and 
Àb fall in the region bounded by Àa = 0, Àb = 1 and Àa = Àb, see figure 5.8. The anisotropy 
indices discussed before can be put into normalized forms by division by À1. For example, 
the normalized fractional anisotropy F Anorm: 

1 
F Anorm = J2 · 

(1- Àb) 2 + (Àb- Àa) 2 + (Àa- 1)2 

1 + (Àb) 2 + (Àa) 2 

In figure 5.9 the different anisotropy indices discussed in subsections 5.5.2 and 5.5.3 are shown 
in their normalized forms. 

From subsection 5.5.2 it was already known that Cp and Aminor are measures for ditfusion 
in a plane and figure 5.9 shows that both Cp and Aminor highlight regions with oblate diffusion. 
In brain imaging however, the structures under study have prolate ditfusion [19]. Furthermore, 
the anisotropy indices V R, C 8 , Ca, Ap and Aer do not discriminate prolate ditfusion from 
oblate diffusion. In figure 5.9 Aa is not shown, because this anisotropy index cannot be 
normalized using eigenvalues. 
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RA 

Arnajor 

FA 

• "'--,::-.,:---,::-.• :---,::c .• :-----=-, .• =----" À, 

A er 

Arninor 

LIRA 

VR 

c. 

dispersion 

u "---::-:--:-:--::-::----:-::----" À a 
0 0.2 0.4 0.6 0.8 

Lln 

~-,::c.,:----::", .• =----::",.::-.-~~~. -~À· 
FApri 

IT------:-----~1.. 
0.2 0.4 0.6 0.8 

Ca 

1 - dispersion 

Figure 5.9: Normalized eigenvalue plots of the anisotropy indices discussed in subsec
tions 5.5.2 and 5.5.3. The plots of the lattice indices use Dref = f2n . White shading represents 
a value 0.9-1.0, whereas black is 0-0.1. 
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5.7 Discussion 

In diffusion weighted imaging, we are deliberately sensitizing the MR image to microscopie 
diffusional motion, which leads to a high sensitivity to other farms of motion, such as the 
pulsatile behavior of the cerebral spinal fl.uid (CSF) or patient movement. Single shot EPI 
effectively freezes motion and is less prone to the motion-related problems of conventional 
imaging. Therefore the use of DW imaging is almast exclusively performed with EPI image 
acquisition (see appendix B). It is however amazing that molecular displacements in the 
micron range from images that have a milimeter resolution and are acquired in an organ that 
may move with a few milimeters amplitude can be determined. All because of the different 
time scales of these displacements. 

The diffusion tensor measures can provide information about the three dimensional diffu
sion in anisatrapie brain tissue. White matter is known to be strongly anisotropic, whereas 
gray matterand CSF are isotropic, as discussed insection 2.1. Anisotropy mapsof the brain 
therefore show contrast between white and grey matter. 

Comparison studies between DTI and a manganese-based tracking technique have been 
reported [51] . The study showed that DTI could correctly determine the fibre orientation with 
less than 10% deviation for a signal-to-noise ratio (SNR) of 40 or greater. Another research 
group [52] has recently compared DTI data (with an SNR of 40) with the texture visible in 
the cut face of fresh bovine myocardium to test that the eigenveetors of D correspond to 
the fibre and sheet directions. They have shown that myocardial fibre architecture and DTI 
data have parallel geometrie relations, although the scale of the optical and and diffusion 
methad differ by order of magnitude. The root-mean-square angular disparity between the 
eigenveetors and the fibre or sheet directions was maximum 15°, most probably caused by 
a difference in histological and imaging plane. Thus, this study shows that the first, second 
and third eigenvector correspond very well to the fibre, sheet and sheet normal directions. 

The ideal validation study may require a phantom, which is very difficult to build, in 
which uncertainties such as effects of motion and partial volume effects can be removed. A 
physical model analogous to diffusion in nerve fibres has been presented by von dem Hagen 
et al. [53] . Hollow plastic fibres with an inner diameter of 50 J.Lm (roughly twice the size 
of larger-seale nerve fibres) were used to create this experimental model, using a maximum 
b-value of about 1600 sjmm2 in a 1.5 T MR scanner. Single voxel diffusion experiments in 
this study demonstrate that diffusion measurements refl.ect the fibre geometry of the sample. 
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Visualization of the diffusion tensor 1n the 
neonatal and adult brain 

I n the previous chapter the information which is acquired from the diffusion tensor has 
been discussed in detail. This information needs to be visualized , and an example of 

the visualization of the in-plane component of the preferred diffusion direction is shown in 
figure 5.4. Examples of different anisotropy indices are shown in figures 5.5, 5.6 and 5.7. 
However, these visualization methods do not visualize allinformation present in t he diffusion 
tensor per voxel. This chapter will focus on different methods to visualize t he DTI information 
for complete brain slices, as well as for a more detailed look at different parts of the brain per 
slice or region, for both the neonatal and adult brain. 

The visualization of the preferred diffusion direction using a projection of t he in-plane 
component of the main eigenvect or on a T 2 weighted image, was first introduced by Basser 
et al. [54]. However, this method is not very useful for visualizing a complete brain slice and 
is not able to show diffusion perpendicular to the image plane clearly. Color coding of t he 
preferred diffusion direction is not only more useful to identify brain structures, but is also 
useful to recognize diffusion in the feet-head direction [55, 56]. 

If a more detailed look at different brain structures is desirable, other visualization meth
ods, such as three dimensional (3D) ellipsaids and cuboids , can be more useful [55 , 57]. These 
methods not only show the main direction of diffusion in the image plane, but are also a 
representation of the three principal diffusivity direct ions. 

The next step for visualization is mapping of the fibre bundies in the brain using so 
called fibre tracking [19, 58]. Fibre t racking is a 3D reconstruction of bundie trajectories, an 
extension of discrete vector fields. It will be addressed briefly, because it has not directly 
been a part of t his master 's t hesis. 
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6.1 Color coding of the preferred diffusion direction 

A very useful method for visualization of the preferred diffusion direction is color-coding of 
the pixels. Using this method , it is possible to identify diffusion perpendicular to the image 
plane. This method uses the color scheme presented in figure 6.1 (a): red represents diffusion 
in the right-left (RL) direction , green represents anterior-posterior (AP) diffusion and blue 
represents feet-head (FH) diffusion. Consequently, yellow is a representation of diffusion 
between the RL and AP direction. If FA = 1 the pixel's color intensity is maximum, and 
if FA = 0, the pixel is black1 . This visualization method is already much more useful than 
the in-plane and out-of-plane components, because brain structures can be recognized as well 
as the direction of preferred diffusion. But because the anisotropy in the neonatal brain 
white matter is lower than the anisotropy in the adult brain white matter [42], the images 
for neonates are much darker. 

Using non-linear color intensity sealing, it is possible to make the brain structures , es
pecially in neonates, appear brighter. In this thesis , the cumulat ive distribution function 
(CD F) is used as co lor intensity sealing function per voxel. CD F is given by the integral up 
to FA of the normal distri bution with mean J.L and standard deviation er: 

1FA 1 (x- i J2 
CDF(FA) = --e- 2"" 

0 ~CT 
(6. 1) 

The mean J.L and standard deviation er used for the CD F are calculated from the FA histogram 
from the neonate or adult. J.L is the mean FA of the brain imageander is the standard deviation 
of FA. Bothare not calculated over the complete image, but from a rectangular part of the 
image, 15 pixels from every side, to avoid artefacts. 

The FA histograms , normal distributions and cumulative distribution functions of both 
the healthy neonate and volunteer (figure 6.1) , are shown in figure 6.2. In figure 6.2 the 

1 FA is used in this chapter for the color intensity as an example. Of course any anisot ropy index discussed 
in chapter 5 can be used as a sealing factor for the color intensity. 

A 

p 

(a) (b) (c) 

Figure 6.1: Visualization of the preferred diffusion direction in the brain of a healthy neonate 
and healthy volunteer using color cocled information. (a) the color coding scheme used through
out this thesis , where red represents diffusion in the right-left direction, green represents 
anterior-posterior diffusion and blue represents feet-head diffusion. The pixels are color-coded 
with the co lor intensity scaled linearly with FA in the (b) healthy neonatal and ( c) healthy 
adult brain. 
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Figure 6.2: (a) FA histogram of a healthy neonate and (b) the FA histogram of a healthy 
volunteer. In both graphs a normal distribution is plotted with mean J..L and standard deviation 
a: in (a) J..L = 0.22 and a = 0.1 and in (b) J..L = 0.38 and a = 0.18. In (c) the cumulative 
distribution functions are shown for both the healthy neonate (line) and voluuteer ( dashed 
line) are shown, as wellas the line identity (dotted line) . 

normal distributions do not fit the FA histograms , but this is not required. They only show 
the difference in mean and standard deviation of FA between the neonate and adult . 

The brain structures shown in figure 6.1 (b) will appear brighter if this non-linear color 
intensity function is used. This is shown in figure 6.3 , where the sameslices as figure 6.1 are 
shown, but now with the color intensities scaled with the CDF's shown in figure 6.2. The 
data shown in figure 6.3 (a) for the neonatal brain is more subject to noise than the adult 
brain - because the anisotropy and SNR are lower - and therefore more pixels are highlighted. 
This figure clearly highlights the same WM brain structures of figure 6.1 (b). 

Using the cumulative distribution function it is possible to objectively scale the color 
intensity for a brain image in order to highlight regions of interest , using the mean and 
standard deviation of the FA - or any arbitrary anisotropy index - data as input for the 
CDF. 

In summary, color coding of the pixels is a much better way to visualize the preferred 
diffusion direction than the projection of the main diffusion vector. Using the cumulative 
distribution function is an objective and useful way to highlight brain structures of interest in 

(a) (b) 

Figure 6.3: Visualization of the preferred diffusion direction in the brain of a (a) healthy 
neonate and (b) healthy voluuteer using color coded information. The color intensities of t he 
pixels are scaled with the CDF's shown in figure 6.2. 
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both the neonatal and adult brain. However, a visual inter-human comparison of the images 
is then impossible. Highlighting could be fine-tuned [55] to correct for the sensitivity of the 
human eye for particular colors and screen non-linearities, but this is beyond the scope of this 
thesis. 

In figure 6.4 both a transversal, sagital and coronal color coded image is shown from 
another healthy volunteer, showing that the cumulative distribution function works for other 
slice directionsas well. The CD F 's are calculated separately from a rectangular part of every 
image. 

(a) (b) (c) 

F igure 6.4: Visualization of the preferred diffusion direction in the brain of another healthy 
voluuteer using color cocled pixels. (a) transversal slice, (b) sagital slice, (c) coronal slice. 

6.2 Ellipsaids and cuboids 

Figure 6.5: A schematic representa
tion of an ellipsoid and cuboid. c 1, c2 

and é3 are the eigenveetors and .Àt , .À2 

and .-\3 are the eigenvalues. 

If a more detailed look at certain brain struc
tures is desirable, the projection of the main dif
fusion vector is still useful. An example is shown 
in figure 6.6 (b), where the veetors are color coded 
according to the color scheme presented in fig
ure 6.1 (a). This method can show diffusion per
pendicular to the image plane, although it is dif
ficult to see clearly. 

As discussed in the previous chapter , three 
principal diffusivity directions ( eigenveetors El, 

E2 and E3) and three principal diffusivities (eigen
values )q , À2 and À3) can be derived from the 
diffusion tensor. So far only the main diffusion 
direction has been considered. If a more detailed 
look is desirable , all three diffusivity directions 
can be visualized. These directions can be repre
sented by a diffusion ellipsoid - representing the 
root mean square diffusive displacement - , first 
introduced by Basser et al. [54] or by a diffusion 
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(d) 

Figu re 6.6: Visualization of t he preferred diffusion direction in the brain of a healthy volon
teer using (a) the co lor cocled pixels ( color intensity scaled with the cumulative distri but ion 
function), a detailed view using (b) the in-plane component of the main diffus ion direct ion, 
projected on T 2 image, (c) ellipsaids and (d) cuboids. 

cuboid , first introduced by Wort h et al. [56]. Both are schematically shown in figure 6.5. The 
long axis of both t he cuboid and ellipsoid is det ermined by FA, whereas t he relative length 
of both other axes is determined by the ratio of t he different eigenvalues: t he length of t he 
second axis equals F A · >-2/ )q and the length of t he t hird axis equals F A · À3/ À1. Both t he 
ellipsoid and cuboid visualization methods are implemented , and examples of both methods 
are shown in figure 6.6 (c) and (d). 

According to t he radiology department at t he MMC , the cuboids are most useful for a 
detailed view, because t hey not only show out-of-plane diffusion - which is not possible with 
t he projected veetors - and all principal diffusivity directions and diffusivities , but might 
also show if there is any torsion present in a fibre bundie - which is not always clear when 
visualizing ellipsaids in prolate diffusion. 

6 .3 Fibre tracking 

So far discrete vect or fields of t he main diffusion direction in 2D have been discussed . Of 
course , if subsequent MR slices are put on top of each other without any slice gap , 3D vector 
fields can be constructed , which represent the average fibre orientation at each voxel. It 
is however difficult to int erpret 3D vector fields, and these vector fields are again not very 
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useful for the visualization of the preferred diffusion direction in a complete brain. The 3D 
reconstruction of tracts, or fibre tracking, is a natural extension of the 3D vector fields. Fibre 
tracking is also an easier representation for all the data present in the 3D data-set . 

Fibre tracking will be discussed briefly in this thesis, because it is the topic of Guus 
Berenschat 's master 's thesis [58]. It is important to remember that DTI measures the aver
age diffusion properties of water molecules inside voxels [19], and if anisotropic diffusion is 
measured in a voxel, this voxel will most probably contain white matter. White matter tracts 
can therefore be construct ed , and one voxel can contain multiple tracts. 

Currently, there are several different approaches to reconstruct white matter tracts. One 
technique is based on line propagation algorithms that use local tensor information for each 
step of the propagation. The second approach is based on global energy minimization to find 
the energetically most favorable path between two predetermined pixels. 

