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Chapter 1

Introduction

Stroke is a life-threatening disease that causes 9% of all deaths around the world [1].

About 87% stroke is caused by ischemia [1], which can be treated with the thrombolytic

therapy within a narrow time window to restore the blood perfusion [2–4]. This treatment

requires an accurate patient selection due to the risk of causing haemorrhage [5]. There-

fore, developments of diagnostic methods for locating the ischemic region and assessing

the severity are of great interest in stroke research.

Since introduced in 1973 [6], magnetic resonance imaging (MRI) has become one of the

most important imaging techniques in modern radiology due to its non-invasive and non-

radioactive methodology. Its usage in acute stroke management has widely and rapidly

increased during the last decades due to its capability of early detection of ischemic lesions

in multiple modalities, such as perfusion imaging (PI) [7] and diffusion-weighted imaging

(DWI) [8]. Nowadays, clinicians employ the PI-DWI mismatch [9–12] to approximate the

ischemic penumbra, which is the tissue at risk of infarction but still being salvageable [13].

However, this mismatch concept is challenged by the recoverable acute diffusion lesion

and the overestimation of the ischemia in PI [14–17].

Two MRI techniques have been recently reported to provide novel imaging markers in

the brain: 1) vessel size imaging, estimating the microvessel density (MVD) [18] and

the mean vessel size [19, 20]; 2) amide proton transfer (APT) imaging, providing a pH-

weighted contrast [21]. Both of them demonstrate the potential in describing pathologies

of cerebrovascular diseases. However, neither of them has so far been utilized in the

clinical stroke application.

1



2 CHAPTER 1. INTRODUCTION

Given that ischemia is a complex and multi-factored process, pathological changes of the

microvasculature and the metabolic mechanism are expected in the ischemic tissue [22–

24]. Therefore, this work aims at the development of vessel size imaging and APT

imaging in clinical stroke application, as well as the evaluation of the corresponding

imaging markers for penumbra description.

This thesis is structured in five parts:

In the first part Background and Motivation, principal concepts of MRI, which are

involved in this study, are covered in Chapter 2. Fundamental knowledge of ischemic

stroke, such as its causes, classification and pathophysiology is introduced in Chap-

ter 3. The current stroke MRI techniques, as the powerful diagnostic tool to identify

the ischemic penumbra, are reviewed in Chapter 4 according to the on-going 1000Plus

study performed in our imaging center (Center for Stroke Research Berlin at the Campus

Benjamin Franklin of the Charité University Hospital Berlin). Chapter 5 addresses the

motivation of this work for a better description of the ischemic penumbra.

The second part Vessel Size Imaging describes first the state of the art of this tech-

nique in Chapter 6. Chapter 7 demonstrates the feasibility of this technique in clinical

acute stroke studies by applying it in healthy subjects and a small patient cohort. The

contribution of this technique in ischemic stroke research is evaluated in a group study

in Chapter 8.

The third part New Concept on Dynamic Susceptibility Contrast Imaging demon-

strates an extended work about an observation during the study of vessel size imaging,

which is a hysteresis loop formed by the dynamic changes of transverse relaxation rates

during the passage of the contrast agent (CA) bolus through the vasculature. This ob-

servation is introduced in Chapter 9. The formation of the loop is studied in Chapter 10

by simulating nuclear magnetic resonance (NMR) signals in a vascular tree model. To

characterize the shape and the direction of the loop, Chapter 11 proposes an imaging

marker and demonstrates its potential usage in cerebrovascular diseases.

The other novel imaging technique Amide Proton Transfer Imaging is introduced in

the fourth part. The background of this technique, as well as its limitation in clinical ap-

plication, is described in Chapter 12. The development of a pulse sequence with embedded

field map and its preliminary application in subacute stroke patients are demonstrated
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in Chapter 13.

The final part Summary and Outlook summarizes the current work in Chapter 14 and

gives an outlook of further research topics in Chapter 15.
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Part I

Background and Motivation
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Chapter 2

Magnetic Resonance Imaging

MRI is a medical imaging technique used in radiology to visualize detailed internal struc-

tures by making use of the property of NMR to image nuclei of atoms inside the body.

In this chapter, we briefly introduce the fundamental concepts of the NMR [25, 26] and

the basic MRI sequence schemes [27, 28] to cover the background knowledge of MRI

referenced in the following chapters. We note that the NMR physics introduced in this

chapter is based on the classical Bloch formalism without including the interpretation in

quantum mechanics.

2.1 Fundamental Concepts of Nuclear Magnetic Res-

onance

NMR is a physical phenomenon in which magnetic nuclei in a magnetic field absorb and

re-emit electromagnetic radiation. In the biological tissue with large content of water

molecules, the NMR of the protons in hydrogen atoms (1H) contributes to the contrast

of MRI.

2.1.1 Proton Spins and Magnetization

A proton spinning around its axis results in an intrinsic magnetic dipole moment ~µ. It

also interacts with an external magnetic field ~B0 to experience the precession about the

7



8 CHAPTER 2. MAGNETIC RESONANCE IMAGING

Figure 2.1: By definition, precession is the circular motion of the axis of rotation of a spinning
body about another fixed axis caused by the application of a torque in the direction of the
precession. The interaction of the proton’s spin with the magnetic field produces the torque,
causing it to precess about ~B0 as the fixed axis. Figure is modified from [28].

direction of the field (see Fig. 2.1). The precession angular frequency for the proton

magnetic moment is given by

ω0 = γB0, (2.1)

where ω0 is referred to as the Larmor frequency, and γ is the constant named as the

gyromagnetic ratio. The hydrogen proton in water has a γ of 2.68× 108 rad/s/T, which

results in a Larmor frequency of 127.8 MHz for a 3 T magnetic field. The magnetic

moment vector for a spin aligns in either parallel (lower energy) or anti-parallel (higher

energy) direction along the external magnetic field due to thermal energy kT , where k is

the Boltzmann’s constant and T is the absolute temperature. The number of spins in a

parallel alignment exceeds that in an anti-parallel alignment with a fraction of h̄ω0/2kT

in the total number of spins in the sample. Here, h̄ ≡ h/(2π) is in terms of the Planck’s

quantum constant h. Although the fraction of spin excess is in the order of one in millions,

it is enough to achieve a significant magnetization ~M per unit volume as the composition

of all the spin moment vectors as

~M =
1

V

∑
i

~µi (2.2)

in a macroscopic sample size V because of the large abundance of spins in biological tissue.

For a sample with a spin density of ρ0, the longitudinal equilibrium magnetization M0
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along the external field ~B0 direction is given by

M0 =
ρ0γ

2h̄2

4kT
B0. (2.3)

2.1.2 Relaxation

Similar to the effect of the gravitational field on a spinning top, the torque on a macro-

scopic magnetization ~M due to an external magnetic field ~B follows the differential equa-

tion
d ~M

dt
= γ ~M × ~B, (2.4)

if no interaction between spins and the neighbourhood environment is considered. Eq. (2.4)

can be separated into two decoupled equations for a longitudinal magnetization compo-

nent Mz parallel to the external magnetic field ~B and a transverse magnetization com-

ponent M⊥ in the plane perpendicular to ~B:

dMz

dt
= 0, (2.5)

d ~M⊥
dt

= γ ~M⊥ × ~B. (2.6)

Interactions of protons with their neighbourhood lead to additional terms in Eq. (2.4),

which are discussed as follows.

Introduction of T1

A macroscopic magnetization ~M that has been tilted by a radio frequency (RF) pulse

in a static field will return to its macroscopic statistical equilibrium M0. This process

is called “spin-lattice relaxation”. Nuclei held within a lattice structure are in constant

vibrational and rotational motion, creating a complex magnetic field. The magnetic field

caused by thermal motion of nuclei within the lattice is called the lattice field. The

lattice field of a nucleus in a lower energy state can interact with nuclei in a higher

energy state, causing the energy of the higher energy state to distribute itself between

the two nuclei. Therefore, the energy gained by nuclei from the RF pulse is dissipated

as increased vibration and rotation within the lattice, which can slightly increase the
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temperature of the sample. The rate of change of the longitudinal magnetization Mz

can be characterized by a empirically-determined constant referred as the longitudinal

relaxation rate R1. Its inverse T1 ≡ 1/R1 is the experimental longitudinal relaxation

time. So the component Mz in Eq. (2.5) takes the form of

dMz

dt
=

1

T1
(M0 −Mz) , (2.7)

where M0 is the equilibrium magnetization.

Introduction of T2

The mechanism that the transverse magnetization M⊥ decays towards its equilibrium

value of zero due to the dephasing of spins is called “spin-spin relaxation”. The same

mechanism that is active in spin-lattice relaxation is active for spin-spin relaxation. Ad-

ditionally, spins interact with each other through coupling or chemical exchange. During

the spin-spin relaxation, the individual spins dephase with time and thus reduce the net

magnetization vector. The rate of reduction in transverse magnetization is characterized

by another experimental parameter R2, referred to as the transverse relaxation rate. Its

inverse T2 ≡ 1/R2 is named as the transverse relaxation time. The differential equation

in terms of the transverse magnetization M⊥ is changed by the addition of term with a

transverse relaxation time as

d ~M⊥
dt

= γ ~M⊥ × ~B − 1

T2
~M⊥. (2.8)

Introduction of T ∗2 and T ′2

In practice, there are additional dephasing mechanisms affecting the transverse relaxation

in biological tissue. First, spins at different positions in a sample may experience different

field strength. The magnetic field inhomogeneity can be either due to a variation of the

static magnetic field, or induced by biological tissue structures, such as blood vessels and

nerve fibres. This decay is principally reversible by RF rephasing if spins stay within the

same scale of field strength before and after the RF refocusing. On the other hand, spins

may diffuse to other places in a magnetic gradient field. This decay is irreversible since
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it is impossible to restore the position of spins.

The decay of magnetization affected by field inhomogeneity and diffusion is characterized

by a rate R′2. So the total effective relaxation rate, defined as R∗2, is the sum of the spin-

spin interaction relaxation rate and the additional relaxation rate as

R∗2 = R2 +R′2. (2.9)

Its inverse T ∗2 ≡ 1/R∗2 takes the form of

1

T ∗2
=

1

T2
+

1

T ′2
. (2.10)

Bloch Equation

The differential Eqs. (2.7) and (2.8) can be combined into one vector equation as

d ~M

dt
= γ ~M⊥ × ~B +

1

T1
(M0 −Mz) ẑ −

1

T2
~M⊥, (2.11)

which is referred to as the Bloch equation. For a constant field case ~B = B0ẑ, the

corresponding solutions in a rotation frame about z-axis with the Larmor frequency are

Mz(t) = Mz(0)e−t/T1 +M0

(
1− e−t/T1

)
, (2.12)

M⊥(t) = M⊥(0)e−t/T2 . (2.13)

2.2 Imaging Techniques

2.2.1 Gradient Echo and T ∗2

The simplest MRI experiment can be done by the application of a 90◦ RF pulse to rotate

the longitudinal magnetization M0 into the transverse plane and the measurement of the

induced signal decay. This experiment is called the free induced decay (FID).
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Figure 2.2: Sequence schemes of basic (A) gradient echo (GE) and (B) spin echo (SE) sequences.
TE indicates the echo time; RF, radio-frequency pulse; SS, slice selection; PE, phase encoding;
RO, readout.

According to Eq. (2.13), the recorded signal in the rotation frame takes the form of

M⊥(t) = M0e
−t/T ∗

2 . (2.14)

We note that the relaxation is characterized by T ∗2 rather than T2, since magnetic field

inhomogeneities affect the decay in practice.

A gradient echo (GE) is generated by using a pair of bipolar gradient pulses. In Fig. 2.2A,

the basic GE sequence is illustrated. The data are sampled during a GE, which is achieved

by dephasing the spins with a negatively pulsed gradient before they are rephased by an

opposite gradient with opposite polarity to generate the echo. Essentially, the signal

acquired corresponds to the FID, as the echo producing gradients only compensate for

the applied imaging gradients.

In an MRI experiment, the scheme in Fig.2.2A is played repeatedly to acquire multiple

lines in k-space with an interval of repetition time (TR), so that the start magnetiza-

tion for FID from the second TR on is M0

(
1− e−TR/T1

)
instead of M0. Therefore, the

magnetization vector contributing to the GE is

M⊥(TE) = M0

(
1− e−TR/T1

)
e−TE/T

∗
2 , (2.15)

where TE is the echo time. For a long TR (relative to T1) and TE comparable with

T ∗2 , the image is weighted by both spin density and T ∗2 . The contrast between tissues

with different T2 is enhanced. For a sequence with such parameter settings, we call it
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T ∗2 -weighted imaging. Its usage in stroke research is introduced in Section 4.2.2.

2.2.2 Spin Echo

A spin echo (SE) sequence is illustrated in Fig. 2.2B. The 90◦ excitation pulse rotates

the longitudinal magnetization into the xy-plane and the dephasing of the transverse

magnetization M⊥ starts. The following application of a 180◦ refocusing pulse generates

signal echoes. The purpose of the 180◦ pulse is to rephase the spins, causing them to

regain coherence and thereby to recover the transverse magnetization, producing an SE.

A multiple SE experiment (e.g. Carr-Purcell-Melboom-Gill sequence [29, 30]) applying

multiple 180◦ pulses after a single 90◦ pulse can be a way to approach the intrinsic T2, if

the refocusing is effective over the whole sample and the irreversible dephasing caused by

spatial diffusion of spins is minimized. This condition is hard to achieve since it requires

the exact performance of RF pulses and the minimized inter-echo time. Therefore, the

measured SE relaxation time T2SE is shorter than the intrinsic T2 and depends on the

sequence parameters used in the experiment.

2.2.3 Inversion Recovery

The inversion recovery experiment produces imaging contrasts sensitive to T1. The ap-

plication of an initial 180◦ inversion pulse before a basic GE or SE sequence (see Fig. 2.3)

rotates the longitudinal magnetization first into the negative ẑ direction, so that Mz

starts with a negative of the equilibrium value

Mz(0) = −M0. (2.16)

The inversion time (TI) is defined as the time between the inversion pulse and the 90◦

excitation pulse. The magnetization regrows to its equilibrium value in the interval of TI

according to Eq. (2.12)

Mz(t) = M0

(
1− 2e−t/T1

)
, when 0 < t < TI . (2.17)
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Figure 2.3: The diagram of inversion recovery sequence. RF indicates the radio frequency
pulses; SS, slice selection; PE, phase encoding; RO, readout; TI , inversion time.

After the longitudinal magnetization is tipped into the transverse plan to provide the

initial signal, the magnitude of the transverse magnetization evolves as

M⊥(t) =
∣∣M0

(
1− 2e−TI/T1

)∣∣ e−(t−TI)/T2 , when t > TI . (2.18)

We note that the factor
∣∣M0

(
1− 2e−TI/T1

)∣∣ is zero if TI is selected as

TI = T1 ln 2. (2.19)

For a uniform sample, T1 can be precisely measured by varying TI to achieve a zero in

signal.

2.3 Magnetic Properties of Tissue and Contrast Agents

The magnetic susceptibility χ is an intrinsic property of a material, which is the degree of

magnetization of a material in response to a magnetic field. Susceptibility variations in

body tissue and exogenous CAs can be useful in contributing imaging contrasts in MRI.

All materials have induced dipole moments in the presence of external magnetic fields.

The electrons pair up to cancel their spin magnetic moments. This effect is called dia-

magnetism. The macroscopic sum of the induced moments is roughly anti-parallel to

the external magnetic field, so that its associated macroscopic field weakly opposes the

external field. The susceptibility is negative χ < 0 for diamagnetic materials.
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An atom with an unpaired electron has a non-vanishing permanent magnetic moment

with an associated non-zero dipole magnetic field. Those atom moments in a material

would tend to align with an external magnetic field, producing a bulk magnetic moment

and a corresponding macroscopic magnetic field augmenting the external field. This effect

is referred to as paramagnetism, which is a much stronger effect than diamagnetism. The

susceptibility is positive χ > 0 for paramagnetic materials.

Metal ions show a suitable paramagnetic effect which depends on the number of unpaired

electrons in the ion. The Fe3+ and Gd3+ ions are suitable candidates for a relaxation

agent, since their electron-spin relaxation time matches the Larmor frequency of the

protons (about 10−8 - 10−10 s). A deoxyhemoglobin molecule consisting of a Fe3+ ion

with unpaired electrons is paramagnetic and is served as an endogenous CA in functional

blood-oxygen-level dependence imaging [31]. Since free Gd3+ ions are extremely toxic,

they are bound into a chelate complex in intravenous CAs for clinical use.

Paramagnetic CAs affect the MRI contrast in two ways: dipolar relaxation effects and

susceptibility induced relaxation effects [32].

In the former process, the relaxation of tissue is enhanced by the dipole-dipole interaction

between the free electron spins of the paramagnetic ion in a CA molecule and the proton

spins in water [33]. A linear relationship between the CA concentration and the increase

in relaxation rates [34, 35] can be defined in terms of the relaxivity of the CA as

R1 = R0
1 + r1C, (2.20)

R2 = R0
2 + r2C, (2.21)

where R0
1 and R0

2 are the relaxation rates without the presence of the CA, r1 and r2 are

the relaxivity constants of the CA, and C is the molar concentration of the CA.

The latter process can be understood as the magnetic field inhomogeneity induced by a

paramagnetic CA. The induced magnetic field ~Bi of a material in an external magnetic

field ~B0 is

~Bi = (1 + χ) ~B0. (2.22)

Therefore, a paramagnetic CA with a susceptibility change ∆χ compared to the sur-

rounding tissue will induce a local field difference of ∆B = ∆χB0. This leads to a shift
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of Larmor frequency

∆ω = γ∆χB0, (2.23)

and thus shortens T2/T
∗
2 with a consequent dephasing of spins during the transverse

relaxation.



Chapter 3

Ischemic Stroke

A stroke is the rapidly developing loss of brain functions due to the disturbance in the

blood supply to the brain, and causes 9% of all deaths around the world as the second most

common cause of death after ischemic heart disease [1]. Stroke can be either ischemic or

haemorrhagic (see Fig. 3.1). Ischemic strokes are those that are caused by interruption of

the blood supply, while haemorrhagic strokes are the ones which result from the rupture

of a blood vessel or an abnormal vascular structure. About 87% of strokes are caused by

ischemia [1]. In this chapter, we review the fundamental knowledge of ischemic stroke,

such as its causes, classification and pathophysiology.

3.1 Causes and Classification

Cerebral ischemia is a restriction of the blood supply to the brain, leading to the dys-

function and death of the brain tissue. The restriction of the blood can be thrombosis

or embolism.

The thrombosis is the obstruction of a blood vessel by a thrombus forming locally in an

artery directly leading to the brain. The thrombosis can arise from the large vessels (e.g.

the internal carotid artery, the vertebral artery and the circle of Willis), or the small

arteries inside the brain (e.g. branches of circle of Willis and middle cerebral artery,

and the arteries arising from the distal vertebral and basilar artery) [36]. In rare cases,

the thrombosis originates from the dural venous sinuses, where the thrombus is formed

due to the locally increased venous pressure exceeding the pressure generated by the

17
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A

B

Figure 3.1: Subtypes of stroke: (A) ischemic and (B) haemorrhagic stroke. (A) Ischemic
stroke is caused by the interruption of blood flow to the brain due to a clot, which stops the
flow of the blood to the tissue. The shortage of oxygen and nutrients results in tissue damage.
(B) Haemorrhagic stroke is caused by the rupture of a blood vessel or an abnormal vascular
structure. Blood leaks into brain tissue and causes the cell death. Images are from the Heart
and Stroke Foundation of Canada.
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arteries [37, 38].

The embolism is the blockage of an artery due to an embolus travelling in the arterial

bloodstream originating from elsewhere of the body, most commonly from the heart.

