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Abstract

Cerebrovascular diseases (CVD) are a major cause of death in developed countries. Being just
one CVD among many others, internal carotid artery stenosis (ICAS) accounts for 10-20%
of all strokes. In ICAS, brain feeding arteries are narrowed by a plaque, which is known
to cause severe cerebral hemodynamic perturbations. However, current diagnostics do not
consider those effects on the brain tissue. At the same time, possible severe complications
aggravate treatment decisions. Thus, ICAS may greatly benefit from novel multi-parametric
quantitative hemodynamic methods based on magnetic resonance imaging (MRI).

MRI allows non-invasive imaging with excellent soft tissue contrast and is of pivotal interest
for brain imaging. The great flexibility of pulse sequences allows to assess a large variety
of hemodynamic processes. Several parameters of the complex blood supply can be locally
mapped within the whole brain by MR-based perfusion and oxygenation imaging techniques.
Quantitative imaging furthermore allows to number specific tissue properties. However,
especially clinically applicable methods are lacking and characterization in clinical studies is
clearly demanded, which additionally requires a multi-parametric data evaluation framework.

Aiming for this gap, the present cumulative thesis comprises four journal publications.
The main purpose was to test the hypothesis that clinically applicable MRI-based quan-
titative perfusion and oxygenation imaging is sensitive to hemodynamic perturbations in
ICAS. Furthermore, multi-parametric MRI was hypothesized to enable new insights to the
pathophysiology and offer perspectives to improve clinical diagnostics.

In the first journal publication, a novel method was introduced to delineate individual
watershed areas (iWSA), which are especially vulnerable for perfusion deficits. The necessity
for individual segmentations was demonstrated by increased spatial iWSA variability in ICAS.

In the second journal publication, fiber orientation effects within white matter (WM) of
oxygenation sensitive imaging were characterized. The results showed comparably low average
anisotropy driven variations and thus point to careful applicability in WM, which may increase
the sensitivity compared to previous evaluations, restricted to grey matter (GM) only.

In the third journal publication, six quantitative hemodynamic MRI parameters were
evaluated in ICAS patients and age-matched healthy controls within iWSAs. The results
demonstrated complementary information by the multi-parametric approach as well as high
sensitivity and specificity of the proposed methods in GM and even WM. Application of
iWSAs furthermore significantly improved the sensitivity to hemodynamic impairments in
ICAS and provided new insights to pathophysiologic mechanisms in ICAS at the same time.

Finally, methodological improvements to the oxygenation sensitive technique were introduced
in the fourth journal publication. The results showed significantly decreased values of previously
overestimated relative oxygen extraction fraction (rOEF) towards physiologically meaningful
values. Furthermore, increased sensitivity to ICAS impairments was shown by unveiling
formerly undetected focal rOEF increases, which supports widespread future applications.

In conclusion, quantitative multi-parametric oxygenation and perfusion MRI is of highest
clinical relevance with great potential to improve diagnostics, treatment decisions and longi-
tudinal treatment efficacy monitoring in ICAS and several other pathologies. Furthermore,
quantitative hemodynamic imaging offers fascinating perspectives in neuroscience.
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1 Introduction

Tomographic imaging techniques allow unique insights to the human brain and are widely
applied for medical and research applications. They allow localized measurements of structural,
functional and metabolic information. Among many techniques, magnetic resonance imaging
(MRI) became an invaluable tool in clinical diagnostics [1]. MR images are extremely rich in
information and offer manifold different contrasts. And as MRI is a non-invasive technique, it
is highly appealing for widespread applications in medicine and neuroscience. Supported by
an active MR research community in physics, medicine and neuroscience, a vast number of
novel imaging methods have been developed [2].

Besides MRI, other established tomographic imaging techniques are available for hemo-
dynamic brain imaging. Specifically, computed tomography (CT) relies on attenuation of
externally applied X-rays through the patients brain. It offers fast imaging at comparably low
costs and can derive anatomical and functional information [3]. However, it does not give
metabolic information. And even with latest phase-contrast or spectral X-ray imaging, the
available contrasts remained limited [4, 5]. Another method is positron emission tomography
(PET), which is applied in nuclear medicine. Radioactively labeled tracers are intravenously
injected to the patient and accumulate at the tissue of interest. Positrons resulting from
radioactive β+ decay and electrons annihilate and the gamma quants are used for imaging.
PET offers perfusion and metabolic information, e.g., by radioactively labeled water and
glucose [6]. Even though CT and PET are important for clinical imaging, reachable contrasts
remain restricted and ionizing radiation as well as radioactive tracers constitute limitations.

In contrast, MRI is a non-invasive technique. Since it became clinically available in the
1980’s, it opened fascinating novel possibilities in diagnostics and research. MRI is an extremely
powerful imaging modality, due to its high flexibility and sensitivity to various tissue properties
[7]. In MRI, signals in clinical imaging mostly arise from 1H nuclei and allow structural,
functional and metabolic imaging of tissues [2]. It is sensitive to different metrics with high
biological significance [2], such as magnetic properties, perfusion, diffusion and many more [8].
And by combining imaging sequences with different contrasts in multi-parametric MRI, even
highly complementary information can be achieved within one scan session.

With its excellent soft tissue contrast, MRI is of pivotal interest for imaging of the brain.
Compared to any other organs, the brain has the highest oxygen metabolic rate and receives
15% of the whole cardiac output [9]. As the brain has no energy storage capacities, permanent
supply is crucial. Its main source of energy is the oxidative glucose metabolism and the
required oxygen and glucose are both supplied via the blood stream. Hemodynamic imaging is
thus of highest interest and allows to better understand brain function as well as impairments
in numerous cerebral diseases. Specifically, the combination of perfusion and oxygenation
imaging can measure several parameters related to the delivery of blood from the arteries to
the capillary bed as well as the oxygen extraction from the blood vessels to the brain tissue.
While MRI-based perfusion mapping with contrast agent is already clinically applied, recently
reported accumulations of the applied Gadolinium [10] warrant stricter indications [11, 12]
and non-invasive alternatives are increasingly gaining interest. Furthermore, novel methods
like MRI-based oxygenation mapping appear highly promising for future applications.
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1 Introduction

As MRI signals are arbitrarily scaled during the acquisition process, conventional MRI
techniques are mainly used qualitatively for clinical applications. In contrast, quantitative
imaging aims to measure parameter values independent of hardware or experimental conditions.
Resulting parameters shall be only sensitive to specific physical or physiological tissue proper-
ties. Quantitative imaging often requires MR sequence modifications, acquisition of differently
weighted data and its evaluation according to biophysical models. Therefore, acquisition is
more costly but in turn allows easier data interpretation. In addition, it is fundamental to
assess biological changes in diseases, improved monitoring of treatment effects and longitudinal
comparisons [8]. Moreover, quantitative functional imaging is highly important to quantify
neuronal activity in terms of energy consumption [13]. Especially combinations of quantitative
techniques are highly promising to improve the understanding of disease related effects [8].

Taken together, multi-parametric quantitative hemodynamic MRI of the brain is highly
promising, but methodological improvements and extensive clinical trials are clearly demanded.

1.1 Clinical Relevance

A major cause of death in developed countries worldwide are cerebrovascular diseases (CVD)
[9]. Within one year, more than 6 million new cases of CVD were diagnosed just within the
European Union (EU) with increasing prevalence and over 426 000 people died [14]. The
economic costs within the EU alone amount to 45 billion euros per year [14] and are responsible
for 18% of the healthcare expenditure [15]. While CVDs often relate to an increased risk of
stroke, it is promising that the majority of strokes might be preventable by early detection of
cerebrovascular risk factors [9]. This highlights the importance of better diagnostic imaging
to improve the quality of life and increase the life expectancy for millions of people. Due to
its non-invasiveness and high flexibility in contrasts, MRI is ideal for diagnostic purposes such
as routine check-ups, initial diagnostics, follow-up scans and treatment efficacy monitoring.

Being just one among many other CVDs, internal carotid artery stenosis (ICAS) is a major
public health issue and relates to 10-20% of all strokes [16]. Alongside several other severe
complications, previous studies implied relations of chronic hypoperfusion with structural
brain damage leading to cognitive impairments. However, hemodynamic imaging is not
routinely in clinical protocols. Current diagnostics mainly rely on very simple extracranial
flow imaging by Doppler ultrasonography rather than evaluating the complex local effects
on the brain tissue. At the same time, treatment can reduce the stroke risks, but decisions
are delicate due to potentially severe complications [17, 18]. Thus, ICAS may greatly benefit
from novel multi-parametric quantitative hemodynamic MR imaging methods [9].

In order to enable more widespread oxygenation and perfusion imaging in ICAS, several
challenges need to be overcome. First, clinically applicable methods with high sensitivity need
to be developed first. Second, those methods need to be characterized in healthy controls
and ICAS patients to probe their specificity and sensitivity to hemodynamic impairments.
Thereby, deeper insights to physiological processes in normal function can be drawn to
reliably differentiate ICAS related effects. Multi-parametric evaluations of novel methods
with high sensitivity can also contribute to an improved understanding of the pathogenesis.
Here, especially multi-parametric imaging can gain new information about pathophysiologic
impairments and their relations. And finally, the future potential to improve clinical ICAS
diagnostics and treatment decisions has to be evaluated.

Apart from ICAS and other CVDs, quantitative hemodynamic MRI is highly promising for
applications in many other pathologies as well as neuroscientific studies.
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1.2 Thesis Purpose

1.2 Thesis Purpose

In 2012, Bruce Pike as one of the leading experts in the field stated in a comprehensive review
that ”the challenge and opportunity during the coming years will be to improve the methods
and realize their potential to provide robust quantitative individual assessments of baseline
and activation induced responses for basic neuroscience and clinical applications” [19].

Aiming for this gap, this work is based on the symbiosis of perspectives from MR physics and
medicine. Targeted by clinical implications, the processes of imaging methods development
and clinical applications are merged from the beginning to meet clinical demands most
effectively. On the one hand, it was necessary to implement clinically applicable quantitative
hemodynamic MR imaging methods. This included MRI sequence modifications, development
of specific post-processing programs for quantitative assessment of perfusion and oxygenation
parameters and the design of a concluding database structure for combined evaluation of
the multi-parametric data. On the other hand, it was necessary to apply the developed
methods and analysis pipelines in targeted clinical studies. Thereby, potential benefits of the
implemented methods for clinical applications were evaluated.

Therefore, the main purpose of this work was to test the hypothesis that clin-
ically applicable MRI-based quantitative perfusion and oxygenation imaging is
sensitive to hemodynamic perturbations in asymptomatic ICAS patients. Fur-
thermore, multi-parametric MRI was hypothesized to yield complementary in-
formation, thereby enabling new insights to the pathophysiology and offering
auspicious perspectives to improve clinical diagnostics.

1.3 Thesis Structure

The present cumulative thesis aims to describe the theoretical background and present the
context of the four embedded journal publications with regards to existing literature. Basic
physical principles of magnetic resonance imaging are introduced in Chapter 2. Fundamental
hemodynamic parameters and relevant imaging techniques of the embedded publications are
explained in Chapter 3. The clinical background of the cerebral blood supply under healthy
conditions and in carotid artery stenoses are presented in Chapter 4. An introduction to
the sophisticated data base framework for evaluations of the multi-parametric hemodynamic
imaging data of the embedded publications is given in Chapter 5. Summaries and the full
texts of the four embedded publications can be found in Chapter 7. Finally, these results are
discussed in the context of existing literature and with regards to clinical novelty, limitations
and future implications in Chapter 8.
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2 Principles of Magnetic Resonance Imaging

This chapter briefly summarizes the physical background of magnetic resonance imaging
(MRI), which is the preferred designation for the radiological application of nuclear magnetic
resonance (NMR). After a brief description of the historical background, this chapter includes
introductions to NMR in Section 2.1, to MRI in Section 2.2, to basic imaging techniques in
Section 2.3 and to clinical MRI hardware components in Section 2.4, based on [2, 7, 20, 21].

An important early basis of NMR was the discovery of proton spins and explanations by
quantum mechanical concepts by Stern, Gerlach, Rabi, Gorter et al. in the 1920’s and 1930’s
[22, 23], for which Stern and Rabi were awarded with the Nobel prices in 1943 and 1944,
respectively. The pioneer work by Bloch [24] and Purcell [25] in 1946 on spin precession
measurements of liquids and solids was jointly awarded with a Nobel prize in 1952. In the
1950’s Hahn [26] and Carr [27] published the first spin echo signal measurements and magnetic
resonance spectra. Ivanov submitted a patent about the theory of spatial NMR encoding by
magnetic field gradients in 1960, which was finally accepted decades later later after it was first
rejected and criticized as unviable [28]. Huge steps towards MRI were the first experimental
demonstrations of spatially encoded NMR signals by Lauterbur [29] and their accelerations
as well as mathematical signal analysis concepts by Mansfield in the 1970’s [30], both were
jointly awarded with a Nobel price in 2003. In the 1980’s, first clinical MRI scanners were
used and improved with fascinating advances in the ongoing hardware and pulse sequence
developments. While those historical milestones only provide a brief overview, many more
researchers greatly contributed. Nowadays, MRI is a clinical routine method with more than
80 Mio. performed examinations in 2018 within OECD member countries [31].

2.1 Physical principles of the NMR signal

The basis of MRI is the physical phenomenon of NMR. It is based on the excitation of
atomic nuclei in a strong external magnetic field and subsequent measurements of the emitted
electromagnetic energy during the relaxation process. In general, all isotopes with an odd
nucleon number can be used for NMR. They have an intrinsic magnetic moment and angular
momentum, which means they posses a nonzero nuclear spin. The 1H nuclei are by far most
considered for clinical and research applications, as it is naturally abundant in the human
body in water and other molecules - and applied for all imaging in this thesis. Imaging of other
isotopes of various other elements with odd nucleon numbers is also possible with suitable
hardware, but not widely established yet, e.g. due to lower signal to noise ratio (SNR).

The transitions between nuclear spin states can be measured in an NMR experiment,
which is introduced in the following and principally consists of three main steps. First,
precession of the sample’s nuclear spins in an external constant main magnetic field B0 (see
Section 2.1.1) and the formation of bulk magnetization (see Section 2.1.2). Second, excitation
of the nuclear spins by an additional oscillating magnetic field B1 (see Section 2.1.3). And
finally, measurement of the NMR signal via current induction in receive coils during the
relaxation of the excited nuclear spins to thermal equilibrium (see Sections 2.1.4 and 2.1.5).
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2 Principles of Magnetic Resonance Imaging

2.1.1 Precession

The physical description of NMR can either rely on classical or quantum mechanics. As MR
experiments typically involve a spin ensemble, consisting of a large number of nuclei, classical
mechanics is sufficient to explain most aspects and is used for the following description [32].

A fundamental property of isotopes with an odd nucleon number is that they possess an
angular momentum J , often called spin. The nuclei have electrical charges, rotate around
their own axis and thereby create a magnetic field. The intrinsic angular momentum J thus
induces a magnetic moment µ according to

µ = γJ (2.1)

where γ is the gyromagnetic ratio of the specific isotope. For example, the gyromagnetic
ratio of 1H nuclei is γ/2π = γ– = 42.58 MHz T−1.

The direction of µ is completely random in the absence of external magnetic fields, due
to thermal random motion. But in presence of an external magnetic field B, the magnetic
moment µ experiences a torque τ with

τ = µ×B =
dJ

dt
(2.2)

The combination of equations 2.1 and 2.2 yields the equation of motion for isolated spins

dµ

dt
= γµ×B (2.3)

In an external static magnetic field B = B0k, the solution to the differential equation
2.3 describes a precession of µ about k. The angular frequency ω of this precession linearly
depends on B0, is known as the Larmor frequency ω0 and calculated by

ω0 = γB0 (2.4)

2.1.2 Bulk Magnetization

The collective behaviour of a spin ensemble with n nuclear spins is described by the macroscopic
bulk magnetization vector M , which is the sum of the magnetic moment vectors µn (Eq. 2.1).
The equation of motion resulting from a spin ensemble in an external magnetic field B is

dM

dt
= γM ×B (2.5)

While the absence of external magnetic fields results in M = 0, a static magnetic field B

causes a net magnetization. Following the usual MR conventions, B is defined parallel to
the z-axis. The z-axis is called longitudinal axis and the x-y-plane is called transversal plane.