Line propagation must be terminated at some point, and the most intuitive termination 
criterion is the level of anisotropy. In a low anisotropy region, such as gray matter , there 
may not be a coherent tract orientation within a pixel. Another important criterion is the 
angle between eigenveetors in different pixels. The diffusion tensor calculation assumes there 
is no consistent curvature of axonal tracts within a voxel. The presence of curvature vio
lates the assumption that the diffusion process along any arbitrary axis is Gaussian , t hereby 
invalidating the routine tensor calculation. 

The vector fields obtained from DTI contain noise and may be influenced by partial volume 
effects. A a consequence, the calculated vector direction may deviate from the real fibre 
orientation. One of the drawbacks of line propagation methods is that noise errors accumulate 
as the propagation becomes longer. The noise effect can be reduced using smoothing or 
interpolation techniques, which averages vector or tensor information among neighboring 
pixels with a cost in the reduction in effective resolution. It is therefore possible that the 
errors in the line propagation result in picking up adj acent and unrelated white matter tracts. 
Thus, fibre tracking result should always be interpreted with caution. As mentioned before, 
t he ideal validation study may require a phantom. A validation of measured anisotropy and 
fibre tracking has been performed on an optical nerve. Validation of fibre tracking in vivo 
is, according to Gössl et al. [57], only possible in some rare cases, when a disease selectively 
destrays specific fibre tracts. 

In figure 6. 7 an example fibre tracking image is shown. 

Figure 6. 7: An example of a coronal fibre tracking image. 
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Chapter 7 

Volunteer and patient studies 

S o far the information acquired from the diffusion tensor ( chapter 5) and different visual
ization methods of the tensor components ( chapter 6) have been discussed qualitatively. 

In this chapter quantitative results will be presented, gathered from i) healthy volunteers who 
have given a written informed consent for MRI measurements, ii) neonates with ischemie and 
hemorrhagic lesions and iii) adults with infarcts, tumors and WM lesions. MR images from 
patients are acquired during routine scanning. As will be discussed in chapter 8, the mean 
diffusivity (D) and fractional anisotropy FA are the most useful quantitative parameters. The 
three diffusivities, represented by the eigenvalues Ài, give even more insight and are therefore 
considered as well in the patient's analysis. 

For patient analysis the difference in quantitative parameters between healthy and is
chemie tissue is important. It is therefore not only examined if quantitative parameters differ 
between the lesion and the contra-lateral tissue, but also if the lesion parameters in adults 
differ from normal adult volunteer values. Normal values differ between the neonatal and 
adult brain, but unfortunately no normal values are available from neonates. Therefore lesion 
parameters in neonates are compared with contra-lateral and white mater parameters. 

A volunteer study has been performed for several reasons: 

1. to gather normalvalues of quantitative parameters in the normal brain 

2. to examine if the measured parameters are 

a. reproducible in onejall volunteer(s) 

b . different from the normalvalues acquired with the DWI protocol as discussed in the 
previous study by van den Tillaart [1] 

c. a function of the field of view (i.e. the voxel size) 

d. a function of the slice direction, gradient overplus and foldover direction 
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(a) (b) 

Figure 7.1: Locations for parameter measurements in adults. ROl 1 depiets the corpus 
callosum, ROl 2 depiets (frontal) WM. Both ROI's are shown in an (a) T2 weighted image and 
(b) FA image of a brain slice of a healthy volunteer. 

7.1 Healthy volunteers 

Sixteen healthy volunteers, age from 18 to 47, 8 rnales and 8 females have given a written 
informed consent for MRI measurements (see also table D.1). Different anisotropy indices, 
eigenvalues and mean ADC (D) are determined in bath corpus callosurn (CC) and white 
matter (WM). The locations forthese parameter measurements are shown in figure 7.1, the 
results are listed in appendix D. The average values measured are shown in figure 7.2. 

The difference between corpus callosurn and white matter in measured values is obvious 
in figure 7.2. The largest eigenvalue is significantly larger in the corpus callosum, indicating 
that axial diffusivity Àll parallel to the axonal fibres is less hindered in the corpus callosum. 
This causes the anisotropy differences between CC and WM, consistently observed in the 
adult volunteer brain (figures 7.2 (b) and (c)). The radial diffusivities À2 and À3 (and thus 
Àll) and the mean diffusivity (D) show only a slight difference between CC and WM, whereas 
the anisotropy indices Aa and Cp show no difference between CC and WM. 

The diffusion measured in the corpus callosurn and white matter is nat perfectly cigar
shaped, although this would be expected. This is most probably caused by noise present 
in diffusion weighted images, which artificially increases the anisotropy, and which will be 
discussed in more detail in chapter 8. Crossing fibres may cause deviations from cigar-shaped 
diffusion as well. 

From figure 7.2 it could be concluded that the anisotropy indices Aer. Ap or F Apri might 
be most useful for patient analysis, because their absolute value is highest in the healthy brain, 
and might therefore show the largest decrease in ischemie tissue. But as will be shown in 
chapter 8, these three anisotropy indices happen to show the highest bias in isotropie diffusion 
of all rotationally invariant eigenvalue-based anisotropy indices. Thus, in the neonatal brain, 
where diffusion is more isotropie than the adult brain, these three anisotropy indices would 
show a small contrast between grey and white matter and probably between healthy and 
ischemie tissue. Therefore the fractional anisotropy FA is used in patient analysis, which is 
the anisotropy index in use by most research groups [11]. 

The intervoxel anisotropy indices LIFA, Lin and Lin2, based on bath the eigenvalues 
and eigenveetors have even lower values than most eigenvalue based anisotropy indices. This 

TuI e technische universiteit eind hoven 



Volunteer and patient studies 

.. 

2000.-----.---.------.-----..---., 

1&00 -- --t ------
1200 hhhhhhO+ 

A CC 
e WM 

"'"i 800 ................ t ....... . 
o h hO~ 

400 .......................... . ...... hf· · 

<D> ... .. , 

(a) 

1.0 

0.0 

0 .8 

0.7 

0 .& 

0.5 

0.4 

0.3 

0.2 

0.1 

0.0 

1.0 ,--.-----.-......--.-----.--.----.---,r----, 
0.0 

A CC ·········----·-··········· ···············e··· wu 
0.8 ....... ..... ... .............. . 

0.7 

o.& •. ·f . h h+ 
0

_
5 

._._·_·_· __ h_· __ !_·_·_· __ h_·_·_-_+ _-_-_-_h_ ! ._._·_· __ ·+_·_·_·_·· h· _ _ -1 . . 

::: ; ; ::::: t : :! :: :t:::: 
+ . .. ········· ........ . 0.2 

0.1 ' ' ' ' ' "hOh hhO h ' OhOOhOO+ OOhOOOOhO+hOO 

0.0 +--.-----.-......--.-----'1•'----.---.----,r---i 

(b) 

hhhhOOhhO hO ,.., c:c: 
e WM 

(c) 

Figure 7.2: Average values measured in healthy adult volunteers. À measured in the corpus 
callosurn (CC), • measured in the white matter (WM). 

is probably caused by the voxel size of the MRI measurements, which might decrease the 
correlation between the orientation of the ditfusion ellipsaids in adjacent voxels. Thus, inter
voxel anisotropy indices might only be useful for high resolution DTI, which is currently not 
possible in clinical practice. 

The absolute value of the rotationally variant coefficients AA' and A~yz is higher than 
the values of AA and Axyz, because the farmer uses all six ditfusion weighted directions. 
Consequently, they show a larger contrast between corpus callosurn and white matter. Both 
AA' and A~yz have values camparabie with FA and a low bias in isotropie ditfusion when 
noise is present, as will be shown in chapter 8. This indicates that both rotationally variant 
coefficients might be very useful if PFG's are applied in more than six directions- high angular 
ditfusion tensor imaging [59]. This is however not possible at the MMC. 

In tables D.2 , D.3 and D.4 volunteers 9, 10, 12 and 16 are highlighted in gray, because this 
is actually the same volunteer, but scanned on different dates. The values measured in both 
CC and WM in this volunteer are all consistent and are consistent with the normal values of 
all healthy volunteers. 

Note that the normal (D) WM value (812 ± 51) differs from the normal ADC value 
(7 40 ± 50) measured in healthy volunteers in the previous study by van den Tillaart [1], but 
the difference is not significant. As she already mentioned in her thesis, (D) values can only 
be compared on the same scanner with the same sequence, because measured values depend 
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on the exact b-value parameter settings. In her study a multi-shot protocol was used, whereas 
this study uses single-shot protocols. Therefore, the normal values, (D), Ài and the anisotropy 
indices, presented in this thesis should be used as new normal values for healthy adults. 

7.1.1 Negative eigenvalues 

In table D.2 two columns are added, which indicate in both corpus callosurn and white 
matter, the number of eigenvalues À3 with negative values. Eigenvalues represent the principal 
diffusivities, so negative eigenvalues are of course non-physical, sirree the water molecules 
cannot be less than still! Negative eigenvalues occur when the diffusion tensor is not positive 
definite, which occurs if the off-diagonal elements of the tensor are larger than than the 
diagorral elements. This occurs due to noise in the diffusion weighted images, or for example 
due to (pulsatile) local flow causing this effect. The degree of noise in the elements of the 
tensor (and herree the risk for negative eigenvalues) is determined by two factors: i) the 
noise in the (non-)diffusion weighted images and ii) the diffusion scheme used (at the MMC 
gradient overplus on or off). The latter because it affects the noise propagation ( or noise 
magnification) from the diffusion weighted images to the diffusion tensor per voxel, which can 
be quantified by the condition number introduced in appendix C. This negative eigenvalues 
problem can be solved by: 

1. Setting voxels containing negative eigenvalues to zero ( = black). It is a good i de a in a 
sense that the viewer is 'informed' about areas where the diffusion tensor really couldn't 
be calculated. However, apart from the non-estethical appearance of black dots there are 
problems with this approach in statistica! analysis of healthy volunteers and patients. 

2. Set all negative eigenvalues to zero, i.e. to make them physical. Since, to our experiences 
so far, only the smallest eigenvalue À3 can be less than zero due to noise, this would imply 
that those voxels will have a diffusion ellipsoid that has been flatterred to a diffusion 
ellipse with zero thickness. However, this 'fix' leads to a bias of the eigenvalues and 
therefore also on (D) and FA maps. 

3. Using the absolute value of all eigenvalues. This approach leads to a smaller bias in 
eigenvalues, (D) and FA than setting all negative eigenvalues to zero. This approach 
is currently implemented, because the absolute value of À3 is always in the order of the 
average À3. 

4. Perform a lot of measurements (NSA » 1). This consequently increases the scan time, 
which is not acceptable or possible at the MMC. 

5. Using a high angular diffusion scheme. This will greatly increase the numerical stability 
in the estimation of the diffusion tensor from DWI data [60] and will also assure that 
the eigenvalues are rotationally invariant even in the preserree of noise. Increasing the 
number of diffusion directions is even better than increasing the number of averages, 
but as mentioned before this approach is not possible at the MMC. 

6. Smoothing the diffusion weighted images or the ADC maps, before calculating the 
tensor, with a narrow Gaussian filter, preferably in 3D. This narrow filter will reduce 
the effective image resolution, but can also assure that no negative eigenvalues will 
occur. This idea has not been investigated. 

So, as mentioned, negative values of À3 are set to their absolute value. 
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Figure 7.3: (a) (D), (b) FA and (c)-(e) Ài values measured in a healthy adult voluuteer as a 
flmction of the field of view (mm), scanned on three different dates. A measured in the corpus 
callosurn (CC), • measured in the white matter (WM). 
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7.1.2 Changed parameters 

It is examined if the field of view affects the mean ADC (D), eigenvalues Ài and FA measured 
in the brain of a healthy volunteer. Equation 4.9 shows that the SNR increases if the field of 
view is increased, which causes the eigenvalues to be less biased and the uncertainty of the 
eigenvalues to decrease. On the other hand, an increase of the field of view (in both the x- and 
y-direction) increases the size of the voxels, leading to increased partial volume effects (PVE) , 
in turn leading to an increase of the uncertainty of the measured parameters. The results 
are shown in figure 7.3. This figure shows, that an increase in FOV does not affect the mean 
ADC (D), eigenvalues Ài or FA significantly. The standard deviation of these parameters is 
not affected as well, which might be caused by the fact that the number of voxels per region 
decreases when the field of view is increased. Both the SNR and partial volume effects can 
be separately investigated using simulations, which will be discussed in chapter 8. 

It is also examined if the slice direction, gradient overplus and foldover direction influence 
the mean ADC (D), eigenvalues Ài and FA measured in the brain of a healthy volunteer. 
In theory, these parameters should not affect the measured values, although the standard 
deviation of the values might be altered because the condition number of the two diffusion 
schemes is different and the minimum echo timeT E differs. The results are shown in figure 7.4. 
All values measured are consistent, although À1 and FA seem to show a larger variation than 
(D), À2 and À3. 
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Figure 7.4: (D), FA and Ài values measured in a healthy adult volunteer as a function of 
slice direction, gradient overplus and foldover direction. 1-4: transversal, 5-8: sagital, 9-12: 
coronal. 1,2,7,8,9,10: gradient overplus on. Foldover direction; 1: AP, 2: RL, 3: AP, 4: RL, 5: 
FH, 6: AP, 7: FH, 8: AP, 9: FH, 10: RL, 11: FH, 12: RL 

7.2 Neonates with ischemie lesions 

For patient analysis the difference in quantitative parameters between healthy and ischemie 
tissue is important. It is therefore not only examined if (D), FA and Ài differ between the 
lesion and the contra-lateral tissue, but also if the lesion parameters differ from white matter 
values. 
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No normalvalues are available from neonates, because no healthy neonates were scanned. 
In the previous study [1 J normal (D) values were determined, but as discussed in the pre
vious section, these normal values cannot be used in this study. On the other hand, it was 
already concluded in the previous study that i) contra-lateral 'normal' values differ from nor
mal neonatal values, and ii) (D) values in ischemie tissue differ consistently about 40 to 50 % 
from contra-lateral tissue. Therefore, values measured in lesions in this study are compared 
to contra-lateral and 'normal' white matter values in the neonatal brain. In table D.5 the 
values measured are shown, as wellas the lesion type observed. These values arealso shown in 
figure 7.5. (D) values in the neonatal brain with ischemia in WM are decreased significantly 
compared to the contra-lateral tissue, as shown in figure 7.5 (a), except for patient 1. The 
lesion size in this patient is only four voxels, making statistics very difficult. Contra-lateral 
tissue (D) values are comparable to normal white mattervalues in the patients with ischemia. 
Figure 7.5 (b) shows that FA values in the neonatal brain with ischemia in WM are increased 
significantly compared to both contra-lateraland normal tissue, although all three eigenvalues 
have smallervalues in the lesion compared to normal or contra-lateral tissue. Thus, the dif
fusivity decreases in all directions, but the decrease is relatively larger in the radial directions 
than in the axial direction. Comparing the (D) and FA results to figure 2.4, it can be con
cluded that all neonates with ischemia in WM have been scanned in the (hyper-/ sub-)acute 
phase. 