Emboli of cardiac origin are a frequent cause of large brain infarcts and haemorrhagic

brain infarcts with often initial severe symptoms [39]. On the other hand, the embolism

linked with the system hypoperfusion is associated with less severe clinical deficits. The

borderzone infarction between the territories of two major arteries is often seen in this

case [40].

The trial of Org 10172 in acute stroke treatment (TOAST) classification based mainly on

the aetiology differentiates cerebral ischemia into large-artery atherosclerosis from em-

bolus or thrombosis, cardioembolism, small-vessel occlusion, stroke of other determined

aetiology and stroke of undetermined aetiology [36]. This classification aids clinicians to

monitor the prognosis, the outcome and the management of stroke patients [41–43].

3.2 Pathophysiology

The reduction of blood flow and energy supply to the brain during ischemia triggers

several mechanisms, which lead to cell death. The evolution of these pathophysiological

processes spreads from hours to days (Fig. 3.2) and mediates the injury of neurons, glial

cells and microvessels [23].

The first consequence of perfusion deficit is the depletion of oxygen and glucose, which

causes the accumulation of lactate via anaerobic glycolysis. The acidosis modifies the

activity of antioxidant enzymes, enhances the free-radical formation and worsens the

brain injury by triggering the inflammation and the apoptosis [44–46].

Energy failure on Na+/K+ -ATPase and Ca2+/H-ATPase pumps leads to the elevation

of intracellular Na+, Ca2+ and Cl− and the increase of extracellular K+ [47]. This leads

to the loss of the osmotic pressure and the cytotoxic edema consequently. The loss of

the membrane potential results in the depolarization of neuron and glia. The excitotoxic

amino acids, especially glutamate, are discharged into the extracellular space, which harm

the neurons and cause the necrosis [23].



20 CHAPTER 3. ISCHEMIC STROKE

Figure 3.2: Putative cascade of damaging events in focal cerebral ischemia. Very early after
the onset of the focal perfusion deficit, excitotoxic mechanisms can damage neurones and glia
lethally. In addition, excitotoxicity triggers a number of events that can further contribute to
the demise of the tissue. Such events include peri-infarct depolarizations and the more-delayed
mechanisms of inflammation and programmed cell death. The x-axis reflects the evolution of
the cascade over time, while the y-axis aims to illustrate the impact of each element of the
cascade on final outcome. The figure is from [23].

Within minutes of occlusion, there occurs the upregulation of proinflammatory genes,

which produces mediators of inflammation. After the expression of adhesion molecules

at the vascular endothelium, neutrophils transmigrate from the blood into the brain

parenchyma, followed by macrophages and monocytes [48]. Whereas the microvascular

obstruction by neutrophils can worsen the degree of ischemia, production of toxic media-

tors by activated inflammatory cells and injured neurons can amplify tissue damage [49].

All the pathological processes mentioned above trigger the apoptosis, which occurs par-

ticularly in the tissue with milder ischemic injury, defined as ischemic penumbra (see

Section 4.1). The apoptotic process can last for days after the ischemia onset and is

mediated by two general signal pathways involving either the disruption of mitochondria

or the activation of death receptors located on the plasma membrane [50].

Apart from the neuron injury, microvessels undergo the mechanical or hypoxic damage

of vascular endothelium. Toxic damage of inflammatory molecules and free radicals, the

destruction of the basal lamina by matrix metalloproteinases, and the compression of

swollen astrocytic end-feet are potential causes of microvessel obstruction and blood-

brain-barrier disruption during ischemia [24, 51].



Chapter 4

Stroke Magnetic Resonance Imaging

The delineation of ischemic penumbra from normal tissue and infarction at the acute

stage is of great importance for targeting the patients for therapy and thus is the main

focus of stroke imaging research. MRI techniques provide not only the early detection of

ischemic lesion with high sensitivity, but also the capability of imaging the lesion with

multi-modalities. Therefore, its usage has widely and rapidly increased in acute stroke

management during the last decades. In this chapter, we review the concept of ischemic

penumbra as an imaging diagnostic target and introduce the 1000Plus study performed

in our imaging center, as well as the imaging sequences utilized in the protocols along

this study.

4.1 Ischemic Penumbra

Within areas of severely reduced blood flow, which is termed as the core of the ischemic

territory, excitotoxic and necrotic cell death occurs within minutes, and the tissue under-

goes irreversible damage in the absence of prompt and adequate reperfusion [23]. How-

ever, cells in the peripheral zones are supported by collateral circulation, and their fate

is determined by factors including the severity of ischemia and the timing of reperfusion.

In this peripheral region, termed as the ischemic penumbra, cell death occurs relatively

slowly. This region is considered to be potentially salvageable [52]. However, the extent

of penumbral tissue diminishes rapidly with time, thus the therapeutic time window is

narrow [53]. The thrombolytic therapy, which is the intravenous tissue plasminogen acti-
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vator (t-PA), currently restricts the treatment window to 4.5 hours [54], since the delayed

therapy increases the risk of haemorrhage [55]. The identification of ischemic penumbra

for a better patient selection is thus of great importance in stroke research.

The most relevant definition of ischemic penumbra for clinical practice is based on neu-

roimaging techniques. With the modern MRI techniques, the PI identifies the brain

tissue with reduced blood perfusion and the DWI locates the severe ischemic core [10–

12, 56]. The PI-DWI mismatch regions indicate the ischemic penumbra, which serves as

the target for thrombolytic therapy. Several clinical trials (the DIAS [57] and the DEDAS

trial [58]) employing MRI to select patients on the basis of the PI-DWI mismatch have

shown that patients treated in an extended time window have significantly higher rates

of reperfusion and improved 90th day clinical outcome.

On the other hand, this mismatch concept is challenged by the observation that the

DWI lesion may not be restricted to the infarct core [59] and the perfusion deficit often

overestimates the final infarction [17, 60]. Furthermore, the definition of mismatch region

is complicated by the selection of perfusion parameters [61], processing methods [62] and

delineation thresholds [63–65]. Further investigations are certainly needed for profiling

the mismatch concept. The on-going 1000Plus study performed in our stroke imaging

center was designed to validate the PI parameter for infarct prediction and is introduced

in the following Section 4.2.

Moreover, given that the ischemic tissue damage is complex and multi-factorial [23, 24],

novel imaging markers can augment existing penumbral imaging and provide great in-

sights into disease pathophysiology and perhaps, if validated, serve to help guide treat-

ment decisions.

4.2 1000Plus Study

The 1000Plus study is an on-going trial designed as a prospective, single center observa-

tional study conducted by our stroke imaging center to describe the incidence of mismatch

and the predictive value of PI for final lesion volume depending on door-to-imaging time

and vascular recanalization [66].
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4.2.1 Study Design

The study aims to include 1200 patients and cover their MRI examinations from the

acute stroke onset to one-week follow-ups. The inclusion criteria and study design are

shown in Fig. 4.1.

All the examinations are performed with a 3 T MRI scanner (Tim Trio; Siemens AG,

Erlangen, Germany). Our MRI protocol for acute stroke patients contains the following

sequences for the day of admission (day 1) and day 2: T ∗2 -weighted imaging to screen

for intracerebral haemorrhage; DWI to assess cerebral infarction; time-of-flight magnetic

resonance angiography (TOF-MRA) to detect vessel occlusion; fluid attenuation inversion

recovery (FLAIR) to estimate microangiopathic lesions load and to investigate the age of

the recent lesion; PI to determine the tissue at risk. On day 5 - 7, a third measurement

with a shorter protocol excluding PI is performed to assess the final infarct size on FLAIR.

An example of images obtained along the examination protocols is illustrated in Fig. 4.2.

Each imaging technique involved in the 1000Plus study is described in detail as follows.

4.2.2 T ∗2 -weighted Imaging

T ∗2 -weighted imaging uses a basic GE sequence with a TE between the longest and shortest

tissue T2 of interest and a long TR compared to T1. According to

M⊥(TE) = M0

(
1− e−TR/T1

)
e−TE/T

∗
2 , (2.15)

the contrast between tissue with different T ∗2 s is enhanced. The T ∗2 -weighted contrast is

sensitive to susceptibility changes. The haemorrhage appears dark in T ∗2 -weighted image

due to the ferric iron deposition (see Fig. 4.2 on day 2 and day 6). The T ∗2 -weighted

imaging is performed in priority of other scans for exclusion of patients with bleeds for

the thrombolytic therapy.
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Figure 4.1: Study design and inclusion criteria of the 1000Plus Study. The figure is from [66].
ER indicates emergency room; CT, computer tomography; MRI, magnetic resonance imaging;
DWI, diffusion-weighted imaging; TOF-MRA, time-of-flight magnetic resonance angiography;
FLAIR, fluid attenuation inversion recovery; mRS, modified ranking scale to assess functional
recovery in randomized stroke trials.
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Figure 4.2: Example of images from a patient (female, 85 years) included in the 1000Plus study.
The patient had a right middle cerebral artery infarct, M1 artery occlusion and perfusion imag-
ing (PI) - diffusion-weighted imaging (DWI) mismatch on day 1, haemorrhagic transformation
in the infarction on day 2, and increased infarction volume on day 6. FLAIR indicates fluid
attenuation inversion recovery; MRA, magnetic resonance angiography; MTT, mean transit
time; D1, first day after symptom onset; D2, second day after symptom onset; D6, sixth day
after symptom onset.
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4.2.3 Time-of-Flight Magnetic Resonance Angiography

The TOF-MRA enables the delineation of the vessel lumen by using the blood flow

effects [67]. The blood flow is assumed to be perpendicular to the imaging plane or

volume in the case of a three-dimensional (3D) study. For TR shorter than the T1 of

the stationary spins within the slice, the signal will be reduced due to partial saturation

effects. Blood flow in the vessel will move spins from outside the slice which have not been

subjected to the spatially selective RF pulses into the imaging slice. These unsaturated

or fully relaxed spins have full equilibrium magnetization, and therefore upon entering

the slice will produce a much stronger signal than stationary spins assuming that a

GE sequence is applied. This effect is referred to as inflow enhancement [68]. A 3D

reconstruction is performed to extract the vessel lumen from the plane images [69].

4.2.4 Fluid Attenuation Inversion Recovery

The FLAIR pulse sequence is a derivative of the inversion recovery sequence illustrated

in Fig. 2.3. The 180◦ inversion pulse is attached prior to the 90◦ excitation pulse of an SE

acquisition, so that the longitudinal magnetization rotates into the negative plane after

the inversion pulse. According to Eq. (2.18), the transversal magnetization M⊥ recorded

at the time of TE is

M⊥(TE) =
∣∣M0

(
1− 2e−TI/T1

)∣∣ e−(TE−TI)/T2 , (4.1)

where TI is the inversion time. According to Eq. 2.19, the effects of the fluid from the

resulting image can be removed by selecting an appropriate TI as

TI = T1CSF ln 2, (4.2)

where T1CSF is the T1 of the cerebrospinal fluid (CSF). The M⊥ of the CSF in Eq. (4.1)

is nulled.

This technique suppresses the signal of fluid, which appears very bright in a normal T2

contrast. Therefore, the lesions adjacent to the cerebral cortex and ventricles, which are

normally covered by the CSF signal, are visible by the dark fluid technique. The FLAIR
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Figure 4.3: The diagram of an SE diffusion imaging sequence with the diffusion gradient (ampli-
tude, G; duration, T ) added in the phase-encoding direction. RF indicates the radio frequency
pulses; SS, slice selection; PE, phase encoding; RO, readout; EPI, echo planar imaging.

sequence is widely used in detecting lesions with a long T2, for example, the vasogenic

edema surrounding a brain tumour [70, 71] and multiple sclerosis plaques [72] within the

periventricular white matter. In stroke imaging, FLAIR images are used to identify the

final infarction (see Fig. 4.2 on day 6).

4.2.5 Diffusion-weighted Imaging

The diffusion imaging sequence is able to measure the signal attenuation from the molec-

ular motion in a certain direction by adding diffusion gradients to a basic sequence [73].

An example of the SE diffusion imaging sequence measuring the diffusion in the phase-

encoding direction is shown in Fig. 4.3 with the gradient amplitude of G and the duration

of T . According to the diffusion theory, the protons following the random walk will bring

the signal decay as

S(G) = S(0)e−bD, (4.3)

where S(G) is the MRI signal intensity with the amplitude of the diffusion gradient G,

S(0) is the MRI signal density without performing the diffusion gradient, and D is the

diffusion coefficient. The gradient configuration factor b is defined as

b = 2γ2T 2G2(τ − T/3), (4.4)
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Figure 4.4: Image modalities of diffusion imaging techniques in a stroke patient (female, 73
years) with right middle cerebral artery infarct. DWI indicates diffusion-weighted imaging;
ADC, apparent diffusion coefficient; b, a gradient configuration factor described in Eq. (4.4)
with the unit of s/mm2.

where γ is the gyromagnetic ratio, and τ is the time from the start point of the diffusion

gradient to the centerline of refocusing RF pulse.

Hence, the different coefficient D(x, y) in a certain direction (x, y) is obtain from a slope

fitting as following:

D(x, y) = −1

b
ln
S(x, y,G)

S(x, y, 0)
, (4.5)

where the S(x, y,G) indicates a diffusion-weighted signal in the direction of (x, y). In our

imaging center, diffusion gradients were performed in six different directions with b =

1000 s/mm2 and b = 0 s/mm2 (Fig. 4.4). The magnitude of the vector ~D is conventionally

named as the apparent diffusion coefficient (ADC).

As described in Section 3.2, the membrane pumps become short of energy and stop

functioning within minutes of ischemia. Osmotic pressure is consequently lost between

the extracellular fluid and the cytoplasm. This results the movement of water from the

extracellular space to the cells, which get swelling. The extracellular motion of water

molecules is restricted due to the shortage of the extracellular space. This leads to a

reduction of the ADC. Therefore, the ADC enables an early detection of the ischemic

region, which appears a dark area in the ADC map (Fig. 4.4). Clinicians often employ

diffusion-weighted images for lesion identification, since the ischemia is more recognizable

as a clearly demarcated hyperintensity.
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Figure 4.5: Illustration of process method in perfusion imaging in a patient (male, 78 years)
with left internal carotid artery occlusion measured 20 hours after symptom onset. (A) Three
echo planar imaging (EPI) images demonstrate the contrast change before, during, and after
the bolus passage. (B) The curve of the signal intensity for comparison between the region of
ischemic tissue and the contralateral healthy tissue. (C) The ∆R2 curve and the definition of
the parameter time to the peak (TTP).

4.2.6 Perfusion Imaging

In our imaging center, the dynamic susceptibility contrast (DSC) imaging is used to

quantify the hemodynamic perfusion. It requires the injection of a bolus of the CA and

employ a dynamic GE echo planar imaging (EPI) sequence to track the susceptibility-

induced signal loss during the bolus passage through the brain (Fig. 4.5A) [74].

The change in transverse relaxation rate measured by GE ∆R2GE is converted from the

raw MRI signal S(t) according to

∆R2(t) = − 1

TE
ln
S(t)

S0

, (4.6)

where TE is the echo time and S0 is the baseline signal without CA injection.

According to Eq. (2.21), a linear dependence between the the change of transverse rate

and the concentration of the CA inside the tissue Ct(t) is assumed, so that

∆R2GE = rCt(t), (4.7)
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Figure 4.6: Illustration of the definition of perfusion parameters. CBV indicates cerebral blood
volume; CBF, cerebral blood flow; MTT, mean transit time; Tmax, time to reach the maximum.

where r is the relaxivity of the CA. The ∆R2GE curve can present as the scaled tracer-

concentration curve, on which the time to the peak (TTP) is defined as the time from

the starting point of the measurement to the peak of the curve (Fig. 4.5C).

If we know the arterial input function (AIF) to the brain Ci(t), which is manually or

automatically selected from a voxel or from the averaged curve of several voxels, the

tissue impulse response curve R(t) can be calculated by deconvoluting Ci(t) from the

tracer-concentration curve Ct(t) according to

Ct(t) = f · Ci(t)⊗R(t), (4.8)

where f is the cerebral blood flow (CBF) [75]. Several perfusion parameters are defined

on the scaled tissue impulse response curve R(t) after the deconvolution (see Fig. 4.6).

The CBF is the maximum of the curve. The area under the curve is defined as cerebral

blood volume (CBV). The time to reach the maximum (Tmax) shows the delay. The

ratio between CBV and CBF is defined as mean transit time (MTT). The ischemic tissue

demonstrate a decreased CBV and CBF, and a prolonged MTT and Tmax (Fig. 4.7),

because the vessel blockage causes a delay and dispersion in blood transportation.

All these parameters have been evaluated by clinicians to delineate the penumbra. How-

ever, issues on the selection [61], the processing methods [62] and the delineation thresh-

olds [63–65] of these perfusion maps are still under debate.

Besides the DSC imaging, another perfusion imaging technique, named arterial spin
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Figure 4.7: Perfusion maps of the patient shown in Fig. 4.5. TTP indicates time to the peak;
Tmax, time to reach the maximum; MTT, mean transit time; CBV, cerebral blood volume;
CBF, cerebral blood flow.

labelling (ASL), is also capable of the CBF estimation by using the endogenous CA, which

is the magnetically labelled protons within water molecules in arterial blood before flowing

to the imaged portion of the brain [76]. It measures the signal attenuation dependent

upon the rates of the labelled spin flowing into the voxel and compares the contrast with a

baseline image without labelling. Although ASL offers advantages over the CA injection

and a potential absolute measurement of CBF, its intrinsic technical limitations causing a

lower signal-to-noise ratio (SNR), longer measurement time and less resistance to patient

motion compared to the DSC measurements restrict its current usages in acute stroke

diagnosis [77–79].
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Chapter 5

Motivation

An important focus of imaging research in the ischemic stroke is the differentiation of the

ischemic penumbra from the infarct core and the normal tissue. Especially in patients

presenting beyond the established time window of 4.5 hours after the stroke, in candidates

for endovascular treatment, and in patients older than 80 years, a precise characterization

of brain ischemia is required [80]. The mismatch between ischemic areas measured by PI

and DWI has been considered to be a good approximation of the ischemic penumbra, yet

it tends to overestimate it by containing regions of benign oligemia [17, 60] (Fig. 5.1).

The overestimation afflicts the clinical routine as the final infarct volume is not predicted

by the acute PI-DWI mismatch [11, 81]. Therefore, despite its widespread use at present,

the PI-DWI mismatch is not a complete approach for imaging the penumbra [82–84]. As

the thrombolytic therapy is accompanied by a considerable risk of haemorrhage, it is nec-

essary to develop complementary imaging modalities that can characterize the ischemic

penumbra in more detail.

Cerebral microvessels, which include capillaries, arterioles, and venules, express multiple

dynamic responses to ischemia together with their neighbouring neurons [22]. The effects

of ischemia on the microvasculature have so far mainly been described from the functional

aspect [51, 85]. Because various vasomodulators are involved in this process [86–88],

changes in microvascular morphology are apparently expected. Therefore, we hypothesize

that the morphological variation of the microvascular network under ischemic conditions

could be an effective way to describe the pathology of ischemic tissue and might provide

useful information for describing the ischemic penumbra.

33
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Figure 5.1: The acute perfusion imaging (PI) - diffusion-weighted imaging (DWI) mismatch
on day 1 overestimates the final infarction on day 6 in a patient (male, 78 years, left internal
carotid artery occlusion, without recanalization). MTT indicates mean transit time; FLAIR,
fluid attenuation inversion recovery.

Considering different orders between the common clinical imaging resolution in millime-

ters and microvascular scale of micrometers, there is no way to image the microvascular

network directly. Parameters reflecting properties of the local microvascular network in

the imaging scale are used instead. Vessel size imaging, which provides a measure of MVD

and a mean vessel size, was proposed as a novel approach to map the cerebral microvas-

cular structure quantitatively [19]. Attempts have been made to apply this technique in

animals stroke models [89, 90] and tumour patients [20, 91].