In thermal equilibrium, the transverse magnetization component M⊥ is zero, due to random
phases of the precessing magnetic moments, and the longitudinal component is M‖ = M0.
This amplitude of the spin ensemble’s net magnetization M0 = |M | in equilibrium can be
estimated based on first order approximation of the Boltzmann distribution resulting in

M0 ≈
ργ2~2B0

4kBT
(2.6)

with the proton density ρ, the reduced Planck constant ~, the Boltzmann constant kB and
the temperature T .
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2.1 Physical principles of the NMR signal

2.1.3 Excitation

The aligned nuclear spins in a static field B0 can be excited by an additional oscillating
magnetic field B1. The B1 field is also referred to as radio frequency (RF) field. Its field
strength is several orders of magnitudes smaller than B0. The RF field has to oscillate with
the Larmor frequency ω0 (see equation 2.4) to meet the resonance condition

ωRF = ω0 (2.7)

The combination of the constant magnetic field B and the oscillating field B(t), applied
in transversal plane, can be thus expressed as

B =

 B1 cos (ω0t)
−B1 sin (ω0t)

B0

 (2.8)

To explain the following effects, it is helpful to use a rotating frame of reference. The frame
rotates clockwise with the Larmor frequency about the z-axis, so that spins precessing with
the Larmor frequency remain stationary in the rotating frame. Application of the RF-field
causes perturbations of the equilibrium and tilts M to the xy-plane. The flip angle α between
B and M depends on the gyromagnetic ratio, RF amplitude B1 and pulse duration τp

α = γB1τp (2.9)

When applied in thermal equilibrium (M‖ = M0 and M⊥ = 0), a flip angle of α = 90°
causes transversal precession with M‖ = 0 and is thus also referred to as saturation pulse.
And α = 180° causes an inversion with M‖ = −M0 and M⊥ = 0. In general, RF pulses are
often named with the applied flip angle, e.g. 90° RF pulse.

2.1.4 Relaxation

After the nuclei absorbed energy during excitation by the B1 field, the spin system returns
to thermal equilibrium. This process is characterized by precession of M about B. The
longitudinal component of M recovers and the transversal component decays. This return to
the equilibrium state is phenomenologically described by two different types of relaxation:

• By spin-lattice interaction, the longitudinal magnetization component recovers exponen-
tially with the characteristic relaxation time T1 towards its equilibrium state.

• By spin-spin interaction, the transverse magnetization component decays exponentially
with the characteristic relaxation time T2 towards its equilibrium state.

The time-dependent behaviour of the net magnetization vector M in the main magnetic
field B and the RF field B (see equation 2.8) during excitation and relaxation is described
by a set of differential equations, called Bloch equations

dM

dt
= γM ×B +

 −Mx
T2

−My

T2

−Mz−M0
T1

 (2.10)

with the three net magnetization components Mx, My and Mz.
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2 Principles of Magnetic Resonance Imaging

If the system was initially in equilibrium (M‖ = M0 and M⊥ = 0) and a 90° RF pulse was
applied, the solution to equation 2.10 in the laboratory frame gives the result

M(t) = M0

cos (ω0t) e
− t
T2

sin (ω0t) e
− t
T2

1− e−
t
T1

 (2.11)

Consequently, the x and y magnetization components oscillate at the Larmor frequency in
the laboratory frame and decay with the time constant T2, causing a decrease of transversal
magnetization M⊥. The z magnetization component simultaneously recovers to equilibrium
from 0 to M0 with the time constant T1, causing an increase of M‖. Both, the transverse
magnetization decay and longitudinal recovery follow exponential functions, each, assuming
spin systems with weak spin-spin interactions, which is appropriate for biological tissues.

Regarding sources of relaxation, the relaxation times are determined by the local envi-
ronments of the samples molecules. In general, relaxation results from effects of fluctuating
magnetic fields, caused by random thermal motion of molecules. Consequently, each nucleus
is affected by fluctuating fields from the magnetic moments of surrounding nuclei in addition
to B0. The z-component of those additional fluctuating fields alter the precession rates
around the z-axis (see equation 2.4), leading to increased phase dispersion and thereby cause
T2 relaxation. But as precession around z-axis does not affect the magnetization vectors
z-component, this effect does not contribute to T1 relaxation. To change the magnetization
vectors z-component and thus affect T1 relaxation, magnetic field fluctuations must appear
in the x-y-plane at the Larmor frequency. Those T1 relaxation processes additionally affect
T2 relaxation. Thus, T2 is always shorter than T1. For brain tissues, T1 is on the order of 10
times larger than T2. T1 varies from approximately 0.2 - 4.0 s in the body at 3T and T2 of
biological tissues is in the range of tens of ms. When increasing the field strength, T1 tends to
increase, while T2 is relatively independent of B0.

In practice, there is an additional dephasing effect, mainly related to static local field
inhomogeneities ∆Bi. Those dephasing effects cause a more rapid transverse magnetization
decay, which is characterized by the decay time T ′2. As magnetic field inhomogeneities cause a
range of precession rates (see equation 2.4), the spins become out of phase and the transverse
magnetization decays faster. The combination of this reversible transverse relaxation time T ′2
and the irreversible transverse relaxation time T2 (see Section 2.3.1) is given by the effective
or apparent transverse relaxation time T ∗2 (assuming Lorentzian distributions)

1

T ∗2
=

1

T2
+ γ∆Bi

=
1

T2
+

1

T ′2

(2.12)

The relaxation times can be also rewritten by their inverse as relaxation rates by

R1 ≡
1

T1
, R2 ≡

1

T2
, R2∗ ≡

1

T ∗2
, R′2 ≡

1

T ′2
(2.13)

As the external field inhomogeneities cause additional decay, R∗2 ≥ R2 respectively T ∗2 ≤ T2.
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2.1 Physical principles of the NMR signal

2.1.5 Signal Generation

After excitation, the transverse component of the net magnetization precesses about the z-axis
and decays. This changing magnetic field induces an oscillating current (see Figure 2.1) in
conducting materials nearby to the sample following Faraday’s law. This measurable signal
after excitation is called free induction decay (FID, see Section 2.3.1). It refers to the free
precession of nuclear spins, causing a changing magnetic field which induces a measurable
current to the receive coils during the transient signal decay. The receiver coils are orthogonally
paired (quadrature detection) to detect the complex signal, which corresponds to M⊥(t) as a
function of time. The measured signals oscillate with the Larmor frequency and are strongest
in proximity to the sample. The FID signal in a magnetic field with inhomogeneities, which
can be assumed for biological samples, decays with the time constant T ∗2 (see Figure 2.1),
related to spin dephasing by static local field disturbances

S(t) ∝ e−iω0te−t/T
∗
2 (2.14)

2.1.6 Magnetic Susceptibility

When objects are placed in the B0 field, they cause field distortions as they become partly
magnetized. This response of a material to an external magnetic field can be used for
classification. Those magnetic properties of a uniform material in a uniform magnetic field B
can be quantified by the magnetic susceptibility χ in

Msample = χB (2.15)

with the local magnetization inside the material Msample, which is different to the previously
introduced net magnetization and relates to the density of magnetic dipoles from the atoms
orbital electrons. Thus, electrons mainly determine a materials susceptibility. Specifically,
three important types of magnetism for clinical imaging are diamagnetism with χ < 0,
paramagnetism with χ > 0 and ferromagnetism with χ� 0.

Diamagnetic materials such as water have no unpaired electrons. Caused by effects of the
magnetic field on the electrons orbital motions, the induced field inside the sample is in the
opposite direction compared to the external field with χ < 0. Paramagnetic materials, such
as oxygen or commonly applied Gadolinium-based contrast agents, have unpaired electrons
which align with the external field, which causes an increased magnetic field inside the sample
with χ > 0. And finally, electrons in ferromagnetic materials, such as iron, also align with the
external field with additional coupling of the individual magnetic moments, resulting in fields
with orders of magnitude larger compared to paramagnetic materials and with χ� 0.

Thus, any object placed in the scanner will cause field distortions of B0, which may affect
the measured signals. Those distortions depend on several factors. First, the object’s magnetic
properties, e.g. its susceptibility. Second, the shape of an object influences field distortions,
which are e.g. different for spherical objects compared to cylinders. Third, the orientation
relative to B can also affect the field distortions for non-spherical objects. Furthermore,
heterogenous objects add additional macroscopic field inhomogeneities, especially at interfaces
of materials with different susceptibilities. This specifically affects brain imaging, as the head
is heterogenous and composes materials with different magnetic susceptibilities, such as for
example cranial bone, brain tissue, iron depositions and air in the sinus cavities.
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2 Principles of Magnetic Resonance Imaging

2.2 Magnetic Resonance Imaging

To use the signals from an NMR experiment for localized imaging, additional spatial encoding
by magnetic field gradients is required (see Section 2.2.1) as well as transformation of measured
signals to the image space (see Section 2.2.2). The intensity of each voxel in an MR image is
directly proportional to the measured local signal. This MR signal depends on pulse sequence
parameters, e.g. timings of the applied RF pulses and gradients, and on the sample’s intrinsic
tissue properties, such as proton density and relaxation times. Due to varying relaxation
properties in different tissues, image contrast is generated.

2.2.1 Spatial encoding

While the main magnetic field B0 is static, additional spatially varying time dependent
magnetic fields are applied to localize the MR signals. Those additional fields can be applied
in all three orthogonal directions x, y, and z. These gradient fields are created by three
orthogonal sets of gradient coils. The gradient coils in one axis apply a constant magnetic
field gradient. By linear combinations of the three gradient axes, gradients can be also applied
along any arbitrary direction. The overall magnetic field adds up to

B = (B0 +Gxx+Gyy +Gzz)k (2.16)

Spatial encoding in 2D imaging can be achieved in three steps corresponding to the three
spatial directions with slice selection, phase and frequency encoding. Slice selection is applied
by exciting only a single slice, with a typical thickness of 1 - 10 mm. During excitation by
the RF pulse, a gradient is applied in z-direction perpendicular to the slice. Thereby, the
field strength spatially linearly varies in z-direction. The Larmor frequency becomes slice
dependent, as it is proportional to the magnetic field strength (see equation 2.4) with

ω(z) = ω0 + γGzz (2.17)

RF pulses with a limited bandwidth (centered around ω0) are applied, so that they are only
on resonance for a single slice in z-direction. The slice thickness then depends on the gradient
strength Gz, as the resonance frequency becomes a steeper function of position in z-direction
with an increasing gradient (see equation 2.17), and the RF pulse bandwidth. Furthermore,
the RF pulse shape influences the slice excitation.

Within the excited slice, spatial encoding is applied by phase and frequency encoding in two
orthogonal directions. For phase encoding, the gradient Gx is applied for the time interval
Tpe after the RF pulse and before the readout. During gradient application, the transverse
magnetization precession rate becomes position dependent along this phase encoding direction.
After the gradient is switched off, the spins precess at the same rate again, but with different
phase accumulations Φ, which gives spatial information along this second axis according to

Φ(x) = −γGxxTpe (2.18)

In direction of the third axis, the gradient Gy is applied during the signal readout for
frequency encoding. Different frequencies of the nuclear spins give spatial information along
this third axis with

ω(y) = γ (B0 +Gyy) (2.19)
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2.3 Imaging Techniques

While those slice selective excitations are known as 2D imaging, as only signals from one
slice are acquired at the same time, alternatively 3D imaging can be applied. Here, usually
non-selective RF pulses are applied and spatial encoding can be achieved for example by
phase encoding in two directions in addition to frequency encoding in the third direction.
Furthermore, projection imaging with spatial encoding in just two directions and repeated
acquisitions with a rotating projection axis can be used for certain applications. Besides
spatial encoding, gradient coils can be also used for gradient echo imaging (see Section 2.3.2).

2.2.2 k-space

The complex signals of an MR experiment with phase and frequency encoding are obtained
in the frequency domain, which is also known as k-space. To translate those signals from
the frequency domain to usable MR images, Fourier transform is applied during image
reconstruction in the post-processing. The Fourier transform is a mathematical transformation
which translates measured signals from the frequency domain to the spatial domain, and
vice versa. While different trajectories can be applied to sample signals in k-space, Cartesian
sampling refers to a regular rectangular grid pattern. Cartesian k-space sampling is clinically
most commonly applied and also used for all imaging sequences in this thesis. The acquired
data with Cartesian k-space sampling can be reconstructed with discrete Fourier transform,
in contrast to non-cartesian sampling, as for example spiral k-space trajectories.

2.3 Imaging Techniques

The flexibility to obtain different image contrasts in MRI is unique. Those contrasts depend
on tissue properties and sequences parameters. The pulse sequences typically involve RF
pulses, specific gradient waveforms and readout modules. Particular pulse sequences involve
several parameters, which can adjust the image contrast. In clinical MRI, there are common
trade-offs between scan time, spatial and temporal resolutions and acquired SNR. Most MRI
sequences are based on acquisition of echo signals that are either generated by RF pulses
generating spin echoes (see Section 2.3.1) or magnetic field gradients generating gradient
echoes (see Section 2.3.2). Furthermore, another imaging technique called inversion recovery
(see Section 2.3.3) is introduced. To accelerate the image acquisition, several fast imaging
techniques can be additionally applied, as introduced in Section 2.3.4.

An important parameter is the repetition time (TR), which is the time interval in between
two successive excitation RF pulses. Most pulse sequences consist of a repetitive pattern of
excitations with signal readouts and are specifically designed for an image contrast, such as
T2 weighting. Recently, a new technique called magnetic resonance fingerprinting (MRF) was
introduced [33]. It employs pseudo-random imaging parameter variations in one acquisition
to simultaneously generate images of several tissue property parameters via applications of
a database, a so-called dictionary. As the MRF framework requires further validations for
broad clinical usability, the imaging in this thesis relies on traditional MRI sequences.

2.3.1 Spin Echo

A spin echo (SE) can be generated by applying a 90° RF pulse to generate transverse
magnetization followed by a 180° pulse after a certain time delay to refocus the dephasing
spins and generate an echo, as shown in Figure 2.1. An advantage of SE sequences is their
insensitivity to macroscopic magnetic field inhomogeneities and the SE signal decays with T2.
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2 Principles of Magnetic Resonance Imaging

In FID, the spins are in-phase after the 90° pulse, but subsequently precess at slightly
different rates due to magnetic field inhomogeneities. The phase dispersion increases over time
and the FID signal quickly decays with T ∗2 . Whereas SE sequences are based on the formation
of an echo. The time interval from an RF pulse to the echo is called echo time (TE). An
additional inversion pulse is applied at TE/2 to convert the phase of each spin’s magnetization
vector to a negative phase. After the 180° pulse, the spins precess at the same rate as before
and the phase dispersion decreases. As the phase accumulation is proportional to the elapsed
time and the inversion pulse reverses the sign of the phase, the phase differences are zero
again at TE and an echo signal is formed. Combinations of TR and TE can generate different
image contrasts with weightings to T1, T2 or proton density (PD). For example, T2 weighted
images (T2w) are acquired with long TR and TE (typically TR > 2000 ms and TE ≈ T2).

Figure 2.1: Pulse sequence diagram of free induction decay (FID) and spin
echo (SE). After excitation with a 90° pulse, the FID signal decays with
the time constant T ∗

2 . By application of a 180° inversion pulse at TE/2,
the transversal magnetization vector recovers and a (primary) spin echo
(SE) is generated at TE. The SE signal decays with the time constant T2.
The secondary echo is not shown. Note that oscillations with the Larmor
frequency would be much faster. Abbreviations: Tx, transmission; Rx,
reception; TE, echo time; TR, repetition time.

Spin echoes generally occur by refocussing pulses at any flip angle, but the echoes are
strongest with inversion pulses. The described signal measurement during echo formation
is referred to as symmetrical SE, which is the standard clinical implementation. Contrary,
asymmetric SE (ASE) sequences do not acquire the signal during the echo peak, usually by
shifting the refocussing pulse, to generate for example T ′2 weighted images [34].

A multi-echo SE sequence can be applied by a repetitive pattern of inversion pulses, each
after an additional TE, to create a train of echoes for each RF excitation pulse. Peaks of their
envelopes will decay with T2. By fitting the decay, quantitative T2 maps can be calculated.

To minimize B1 inhomogeneity effects and phase errors caused by imperfect inversion
pulses, a modified SE sequence was proposed, called CPMG. It is named after Carr and
Purcell, who proposed the initial SE sequence [35], as well as Meiboom and Gill, who proposed
modifications by applying the inversion pulse orthogonally (e.g. along ±y-axis) to the initial
excitation pulse (along x-axis) [36]. Due to its robustness, CPMG is widely used in clinical
SE sequences.
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2.3.2 Gradient Echo

Another frequently used sequence to generate signal echoes are gradient recalled echoes (GRE).
Instead of RF pulses in SE, time varying magnetic gradient fields are applied for refocussing in
GRE. Those gradient fields are generated by the same gradient coils used for spatial encoding
(see Section 2.2.1). However, GRE cannot refocus the phase offsets caused by static field
inhomogeneities and the signal thus decays with T ∗2 , as shown in Figure 2.2.