In patients 7 to 10, with hemorrhagic infarctsin WM, (D), FA and Ài values differ between 
lesion and contra-lateral tissue, but the differences are only significant in patient 7. 

Patient 11 has an ischemie lesion in the basal ganglia (BG) , which is mostly grey matter. 
Normal values in this patient do not differ from the normal WM values in the other patients, 
most probably caused by partial volume effects. Both the (D) and FA decrease only slightly 
compared to contra-lateral tissue, caused by a decrease in both À1 and À2 , whereas À3 is not 
changed at all. 

7.3 Adult patients 

It is examined in adult patients with infarcts, tumors and WM lesions if (D), FA and Ài 

differ between the lesion and the contra-lateral tissue, and if the lesion parameters in adults 
differ from normal adult volunteer values. In table D.6 the values measured are shown, as 
wellas the lesion type observed. These values are also shown in figure 7.6. (D) values in the 
adult brain are increased significantly compared to the contra-lateral and normal tissue, as 
shown in figure 7.6 (a), except for patients 3 and 9. Patient 3 has a fresh infarct, which shows 
a decreased (D) value. Patient 9 has a (D) lesion value comparable to the contra-lateral and 
normal value. 

In the five patients with an infarct, the (D) is only decreased in one patient with a fresh 
infarct, for which all three eigenvalues are decreased and FA is increased. In this patient 3, 
the absolute decrease is largest in À1, whereas the relative decreaseis largest in À3, causing 
the increase in FA. This is the same effect as observed in neonates with ischemia in WM. The 
other four patients with an infarct in a later phase show an increased (D) and a decreased 
FA, predominantly caused by an increased À3. This might be explained by cell necrosis or 
cell swelling, resulting in less restriction, as observed in the chronical phase of ischemia. 
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In the tumor patients, the (D) values are significantly increased and FA values are de
creased in three out of four patients. In all four patients all three eigenvalues are increased, 
with the largest increase in )q, showing that consiclering the eigenvalues besides (D) and FA 
is definitely useful for patient analysis. 

In the four patients with WM lesions, (D) and Ài are increased in only two patients. FA 
values are not different in all four patients. 

The normal white matter (D) values of these adult patients are all, except patient 11, 
consistent with the normal voluuteer value. The normal white matter FA values are all, 
except for patient 1, consistent with the normal voluuteer value. The normal white matter 
eigenvalues Ài are all consistent as well, but again differences can be seen for patients 1 and 
11, mainly for À1 and À3. Forthese patients this might indicate that the normal WM is also 
affected. 

7.4 Discussion 

The results in neonates with ischemie lesions show that (D) values are decreased significantly 
in WM compared to the contra-lateral tissue. This has also been observed in the previous 
study by van den Tillaart [1]. The present study also shows that FA values are increased 
significantly and that the diffusivity decrease is relatively larger in the radial directions than 
in the axial direction. 

No significant differences between the lesion and contra-lateral tissue have been observed 
in neonates with ischemia in BG or hemorrhagic ischemia in WM. 

In adult patients with an infarct, differences are observed in (D), FA and Ài values. In 
adult tumor patients, differences are consistently observed in Ài. In adult patients with WM 
lesions, differences are not consistently observed in any of the considered parameters. 

The results from bath the neonatal and adult patients show that not only the mean ADC 
(D) and the fractional anisotropy FA are useful parameters, but that the three eigenvalues 
can give even more insight , and should be considered in patient analysis. Differences between 
neonates and adult patients are clearly present. FA values are higher in the adult white 
matterand (D) values are lower, caused by smaller diffusivity values in the adult brain. Thus, 
diffusion is more isotropie in the neonatal brain, because the tortuosity in any direction is 
lower, compared to the adult brain. 
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Chapter 8 

N oise and error considerations 

H aving obtained experimentally the full3 x 3 definite positive Hermitian self-diffusion ma
trix D, the intrinsic ditfusion properties of the system can be calculated, as discussed in 

chapter 5. The principal diffusivities are represented by the eigenvalues Ài of D. The eigen
veetors Ei of D represent the orthorrormal diffusivity directions relative to the measurement 
frame of reference. Accurate determination of the eigensystem of the self-diffusion tensor is 
thus of great importance for the reliable characterization of water ditfusion in biologica! tissue 
and it is the focus of this chapter. 

A framework is presented in this chapter for the understanding of noise on the calculated 
eigenvalues and eigenvectors. The effect of adding random noise to ditfusion maps will be 
discussed [44, 47-49, 61-65]. Conventionally, after diagonalization of D, the eigenvalues are 
sorted according to their magnitude such that À1 2: À2 2: À3 2: 0. However, noise in the 
data is propagated to the elements of D and consequently to its eigenvalues. Sorting the 
eigenvalues by magnitude is known to introduce a systematic bias, most noticeably in the 
case of closely spaeed eigenvalues (in isotropie diffusion). Noise therefore results in reduced 
contrast between isotropie - grey matter - and anisotropic - white matter - structures. 
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8.1 Numerical simulations 

To have an idea about the accuracy of ditfusion tensor imaging, numerical simulations are 
used to estimate the effects of noise on measures derived from the ditfusion tensor, at dif
ferent degrees of anisotropy and orientations (specified by the rotation angles a, j3 and 1 of 
appendix C). The real ditfusion tensor is calculated using equation A.5, and the six ADC 
components are then calculated using equation 5.15. Gaussian distributed noise is added 
to these ADC components, and then the noise affected components of the ditfusion tensor 
are calculated using equation 5.17. All calculations are performed in Mathematica, and in 
order to make a precise estimate of measures derived from the calculated ditfusion tensor, the 
calculation is repeated N = 10,000 times. 

The noise levels used are derived from water phantom measurements. At room temper
ature, the signal level in all ADC maps is 2000 p,m2 /s and the noise level is 40 p,m2 /s in 
the SSh/Ten protocol for adults. The noise level is 100 p,m2 /s in the SSh/Ten protocol for 
neonates. Thus, the SNR is 50 in the adult protocol and 20 in the neonate protocol. 

8.1.1 Eigenvector statistics 

To report statistics about the eigenveetors is not straightforward, because the sign of an 
eigenvector is indeterminate. So simply averaging eigenveetors produces poor estimates of 
their mean. Therefore, three different approaches are considered of which two are used for 
statistics on eigenvectors. 

Error in the diffusion tensor 

The percentage error between the input tensor D and calculated tensor D can be defined 
as [66]: 

ID-DI 
%Error= 100 · IQI = 100 ° (8.1) 

This quantity measures in the fractional error between the two tensors. Because this quantity 
is very difficult to interpret, it is not considered in this thesis. 

A veraging eigenveetors 

Because of the eigenvector sign ambiguity, the absolute values of the eigenvector compo
nents can be used to calculate the angle (}i between the input eigenvector ei and calculated 
eigenvector €i: 

(8.2) 

Eigenvector dyadics 

Representing each eigenvector as a dyadic tensor [62] allows to calculate a mean eigenvector 
(ei), as wellas to quantify the dispersion a bout the mean (ei) over all N calculated eigenveetors 
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Ei· So rather than averaging the eigenveetors themselves, their dyadies are averaged: 

This equation represents the ith mean dyadic tensor. () indicates averaging the N dyadic 
tensors, Eix represents the x-component of the ith eigenvector. The 1 st mean eigenvector 
(c1) now corresponds to the largest eigenvector of the 1 st mean dyadic tensor (c1cf), with 
corresponding eigenvalue j3f. The bias in (ei) can be quantified using the angle b..01 between 
c1 and (ei): 

(8.4) 

To characterize the dispersion about the mean eigenvector (ei), the two remairring eigenvalues 
of (ei t:Î), /3~ and f3§, are used: 

(8.5) 

This quantity attains a minimum value of 0 when there is noscatter about the mean eigen
vector, i.e. j3~ = f3§ = 0, and attains a maximum of 1 when the eigenveetors are uniformly 
distributed about a sphere. Geometrically, this quantity equals the radius of the 'cone of un
certainty' around an eigenvector, and grows linearly with the standard deviation of normally 
distributed angular data for small dispersion val u es ( O"( b..01) « 1r /2): 

/3~ + !3§ ) 
2. f3t 

(8.6) 

Note that the term dispersion is used for an anisotropy index (see section 5.5.2) and for the 
scatter of eigenvectors. If the term dispersion is used in this thesis in eigenvector statistics, 
the dispersion is defined as in equation 8.6. 

8.1.2 Anisotropy index comparison 

For both an anisotropie (ei = (1, 0, 0), c2 = (0, 1, 0), é3 = (0, 0, 1), À1 = 1600, À2 = 700, 
À3 = 350) and isotropie (ei = (1, 0, 0), c2 = (0, 1, 0), é3 = (0, 0, 1), À1 = À2 = À3 = 900) case 
simulations have been performed for various directions to investigate the effects of a noise 
level on diffusion tensor calculations. The eigenvalues used for the anisotropic case equal the 
average voluuteer values. For both the isotropie and anisotropic case, the mean diffusivity 
(D) areabout 900 J..Lm2 js. Used settings are gradient overplus on and SNR = 50. The average 
values found are shown in figure 8.1. As can be clearly seen in this figure, the anisotropie 
simulation results differ only slightly from their input values, but the isotropie results differ 
significantly. Noise results in an overestimation of the anisotropy index, because any deviation 
from isotropy will give rise to unequal eigenvalues ( see figure 8.1 (a)). 

Because the rotationally variant coefficients (AA', AA, A~yz and Axyz) use the maximum 
and minimum ADC values, they automatically overestimate the anisotropy in the isotropie 
case, as shown in figure 8.1 (b). These coefficients also show rotational variance, whereas all 
other anisotropy indices do not. In the anisotropic case, they do not deviate from their input 
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Figure 8.1: Average simulation results for adding random noise to an original input tensor for 
an anisotropic and isotropie case, as discussed in the text. À: anisotropic simulation results, 
f>: true anisotropic values, •: isotropie simulation results, o: true isotropie values. SNR = 50. 

values. Both AA' and A~yz show higher anisotropy values than AA and Axyz, and their bias 
is relatively smaller in isotropie diffusion. 

The intervoxel anisotropy indices (Lip A, Lin and Lin2 in figure 8.1 (b)) arenotimmune for 
noise effects, although the smallest bias is observed for LIFA and Lin2· This is most probably 
caused by number of voxels used for averaging, because Bastin et al. reported immunity of the 
intervoxel indices for noise effects, using 120 pixels for averaging. The intervoxel anisotropy 
indices critically rely on being able to average over a suffi.cient number of neighboring voxels 
to provide the directional information required to mitigate the effect of noise. It is however 
not clear if this is due to spatial averaging or the inclusion of the eigenveetors [49]. And 
thus, as mentioned in chapter 7, intervoxel indices might only be useful for high resolution 
DTI and suflident averaging, although at the boundaries between different tissue types it is 
not appropriate to include the information from all neighboring voxels. Thus is should be 
stressed, that the intervoxel anisotropy indices are not scale invariant, because their value 
depends on the relative voxel size and anatomical variations [4 7]. 

All rotationally invariant eigenvalue-based anisotropy indices shown in figure 8.1 (c) have 
a different bias in isotropie diffusion and different values in anisotropic diffusion. Some of 
them even show a bias in anisotropic diffusion. In our opinion, an anisotropy index should 
meet the requirements of i) low bias in isotropie diffusion, ii) large contrast between WM and 
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GM, iii) no bias in anisatrapie diffusion and iv) small standard deviation at a reasonable SNR. 
The fractional anisotropy FA clearly meets these requirements, and has also been found to 
be the most stabie and reliable index by other groups [11]. Therefore FA is used in patient 
analysis and will be used in the analysis of noise effects. 

The eigenvector statisties are shown in figure 8.1 (d). In anisatrapie diffusion with SNR 
= 50 the bias /j.()i is negligible, and the dispersion is a few degrees. The dispersion of E 2 and 
E3 is higher than the dispersion of E1, caused by the lower diffusivities in these direct i ons. 
In isotropie diffusion, the averaged eigenveetors approach, indicated by 81, 82 and 83, shows 
averaged angles of about 45° between the input and calculated eigenvectors. This is an 
underestimation, because the angles are expected to be 90°, whieh would indieate an uniform 
eigenveetors distribution. The eigenvector dyadics methad for eigenvector statisties (fj.()i 

and a-(Oi)) does show an uniform eigenveetors distribution, and therefore this approach is 
considered to be the most reliable approach for eigenvector statistics. 

Simulations have shown a rotational varianee of the eigenvector bias and dispersion, caused 
by the discrete sampling of the diffusion ellipsoid. It is therefore difficult to quantify in an 
absolute sense the accuracy of the eigenveetors in patients. Moreover, the eigenveetors are 
nota 'final result', whereas fibre tracts are. Effects of signal-to-noise ratio and anisotropy on 
the accuracy of eigenveetors will be investigated in the next sections. 