In this thesis, we aim to integrate vessel size imaging in clinical stroke study and evaluate

the parameters provided by this technique in ischemic tissue.

As described in Section 3.2, the restriction of blood supply causes the immediate accu-

mulation of lactate, which leads to the ischemic acidosis, i.e. a decrease in pH. The acidic

environment modifies the activity of antioxidant enzymes, enhances the free-radical for-

mation and causes the cell death. Therefore, tissue pH value may serve as an important

physiological marker for the easy detection of the tissue at risk.

Although the lactate magnetic resonance spectroscopy is able to assess the tissue acidosis

in vivo [92], its spatial resolution is not yet appropriate for mapping the acute stroke

patients. Recently, Zhou et al. [21] has proposed a technique, named amide proton

transfer (APT) imaging, to differentiate the pH value by detecting the chemical exchange

process between the amide protons in the mobile proteins and the protons in the water.

This technique has so far demonstrated decreased pH values in the ischemic tissue of

stroke rat brain [21, 93]. However, its usage is limited in clinical stroke studies due to
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the strict time and the safety restriction of patient management.

As the second focus of our work, an APT imaging sequence is designed and implemented

in the clinical scanner to overcome the technique limitation, and is applied to a pilot

group of patients.
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Part II

Vessel Size Imaging

37





Chapter 6

Vessel Size Imaging - State of the

Art

Vessel size imaging was proposed as a novel approach to quantitatively map the cerebral

microvascular morphology via introducing two quantities [19]: (1) the MRI-measured

MVD Q which correlates to histological estimates; (2) the vessel size index (VSI) which

is an averaged radius of all the microvessels contained within a voxel. It shows great po-

tentials in characterizing the microvascularature in cerebrovascular diseases. This chapter

provides an overview of this approach in state of the art, which includes the analytical

modelling, mathematical definition of Q and VSI, the imaging techniques and the appli-

cations in both animal and clinical studies.

6.1 Theory

6.1.1 Transverse Relaxation in Brain Tissue

The NMR effective transverse relaxation with the characteristic relaxation time T ∗2 , is the

process by which the component of the nuclear magnetization perpendicular to the exter-

nal magnetic field B0 returns to the equilibrium distribution. The transverse relaxation

is a complex phenomenon, which consists of processes in several scopes.

First, the spin-spin interaction of protons in water molecules, and if a paramagnetic CA

39
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is administrated, the interaction of proton spins from water molecules and electron spins

of the CA, cause a very fast relaxation with a characteristic time in the order of 10−12 s.

This process is generally referred as “microscopic”, since the acting distance is very short,

which is in the order of molecule size. This is generally referred to as the T2 relaxation,

which is a irreversible relaxation and does not depend on the pulse sequence.

Additional relaxation mechanisms generally characterized by a relaxation time T ′2 can

be further divided in two scopes: macrosopic and mesoscopic. The gradients of the

magnetic field across over the samples cause a “macrosopic” process, which is pulse-

sequence dependent and completely reversible. On the other hand, the magnetic gradients

induced by the susceptibility difference between the tissue compartments, such as plasma

and erythorocytes in blood, and intra- and extravascular space in the tissues, result in

a “mesoscopic” relaxation, which acts over the distance comparable to a vessel or a cell

size, and has a characteristic time of tens of milliseconds. The mesoscopic relaxation is

partially reversible to the susceptibility gradients and depends strongly on the sequence

TE, which is in the magnitude of the characteristic time of mesoscopic dephasing.

For a sample with macroscopic magnetic field homogeneity, the transverse relaxation

measured by a GE and an SE depends highly on the mesoscopic tissue structure. Both

Monte Carlo simulation and analytical modelling of a mono-sized vessel distribution

with a fixed blood volume fraction have suggested that, the transverse relaxation rates

measured by the GE and the SE, R2GE and R2SE, respectively, depend on the vessel size

in a different manner (see Fig. 6.1).

The GE signal is constant at large radii since the spatial pattern of the Larmor frequency

shift can be rescaled following the increased vessel size. The SE attenuation is deter-

mined by the gradients of the field induced by the vessels over the diffusion length of

water molecules. The fact that these gradients are smaller for larger vessels explains the

vanishing relaxation for large radii. This makes it possible to estimate the averaged vessel

size in a vessel distribution by using the transverse relaxation rates measured by SE and

GE.
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Figure 6.1: Transverse relaxation rates r2 as a function of the radius ρ of a monosized vessel
population for gradient echo (GE) and spin echo (SE) measurements with echo time (TE) of
60 ms and 100 ms, respectively. The points show the result of a Monte Carlo simulation.
The simulation parameters are: magnetic field strength, 1.5 T; blood fraction, 2 %; magnetic
susceptibility of the blood, 10−7. DNR indicates diffusional narrowing regime; SDR, static
dephasing regime. The results are from [94].

6.1.2 Tissue Model

We consider a tissue voxel in which the vasculature is formed by a large number of

small voxels and does not contain any large vessels. This voxel is modelled with two

compartments: blood in vessels occupying a volume fraction ζ and brain parenchyma.

The vascular network consists of three types of vessels: arterioles, capillaries and venules

with the volume fractions of ζa, ζc, and ζv, respectively. The vessel distribution with a

radius ρ in blood type α occupies a volume fraction ζα(ρ) and obeys the normalization

condition: ∫ ∞
0

ζα(ρ)dρ = ζα, (6.1)

where α labels the three blood types: α = a, c, v. Hence, the total blood volume fraction

is the sum of the three contributions:

ζ = ζa + ζc + ζv. (6.2)

The blood in vessels is considered as a homogeneous medium with the magnetic suscep-

tibility χ, which consists of two contributions:

χ = χ0 + χ1, (6.3)
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where χ0 is the native susceptibility of the blood, which is zero in arterioles, non-zero in

venules, and interpolates between the two pools in capillaries. The χ1 is the susceptibility

induced by the presence of the CA.

6.1.3 Signal Calculation

In either SE or GE experiments, the total NMR signal s from the voxel takes the form

of the combination of the intravascular signal si and the extravascular signal se weighted

by their volume fraction

s = ζsi + (1− ζ)se. (6.4)

The intravascular signal is a sum from three blood pools and can be replaced as

ζsi =
∑
α

ζαsiα, (6.5)

where sia is the signal contribution in blood type α. The signal from the blood in arterial

or venous pool sia and siv follows the exponential decay as

siα = exp [− (R2α0 + rCα)TE] , (6.6)

where α = a or v, and TE is the echo time. The R2a0 and R2v0 are the relaxation

rate in arterial and venous blood without the CA, respectively, which are taken from in

vitro measurements. The term rCα describes the relaxation induced by the CA with the

concentration of Cα, where r is the relaxivity of the CA. The signal from the capillary

pool sc is calculated by a linear interpolation of the relaxation rate between the arterial

and venous ends. This yields

sc = ζc
exp(−R2a0TE)− exp(−R2v0TE)

(R2v0 −R2a0)TE
exp[−rCcTE]. (6.7)

The extravascular signal in Eq. (6.4) is contributed by two exponential relaxations as

se = exp[−(R2p0 +R2p)TE], (6.8)

where R2p0 is the rate of relaxation in parenchyma caused by the spin-spin interactions
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at the molecular scale, which can be measured with the Carr-Purcell-Meiboom-Gill se-

quence. In turn, the relaxation rate R2p in the extravascular space is caused by the

susceptibility effects of vessels, which take the form of the sum of relaxivity in each vessel

levels:

R2p =

∫
dρζα(ρ)r2α, (6.9)

where r2α are functions to characterize the relaxivities of a vessel with a given type α and

radius ρ. These functions are vessel-specific, since the relaxation effect depends on two

parameters: 1) the diffusion time across the vessel tD = ρ2/D, where D is the diffusion

coefficient; 2) the characteristic shift of the Larmor frequency on the surface of the vessel

ω = 2πχγB0, where γ is the gyromagnetic ratio, B0 is the magnetic field strength,

and χ is the magnetic susceptibility of the blood as a combination of the susceptibility

contributed by the CA and the one of natural blood depending on its type α.

The dephasing mechanism of nuclear magnetization described by r2α depends crucially

on the value of the typical phase acquired by water protons when a water molecule

diffuses past a vessel, ωtD. Dephasing falls in the so-called diffusional narrowing regime

(DNR) [95] when this phase is small, ωtD � 1. This case can be realized as fast diffusion

that results in an effective averaging of the inhomogeneous magnetic field induced by

blood vessels. The averaging results in a small dephasing effect, which is nearly the same

for the GE and SE amplitudes. The opposite limit, ωtD � 1, is commonly referred to as

the static dephasing regime (SDR) [96, 97]. This case can be realized as slow diffusion

such that the diffusion length lD = (DTE)1/2 is short on the scale of magnetic field

variations. The latter scale can be estimated to be in the condition of ωtD larger than

the vessel size ρ. This estimate is based on the following scenario of dephasing induced

by a blood vessel. Spins, which are excited in a close vicinity of the vessel are rapidly

dephased and do not contribute to the signal unless the echo time TE is very short. In

this way, an area with dephased magnetization is formed around the vessel and grows

with time. The SDR takes place when the diffusion length lD of water molecules is much

shorter than the size of this area. This results in the above estimation. Spins outside this

area experience a magnetic field, which is nearly constant within one TE. This results in

effective rephasing of nuclear magnetization in the SE acquisition, which is more effective

when the vessels are larger.

The crossover between the two regimes at B0 = 1.5 T takes place for dimensions in the

order of the size of capillaries with the native magnetic susceptibility of blood χ0 [98].
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For a higher magnetic field, e.g. B0 = 3 T, the crossover takes place for even smaller

dimension. Moreover, the signal attenuation during the bolus passage is shifted toward

the SDR due to the increase in susceptibility of χ. This justifies the restriction of the

following analysis of vessel size imaging to the SDR.

6.1.4 Assessment of Vessel Size Index

Within the SDR frame, the GE relaxation rate remains constant while the SE relaxation

decreases with the vessel size (see Fig. 6.1). For a long echo time, both ωTE � 1 and

ωTE/(ωtD)1/3 � 1 are fulfilled. The relaxivity of a monosized vessel population shows

different dependencies for the GE and the SE [95, 97]:

r2GE =
2

3
ω − 1

TE
for ωTE � 1, (6.10)

r2SE = 0.6940
ω

(ωtD)1/3
− 1

TE
for

ωTE
(ωtD)1/3

� 1. (6.11)

For a vessel population with blood volume distribution ζ(ρ), the relaxation rate changes

from the introduction of a susceptibility distribution are

∆R2GE =
2

3
ζω, (6.12)

∆R2SE = 0.6940

∫ ∞
0

(
Dω2

ρ

)1/3

ζ(ρ)dρ

≡ 0.6940ζ

(
Dω2

<2

)1/3

, (6.13)

where < is the mean vessel radius in the vessel population according to

<−2/3 =
1

ζ

∫ ∞
0

ρ−2/3ζ(ρ)dρ. (6.14)

The mean vessel radius is conventionally referred to as the VSI and can be determined

from Eq. (6.12) and Eq. (6.13) given the measure values of ∆R2GE and ∆R2SE. The

assessment of VSI can be written as

VSI = < = 0.867(ζD)1/2
∆R2GE

∆R
3/2
2SE

, (6.15)
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Figure 6.2: Excellent agreement between histological microvessel density (MVD) and magnetic
resonance imaging (MRI)-measured MVD (Q3) was observed (ICC = 0.85; 95% lower bound =
0.78). ICC indicates intraclass correlation coefficient. The figure is from [89].

where ζ as the blood volume fraction and D as the diffusion coefficient can be measured

or predefined.

6.1.5 Microvessel Density Related Quantity Q

Given the fact that the mesoscopic effects of ∆R2GE and ∆R2SE are related to the

microvascular structure, another quantity Q is proposed to correlate with the MVD and

takes the form of

Q ≡ ∆R2SE

∆R
2/3
2GE

. (6.16)

Excellent agreement between the histological MVD and the cubic quantity Q3 has been

found in rat brains (see Fig. 6.2). This correlation can be written as

MVD = kQ3 (6.17)

with k = 329 s/mm2 in mouse brain [99]. However, the k value in the human brain is

so far not available. Jensen et al. [100] showed a possible way to calculate the lower and

upper bounds of MVD in vivo by using Q. However, the lower and upper boundaries,

which differ by two orders of magnitude, do not allow an accurate estimate of MVD.

Therefore, Q served as the parameter indicating the relative change of MVD is used for

in vivo imaging marker instead of a quantitative MVD.
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We note that the ratio of ∆R2GE/∆R
3/2
2SE in the definition of VSI is the fractional power

of the Q. Thus, the VSI can be derived from Q as

VSI = 0.867(ζD)1/2Q−3/2. (6.18)

6.2 Imaging Techniques

The imaging technique for vessel size imaging, which requires both SE and GE measure-

ments, has so far three implementations:

• Steady-state susceptibility contrast-enhanced MRI (ssCE-MRI), which performs

the GE and SE measurements before and after the CA administration to derive the

∆R2GE and ∆R2SE from the CA residues [18]. This technique was used in most of

studies because of its relatively low technical requirements. However, it requires a

high dose of the CA to reach the steady state and does not allow CBV mapping

due to the lack of tracking the dynamic bolus passage. The VSI qualification can

only be achieved by additionally performing a blood test to define the contrast

concentration.

• Dynamic bolus tracking by a special double-echo EPI sequence, which tracks the

dynamic signal changes in both GE and SE contrasts with a time resolution around

2 s (see the sequence diagram in Fig. 6.3). The dynamic method enables the CBV

evaluation, and thus is more suitable for clinical examination as a substitution of

the standard PI measurement. However, this technique is so far not a standard

installation in clinical scanners.

• Separate GE and SE acquisitions with dual injection of CA, which are a derivative

method to record dynamic GE and SE changes when the double-echo EPI sequence

is not available in the study group. Although this method may reach a higher

imaging resolution than the double-echo implementation, the dual CA injections

lead to a temporary misregistration and the CA residual dose between two time

series.
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Figure 6.3: The diagram of double-echo echo planar imaging (EPI) sequence used for vessel size
imaging. GE indicates gradient echo; SE, spin echo; RF, radio frequency pulse; RO, readout.

6.3 Applications

By means of the techniques mentioned in Section 6.2, vessel size imaging has been applied

in both animal and human studies to map morphological properties of the microvascula-

ture under both normal and pathological conditions.

Although the quantification of MVD in human by estimating Q is not possible due to the

lack of intra-subject histological data, the lower- and upper-bound MVDs derived by Q

were found to be in reasonable accordance with the previously cited values determined

by histology [100]. The VSI of the normal-appearing tissue studied by Hsu et al. [91]

and Kiselev et al. [20] showed an overestimate of vessel sizes, which may arise from the

systemic overestimation of the modelling or the high CBV fraction scaling.

It has been reported that vessel size imaging can successfully characterize cerebral tumour

vascularization with an elevated Q and a relatively stable VSI in both animal [101, 102]

and human studies [20, 103]. This may help to monitor the metastatic angiogenesis and

assess the vascular remodeling under antiangiogenic therapy.

Vessel size imaging has recently been applied to animal ischemic stroke models [89, 90].

Because of a much faster blood circulation in rodent models, these two studies used ssCE-

MRI, which uses ∆R2GE and ∆R2SE before and after administration of an intravascular

CA, and thus fails to provide the CBV evaluation and the VSI validation. The variation

in vascular density has been reported in acute (day 1) and subacute (day 3 to 21) ischemia

in rats with a focus on assessing angiogenesis. However, no data were presented in the

hyperacute phase (< 4.5 hours), which is especially important for clinical diagnosis.
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The application of vessel size imaging in clinical stroke studies is described in detail in

the following Chapter 7 and Chapter 8.



Chapter 7

Feasibility of Vessel Size Imaging in

Clinical Stroke Application

Despite the great potential of vessel size imaging in the assessment of pathological vascu-

lar morphology, dynamic vessel size imaging has not been so far applied in clinical stroke

imaging because of its high technological requirement and extremely challenging execu-

tion of imaging acute stroke patients. Therefore, this chapter aims to adapt the technique

of vessel size imaging for clinical stroke application. The imaging and post-processing

methods are described here. The present work tests the feasibility of vessel size imaging

in 9 healthy subjects and applies this technique in 13 patients with acute ischemic stroke

to reveal the pathological microvascular morphology in the hyperacute stage.

7.1 Materials and methods

7.1.1 Healthy Volunteers and Patients

Nine healthy volunteers (female 5; mean age 28 years, age range 25 to 40 years) were

recruited in compliance with the regulations of the local ethics committee.

From October 2009 to April 2010, 15 consecutive patients with acute stroke within a

time window of 4.5 hours fulfilling the criteria of having middle cerebral artery, anterior

cerebral artery, or posterior cerebral artery occlusion identified by MRA images were ex-

49
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amined with the vessel size imaging protocol. In all, 13 patients had a PI-DWI mismatch

and were included for further analysis. The clinical data of these 13 patients are listed

in Table 7.1.

7.1.2 Imaging

All studies were performed using a 3 T clinical scanner (Tim Trio, Siemens AG, Erlangen,

Germany). Vessel size imaging was performed with a hybrid single-shot GE and SE

sequence with 50 repetitions (TE(GE/SE) 22/85 ms; TR, 1880 ms; field-of-view, 230 mm;

slice thickness, 5 mm; slice number, 16; matrix size, 64×64). A dose of 0.13 mL Gadovist

(Bayer Schering Pharma AG, Berlin, Germany) per kg body weight was injected at a

speed of 5 mL/s with a time delay of 18 s. The ADC map was obtained from a six-

directional DWI sequence with b = 1000 s/mm2 performed before the vessel size imaging

sequence. All the measurements in stroke patients were embedded into the existing

clinical imaging routine without additional time extension [66].

7.1.3 Data Processing

Q calculation

As shown in Fig. 7.1A and B, the dynamic changes in relaxation rates ∆R2GE and ∆R2SE

were converted from the exponential signal drops during the bolus passage, respectively,

following

∆R2(t) = − 1

TE
ln
S(t)

S0

, (4.6)

where TE is the echo time, S0 is the average baseline signal intensity before CA admin-

istration, and S(t) is the signal intensity along the timeline.

According to

Q ≡ ∆R2SE

∆R
2/3
2GE

, (6.16)

Q was obtained by fitting the linear dependence between ∆R2SE(t) and ∆R
2/3
2GE(t) by

using the least-square procedure (see Fig. 7.1C).

Vessel size index calculation
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Figure 7.1: Illustration of the calculation of Q and VSI. (A) The dynamic signal measured
by a gradient echo (GE) and a spin echo (SE) during bolus passage. (B) Signal intensities are
converted into relaxation rates ∆R2GE and ∆R2SE . (C) Q is calculated as the slope obtained

from linear fitting of data points on the (∆R
2/3
2GE , ∆R2SE) plane. (D) The ratio ∆R2GE/∆R

3/2
2SE

is calculated as the slope obtained from linear fitting of data points on the (∆R
3/2
2SE , ∆R2GE)

plane, and used to calculate VSI.
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The VSI map was calculated by

VSI = 0.867(ζD)1/2
∆R2GE

∆R
3/2
2SE

, (6.15)

where ζ and D are the CBV and the ADC, respectively.

Similar to the calculation of Q, the ratio of ∆R2GE/∆R
3/2
2SE was obtained by fitting the

linear dependence between ∆R2GE(t) and ∆R
3/2
2SE(t) (see Fig. 7.1D).