GRE sequences are based on the fact, that magnetic gradient fields can dephase and rephase
the spins in a controlled fashion. After the excitation pulse with α ≤ 90, a gradient is
applied. The gradient causes dephasing, as the loss of the spins phase coherence progresses.
Subsequently, a gradient with opposite sign is applied. The second gradient causes a rephasing
of the spins, as it unwinds the phase offsets, which were generated by the first dephasing
gradient. An echo is formed during the rephasing gradient, when the integrals of the dephasing
and rephasing gradients over time match. The second gradient is also used for the k-space
sampling during the echo. In the presence of B0 inhomogeneities, the spins will not completely
rephase and the signal at the echo carries a T ∗2 weighting. Commonly, RF pulses with low flip
angles α < 90 are applied for accelerated imaging, as a relatively high level of longitudinal
magnetization remains, which allows shorter TR and thus, reduced scan time [37].

Figure 2.2: Pulse sequence diagram of a gradient recalled echo (GRE). Af-
ter excitation with a 90° pulse, dephasing and rephasing gradients are
subsequently applied go generate a GRE. Peaks of the GRE signal decay
with the time constant T ∗

2 , when assuming magnetic field inhomogeneities.
Additional GRE could be generated by adding a series of dephasing and
rephasing gradients at multiples of TE. The higher order echoes are not
shown. Note that oscillations with the Larmor frequency would be much
faster. Abbreviations: Tx, transmission; G, gradient; Rx, reception; TE,
echo time; TR, repetition time.

The GRE image weightings mainly depend on TE, TR, α and the RF pulse and T1w or T ∗2 w
images can be achieved. Multi-echo GRE can be acquired with one excitation by applying a
series of dephasing and rephasing gradients per TR. The peak maxima decay with T ∗2 .
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2.3.3 Inversion Recovery

Another widely used pulse sequence is called inversion recovery (IR). It allows to introduce T1w
or minimize the signal contributions from specific tissues. A typical IR sequence begins with a
180° RF pulse to invert the longitudinal magnetization from equilibrium to Mz = −M0. The
longitudinal magnetization subsequently increases with T1. During relaxation, the longitudinal
magnetization becomes zero, which is called null point. After the inversion time (TI), an
additional 90° RF pulse is typically applied, which flips the longitudinal magnetization at this
time point to the transverse plane, which can be subsequently measured. Thus, the resulting
signal depends on the previous signal recovery during the time interval TI. When the imaged
sample contains tissues with different relaxation times, signals from specific tissues can be
suppressed by adjusting the TI properly for the null point of this tissues relaxation time.

Similarly, inversion and saturation pulses can be also applied as preparation pulses for other
sequences to suppress background signals. By applying a series of RF pulses with the timings
adapted to the tissue specific T1 values, signals from different tissues can be simultaneously
suppressed in the subsequently acquired signals, which is called background suppression.

2.3.4 Fast Imaging

Conventional imaging with the afore described basic sequences would be apparently slow, as
each acquisition just includes one phase-encoding step and it needs to be repeated several
times to acquire a whole image. Fast imaging is thus highly demanded for clinical applications,
where routine examinations including several acquisitions with different image contrasts are
usually planned in 20 minutes time slots. Furthermore, both, clinical and neuroscientific
applications greatly benefit from dynamic imaging with high temporal resolutions.

The introduced basic GRE sequence with 90° excitation pulses requires long TR to allow
longitudinal magnetization recovery. In 1985, considerable scan time shortening was introduced
by eliminating waiting times with the so-called fast low-angle shot (FLASH) technique [37].
It is based on GRE with short TR (usually TR < T1) in combination with low flip angles,
gaining maximum signal at the so-called Ernst angle. The longitudinal magnetization gets
is in a steady state and allows imaging with very short TR. FLASH can be combined with
preparation experiments, e.g. inversion pulses, to achieve different image contrasts.

Another acceleration technique is called echo planar imaging (EPI). Here, the entire k-space
is acquired after one excitation. This is referred to as single-shot imaging in contrast to
segmented k-space acquisitions, which require multiple excitations for k-space sampling. It
can be either combined with SE for T2w or GRE for T ∗2 w imaging. It relies on trains of
gradient echoes to sample k-space lines with characteristic readout- and phase-encoding
gradients, allowing slice acquisitions in less than 50 ms. Rectilinear k-space trajectories with
blipped phase-encoding gradients are commonly applied to prevent phase accumulation effects.
Even though EPI was already proposed in 1977 by Mansfield [38], the demanding hardware
requirements of strong and fast switching gradients delayed wide applications. Nowdays, EPI
is commonly applied, as for example in perfusion (see Section 3.2), diffusion (see Section 3.4.3)
and oxygenation sensitive imaging (see Section 3.3). Its main advantages are the good T2 or
T ∗2 image contrast and the reduction of motion artefacts by the fast imaging. However, the
high sensitivity to susceptibility artefacts causes well-known image distortions. Furthermore,
EPI is prone to artefacts by off-resonances and gradient imperfections.

Another clinically applied technique is rapid acquisition with relaxation enhancement
(RARE), which combines a CPMG sequence [35, 36] with phase encoding for each spin echo,
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so that multiple k-space lines are sampled per excitation [39]. RARE is also known as turbo
spin echo (TSE) or fast spin echo (FSE). The combination of EPI and RARE is called
gradient and spin echo (GraSE), which is often used for T2w and, with additionally required
post-processing, quantitative T2 imaging [40].

Parallel imaging can further reduce the scan time by undersampling the k-space while
considering spatial sensitivity information from multiple receive coil elements, as typical brain
imaging coils have 16 to 64 elements. It considers prior knowledge about spatial coil element
sensitivities during reconstruction of under-sampled k-space data. Two well known techniques
are SENSE (sensitivity encoding) [41] and GRAPPA (generalized autocalibrating partial
parallel acquisition) [42] based on data reconstruction in imaging respectively k-space domain.

Further accelerations can be achieved by simultaneous slice excitations. However, first
implementations were impeded by strong artefacts [43]. The breakthrough was the combination
of simultaneous slice excitation with coil sensitivity encoding of parallel imaging [44]. It is
known as simultaneous multi-slice or multi-band (MB) imaging. With increasing availability,
MB is more and more often applied in neuroscience [45] and also used in this thesis.

While the described techniques were explained on 2D imaging, non-slice selective excitations
can be applied for 3D volume imaging (see Section 2.2.1). Main advantages are improved
SNR, as signal from the whole volume are acquired at once, multi-planar reconstructions and
reduced bias from imperfect slice selection pulses.

2.4 MR Hardware

The main component of an MR scanner is the magnet creating the static B0 field, which is
used to polarize the nuclear spins in an object. Typical clinically applied whole body scanners
feature bore diameters of 60 - 70 cm with field strengths ranging from 1 T to 1.5 T and 3 T.
Higher field strength of 7 T up to 9.4 T for human use are occasionally used for research
applications. The magnetic field is created by superconducting electromagnets at very low
temperatures using cryogenic cooling such as liquid helium. Those fields are very strong
compared to the magnitude of the Earth’s magnetic field at its surface (0.25 - 0.65 µT).

Additional MR system components are typically built into the bore of the main magnet.
To correct for magnetic field distortions and improve the magnetic field homogeneity (see
Section 2.1.6), additional shim coils are used. Shim coils in combination with metal plates
permanently correct for imperfections of the B0 uniformity. Furthermore, shim coils are used
to individually correct for intrinsic field inhomogeneities introduced by the imaged object.

Three sets of gradient coils are used for spatial encoding (see Section 2.2.1), echo generation
in GRE (see Section 2.3.2) as well as other imaging purposes, such as diffusion encoding (see
Section 3.4.3). Compared to the main magnetic field, magnetic gradient fields are much weaker
with typical values of 10-45 mT/m. Another important gradient performance parameter is the
slew rate describing the gradient switching speed with typical values of around 200 T/m/s.

The oscillating B1 field is usually created by body transmit coils. Although they could
also be used for signal detection, separate receive coils are usually placed at the region of
interest for increased SNR. Often applied multiple element phased-array receive coils enable
parallel imaging. The entire scanner room is electromagnetically shielded by a Faraday cage
to prevent electromagnetic interferences.

All experiments conducted in this thesis were performed on clinical whole-body 3 T MRI
scanner (Ingenia, Philips Healthcare, The Netherlands) with 16 and 32 channel receive head
and head-neck coils at the Klinikum rechts der Isar of the Technical University of Munich.
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3 Quantification of Cerebral Perfusion,
Oxygenation and Diffusion

This chapter introduces relevant MRI sequences applied in this thesis, including clinically
established as well as state-of-the-art methods based on the descriptions from [20]. To
introduce functional imaging from a physiological point of view, the neurovascular system is
explained in Section 3.1. In MRI, the great flexibility of pulse sequence design allows to image
the brain structure as well as a large variety of cerebral hemodynamic processes. Perfusion
imaging is introduced in Section 3.2 and oxygenation sensitive imaging in Section 3.3. As
brain function and structure are often closely related, structural imaging sequences applied in
this thesis are additionally introduced in Section 3.4, including diffusion sensitive imaging.
Each of these sections contains brief descriptions of the related physiology, applied imaging
sequences and related signal post-processing.

3.1 Neuro-Vascular System

The complex human nervous system is crucially dependent on the blood vessels in the neuro-
vascular system. To maintain basic cell functions in the brain and satisfy increasing energy
demands at neuronal activation, permanent energy supply is required. The energy is delivered
via a complex blood vessel network. Oxygenated blood from the lungs is supplied to the
brain from the arteries, passing the arterioles, through the capillary network and is drained
via the venules and veins (see Figure 3.1A). The following description introduces neuronal
signalling in Section 3.1.1, relevant hemodynamic parameters in Section 3.1.2 and the blood
oxygenation level dependent (BOLD) effect in Section 3.1.3.

3.1.1 Neuro-Vascular Unit

The basis of every cognitive process is neuronal signalling. The human brain contains a
highly complex network of more than 90 Billion neurons within grey matter (GM). Neurons
communicate with each other via electrochemical processes with electrical nerve impulses,
so-called action potentials, and neurotransmitters travelling through the synaptic gap to other
neurons (see Figure 3.1B). Every neuron is supported by approximately 50 glia cells, which
have various maintaining functions in the central nervous system, astrocytes for example
form the blood brain barrier (BBB), regulate the chemical environment of neurons, recycle
neurotransmitters and provide neurons with nutrients.

The brain requires energy for several processes, such as maintain basic cell functions,
generate action potentials, recover the pre-synaptic side of the synapse, recovery from post-
synaptic potentials and neurotransmitter recycling [49, 50]. The main cerebral source of
energy is adenosine triphosphate (ATP), widely supplied by oxidative metabolism of glucose

C6H12O6 + 6O2 −→ 6CO2 + 6H2O (+ 38 ATP ) (3.1)
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3 Quantification of Cerebral Perfusion, Oxygenation and Diffusion

Figure 3.1: Cerebral hemodynamic function. (A) The vessels branch in the vas-
cular tree to supply the capillaries with blood. (B) A magnified capillary
shows the neuro-vascular unit. Red blood cells transport the oxygen, which
diffuses through the vessel wall. Four major hemodynamic parameters are
shown. The vessel diameter regulation by smooth muscle cells relates to
the cerebrovascular reactivity (CVR), which affects the blood supply by
cerebral blood flow (CBF) and the total cerebral blood volume (CBV),
which can cause regulations of the oxygen diffusion to the tissue measured
by the oxygen extraction fraction (OEF). Astrocytes extract glucose from
the capillaries and supply the neurons with energy, which is required for
neuronal signalling involving exchange of neurotransmitters through the
synaptic gap. Images modified licensed under CC BY 3.0 from [46–48] and
under public domain.
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3.1 Neuro-Vascular System

The neuro-vascular unit is an organisational entity with interactions between blood vessels,
neurons and glia cells such as astrocytes [51, 52]. Oxygen and glucose are supplied via the
blood vessels (see Figure 3.1A). Due to its low solubility in water and also blood, oxygen is
transported from the lungs to the capillaries by the oxygen carrying molecule hemoglobin
within red blood cells. Additional oxygen carrying contributions from blood plasma are
usually very low. Oxygen diffuses through the vessel walls of the capillaries and arterioles
by a passive process, driven by oxygen concentration gradients. At the same time, glucose is
extracted from the blood to the surrounding brain tissue by the astrocytes (see Figure 3.1B).
The resulting carbon dioxide (see eq. 3.1) diffuses out of the cells, into the blood and is cleared
by the lungs. Contrary to oxygen, carbon dioxide has a high solubility in water.

3.1.2 Hemodynamic Regulation

The cerebral blood supply is related to several hemodynamic parameters. The nutritive
delivery of arterial blood to the capillary bed and the brain tissue is described by the cerebral
blood flow (CBF). It is the local delivery rate of arterial blood per mass of tissue and time,
scaled in ml/100g/min. CBF is locally controlled by the vascular resistance, as the arterioles
[53] and potentially also capillaries possess the ability to constrict or dilate their diameter
[52] by smooth muscle cells within the vessel walls (see Figure 3.1B). While astrocytes are
known to play a direct role in the vessel diameter regulations [54], the complex relations of
arterial communication in terms of upstream dilation is not fully understood to date. For
laminar fluid flow, the flow resistance depends by 1/r4 on the vessel radius r. Autoregulation
of the vessel diameter thereby allows to maintain CBF despite strong arterial blood pressure
alternations and to support increases in metabolic activity caused by neural activation [55].

The blood is driven through the vascular tree by the cerebral perfusion pressure (CPP),
which is the arterial versus venous pressure gradient. Another important hemodynamic
parameter is the cerebrovascular reactivity (CVR). It relates to the capability of cerebral
vessels to change their diameter in response to external requirements, e.g., neuronal stimulation
or pathological changes (see Section 4.3) [56]. CVR can be measured as the cerebral blood
vessels response to a vasoactive stimulus. CPP is directly related to CBF and CVR by

CPP =
CBF

CV R
(3.2)

The tissue volume fraction occupied by blood vessels is quantified by the cerebral blood
volume (CBV). Total CBV comprises all vessels within the vascular tree (see Figure 3.1A). It
is also affected by autoregulation, as the blood volume increases with larger vessel diameter.

The net fraction of delivered oxygen that leaves the blood is measured by the oxygen
extraction fraction (OEF). It is proportional to the oxygen pressure gradient between arteries
and veins, see Figure 3.2. The oxygen is mainly extracted in the capillary bed and OEF can
be calculated by the difference between arterial and venous oxygenation. While OEF relates
to the consumed oxygen, there is permanent bidirectional oxygen diffusion between blood
vessels and the surrounding brain tissue.

The extracted oxygen gets metabolized in the cells, which is quantified by the cerebral
metabolic rate of oxygen consumption (CMRO2). It is proportional to the oxygen pressure
gradient between capillaries and the brain tissue (see Figure 3.2). Following Fick’s law,
CMRO2 depends on CBF, OEF and the arterial oxygen concentration [O2]a according to

CMRO2 = CBF ·OEF · [O2]a (3.3)
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Figure 3.2: Cerebral oxygen gradients. Typical oxygen pressures in the blood
compartments are illustrated. While the arterial oxygen pressure is fixed
and determined by the lungs, oxygen pressure in the capillaries, veins and
tissue can be modulated. For comparisons, atmospheric oxygen pressures
are also shown. Image adapted from [20].

Consequently, CBF can influence the tissue’s partial oxygen pressure. Changes of CBF
during constant oxygen demands causes reverse OEF effects (see eq. 3.3), which changes the
capillary oxygen pressure and thereby modulates the oxygen diffusion gradient [20].

Investigations of the local brain energy consumption are of highest interest to improve
our still very limited understanding of healthy brain functions and offers high potential for
improved diagnostics for large variety of brain pathologies (see Section 4.4.3). The energy
consumption can be locally quantified either by the glucose metabolism rate (CMROGlc) or
the oxygen metabolism (CMRO2), see equation 3.1. Imaging of both processes is established
by PET. The glucose metabolism can be assessed by radioactively labeled glucose [18F]-
fluorodeoxyglucose (FDG) [57]. And the oxygen metabolism can be imaged by three separate
PET measurements with different radioactive tracers, using 15O labeled O2 to assess CMRO2,
15O labeled water for CBF and 15O labeled carbon monoxide for CBV [58–60]. However,
PET-based measurements are widely limited, due to radioactive tracer applications, required
invasive arterial blood sampling and restricted availability of PET scanners with an onsite
cyclotron. As more easily applicable alternatives, MRI-based imaging of perfusion (see
Section 3.2) and oxygenation (see Section 3.3) were developed [61, 62].