In healthy volunteers (table D.2) the number of negative eigenvalues is 6 ± 3%, but in 
these simulations no negative eigenvalues are observed. This difference is probably caused by 
underestimated noise effects and anatomieal variations, because Skare et al. [49] have shown 
that the probability of obtaining negative eigenvalues almast linearly increases with increasing 
noise level and À I/ À3 ratio (and thus increasing anisotropy). Negative eigenvalues have not 
been investigated further in this thesis. 

8.1.3 SNR effects 

For two anisatrapie (Àl = 1600, À2 = 700, À3 = 350 and À1 = 1200, À2 = 800, À3 = 450) and 
one isotropie (Àl = À2 = À3 = 900) case simulations have been performed to investigate the 
effects of different noise levels on the mean ADC (D), FA and Ài. One set of eigenveetors 
(El = (1, 0, 0), E2 = (0, 1, 0), E3 = (0, 0, 1)) is used for both the anisatrapie cases and the 
isotropie case. The eigenvalues used for the anisatrapie cases equal the average volunteer 
values for corpus callosurn and white matter. Used settings are gradient overplus on and off 
and SNR values between 10 and 100. The results are shown in figures 8.2 and E.2. 

(D), FA and Ài all differ slightly from their input values for low SNR, but not significant 
in the anisatrapie cases (figures 8.2 and E.2). In the isotropie case (figure E.2), differences 
are significant for FA below SNR = 50, caused by the increasing value of À1 and decreasing 
value of À2. (D) is unbiased in both the anisatrapie and isotropie cases for all SNR's. Both À. 1 

and À2 slightly increase for low SNR in the anisotropic cases, whereas À3 slightly decreases. 
In the isotropie case, À2 is relatively unbiased. 

The eigenveetors are on average unbiased in the anisotropic cases, although their dispersion 
increases as SNR decreases. The eigenveetors are uniformly distributed in the isotropie case, 
and their distribution does not depend on the SNR. 

Gradient overplus does not seem to affect the results, although the standard deviation 
with gradient overplus off is slightly smaller, which can be explained using the condition 
number (appendix C). 

These simulation results can explain the difficulty in fibre tracking in the neonatal brain. 
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Figure 8.2: Simulation results for different SNR values for the anisotropic case with )q = 
1600, À2 = 700 and À3 = 350. (a) and (b) with gradient overplus on, (c) and (d) with gradient 
overplus off. 

In neonates both the anisotropy and SNR are low. Consequently, i) the contrast between 
gray and white matter is low, ii) gray matter FA is biased and iii) eigenveetors have a large 
dispersion. Because fibre tracking algorithms use as termination criteria the level of anisotropy 
and the angle change between pixels, it is of great importance to investigate the fibre tracking 
results in neonates as a function of these criteria, before they are used for clinical applications. 

8.1.4 Anisotropy effects 

For two anisotropic cases the effect of adding an isotropie ditfusion tensor is investigated 
for two different noise levels (SNR = 20 and 50), for one set of eigenveetors (El = (1, 0, 0), 
E2 = (0, 1, 0), E3 = (0, 0, 1)) with gradient overplus on. The results are shown in figures 8.3 
and E.l. If isotropy = 0% ditfusion is anisotropic, if isotropy = 100% ditfusion is isotropie 
(.Xl = À2 = À3 = 900). 

With no noise present, calculated (D), FA and Ài values are expected to be a linear 
function of the isotropy level. The results presented in figures 8.3 and E.1 show a linear 
behavior for both noise levels up to :::::;; 70% isotropy. As discussed in the previous subsection, 
these measures are biased in the isotropie case, causing the deviations from the linear behavior 
if PV > 70%. The standard deviation of the results is larger for lower SNR. 

The bias and dispersion of all three eigenveetors behave similarly for both SNR. Surpris-
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Figure 8.3: Simulation results for different isotropy levels for two different noise level (SNR 
= 20 and 50). >.1 = 1600, >.2 = 700 and À3 = 350 in the anisatrapie case (isotropy = 0%) and 
>.1 = >.2 = >.3 = 900 in the isotropie case (isotropy = 100%). (a) and (b) with SNR = 50, (c) 
and (d) with SNR = 20. 

ingly, the eigenveetors are nat biased at all up to ~ 70% isotropy. At this point a sudden bias 
increase is seen. This might be caused by the fact that the eigenveetors of the anisatrapie and 
isotropie case are chosen to be the same. On the other hand, it might be concluded that par
tial volume effects are nat so significant for eigenvectors, as they are for anisotropy measures. 
The dispersion of the eigenveetors increases linearly with increasing level of isotropy. 

8.1.5 Discussion 

The simulations performed have given more insight into the behavior of diffusion tensor 
derived measures. Noise results as expected in the overestimation of several anisotropy indices. 
The intervoxel anisotropy measures are nat immune to noise effects as well. The fractional 
anisotropy FA has i) a low bias in isotropie diffusion, ii) large contrast between WM and 
GM, iii) no bias in anisatrapie diffusion and iv) small standard deviation with SNR = 50, 
and is therefore used in patient and simulation analysis. 

In anisatrapie diffusion bath the bias and dispersion of the eigenveetors are small for SNR 
> 20, but in the neonatal brain where diffusion is more isotropie with even lower SNR, the 
eigenveetors are biased and have more dispersion. This makes fibre tracking in the neonatal 
brain difficult. 
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Chapter 9 

Image correction 

F rom literature it is known, that several factors influence the accuracy of diffusion tensor 
imaging [1,38] . Motion artefacts for example are avoided in clinical practice using an EPI 

sequence. But the consequence of using EPI is the fact that magnetic susceptibility disconti
nuities, occurring at tissue-air interfaces, degrade and distort diffusion weighted images. This 
is particularly a problem at higher field strengths. So far at 1.0 Tesla, this problem is partly 
compensated for by the use of the ratio of the diffusion-weighted to the non-diffusion-weighted 
intensity ( equation 5.12), in which case the effect of these susceptibility-induced gradients is 
cancelled, because they are present in both images. Background noise can introduce signif
icant bias in the diffusion tensor eigensystem, which has been discussed in more detail in 
chapter 8. 

More significant sourees of inaccuracy in DTI are the i) self- and cross-talk between the 
background imaging gradients and the PFG 's [39,67,68] and ii) eddy currents caused by large, 
rapidly switched magnetic field gradients, which in turn produce additional unwanted, rapidly 
and slowly decaying magnetic fields [69-72]. Both will be discussed in this chapter and for 
the alignment problems due to eddy currents a correction method will be presented. 



72 Chapter 9 

9.1 b-matrix 

The imaging gradients, discussed in chapter 4 influence the measurements and these gradients 
interact with the pulsed field gradients, which can lead to errors in the ADC up to 20% [1]. 
Thus, to estimate the ditfusion tensor per voxel accurately, one must account for the effects 
of all imaging and ditfusion gradients. To correct for the effects of the multiple phase encod
ing and reacl-out gradient pulses, the b-matrix has been introduced by Mattiello et al. [68], 
which summarizes the attenuating effect of all gradients applied in all directions, leading to 
a different representation of equation 5.12: 

(9.1) 

In this equation, bij is a component of the symmetrie b-matrix and Dij is a component of the 
ditfusion tensor D . Sb is the measured signal intensity with ditfusion gradients and So is the 
measured signal without gradients. Note that the b-matrix also corrects the signal intensity 
without ditfusion gradients. 

To determine the b-value in each direction, taking self- and cross-talk into account, it is 
necessary to know the timing, strength and duration of all imaging and ditfusion gradients. 
For the ditfusion schemes used at the MMC, this has been considered previously to this study 
by van den Tillaart [1] . She found that corrections are more than 1% (up to 10%) for the 
S, MP and PS ADC maps, and in the order of 1% in the other three directions. These 
corrections however did not improve the ditierences between the ADC maps from a water 
phantom, apparently because the sequence is optimized for ditfusion measurements. For this 
reason, no further attention has been given totheb-matrix in this study. 

It should be noted, when gradient overplus is off (see appendix C) the ditfusion gradients 
are applied in a coordinate system different from the imaging coordinate system. In this case, 
the b-matrix should be calculated separately for every patient! 

9.2 Image realignment 

As mentioned before, the use of an EPI sequence avoids motion artefacts, but it suffers from 
artefacts caused by susceptibility changes and from image distortions produced by significant 
eddy currents which arise from the large gradients required for ditfusion sensitization. These 
eddy currents cause geometrie image distortions which take the form of translation, shearing 
and sealing of the image, predominantly in the phase encoding direction ( the phase encoding 
direction is usually the y-direction). This is due to the low image bandwidth in this direction. 
These image distartion artefacts are undesirable sirree they lead to the misregistration of 
individual ditfusion weighted images, causing erroneous increases in the measured ditfusion 
anisotropy and rim artefacts. 

These problems can be overcome by different approaches, for which different references 
and more details can be found in the review artiele by Basser and Jones [38]: 

• Optimized pulsed field gradient wavefarms and pulse sequences 

• Calibration of eddy current effects using one dimensional field maps with subsequent 
correction of the k-space 
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• Gradient pre-emphasis adjustment 

• Postprocessing of the diffusion weighted images 

The first two approaches deal directly with the problem of eddy current distortions during the 
acquisition of the k-space data. The first option requires the basic sequence to be modified, 
which is not an option on the clinical scanner at the MMC. The second option, mapping 
the magnetic fields generated from the eddy currents before scanning a patient might be an 
option at the MMC. This method however assumes that the eddy currents will be stabie 
over time, which might not be the case. Thus, for this method to be reasonable, field maps 
need to be acquired on a regular basis. Additionally all raw data needs to be saved, which is 
simply not an option on a clinical site. Adjustment of gradient pre-emphasis is not an option 
as well. Using the postprocessing method introduced by Haselgrove et al. [71], the sequence 
does not need to be modified. This method will be discussed in this section, as well as some 
modifications and results. 

The terminology that a column of an image means thesetof consecutive pixels along the 
phase encoding direction is also used in this section, which is straightforward because the 
examples used in this section have the phase encoding direction along the y-direction. The 
image without diffusion weighting is considered to be undistorted due to eddy currents and it 
is also assumed that the distortions cause a translation of each point in the image in the phase 
encoding direction but not in the frequency encoding direction. The distortions themselves 
can be described in terms of three parameters: 

1. Translation: a residual gradient in the slice encoding direction (z) produces a uniform 
translation of every pixel in the image along the phase encoding (y) direction 

2. Shear: a residual gradient in the frequency encoding direction (x) produces a shift (in 
y) by an amount that is linearly related to the x position 

3. Sealing: a residual gradient in the phase encoding direction (y) produces a shift (in y) 
that is linearly related to the y position. This effect is manifested as a magnification in 
y, independent of the x position 

The distorted images can now be corrected by the combination of a change of se ale M, coupled 
with a shear distartion S and a translation T, which can be applied one column at a time by 
magnifying the column x and then translating it: 

M'(x) 
T'(x) 

M 
T+S·x 

9.2.1 Realignment tests 

(9.2) 

The undistorted, distorted and corrected images used for the realignment tests are shown in 
appendix F, from which a series of examples is shown in figure 9.1. The discrete translation 
and magnification corrections found for every column of the images shown in figure 9.1 (b) 
are both shown in figure 9.2. On both the translation and magnification results least square 
fits are performed to acquire equations 9.2. 

The three distartion parameters translation, shear and magnification are all tested sep
arately, as well as the effect of interpolating the original images. The test results are sum
marized in table 9.1. These results show for the specific cases tested, that the magnification 
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11 

(a) (b) (c) (d) 

Figure 9.1: A few examples of the images used for testing the realignment procedure. (a) 
Undistorted image, (b) distorted imageshowinga translation of 5 pixels, shear over 5 pixels and 
a magnification by a factor 0.90, (c) corrected image and (d) difference between the corrected 
and original image, showing two rows difference at the edges. 

10 20 30 40 50 60 70 80 
Column x 

(a) 

1.2 

"'1 .15 
.5 
~ 

1
•
1 

1======-!!'""=:!uo:::uo:::uu=m=::m:::• :::••=•"=::::=j• 

1.05 

10 20 30 40 50 60 70 80 
Column x 

(b) 

Figure 9.2: Plots of the (a) translation T'(x) and (b) magnification M'(x) determined from 
the image data for each column when aligning image (b) of figure 9.1 with image (a). The 
straight lines depiet the least square straight line fits of equations 9.2 to the calculated data 
points. 

procedure imposes a difference between the undistorted and corrected image, which indicates 
that the magnification step of 0.01 is too rough. Changing the step to 0.005 did not imprave 
the results, even smaller steps make the postprocessing too long. Therefore the magnification 
step of 0.01 is maintained. 

The most important result from these tests is the effect of image interpolation. A trans
lation without image interpolation can be perfectly corrected, but a translation with interpo
lation induces a difference between corrected and undistorted image. For this reason, image 
interpolation as proposed by Haselgrove is not implemented in the image realignment proce
dure. 

The actual realignment procedure proposed by Haselgrove does not correct every im
age individually, but extrapolates the correction factors found for images with low diffusion 
weighting to the images with high diffusion weighting. This procedure has not been tested 
and has been criticized by several authors because of expected differences in distartion due 
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Table 9.1: Test results - distartion and the difference in rows between the corrected and 
undistorted image - for the image realignment procedure implemented in Mathematica 

distartion 

translation 
magnification 
demagnification 

translation + magnification 
translation + magnification + shear 
translation + demagnification + shear 

translation + interpolation (256) 
translation + interpolation (512) 
translation + magnification + interpolation (256) 
translation + demagnification + interpolation (256) 

figure 

F.1 
F.2 
F.3 

F.4 

F.5 

difference ( rows) 

0 
1 
2 

2 
3 
4 

2 
4 
4 
6 

to different gradient strengths, and is therefore not implemented. In this study every image 
is corrected individually. 