The ADC maps from the diffusion measurement were coregistered to the baseline SE im-

ages by using SPM8 (Welcome Department of Imaging Neuroscience, University College

London, London, UK). The dynamic ∆R2GE(t), which is proportional to tracer concen-

tration Ct(t), i.e. ∆R2GE(t) ∝ Ct(t) according to Eq. (4.7), was used to calculate the

CBV map [75]. The CBV can be determined from area under the tissue impulse response

curve R(t):

CBV =

∫ ∞
0

R(t) · dt. (7.1)

It is well known in perfusion theory that tracer-concentration curve Ct(t) is the tissue

response to the AIF:

Ct(t) = f · Ci(t)⊗R(t), (4.8)

where f is the CBF, ⊗ indicates convolution, and Ci(t) is the AIF.

In this study, AIFs were selected manually in the M3 segment at the top of the ventricle

contralateral to the suspected ischemia to yield a relatively high SNR [104]. The de-

convolution of R(t) from Eq. (4.8) was accomplished in Fourier domain by applying the

Tikhonov regularization with a control parameter optimized according to the voxel-wise

baseline SNR as λ = 103.7/SNR2.7 by the following equation:

R(ω) =
1

CBF
· Ct(ω)C∗i (ω)

Ci(ω)C∗i (ω) + λ2ω4
, (7.2)

where R(ω), Ct(ω), and Ci(ω) are the transformation of R(t), Ct(t), and Ci(t) in Fourier

domain, respectively, and C∗i (ω) is the conjugate of Ci(ω) [105]. Finally, CBV was nor-

malized to a global average in the healthy tissue of 3% [106] and used in Eq. (6.15) to

derive VSI.
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7.1.4 Regions of Interest Selection

For each healthy volunteer, the regions of interest (ROIs) of gray matter (GM) and white

matter (WM) were generated from probability maps by using the segmentation method

in SPM8, with the probability value being higher than 0.5. The ROIs of thalamus were

manually drawn on pre-processed SE images. For each stroke patient, DWI lesion was

manually delineated by a human rater masked to other images. The derived ROI was

then mapped to ADC images to ensure ADC hypointensities (ADC < 0.7 µm2/ms) and

exclude the false-positive region automatically. The MTT > 5.3 s was set to be the

initial threshold for hypoperfused tissue [107]. The selected MTT ROI was corrected

manually to exclude areas that were not part of a credible perfusion deficit. An example

from patient 8 is shown to illustrate the procedures to generate ROIs in Fig. 7.2. All

the ROIs and postprocessed maps were normalized to the standard space to derive two

spatially symmetric hemispheres. The ROI of the ischemic tissue, i.e. the tissue at risk,

was defined as the subtracted region MTT minus DWI ROI. The ischemic ROI was then

mirrored to the contralateral region with normal tissue. The ischemic and mirrored ROI

were superimposed on normalized Q and VSI maps for evaluation.

7.1.5 Statistical Analysis

The Shaprio-Wilk test confirmed that Q and VSI in both ischemic ROI and contralateral

mirrored ROI did not follow the normal distribution. Therefore, median and full-width

at half-maximum (FWHM), rather than mean value and standard deviation, were used

to characterize the voxel distribution in each patient, as well as in healthy subjects. The

median and the FWHM of VSI and Q in patients between ROIs were tested by Wilcoxon’s

signed-rank test (n = 13).

7.2 Results

The histogram of voxel-wise Q and VSI values gathered from nine healthy subjects in

three selected ROIs of GM, WM, and thalamus are shown in Fig. 7.3.

The Q is higher in GM and thalamus than in WM, i.e. higher MVD is observed in GM
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Figure 7.2: Procedures to generate the ischemic and mirrored regions of interest (ROIs). Images
are taken from patient 8. (1) Diffusion-weighted imaging (DWI) and mean transit time (MTT)
ROIs are delineated while masked to other images. (2) DWI, MTT, and vessel size index
(VSI) maps, as well as ROIs derived from step 1, are normalized to the standard brain with
two spatially symmetric hemispheres. Normalized DWI and MTT ROIs are mirrored to the
contralateral hemisphere. Both pairs of symmetric ROIs were superimposed on normalized VSI
maps. (3) The area corresponding to MTT ROI minus DWI ROI is defined as the ischemic
tissue. Its mirrored ROI is placed in the contralateral hemisphere with normal tissue.



56 CHAPTER 7. FEASIBILITY OF VESSEL SIZE IMAGING

Figure 7.3: Histograms of (A) Q and (B) vessel size index (VSI) values in voxels gathered from
nine healthy subjects in the regions of interest of gray matter (GM), white matter (WM), and
thalamus (TH).
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and thalamus than in WM, according to the linear dependency of MVD and Q3. Similar

vessel sizes are observed in GM (median, 13.8 µm; FWHM, 12.4 µm) and WM (median,

13.1 µm; FWHM, 10.7 µm). In the thalamus with the absence of large vessels, smaller

VSI (median, 9.1 µm; FWHM, 8.1 µm) is found.

Fig. 7.3 illustrates the median and the FWHM of Q and VSI distribution in each patient

in the ischemic area and its mirrored ROI in the contralateral hemisphere. An elevated

median VSI value has been detected in the ischemic tissue compared with the contralat-

eral region (n =13, p < 0.05). Changes in the median of Q between ischemic and mirrored

ROI are rather heterogeneous. Predominantly reduced median Q (the change of value

from the ischemic ROI to the mirrored ROI > 10%) in the ischemic region is found in 2

of 13 patients, whereas the median of Q in the remaining 11 patients does not show an

obvious change. The FWHM of the distribution in ischemic tissue is increased in VSI (n

= 13, p < 0.05) and decreased in Q (n = 13, p < 0.05).

Different pathological responses of the microvascular structure to the ischemia seem to

emerge. In 11 of the 13 patients (patients 1 to 11), with a typical example shown in

Fig. 7.5, the Q map appears rather homogeneous, whereas the hyperintensities on the

VSI map are observed in the perfusion deficit. Consistent with the maps, the shape of

the Q-value histogram in the hypoperfused region displays no obvious changes compared

with the mirrored area, whereas the peak of the VSI histogram in the ischemia shifts

toward larger values. In the remaining two patients (patients 12 and 13), hypointensities

on the Q map and hyperintensities on the VSI map are shown in the perfusion lesion (see

the example in Fig. 7.6). The Q histogram in the ischemic region shifts toward smaller

values, whereas the VSI histogram becomes broader and moves toward larger values.

Follow-up results of MRA were available for 8 of the 13 patients and showed recanalization

in 6 patients. In the subgroup of patients without recanalization (patients 1 and 3),

the VSI map in the hyperacute stage was compared with the FLAIR image on day 6

identifying the final infarct size. Increased VSI and decreased Q values in the subcortical

area (arrowed in Fig. 7.7) matched well with the final infarct core.
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Figure 7.4: Trend plots of median and full-width at half-maximum (FWHM) in (A) Q and (B)
vessel size index (VSI) in 13 patients. Data points are labeled by the patient ID corresponding
to Table 7.1. Different line styles are used to identify the percentage change of value in the
ischemic regions of interest (ROI) compared with the mirrored ROI. The change of value from
the ischemic ROI to the mirrored ROI in percentage that is higher than 10% is presented by a
solid line, and the change of lower than 10% is labeled by a dash line.
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Figure 7.5: Images from patient 9 and histograms of Q and vessel size index (VSI) in ischemia
and its mirrored ROI. Images in acute phase: (A) diffusion-weighted imaging (DWI), (B) mean
transit time (MTT), (C) cerebral blood volume (CBV), (D)Q, and (E) VSI. Histograms of voxel-
wise (F) Q and (G) VSI in the ischemic region (top) and its mirrored ROI in the contralateral
hemisphere (bottom).
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Figure 7.6: Images from patient 9 and histograms of Q and vessel size index (VSI) in ischemia
and its mirrored ROI. Images in acute phase: (A) diffusion-weighted imaging (DWI), (B) mean
transit time (MTT), (C) cerebral blood volume (CBV), (D)Q, and (E) VSI. Histograms of voxel-
wise (F) Q and (G) VSI in the ischemic region (top) and its mirrored ROI in the contralateral
hemisphere (bottom).
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Figure 7.7: Images from patient 3 on day 1 and day 6. (A) Diffusion-weighted imaging (DWI),
(B) mean transit time (MTT), (C) Q (D) vessel size index (VSI) on day 1, and (E) fluid
attenuation inversion recovery (FLAIR) on day 6. The hypointensity on Q and hyperintensity
on VSI matches the final infarction on FLAIR (pointed by the arrow).

7.3 Discussion

7.3.1 Feasibility of Vessel Size Imaging in Acute Stroke

Although the theoretical concept of vessel size imaging has been studied since 1998 [19,

108], the execution has been complicated by the acquisition of both GE and SE contrasts

in a single repetition time during the dynamic bolus passage. The ssCE-MRI that uses

GE and SE measurements before and after administration of an intravascular CA is a

compromised technique to obtain ∆R2GE and ∆R2GE in the steady state and is so far

used in most of the tumour and experimental stroke studies. However, this method is

not suitable for clinical acute stroke imaging because of time constraints and the high

dose of CA required to reach a measurable steady state. It produces VSI quantification

by performing an additional blood test, as CBV cannot be assessed without dynamic

imaging. Our pilot study has successfully accomplished dynamic GE and SE measure-

ments in acute stroke patients by using a double-echo EPI sequence. The GE acquisition

substitutes the standard PI measurement, which is part of the clinical imaging protocol.

Therefore, vessel size imaging can be embedded in routine measurements without any

time extension. However, this technique limits the time for readout gradients and thus

restricts the image matrix to 64 × 64, which is only half of the resolution of single-echo

perfusion images. Although parallel acquisition may overcome this limitation, it will re-

duce the image quantity to a great extent [109]. To maintain the spatial resolution, some

studies performed separate conventional GE and SE acquisitions with dual injection of
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CA to enable vessel size imaging [91]. Although the dual injection method avoids the

sacrifice of image resolution, it brings other problems into discussion: the possible influ-

ence of the residual CA from the first injection on the second one, the potential temporal

misregistration between two time series and the increased total dose of the CA. Further-

more, the prolonged measurement time of dual injection does not meet the crucial time

limit of acute stroke imaging. The duo-echo technique used in this study with a voxel

size of 3.6×3.6×5 mm3 is appropriate for acute stroke patients and provides MTT maps

with diagnostic value (see MTT map on Fig. 7.2, 7.5, 7.6 and 7.7).

One study has published a quantitative Q assessment in human brain tissue [100]. The Q

values in our study are somewhat lower than those found by Jensen et al. [100], in which

a triple dose of CA has been administered and only the maximum signal drop points are

used to estimate Q. Although such an implementation leads to a smaller underestimation

of Q in the circumstance of intrinsic blood paramagnetism, it is not suitable for acute

stroke imaging: first, such a high dose of CA is not commonly used in clinical routine;

second, maximum signal drops between ischemic and normal tissue are not comparable,

as the maximum drop in ischemic tissue is reached much later than in normal tissue with

a significantly lower concentration of CA. Therefore, we have fitted the whole dynamic

passage for the estimation of Q to achieve a relatively equivalent influence of CA dosage

in both the ischemic and the normal tissue. Moreover, linear fitting avoids the accidental

errors that often occur in picking a single signal drop.

The method in this study is based on the tissue model introduced by Kiselev et al. [20],

which results in a systematic overestimation of vessel sizes. The VSI we measured in

the thalamus, where no large vessels are present, is very similar to the value of 7.2 µm

proposed by the microscale tissue model [20]. Jochimsen et al. [110] assessed venous

VSI in healthy human brains with the administration of carbogen by measuring the

induced blood oxygenation level-dependent effect in a 7 T scanner. Despite the different

techniques, the vessel radii of GM and WM in our healthy volunteers are very similar

to their venous vessel radii. The vessel sizes of the normal-appearing tissue in tumour

patients studied by Hsu et al. [91] and Kiselev et al. [20] are almost twice as large as

our results in healthy brain tissue. Besides the possible vascular compensation in the

normal-appearing tissue around the tumour, the difference in results is mainly because

we normalized the global CBV to 3%, which has been found to be a better estimation to

the real blood volume fraction than the 6% used by their groups. Moreover, considering
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that the VSI quantification depends on the assessment of CBV, the deconvolution with

SNR-adapted regularization applied in our study allows an accurate estimation of CBV,

which is more advanced than the integration of dynamic bolus passage or the fitting of

the gamma function in previous studies.

The variation of MVD and VSI among three cerebral regions found in the healthy volun-

teers matched very well with general anatomical observations [111], i.e. the diameter of

microvessels in WM and GM is very similar and lower vessel density is observed in WM

than in GM. It indicates that vessel size imaging is a reliable and feasible technique to

assess the microvascular morphology in vivo.

7.3.2 Standard Perfusion Parameters and Vessel Size Imaging

Vessel size imaging uses both dynamic GE and SE contrasts, whereas standard PI uses

the GE only. It is well known that the GE contrast is sensitive to vessels of all sizes and

SE contrast is weighted toward microvascular structure [112]. Therefore, VSI provides

an insight into the properties of microvasculature, which are often shielded in the GE

perfusion measurement predominated by large vessels. Considering that VSI is a quanti-

tative parameter, it enables a comparison in inter-subject and longitudinal studies. This

is an obvious advantage compared with perfusion parameters such as CBV and CBF

presenting as relative values and MTT influenced heavily by the injecting condition of

CA. However, one has to keep in mind that the change of VSI is inevitably dependent on

the variation of CBV. When the MVD remains unchanged, the VSI map has a similar

appearance to the relative CBV contrast.

7.3.3 Ischemic Penumbra and Vessel Size Imaging

Fig. 7.7 illustrates the interesting match between the predominant changes in acute VSI

and Q maps and the final infarction in patient 3. It may indicate that severe damage

of microvasculature obstructs the reperfusion and leads to tissue infarction. However,

the possible correlation of increased VSI and decreased Q to the development of irre-

versible infarct cannot be confirmed. But, the lesions visible in the Q and VSI maps

are always confined within the territory of MTT hyperintensities. Typically, in Fig. 7.6,
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the hyperintensity on the VSI map only partially matches the MTT lesion, displaying

a mismatch at the posterior part. Given the fact of the overestimation of the perfusion

map, VSI might provide a better estimate of the ischemic penumbra from the aspect of

microvascular structure.

7.3.4 Microvascular Response to Ischemia in the Hyperacute

Phase

Given the limitation of a few patients, increased VSI in the ischemic region agrees with

the observation from relative measurements of vessel size in rats. Reduced Q values in

patients 12 and 13 fit to the decreased Q in the ischemic tissue in rats after transient focal

ischemia [90]. The values of Q and VSI vary among patients due to different territories

being involved in ischemia for each patient. The varied FWHM of Q and VSI distribution

reveals that the changes may be regionally heterogeneous.

According to the observation in a pilot group of patients, we suggest that our data sup-

port the serial responses in the microvascular network to ischemia during the cerebral

hemodynamic compromise [113]. As cerebral perfusion pressure falls after the occlusion,

precapillary resistance vessels dilate to maintain CBF, which may account for our obser-

vation of increased vessel sizes. One should notice that the change of VSI is relatively

small (at most 50% in our observation), which could be explained by the limited extent

to which blood vessels can dilate. Once maximum vasodilatation has been reached, au-

toregulation fails and progressive increases in cerebral oxygen extraction can temporarily

maintain cerebral oxygen metabolism. As perfusion pressure continues to fall, a disrup-

tion of cellular metabolism and microvascular obstruction occur [51], which is likely the

cause of the decreased MVD within the ischemic region in patients 12 and 13. Moreover,

the edema results in a more pronounced compression of small capillaries as compared with

arterioles and venules, leading to a shift in the calculated average vessel size to larger

values. However, no successive studies are currently available to monitor the extend-

ing microvascular changes after ischemic injury and the associated longitudinal vascular

responses are not comparable between individual patients.

To sum up, our pilot results show that vessel size imaging is feasible in stroke patients.

Further research is required to better understand microvascular response in the acute is-
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chemic tissue. Longitudinal MRI examinations might help to correlate vessel size imaging

to tissue fate and thus improve treatment tailoring.
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Chapter 8

Application of Vessel Size Imaging

in Acute Ischemic Stroke

In Chapter 7, we have demonstrated the feasibility of vessel size imaging in clinical stroke

for the first time and its capability to detect pathological microvascular morphology in

a small cohort of hyperacute stroke patients with a strict inclusion criteria of artery

occlusion and the time from symptom onset less than 4.5 hours. As a follow-up research,

this chapter is aiming to assess two parameters Q and VSI in a larger patient group (n =

75) and evaluate their potentials in the prediction of lesion growth in the subgroup with

sixth-day follow-up measurements (n = 23).

8.1 Materials and Methods

The imaging techniques and data-postprocessing methods are described in Section 7.1.2

and Section 7.1.3, respectively.

8.1.1 Patients

Over a period of two months, patients admitted to the Charité - University Medicine

Berlin hospital at campus Benjamin Franklin with a suspected diagnosis of acute stroke

were examined with the vessel size imaging protocol on the day of admission. Seventy-five

patients without specific selection of ischemic site met the inclusion criteria of a clinically

67
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and radiologically confirmed acute ischemic stroke, a PI-DWI mismatch (the perfusion

deficit volume larger than diffusion deficit) and the existence of a complete vessel size

imaging measurement within 24 hours from symptom onset. Forty-nine patients (65%)

had a clear time from stroke onset with a median of 2 hours (interquartile range (IQR),

1.3 to 4 hours). The exact time from stroke onset was not available in the remaining

26 patients. By checking the last-time-seen-well, we ensured that these patients were

examined within the time window.

8.1.2 Regions of Interest

Delineation: The threshold of MTT larger than 5.3 s was set to be the initial threshold

for hypoperfused tissue [107]. The MTT ROI was then corrected manually to exclude

areas which were not part of a credible perfusion deficit by comparing with the normal

perfusion distribution, particularly taking account of any differences between the two

hemispheres or in the anteroposterior distribution and GM/WM differences. Acute DWI

lesions were the intersected region of manual delineations by two human raters blinded to

each other. The derived ROI was then mapped to ADC images to ensure ADC hypointen-

sities (ADC < 0.7 µm2/ms) and to exclude false positive T2 shine-through effect [114] au-

tomatically. The follow-up FLAIR images on day 6, if applicable, were used to define the

final infarct, which was the intersected area of manual delineations by two human raters

with a comparison to baseline FLAIR images to avoid the potential misinterpretation of

a subacute ischemic lesion or aging-related white matter hyperintensities [115]. Areas of

haemorrhagic transformation were excluded from the FLAIR images (see Fig. 8.1). All

the delineations and postprocessed maps were normalized to the standard space to derive

two spatially symmetric hemispheres.

ROIs for entire population: For all 75 patients with baseline measurements, three

areas were obtained for evaluation: (1) the initial infarct contour (INF) corresponding

to the acute DWI lesion; (2) the ischemic penumbra (IPE) corresponding to the acute

MTT minus the DWI mismatch; (3) the healthy tissue in the contralateral hemisphere

(HEA) symmetric to the IPE.