3.1.3 BOLD Effect

Already in 1890, dependencies of local CBF with neural activity were proposed [63]. Since the
first in-vivo MRI measurements of the BOLD effect in 1990 [64, 65], the field of functional MRI
(fMRI) rapidly grew. The BOLD effect arises from the combination of a physiological and a
physical effect [20]. From a physiology perspective, activations of brain areas cause moderate
increases of the cerebral metabolic rate of oxygen CMRO2 (see eq. 3.1). At rest, OEF is
relatively uniform across the brain at about 40%, while different levels of energy metabolism
are adjusted by close coupling with changing CBF [66]. This neuro-vascular coupling (NVC)
causes a substantial perfusion increase, exceeding the higher oxygen consumptions by a factor
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of about 2-3 [67, 68]. Consequently, the OEF slightly decreases (see eq. 3.3) and leads
to the paradox, that increased oxygen consumption by neuronal activity finally causes an
increased oxygen saturation of hemoglobin. From a physics point of view, it is fascinating
that the magnetic properties of hemoglobin depend on its oxygenation. While oxyhemoglobin
is diamagnetic, deoxyhemoglobin is paramagnetic. Oxygenation level dependent magnetic
properties of blood were already described in 1935 by Pauling [69]. In 1982, the sensitivity of
MRI to in vitro blood sample oxygenation levels was shown by Thulborn et al. [70]. Finally,
in 1992, Ogawa et al. first demonstrated the BOLD effect in the human brain [71]. Taken
together, fMRI allows to non-invasively assess local signals related to neural activity to some
degree [72, 73], as the flow response relates to the location [68] and degree of activations [74].

The majority of fMRI experiments nowadays rely on GRE sequences with EPI and MB ac-
celerations to generate T ∗2 w images with high temporal resolution (see Sections 2.3.2 and 2.3.4)
[45]. While fMRI is widely applied in neuroscience, it has not been established in the clinics.
This is also due to the simplification of acquiring T ∗2 w images as an indirect measure of the
highly complex relationships between the involved hemodynamic parameters (see Section 3.1.2)
with counteracting effects of increasing CBF and CBV versus increasing CMRO2 and OEF
on the hemoglobin oxygenation [62]. Furthermore, as a general technical limitation, fMRI is
impeded by macroscopic magnetic field inhomogeneities (see Section 2.1.4) [75] and hemody-
namic response impairments in several pathologies [62]. To overcome those methodological
limitations, the field of MRI-based quantitative hemodynamic imaging is rapidly evolving
and gives new opportunities for future applications. Accounting for physiological variability,
several calibrated BOLD implementations were proposed within the last years [61].

3.2 Perfusion Imaging

The hemodynamic relationships (see Section 3.1.2) are already highly complex under healthy
conditions [76] (see Section 3.1.3) and become even more complicated in cerebrovascular
pathologies [9] (see Section 4.4.3). Several parameters of the cerebral blood supply (see
Section 3.1.2) can be measured with MR-based perfusion imaging. In this section, perfusion
MRI will be described in two classes. First, a bolus tracking technique with intravenously
applied exogenous contrast agents is introduced in Section 3.2.1 [77]. Second, non-invasive
magnetic labeling of arterial blood water as an endogenous, freely-diffusible tracer is introduced
in Sections 3.2.2 and 3.2.3 [78]. Furthermore, CVR imaging is introduced in Section 3.2.4.

3.2.1 Dynamic Susceptibility Contrast

Dynamic susceptibility contrast (DSC) is based on intravenous administration of contrast agent
(CA) during MRI [77, 79]. The CA alters the relaxation times and the magnetic susceptibility
of the blood [80]. A clinically commonly applied CA is gadolinium (Gd), as it is strongly
paramagnetic with seven unpaired electrons (see Section 2.1.6). However, Gd is neurotoxic
and can thus only be applied in humans when it is bound in molecule structures, such as
Gd-linked diethylenetriaminepentaacetic acid (Gd-DTPA). In the healthy brain, Gd-DTPA
does not cross the BBB and remains confined within the vasculature.

Regarding its magnetic properties, Gd-DTPA has two main effects on the blood. First, the
local magnetic susceptibility is substantially altered, caused by its large magnetic moment. As
CA remains confined in the blood vessels, microscopic magnetic field gradients arise between
intra- and extravascular spaces (see Figure 3.1). Those field inhomogeneities shorten local
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T ∗2 values and can be imaged by a T ∗2 w GRE sequence. This T ∗2 effect is the basis of DSC
imaging, which is clinically commonly applied in several brain pathologies. As a second effect
of Gd-DTPA, it reduces T1 when it is in direct contact with protons, which is used for another
CA-based perfusion imaging technique called dynamic contrast enhanced (DCE) MRI. While
DCE is more often applied in body applications, CA induced signal changes in the brain with
intact BBB are rather small due to the CBV of only approximately 4% in GM.

DSC Acquisition

Practically, DSC-MRI is applied by the injection of a sharp Gd-DTPA bolus, while its passage
through the brains vasculature is traced by dynamic MRI. Typically, a GRE-EPI readout (see
Sections 2.3.2 and 2.3.4) with TR around 1.5 s is applied according to current recommendations
[80], which gives good temporal resolution and limits T1 bias. Typical voxel sizes are around
2 x 2 x 3 mm3. The acquired 4D data allows to calculate tissue concentration-time curves of
the CA bolus passage for each voxel (see Figure 3.3).

Dynamic Susceptibility Contrast (DSC) Imaging
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Figure 3.3: Tissue concentration-time curve in DSC imaging. Time-dependent
tissue concentration curves are acquired for every imaging voxel in DSC.
In this case, 80 dynamics were acquired with a TR of approximately 1.5
s. The cerebral blood volume (CBV) is proportional to the area under the
curve (blue, full pass integration). Local perfusion delay information are
derived by the time-to-peak (TTP) (orange).

DSC Post Processing

Via post-processing of the DSC data, several perfusion related parameter can be calculated.
The measured ∆R∗2 time curve (see Figure 3.3) can be converted to a CA tissue concentration
time curve by assuming a constant T ∗2 relaxivity [81–83]. An established parameter is the
cerebral blood volume (CBV). A robust and widely applied calculation method is integration
of the tissue concentration curve. The area under the curve is proportional to the local CBV
[84] (see Figure 3.3), when assuming an intact BBB [85]. As absolute CBV calculations remain
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challenging, requiring information on the arterial input function, normalization to normal
appearing white matter (NAWM) is commonly applied yielding relative CBV (rCBV) [86, 87].

Besides the local blood volume, the tissue concentration curves also contain relevant
information on temporal perfusion characteristics. A robust and reliable parameter is the
time-to-Peak (TTP). It describes the time interval between first arrival of the CA bolus
to the peak, for each voxel (see Figure 3.3). Resulting TTP images give clinical important
information on regional perfusion delays.

Recently, Jespersen and Østergaard proposed to gain additional information from perfusion
data by parametric modelling of the residue function [88, 89]. They claimed to calculate addi-
tional hemodynamic parameters by sophisticated post-processing without requiring sequence
modifications. Their model was applied to DSC data by Mouridsen et al. [90]. Based on
Bayesian estimations, the capillary transit-time heterogeneity (CTH) is calculated as a marker
of microvascular hemodynamic function, see Figure 3.4.

According to that, pathophysiological changes of the capillary morphology may cause CTH
elevations. Those elevations might even result in reductions of oxygen availability via a
reduced oxygen extraction capacity (OEC), which is also derived by the model. The authors
proposed OEC to be the maximum possible oxygen extraction from the capillaries to the
tissue [88]. Even though first applications of parametrically modelled DSC data in clinical
studies were promising, further evaluations are demanded, especially in comparison with
established hemodynamic parameters (see Section 3.1.2).
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Figure 3.4: Capillary transit time effects on capillary oxygen extraction. Dur-
ing the passage of blood through the capillary bed, its oxygenation decreases
(color coded). (A) Under healthy conditions, the flow is equally distributed
across the capillaries with similar flow velocities (black arrows) with accord-
ingly low capillary transit-time heterogeneity (CTH). (B) Contrary, several
pathologies can cause CTH increases, which relates to varying flow velocities
and oxygen extractions among capillaries. Note, that CTH can also affect
the venous oxygen saturation. Figure adapted from [88, Fig.3].

Even though, CBF can be also estimated from DSC data [91, 92] based on the slope of
the signal increase (see Figure 3.3), intravascular tracers have a generally limited reliability
for CBF [20, 93]. Thus, CBF measurements are preferred by other techniques using freely
diffusible tracers, such as ASL (see Section 3.2.2).
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DSC Applicability

Currently, DSC is widely clinically applied, especially in brain tumors and vascular diseases. In
2000, potential complications of Gd administration were found, causing nephrogenic systemic
fibrosis (NSF). NSF is usually a fatal disease and can be caused by Gd-DTPA applications
in patients with renal failure [94]. Since then, prior blood sample based estimations of the
renal function are analyzed and allowed to effectively prevent NSF. Recently discovered
long term Gd depositions are gaining high attention [10]. But no evidence for toxic effects
caused by Gd accumulations was found yet. The applicable German law [11] follows the
European Medicines Agency (EMA) report [12], stating that Gd-DTPA application remains
recommended if clinically necessary, but only at lowest possible dose. To further minimize risks,
the use macrocyclic Gd-based CA is compulsory for most applications. Those macrocyclic
CA are considered to be chemically more stable compared to the previously more frequently
applied linear molecule structures. The ongoing research on Gd accumulations led to a
further increased clinical interest in non-invasive MRI-based perfusion imaging techniques
(see Section 3.2.2).

3.2.2 Arterial Spin Labeling

A fundamentally different MRI-based approach to measure local perfusion effects is arterial
spin labeling (ASL) [78]. It is based on magnetic labeling of the inflowing arterial blood water
to the brain, as approximately 50% of the blood consists of water. Since blood water is used
as a freely-diffusible tracer, ASL is ideal for CBF mapping. Regarding the imaging technique,
perfusion information is isolated from static tissue water by image subtraction. Label images
with magnetic blood labeling and control images without labeling are acquired, see Figure 3.5.
As the static tissue water is assumed to remain unchanged between label and control images,
the subtraction of both images yields the perfusion information.
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Figure 3.5: Arterial spin labeling (ASL) workflow. Control and label images,
with labeling of inflowing arterial blood water, are acquired. During post
processing, control and label images are subtracted to yield a cerebral blood
flow weighted (CBFw) image. By an additionally acquired proton density
weighted (PDw) image and further constants (see eq. 3.4), the quantitative
CBF image is calculated.
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ASL Labeling Techniques

For labeling, basically three different approaches exist. The first two approaches were already
proposed in the 1980’s and 1990’s, but both come with severe limitations. First, continuous
ASL (CASL) was introduced, using continuous RF labeling of a thin slice at the neck [78, 95].
Within this labeling slab, all feeding arteries (see Section 4.1) are labeled at the same time by
adiabatic inversion of the inflowing blood [96]. Adiabatic inversion relies on applying a constant
RF field together with a constant field gradient in flow direction, so that the flowing blood
sweeps through off-resonance and on-resonance and thereby inverts the magnetization. While
CASL offers comparably good SNR, the labeling efficiency remains low and magnetization
transfer effects caused by off-resonances effects impede the imaging. Often required separate
labeling coils and high-power RF amplifiers are usually not compatible with clinical MR
scanners and also increase the specific absorption rate (SAR).

The second approach called pulsed ASL (PASL) relies on inversion pulses applied within a
10-20 cm thick inversion plane at the neck. While no dedicated labeling coils are required
for PASL, the SNR is lower, which impedes the usability within clinically feasible scan times.
Even though several CASL and PASL optimizations were proposed, they were all limited by
intrinsic disadvantages of the underlying approaches.

The break trough for clinically applicable ASL was a third approach called pseudo-continuous
ASL (pCASL). It was proposed by Dai et al. in 2008 as a hybrid of CASL and PASL [97]. A
narrow labeling plane is applied similar to CASL for adiabatic inversion, but with a train
of ultra short RF pulses of approximately 1 ms spacing. The SNR is better compared to
PASL, while the labeling efficiency is superior to CASL. Furthermore, the much lower energy
deposition in pCASL allows usage of the standard body coil and RF amplifier for labeling,
being compatible with modern clinical MRI scanner hardware. The widespread availability of
3T MRI scanners nowadays is another relevant factor for broad future clinical applications, as
ASL benefits from prolonged T1 of the labeled blood water and the higher SNR [98].

pCASL Acquisition

To magnetically label the arterial blood-water, a train of inversion pulses is applied for 1-3
seconds in pCASL [98] in the neck region at the brain feeding arteries (see Section 4.1). The
labeling plane should be individually planned based on an angiography scan with the following
conditions: at straight vessel segments, above the carotid bifurcation at regions of laminar flow,
oriented perpendicular to the arteries and without cutting any arterial loops (see Section 4.1).

To allow the labeled blood water to flow into the tissue element of interest, there is a certain
time interval called post-label delay (PLD) between the labeling and the beginning of the MR
imaging (see Figure 3.5). The PLD needs to be adapted to the investigated study cohort as a
trade-off between two main factors. On the one hand, the PLD should be kept as short as
possible. The tracer lifetime is limited, because the labeled blood decays with T1 in the range
of 1300 - 1750 ms. On the other hand, the PLD needs to be sufficiently long that the labeled
blood reaches the brain tissue, see Figure 3.6. Therefore, the PLD should be set according to
the arterial transit time (ATT), which refers to the transport time of the labeled blood to the
tissue volume of interest [99]. The normal range of ATT values can vary between 500-1500
ms and depends e.g. on the participants gender, differs among brain regions (see Section 4.2)
and increases with age [100]. Furthermore, it can be severely prolonged by pathologies. Too
short PLD can cause incomplete bolus arrival and thereby CBF underestimations. As a
compromise, a PLD of 2000 ms is recommended for elderly participants and adult clinical
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patients [98]. However, especially in cerebrovascualar diseases, lower measured CBF could
still be related to delayed perfusion with ATT > 2000 ms rather than hypoperfusion. To
overcome those limitations, future acquisitions of time-encoded ASL with multiple PLDs and
tracer kinetic modeling [101] is highly promising, but currently remains difficult [102]. In
addition to perfusion imaging, ASL can be also used for angiography with shorter PLDs.

For readout of the label and control images, 2D EPI or 3D GraSE are commonly used (see
Sections 2.3.2 and 2.3.4). While 2D EPI offers higher temporal resolutions of approximately
10 seconds, segmented 3D GraSE offers optimal BGS for all slices. Both readout modules
were applied in this thesis, but 3D GraSE was preferred based on initial comparisons in the
conference contribution C19 and ISMRM perfusion study group recommendations [98]. Back-
ground suppression (BGS) of the static tissue signals is commonly applied (see Section 2.3.3),
as the perfusion information relates only to 1-2% of the acquired signal in label and control
images. Typical voxel sizes are around 3 x 3 x 6 mm3.
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Figure 3.6: ASL kinetic curves. The time dependencies of perfusion weighted signals
are illustrated in two brain regions with shorter arterial transit time ATT1
and longer ATT2. CBF imaging is supposed in the perfusion phase after
bolus arrival at PLD > ATT . In both regions, the bolus arrival time (BAT)
is equal. Image adapted from [103, Fig.5].

ASL Post Processing

By subtracting label and control images, perfusion weighted images are calculated, see
Figure 3.5. A highly attractive feature of ASL is its ability to yield quantitative CBF maps.
When assuming a single-compartment model and entire labeled bolus arrival, CBF results in

CBF =
6000 · λ · (Control − Label) · e

PLD
T1,blood

2 · α · T1,blood · PDw ·
(

1− e
−τ

T1,blood

) [ml/100g/min] (3.4)

with the brain/blood partition coefficient λ = 0.9 mL/g, T1,blood = 1.65 s at 3T, labelling
efficiency α = 0.85, label duration τ = 1800 ms, control, label and PDw images [98].
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ASL Applicability

Despite of extensive methodological improvements, researchers complained a ”lack of enthusi-
asm from the clinical community” [104] for ASL applications and find ”it is perplexing that
ASL MRI has not really found its way into routine clinical practice” [105] in 2012. Even
though ASL is yet not part of the clinical routine, the development of pCASL and the ISMRM
perfusion study group consensus recommendations [98] were milestones for clinical applicability.
Further pushed by Gd depositions in CA-based perfusion imaging (see Section 3.2.1), ASL as a
non-invasive technique is gaining additional attention for potential future clinical applications
in several pathologies, such as cerebrovascular diseases (see Section 4.4.3). However, remaining
limitations of current pCASL implementations are the comparably low SNR, required user
experience to set the labeling plane and potential delay effects with single-PLD acquisitions.