In summary: 

1. Every image is corrected individually 

2. The columns of the distorted image are scaled about the center point by a sealing factor 
between 0.85 and 1.15 in steps of 0.01. For this procedure the RESIZE function in 
Mathematica is used 

3. The correlation between the undistorted columns and the scaled distorted columns is 
calculated using the LISTCORRELATE nmction in Mathematica. The function is scaled 
by the summation over all pixels in a column (using the CUMULATIVESUMS function in 
Mathematica) 

4. LISTCORRELATE gives an array of the cross-correlation of the undistorted and scaled 
distorted image for every sealing factor. The array giving the highest value of correlation 
is selectedas the optimal magnification M'(x) for that column x, while the translation 
T'(x) is set to the position of the maximum in this array 

Bastin [70] has tested the approach introduced by Haselgrove using Monte Carlo simula
tions, and he found that the removal of the cerebrospinal fluid signal allows a more accurate 
correction of the images. This has not been tested thoroughly in this study. At the moment, 
the correlation results are rejected if the translation exceeds 5 pixels, which is a subjective 
criterium based on visual inspeetion of several images. 

9.2.2 Realignment results 

The image realignment procedure discussed in the previous section has been applied to the 
images of the healthy volunteer. The results of this realignment are shown in figure 9.3. 

A clear difference between both ADC maps in figure 9.3 can be seen. The rim along 
the phase encoding direction in the ADC map calculated from the corrected images has 
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(a) (b) (c) (d) 

(e) (f) (g) 

Figure 9 .3: (a) non-diffusion weighted image, (b) and ( e) distorted and corrected, respectively, 
diffusion-weighted image with b = 400 s/mm2 , ( c) en (f) distorted and corrected, respectively, 
diffusion-weighted image with b = 800 s/mm2 • (d) and (g) ADC maps computed by (d) 
the scanner (from both distorted diffusion weighted images) and (g) Mathematica (from both 
corrected diffusion weighted images). The contour of the non-diffusion weighted image in (a) 
is shown as an overlay on images (b) to (g). 

vanished. This difference is also clear in figure 9.4, in which the color cocled preferred ditfusion 
direction is shown calculated from the distorted as well as the corrected six ADC maps. So 
the realignment procedure seems to improve the image quality. 

On the other hand, the realignment procedure overcorrects the ditfusion weighted image 
with b = 800 s/mm2 in figure 9.3. The columns of the corrected image exceed the contour 
of the non-ditfusion weighted image. This is caused by the realignment procedure itself: the 
ditfusion weighted image with b = 400 s/mm2 is only corrected by a magnification, whereas 
the ditfusion weighted image with b = 800 s/mm2 is corrected by translation, magnification 
and shear, both resulting in a different position. 

This overcorrection might be overcome using a higher image resolution or CSF signal 
suppression. As discussed, one way to improve the resolution of correction would be the 
interpolation of the images, but as shown in the table 9.1, this induces a bias between the 
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(a) (b) 

Figure 9.4: Color coded preferred diffusion direction in the brain of t he healt hy volunteer. 
Image (a) is calculated from t he distor ted ADC maps, whereas image (b) is calculated from t he 
corrected ADC maps. The color intensities of the pixels are scaled with C DF's, as discussed 
in chapter 6. 

undistorted and correct ed images. Another option to increase image resolution is by zero 
filling k-space to acquire a reconstructed image with higher resolut ion1 . This has been test ed 
for the same volunteer , by performing the same scan sequence with different reconstruction 
matrices. In these cases , t he diffusion weighted images with b = 800 s/ mm2 are still overcor
rected . To invest igate if t he overcorrection is caused by the CSF signal, t he same procedure 
has been tested for a slice higher in the head , where no CSF is present . Unfortunately the 
diffusion weighted image was still overcorrect ed in this slice. In other words, a higher im
age resolut ion or CSF signal suppression does not improve the image realignment procedure 
discussed in this chapter. 

9 .3 Discussion 

The image realignment procedure discussed in this chapter , based on the procedure proposed 
by Haselgrove et al. [71] definitely impraves the image quality, without t he need for interpola
tion, zero filling of k-space or CSF suppression. The rim artefacts in the ADC and anisot ropy 
maps are smaller , t hus using this procedure erroneous increases in the measured diffusion 
anisotropy can partially be corrected for. But the diffusion weighted image with b = 800 
s/ mm2 is overcorrected , caused by t he realignment procedure itself. 

So far , a visual inspeetion of the images has been performed. It is also investigated if (D ), 
FA and Ài have changed in the corpus callosurn and white matter. The results are shown 
in t able F.l. The paramet ers (D ), FA and Ài are not changed significantly after correction, 
but clear differences can be seen between the images with different reconstruction matrices. 
Because the image realignment procedure is t ested on only volunteer , it is not clear if this 
change would be consist ently observed , and what is the cause for this change. 

To investigate if t he procedure discussed in this chapter is useful for the neonatal brain as 
well , the slice from neonatal patient 10 with hemorrhagic ischemia in WM has been corrected . 

1The high kvalues det ermine the image resolution, whereas the low k values determine the rough image 
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The distorted and corrected mean diffusivity (D ) map, as wellas an T2 weighted image from 
the sameslice are shown in figure 9.5. This figure not only shows that the correction methad 
is useful for the neonatal brain as well , but also indicates the limitation of the realignment 
method. If CSF is present on the rim of brain slice, the correction actually distorts the image. 

(a) (b) (c) 

Figure 9.5: (a) 'distorted' (D ) map , (b) corrected (D ) map, (c) T2 weighted image of the 
neonatal brain of patient 12. 
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Conclusions & recommendations 

D iffusion tensor imaging is used in this study to quantify the amount of ( anisotropic) 
diffusion and visualize the direction of diffusion of water molecules within a tissue. For 

both the neonatal and adult brain single-shot EPI DTI protoeals have been developed to 
acquire a 2D and (semi) 3D dataset, from which the latter can be used for fibre tracking. 

Visualization 

Visualizing the preferred diffusion direction in a complete brain slice using color cocled pixels 
is far more suitable than the projection of the main diffusion direction. Brain structures of 
interest can be objectively highlighted using the cumulative distribution function for the color 
intensity. However, a visual inter-human comparison of the images is then impossible. If a 
more detailed view of the diffusion tensor information in a brain slice is desired, cuboids are 
considered to be more useful than ellipsoids. 

Visualization techniques most useful for the diagnosis are the fractional anisotropy FA 
and the mean ADC (D). Color cocled maps, 3D cuboids and fibre tracking can be beneficia! 
as well, but are not used at their full potential yet. 

Voluuteer study 

From the voluuteer study (n = 16) performed several conclusions can be drawn: 

• Quantitative values measured in the corpus callosurn and white matter in all volunteers 
are consistent and reproducible. The diffusion measured in both corpus callosurn and 
white matter is not perfectly cigar-shaped, probably due to noise and crossing fibres 

• Axial diffusivity .-\11 is less hindered in the corpus callosurn compared to white matter 

• Intervoxel anisotropy indices have lower values than most eigenvalue based anisotropy 
indices, probably caused by the voxel size of the measurements 

• Changing scan parameters such as FOV, slice direction, gradient overplus and foldover 
direction does not affect measured values in CC and WM 
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Numerical simulations 

Simulations investigating the effects of noise and partial volume on (D), FA, Ài and Ei have 
been performed, which show that: 

• The anisotropy index FA has i) a low bias in isotropie diffusion, ii) large contrast be
tween WM and GM, iii) no bias in anisatrapie diffusion and iv) small standard deviation 
with SNR = 50. Therefore FA is used in patient analysis and in the analysis of noise 
effects, besides the mean ADC (D) and the three eigenvalues Ài 

• In anisatrapie diffusion the bias and dispersion of the eigenveetors are small with SNR 
= 50, but in the neonatal brain where diffusion is more isotropie with lower SNR, the 
eigenveetors are biased more and have more dispersion. This makes fibre tracking in 
the neonatal brain difficult 

Patient studies 

It has been shown that DTI is beneficia! for the diagnosis of neonates with hypoxic ischemia 
and adult patients with infarcts and tumors, although the study groups are heterogenous, 
which makes it difficult to draw conclusions. Quantitative values of the mean ADC (D), 
the fractional anisotropy FA and the three eigenvalues Ài are most useful for the diagnosis. 
In neonatal patients with hemorrhagic ischemie lesions or adult patients with WM lesions, 
differences between lesion and contra-lateral tissue are observed, but are not significant . 

Additional studies are needed tobetter clarify the biophysical mechanism(s) that lead(s) 
toa decreasein (D) and increase in FA values in cerebral hypoxic-ischemic brain tissue. Cell 
swelling and increased tortuosity of the ECS seem to play a major role. 

In the patient studies performed, the groups are heterogeneous, making it difficult to draw 
conclusions. The results from the patient studies show that: 

• In the neonatal brain, diffusivity decreases in all directions in ischemie WM lesions (n 
= 6), because all three eigenvalues have smaller values in the lesion compared to normal 
tissue, but the relative reductions in all eigenvalues are not equal. (D) and FA values in 
the neonatal brain with ischemia in WM are de- and increased, respectively, compared 
to both contra-lateral and normal tissue. This is primarily due to the relative large 
reductions in radial diffusivity values 

• Normal white mattervalues from adult patients (n = 13) are consistent with the normal 
volunteer values, except for two patients, where (D) or FA show a difference. This might 
indicate that the normal WM is also affected in these patients 

• In adult patients with infarcts (n = 5), those patients with an infarct in a later phase 
show that (D) and FA values are in- and decreased, respectively, predominantly caused 
by an increased À3, compared to both contra-lateral and normal tissue. This might be 
explained by cell necrosis or cell swelling, resulting in less restriction. In one patient 
with a fresh infarct, (D) and FA values are de- and increased, respectively, which is the 
sameeffect as observed in neonates with ischemia in WM 

• In the adult tumor patients (n = 4), the (D) values are significantly increased in three 
patients. The FA values are decreased in these three patients. In all four patients all 
three eigenvalues are increased 
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• Differences between neonates and adult patients are clearly present . FA values are 
higher in the adult white matterand (D) values are lower, caused by smaller diffusivity 
values in the adult brain. Thus, diffusion is more isotropie in the neonatal brain, because 
the tortuosity in any direction is lower, compared to the adult brain 

• Consiclering the eigenvalues besides (D) and FA is useful for patient analysis 

Image correction 

The image realignment procedure discussed improves the image quality, because the rim 
artefacts are smaller and (D), FA and Ài values are not changed significantly after correction. 
The procedure is useful for both the neonatal and adult brain, but if CSF is present on the 
rim of the brain slice, the correction method distorts the image. 

Reeommendat i ons 

1. In the current scan protocol the field of view can be increased to improve the signal-to
noise ratio in the neonatal brain, which might ease fibre tracking. A smaller head coil 
for neonates will increase SNR even further, but such a head coil is unfortunately not 
(yet) available for a 1.0 Tesla MR scanner. Moreover, voxel size and noise effects on 
fibre tracking can be investigated by examining their effect on the fibre lengths 

2. The signal-to-noise ratio in diffusion weighted images can be increased by a higher 
magnetic field. Using pulsed field gradients in more than six directions, so called high 
angular diffusion tensor imaging, will decrease the relative error in the diffusion tensor 
elements to the relative error in the ADC maps. Both a higher magnetic field and 
additional gradient directions will improve the diffusion tensor results 

3. The patient study groups of this thesis are heterogeneous. To clarify the significanee 
of differences observed between lesions and normal tissue in both neonates and adults, 
larger patient studies should be performed 

4. Simulations investigating crossing fibres might give additional insight into the behavior 
of diffusion tensor derived measures 

5. Smoothing the diffusion weighted images or the ADC mapscan assure that no negative 
eigenvalues occur, although it reduces the effective image resolution. On the other hand, 
it might improve the quality of the images with diffusion tensor information 

6. The ideal validation study of diffusion tensor imaging may require a phantom, which is 
very difficult to build. A validation of measured anisotropy and fibre tracking has been 
performed on an optical nerve, but it is still of great interest to develop a phantom 

7. Eddy current artefacts can be partially corrected for by the postprocessing procedure 
discussed. Another artefact present in the diffusion weighted imaging sequence, ghost
ing, has not been discussed in this thesis. It should be investigated, because it often 
degrades the image quality and is not desirabie for patient diagnosis 
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Appendix A 

About the diffusion tensor 

I n this appendix it will be mathematically proven in the first section that the diffusion tensor 
is a definite positive Hermitian matrix, which eigenpairs represent the diffusion coeffi.cients 

along the orthonormal diffusivity directions. In the second section, the simple relationship 
between the eigenvalues of the diffusion tensor D and the diffusion deviatoric D' is determined, 
as well as the magnitude of both tensors. 

A.l Definite positive Hermitian matrix 

For Hermitian matrices equation 5.4 holds in generaL Now consider \?na, the derivative 
of the labelled particles density in an arbitrary direction. \?na can be decoupled along the 
eigenveetors E( 

(A.l) 

because the eigenveetors are orthonormal. The diffusive partiele flux in the </>-direction can 
now be calculated using equation 5.1: 

(A.2) 

and using equation 5.4, the final result is: 

(A.3) 

In other words, according to equation A.3, the diffusive fl.uxes in any direction can be decau
pled from the derivative of the labelled particles density along the eigenvectors, which form a 
local orthonormal coordinate system. Thus the eigenveetors of the diffusion tensor represent 
the principal diffusivity directions and the eigenvalues represent the principal diffusivities. 

Because a diffusion coefficient is a positive quantity, all eigenvalues are positive. Therefore 
the diffusion tensor is a definite positive Hermitian matrix, for which it holds: 

1. Dii > 0 for all i 

2. Dii · Djj > IDijl2 for i =1- j (Cauchy-Schwarz inequality) 
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3. The element with largest modulus lies on the diagorral 

4. det(Q) > 0 

For a symmetrie matrix D in general it holds: 

~=ETD E 

Appendix A 

(A.4) 

with A a matrix with the eigenvalues of Don the main diagorraL The columns of the matrix 
E are the orthorrormal basis. E is an orthogonal matrix, which is always invertible and for 
which it holds ET = E-1 . Note that if the orthorrormal basis are the rows of E instead of 
the columns, in---;ther words when E is transposed, equation A.4 holds A = E D ET. 