ROIs for subgroup with follow-ups: For the 23 patients with sixth-day follow-up,

IPE areas were divided into two regions: the area of infarct growth (IGR) corresponding
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Figure 8.1: An illustration of region of interest (ROI) delineation in a patient (female, 85
years) with a right M1 occlusion, which was partially recanalized on the second day without
receiving thrombolytic therapy. The acute diffusion-weighted imaging (DWI), mean transit
time (MTT), cerebral blood volume (CBV), cerebral blood flow (CBF), Q and vessel size index
(VSI) were taken 3.8 hours after onset of dysarthria and left-sided hemiparesis. The volume of
hemodynamic disturbance (ROI on MTT map, 218.45 mL) exceeded the ischemic core (ROI on
initial DWI image, 18.98 mL) and the final lesion size on the sixth-day fluid attenuation inver-
sion recovery (FLAIR) images (68.39 mL). On the sixth-day FLAIR images, a haemorrhagic
transformation occurred in the area of infarction. The contour of the final infarct was modified
to exclude the haemorrhage. The region of healthy tissue (HEA) symmetric to the region of
ischemic penumbra (IPE) (MTT minus DWI lesion on day 1) is presented on the contralateral
hemisphere of the MTT map.

to the day 6 FLAIR minus day 1 DWI lesion, as well as the oligemic area (OLI), which

was hemodynamically disturbed but remained viable, corresponding to the MTT minus

day 6 FLAIR lesion. Together with pre-defined INF and HEA, four ROIs were derived

for these patients.

8.1.3 Statistical Analysis

The volumes between day 1 DWI and day 6 FLAIR lesions, as well as MTT lesion and

day 6 FLAIR lesion, were examined by the Wilcoxon signed-rank test.

The Lilliefors normality test confirmed that Q and VSI in each ROI did not follow the nor-



70 CHAPTER 8. VESSEL SIZE IMAGING IN ACUTE STROKE

Patients with Patients with Day 6
Mismatch (n = 75) Follow-up (n = 23)

Gender Female (%) 42 (55) 9 (39)
Age in years (IQR) 77.0 (68.5 - 86.0) 71.0 (61.5 - 75.5)
Occlusion (%) 54 (72) 18 (78)
tPA (%) 31 (41) 13 (57)
NIHSS admission (IQR) 7 ( 3 - 15) 4 (3 - 10)
NIHSS discharge (IQR) 2 (0 - 9) 1 (0 - 2)
Day 1 DWI in mL (IQR) 2.51 (0.36 - 11.99) 0.61 (0.23 - 4.22)
Day 1 MTT in mL (IQR) 60.18 (16.50 - 76.50) 58.57 (24.02 - 98.22)
Day 6 FLAIR in mL (IQR) — 6.49 (1.82 - 15.04)
Recanalization (%) — 13 (57)

Table 8.1: Overview of patients’ clinical and radiological data. tPA indicates tissue plas-
minogen activator; IQR, interquartile range; NIHSS, national institutes of health stroke scale;
DWI, diffusion-weighted imaging; MTT, mean transit time; FLAIR, fluid attenuation inversion
recovery.

mal distribution. Therefore, median and IQR were used to express the distribution. The

Q and VSI median values were compared across patients between areas by the Friedman

test with the Wilcoxon-Nemenyi-McDonald-Thompson post hoc analysis. The ability of

Q and VSI values to discriminate INF and IGR from OLI and HEA was evaluated by

using the receiver operating characteristic (ROC) curve analysis.

8.2 Results

From the 75 patients with PI-DWI mismatch, 42 were female (56%) and the median

age was 77 years (IQR, 68.5 to 86.0 years). Further clinical and radiological data are

presented in Table 8.1.

The values of Q and VSI calculated in HEA, IPE, and INF of all the patients are presented

in Fig. 8.2. The Q in the abnormal areas i.e. IPE and INF was significantly smaller than

that in the healthy tissue (p < 0.05). However, it did not allow us to distinguish INF

from IPE. The VSI was significantly different between all the three areas (p < 0.05).

In the patient cohort with sixth-day follow-up measurements (n = 23), 20 patients (87%)

presented with lesion growth, i.e. sixth-day FLAIR lesion larger than first-day DWI

lesion. The volume of MTT hypoperfusion exceeded the volume of sixth-day FLAIR
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Figure 8.2: The statistic results of Q and vessel size index (VSI) of acute patients in the group
study. (A) Q and (B) VSI measured in the three regions defined in our study for the patients
with day 1 measurements. Values are presented in the form of median and interquartile range
(IQR). For Q, all pair-wise comparisons of subgroups are significantly different, except between
IPE and INF; for VSI, all pairwise comparisons of subgroups are significantly different. The
significant level labelled by * is set to be p < 0.05. ROI indicates region-of-interest; INF, initial
infarct; IPE, ischemic penumbra; HEA, healthy tissue.

ROI Q[s−1/3] VSI [µm]
HEA 0.37 (0.32 - 0.43) 17.0 (12.5 - 24.3)
OLI 0.34 (0.30 - 0.39) 19.3 (14.8 - 25.9)
IGR 0.30 (0.26 - 0.36) 17.1 (12.5 - 24.1)
INF 0.28 (0.23 - 0.34) 14.8 (10.1 - 21.1)

Table 8.2: Q and vessel size index (VSI) measured in the four regions of interest (ROIs) defined
in our study for the patients with day 6 follow-up measurements. Values are presented in the
form of median (IQR). IQR indicates interquartile range; HEA, healthy tissue; OLI, oligemic
area; IGR, infarct growth; INF, initial infarct.

lesion (p < 0.001, see Table 8.1). The voxel-wise distributions of Q and VSI in the four

ROIs are demonstrated in Fig. 8.3. From top to bottom in Fig. 8.3A, in the order of HEA,

OLI, IGR and INF, the distribution of Q shifts to smaller values, indicating a decrease

in MVD. In Fig. 8.3B, the VSI values display similarly broad distributions in nonviable

areas (INF and IGR) and present with a lagged tail in HEA and OLI. Compared to

the distribution in HEA, the VSI in the OLI shifts to larger values. The corresponding

median values and IQR of Q and VSI histograms in four regions are listed in Table 8.2.

Fig. 8.4 shows the ROC curve that evaluates the ability of Q and VSI to predict the final

lesion area (including INF and IGR) from the recovered and healthy regions (OLI and

HEA). The diagnostic performance of Q was acceptable with the area under the curve

of ROC equal to 0.72. The threshold 0.32 s−1/3 gave the best cut-off with the accuracy

of 69% in differentiating INF and IGR from OLI and HEA with a sensitivity of 69% and
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Figure 8.3: Histograms of the Q (A) and vessel size index (VSI) (B) distribution in the four
regions of interest (ROIs) and for all 23 patients with sixth-day measurements together. The
voxel count for each histogram is presented with the highest column normalized to 1. HEA
indicates healthy tissue; OLI, oligemic area; IGR, infarct growth; INF, initial infarct.

a specificity of 64% and is labelled on the ROC curve in Fig. 8.4. The performance of

VSI for prediction was worse than Q with the area under the curve of 0.59. The optimal

cut-off with the accuracy of 68% for the prediction by VSI was achieved at the threshold

of 14.6 µm with a sensitivity of 70% and a specificity of 43% (see Fig. 8.4).

8.3 Discussion

In the current study, we showed that vessel size imaging can image the microvasculature

by employing two quantities Q and VSI and that its application is feasible in the clinical

stroke study. The application of a dynamic duo-echo sequence substituting the standard

PI acquisition provided both GE and SE contrasts and could be embedded into clinical

routine without any time extension. Although the matrix size was sacrificed for double

contrasts, the image resolution of the derived perfusion maps was still sufficient for clinical

diagnosis.

In our patient cohort with baseline measurements, the microvascular network demon-
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Figure 8.4: The receiver operating characteristic (ROC) curve for evaluating the ability of Q
and vessel size index (VSI) to predict final infarction from healthy and recovered tissue. The
optimal cutoff thresholds labelled on the curves are 0.32 s−1/3 for Q with an accuracy of 69%,
a sensitivity of 69% and a specificity of 64%, and 14.6 µm for VSI with an accuracy of 68%, a
sensitivity of 70% and a specificity of 43%, respectively.

strated changes within the ischemic penumbra (IPE) in terms of MVD and average vessel

size, referring to Q and VSI respectively. The result of this study, with a large patient

cohort, a broader time window of 24 hours and a presence of PI-DWI mismatch coin-

cided with our previous pilot study [116] and a rat study [90]: the reduced MVD and

the increased mean vessel radius were observed in ischemic penumbra compared to the

healthy symmetrical region (Fig. 8.2). These observations could be explained by a more

pronounced effect of edema on the compression of small capillaries as compared to larger

arterioles and venules, leading to a shift in the calculated average vessel size [51]. The

vasodilatation due to the autoregulation of the cerebral vascular network further results

in the elevation of the VSI in the ischemic tissue.

Although the individual variations in Q between IGR and OLI did not reach a significant

level in our small patient cohort (n = 23) with follow-up measurements, Q tended to shift

successively to smaller values in voxel-wise distributions from HEA, OLI and IGR to INF

(see Fig. 8.3A). These four distributions are significantly different from each other based

on the large number of voxels. The Q map presented in Fig. 8.1 with hypointensities in

IGR and INF matches the shifts showed in the histograms. Clear contrast differences
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between IGR and OLI can be observed on the Q map in Fig. 8.1. In order to test whether

the shift of histogram is due to the pathological effect, we further segmented each ROI

into GM and WM. The same trend in both GM and WM confirmed that decreased

MVD mainly resulted from the ischemia, rather than the tissue type. The greater drop

of the measured MVD in INF and IGR compared to OLI and HEA could be explained

by the increased degree of ischemic cell death with more swelled cells compressing the

capillaries in the non-viable area [51]. Thus, Q may be a reasonable predictor for the

tissue outcome. This also explains the lack of the significance for Q between INF and IPE

in the 75 patients with a baseline scan, since IPE also covered the area of IGR, in which

Q dropped heavily similar to the drop in the INF. Therefore, Q could be a supplemental

imaging maker to acute DWI, which is sensitive to the INF and does not provide the

differentiation between IGR and OLI.

The diagnostic performance of Q was fairly good given the area under the curve of ROC

with the value of 72%. However, the capability of Q for prediction is not as good as

that of CBV, CBF and MTT in terms of sensitivity and specificity [107, 117]. Unlike

perfusion parameters that change immediately after vessel occlusion, Q decreases with

the evolution of cell death, which could influence the sensitivity of Q. On the other

hand, this dependence enables Q to be a reliable evaluator for the tissue fate by possibly

preventing the overestimation of penumbra in oligemia, which is commonly seen in the

MTT. Moreover, the calculation of Q can be done by a one-step linear fitting thus its

value is rather stable. This is an apparent advantage for the clinical use considering that

the post-processing of the conventional perfusion parameters is very sophisticated and

time-consuming and their values are highly dependent on the methods being used [62].

The prediction accuracy of Q is mainly affected by the heterogeneous structure of the

vascular network in different types of tissue. Differences in vessel density between GM and

WM have been showed in healthy volunteers in our feasibility study [116]. This explains

the broad range of the voxel-wise histograms in Fig. 8.3A. The pathological effects on Q

could be partially shielded by the variation between GM and WM. As shown in Fig. 8.1,

although Q in the cortex within the contour of lesion growth is decreased compared to

the contralateral hemisphere, it appears to have a similar contrast to that in the healthy

WM. Furthermore, the viability of the Q threshold might be different according to the

location. The accuracy of prediction might benefit from segmentation ROIs to define

the specific threshold according to the location. After all, cerebral ischemia is a very
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dynamic process and the critical thresholds for viability are dependent on its duration

of the ischemia [23]. The originally decreased MVD in the ischemic tissue could elevate

again in the subacute stage due to angiogenesis [89] and the tissue may prevent the fate

of infarction. It has been proposed that coupling CBV and CBF for thresholding will

raise the accuracy for prediction [117]. In future studies, the combination of Q with

conventional perfusion parameters can be assessed for identification of lesion growth.

Although the VSI was significantly different between all three regions defined in patients

with the baseline measurement, it failed to provide useful information in predicting lesion

growth giving a poor area under the curve of 0.59. Besides its heterogeneity in normal

brain regions, the VSI is also very sensitive to the presence of large vessels and voxel

contamination by CSF. When a voxel is dominated by a large vessel or the CSF, the

measured VSI deviates towards much higher values (see Fig. 8.1). This explains the long

tails of the VSI distributions in Fig. 8.3B. The shift in the OLI to larger VSI values

compared to HEA is very likely due to the vasodilatation of arterioles and venules. In

both INF and IGR, the VSI distributions had a wide range. To understand this, we have

to keep in mind that the modelling and calculation of VSI is inevitably dependent on

CBV. It has been found that CBV decreases significantly in the area of the initial infarct

core and lesion growth since the tissue is badly perfused. This drives the decrease of the

VSI. On the other hand, both edema and the absence of the CA cause an overestimation

of VSI [20]. These two opposite effects result in the broad distribution of the VSI.

Moreover, the areas of INF and IGR in our patients were very small compared to other

stroke studies [107, 117]. The possible miscoregistration of very small ROIs of INF and

IGR could influence the results as well.

The majority of our patients did not receive a sixth-day measurement due to the early

discharge. As a two-month experimental study, this study did not have resources to

monitor and recruit discharged patients to accomplish the follow-up examination. More

than half of patients with follow-up measurements were detected to have recanalization on

the second day. It could explain the large overshot of acute MTT deficit to the sixth-day

infarction. Although a different prediction model for the final lesion might be expected

between patients with and without recanalization, it is difficult to examine this hypothesis

in the current cohort (n = 23). The time window was defined as 24 hours because ischemic

penumbra dynamically evolves during the first day after symptom onset [118]. Moreover,

the time window of 24 hours is reasonable to monitor the changes of Q, which is not an
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immediate sign after ischemia.

Although the application of perfusion in clinical practice is restrained by unsolved me-

thodical issues and no significant superior performance has been found between conven-

tional parameters, such as MTT, Tmax, CBV and CBF [119], we employed the MTT

deficit to identify the tissue at risk due to its high sensitivity and homogeneity, as well

as its nature as a microvascular perfusion calibre [65]. Given the fact of unreliable per-

formance of delineation by the automated software [120] or visual assessment [121], we

used the combination of thresholding and visual correction to detect the lesion edge.

The threshold of 5.3 s in MTT was proposed with good correlation of results in positron

emission tomography and appeared reliable in our patient cohort [107]. Additionally, we

performed the same study with different MTT thresholds ranging from 4 s to 6 s. There

were no differences regarding the statistic results of Q and VSI between these thresholds.

In conclusion, the microvascular network responds to cerebral ischemia with decreased

vessel density quantity Q and increased mean vessel size VSI in the hemodynamically

disturbed area. Although the Q shows a trend to identify the severity of ischemia in

an overall voxel population, its potential in predicting the infarct growth needs to be

further tested in a single case level. To confirm this, further studies with a larger patient

cohort including clear status of reperfusion and recanalization and complete follow-up

measurements are required.
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Chapter 9

Observation of the loop formed on

the (∆R
3/2
2SE, ∆R2GE) Plane

The DSC MRI is the most commonly used imaging method to assess cerebral perfusion

in clinical studies, for example of tumour and stroke. The rapid dual-echo EPI technique

makes it possible to track the CA bolus in both GE and SE contrasts simultaneously.

This can be exploited to characterize the cerebral microvasculature in vivo, which in-

cludes arterioles, capillaries and venules. It is possible because the transverse relaxation

rate R2GE measured by a GE and the transverse relaxation rate R2SE measured by an

SE are differently affected by the inhomogeneous magnetic field induced by the param-

agnetic contrast confined in the local microvascular network [94]. Changes of these rates

∆R2GE and ∆R2SE, measured after the administration of a paramagnetic CA, yield the

information of mean vessel size inside an imaging voxel. Attempts have been made to use

the dependence between ∆R2GE and ∆R2SE to estimate the vessel size in rats [19, 108],

healthy subjects [110, 122], tumour patients [20, 123] and ischemic stroke patients [116].

Analytical models were developed to calculate the signal relaxation due to magnetic field

inhomogeneity induced by the microvascular network [95–97, 124]. This theory was used

to express an averaged microvessel size in an imaging voxel, referred to as VSI [19, 20] (see

Chapter 6 for detail). The VSI is understood as the vessel radius specifically averaged

over the microvessel population weighted with its volumetric fraction, and is proportional
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Figure 9.1: Examples of the hysteresis loop on (∆R
3/2
2SE , ∆R2GE) plane in (A) a healthy brain

and (B) a hemangiopericytoma grade II. The direction of the loop is (A) counter-clockwise in
the healthy brain and (B) clockwise in the tumour.

to the ratio of ∆R2GE and ∆R
3/2
2SE according to

V SI = 0.867(ζD)1/2
∆R2GE

∆R
3/2
2SE

, (6.15)

where ζ and D are the CBV and the ADC, respectively.

In human studies with a DSC imaging implementation [20, 91, 116], the quantities ∆R2GE

and ∆R2SE were converted from the signal drops after the CA administration by following

∆R2(t) = − 1

TE
ln
S(t)

S0

, (4.6)

where S(t) is the signal intensity recorded at time t, and S0 is the averaged baseline

signal over the time before CA administration (see Fig.7.1A and B for illustration). As

shown in Fig. 7.1D, the ratio of ∆R2GE/∆R
3/2
2SE is obtained by fitting the data points on

the plane of ∆R
3/2
2SE as the x-coordinate versus ∆R2GE as the y-coordinate.

In the ideal case of the model, ∆R2GE is linearly dependent on ∆R
3/2
2SE. However, the

dependence of ∆R2GE on ∆R
3/2
2SE during the first pass of the CA bolus often displays a

difference between the initial increase and the following decrease of the CA concentration,

similar to a hysteresis loop (see Fig. 9.1). Noticeably, it has been reported that the shape

of the loop and the direction of its passage may differ between normal brain tissue and

tumour tissue [20, 91].

Kiselev et al. [20] interpreted that the formation of the loop is due to the different
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involvement of arterial and venous blood pools during the bolus passage . However,

detailed investigation was not available and hindered by fitting experimental data with

the gamma variate function and by the use of monosized vessel distribution in each

microvascular pool. These limitations are to be released for understanding the loop

formation.

So far, most studies on DSC modelling have focused on analyzing the MRI signal in the

entire cerebrovascular network as a single operator [106, 125]. This is not sufficient for

studying the behaviors of vessels in different microvascular pools. Mouridsen et al. [126]

presented a parallel capillary system using incomplete gamma variate functions with a

distribution of transit times. However, the gamma variation function has been reported

to be an incorrect parametrization of the residue function based on a comparison of

the simulation and ASL experimental data [127]. Gall and Kiselev [128] have proposed

a vascular tree model with the transport function in each vessel generation following

the laws of laminar flow, which was found to be in an excellent agreement with ASL

measurements [129]. However, the susceptibility effects of CA and intrinsic blood were

not considered in this work focused on vessel transport functions.

Understanding the mechanism of the loop formation is the primary aim of Part IV. To

achieve this, we further develop the vascular tree model with multiple vessel generations

in different blood pools, and simulate the transient variation of ∆R2GE and ∆R2SE during

the bolus passage in the vasculature with various blood composition and transport, in

order to explore the factors influencing the shape of the loop and the direction of its

passage. These details are described in the following Chapter 10. To investigate the

potential value of the loop in clinical studies, a post-processing method is proposed for a

simple parametric characterization of the loop, and applied to experimental data from a

previous study in tumour and stroke patients in Chapter 11.
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Chapter 10

Understanding the Formation of the

Loop

In this chapter, the modelling and the simulation are described, which are based on the

theory of susceptibility-induced MRI signal dephasing in a cerebrovascular network [95–

97, 124]. The present work adapts the model introduced in Section 6.1.2 for multiple vessel

generations to account for kinetics of the bolus passage through the microvasculature.