3.2.3 Super-Selective Arterial Spin Labeling

While the afore introduced pCASL is based on labeling all brain feeding arteries (see Section 4.1)
to locally quantify perfusion, sequence modifications even allow non-invasive mapping of
perfusion territories. Rather than labeling a plane, in 2010, Helle et al. proposed to label
just a spot to visualize perfusion territories of individual arteries (see Section 4.2). This so-
called super-selective ASL (ss-ASL) is implemented via additional application of time-varying
gradients during the RF labeling pulses. After each RF pulse, the directions of the additional
gradient pulses are changed in a pseudorandomized fashion around a predefined centered
target location with concomitant changes of the RF pulse phases. Thus, phase effects caused
by these gradients are minimized just at the target location, leading to a locally maximized
labeling efficiency. The labeling spot size in both dimensions perpendicular to the vessel are
adjustable by the additionally applied gradient pulses (see Section 2.2.1).

Super-selective ASL includes all advantages of pCASL (see Section 3.2.2) and uses its
standard 2D EPI or 3D GraSE readout modules. The availability of ss-ASL currently remains
very limited, as it is still a research sequence requiring sequence programming modifications.
But from a clinical perspective, ss-ASL is highly interesting [102]. First, knowledge about
shifted perfusion territories has high diagnostic value in several cerevrovascualar diseases (see
Section 4.3). Second, it newly offers unique opportunity for non-invasive territory mapping
with high potential for broader applications, as the only currently clinically established
technique is based on invasive catheter angiography (see Section 4.4.3).

3.2.4 Cerebrovascular Reactivity

Unlike steady state parameters such as CBF or OEF, which can be measured in the baseline
state at rest (see Sections 3.2.2 and 3.3.1), CVR is usually measured by applying a vasodilatory
stimulus. Dynamic MR images are acquired during baseline conditions and also during
vasoactive stimulation. A potent vasodilatory stimulus is arterial carbon-dioxide (CO2). It is
naturally involved in the cerebral energy metabolism (see eq. 3.1) and induces relaxation of
vascular smooth muscle cells via chemoreceptor stimulation [106–108] (see Figure 3.1B).

Even though CVR is a highly promising parameter to detect hemodynamic impairments
at early disease stages (see Section 4.4.3), the two most commonly applied methods for
vasodilatory stimuli have severe disadvantages. First, exogenous drugs such as acetazolamide
are intravenously applied prior to perfusion imaging. However, acetazolamide is not approved
anymore for CVR imaging in Germany. Second, hypercapnic gas is applied via sealed face
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masks supplying an increased (CO2) concentration in the inhaled air with additional endtidal
gas monitoring. It is widely accepted as a reliable method in the CVR research community
[109]. However, the tolerability by the participants is limited [110]. In addition, the setup
is complicated and costly hardware is required, which severely impedes the overall clinical
applicability. Furthermore, complicated experimental setups are hardly consistent with the
efficient clinical MRI workflow. Recently, a non-invasive and easily applicable alternative was
proposed, which uses breath-holds as vasodilatory stimuli during dynamic MRI [109].

Breathhold-fMRI

Acquisitions of CVR by breathhold-fMRI (BH-fMRI) rely on imaging during a block de-
sign of alternating normal breathing and breath-holds, which lead to an increased arterial
CO2 concentration. Breath-hold durations of 15 seconds were proposed to be tolerable
for most participants [109], while causing sufficient CO2 increases for reproducible results
[111]. For imaging, GRE-EPI readout with MB acceleration (see Sections 2.3.2 and 2.3.4) is
usually applied for BOLD weighted imaging (see Section 3.1.3) with voxel volumes around
3 x 3 x 3 mm3.

For post processing of BH-fMRI time series data, standard motion correction is followed by
a regression analysis. Recently, the group of Jan Petr published a model-driven approach [112].
The acquired data is corrected for a global time delay and voxel wise correlation values are
calculated by regression of a pre defined respiratory response function, see Figure 3.7 . Statis-
tical beta values serve as a proxy of CVR. While the published results are promising, further
clinical evaluations are clearly demanded to especially probe the reliability and sensitivity of
BH-fMRI under healthy conditions and in cerebrovascular diseases (see Section 4.3).
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Figure 3.7: Breathhold-fMRI post processing for cerebrovascular reactivity
(CVR) mapping. The time series of EPI images was acquired during
a block design of 45 s normal breathing and 15 s breathhold with five
repetitions. In model driven post-processing, regression analysis is applied
with a respiratory response function for each voxel to calculate CVR maps
[112]. Here, patient data with CVR impairments is shown, see Section 4.3.
The locally reduced CVR indicates impaired hemodynamic function.
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3.3 Oxygenation Imaging

Mapping of OEF is of high interest for neuroscientific applications, as the oxygen consumption
relates to the neuronal activity (see Section 3.1.3) [76, 113–115]. Furthermore, OEF is highly
promising to improve clinical diagnostics and treatment of several cerebrovascular diseases (see
Section 4.4.3). Previous studies reported correlations between OEF increases and increased
stroke risks [116–119]. However, established gold standard OEF measurements by PET are
severly limited (see Section 3.1.2). Thus, alternative oxygenation sensitive imaging by MRI
based on quantitative BOLD implementations is gaining high interest.

3.3.1 Multi-Parametric Quantitative BOLD

While several MR-based methods for OEF imaging have been proposed (see Section 8.1.4)
[19, 61, 62], an easily applicable technique with full brain coverage within clinically applicable
scan times is called multi-parametric quantitative BOLD (mq-BOLD) [120]. It relies on the
biophysical model of Yablonskiy and Haacke [121]. They model the blood vessel network by
randomly oriented cylinders of infinite length and with homogenous magnetization.

The mq-BOLD implementation is based on calculating relative OEF (rOEF) from three
separate MRI measurements of relative CBV (rCBV) and the quantitative transverse relaxation
rates R∗2 and R2. Maps of rCBV are obtained by DSC-MRI (see Section 3.2.1). Quantitative
R∗2 imaging is applied by a multi-echo GRE sequence (see Section 2.3.2) with corrections
for macroscopic background gradients [122, 123]. Quantitative R2 images are derived from a
GraSE sequence with multiple echoes (see Section 2.3.4). Following the mq-BOLD approach
[120], rOEF is calculated by

rOEF =
R′2

c · rCBV
(3.5)

with the constant c = γ · 43 ·π ·∆χ ·B0 and B0 = 3T . Here, ∆χ = ∆χ0 ·Hct = 0.924 ·10−7 is
the susceptibility difference between oxygenated and deoxygenated blood. The susceptibility
difference between fully deoxygenated and fully oxygenated hemoglobin is ∆χ0 = 0.264 · 10−6

[124, 125] and the small vessel hematocrit is Hct = 0.35 [125].
Previous mq-BOLD applications in clinical studies showed promising results in several

pathologies [126–129]. However, the usability was impeded and quantitative interpretations
limited by systematically elevated rOEF values. Reported rOEF of 0.6-0.7 in GM [120] were
much higher compared to physiologically expected values in the range of 0.35-0.56 based
on PET reference measurements [9, 130]. Furthermore, rOEF evaluations were restricted
to GM even though WM is particularly affected in many pathologies [131]. The increased
vulnerability of WM to perfusion deficits is due to its more distal localization in the blood
supply architecture [132]. However, the reliability of mq-BOLD-based rOEF values in WM
is currently unknown. Well-known vasculature orientation effects [133, 134] contradict the
model assumptions and related anisotropy effects of the underlying T2 [135, 136] and rCBV
measurements [137] may further impede the validity of rOEF values in WM.
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3.4 Structural Imaging

Besides the afore introduced functional mappings, structural imaging is of high importance
in clinical MRI. Three widely used clinical imaging methods will be introduced, which allow
classification of brain tissues (see Section 3.4.1), detection of microangiopathic changes (see
Section 3.4.2) and measurement of white matter (WM) fiber orientation (see Section 3.4.3).

3.4.1 MP-RAGE

An MR sequence applied in almost every brain scan protocol is called magnetization prepared
rapid gradient echo (MP-RAGE) [138]. It is a T1w sequence, based on inversion preparation
for enhancing T1w contrast (see Section 2.3.3) in combination with rapid GRE readout (see
Section 2.3.2). Images typically have high spatial resolution with voxel volumes of around
1 mm3, covering the whole head in acquisition times of about five minutes. Based on the
good GM-WM contrast, MR-RAGE data is widely used for image segmentation into the
different tissue classes of GM, WM and cerebrospinal fluid (CSF). For segmentation and
image processing, the statistical parametric mapping (SPM) toolbox is widely used in research
applications and was also applied in this thesis [139]. Furthermore, spatial transformations of
individual brain scans to a standardized brain atlas are often performed with SPM based on
MP-RAGE images. A commonly used brain atlas for normalizations is the MNI template,
named after the Montreal Neurological Institute at the McGill University in Montréal, Canada.

3.4.2 FLAIR

Another very common clinically applied sequence is called T2w fluid attenuated inversion
recovery (FLAIR) [140, 141]. It is based on an inversion preparation to suppress signals
from fluids (see Section 2.3.3) with a T2w FSE readout (see Sections 2.3.1 and 2.3.4) and
typical voxel volumes around 1 mm3. The suppression of hyperintense fluid signals, e.g. from
CSF, improves the visibility of periventricular brain lesions. FLAIR imaging is sensitive to
microangiopathic changes, which can arise in healthy ageing and may result in cognitive
decline [142]. Furthermore, it is specifically sensitive to pathophysiological changes in several
diseases, such as in multiple sclerosis (MS) [143]. For clinical diagnostics of vascular diseases,
FLAIR lesions are graded by a radiologist using the Fazekas-score [144].

3.4.3 Diffusion Tensor Imaging

Another structural imaging technique is diffusion tensor imaging (DTI), which offers water
diffusion sensitive contrast [20]. It is based on the application of magnetic gradient fields (see
Section 2.2.1) to non-invasively measure the diffusion related signal attenuation in biological
tissues [145, 146]. This images contrast relies on the fact that water molecules are not freely
diffusing in tissues. Resulting restricted and directionality dependent diffusion thus gives
important information on the local microscopic tissue architecture. DTI is appealing for
studying brain structures in healthy ageing and is also clinically applied to study white matter
diseases, such as for example Alzheimer’s disease (AD) or strokes.

WM Structure

In biological tissues, heterogenous structures can restrict the diffusion. In addition, tissues are
often anisotropic, meaning that oriented structures cause direction dependent diffusion [20].
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Specifically, WM mainly consists of myelinated axons. Those axons are nerve fibers and serve
as messaging connections between GM regions, as they carry nerve impulses between neurones.
Axons are wrapped by myelin sheaths, consisting of lipid bilayers in a laminar structure.
Myelin acts as an insulator and increases the nerve signal’s transmission speed. Nerve fibres
are arranged in bundles, so called fibre tracts. Regarding diffusion, the laminar structure of
myelinated axons causes anisotropic diffusion. It is highest along the fibre direction and most
impeded perpendicular to the fibres [147].

Diffusion MRI

From a physical perspective, diffusion can be seen as a random walk of molecules. Induced
by random rotations and thermal motion, water molecules are permanently in motion,
continuously tumbling and colliding with other molecules. The relative orientation of a
molecule is permanently changing and it thus experiences fluctuations of the surrounding
magnetic field. As motion of a nuclear spin in a non-uniform magnetic field causes changes
in its precession rate, diffusion causes dephasing and finally affects the relaxation of nuclear
spins, which can be measured by MRI (see Section 2.1.4). Diffusion processes are described
by the diffusion coefficient D. While diffusion is isotropic in free water without preferential
directions, this is not generally the case in tissues. Therefore, D is considered as a tensor in
the DTI reconstruction with directionality dependent diffusion values. Historically, diffusion
weighted imaging (DWI) with measurements in three directions was proposed first. It just
gives a diffusion weighted image contrast, weighted by the trace of D, but the tensor itself
remains unknown. Improvements by DTI with acquisitions of at least six different gradient
directions allow to actually calculate local diffusion tensors and thereby enable to derive the
preferred diffusion direction within each voxel [148].

For DTI, a strong bipolar magnetic field gradient (see Section 2.2.1) is applied after excitation
and before image readout [145, 146]. The applied gradients are balanced, so that there is no
net effect for stationary spins, but moving spins acquire a phase offset proportional to the
travelled distance in the direction of the gradient. Thereby, the diffusion of water molecules is
proportional to the nuclear spins’s phase dispersion and the MR signal gets attenuated. In case
of free diffusion, with a Gaussian distribution of spin phases, the attenuation exponentially
depends on the tissue-related diffusion coefficient D as well as the sequence dependent gradient
strength and gradient duration [149]. For readout, both, SE or GRE can be applied, which is
often accelerated with EPI (see Section 2.3.4). A typical voxel size is 2 x 2 x 2 mm3. The
measurement is repeated in the different gradient encoding directions.

A commonly applied DTI post-processing tool is the FMRIB software library (FSL) [150].
Is is named after the Oxford Centre for Functional MRI of the Brain at the University of
Oxford and was also used in this work. Corrections for eddy current effects and motion
are applied by the FMRIB’s linear image registration tool (FLIRT) [151, 152], non-brain
voxels removed by the brain extraction tool (BET) [115], and the tensor fitting applied by the
FMRIB’s diffusion toolbox (FDT) [153, 154].

An important parameter from DTI is the fractional anisotropy (FA) of WM [155]. It is a
measure of the diffusion anisotropy, with values ranging between 0 and 1. Low FA values
correspond to isotropic and high values to anisotropic diffusion. Furthermore, the main
fibre orientation of each voxel can be calculated, derived from the diffusion tensor D by the
eigenvector with the largest eigenvalue.
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4 Clinical Background of Internal Carotid
Artery Stenosis

This chapter provides an overview on cerebral blood supply under healthy conditions and
impairments in carotid artery disease. The brain requires continuous blood supply, as it has
high energy demands without storage capacities [156]. While the brain weights only 2 % of the
whole body, it accounts for approximately 20 % of the total body energy consumption. Those
high energy demands are remarkably constant over time, despite of known oxygen metabolism
variations [157]. As the brain’s main source of energy is the oxidative glucose metabolism (see
Section 3.1.1), continuous supply with glucose and oxygen is required. They are delivered
via a complex network of blood vessels (see Figure 4.1). Interruption of this cerebral energy
supply have severe consequences after a few minutes already, causing cell death by strokes.

The following sections introduce the brain’s vascular system starting with the blood passage
from the major neck arteries in Section 4.1, via the principle intracranial arteries to the
arterioles forming the vascular territories described in Section 4.2, based on the description
in [158]. Pathophysiological blood supply disruptions by internal carotid artery stenoses are
introduced in Section 4.3. Finally, currently applied clinical diagnostics, interventional options
and the high potential of hemodynamic MRI applications are summarized in Section 4.4.

Figure 4.1: Cerebral blood supply illustration. Arteries (in red) show the blood
passage from the two vertebral arteries in the neck, via principle intracranial
arteries to arterial branching within the brain. Parts of the right hemisphere
are not shown. Image under public domain from [158, Fig.516].

47



4 Clinical Background of Internal Carotid Artery Stenosis

4.1 Anatomy of Major Neck Arteries

The brain is supplied with blood by four major arteries. There are two anterior internal
carotid arteries (ICA) and two posterior vertebral arteries (VA), as shown in Figure 4.2. The
left and right ICAs ascend in the front of the neck. Each of them arises from a common
carotid artery, which bifurcates into the ICA and the external carotid artery (ECA). While
the ICAs supply a great extent of the brain, the ECAs supply the exterior of the head, for
example the face. The other two major brain supplying arteries are the left and right VAs,
which course along the sides of the neck. Both VAs cranially merge to the basilar artery (BA).

Figure 4.2: The major arteries in the right side of the neck. The common carotid
artery bifurcates into the external carotid artery and internal carotid artery,
which supplies the brain with blood. The vertebral artery courses along the
side of the neck and unites with the contralateral vertebral artery to the
basilar artery. Image under public domain from [158, Fig.513].
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4.2 Cerebral Vascular Territories

The two ICAs and BA form a circle of interconnected arteries at the base of the brain,
known as the circle of Willis (CoW) and shown in Figure 4.3. The ICAs and BA supply the
CoW with blood. Within the CoW, ICAs can be connected by the anterior communicating
artery (AComA). The posterior branches of the CoW can connect the BA via the posterior
communicating artery (PComA). Thus, the CoW can provide connections between the anterior
and posterior blood supply as well as between both hemispheres. However, the manifestation
of the AComA and PComA can highly differ among individual subjects, being incomplete
in about 60 % of the population. An incomplete CoW does not impair the regular cerebral
blood supply, but becomes especially important in case of local blood supply disruptions, as
they can be compensated via collateral blood flow in the CoW [159, pp. 55-56]. In general,
varying locations and diameters of cerebral arteries under healthy conditions are known [160].
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Figure 4.3: Arterial circulation within the circle of Willis (CoW). The internal
carotid arteries and vertebral arteries can be connected via the anterior
communicating artery and the post communicating arteries. Image under
public domain from [161], adapted from image under public domain from
[158, Fig.519].
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Each of the brain feeding neck arteries supplies typical vascular territories, as shown in
Figure 4.4. Those territories are related to the three arterial trunks within each hemisphere,
which arise from the CoW (see Figure 4.3). Those three principle intracranial arteries are
the anterior cerebral artery (ACA), middle cerebral artery (MCA) and posterior cerebral
artery (PCA). The ACA is typically fed by an ICA and supplies the frontal lobes [159, p.
56]. Also fed by an ICA, the MCA supplies large parts of the brain including the the lateral
surface of temporal and parietal lobes [159, pp. 56-58]. The posterior cerebral artery (PCA)
is usually fed by the BA and supplies the temporal and occipital lobes [159, pp. 58-62]. While
those vascular territories are considered similar among a healthy population and symmetrical
between hemispheres, variances have been previously presented even in a healthy cohort and
attributed to the morphological variability of the previously introduced cerebral vascular
system, e.g. by individual communicating arterial connection manifestations [162, 163].