Now consider the situation in which the principal diffusivity directions and diffusivities, in 
other words, the orthorrormal eigenveetors and eigenvalues of the diffusion tensor, are known. 
The diffusion tensor can be calculated via the inverse relationship of equation A.4: 

(A.5) 

Note that this equation is only valid for a symmetrie matrix D. 
It has now been proven mathematically that the diffusion tensor is a definite positive 

Hermitian matrix, which eigenpairs represent the diffusion coefficients along the orthorrormal 
diffusivity directions. If these eigenpairs are known functions in 3D space, the diffusion tensor 
in 3D can be calculated using equation A.5: 

(A.6) 

This can be very useful for the analysis of the effect of noise on the diffusion tensor, and 
might even be a useful basis for a theoretica! analysis of fibre tracking. 

A.2 Diffusion tensor and deviatoric 

The eigenvalues of the diffusion tensor D and the diffusion deviatoric D' are related in a 
simple way. The eigenvalues of D are determined from its characteristic equation 

ID- '\LI = 0 (A.7) 

whereas the eigenvalues of D' are determined from 

ID'- .X'LI = ID- (D)L- -X'LI = ID- ((D) + .X')LI = 0 (A.8) 

Equations A. 7 and A.8 show that the characteristic equations for D and D' are identical, 
except that the eigenvalues of the diffusion tensor and deviatoric, À and À1

, respectively, 
differ by the mean diffusivity, (D). In other words: 

À= (D) +.X' 

It follows directly that D and D' also possess the same eigenveetors Ei, sirree in both cases we - -
must solve the same set of matrix equations to obtain them, 
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About the dijJusion tensor 

This means that these two tensors share the same principal ditfusivity directions. 
The magnitude of the ditfusion tensor is 

3 3 

JD:D= Ll)Dij)2 
i=l j=l 

and using the symmetry ofJ2 i.e. DMP = DpM , 

whereas the magnitude of the ditfusion deviatoric is 

3 3 3 3 

LL(D~j)2 = L L(Dij- (D)Iij)2 

i=l j=l i=l j=l 

and using the symmetry of J2 

In the principal frame of ditfusion all otf-diagonal elementsof D (i.e., DMP = DMs = Dps = 
0) vanish while all its diagonal elements (DMM, Dpp, Dss) are replaced by the eigenvalues, 
À1, À2 and À3. Therefore the magnitude of the ditfusion deviatoric becomes 

and with a little algebra, the magnitude of the ditfusion tensor D and the ditfusion deviatoric 
D' become: 

jFQ (A.9) 

JD': D' (A.lü) 
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Appendix B 

EPI-DTI protoeals 

I n table B.l the single shot EPI DTI protoeals for neonates and adults are shown. The 
SSh/Ten protocol is the default diffusion tensor protocol. SSh/S3DT is the semi 3D protocol 

used for the acquisition of (semi) 3D datasets, which can be used for fibre tracking. 
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Table B.l: SSh/Ten en SSh/S3DT EPI protocols for neonates (white) and adults (gray) 

SSh/Ten SSh/S3DT 

Geometry 

Coil selection Head 
FOV (mm) 160 
RFOV (%) 100 
Scan matrix 128 
Reconstruction matrix 128 
Scan percentage (%) 80 
Slices 18 
Slice thickness (mm) 4.0 
Orientation TRA 
Foldover direction AP 
Slice gap(mm) 0.4 
Patient position HF 
Patient orientation supine 

Contrast 

EPI factor 101 
TE (ms) 82 
Flip angle 90 
TR (ms) 3413 
Half scan factor 0.604 
Gradient overplus yes 
Maximum b (sjmm2 ) 800 
Number of b 3 
Average high b no 
NSA 2 

Scan time 1:35 
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DTI gradient schemes 

I n table C.1 the different gradient directionsof the PFG's are shown with gradient overplus 
on and off. 

Table C .l: Gradient directions of the PFG's with gradient overplus on and off, the former 
with the (M, P, S) system coinciding with the (x, y, z) system. 

gradient overplus: on gradient overplus: off 

PFG gradient vector PFG gradient vector 
M p s M p s 

p 2 1 2 p 0 1 0 
M 

-13 - 23 -~ 
M 1 0 0 

s 32 ~ -13 
s 0 0 -1 -3 3 3 

MP ~/2 ~/2 0 MP ~/2 -~/2 0 
PS 0 -~/2 -~/2 PS 0 ~/2 ~/2 

MS ~/2 0 -~/2 MS ~/2 0 ~/2 

The different PFG directions arealso visualized in figure C.l. Skare et al. [60] have defined 
a condition number, which relates the relative error in the diffusion tensor elements to the 
relative error in the ADC maps, and which depends only on the directionsof the PFG's: 

cond(M) = IIMII · IIM-1
11 (C.1) 

with M the transformation matrix as defined in equation 5.15. Ifthe condition number is close 
to 1, both relative errors will be approximately equal. If the condition number is large, the 
relative error in the estimated diffusion tensor elements could be several times larger than the 
experimental errors in the ADC maps. For the gradient overplus on and off diffusion schemes 
at the MMC the condition number is 9.57 and 4, respectively. Consequently, the relative error 
in the diffusion tensor elements could be larger using gradient overplus on instead of gradient 
overplus off, if the relative error in the ADC maps would be equal in both cases. However, 
the echo time is shorter with gradient overplus on, and thus the signal-to-noise ratio is higher. 
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(a) (b) 

Figure C.l: The PFG directions visualized with (a) gradient overplus on and (b) gradient 
overplus off. In (a) the (M, P, S) system coincides with the (x, y, z) system. The solid lines 
represent the P, M and S gradients, the dashed lines represent the MP, PS and MS gradients. 

With the scanners software at the MMC it is possible to change the foldover (phase 
encoding) direction and rotate the imaging gradients to satisfy the patients position in the 
scanner. Both situations will be discussed separately in sections C.2 and C.3. First some 
remarks will be made about the actual M, P, and S direction in image processing in the next 
section, which is important for the actual vector directions in different images. 

C .1 Image processing 

In figure C.2 the default directionsof M, Pand S are shown relative to an MR image (which 
can be transversal, sagital or coronal). For clarity, in figure C.3 a transversal, sagital and 
coronal image from a healthy voluuteer are shown. 

As mentioned insection 5.3, the (M, P, S) system is used for image processing. This means 

1 

4 

M 

2 

Figure C.2: The default M , Pand S directions are shown. The numbers indicate the anatom
ical patient orientation: i) Transversal; 1 = A, 2 = P, 3 = R, 4 = L, ii) Sagital; 1 = H, 2 = F, 
3 =A, 4 = P, Coronal; 1 = H, 2 = F, 3 = R, 4 = L (A= anterior, P = posterior, F = Feet, 
H = Head, R = Right, L = Left) 
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DTI gradient schemes 

Transversal Sagital Coronal 

Figure C.3: MR images from a healthy volunteer 

that after calculation of the eigensystem of the ditfusion tensor (equation 5.13) per voxel, the 
eigenvector components are EM , Ep, and Es. As can beseen in figure C.2, the P direction is 
anti-parallel to a normal y-axis, and for this reason P equals the -y-direction. For 2D slice 
images the actual S-direction is of no importance, but it is for 3D fibre tracking. From this 
modality it is known that S equals the -z-direction, and therefore the correct eigenveetors 
are represented by E = (EM, -Ep, -Es) . Note that by altering the vector of the ditfusion 
tensor elements D in equation 5.16, the correct eigenveetors can be calculated immediately. 
If D is changed to: 

DMM 
Dpp 

Dss 
DMP 
Dps 
DMs 

(C.2) 

the actual calculated eigenveetors of the ditfusion tensor per voxel in equation 5.13 are rep
resented byE= (EM, -Ep, - Es)! 

C.2 Foldover direction 

The foldover direction determines the phase encoding direction in MR imaging, as discussed 
in subsection 4.2.3. The default phase encoding direction is P, and is shown in figure C.2. 
In postprocessing the images, the foldover direction can be determined from the DICOM 
header file . If the DICOMTAGPHASEENCODINGDIRECTION tag equals COL (for column), the 
phase is encoded in the P direction, which is the default setting. If the tag equals ROW, the 
phase is encoded intheM-direction (and the frequency is encoded in the P-direction). On the 
scanner's console the phase encoding direction can be altered by the foldover direction and the 
slice orientation. The relationship of both with the DICOMTAGPHASEENCODINGDIRECTION 
is shown in table C.2. In the case of foldover in the M-direction, the ditfusion tensor per 
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92 Appendix C 

Table C.2: DICOMTAGPHASEENCODINGDIRECTION for different slice orientations and 
foldover directions. 

Slice orientation Foldover direction DicomTagPhaseEncodingDirection 

Transversal 
AP COL 
RL ROW 

Sagital 
FH COL 
AP ROW 

Coronal 
FH COL 
RL ROW 

voxel in the patient is not equal to equation 5.13 any langer, but is represented by: 

(C.3) 

The difference between equation C.3 and 5.13 is the exchange of the Pand M components. 
If the foldover direction is changed and consequently the diffusion tensor representation 

is altered, not only the eigenvector components should be changed from the default setting 
(EM, -Ep, -Es) to (Ep, -EM, -Es), but the diffusion gradient directions change relative to the 
images as well. These changes are however different for gradient overplus on and off. Both 
cases will be discussed separately. 

Gradient overplus on 

With gradient overplus on and the foldover not default, the gradient vector components M 
and P from all 6 PFG's reported in table C.1 are switched. For this reason, postprocessing 
requires no exchange of components for a not default foldover direction. 

Gradient overplus off 

With gradient overplus off and the foldover not default, the gradient vector component S 
from all 6 PFG's reported in table C.1 is negated (-S). Postprocessing requires exchange of 
the components i) DMM and Dpp and ii) DMs and -Dps in order to calculate the correct 
eigenveetors represented byE= (Ep , -EM,Es) . 

TuI e technische universiteit eind hoven 



DTI gradient schemes 

C.3 Rotation of the imaging gradients 

In order to satisfy the patients position in the MRI scanner, the images are rotated around the 
three laboratory axes x, y and z 1 . These rotations can be represented by the three separate 
rotation matrices lJ,;x, lJy and Ez or by the tot al rotation matrix R as: 

with 

and 

R = 
x 

0 
Cos( a) 
-Sin( a) 

Si~(a) ) 
Cos( a) 

R = 0 1 0 
( 

Cos(f3) 0 -Sin(f3) ) 

Y Sin(f3) 0 Cos(f3) 

R = 
z 

Ru 
R12 
R13 
R21 
R22 
R23 
R31 
R32 
R33 

( 

Cos('"'!) Sin('Y) 
-Sin('"'!) Cos('"'!) 

0 0 

Cos({3)Cos('Y) 
Cos(a)Sin('Y) 
Cos( a)Sin({3)Cos('Y) 
Cos({3)Sin('Y) 
Cos(a)Cos('Y) 
Cos(a)Sin(f3)Sin('Y) 
Sin(f3) 
Sin(a)Cos(f3) 

= Cos(a)Cos(f3) 

(C.4) 

+ Sin( a)Sin({3)Cos('Y) 

+ Sin(a)Sin('Y) 

Sin(a)Sin({3)Sin('Y) 

+ Sin(a)Cos('Y) 

The rotation matrix R represents the rotation of the images relative to the scanners reference 
frame. The DICOM header DICOMTAGPHASEENCODINGDIRECTION contains this rotation 
matrix, but unfortunately only the first two rows (Rn, R12, R13, R21, R22, R23)- because there 
is so far no DICOM diffusion standard, this is the way Philips works. Because we need to 
know the orientation of the PFG's relative to the images and not the orientation of the 
images themselves, the rotation angles a, {3, 'Y must be calculated from these six elements, 
which requires some goniometrics. 

After calculation of the three rotation angles, the orientation of the PFG's can be calcu
lated using the rotation matrix R with negated angles a and {3 and the original angle 'Y ( this 
depends on the orientation of the diffusion tensor system, which can be right- or lefthanded), 
and the gradient overplus status and foldover direction, as explained insection C.2. 

10n the scanners console these rotation axes are not shown as x, y and z but as RL, AP and FH, respectively. 
They are shown in relation to images viewed! 
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Appendix D 

Volunteer and patient studies 

Sixteen healthy volunteers, age from 18 to 47, 8 rnales and 8 females have given a written 
informed consent for MRI measurements (see also table D.1). From these volunteers 

different anisotropy indices, eigenvalues and mean ADC (D) are determined in bath corpus 
callosurn and white matter. The results from these volunteers are listed in tables D.2, D.3 and 
D.4. In these tables, the standard deviation ()of the average values is the standard deviation 
of the measured values. 

In tables D.2, D.3 and D.4 volunteers 9, 10, 12 and 16 are highlighted in gray, because 
this is actually the same volunteer, but scanned on different dates. 

In tables D.5 and D.6 results are shown from neonates and adults, respectively. 

Table D.l: Age (years) of the volunteers at the scan date. 