10.1 Modelling and Simulation

10.1.1 Tissue Modelling

The tissue in a volume of interest (VOI) is modelled with two compartments: blood

in vessels occupying a volume fraction ζ and brain parenchyma. The vascular network

consists of three types of vessels: arterioles, capillaries and venules, with the volume

fractions of ζa, ζc, and ζv, respectively. The vascular network is modelled by a tree

structure with symmetric arterial and venous parts, in which vessel generations are self-

similar [130] and follow Murray’s law [131], so that the diameter of each vessel generation

is reduced by the factor of 21/3 at each bifurcation (see Fig. 10.1). There are 55 vessel

generations (25 arterioles, 5 capillaries and 25 venules) in the vascular system with the

largest diameter of 2.9 mm as the common size of the proximal middle cerebral artery [132]

and the smallest diameter of 5.7 µm as the mean size of a capillary population [133]. The
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Figure 10.1: Illustration of the vascular tree model. Arterioles are labelled in red, capillaries
in green and venules in blue.

vessel generations with a diameter smaller than 10 µm are considered as capillaries [134].

Each vessel generation of the same vessel type, α = a (arterioles), c (capillaries), and

v (venules), is assumed to occupy the same volume fraction, so that the blood volume

fraction of a vessel generation k can be written as

ζαk = ζα/Nα, (10.1)

where Nα is the number of vessel generations in vessel type α.

10.1.2 Transport Function

The blood flow in the brain vasculature is assumed to be laminar. The vessel segments

between bifurcations are considered to be cylindrical pipes. The transport function in-

troduced in [105] is used here for each vessel generation

h(t) =

{
t0/t

2 if t ≥ t0

0 otherwise
, (10.2)

where t0 is the transit time of blood in the central streamline. The residue function Rk(t)
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Figure 10.2: Illustration of the transport process from the injection vein to the brain. CA
indicates contrast agent; Con, concentration of CA; RD, relative dispersion; MTT, mean transit
time; AIF, arterial input function.

of a vessel generation k takes the form of

Rk(t) = h1(t)⊗ h2(t) · · · ⊗ hk−1(t)⊗

1−
t∫

0

hk(t
′)dt′

 , (10.3)

where the convolution chain h1(t)⊗h2(t) · · ·⊗hk−1(t) indicates the blood transport before

the vessel generation k. The CA time-concentration curve Ck(t) in the vessel generation

k is written as

Ck(t) = fCi(t)⊗Rk(t), (10.4)

where f is the CBF and Ci(t) is the AIF to the brain.

10.1.3 Arterial Input Function to the Brain

The AIF to the brain was calculated from the venous injection site by following the

human blood circulation model proposed by van Osch et al. [125], in which the body

compartments were modelled as vascular operators with specific MTT and relative dis-

persion (RD) [135]. Only the first passage was calculated in this study for simplicity.

The transport process is illustrated in Fig. 10.2.

10.1.4 Signal Simulation

Signal simulation is performed as in [98]. In either SE or GE experiments, the total MRI

signal s(t) from the VOI takes the form of the combination of the intravascular signal
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si(t) and the extravascular signal se(t) weighted by their volume fraction:

s(t) = ζsi(t) + (1− ζ)se(t). (10.5)

We note that all signals expressed with low-case s in the equations are normalised on

unity for t = 0. The intravascular signal is a sum from arterioles, capillary and venules

weighted with their volume fractions. Therefore, its contribution in Eq. (10.5) can be

replaced as

ζsi(t) =
Na∑
k=1

ζaksak(t) +
Nc∑
k=1

ζcksck(t) +
Nv∑
k=1

ζvksvk(t) ≡
∑
α

Nα∑
k=1

ζαksαk(t), (10.6)

where sαk(t) is the signal contribution of the kth vessel generation in vessel type α.

The signal from the blood in arterial vessel generations sak and venous ones svk decays

exponentially with time:

sαk(t) = exp{−[R2α0 + rCαk(t)]TE}, (10.7)

where α = a, v, and TE is the echo time. R2a0 and R2v0 are the relaxation rates in

arterial and venous blood without the CA, respectively, which are taken from in vitro

measurements. The term rCαk(t) describes the relaxation induced by a time-dependent

CA concentration Cαk(t), where r is the relaxivity of the CA. The signal from capillaries

sck(t) is calculated by a linear interpolation of the relaxation rate between the arterial

and venous ends. This yields

sck(t) =
exp(−R2a0TE)− exp(−R2v0TE)

(R2v0 −R2a0)TE
exp[−rCck(t)TE]. (10.8)

Finally, two exponential relaxation processes are considered for the extravascular signal

in Eq. (10.5):

se(t) = exp{−[R2p0 +R2p(t)]TE}, (10.9)

where R2p0 is the rate of relaxation in parenchyma caused by the spin-spin interactions

at the molecular scale, which can be measured at very short echo times. In turn, the

relaxation rate R2p(t) is caused by susceptibility effects of vessels, which take the form of
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a sum of relaxivities of each vessel generation:

R2p(t) =
∑
α

Nα∑
k=1

ζαkr2αk(t), (10.10)

where r2αk(t) are functions to characterize the relaxivity of vessel generation k of a given

type α and radius ρ0. These functions are vessel-specific, since the relaxation effect

depends on two parameters: 1) the diffusion time across the vessel, tD = ρ20/D, where

D is the diffusion coefficient; 2) the characteristic shift of the Larmor frequency on the

surface of the vessel ω = 2πχγB0, where γ is the gyromagnetic ratio, B0 is the magnetic

field strength, and χ is the magnetic susceptibility of the blood as a combination of the

susceptibility contributed by the CA and the one contributed by natural blood depending

on its type α. These two parameters, together with the TE of the experiment, determine

the relaxation under different conditions: SDR and DNR (see Section 6.1.3 for details).

Analytical theory is available for both the DNR and the SDR, which yields explicit

expressions for the case of short and long times. This study uses the signal simulation

module described in [98], which is based on interpolations between analytical expressions

known for the DNR and the SDR.

The SDR applies when the typical phase acquired by a proton diffusing past a vessel is

large, ωtD � 1. For this case, analytical results of the vessel relaxivity for GE measure-

ments are

TEr2αGE =
2

15
(ωTE)2 (10.11)

for ωTE � 1 and

TEr2αGE =
2

3
ωTE − 1 (10.12)

for ωTE � 1. Similarly, the relaxivity in the SE measurement takes the form

TEr2αSE =
1

15
(ωtD)2

(
TE
tD

)3

(10.13)

for (ωtD)2/3TE/tD � 1 and

TEr2αSE = 0.694(ωtD)2/3
TE
tD
− 1 (10.14)

for (ωtD)2/3TE/tD � 1.
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In the DNR, the diffusion time is in the order of the time that a water molecule needs to

diffuse across a distance comparable with the vessel radius. Hence, the diffusion is so fast

that the spins reside in the vicinity of a vessel for only a relatively short time acquiring

a small phase ωtD � 1. The vessel relaxivity is then given by

TEr2αGE =
4

45
(ωtD)2

[
TE
tD

(
ln
TE
tD

+ 0.309

)
+

1

4
ln
TE
tD

+ 0.619

]
(10.15)

for GE measurements and

TEr2αSE =
8

45
(ωtD)2

[
TE
2tD

(
ln
TE
2tD
− 0.384

)
+

1

4
ln
TE
2tD

+ 0.619

]
(10.16)

for SE measurements. The crossover between the DNR and the SDR occurs in the range

of ωtD ≈ 6 [98].

10.2 Results

To match our experimental voxel size of 3.6× 3.6× 5 mm3, the diameter of the feeding

artery and the draining vein was around 290 µm calculated from the scaling rule [130],

which resulted in ten vessel generations before reaching the voxel and 35 vessel generations

inside the voxel (15 arterioles, 5 capillaries and 15 venules).

The transit time t0 in Eq. (10.2) was set to 70 ms in each vessel generation for normal

blood transport, which is obtained from scaling the reasonable MTT in the entire brain

of 4 s [136] by 55 as the number of vessel generations. The transit time t0 = 300 ms was

used for the case of strong dispersion when simulating a reduced blood flow in stroke.

We approached the result by a gradual change of the bolus shape from completely un-

realistic to a realistic one (see Fig. 10.3 from A to B). The plots in the left column of

Fig. 10.3 show the CA concentration curve along the time in different vessel generations.

The curves are labelled in red, green and blue for arterioles, capillaries and venules, re-

spectively. The corresponding plots of dynamic changes in ∆R2GE versus ∆R
3/2
2SE show

a comparison of a voxel with more venous blood (ζa = 0.5%, ζc = 2%, ζv = 1%) in the

middle column, and a voxel with more arterial blood (ζa = 1%, ζc = 2%, ζv = 0.5%)

in the right column. Note that the capillary blood volume is identical in both cases
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(ζc = 2% [134]). These dynamic curves evolving from red, via green, to blue, illustrate

the changes of ∆R2GE/∆R
3/2
2SE during passage of the peak of the bolus from arterioles, to

capillaries, to venules.

Considering a scenario of an infinitely long delay in the blood transport and no disper-

sion, the bolus passage in each generation is completed before the passage to the next

generation occurs. Thus, each vessel generation follows an individual line in this case

(see Fig. 10.3A). Given the fact that the ratio ∆R2GE/∆R
3/2
2SE is proportional to the

vessel diameter [20], the obtained slopes for capillaries are much smaller than those of

arterioles and venules. Since the first two and the last two of capillary generations are

symmetric, their lines coincide. Hence, three capillary lines are observed for five capillary

generations. Slightly larger slopes for venules than those obtained for arterioles with

the same diameter are due to the presence of deoxyhemoglobin in venous blood. Note

that the maximum ∆R2GE and ∆R2SE reached at the maximum CA concentration are

proportional to the volume fraction for each generation. Therefore, the venous branches

(blue) end in higher ∆R2 values than the arterial ones (red) in the voxel with larger ζv

(see the middle column of Fig. 10.3A), whereas the opposite is obtained for the voxel

with larger ζa (see the right column of Fig. 10.3A).

When the bolus passages overlap in each generation as shown in Fig. 10.3B for a transit

time delay of 70 ms, the dependence between ∆R2GE and ∆R
3/2
2SE forms a loop in both

voxels by following the slope of the arterioles at the very beginning, then transiting to the

capillaries, and returning back to the venules. The direction of the loop can be changed

in simulations by adjusting the relative arterial and venous blood volume fractions. If the

arterial blood fraction ζa is significantly smaller than the venous one ζv as shown in the

middle column of Fig. 10.3, the ascending branch has lower values than the descending

one and the loop is counter-clockwise. On the other hand, the loop is clockwise in the

right column of Fig. 10.3, demonstrating a case with a larger arterial blood fraction ζa

than the venous one ζv.

The role of increased dispersion in pathological tissue is illustrated in Fig. 10.3C with a

transit time delay of 300 ms. Due to the increased dispersion, ∆R2 values are reduced,

predominantly for the venules, where the bolus arrives late. This partially compensates

for the smaller arterial blood volume fraction in the voxel with the larger ζv (middle col-

umn of Fig. 10.3C) resulting in an intersection of the ascending and descending branches.
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On the other hand, the dispersion causes a “rounder” loop in the voxel with larger ζa

(right column of Fig. 10.3C).

10.3 Discussion

In this chapter, we interpreted the loop formed by the dynamic dependence of ∆R2GE

on ∆R
3/2
2SE found during the bolus passage in the double contrast DSC imaging. The

complex cerebrovascular network was simplified as a vascular tree with multiple vessel

generations. Assuming similarity of the vessel segments in the same generation, a single

concentration curve was used for each vessel generation. Although veins were reported

in physiological studies to have a different range of diameters than arteries, we used the

same distributed diameters for the arterial and venous tree structure for simplifying the

modelling and varied the arterial and venous blood volume fractions to introduce the

difference between both compartments.

As shown in the results, the transport function in Eq. (10.2) has a low converging speed,

which results a long tail. Therefore, a long time range (200 s) is required for calculation

so that the integral of the transport function approaches to one. Moreover, the transport

model is not applicable to capillaries due to the mixing of blood in the transverse direc-

tion by the red blood cells and by the transverse diffusion. Being a potential substitute,

the vascular operator with a lagged exponential transport function used in the circula-

tion model has often been assumed in studying vascular transport [106, 135]. However,

this tissue-specific vascular operator was not appropriate for a vessel generation with

extremely short transit time, e.g. 70 ms. The dispersion was too little in this case for

assessing the difference in CA concentration between vessel generations. Although the

selected transport function is not a perfect candidate to present the bolus passage in the

vascular tree, it is sufficient for qualitative predictions of the loop in our study.

Although many factors are involved in the formation of the loop, the simulation suggested

that it results from the chronological transition of the bolus among different blood vessel

generations. The inflection point is reached when the bolus passed the capillaries. The

capillary distribution is crucial for a large loop area, since their small diameter leads to

the efficient relaxation of the SE. The direction of the loop is mainly affected by the

relationship between arterial and venous blood volumes, which determines the relative



10.3. DISCUSSION 91

Figure 10.3: Results of the simulation in three transport systems: (A) unrealistic assumption
of an infinitely long delay in the blood transport and no dispersion; (B) blood transport with
a transit time of 70 ms; (C) blood transport with a transit time of 300 ms. The curves in
red, green, and blue indicate that the peak of the bolus reaches an arteriole, a capillary, or a
venule, respectively. Left column: the time-concentration curves in selected vessels of successive

generations. Middle column: The loop of ∆R2GE/∆R
3/2
2SE in a voxel with more venous blood

(ζa = 0.5%, ζc = 2%, ζv = 1%). Right column: The loop of ∆R2GE/∆R
3/2
2SE in a voxel with

more arterial blood (ζa = 1%, ζc = 2%, ζv = 0.5%). The multiple curves in (A) are run
forth and back to zero during the bolus passage through each vessel generation shown in the
left column. The insert shows the region near the origin. Dispersion results in merging these
trajectories in a single loop (B and C).
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positions of the ascending and descending branches. The presence of deoxyhaemoglobin

in venous blood only results in a slight change in the slope according to our simulation

results. The bolus dispersion affects the shape of the loop in voxels with dominating

arterial and venous contributions in a different way. It is not possible to quantify the

influence of dispersion on the shape without the knowledge of the exact blood transport

function through the vascular network.



Chapter 11

Characterization of the Loop

According to the simulation results in Chapter 10, the shape and direction of the loop de-

pend on the blood composition and the dispersion, both of which vary between voxels. To

characterize the voxel-specific loop, we introduce a post-processing method and a map-

ping parameter Λ, which provide additional information of cerebrovascular pathologies

besides the conventional perfusion parameters.

11.1 Materials and Methods

11.1.1 MRI Measurements

Nine healthy volunteers (female 5; mean age 28 years, age range 25 - 40 years), four

tumour patients, and thirteen acute stroke patients were included in this pilot study.

The tumour pathologies were gemistocytic astrocytoma grade II, glioblastoma multiforme

grade IV, hemangiopericytoma grade II, and transitional meningeoma grade I. All 13

acute stroke patients (female 5; mean age 77 years, age range 55 - 90 years) with an

artery occlusion and perfusion deficit were examined within 4.5 hours from symptom

onset. Detailed clinical data of the stroke patients have been reported in Table 7.1.

All studies were performed using a 3 T clinical scanner (TIM Trio, Siemens AG, Erlangen,

Germany). The measurement was performed with a hybrid single-shot GE and SE EPI

sequence with 50 repetitions (TE (GE/SE), 22/85 ms; TR, 1880 ms; field-of-view, 230 mm;

93



94 CHAPTER 11. CHARACTERIZATION OF THE LOOP

slice thickness, 5 mm; slice number, 16; matrix size, 64×64). A dose of 0.13 mL Gadovist

(Bayer Schering Pharma AG, Berlin, Germany) per kg body weight was injected at a

speed of 5 mL/s with a time delay of 18 s.

11.1.2 Data processing

The quantities ∆R2GE and ∆R2SE were converted from the signal drops after the CA

administration for each scan by following

∆R2(t) = − 1

TE
ln
S(t)

S0

, (4.6)

where S(t) is the signal intensity recorded at time t, and S0 is the averaged baseline

signal over the time before CA administration (see Fig.7.1A and B for illustration). As

shown in Fig. 7.1B, the recirculation results in a second passage in the relaxation rate

curve, which is not of interest in characterizing the loop within this work. The extraction

of the first bolus passage from the second one requires a minimum search between two

subsequent peaks. In order to reduce the error in the temporal direction, both ∆R2GE(t)

and ∆R2SE(t) curves were smoothed by a Gaussian filter in the Fourier domain, in which

the standard deviation was chosen to be 1/3 of the sample rate. The minimum in the

interval between two bolus passages can be identified as the first point after the peak

where the first derivative computed from three points of the signal is zero [137].

The truncated unsmoothed curves of ∆R2GE(t) and ∆R2SE(t) were then used to ex-

plore the dynamic dependence of ∆R2GE on ∆R
3/2
2SE (see Fig. 11.1). The ascending and

descending branches were identified by separating the points before and after the max-

imum value of ∆R2GE. For each branch, monotonic segments were taken into account

for interpolation. Twenty evenly-distributed points were linearly interpolated along the

∆R
3/2
2SE-axis for each branch. In case of an intersection between ascending and descending

branches, the points with large ∆R2 values beyond the intersection point were selected

for further evaluation (Fig. 11.1B). The maximum distance l from the ascending branch

to the descending one was calculated after the interpolation. Hence, l was positive if the

values of the ascending branch exceeded those of the descending branch, i.e. the loop

was clockwise. On the other hand, l was negative when the loop was counter-clockwise.
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Figure 11.1: Definition of Λ as the maximum distance between ascending and descending
branch of the loop (l) normalized by the maximum ∆R2GE (L) in (A) a counter-clockwise loop
without intersection and (B) a loop with intersection, for which the points with large ∆R2

values beyond the intersection points are selected.

To characterize the shape of the loop, we introduced a parameter Λ as

Λ =
l

L
, (11.1)

where L is the maximum value of ∆R2GE. Therefore, Λ is in the range of (-1, 1) and its

sign indicates the direction of the loop.

11.1.3 Volume of Interest

For healthy subjects, the entire brain excluding the space of the CSF was defined as the

VOI for further evaluation. In tumour patients, the VOI of tumour tissue was manually

delineated on T1 images and coregistered to SE contrasts. The VOI of ischemic tissue in

stroke patients was identified as the hyperintensities on the MTT map. The loops in a

healthy brain, the tumour tissue in a tumour patient and the ischemic tissue in an acute

stroke patient shown in the Fig. 11.2 were obtained from the averaged ∆R2GE(t) and

∆R2SE(t) values over pixels in each VOI.
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11.2 Results

Fig. 11.2 shows examples of the averaged loop and the histogram of Λ in a healthy brain,

a tumour, and the ischemic tissue from an acute stroke patient. The loop of the averaged

∆R2GE(t) and ∆R
3/2
2SE(t) in a healthy brain is counter-clockwise (Fig. 11.2A). According

to our simulation results, it indicates a higher venous blood fraction and a low level of

dispersion in the whole brain. The corresponding histogram of Λ in Fig. 11.2A indicates

that the majority of voxels had a negative Λ (mean ± standard deviation, -6.4% ±
37.6%).

The cerebrovascular pathology influenced the direction and the shape of the loop. Fig. 11.2B

presents a clockwise averaged loop inside a tumour (hemangiopericytoma grade II, a pa-

tient from study [20]). The corresponding histogram of Λ in the tumour with a mean

value of 21.4% ± 49.2% was shifted to more positive values compared to the healthy

brain. The hyperintensity of Λ is displayed in the territory of the tumour in Fig. 11.3A.

In one acute stroke patient (male, 55 years; middle cerebral artery occlusion; time from

symptom onset, 1.5 hours), the averaged loop in the ischemic region was also clockwise

(Fig. 11.2C). There are more voxels with a positive Λ value than with negative ones in the

histogram in Fig. 11.2C with a mean of 2.8% ± 41.1 %. In the stroke patient, the largest

(positive) Λ values were observed in the region of increased CBV and MTT (Fig. 11.3B).