Figure 4.4: Perfusion territories on the outer surface of the cerebral hemi-
sphere. Typical areas supplied by the anterior cerebral artery (ACA) are
shown in blue, middle cerebral artery (MCA) in red and posterior cerebral
artery (PCA) in yellow. Image under public domain from [158, Fig.517].

It is well known from stroke research, that the border zones between the ACA, MCA
and PCA vascular territories (see Figure 4.4) are especially vulnerable for perfusion deficits
[132, 164]. Those so-called watershed areas (WSA) are located most distal from the supplying
arteries. Thus, impairments of the cerebral blood supply are likely to affect the watershed
regions first [165, p. 105], for example by the stenosis of an ICA [117, 164].

4.3 Internal Carotid Artery Stenosis

Internal carotid artery stenosis (ICAS) is a narrowing of an ICA. It is usually caused by a
plaque, which narrows the arterial lumen and is also known as atherosclerosis. The plaque is
an accumulation at the inner arterial wall, consisting, inter alia, of lipids and fibrous tissue.
The most common plaque location is the carotid bifurcation, as shown in Figure 4.5. Common
risk factors for ICAS are hypertension, diabetes, smoking, age, gender and race [165, p. 109].
Epidemiological studies showed that approximately 1 million patients in Germany have ICAS
[166, p. 2]. As the elderly population above 65 years is more likely to be affected by ICAS
[167], a further increasing prevalence is predicted in view of demographic change.
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A

B

Figure 4.5: Illustration of right sided internal carotid artery stenosis. Magnifi-
cations of the common carotid artery bifurcation (black box) under healthy
conditions (A) is compared to a plaque at the ICA (B), which narrows the
arterial lumen. Image modified licensed under CC BY 3.0 from [168].

ICAS can cause various complications [166, p. 2]. Ischemic strokes can be caused by
ruptured pieces of the plaque or blood clots, as a source of embolization [169]. This embolus is
carried with the blood flow to the brain. As the vessel diameter decreases in arterial branching,
the embolus can occlude smaller distal arteries. This occlusion interrupts the blood flow to
the vascular territory that was previously supplied by this vessel, known as ischemic stroke.
Approximately 10 - 20 % of all strokes are caused by ICAS [16]. Another complication are
transient ischemic attacks (TIA), so-called mini-strokes, which are also often caused by blood
clots [169, 170]. The permanently reduced blood supply of the brain by the plaque can also
manifest in severe chronic perfusion deficits, causing for example cognitive decline [171].

4.4 Diagnosis and Treatment Options

4.4.1 Diagnosis of ICAS

The clinical patient management is based on the distinction between symptomatic and
asymptomatic ICAS-patients [166, p. 18]. Symptomatic patients previously showed signs
of permanent cerebral ischemia, TIA, or neurological symptoms [172, pp. 6-8] and thus,
are usually diagnosed during examinations concerning those symptoms [173]. In contrast,
asymptomatic ICAS does not cause obvious symptoms and is often detected as an incidental
finding [167]. The initial ICAS diagnosis is often performed by non-invasive Doppler ultrasound
of the ICAs [165, p. 109]. The blood flow velocity increases in the ICA at the location of
the plaque and correlates with the narrowed arterial lumen. The degree of the stenosis is
commonly estimated [174, p. 158] following the standardised NASCET criteria, based on
the North American symptomatic carotid endarterectomy trial [173]. For further diagnostics,
imaging of the major neck arteries is performed by either CT or MR angiography [175],
following the current treatment guidelines [166, pp. 21-29].
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4.4.2 Treatment Options in ICAS

The treatment aims to reduce the risk of stroke. Untreated symptomatic ICAS has a stroke rate
of about 26 % after two years [176] and still 5 % per year in high-grade asymptomatic patients
[177]. Non-invasive best medical treatment mainly relies on anti-platelet therapy for blood-
thinning, statins for cholesterol lowering and anti-hypertensives to reduce the blood pressure
and is also advised in lower-grade ICAS [174, 175, p. 163]. Alternatively, effective interventions
are available either by carotid endarterectomy (CEA) or carotid artery stenting (CAS). CEA
is an open surgery in the neck, where the ICA is sliced to remove the plaque [174, pp. 163-169].
More recently, CAS was introduced to permanently widen the arterial lumen by a stent,
which is placed in a minimally invasive procedure [174, pp. 169-171]. However, both surgical
treatment options come with substantial risks of intra- and postoperative complications,
including strokes [17]. Those competing risks complicate treatment decisions, which are
especially delicate in asymptomatic ICAS-patients [18]. While symptomatic high-graded
patients often receive surgical treatment, it remains unclear whether high-grade asymptomatic
patients would benefit from a more aggressive treatment by interventions [18, 175, 178].

4.4.3 Potential of Hemodynamic MRI in ICAS

Currently, treatment decisions are mainly based on the degree of the stenosis [167], but not
on information about local hemodynamic impairments on a tissue level [179]. To generate
additional evidence for treatment decisions, hemodynamic MRI is especially promising [9].
MRI offers the unique advantage to acquire a large variety of relevant hemodynamic parameters
in the same scan-protocol (see Sections 3.2 and 3.3), in contrast to ultrasound or CT. However,
there is a lack of clinically applicable methods and further validations are required [171].

Effective MRI-based hemodynamic imaging would be highly beneficial for periodical moni-
toring, as ICAS is a progressive disease. The disease progression of patients who received best
medical treatment could be monitored to re-evaluate therapy decisions. After interventions,
the treatment efficacy could be tested and long-term treatment effects screened, as plaques
can regrow even after successful interventions [166, p. 22], especially when risk factors persist.

An important hemodynamic factor on the clinical manifestation in ICAS is the collateral
blood supply. Decreased local perfusion pressure, caused by the plaque, can induce strong
spatial variations of the perfusion territories [180]. Thereby, the typical vascular territories
described in Section 4.2 can be widely shifted [181]. The capability of those collateral blood
flow activations highly depends on the individual CoW configuration, with varying AComA
and PComA manifestations (see Section 4.2). Even though knowledge about perfusion
territory shifts could provide important information for treatment decisions, collateral flow is
currently not commonly clinically evaluated, due to methodological limitations. While the
anatomical CoW configuration can be imaged with CT or MRI, predictions of the actual
vascular territories remain extremely difficult [182, p. 22]. Currently, the only clinically
available imaging method to visualize vascular territories is digital subtraction angiography
(DSA) [166, pp. 21-29]. In this invasive technique, contrast agent is injected to the major
neck arteries with an arterial catheter from the femoral artery. X-ray projections are acquired
during contrast agent administration to the catheter. DSAs are rarely acquired in ICAS [166,
p. 22], as the procedure applies high effective ionizing radiation doses to the patient [183],
have complication risks, high costs and includes inpatient admission [184]. Thus, clinically
applicable non-invasive vascular perfusion territory mapping by MRI could provide relevant
information about the individual vascular situation to support treatment decisions [9].
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This thesis mainly relies on multi-parametric in-vivo MRI-data. The introduced state-of-
the-art hemodynamic imaging methods were applied in four prospective clinical studies, see
Table 5.1. First, a clinical study was acquired to compare 29 patients with asymptomatic,
unilateral and high-grade ICAS (see Chapter 4) to 30 age-matched healthy controls. Second,
both groups were partly re-scanned, ICAS patients after intervention by CEA or CAS (see
Section 4.4.2) and healthy controls with a similar time interval between both scans. The
extensive MR imaging protocol included DSC, T2 GraSE, T ∗2 GRE, pCASL, ss-ASL, BH-
fMRI, DTI, MP-RAGE and FLAIR imaging (see Chapter 3). Third, pCASL was acquired
in ten young healthy participants for comparisons with existing PET data, with additional
FLAIR and MP-RAGE imaging. Finally, another 10 young healthy participants were scanned
including DTI, T2 GraSE, T ∗2 GRE, MP-RAGE and FLAIR for age-related comparisons.

Cohort Number of participants N Related Publications

ICAS patients 29 JP-I, JP-III, JP-IV, J3, J4

Elderly healthy 30 JP-I, JP-II, JP-III, JP-IV, J3, J4

ICAS follow-up 16 C1, C2, C5, C11

Elderly follow-up 17 JP-IV

Young healthy I 10 J4

Young healthy II 10 JP-II, JP-IV

Table 5.1: Summary of in-vivo study participants. For each cohort, the number
of scanned participants, related publications and selected abstracts are noted.

The acquired multi-parametric in-vivo MR data relies on combined evaluations of several
hemodynamic and structural imaging methods. To evaluate this comprehensive imaging data,
a sophisticated fully-automated data processing pipeline was developed (see Figure 5.1), as
introduced in Section 5.1. Its specific applications to the embedded journal publications JP-I,
JP-II, JP-III and JP-IV as well as related publications J3 and J4 are described in Section 5.2.

5.1 Processing Pipeline

The image processing with in-house programs was implemented in Matlab 2016b (The
Mathworks, Inc., Natick, Massachusetts, USA) using SPM12 [139] and FSL [150]. It consisted
of three main steps, see Figure 5.1. First, data from the different MR imaging techniques was
separately processed with specific programs. The resulting parameter maps were calculated
in the individual subject’s space, as described in Section 5.1.1. Second, relevant resulting
parameter maps of each participant were copied to generate a uniform data base, as described
in Section 5.1.2. In this step, spatial coregistrations and MNI normalizations were applied.
Third, group level evaluations of the multi-parametric data were implemented based on the
unified data base structure, as described in Section 5.1.3.
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Data base management
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Figure 5.1: Data processing pipeline. (A) Based on the applied MRI sequences (light
blue boxes), hemodynamic (orange) and structural parameter maps (green)
were calculated with separate specific programs. (B) Those parameter
maps were used to generate a uniform data base following the standardized
brain imaging data structure (BIDS) structure. (C) Based on this data
base, multi-parametric evaluations were performed on group level. For each
journal publication, the evaluated parameters are summarized.

5.1.1 Parameter Map Calculations

In the first processing step, the MRI data of each sequence was processed with specific programs,
as illustrated in Figure 5.1A. For this thesis and the related publications, fully automated
pipelines were developed to process DSC (see Section 3.2.1), pCASL (see Section 3.2.2)
including ss-ASL (see Section 3.2.3), breathhold-fMRI (see Section 3.2.4), mq-BOLD (see
Section 3.3.1) and DTI (see Section 3.4.3) data. This also included typical pre-processing
tasks, such as motion correction. Furthermore, tissue segments were derived from MP-RAGE
(see Section 3.4.1) and lesions were segmented from FLAIR (see Section 3.4.2). The resulting
parameter maps of each MRI sequence were saved for every participants. However, parameter
maps of different sequences were saved in separate, independent, non-uniform folder structures.
In general, orientations and spatial resolutions of the parameter maps differed as a consequence
of individual MR-sequence settings. Moreover, the data was saved in the individual subject’s
space, depending on the respective field-of-view (FOV) planing during acquisition.

5.1.2 Data Base Management

In the second step, a uniform data base structure was automatically generated, as illustrated
in Figure 5.1B and described in the following. Namely, the processed data of the individual
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MRI methods (see Section 5.1.1) was scanned and relevant parameter maps copied during
data selection and retrieval. The copied data was structured in a new unified data base in
the clustering process. For example, acquisitions of different ASL sequences in the same
participant were detected and grouped accordingly within the data base. The structure
and naming of the new data base was set according to the standardized brain imaging data
structure (BIDS) [185]. Artefact related outlier information, based on previous readings of
experienced researchers in consensus, were automatically recognised and excluded from further
evaluations. Parameter maps resulting from different MRI techniques with varying orientations
and spatial resolutions were normalised to MNI-space during classification and generalization.
Furthermore, coregistrations were performed to different target spaces, depending on the
particular application. And to integrate newly acquired or re-processed imaging data to the
existing data base structure, an incremental update function was implemented.

5.1.3 Multi-Parametric Group Level Evaluations

In the third step, multi-parametric group level evaluations were performed based on the
unified data base structure (see Section 5.1.2), as illustrated in Figure 5.1C. Different kinds of
correlations between the parameters were investigated, which are described in Section 5.2.

5.2 Applications in Journal Publications

The specific applications of the data base for the embedded journal publications JP-I, JP-II,
JP-III and JP-IV are introduced in Sections 5.2.1, 5.2.2, 5.2.3 and 5.2.4 and for the related
publications J3 and J4 in Sections 5.2.5 and 5.2.6, respectively, as illustrated in Figure 5.1C.

5.2.1 Database Application in JP-I

Specifically, JP-I required analysis of DSC (see Section 3.2.1) and ss-ASL data (see Sec-
tion 3.2.3). Semi-automated segmentations were applied to TTP maps in the individual
subject space. For validation purposes, perfusion territories from ss-ASL were additionally
investigated and therefore coregistered to the DSC data. For comparisons on group level,
the segmented masks were normalised to MNI space. By averaging the segmented and
MNI-normalised masks, probability maps were calculated on group level.

5.2.2 Database Application in JP-II

Evaluations of JP-II required joint post-processing of DTI (see Section 3.4.3), MP-RAGE (see
Section 3.4.1) and mq-BOLD data (see Section 3.3.1). Orientation information of each WM
voxel was calculated from DTI and correlated with oxygenation information from mq-BOLD.
Based on DTI data, main fiber orientation vectors V were calculated (see Section 3.4.3).
To assess orientation effects between the main fiber orientation V and the main magnetic
field B, the rotation matrix depending on specific DTI FOV angulation was automatically
extracted for each subject from the image data header. Thereby, V was transformed from die
DTI FOV coordinate system to the scanner coordinate system. Furthermore, the Cartesian
coordinates of V were transformed to spherical coordinates for each voxel. Orientation effects
were only expected relative to B (see Section 2.1.6), described by the polar angle, and not in
the the plane perpendicular to B, described by the azimuthal angle. To specifically select
WM voxels, MP-RAGE was coregistered to DTI and segmented with subsequent thresholding
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to yield WM masks. Additionally, voxels with a preferential orientation were selected based
on thresholded FA maps from DTI. The mq-BOLD parameters T2, T

∗
2 , R′2 and rOEF were

coregistered to the DTI-data for each participant. For group-level evaluations, mq-BOLD
parameters were correlated with fiber orientations within the oriented WM voxels.

5.2.3 Database Application in JP-III

In JP-III, multi-parametric information of six hemodynamic biomarkers was evaluated and
the segmented masks from JP-I applied. Imaging data from pCASL (see Section 3.2.2),
breath-hold fMRI (see Section 3.2.4), mq-BOLD (see Section 3.3.1) and parametric DSC
modelling (see Section 3.2.1) were processed to calculate parameter maps of CBF, CVR,
rCBV, rOEF, OEC and CTH in the individual subject space. The parameter maps were
coregistered to the DSC data, each, for application of segmented masks based on TTP maps.
In group level evaluations, average parameter values inside and outside of the segmented masks
were separately calculated within GM and WM, based on segments from MP-RAGE (see
Section 3.4.1). Furthermore, parameter lateralization between the hemispheres was compared.

5.2.4 Database Application in JP-IV

In JP-IV, mq-BOLD implementations (see Section 3.3.1) with different T2 mapping sequences
were compared. The formerly applied 2D GraSE and two proposed 3D GraSE sequences (see
Section 2.3.4) with optimized timings were applied and quantitative T2 maps calculated. With
additionally acquired GRE as well as DSC data and based on the mq-BOLD model, maps of
R′2 and rOEF were calculated for each GraSE sequence, respectively. Parameter maps of each
participant were coregistered and compared for the different GraSE implementations, while
applying GM masks based on MP-RAGE (see Section 3.4.1). To compare the locations of focal
rOEF increases with perfusion territories, ss-ASL was applied (see Section 3.2.3). Furthermore,
multiple single-echo spin echo acquisitions with varying echo times (see Section 2.3.1) were used
as references in phantom scans to validate and compare the T2 maps from GraSE sequences.