Volunteer ~ A ge Gender Volunteer ~ A ge Gender 

1 36 M 9 23 F 
2 18 F 10 23 F 
3 19 F 11 47 M 
4 21 F 12 24 F 
5 47 M 13 23 M 
6 25 M 14 25 M 
7 24 M 15 26 M 
8 24 F 16 24 F 



Volunteer ~ 

Average 

1 
2 
3 
4 
5 
6 
7 
8 

Average 

1 
2 
3 
4 
5 
6 
7 
8 

14 

Average 

Corpus Callosurn 

(D) Àl À2 À3 

808 ± 131 1605 ± 319 568 ± 240 
888 ± 138 1722 ± 271 688 ± 234 
910 ± 289 1755 ± 507 670 ± 376 
910 ± 395 1651 ± 680 706 ± 443 
987 ± 283 1776 ± 500 779 ± 320 
881 ± 222 1756 ± 467 591 ± 296 
917 ± 178 1697 ± 333 716 ± 269 
917 ± 269 1596 ± 423 718 ± 372 

893 ± 49 1632 ± 111 694 ± 70 354 ± 71 

AA' AA A~yz Axyz 

0.69 ± 0. 19 0.46 ± 0 .18 0.69 ± 0.19 0.46 ± 0 .18 
0.72 ± 0.15 0.44 ± 0.14 0.72 ± 0.15 0.44 ± 0.14 
0.67 ± 0.17 0.49 ± 0.20 0.67 ± 0.17 0 .49 ± 0.20 
0.64 ± 0.21 0.53 ± 0.24 0.65 ± 0.21 0.53 ± 0.24 
0.59 ± 0.17 0.38 ± 0.20 0.59 ± 0.17 0.38 ± 0.20 
0.67 ± 0.21 0.48 ± 0 .22 0.67 ± 0.21 0.48 ± 0 .22 
0.60 ± 0. 14 0.46 ± 0.19 0.60 ± 0.14 0 .46 ± 0.19 
0 .58 ± 0.21 0.49 ± 0 .22 0.58 ± 0 .21 0.49 ± 0 .22 

0 .61 ± 0.06 0.47 ± 0.05 0.61 ± 0.06 0.47 ± 0 .0 5 

FA FApri RA VR 

0 .70 ± 0.19 0.73 ± 0.18 0.52 ± 0.19 0.61 ± 0.28 
0.70 ± 0.13 0.72 ± 0 .14 0 .51 ± 0.13 0.6 1 ± 0.22 
0 .68 ± 0.18 0.71 ± 0.17 0.50 ± 0 .17 0.57 ± 0.26 
0.61 ± 0.21 0.65 ± 0.20 0.44 ± 0.19 0.49 ± 0.29 
0 .62 ± 0 .17 0.66 ± 0.16 0.43 ± 0.16 0.47 ± 0.26 
0.69 ± 0.21 0.72 ± 0.20 0 .53 ± 0 .21 0.60 ± 0.30 
0.65 ± 0.15 0.68 ± 0.16 0.46 ± 0.14 0.52 ± 0.22 
0.58 ± 0 .23 0.62 ± 0.22 0.41 ± 0 .21 0 .43 ± 0.29 

0.67 ± 0.11 0 .72 ± 0 .09 0.47 ± 0.10 0.50 ± 0 .18 

0.63 ± 0.06 0.66 ± 0.06 0.45 ± 0 .05 0.50 ± 0.08 

À3 < 0 

10 % 
5% 
3% 
8% 
5% 
10% 
8% 
7 

6±3% 

White Matter 

(D) Àl À2 À3 À3 < 0 

1177 ± 161 0% 
1226 ± 195 0% 
1197 ± 188 0% 

~ ~ 
.;:. ~ 
.., -
::· ('D 

1165 ± 152 0% 
1141 ± 202 7% 
1249 ± 223 5% 

~tj 
~ t.,j 

1188 ± 180 1% 
1297 ± 201 0 

I>' 
::l ~ 0.. 

(!) 

-.::::~» 
~::l 

-· > ::l tj 
< 0 
0 

§B 
~-

812 ± 51 1207 ± 57 771 ± 61 459 ± 64 1±2% (!) 
(!) ........_ .... -;:: 
Y' s 

AA' AA A~yz Axyz 

0.50 ± 0. 11 0.44 ± 0 .14 0 .50 ± 0.11 0.44 ± 0 .14 
0.45 ± 0.09 0.34 ± 0 .14 0.45 ± 0.09 0.34 ± 0.14 
0.48 ± 0.14 0.40 ± 0. 15 0.48 ± 0.14 0.40 ± 0 .15 
0.36 ± 0.12 0.27 ± 0.12 0.36 ± 0 .12 0.27 ± 0.12 
0.52 ± 0.15 0.44 ± 0.19 0 .52 ± 0 .15 0.44 ± 0.19 
0.51 ± 0.15 0.44 ± 0 .17 0 .51 ± 0.15 0.44 ± 0.17 
0.47 ± 0.11 0.37 ± 0.15 0.47 ± 0.11 0.37 ± 0.15 
0.42 ± 0 .10 0.31 ± 0 .13 0 .42 ± 0.10 0.31 ± 0.13 

::;· "' 
----() "' 0 
'---' 

.... 
'0 (!) 

~ &q· 
"' (!) 

() 

~ ~ 
0 ~ 
"' (!) 
~ "' s ::: 
I>' 
:;:l".-._ 
0..1:: 
:;:: s 
P"" "' 

-·----~"' <1>':;--' 

0.47 ± 0.04 0.39 ± 0.05 0.47 ± 0.04 0.39 ± 0 .05 s ~ 
~~ 
~ ' 
(!) -

FA FApri RA VR 
;< 
~ 

_?>. 
0.48 ± 0.10 0.51 ± 0.10 0.30 ± 0.07 0.28 ± 0.13 
0.43 ± 0.10 0.48 ± 0.10 0 .27 ± 0 .07 0.21 ± 0 .11 ~ 
0 .45 ± 0 .16 0 .51 ± 0.16 0.29 ± 0.12 0.25 ± 0.19 H' 

~ 
0.34 ± 0 .13 0.40 ± 0.12 0.21 ± 0.09 0.1 5 ± 0.13 
0 .50 ± 0 .14 0.53 ± 0.13 0.32 ± 0.11 0.33 ± 0.22 
0.49 ± 0.15 0 .52 ± 0.15 0.32 ± 0 .12 0.32 ± 0.22 

~ 

~ ~ 
0.46 ± 0.13 0.49 ± 0.12 0.29 ± 0.10 0 .28 ± 0.19 
0 .38 ± 0.10 0 .42 ± 0.11 0.23 ± 0.07 0.17 ± 0.10 

H :g ~ 

~ (1) 

~ ~ 
_?>. ~ H. 

0.48 ± 0.15 0.54 ± 0.14 0.31 ± 0.12 0.28 ± 0.21 t:;, 

0.44 ± 0.05 0.48 ± 0.04 0.28 ± 0.03 0.24 ± 0.05 



Volunteer ~ C orpus Callosurn White Matter ~ 
Ca Ct Cp Cs Ca Ct Cp Cs (') 

~ 
...... 

0 ~ 
1 0.70 ± 0.21 0 .44 ± 0.20 0 .26 ± 0.14 0.30 ± 0.21 0.49 ± 0.13 0.19 ± 0.08 0.31 ± 0.13 0 .51 ± 0.13 

..., 
~ '0 0" 

2 0.72 ± 0.16 0.40 ± 0 .16 0 .33 ± 0.14 0.28 ± 0 .16 0.43 ± 0 .11 0.18 ± 0.08 0.25 ± 0.10 0.57 ± 0.11 .:: - ("'o 

CD ('t) 
3 0.67 ± 0 .20 0.41 ± 0.19 0. 26 ± 0.15 0.33 ± 0.20 0.43 ±0.17 0.21 ± 0.12 0.22 ± 0.11 0.57 ± 0.17 U) ('t) 

4 0.60 ± 0. 23 0.36 ± 0.20 0.23 ± 0.14 0.40 ± 0.23 0.34 ± 0.14 0.13 ± 0.08 0 .21 ± 0.10 0.66 ± 0.14 (') Ij "i 
5 0.61 ± 0 .20 0.35 ± 0 .17 0.26 ± 0.14 0.39 ± 0.20 0.53 ± 0.19 0.20 ± 0.10 0 .32 ± 0 .18 0.47 ± 0.19 e:.. ~ 
6 0.68 ± 0. 23 0.45 ± 0.22 0 .23 ± 0.14 0.32 ± 0.23 0.50 ± 0.19 0.21 ± 0.13 0 .29 ± 0 .17 0 .50 ± 0 .19 0 ~ ~ 
7 0.65 ± 0 .17 0.37 ± 0.16 0.28 ± 0.16 0.35 ± 0.17 0.49 ± 0.17 0.17 ± 0.09 0 .31 ± 0 .14 0.51 ± 0.17 U) 

.:: 
~ 

R. 
8 0.55 ± 0.23 0.34 ± 0.22 0 .21 ± 0.13 0.45 ± 0.23 0.38 ± 0.12 0.14 ± 0.08 0.25 ± 0.13 0 .62 ± 0.12 s 'lj 

~ CJ 
~ 
("'o 

o...:- ... 
('t) 

~·P ~ 
0.61 ± 0 .15 0.4 1 ± 0.10 0.20 ± 0 .10 0.23 ± 0.11 0 .22 ± 0 .14 

("'o 
14 
15 0.70 ± 0.21 0 .38 ± 0.20 0.32 ± 0.18 0.16 ± 0.08 0.24 ± 0.12 c-t- ~ 

(!) ;) ("'o 

s ~ 

"' 
R. 

Average 0.62 ± 0.06 0.36 ± 0.05 0.26 ± 0.03 0 .38 ± 0.06 0.44 ± 0 .05 0.18 ± 0.03 0.26 ± 0 .04 0 .56 ± 0 .05 c-t-~ ... 
c-t-" 

('t) 
(!) ., ~ 
~ -

A er Ap Dispers ion A er Ap Dispersion ~ :; 
0.82 ± 0 .17 0.75 ± 0.19 0.51 ± 0.16 0 .66 ± 0.11 0.54 ± 0.10 0.70 ± 0.07 

t::l 0.85 ± 0.11 0.76 ± 0.1 3 0.52 ± 0.12 0.60 ± 0.10 0.49 ± 0.10 0.72 ± 0.07 
0.81 ± 0.16 0.73 ± 0 .17 0.52 ± 0.15 0.60 ± 0. 17 0.51 ± 0.17 0.70 ± 0 .12 ëi.ï 
0.74 ± 0 .20 0.68 ± 0.20 0.56 ± 0 .17 0.50 ± 0.15 0.41 ± 0.14 0.78 ± 0 .08 '0 

(!) 
0.76 ± 0 .15 0.68 ± 0.16 0.58 ± 0.14 0.68 ± 0.15 0.57 ± 0.15 0.68 ± 0 .09 ..., 

U) 
0.81 ± 0.18 0.74 ± 0 .20 0.50 ± 0 .18 0.66 ± 0.16 0.56 ± 0.16 0.68 ± 0.11 ..... 
0.79 ± 0.14 0.71 ± 0.15 0.56 ± 0.12 0.64 ± 0.15 0.52 ± 0.14 0.71 ± 0 .09 0 

0.70 0 .21 0.63 0.23 0.60 0 .18 0.12 0.43 ± 0.11 0.76 0.07 ? 
~ 
;l 

"' '-'· 
0 :; 

14 0.79 ± 0.10 0.73 ± 0 .09 0 .53 ± 0 .08 0 .63 ± 0.16 0.55 ± 0.16 0 .68 ± 0 .11 
~ 15 0.82 ± 0 .17 0.73 0.19 0 .54 ± 0 .16 0 .58 ± 0.11 0.47 ± 0.11 0 .74 ± 0 .07 
;l 
~· 

Average 0.76 ± 0.06 0.69 ± 0 .06 0.57 ± 0.05 0.61 ± 0.05 0.50 ± 0.05 0.72 ± 0.03 0 ., 
~ 

Arnaj or Arninor A". A-m a jor 
0... 

Am.inor A". 
~ 

1 0.50 ± 0.20 0.26 ± 0.14 0 .03 ± 0 .03 0 .26 ± 0.08 0.31 ± 0.13 0.02 ± 0.00 Cl 

2 0.48 ± 0.15 0.33 ± 0.14 0.04± 0.02 0 .24 ± 0.07 0.25 ± 0 .10 0.01 ± 0 .00 s· 3 0.48 ± 0.18 0.26 ± 0.15 0.04 ± 0.04 0 .27 ± 0.12 0.22 ± 0.11 0.02 ± 0.01 
4 0.42 ± 0.20 0.23 ± 0 .14 0 .03 ± 0.03 0.19 ± 0.09 0.2 1 ± 0. 10 0.01 ± 0 .01 Cl 5 0.41 ± 0 .17 0.26 ± 0.14 0.03 ± 0 .03 0.28 ± 0.10 0.32 ± 0.18 0.02 ± 0 .01 
6 0.51 ± 0 .21 0 .23 ± 0.14 0.04 ± 0 .03 0.29 ± 0.13 0.29 ± 0.17 0.02 ± 0 .01 2" 
7 0.44 ± 0.15 0 .28 ± 0 .16 0.03 ± 0.02 0.25 ± 0.10 0.3 1 ± 0 .14 0.02 ± 0.01 t:l 

c-t-
8 0.40 ± 0.22 0.21 ± 0.13 0 .03 ± 0.04 0.20 ± 0.07 0.25 ± 0 .13 0.01 ± 0 .00 (!) 