Fig. 11.4 shows the statistical results of three groups: healthy subjects, tumour patients

and acute stroke patients. According to the student t-test (p < 0.05), the Λ in tumour

(16.0 % ± 13.8 %) was significantly higher than that in the healthy brain (-4.5% ± 1.5

%) and that in the ischemic tissue of stroke patients (-2.7% ± 3.9%). No significant

difference was found between the healthy brain and the ischemic tissue.

11.3 Discussion

Several ways can be used to characterize the shape of the loop, such as the area under the

curve or the maximum distance l between the ascending and descending branches. How-

ever, both parameters are strongly influenced by the range of changes in the relaxation

rates. Therefore, we introduced Λ as the ratio between l and the maximum ∆R2GE (L)
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Figure 11.2: Examples of averaged loops (left column) and Λ (right column) in different types
of tissue: (A) a healthy brain, (B) a hemangiopericytoma grade II, and (C) the ischemic tissue
of an acute stroke patient.
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Figure 11.3: Illustration of images in a tumour patient (A) and an acute stroke patient (B)
corresponding to the plots in Fig. 11.2B and C, respectively. (A) from left to right: cerebral
blood volume (CBV), T1 and Λ map; (B) from left to right: CBV, mean transit time (MTT)
and Λ map.

Figure 11.4: The statistic results of Λ values in different types of tissue. * indicates the
significance p < 0.05. The value Λ in tumour (16.0 % ± 13.8 %) was significantly higher than
that in the healthy brain (-4.5% ± 1.5 %) and in the ischemic tissue of stroke patients (-2.7%
± 3.9%)
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for a normalization and thereby removed the influence from different degrees of variation

in the CA concentration. A sufficient number of data points in the interpolation was

necessary for a reliable measurement of Λ. Linear interpolation with 20 points was cho-

sen as a compromise between processing speed and accuracy. The histogram of Λ values

showed a wide distribution, since Λ additionally reflects the local vascular composition,

which is very heterogeneous between voxels. Hence, if the voxel is dominated by a large

vessel, the absolute value of Λ can be very large compared to its neighbours. Another

characteristic of the histograms of Λ values is an indentation around Λ = 0. This is due

to our definition of Λ being proportional to the maximum distance between the ascending

and descending branch of the loop, which intrinsically favours non-zero values. We finally

note that the occurrence of an intersection of both branches (as shown in the simulation

results in the middle column of Fig. 10.3C, and the illustration in Fig. 11.1) complicates

the assignment of a Λ value. In such cases, the maximum distance was computed for the

loop segment of large ∆R2 values beyond the intersection point because the portion of

the loop near the inflection regions is less affected by dispersion.

In normal brain tissue, arterial blood volume is generally 50% smaller than venous blood

volume [138]. This explains why the averaged loop in the healthy brain is counter-

clockwise and the majority of Λ values in the histogram of Fig. 11.2A is negative. The

clockwise loop in the tumour that was found along with increased Λ values as compared

to the healthy brain (Fig. 11.4) can be explained by an increase in arterial blood volume

due to the oncogenic angiogenesis. A stronger dispersion in the pathological vascularture

further results in a larger loop area. The clockwise loop and elevated Λ values in the

ischemic region observed in the stroke patients are most likely due to the strong dispersion

resulting from a prolonged blood flow due to vessel occlusion. The vasodilatation of

arterioles involved in the vasoregulation mechanism after stroke might also contribute to

the elevation of the arterial branch of the loop, and thus cause a larger Λ value. However,

if this effect is too subtle to compensate for the lower arterial blood volume compared to

the venous fraction, it may not be sufficient to change the loop direction. In Fig. 11.4,

the variation of Λ in ischemic tissue is larger than that in healthy brain. This might be

explained by the different extent of dispersion and vasodilatation among patients. For

strong bolus dispersion in voxels with a dominant arterial contribution, the descending

(i.e. venous) branch of the loop would be shifted away from the ascending (i.e. arterial)

branch towards smaller values, thus forming a clockwise loop, which increases l and leads

to relatively large, positive Λ values. On the other hand, an intersection might occur
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in the loop for voxels with a dominant venous distribution (subtle vasodilatation), so

that the part of the loop beyond the intersection remains counter-clockwise (Fig. 10.3C,

middle column) with a negative Λ value. The absolute value of this negative Λ for a

strong bolus dispersion is likely larger than the normal blood transport, since l is divided

by a reduced L.

As presented in Fig. 11.3, Λ is a novel imaging marker for characterizing the pathology

of cerebrovascular structure by showing an increased mean value in tumour and a large

variation range in ischemic tissue. The calculation of Λ does not include any complicated

deconvolution process and is very intuitive compared to the conventional perfusion pa-

rameters. We note that the leakage of CA is often seen in tumour tissue and results in a

pronounced tail in ∆R2GE and ∆R2SE after bolus passage. This effect needs to be cor-

rected in the quantification of blood flow. However, the same effect is less important for

the calculation of Λ, since the maximum distance between the ascending and descending

branches is typically reached before the post-contrast state sets up. However, there are

also certain drawbacks of Λ. The heterogeneity of Λ is a natural feature of the tissue,

which may complicate the thresholding between the healthy and pathological tissue. For

the area of infarction with very little amount of CA, the calculation of Λ often fails due

to the non-monotonic changes of ∆R2GE/∆R
3/2
2SE in the regions with a low SNR.

The quantification of perfusion parameters may also benefit from the calculation of Λ.

Since the voxel dominated by an artery is characterized by a large Λ value, the analysis

of Λ values may provide useful information for locating the AIF. However, it is to be

investigated whether this could improve automated perfusion post-processing algorithms.

To sum up, the dynamic relaxation rates in DSC imaging could be well evaluated by

using a simple vascular tree model. The differential blood volume in vessels of different

types and the bolus dispersion influence the direction and the shape of the loop formed

by the dynamic dependence between ∆R2GE and ∆R
3/2
2SE. The Λ value, defined as the

maximum distance between ascending and descending branches of the loop normalized

by the maximum ∆R2GE, yields a simple and effective characterization of the loop, which

may provide useful information in the description of cerebrovascular pathologies.
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Amide Proton Transfer Imaging
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Chapter 12

Principles of Amide Proton Transfer

Imaging

The APT imaging provides a sensitive detection mechanism that allows characterization

of dilute labile protons in amide groups, which are usually undetectable by conventional

MRI. In this chapter, we provide a brief review of the principle concepts involved in this

technique.

12.1 Magnetization Transfer

In conventional proton MRI, image contrast is generated from the mobile protons in water

and depends on their density and relaxation time. The mobile protons have a relatively

long T2 relaxation time in the order of milliseconds, which allows the signal acquisition

in MRI after the direct excitation in the water pool. In the biological tissue, protons also

exist with a less amount in the form of coupling with macromolecules. The T2 of these

protons with restricted mobility is too short, generally less than 1 ms, to allow the signal

detection directly [139]. Since the absorption bandwidth is proportional to the inverse

of T2, the protons existing in macromolecules have a much broader absorption frequency

range than those in water (Fig. 12.1).

Protons in different chemical environments have been found to interact and exchange

between each other [140–142]. The exchange process between the restricted protons and

the mobile ones can influence the spin state of the mobile protons, and thus varies the
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Figure 12.1: The schematic plot of the spectrum of two proton pools. The macromolecular
protons, exhibiting much broader absorption range than the water protons, can be preferentially
saturated using an off-resonance RF pulse. Image is modified from [139].

tissue contrast during imaging [143, 144]. Since the macromolecular spins have a broader

absorption range than the mobile ones, they can be saturated by an off-resonance RF

irradiation (Fig. 12.1). The exchange process transfers the saturation from the pool of

restricted spins to the water pool and thus it suppresses the contrast obtained from the

on-resonance excitation. The technique employing this exchange phenomenon is termed

as magnetization transfer (MT), which was introduced by Wolff and Balaban [145] to

characterize the exchange process in kidney and skeletal muscle.

In MRI, a magnetization transfer ratio (MTR) is used to quantify the amount of the MT

with two sets of images: one without saturation, which has a signal intensity of S0; one

with the saturation of the macromolecular protons with an off-frequency offset δ, which

has a signal intensity of Ssat. The MTR is defined as

MTR(δ) =
S0 − Ssat(δ)

S0

. (12.1)

We note that the frequency shift δ used through this chapter and the following one is

referred to as parts per million (ppm) values with the reference of the resonance frequency

of nuclei 1H in water, which is different from the standard reference of tetramethylsilane

at 0 ppm in 1H NMR studies. Hence, the frequency shift of δ = 0 ppm for water in

this study corresponds to 4.7 ppm with the reference to tetramethylsilane. For a static

magnetic field B0 = 3 T, 1 ppm corresponds to a frequency shift of 127.8 Hz.

The MTR contrast has been widely used in clinical diagnosis of various diseases. Since
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myelin in the brain possesses a large amount of restricted protons [146, 147], reduced

MTRs can characterize the demyelinating process in multiple sclerosis [148]. Decreased

MTR values have been found to associate with the aging and the cognitive impairment

in patients with Alzheimer’s disease [149–151].

In the molecular level, the MT effect between macromolecular and free mobile protons

can be interpreted via two mechanisms [152, 153], which are illustrated in Fig. 12.2:

• In model A, magnetization passes between a macromolecule and the hydration wa-

ter on the surface layer through the nuclear Overhauser effect, i.e. dipole-dipole

interaction over a very short distance [154]. The hydration water molecules ex-

change consequently with the free bulk water. The MT interface is restricted to

the sites with the relatively long-lived hydration water molecules [155, 156].

• In model B, exchangeable protons from hydroxyl (-OH), amine (-NH), or sulfhydryl (-

SH) groups mediate the MT process between the non-exchangeable protons in the

macromolecules and the bulk water. The MT interface locates in the site of the

exchangeable protons of the macromolecular phase.

The contribution of these two mechanisms to the MT effect in biological tissue is un-

known, since the qualification is complicated by the complex tissue structure. Notably,

the later pathway is predominant in the MT process from small globular proteins and

deoxyribonucleic acids to water due to the abundance of hydroxyl and amide groups in

the chemical composition of these molecules. This mechanism is important for the con-

cept of chemical exchange saturation transfer (CEST) that we introduce in the following

section.

12.2 Chemical Exchange Saturation Transfer

Whereas the MT contrast originates mainly from the magnetization exchange between

protons in the semisolid macromolecules and membranes and water protons, the CEST

effect describes the exchange between labile protons and water protons. Labile protons

generally locate in the hydrophilic chemical groups of the solute, for example, hydroxyl,

amine, and amide protons [157–159]. Similarly to the MT process, the saturation of
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Figure 12.2: The schematic plot of two magnetization transfer (MT) exchange pathways. (A)
The MT between the macromolecular phase and the free water via the exchange of hydration
water molecules. (B) The MT via exchangeable protons from -OH, -NH, and -SH groups of
the macromolecular phase. NOE indicates nuclear Overhauser effect. The figure is modified
from [152, 153].

solute protons is first achieved by an off-resonance RF irradiation. The saturated protons

accumulate in the water pool by the exchange between solute protons and water protons.

This leads to a reduction of water signal after an on-resonance RF irradiation. The

detection of the CEST effect replies on a high concentration of the solute and a large

exchange rate from solute protons to water protons.

Since the target molecules are different between MT and CEST, the spectrum for RF

saturation, conventionally named as the Z-spectrum, is in the different frequency range

between these two effects (Fig. 12.3). Both MT and CEST spectrum display as a function

of saturation frequency offset relative to water pool, which is defined as 0 ppm and

0 Hz. The MT effect is observed over a large range of offset frequencies in the order

of 100 kHz, whereas CEST is usually detectable in a very narrow range of the chemical

shift, which varies according to the type of CAs. For diamagnetic biological molecules

with exchangeable protons, as an endogenous CEST agent, the chemical shift between

exchangeable protons and bulk water is typically smaller than 5 ppm [160]. For some

exogenous lanthanide agents, the shift can be several 10 ppm or several 100 ppm [161,

162]. As shown in Fig. 12.3B, the CEST spectrum shows a signal dip at a certain

frequency range, which is not available at the opposite frequency. Hence, the asymmetric

comparison of the signals at these two opposite frequencies is employed to assess the
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Figure 12.3: Illustration of typical Z-sprectra for magnetization transfer (MT) and chemical
exchange saturation transfer (CEST) with a reference to the water resonance frequency. (A)
The MT spectrum is generally measured at one side of off-frequency saturation in a broad range.
(B) The CEST effect is usually assessed by the asymmetry between two sides of the saturation
frequency offset in a narrow range.

CEST effect and is defined as MTRasym:

MTRasym(δ) = MTR(+δ)−MTR(−δ) =
Ssat(−δ)− Ssat(+δ)

S0

, (12.2)

where δ is the frequency shift, S0 is the signal intensity without saturation, and Ssat(δ)

is the signal intensity with the saturation at the frequency shift of δ.

CEST is of great physiological interest, as it depends on the biochemical environment of

tissue, such as the pH value, the salt and the metal content, and the concentration level

of metabolic molecules.

12.3 Two-pool Model

The two-pool exchanging model for describing the MT effect between the restricted pro-

tons in macromolecules and the free protons in bulk water by coupled Bloch equations has

been proved to be sufficient for a quantitative interpretation of the MT effect [142, 163–

165]. Zhou et al. [166] adapted this model to obtain an analytic solution of the CEST

process. As shown in Fig. 12.4, pool s represents a small mount of water-exchangeable

solute protons, such as amide protons in mobile cellular proteins and peptides with a

concentration in the order of mM. Pool w corresponds to the large pool of bulk water
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Figure 12.4: Schematic two-pool proton exchange model. The small pool (s) reflects water-
exchangeable solute protons. The large pool (w) reflects bulk water protons. For each pool,
R1, R2, and M0 stand for spin-lattice relaxation rate, spin-spin relaxation rate, and equilibrium
magnetization, respectively. The exchange rate from pool s to pool w is labelled as ksw, and
vice versa as kws. Figure is modified from [166].

protons. For each pool, R1, R2, and M0 stand for spin-lattice relaxation rate, spin-spin

relaxation rate, and equilibrium magnetization, respectively. The exchange rate from

pool s to pool w is labelled as ksw, and vice versa as kws. The spin frequency due to the

applied RF pulse with a magnetic field strength B1 corresponds to ω1 = γB1, where γ is

the gyromagnetic ratio. The frequency offset of the RF pulse to the Larmor frequency of

pool w and pool s is expressed as ∆ωw and ∆ωs, respectively.

If the RF field is applied along the x̂ direction in the rotation frame, the magnetization

of both pools in each direction follows the coupled Bloch equations with exchange terms

as

dMxs

dt
= −∆ωsMys −R2sMxs − kswMxs + kwsMxs, (12.3)

dMys

dt
= ∆ωsMxs + ω1Mzs −R2sMys − kswMys + kwsMyw, (12.4)

dMzs

dt
= −ω1Mys −R1s(Mzs −M0s)− kswMzs + kwsMzw, (12.5)

dMxw

dt
= −∆ωwMyw −R2wMxw + kswMxs − kwsMxw, (12.6)

dMyw

dt
= ∆ωwMxw + ω1Mzw −R2wMyw + kswMys − kwsMyw, (12.7)

dMzw

dt
= −ω1Myw −R1w(Mzw −M0w) + kswMzs − kwsMzw. (12.8)
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Th system under equilibrium obeys the relationship kswM0s = kwsM0w. For MT and

CEST experiments, we assume that the RF field is only applied to pool s and does not

affect pool w. This leads to ∆ωs = 0 and ∆ωw →∞. Hence the effects of the ∆ωw and

ω1 terms in Eqs. (12.6) - (12.8) can be neglected.

To simplify Eqs. (12.3) - (12.8), several definitions are introduced here as

mzs = Mzs −M0s, r1s = R1s + ksw, r2s = R2s + ksw,

mzw = Mzw −M0w, r1w = R1w + kws, r2w = R2w + kws. (12.9)

The differential equations of magnetization in ŷ and ẑ direction in both pools are thus

written as

dMys

dt
= ω1mzs − r2sMys + kwsMyw + ω11M0s, (12.10)

dmzs

dt
= −ω1Mys − r1smzs + kwsmzw, (12.11)

dMyw

dt
= −r2wMyw + kswMys, (12.12)

dmzw

dt
= −r1wmzw + kswmzs. (12.13)

By setting the left side of Eqs. (12.10) - (12.13) to zero, we get the steady-state (indexed

with “ss”) solutions of these four equations as following

mss
zs = − ω2

1M0s

ω2
1 + pq

, (12.14)

M ss
ys = −ω1qM0s

ω2
1 + pq

, (12.15)

mss
zw = −ksw

r1w

ω2
1M0s,

ω2
1 + pq

(12.16)

M ss
yw = −ksw

r2w

ω1qM0s

ω2
1 + pq

, (12.17)

where p = r2s − (kswkws/r2w) and q = r1s − (kswkws/r1w).

In order to obtain the analytical solutions of Eqs. (12.10) - (12.13), we approximate the

magnetization process in the CEST experiment with two separate steps: (1) the complete

saturation of pool s, and (2) the transfer process of the saturation to pool w.
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Assuming that pool s approaches a steady state mss
zs after the first step, pool w in the

dynamic process of the second step can be described by

dmzw

dt
= −r1wmzw + kswm

ss
zs. (12.18)

Hence, the solution for pool w takes the form of

mzw(t) =
kswm

ss
zs

r1w
[1− e−r1w(t−t0)] +mzw(t0)e

−r1w(t−t0), (12.19)

where t0 is the initial time point in the second step when the saturation of pool s starts

transferring to pool w. At the time of t0, Mzw(t0) is still at the equilibrium value M0w,

thus mzw(t0) is zero. The solution in Eq. (12.19) is rewritten as

mzw(t) =
kswm

ss
zs

r1w
[1− e−r1w(t−t0)]. (12.20)

By combining Eq. (12.20) with Eqs. (12.9) and (12.14), the MTR in CEST experiments

measuring the longitudinal magnetization of the water pool can be derived as

MTR =
M0w −Mzw(tsat)

M0w

= −mzw(tsat)

M0w

=
ksw

R1w + kws

w2
1

w2
1 + pq

M0s

M0w

[1− e−(R1w+kws)tsat ], (12.21)

where tsat = t− t0. For a complement saturation under a strong RF field, w2
1/(w

2
1 + pq)

can be considered as 1. Hence, Eq. (12.21) in this case takes the form of

MTR =
ksw

R1w + kws

M0s

M0w

[1− e−(R1w+kws)tsat ]. (12.22)

12.4 Amide Proton Transfer Imaging and pH-weighted

Contrast

The APT imaging is a type of the CEST imaging, in which the amide protons of mobile

cellular proteins are labelled by the RF irradiation at the offset of 3.5 ppm from the water

resonance frequency [21]. By eliminating the MT effect of the semisolid macromolecules

expressed as MTRasym,MT, the ratio of amide proton transfer (APTR) can be derived
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from MTRasym at 3.5 ppm:

APTR = MTRasym(3.5 ppm)−MTRasym,MT. (12.23)

Since the region of exchangeable protons ends from δ > 5 ppm and MTRasym become con-

stant in this range as well, we can assume that the MT effect from macromolecules remains

unaltered between at 3.5 ppm and in the range above 5 ppm. Hence, the MTRasym,MT

can be substituted by the value MTRasym at δ > 5 ppm.

From the two-pool model introduced in Section 12.3 for water (pool w) and amide protons

(pool s) undergoing the chemical exchange, the APTR follows the solution in Eq. (12.22)

under the assumption of the complete amide proton saturation. The back-exchange from

the water protons (kws) to the protons in the solute proteins compared to the longitudinal

relaxation rate of water (R1w) is negligible for the endogenous APT according to the rat

brain study (kws ≈ 0.02 s−1 and R1w ≈ 0.7 s−1) [21]. Hence, the APTR is derived as

APTR =
ksw[amide proton]

R1w[water proton]
(1− e−R1wtsat), (12.24)

where R1w is the spin-lattice relaxation rate of the water protons, tsat is the saturation

time, [amide proton]/[water proton] stands for the amide concentration, and ksw is the

exchange rate of the protons from the amide groups to the water, which is dependent on

the pH value.