5.2.5 Database Application in J3

In journal publication J3, the ICAS-related perfusion lateralization between hemispheres
was correlated with cognitive impairments. CBF maps were calculated from pCASL (see
Section 3.2.2), GM masks yielded from MP-RAGE (see Section 3.4.1) and lesions segmented
based on FLAIR images (see Section 3.4.2). The resulting parameter maps were MNI
normalized. On group level, CBF lateralization was correlated with hemispherical differences
of visual attention deficits, based on separately conducted sophisticated psychological testings.

5.2.6 Database Application in J4

In journal publication J4, the oxygen metabolism was investigated. CBF maps were calculated
from pCASL (see Section 3.2.2), rOEF maps by mq-BOLD (see Section 3.3.1) and GM masks
from MP-RAGE (see Section 3.4.1). All parameter maps were MNI normalized. For group level
evaluations, first, MRI-based CBF values were validated with available reference PET-based
perfusion data (see Section 3.1.2) in two comparable cohorts of young healthy participants.
Second, relative CMRO2 maps were calculated from CBF and rOEF (see equation 3.3) to
investigate ICAS-related inter-hemispheric flow-metabolism uncoupling (see Section 3.1.3).
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6 Compliance with Ethical Standards

All investigations performed in studies involving human participants were in accordance with
the ethical standards of the institutional and/or national research committee and with the
1964 Helsinki declaration and its later amendments or comparable ethical standards. Informed
consent was obtained from all individual participants included in the studies.
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7 Journal Publications

This chapter includes four journal publications in Sections 7.1, 7.2, 7.3 and 7.4. Each
publication is introduced, the respective copyright noted, the content summarised including a
list of the author contributions and the full texts are embedded.

7.1 Journal Publication I:
Increased variability of watershed areas in patients with
high-grade carotid stenosis

The publication entitled Increased variability of watershed areas in patients with high-grade
carotid stenosis was published in Neuroradiology (ISSN: 0028-3940) on 3 January 2018
[186]. The manuscript was authored by Stephan Kaczmarz, Vanessa Griese, Christine
Preibisch, Michael Kallmayer, Michael Helle, Isabel Wustrow, Esben Thade Petersen, Hans-
Henning Eckstein, Claus Zimmer, Christian Sorg, and Jens Goettler. It is available online
(DOI: 10.1007/s00234-017-1970-4) under Copyright © by Springer-Verlag GmbH Germany.
Preliminary results were also presented in the conference contribution C46, which was awarded
with an ISMRM Magna Cum Laude Merit Award and invited for oral presentation at the
ISMRM annual meeting 2017. A summary of the publication is provided in Section 7.1.1, the
author contributions are listed in Section 7.1.2 and the full text is included subsequently on
the following pages.

7.1.1 Abstract

Purpose

Carotid artery stenosis is a major public health issue and can cause severe hemodynamic
impairments. To increase the sensitivity to those impairments, detection of critically affected
brain regions is of high clinical interest. In that regard, it is known that watershed areas
(WSAs) of the brain are most susceptible to acute hypoperfusion due to their peripheral
location between vascular territories. Despite of their high relevance for both research and
clinical diagnostics, individual in vivo WSA definition is fairly limited to date. Thus, this
study proposes a standardized semi-automated segmentation approach to delineate individual
WSAs based on perfusion delay information from time-to-peak (TTP) maps and investigates
the spatial variability of individual WSAs in ICAS patients in comparison with age-matched
healthy controls.

Methods

MRI was performed on a clinical 3T scanner. We defined individual WSA (iWSA) masks
based on relative TTP increases in 30 healthy elderly controls and 28 patients with unilateral,
asymptomatic, high-grade carotid artery stenosis, being at risk for watershed area-related
hemodynamic impairment. Determined iWSA locations of the healthy control group were
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confirmed by an atlas from a published study based on time-encoded ASL [100]. For validation
of iWSA locations in ICAS patients, perfusion territories were imaged with ss-ASL. We
compared the spatial variability of iWSAs between groups and assessed TTP differences
between hemispheres in individual and group-average watershed locations.

Results

Patients showed significantly higher spatial variability of iWSA locations compared to healthy
controls. Perfusion on the side of the stenosis was significantly delayed within iWSAs. This
was independent from the grade of the stenosis and collateralization status of the circle of
Willis. Contrary, application of a group-average WSA atlas was not sensitive to those perfusion
impairments.

Conclusion

Our results demonstrate the feasibility of individual delineation of iWSA masks based on
TTP maps. We demonstrated the necessity of individual segmentation approaches to detect
critical regions of impaired hemodynamics in patients with hemodynamic compromise, due to
increased spatial variability of iWSA locations. Thus, individual WSA segmentation is highly
promising to improve the sensitivity to hemodynamic impairments in cerebrovascular diseases.
To probe this potential, future application to multi-parametric hemodynamic imaging is highly
recommended.

7.1.2 Author contributions

The first author adapted the magnetic resonance pulse sequence (proprietary hardware specific
libraries and software from Philips Medical Systems (Best, The Netherlands)), developed
and implemented the processing pipeline, processed the data, developed and implemented
the database to interpret the multi-parametric data using Matlab (Mathworks, Natick, MA);
With the help and consultation from the coauthors: the first author designed the experiment,
performed the experiments (MR measurements), segmented the data, interpreted the results,
and wrote the paper.
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Abstract
Purpose Watershed areas (WSAs) of the brain are most susceptible to acute hypoperfusion due to their peripheral
location between vascular territories. Additionally, chronic WSA-related vascular processes underlie cognitive decline
especially in patients with cerebral hemodynamic compromise. Despite of high relevance for both clinical diagnostics
and research, individual in vivo WSA definition is fairly limited to date. Thus, this study proposes a standardized
segmentation approach to delineate individual WSAs by use of time-to-peak (TTP) maps and investigates spatial
variability of individual WSAs.
Methods We defined individual watershed masks based on relative TTP increases in 30 healthy elderly persons and 28 patients
with unilateral, high-grade carotid stenosis, being at risk for watershed-related hemodynamic impairment. Determined WSA
location was confirmed by an arterial transit time atlas and individual super-selective arterial spin labeling. We compared spatial
variability of WSA probability maps between groups and assessed TTP differences between hemispheres in individual and
group-average watershed locations.
Results Patients showed significantly higher spatial variability of WSAs than healthy controls. Perfusion on the side of the
stenosis was delayed within individual watershed masks as compared to a watershed template derived from controls, being
independent from the grade of the stenosis and collateralization status of the circle of Willis.
Conclusion Results demonstrate feasibility of individual WSA delineation by TTP maps in healthy elderly and carotid stenosis
patients. Data indicate necessity of individual segmentation approaches especially in patients with hemodynamic compromise to
detect critical regions of impaired hemodynamics.
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Abbreviations
ATT Arterial transit time
CoW Circle of Willis
DSC Dynamic susceptibility contrast
ICA Internal carotid artery
ss-ASL Super-selective arterial spin labeling
TTP Time-to-peak
WSA Watershed area
WSAH Healthy controls’ mean watershed template

Introduction

Watershed areas (WSAs) of the brain are located along the
border zones between the territories of major cerebral arteries,
i.e., where most distal branches of these major arteries meet.
WSAs are relevant for both clinical diagnostics and research.
Specifically, WSAs are known to be most susceptible to
reduced perfusion pressure as in high-grade carotid stenosis
patients, accounting for approximately 10% of all ischemic
strokes [1, 2]. Furthermore, chronic watershed-related
vascular processes can lead to leukoaraiosis and silent
microinfarcts, which contribute to cognitive decline and
have shown to aggravate cognitive symptoms in
Alzheimer’s disease [3–5].

WSAs are located in the white matter along the ventricles
and slightly above between the penetrating branches and the
vascular territories of the anterior, middle, and posterior cere-
bral arteries (internal WSAs) and between the cortical terri-
tories of the major brain vessels (external WSAs) [1].
However, vascular territories and WSAs have variable spatial
locations even in healthy people [6]. This variability might be
even more pronounced under conditions of hemodynamic
compromise as in patients with carotid steno-occlusive
disease due to collateral flow and a resulting shift of perfusion
territories [7–9].

Despite their high relevance for both clinical diagnostics
and research, individual definition ofWSAs remains challeng-
ing. Proposed in vivo methods are selective catheter angiog-
raphy and arterial spin labeling (ASL)-based vascular territory
mapping, such as super-selective arterial spin labeling (ss-
ASL) that depict the downstream vascular territories bymeans
of contrast agents and magnetically labeled blood, respective-
ly [10, 11]. Another approach to identify WSAs takes advan-
tage of delayed perfusion in WSAs due to their peripheral
location at the edge of vascular territories. Based on this ap-
proach, ASL methods have shown to be able to delineate
WSAs by measuring the increased arterial transit time (ATT)
[12–14]. ASL is a non-invasive technique and does not re-
quire the application of contrast agent. However, it has a rel-
atively low signal-to-noise ratio and does not yield reliable
perfusion signal in deep white matter, where most of the vol-
ume of internal WSAs is located [15]. Furthermore, this

technique is highly susceptible to magnetic field inhomogene-
ities as for example caused by metal artifacts near the labeling
plane at the neck resulting in a limited labeling efficiency in
patients, e.g., after carotid stenting [16].

The current pilot study takes effort to overcome these lim-
itations by suggesting a well-defined delineation of individual
WSAs by an experienced operator using dynamic susceptibil-
ity contrast (DSC) based time-to-peak (TTP) maps [17],
which can be calculated reliably and are very sensitive to
perfusion delays in gray and white matter. They are therefore
widely used for detection of cerebral malperfusion in acute
stroke [18].

Here, we investigate the feasibility of a TTP-based WSA
definition approach in healthy elderly and patients with uni-
lateral, high-grade carotid artery stenosis, who are at high risk
for WSA-related hemodynamic impairment. Location of de-
termined WSAs was compared to an ASL-based ATT map
from a previous study in 284 healthy young subjects, which
can be regarded as a reasonableWSA reference atlas [14], and
to individual vascular territory maps obtained by ss-ASL in
patients [19]. Furthermore, we explored spatial variability of
WSA location in both groups and analyzed TTP differences
between hemispheres within individual WSAs and a standard
watershed template to investigate the benefit of individual
WSA definition.

Material and methods

Participants

Thirty healthy elderly (17 females, mean age 70.3 ± 4.8 years)
and 28 patients (9 females, mean age 70.5 ± 7.1 years) with an
asymptomatic, one-sided high-grade extracranial carotid ar-
tery stenosis (confirmed by duplex ultrasonography; all >
70% according to the NASCET criteria [20]) participated in
this prospective study (Table 1). Patients were enrolled con-
secutively in the outpatient clinic for carotid stenoses of the
Department of Vascular and Endovascular Surgery and
Angiology of the Klinikum rechts der Isar, Technische
Universität München, healthy participants by word-of-mouth
advertisement from May 2015 until May 2017. Examination
of every participant included medical history, basic neurolog-
ical examination, and MRI. The study was approved by the
medical ethical board of the Klinikum rechts der Isar, in line
with Human Research Committee guidelines of Technische
Universität München. All participants provided informed con-
sent in accordance with the standard protocol approvals.
Exclusion criteria for entry into the study were any neurolog-
ical, psychiatric, or systemic diseases, clinically remarkable
structural MRI (e.g., territorial stroke lesions, bleedings, or a
history of brain surgery), visual impairments, severe chronic
kidney disease, and MR contraindications.
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Imaging data acquisition

Scanning was performed on a clinical 3-T Philips Ingenia MR-
Scanner (Philips Healthcare, Best, The Netherlands) using a 16-
channel head/neck-receive-coil. All participants underwentDSC
and magnetization prepared rapid gradient echo (MP-RAGE)
imaging. Furthermore, DWI and FLAIR sequences were con-
ductedasascreeningfor ischemicbrain lesionsandtogradewhite
matterhyperintensitiesbytheFazekasclassification[21].Noneof
the participants had subacute or older territorial infarct lesions.
Additionally, a contrast-enhanced angiography of the neck and
theaortic archvesselswasperformed.Noneof thehealthyelderly
showed relevant stenoses of the brain supplying arteries accord-
ing to MRA. Additionally, five randomly chosen patients
underwent an ss-ASL sequencewith selective labeling of the left
and right internal carotid artery (ICA).

The MR imaging parameters were as follows:

DSC data was obtained during a bolus injection of a
weight-adjusted Gd-DOTA bolus (concentration,
0.5 mmol/ml; dose, 0.1 mmol/kg, at least 7.5 mmol per
subject; flow rate, 4ml/s; injection, 7.5 s after DSC imaging

started) using single-shot GE-EPI, TR = 1513 ms, TE =
30 ms, α = 60°, 80 repetitions, FOV 224 × 224 ×
100 mm3, voxel size 2 × 2 × 3.5 mm3, and 26 slices

MP-RAGE: TI = 1000 ms, TR = 2300 ms, TE = 4 ms,
α = 9°; 170 slices covering the whole brain; FOV
240 × 240 × 170 mm3; voxel size 1.0 × 1.0 × 1.0 mm3

ss-ASL according to [10]: Planning of left and right ICA-
labeling in the carotid stenosis patients was based on TOF
angiography. ss-ASL with segmented 3D-GraSE readout,
TR = 4403 ms, TE = 7.4 ms, α = 90°, FOV 220 × 220 ×
104 mm3, voxel size 2.7 × 2.7 × 6 mm3, label duration
1800ms,post-labeldelay2000ms,backgroundsuppression,
1pairof labelandcontrol images(parametersaccordingtothe
recommendationsof theISMRMperfusionstudygroup[22])

Data preprocessing

All processing procedures used MATLAB R2014a
(MathWorks, Natick, MA, USA), Vinci (MPI for Neurological

Table 1 Clinical characteristics
Patients (n = 28) Controls (n = 30) p value

Age (years) 70.5 ± 7.1 70.3 ± 4.8 0.901

Female sex (no.) (%) 9 (32) 17 (57) 0.110

Stenotic degree (% NASCET criteria) 81.3 ± 10.3 –

No. right-/left-sided stenosis 17/8 –

No. right-/left-sided occlusions 1/2 –

Anatomy of the circle of Willis

Good collateralization (no.) (%) 17 (61) 18 (60) 0.956

Poor collateralization (no.) (%) 11 (39) 12 (40)

Fazekas score of WMH (0–3°) 1.4 ± 0.9 1.0 ± 0.9 0.102

Smoking (no.) (%) 14 (50) 10 (33) 0.198

Mean pack-years in smokers 34.9 ± 21.9 21.1 ± 16.1 0.105

Hypertension (no.) (%) 22 (79)* 16 (53)* 0.043

Mean BP (mmHg, systolic/diastolic) 154 ± 23*/86 ± 10 140 ± 20*/84 ± 7 0.018/0.370

Body mass index 26.3 ± 4.8 26.6 ± 4.2 0.170

Diabetes (no.) (%) 8 (29)* 2 (7)* 0.027

Medication (no. of patients) (%)

Antiplatelets 24 (86)* 6 (20)* < 0.001

Statins 17 (61)* 7 (23)* 0.002

Antihypertensives 18 (64)* 12(40)* 0.034

CHD/PAOD (no.) (%) 16 (57)* 8 (27)* < 0.001

MMSE 27.7 ± 2.8 28.6 ± 1.4 0.170

TMT-A (s) 50.9 ± 23.9 46.7 ± 29.7 0.699

Two-sample t test for age, Fazekas score, BP, body mass index, MMSE, and TMT-A. Chi-squared test for
remaining group comparisons

BP blood pressure, WMH white matter hyperintensities, CHD coronary heart disease, PAOD peripheral artery
occlusive disease, MMSEMini-Mental State Examination, TMT-ATrail making test-A

*p ≤ 0.05, significant group differences
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Research, Cologne, Germany), and SPM12 (Wellcome Trust
Centre for Neuroimaging, UCL, London, UK).

TTP maps

DSC data was processed by a MATLAB-based software de-
veloped at our institution as described previously [23].
Accordingly, DSC data was filtered using a 3D Gaussian spa-
tiotemporal filter-kernel of 3-mm Full Width at Half
Maximum (FWHM) with time as the third dimension. Using
SPM12 with default parameters, slice-timing correction was
performed to account for temporal acquisition delays between
neighboring slices due to interleaved slice acquisition order.
The global bolus arrival time was automatically determined
from the average signal of all brain voxels. TTP was then
calculated as the interval between global bolus arrival time
and each voxel’s peak signal loss. Individual MP-RAGE im-
ages were spatially co-registered to the DSC data. TTP maps
were smoothed using an isotropic Gaussian kernel of 6-mm
FWHM.

ss-ASL maps

Perfusion-weighted images of the left and right ICA-territory
were calculated by custom MATLAB programs using
SPM12. Label and control images were motion corrected,
averaged, subtracted, and normalized by a PDw image follow-
ing [22]. Resulting images were smoothed with an isotropic
Gaussian kernel of 6-mm FWHM.