(!) ..., 
!!' 

s· 
14 0.46 ± 0.10 
15 0.46 ± 0.19 

Average 0.43 ± 0.05 0 .26 ± 0.03 0.03 ± 0.01 0.25 ± 0.03 0 .26 ± 0.04 0.02 ± 0 .00 

~ 
~ 



Volunteer ~ Corpus Callosurn White Matter 

Lip A LI,. Lln2 Lip A LI,. Lln2 

1 0.45 ± 0.23 0.53 ± 0.22 0.43 ± 0.22 0.15 ± 0.06 0.26 ± 0.06 0.14 ± 0.05 
2 0.44 ± 0.16 0.53 ± 0.14 0.42 ± 0.15 0.12 ± 0.06 0.23 ± 0.07 0.12 ± 0.05 
3 0.40 ± 0.21 0.49 ± 0.20 0.38 ± 0.21 0.17 ± 0.12 0.27 ± 0.13 0.16 ± 0.11 
4 0.32 ± 0.21 0.41 ± 0.21 0.30 ± 0.20 0.08 ± 0.05 0.17 ± 0.07 0.07 ± 0.05 
5 0.34 ± 0.18 0.44 ± 0.16 0.32 ± 0.17 0.15 ± 0.10 0.26 ± 0.11 0.14 ± 0.09 
6 0.43 ± 0 .23 0.52 ± 0.22 0.41 ± 0.22 0.17 ± 0.12 0.27 ± 0.12 0.16 ± 0.11 
7 0.37 ± 0.16 0.47 ± 0.15 0.35 ± 0.15 0.15 ± 0.08 0.26 ± 0.09 0.14 ± 0.08 
8 0.32 ± 0.23 0.41 ± 0.23 0.30 ± 0.22 0.10 ± 0.05 0.20 ± 0.07 0.10 ± 0.05 

Average 0.36 ± 0.07 0.45± 0.07 0.35 ± 0.07 0.14 ± 0.03 0.25 ± 0.03 0.14 ± 0.03 



scan-date Diagnosis (D)tesion (D)contra (D)wM FAle sion FAcontra FAwM 
(days) 

8 ischemia WM 1753 ± 143 1894 ± 50 1912 ± 132 0.24 ± 0.06 0.15 ± 0.06 0.16 ± 0.06 
26 (2) ischemia WM 1121 ± 212 1619 ± 144 1672 ± 124 0.24 ± 0.08 0.20 ± 0.04 0.17±0.05 
8 ischemia WM 706 ± 134 1472 ± 117 1472 ± 117 0.24 ± 0.09 0.17 ± 0.06 0.17 ± 0.06 
6 ischemia WM 827 ± 137 1425 ± 160 1580 ± 102 0.59 ± 0.15 0.22 ± 0.09 0.21 ± 0.05 
3 ischemia WM 324 ± 46 901 ± 83 1067 ± 138 0.60 ± 0.13 0.23 ± 0.08 0.24 ± 0.08 
9 ischemia WM 585 ± 89 1076 ± 135 1076 ± 135 0.34 ± 0.10 0.19 ± 0.06 0.19 ± 0.06 
10 hemorrh. ischemia WM 801 ± 171 1140 ± 69 1717 ± 61 0.47 ± 0.18 0.14 ± 0.06 0.16 ± 0.05 
8 hemorrh. ischemia WM (peri-ventr.) 1330 ± 148 1468 ± 130 1943 ± 98 0.26 ± 0.10 0.22 ± 0 .07 0.14 ± 0.06 
10 weeks hemorrh. ischemia WM 1799 ± 360 1496 ± 105 1665 ± 76 0.20 ± 0.07 0.20 ± 0.07 0.16 ± 0.05 
10 hemorrh. ischemia WM (point) 1465 ± 207 1598 ± 74 1806 ± 89 0.14 ± 0.05 0.14 ± 0.03 0 .14 ± 0.05 
9 ischemia BG 1174 ± 63 1324 ± 79 1797 ± 111 0.22 ± 0.08 0.29 ± 0.09 0.21 ± 0.06 

>..l,lesion Àl,contra Àl,WM >..2,lesion À2,contra À2,WM À3,lesion À3,contra À3,WM 

676 ± 159 3890 ± 1136 2100 ± 167 421 ± 138 2668 ± 729 1829 ± 148 212 ± 151 1779 ± 490 1510 ± 160 
1452 ± 137 1696 ± 92 2184 ± 210 1140 ± 89 1344 ± 86 1771 ± 93 931 ± 106 934 ± 213 1435 ± 146 
2197 ± 129 2157 ± 107 2213 ± 204 1692 ± 191 1926 ± 82 1901 ± 131 1368 ± 182 1599 ± 153 1621 ± 182 
1401 ± 281 1951 ± 202 1972 ± 185 1112 ± 220 1581 ± 143 1629 ± 137 849 ± 192 1324 ± 162 1415 ± 140 
869 ± 164 1719 ± 170 1719 ± 170 705 ± 131 1460 ± 134 1460 ± 134 545 ± 144 1237 ± 133 1237 ± 133 
1391 ± 300 1760 ± 249 1882 ± 117 820 ± 188 1383 ± 161 1633 ± 133 272 ± 200 1132 ± 188 1226 ± 137 

541 ± 80 1117 ± 154 1322 ± 167 334 ± 68 888 ± 81 1054 ± 159 98 ± 82 697 ± 84 824 ± 164 
1272 ± 231 1333 ± 125 1333 ± 125 890 ± 206 1112 ± 81 1112 ± 81 614 ± 133 867 ± 94 867 ± 94 
1231 ± 411 1301 ± 111 1985 ± 92 788 ± 120 1140 ± 68 1717 ± 96 383 ± 200 977 ± 102 1449 ± 120 
1682 ± 198 1802 ± 174 2213 ± 158 1315 ± 150 1420 ± 155 1954 ± 105 992 ± 216 1182 ± 166 1662 ± 157 
2193 ± 521 1825 ± 145 1947 ± 108 1752 ± 344 1438 ± 144 1636 ± 95 1452 ± 266 1226 ± 138 1413 ± 127 
1655 ± 243 1820 ± 88 2051 ± 134 1480 ± 202 1585 ± 100 1809 ± 96 1259 ± 203 1390 ± 94 1559 ± 126 



Patient ~ Diagnosis (D)tesion (D)contra (D)wM FAz esion FA contra FAwM 

1 infarct (no blood) 1366 ± 235 871 ± 130 871 ± 130 0.34 ± 0.18 0.71 ± 0.07 0.71 ± 0.07 
2 hemorrh. infarct 1397 ± 296 1003 ± 106 855 ± 102 0.20 ± 0.11 0.32 ± 0.10 0.33 ± 0.07 
3 (fresh) infarct 412 ± 124 838 ± 96 838 ± 96 0.52 ± 0.15 0.43 ± 0.12 0.43 ± 0.12 
4 infarct, hemorrh. Component 1277 ± 231 942 ± 136 925 ± 148 0.26 ± 0.11 0.38 ± 0.11 0.36 ± 0.15 
5 infarct, isch. WM lesions 1437 ± 149 813 ± 59 851 ± 70 0.20 ± 0.06 0 .39 ± 0.11 0.36 ± 0.08 
6 tumor 1331 ± 100 823 ± 81 783 ± 110 0.18 ± 0.08 0.44 ± 0.14 0.44 ± 0.12 
7 tumor 1429 ± 125 805 ± 66 826 ± 71 0.21 ± 0.09 0.40 ± 0.12 0.37 ± 0.12 
8 tumor 1975 ± 277 939 ± 109 939 ± 109 0.17 ± 0.07 0.34 ± 0.11 0.34 ± 0.11 
9 tumor 953 ± 51 883 ± 97 825 ± 90 0.35 ± 0.10 0.43 ± 0.11 0.42 ± 0.12 
10 WM lesions (MS) 1170±121 922 ± 92 922 ± 92 0.35 ± 0.09 0.30 ± 0.11 0.30 ± 0.11 
11 WM lesions 1641 ± 181 1005 ± 84 1078 ± 83 0.20 ± 0.06 0.25 ± 0.07 0.34 ± 0.09 
12 WM lesions 1132 ± 141 946 ± 130 946 ± 130 0.38 ± 0.13 0 .33 ± 0.09 0.33 ± 0.09 
13 WM lesions 1511 ± 186 792 ± 137 792 ± 137 0.25 ± 0.10 0.45 ± 0.13 0.45 ± 0.13 

Àt,lesion Àl ,contra Àl,WM ..\2 ,lesion À2,contra À2,WM À3 ,lesion À3 ,contra À3,WM 
lll e. 
00 

1 1845 ± 318 1670 ± 239 1670 ± 239 1376 ± 282 773 ± 159 773 ± 159 876 ± 369 168 ± 107 168 ± 107 0 
2 1666 ± 326 1331 ± 133 1150 ± 147 1396 ± 291 999 ± 127 844 ± 130 1128 ± 336 681 ± 180 571 ± 101 c-t-

'"' 3 661 ± 241 1236 ± 186 1236 ± 186 390 ± 115 802 ± 126 802 ± 126 185 ± 104 475 ± 149 475 ± 149 0 
4 1606 ± 239 1315 ± 230 1285 ± 217 1257 ± 258 928 ± 147 887 ± 172 967 ± 280 581 ± 164 603 ± 202 ~ 
5 1728 ± 186 1143 ± 129 1188 ± 153 1404 ± 173 809 ± 102 811 ± 102 1180 ± 161 487 ± 125 554 ± 81 "rj 6 1585 ± 161 1224 ± 178 1144 ± 153 1296 ± 124 789 ± 151 775 ± 137 1114 ± 136 455 ± 144 431 ± 166 
7 1752 ± 223 1165 ± 167 1140 ± 110 1370 ± 161 761 ± 100 819 ± 113 1163 ± 145 489 ± 121 519 ± 161 ~ 
8 2282 ± 286 1246 ± 160 1246 ± 160 2003 ± 277 969 ± 132 969 ± 132 1640 ± 332 602 ± 172 602 ± 172 lll 
9 1620 ± 154 1210 ± 157 1244 ± 156 1431 ± 122 761 ± 142 847 ± 87 1275 ± 136 468 ± 152 529 ± 155 ::;l 

10 1632 ± 200 1222 ± 165 1222 ± 165 1084 ± 161 893 ± 99 893 ± 99 796 ± 150 650 ± 146 650 ± 146 0... 
c-t-

11 1998 ± 155 1244 ± 110 1474 ± 181 1542 ± 228 1018 ± 116 1038 ± 114 1384 ± 197 753 ± 110 723 ± 128 p-' 
12 1626 ± 301 1260 ± 166 1260 ± 166 1053 ± 161 947 ± 159 947 ± 159 719 ± 151 631 ± 146 631 ± 146 ('!) 

13 1909 ± 434 1184 ± 133 1184 ± 133 1490 ± 198 719 ± 209 719 ± 209 1135 ± 170 472 ± 169 472 ± 169 ('!) 

oti' 
('!) 
::;l 

a3 -.: 
('!) 
00 

:?:' ~ 
,--..._ ~ 1:: 
8 ~ .., ;::3 
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Appendix E 

Simulation results 

In figures E.l and E.2 simulation results are shown, as discussed in chapter 8. 
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Figure E.l: Simulation results for different isotropy levels for two different noise level (SNR 
= 20 and 50). )q = 1200, >.2 = 800 and >.3 = 450 in the anisotropic case (isotropy = 0%) and 
>.1 = >.2 = À3 = 900 in the isotropie case (isotropy = 100%). (a) and (b) with SNR = 50, (c) 
and (d) with SNR = 20. 
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Figure E.2: Simulation results for different SNR values for the anisotropic case (a)-(d) >.1 = 
1200, >.2 = 800 and >.3 = 450 and (e)-(f) Àl = À2 = À 3 = 900. (a), (b), (e) and (f) with 
gradient overplus on, (c) , (d), (g) and (h) with gradient overplus off. 



Appendix F 

Image realignment tests 

D ifferent realignment tests have been performed to validate the correction procedure pro
posed by Haselgrove et al. [71]. The images used for testing are shown in this appendix. 

At the end of this appendix a table is shown with (D), FA and Ài values in the corpus 
callosurn and white matter, in corrected and nat corrected images from a healthy volunteer. 
Figure F.l: translation over a discrete number of pixelscan be perfectly corrected for. Fig
ure F.2: magnification can nat be perfectly corrected for, because the magnification step of 
0.01 is toa rough. Figure F.3: shear over a discrete number of pixels can almast be perfectly 
corrected for. The few pixels difference are probably caused by the least square straight line 
fitting through the discrete magnification and translation results. Figure F.4: magnification 
and translation can nat be perfectly corrected for, again because the magnification step of 
0.01 is toa rough. Figure F.5: magnification, translation and shear on a more difficult shape 
are even more difficult to correct for. 
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(a) (b) (c) (d) 

Figure F.l: (a) Undistorted image, (b) distorted image showing a translation of 5 pixels, 
( c) corrected image and ( d) difference between the corrected and original image, showing no 
difference. 

'1!, --
(a) (b) (c) (d) 

Figure F.2: (a) Undistorted image, (b) distorted imageshowinga magnification by a factor 
1.10, (c) corrected image and (d) difference between the corrected and original image, showing 
one row difference at the edges . 

• 
(a) (b) (c) (d) 

Figure F.3: (a) Undistorted image, (b) distorted image showing a shear over 5 pixels, (c) 
corrected image and (d) difference between the corrected and original image, showinga few 
pixels difference. 
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Image realignment tests 

(a) (b) (c) (cl) 

Figure F.4: (a) Undistorted image, (b) distorted image showinga translation over -5 pixels 
and a magnification by a factor 1.05, (c) corrected image and (d) difference between the 
corrected and original image, showing two rows difference at the edges. 
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Figure F.5: (a) Undistorted image with a more difficult shape, (b) distorted image showing 
a translation over -5 pixels, a magnification by a factor 0.90 and a shear over 5 pixels, (c) 
corrected image and (d) difference between the corrected and original image, showing approx
imately two rows difference at the edges. 
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Table F.l: (D), FA and Ài in the corpus callosurn and white matter, in corrected and not 
corrected images from a healthy volunteer. 

Recon matrix Corpus Callosurn 

(D) FA Àl À2 À3 

128 806 ± 186 0.60 ± 0.12 1392 ± 269 710 ± 203 318 ± 228 
128 corrected 806 ± 190 0.58 ± 0.13 1363 ± 303 725 ± 194 331 ± 221 
256 977 ± 114 0.76 ± 0.07 2041 ± 267 644 ± 146 245 ± 139 
256 corrected 1041 ± 265 0.74 ± 0.11 2149 ± 664 703 ± 185 271 ± 173 
512 994 ± 113 0.77 ± 0.10 2093 ± 210 689 ± 267 199 ± 137 
512 corrected 985 ± 98 0.83 ± 0.06 2243 ± 131 549 ± 212 164 ± 115 

White matter 

(D) FA Àl À2 À3 

128 787 ± 96 0.40 ± 0.10 1140 ± 163 738 ± 108 485 ± 119 
128 corrected 791 ± 114 0.40 ± 0.11 1139 ± 189 741 ± 128 492 ± 129 
256 865 ± 82 0.38 ± 0.10 1223 ± 154 831 ± 127 541 ± 113 
256 corrected 893 ± 94 0.38 ± 0.08 1255 ± 188 865 ± 118 560 ± 97 
512 849 ± 87 0.34 ± 0.11 1160 ± 208 833 ± 100 553 ± 101 
512 corrected 898 ± 85 0.38 ± 0.11 1272 ± 218 866 ± 116 557 ± 88 
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