The amide proton exchange is catalysed by bases (OH−) [152, 167, 168], when the pH

value in the solution is above 5, which is the range of pH in the biological tissue. So the

higher the pH is, i.e. the higher the concentration of bases is, the faster the exchange

rate ksw is. Hence, the exchange rate ksw in Eq. (12.24) takes the form of

ksw = kOH− [OH−] = kOH− × 10pH−pKw = 5.57× 10pH−6.4, (12.25)

where kOH− is the base-catalysed exchange rate. Its value of 5.57× 109 s-1 was assessed

by fitting the in vivo and postmortem exchange rates versus the pH, using pKw = 15.4

at 37 ◦C [169].

According to the equations deduced above, the calibration of the pH value requires the

additional estimation of T1 and the amide concentration besides the measurement of the
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MTRasym. Zhou et al. [21] determined these parameters for the rat brain and enabled the

pH quantification in animal stroke models. However, it is not feasible so far to assess the

amide concentration in human brain. The absolute quantification of pH value requires

further validation under in vivo conditions whereas the pH-weighted contrast provided

by the APT imaging method is more reliable given the abundance of amide protons in

brain tissue.



Chapter 13

Amide Proton Transfer Imaging for

Clinical Studies

The APT imaging has shown its capability of detecting ischemic acidosis in animal stroke

models [21, 93]. However, the current imaging technique is limited in clinical stroke

applications. In this chapter, we develop a new pulse sequence to overcome the technical

limitation and apply it to subacute patients to achieve preliminary results.

13.1 Sequence Design

Since the chemical shift of mobile solute molecules, as an endogenous CEST CA, is as

small as a few ppms, a successful CEST experiment demands a high spectral selectivity

of the off-resonance saturation and thereby a long irradiation time, which often leads to

a high energy deposition in the tissue, i.e. high specific absorption rate (SAR).

The effective saturation can be achieved by a continuous wave RF irradiation. Its imple-

mentation in clinical scanners is constrained by the limited length τp and the necessary

duty-cycle η of RF pulses. The duty cycle is defined as

η = τp/(τp + τd), (13.1)

where τd is the interval delay between two saturation pulses. This technical problem

can be solved by using a RF pulse train saturation as the substitute of the continuous

113
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Figure 13.1: A brief illustration of conventional chemical exchange saturation transfer (CEST)
sequences, which consist of a saturation pulse train and a readout module with (B) an echo
planar imaging (EPI) readout or (C) a segmented turbo fast low angle shot (FLASH) readout.
RO indicates readout; PE, phase encoding; Sat, saturation.

wave irradiation [93, 170, 171]. Both theoretical models and in vivo experimental data

have reported that the effective saturation in MT experiments can be achieved by a pulse

train [172–174] .

The best performance of the pulse train saturation is achieved by using the maximum

pulse length τp, the largest duty cycle η, and a sufficient number of pulses in the train

considering the SAR limitation in tissue. In our scanner (TIM Trio, Siemens, Erlangen,

Germany), the maximum τp and the largest η are 100 ms and 50%, respectively [175].

While performing the pulse train, the scanner is in an idle status for half of the time,

which can be used for the data acquisition to reduce the acquisition time.

Sequence designs so far employed in APT imaging studies were conventionally a RF pulse

train followed by an EPI readout (Fig. 13.1B) [176, 177] or a segmented turbo fast low

angle shot (FLASH) readout (Fig. 13.1C) [175]. Both readout schemes may lead to the

loss of APT contrast, since the steady-state longitudinal magnetization may relax back

to the equilibrium state due to the T1 relaxation during the acquisition of central k-space

lines after a delay of the saturation.

Additionally, the saturation frequency is often inaccurate due to the inhomogeneity of the

main magnetic field [177]. A separate field-map scan is usually acquired for correction,

which extents the acquisition time [93].
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Figure 13.2: The sequence diagram: (A) the reference image acquisition with multiple echoes
for field map reconstruction; (B) the chemical exchange saturation transfer (CEST) acquisition
with turbo factor of 4. RF indicates radio frequency pulses; SS, slice selection; PE, phase
encoding; RO, readout; Sat, saturation; Exc, excitation.

Considering the strict restriction of the scan time and the patient safety in clinical stroke

studies, we made use of the idle time during the pulse train and developed a 3D pulse

sequence with embedded field map information. As shown in Fig. 13.2, the sequence has

two parts: (A) the reference image acquisition without saturation pulses; (B) the CEST

image acquisition with off-resonance saturation pulses. To optimize the total acquisition

time, a multiple GE readout was implemented in part (A) for measuring the T ∗2 decay

and computing the field map (Fig. 13.2A). Since there is a hard limit of the duty cycle

(η < 50%), TR needed to be at least twice as long as any RF pulse included. A segmented

turbo FLASH readout was implemented in the CEST part (B) to save measurement time

by reducing the number of repetitions. A turbo factor of 4 is shown in the Fig. 13.2B.

The partition-line space was acquired in an “edge-in” manner, i.e. in the order from the

longest distance to the center to the shortest one, so that the central lines were recorded

when the system had reached the steady state (see Fig. 13.3).
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Figure 13.3: “Edge-in” acquisition order in partition-line space (96× 12; turbo factor, 4) with
the color coding of acquisition time. TR indicates repetition time.

13.2 Preliminary Results in Clinical Use

The sequence introduced in Section 13.1 was first tested in a phantom and applied to

two subacute stroke patients.

13.2.1 Material and methods

Phantom

A phantom with six tubes of 100 mM creatine in 100 mM phosphate-buffered saline at

different pH values (5.6, 6.0, 6.3, 6.6, 6.8, and 7.2) was used. To adjust the relaxation

times of the solutions toward physiologic ranges, 0.2% v/v Magnevist (Bayer Schering

Pharma AG, Berlin, Germany) was added to the solution.

Sequence parameters included: TR, 200 ms; TE, 5 ms; saturation pulse duration, 100 ms;

saturation pulse flip angle, 500◦; range of frequency offset, from -2.5 ppm to 2.5 ppm

with an increment of 0.1 ppm, voxel size, 1.5× 1.5× 5 mm3.

Patients

The clinical data of two stroke patients examined by the APT sequence are listed in

Table 13.1. Sequence parameters included: TR, 200 ms; TE, 5 ms; saturation pulse
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Patient 1 Patient 2
Gender M F
Age (years) 65 74
NIHSS Administration 2 3
NIHSS Discharge 1 1
Scan Time from
Symptom Onset (hours) 26 - 36 11 - 14
Site of Ischemia Right MCA Left MCA, Right ACA

Table 13.1: The clinical data of two stroke patients examined by the amide proton transfer
(APT) sequence. NIHSS indicates national institutes of health stroke scale; MCA, middle
cerebral artery; ACA, anterior cerebral artery.

duration, 100 ms; saturation pulse flip angle, 500◦; saturation frequency offset, ±3, ±3.25,

±3.5, ±3.75, ±4 ppm; voxel size, 2× 2× 5 mm3; partition, 12; examination time, 6 mins.

Data Processing

The field map was calculated from the phase contrast of the multiple GEs. For each

voxel, the Z-spectrum was interpolated and corrected according to the field map.

Since no macromolecules exist in the creatine solution to produce the MT effect, the

MTRasym value was employed as the pH-weighted contrast in the phantom and calculated

according to Eq. (12.2):

MTRasym(δ) =
Ssat(−δ)− Ssat(+δ)

S0

. (12.2)

The APTR value was used for the pH-weighted contrast in patients. According to

Eq. (12.23), it can be obtained as the subtraction of the MTRasym measured at 3.5

ppm and > 5 ppm. However, in our experimental set-ups, 5 ppm was not covered in the

frequency offset range, which was substituted by 4 ppm for data evaluation.

13.2.2 Results

Fig. 13.4A shows the Z-spectra and the MTRasym curves of the creatine solution at

different pH values. Peaks with different amplitudes are observed at round 1.9 ppm

downfield from water, where the amide protons of creatine resonate. The corresponding

MTRasym map in Fig. 13.4C demonstrates a consistent change of MTRasym with the
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Figure 13.4: The result of phantom measurements. (A) Z-spectra and MTRasym of creatine
solution at six different pH values. (B) Reference image without saturation labelled with pH
values. (C) The pH-weighted MTRasym map of the phantom.

change in pH.

In patient 1, no predominant lesion growth is displayed by comparing the DWI map on

day 2 to the FLAIR on day 5 (Fig. 13.5). The hypointensity of APTR measured on the

second day after stroke is observed in the region of final infarction. As shown in Fig. 13.6,

the infarction area grows significantly from the first day to the sixth day in patient 2.

The hypointensity of the APTR matches the perfusion MTT deficit. This indicates that

the tissue receives insufficient blood supply and is at risk of infarction.

13.3 Discussion

Clinical application of APT imaging has been limited, since it requires multiple scans

with an off-resonance saturation, which leads to a long measurement time and a high

SAR. In our study, we integrated a field-map measurement in the reference scan and

introduced a turbo factor to accelerate the data acquisition during the RF off-duty time

after each saturation pulse. The edge-in sampling scheme ensured that the central portion



13.3. DISCUSSION 119

Figure 13.5: Maps of patient 1: diffusion-weighted imaging (DWI), mean transit time (MTT),
and amide proton transfer ratio (APTR) measured on the second day, and fluid attenuation
inversion recovery (FLAIR) measured on the sixth day after the symptom onset.

Figure 13.6: Maps of patient 2: diffusion-weighted imaging (DWI), mean transit time (MTT),
and amide proton transfer ratio (APTR) measured on the first day, and fluid attenuation
inversion recovery (FLAIR) measured on the sixth day after the symptom onset.



120 CHAPTER 13. APT IMAGING FOR CLINICAL USE

of k-space was acquired during the steady state. The acquisition of multiple partitions

is necessary for achieving an effective saturation due to the sufficient number of k-space

lines. For a small number of partitions or a single slice, it may be necessary to add

dummy scans before the data acquisition to ensure the saturation of the center portion

of k-space.

We note that the current pulse sequence design may result a potential quantification

issue when a turbo factor larger than 2 is used. Multiple lines (e.g. 4 lines as shown in

Fig. 13.2B) are acquired with a saturation preparation, but only a single k-space line is

acquired in the reference acquisition without the CEST preparation. The basic contrast

might slightly differ between both acquisitions due to the effect of using different number

of RF pulses. Further investigations are needed to examine the subtle difference by

comparing human brain images acquired with both schemes without saturation.

Although the usage of the RF off-duty time accelerates the data acquisition, the current

examination time is still too long to integrate into the hyperacute stroke diagnosis. Fur-

ther time reduction can be achieved by decreasing the offset-frequency samples. Since

those samples serve for the correction of the magnetic field inhomogeneity, a better shim-

ming protocol is necessary to be performed before the examination with a reduced number

of samples.

Although the pH quantification is not possible without the measurement of T1 and the

amide proton concentration, MTRasym and APTR demonstrated the capability of pH

value differentiation according to our results in phantom and patients, respectively. Pre-

liminary hypointensities of APTR observed in the ischemic tissue and the infarction

indicated a lower pH value, which matched previous animal results [21, 178]. This might

be explained by accumulated lactate under ischemic conditions with an abnormal blood

supply. However, the reliability of this parameter needs to be tested in a large patient

cohort. It still remains unknown whether the ischemic acidosis indicates the final in-

farction. Therefore, further studies of APT imaging in stroke patients are necessary to

explore the ischemic acidosis in more detail.



Part V

Summary and Outlook

121





Chapter 14

Summary

The aim of this work was to develop and study four novel imaging markers for charac-

terization of the ischemic penumbra by employing two modern MRI techniques: vessel

size imaging and APT imaging.

The estimation of the MVD and the mean vessel size, represented as Q and VSI, respec-

tively, was available in vessel size imaging to characterize the morphological properties

of microvasculature. In our feasibility study, these two parameters were assessed in nine

healthy subjects and the results matched with general anatomical observation, i.e. the

VSI in WM and GM was very similar and lower Q was observed in WM than in GM.

As the first study to apply vessel size imaging in acute stroke patients, our work found

the reduced Q and increased VSI in the ischemic tissue of 75 patients examined within

24 hours from symptom onset. The Q showed a trend to identify the severity of ischemia

in an overall voxel population of 23 patients with longitudinal follow-up scans.

During the study of vessel size imaging, we observed that dynamic changes in the

transverse relaxation rates measured by the GE and the SE formed a loop on the

(∆R
3/2
2SE,∆R2GE) plane, rather than a reversible line as expected in the modelling for

estimating the VSI. The shape of the loop and the direction of its passage differentiated

between healthy brain and pathological tissue, such as tumour and ischemic tissue. By

simulating the NMR signal in a vascular tree model of microvasculature, the direction of

the loop was found to be influenced mainly by the arterial and venous blood composition,

as well as dispersion. To characterize the direction and shape of the loop, we proposed a

parameter Λ, as the maximum distance between the ascending and descending branches
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of the loop normalized by the change in ∆R2GE. The hyperintensities of Λ were observed

in the ischemic tissue and tumour, which might be considered as a novel imaging marker

for characterizing the pathology of cerebrovascular network.

The APT imaging provides an in vivo estimation of the pH value. However, its clini-

cal application has been limited, since it requires multiple scans with an off-resonance

saturation, which leads to a long measurement time and a high SAR. In this work, we

designed a sequence integrated a field-map measurement in the reference scan and in-

troduced a turbo factor to accelerate the data acquisition during the RF off-duty time

after the saturation. The edge-in sampling scheme ensured that the central portion of

k-space was acquired during the steady state. This technique was applied to two stroke

patients to enable the pH-weighted APTR mapping for the first time in clinical stroke

studies. Preliminary hypointensities of the APTR in the ischemic penumbra and the

acute infarction suggested that the ischemic acidosis in the tissue may indicate the fate

of infarction.

For vessel size imaging, the work mainly focused on adapting the imaging technique and

the post-processing method for clinical acute stroke studies and assessing the response

of Q and VSI to acute ischemia in a group of patients. The observation of the loop

during processing the experimental data in vessel size imaging encouraged the vascular

tree modelling and the simulation of NMR signals in DSC imaging. The parameter Λ

was proposed to map the shape and the direction of the loop. Its clinical application was

only briefly demonstrated in a few number of tumour and stroke patients.

For APT imaging, the work started with the sequence design, which was implemented in

the Siemens-IDEA framework for the application in clinical scanners. Due to the time

restriction of acute stroke management, this technique was preliminarily tested in two

subacute stroke patients.
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Outlook

Clinical Stroke Application of Vessel Size Imaging

Our study has successfully accomplished dynamic GE and SE measurements in acute

stroke patients by using a double-echo EPI sequence. However, this technique limited

the time for readout gradients and thus restricted the image matrix to 64×64, resulting a

large voxel size of 3.6×3.6×5 mm3. This resolution provided MTT maps with diagnostic

value, but may not be sufficient for the examination of small infarctions. In the future

work, employing modern techniques for imaging acceleration, such as parallel acquisition

and partial Fourier reconstruction, may overcome this limitation. However, this demands

extra implementation work to integrate these techniques into the current sequence and

may reduce the image quantity to a great extent. In the application of current version of

the imaging sequence, attempts can be made to obtain a smaller voxel size of 2.3× 2.3×
5 mm3 by adjusting to a matrix 84 × 84 and decrease the field-of-view to 192 mm. The

reduction of the SNR may be compensated by increasing the dose of the CA.

Potential of Q in Predicting Lesion Growth

The parameter Q showed a trend to identify the severity of ischemia in an overall voxel

population in 23 patients with follow-up scans. The potential of Q in predicting lesion

growth needs to be further evaluated at a single case level. Apparently, a larger patient

cohort with complete follow-up examinations is needed to reach the statistic significance.

Given the heterogeneous occurrence and evolution of ischemic infarction, the status of

reperfusion and recanalization requires to be clarified for subgrouping the patients. Fur-

ther analysis may benefit from the differentiation between GM and WM, considering the
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heterogeneity of Q in normal brain regions.

Modelling of the Vascular Network

We used a vascular tree model to simulate NMR signals and interpreted the formation of

the loop on (∆R
3/2
2SE, ∆R2GE) plane. The assumption of symmetric arterial and venous

compartments in the morphology and the transportation of microvasculature was made

for simplicity, which is not the case in the real vascular network. Further work may

continue on approaching a more realistic model by following the data from pathological

studies. The extremely long tail in the time-concentration curve seen in our simulation

work was not the case for a real bolus passage. A more realistic transport function may

be applied to reach an appropriate converging speed.

Possible Applications of the Loop and Λ

The shape of the loop and the direction of its passage differentiated between healthy

brain and pathological tissue, which may be of interest in clinical usage. However, the

heterogeneity of Λ is a natural feature of the tissue, which may complicate the threshold-

ing between the healthy and pathological tissue. Studies in a large patient cohort may

help to evaluate the diagnostic importance of the loop.

Since the voxel dominated by an artery is characterized by a large Λ value, the anal-

ysis of the loop may provide useful information for locating the AIF. This needs to be

investigated by assessing the correlation between the Λ values and the location of arteries.

Clinical Application of Amide Proton Transfer Imaging

Although our implementation of the APT imaging sequence utilized the RF off-duty time,

the scanning time was still too long for acute stroke management. Further time reduc-

tion can be achieved by decreasing the number of offset-frequency samples. Since those

samples serve for the correction of the magnetic field inhomogeneity, a better shimming

protocol is necessary to be performed before the examination. Scheidegger et al. [177]

applied the saturation with a frequency-alternated RF irradiation and reported its im-

proved robustness to the magnetic field inhomogeneity. Our sequence design may benefit

from this method to reduce the number of off-frequency samples and thus overcome the

time restriction in clinical stroke application.

According to our study in two subacute stroke patients, the hypointensity of the APTR
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in the ischemic and infarcted tissue indicated a lower pH value. It needs to further

investigated in a large patient cohort whether this effect correlates with the tissue fate.
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Xu C, Kiselev VG, Brunecker P, Möller HE, Fiebach, JB. Analysis of loops formed by

dynamic ratio of ∆R2GE/∆R
3/2
2SE in DSC perfusion imaging. In 28th Scientific Meeting

of the European Society for Magnetic Resonance in Medicine and Biology (ESMRMB)

2011, Leipzig, Germany. Oral.

Xu C, Kiselev VG, Brunecker P, Fiebach JB. Dynamic ratio ∆R2GE/∆R
3/2
2SE in DSC

perfusion imaging reveals the relative arterial and venous blood volume fraction. In 19th

Annual Scientific Meeting of International Society for Magnetic Resonance in Medicine

(ISMRM) 2011, Montreal, Canada. Oral.

Xu C, Schmidt W, Villringer K, Marzahn U, Galinovic I, Laubisch D, Krause T, Maul

S, Steinicke R, Bahnemann M, Fiebach JB. Pathological microvascular morphology in

ischemic penumbra revealed by vessel size imaging. In 21th European Stroke Conference

2011, Hamburg, Germany. Oral.

Xu C, Schmidt W, Brunecker P, Kiselev P, Gall P, Bodammer N, Fiebach JB.The

assessment of vessel size index and its application in patients with ischemic stroke. 18th

ISMRM-ESMRMB Joint Annual Scientific Meeting 2010, Stockholm, Sweden. Poster.

Xu C, Schmidt W. The assessment of vessel size imaging and its application in patients

with ischemic stroke. In 91th Deutscher Röntgenkongress 2010, Berlin, Germany. Oral.
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