Data analysis

Definition of individual watershed areas

An overview of applied imaging sequences and the processing
pipeline is given in Fig. 1. Each participant’s TTP map was
thresholded at the 90th percentile of the whole brain histogram
using the contour and threshold tool of Vinci (Fig. 2, column
2) resulting in a raw watershed mask. This initial watershed
mask was further manually modified according to the follow-
ing segmentation guideline: (1) exclusion of brain regions
outside the frontal lobe, occipital lobe, parietal lobe, and the
temporo-parietal junction from the watershed area segmenta-
tion procedure to avoid influence of susceptibility artifacts in
the DSC sequence; (2) adjust watershed masks to achieve a
similar volume for each side (width: approx. 1 cm); (3) ante-
rior circulation: in subjects with asymmetrically increased
TTP in the anterior circulation, application of different TTP
windows for each hemisphere to obtain an appropriate con-
trast for all watershed and non-watershed regions (Fig. 3),
anterior watershed areas: connecting peak TTP values in the
anterior frontal cortex and adjacent white matter along the
ventricles and slightly above with the initial mask (Fig. 2,

arrow 1), application of different TTP windows to identify
local TTP increases if necessary; (4) removal of regions from
the initial mask that overlap with the dural venous sinuses or
superficial/deep veins (Fig. 2, arrow 2); (5) removal of areas
with increased TTP values in the ventricular system (Fig. 2,
arrow 3); and (6) posterior watershed regions: adjustment of
TTP windows to generally increased TTP in posterior circu-
lation to be able to identify TTP increases in typical watershed
areas, i.e., between the posterior parts of the lateral ventricles
to the occipital cortex and temporo-parietal junction. Removal
of segmented areas from the initial watershed mask that do not
overlap with peak TTP increases in the posterior circulation
(Fig. 2, arrow 4).

Inter-rater reliability study

This procedure was conducted by two operators (J.G. and
S.K., both with 3 years of experience in cerebrovascular re-
search;WSAs of J.G. were used for all further analyses). Inter-
rater reliability was assessed according to [24]. The consisten-
cy of WSAvolumes between the two operators was measured
by the intra-class correlation coefficient (ICC) using SPSS
(SPSS Inc., Chicago, IL, version 24.0). The ICC variant that
measured absolute agreement under a two-way random anal-
ysis of variance model was used. Spatial overlap of the corre-
sponding watershed masks was calculated by the Jaccard in-
dex (JI A;Bð Þ ¼ A∩B

A∪B, with A and B being the watershed masks
segmented by operators 1 and 2, respectively) using
MATLAB. The JI reaches from 0 (no overlap) to 1 (complete
congruence).

Probability masks of watershed areas

All individual masks were normalized to Montreal
Neurological Institute (MNI) space using SPM12. Voxel-
wise probability as well as standard deviation maps were cal-
culated for each group. Probability maps represent each
voxel’s probability to be defined as a WSA across subjects
and standard deviationmaps depict their inter-subject variabil-
ity. The spatially normalized probability map of controls was
thresholded at 0.75 to generate a standard WSA template
(WSAH). The threshold was adjusted to match the WSAH

volume to the average volume of the controls’ individual
WSAs in MNI space (iWSAMNI). The average volume of
healthy controls’ iWSAMNI was 11,422 voxels. By applying
a threshold of 0.75 to the probability map, resulting WSAH

yielded a total of 11,779 voxels.
TTP differences (ΔTTP) between the unaffected vs.

the affected hemisphere in patients and the left vs. right
hemisphere in controls, respectively, were calculated within
WSAH and the individually defined WSAs in each subject in
native space.
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Validation of WSA location

To evaluate whether determined WSAs of healthy con-
trols were reasonably located and in line with ASL-
derived WSA definition methods, we compared our
TTP-based watershed regions with the mean ATT tem-
plate of the QUASAR reproducibility study by Petersen
et al., which was created from 284 healthy volunteers
(mean age 33.7 ± 8.9 years; 120 females) [14]. We seg-
mented WSAs in the ATT atlas according to our proposed
method applying the 90th percentile followed by manual
modification according to the mentioned guideline
(Fig. 4). The mean TTP map of healthy controls was
thresholded at the 90th percentile. We spatially compared
resulting watershed masks by the JI.

Furthermore, we investigated whether individual
WSAs of patients were located within border zones as
indicated by ss-ASL, i.e., where two different vascular
territories meet [25]. Due to restricted availability, ss-
ASL could only be conducted in five randomly chosen
patients. To verify that individual WSAs defined by TTP
were correctly located in those patients, we spatially

compared them with the segmented border zones based
on ss-ASL. Segmentation of border zones based on ss-
ASL was conducted by J.G. using Vinci in five meeting
left and right ICA territories and seven meeting ICA and
posterior circulation territories (in three cases, the ICA
supplied the complete posterior supratentorial hemi-
sphere), resulting in 12 watershed masks (Fig. 5). To test
for spatial similarity of those twelve ss-ASL-derived bor-
der zones and corresponding TTP-based WSAs, we cal-
culated the JI.

Evaluation of the collateralization of the circle of Willis
and Fazekas score

Collateralization status was rated according to the anatomy of
the circle of Willis (CoW) by J.G. and V.G. in consensus.
Good collateral flow was defined as a complete CoW, i.e.,
patent anterior communicating artery and both posterior com-
municating arteries. Poor collateral flow was defined as an
incomplete CoW, i.e., at least one atretic anterior or posterior
communicating artery. The same raters also evaluated white

Fig. 1 Overview of imaging sequences and processing pipeline.
Acquired sequences are shown in the top row (black). Structural
imaging comprised MP-RAGE, FLAIR, DWI, and contrast-enhanced
angiography of the head and neck. Processing steps are noted next to
the arrows indicating the workflow. The light-blue background
indicates processing steps, which are performed on a single-subject
level. DSC-derived TTP maps were segmented in two steps for each
participant. A threshold was automatically applied at the 90th percentile
of the TTP maps and followed by a manual modification, resulting in
individual watershed masks (TTP-based iWSA). Those individual masks
were separately normalized to MNI space (iWSAMNI) for patients

(orange) and healthy controls (green). On the group level, WSA proba-
bility maps were calculated for both groups. A group-average WSAwas
generated for healthy controls (WSAH). In five randomly chosen patients,
ss-ASL was additionally acquired and co-registered to DSC. WSAs were
manually segmented along the border zones between vascular territories
(ss-ASL-based iWSA) and compared with corresponding TTP-based
WSAs. Furthermore, we analyzed the mean of ATT maps acquired by
PASL in 284 healthy controls from another study [14]. Based on this
mean ATT map, we segmented a watershed mask (WSAATT) according
to our proposed watershed segmentation procedure and spatially com-
pared it to the mean TTP-based watershed mask of our healthy controls
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matter hyperintensity load by the Fazekas score using FLAIR
imaging in each subject [21].

Statistics

Subject characteristics were compared between groups by
two-sample t tests and chi-squared tests where applicable.
Two-sample t tests were applied to compare TTP values in
individual WSA and WSAH between patients and controls
and in individual WSAs between patients with good/poor
collateralization and male/female patients. Grade of the steno-
sis and age were associated with TTP values in individual
WSAs by Pearson correlation. A p value ≤ 0.05 was consid-
ered statistically significant. SPSS was used for statistical
analyses.

Results

TTP maps in healthy subjects could be reliably segmented in
fronto-parieto-occipital regions resulting in individual WSAs.
All individual TTP-basedwatershedmasks of healthy subjects
are depicted in the Online Resource 1.

To test inter-rater reliability of the WSA segmentation ap-
proach in two operators, we compared the consistency of the
absolute WSAvolume (estimated by the ICC) and the overlap
of watershed masks (calculated by the JI). The overall ICC of
segmentedWSAvolumes was 0.86. ICC was slightly lower in
patients (ICC = 0.82) compared to the controls (ICC = 0.89).
The overall mean JI was 0.75 ± 0.11, again marginally lower
in patients (JI = 0.71 ± 0.13) as compared to controls (JI =
0.78 ± 0.07). These results demonstrate good inter-rater agree-
ment and support the reliability of the proposed WSA seg-
mentation approach.

We compared the spatial congruency of WSAs based on
our TTP-based approach and the mean ATT template of the
QUASAR study (Fig. 4) [14]. Overlapping WSA maps
yielded a JI of 0.44, suggesting a similar spatial extent and
reasonable overlap of WSAs derived by both definition
methods.

Twenty-two out of 28 patients (approx. 79%) exhibited
large brain areas of asymmetrically increased TTP values
distal to the stenosis (Fig. 3). Of those, a larger portion of
the affected hemisphere lay within the initial 90th percentile
mask, resulting in a considerable asymmetry between
hemispheres (Fig. 3). However, WSAs could still be defined

Fig. 2 Procedure scheme of watershed area segmentation by TTP maps
in healthy elderly. Column 1: TTP-map overlaid on a MP-RAGE image
of a healthy participant. High TTP is depicted in red, low TTP in blue
(colorbar). Columns 2 and 3: Contouring of the 90th percentile of the
whole brain histogram (white line) and masking of all voxels above this
threshold (red). Column 4: Manual modification of the initial mask in
order to include external/cortical watershed zones (arrows 1) and to

exclude venous blood sinuses/vessels (arrow 2) as well as the ventricular
system and choroid plexus (arrow 3). Note that the posterior
circulation exhibits generally increased TTP values, resulting in large
segmented areas in initial watershed mask (arrow 4). Therefore,
segmented areas of the initial watershed mask that do not overlap with
peak TTP increases in the posterior circulation have to be removed
manually
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along peak TTP values of the affected and unaffected hemi-
spheres, respectively, by using different TTP windows (Fig. 3,
columns 1 and 2).

Furthermore, we spatially compared individual WSAs
defined by TTP with the segmented border zones based
on ss-ASL in five patients. Mean JI was 0.64 ± 0.05
across all five patients (Fig. 5), suggesting that TTP-
based and ss-ASL-based watershed masks show good spa-
tial correspondence. The mean JI was 0.67 ± 0.04 for the
anterior WSAs and 0.62 ± 0.05 for the posterior WSA
(two-sample t test: p = 0.104), indicating that accuracy
of WSA definition did not significantly differ between
anterior and posterior watershed regions.

To estimate spatial variability of WSAs in both groups,
we compared their respective maps of spatial probability
and standard deviation (Fig. 6). In patients, WSAs
showed higher spatial variability as indicated by lower
probability values and higher standard deviation values
as compared to controls (Fig. 6).

To further support the benefit of individualized segmenta-
tion of WSAs, we compared TTP values of the affected and
unaffected hemispheres in individual watershedmasks and the
healthy controls’ standard template WSAH. In both groups,

variances of ΔTTP values were lower in individual WSAs as
compared to WSAH (Fig. 7). Patients showed significantly
increased TTP values in the hemisphere ipsilateral to the ste-
nosis only in individual watershed masks (mean ΔTTP =
0.50 s, one-sample t test: p < 0.001) being significantly differ-
ent from ΔTTP within WSAH (two-sample t test: p = 0.010;
Fig. 7). Mean ΔTTP of controls did not differ between indi-
vidual WSAs and WSAH.

White matter hyperintensity burden estimated by the
Fazekas score did not differ significantly between
groups (Table 1). Grade of the stenosis (r = 0.275,
p = 0.166) and collateralization status of the CoW
(good/poor collateralization: n = 17/11; two-sample t test:
p = 0.455) were not significantly associated with ΔTTP values
in individual WSAs in patients. Furthermore, no effects on
ΔTTP in patients’ individual WSAs were observed for age
(r = 0.016, p = 0.937) and sex (two-sample t test: p = 0.255).

Discussion

The aim of this study was to investigate the TTP-based indi-
vidual WSA delineation and variability in healthy controls

Fig. 3 Watershed area definition by TTP maps in a patient with high-
grade carotid stenosis. Columns 1 and 2: TTP-map with 90th percentile
segmentation (white line) projected onto a MP-RAGE image of a patient
with right-sided carotid stenosis at different TTP windows. This was done

to visualize relative TTP increases within the large right-sided 90th
percentile in order to segment WSAs. High TTP is depicted in red, low
TTP in blue (respective colorbar). Column 3: Additional overlay of
resulting watershed mask (red) after manual correction
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and patients with high-grade carotid stenosis. WSA segmen-
tation based on the proposed guideline was feasible and
showed good inter-rater agreement. In controls, correct local-
ization of internal and external WSAs was confirmed by com-
parison with an ATT template of a previously published study
[14]. In patients, WSA delineation needed more manual mod-
ification of the initial mask as compared to healthy controls.
Resulting watershed masks were correctly located as con-
firmed by ss-ASL in a subgroup and showed higher spatial
variability. TTP increases ipsilateral to the stenosis were spe-
cific for individual watershed masks (in contrast to the aver-
aged watershed mask of controls) and independent from the
grade of the stenosis, collateralization status of the CoW, age,
and sex. Taken together, these results indicate that our WSA
segmentation approach based on TTP maps facilitates reliable

mapping of variable WSAs in healthy elderly and hemody-
namically compromised patients.

Based on the assumption that perfusion is slightly delayed
in WSAs, we segmented individual WSAs along relatively
increased TTP values in healthy elderly. We chose TTP
instead of mean transit time (MTT) maps due to a higher
contrast between WSA and non-WSA areas. Moreover,
this simple measure is less sensitive to noise-compared to
MTT which is derived via singular value decomposition.
To validate our TTP-based approach, we compared con-
trols’ mean WSAs to the mean WSAs from an ASL-
based mean ATT map from a previous publication
(Fig. 4) [14]. WSAs based on both methods had a similar
spatial extent and location (JI = 0.44), even though the sub-
jects in the study of Petersen et al. were much younger

Fig. 4 Comparison of TTP-based watershed masks and ASL-derived
ATT maps in healthy participants. Comparison of probability maps of
individual TTP-based watershed masks of healthy controls (left) and a
mean ATT map of a publication by Petersen et al. [14] created from 284
healthy young subjects (right). High voxelwise probability of watershed
masks location/mean ATT is depicted in red, low probability/ATT in blue

(left/right colorbar). Watershed masks derived from TTP (red) and ATT
(blue) were segmented according to our proposed procedure and
overlapped (middle). Note spatial similarity of watershed masks of both
modalities in most corresponding brain regions yielding a Jaccard index
of 0.44. All normalized maps are projected onto a T1-weighted image in
MNI space
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(mean age 33.7 years as compared to 70.3 years in our
cohort). This finding demonstrates that the ATT- and
TTP-based approach yield similar WSAs in a larger group
of healthy subjects. However, as current ASL techniques
are known to exhibit a lower signal-to-noise ratio especial-
ly in white matter as compared to DSC, we hypothesize
that watershed definition based on TTP maps from DSC
should be more reliable in the individual subject.
Therefore, our proposed procedure is a fair alternative to
ATT maps derived by ASL with multiple post-label delays
or time encoded ASL approaches. DSC is widely used in

clinical practice due to its robustness and ease of applica-
tion. As opposed to ASL, it also enables reliable measures
in deep white matter being crucial especially for the delin-
eation of internal WSAs. A disadvantage of DSC is the
administration of gadolinium-based contrast agent, which
has been shown to deposit in the brain tissue after serial use
even in subjects with normal renal function [26]. However,
this is not the case when using macrocyclic agents as in our
study [27, 28]. Therefore, we are confident that DSC-based
WSA definition is well justifiable in hemodynamically im-
paired patients.

Fig. 5 Spatial correspondence of TTP-based watershed masks and ss-
ASL-derived border zones in a patient. Left column: ss-ASL maps of
labeled left and right internal carotid artery (LICA territory in blue and
RICA territory in green) in a patient with right-sided carotid artery
stenosis. Here, the LICA supplies parts of the anterior cerebral artery
territory on the right side resulting in a cleft between the perfusion
signal of the LICA and RICA, most likely coinciding with the anterior
WSA. The posterior circulation was not labeled. Maps are projected onto
an individual MP-RAGE image in native space. Middle and right

column: Manual segmentation of the anterior WSAs (i.e., between the
left and right anterior circulation) and posterior WSAs (i.e., between the
right anterior and posterior circulation) based on ss-ASL maps and TTP
maps. BothWSAs (red) are overlaid onto the perfusion territories (middle
column: ss-ASL-based; right column: TTP-based). Note good
correspondence of watershed masks derived from two different
modalities along the border zones between the LICA and RICA
territory (Jaccard index in this patient: JI = 0.63) as well as between the
RICA territory and posterior circulation (JI = 0.60)
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WSA definition in patients with carotid stenosis was more
challenging as 79% of them exhibited an asymmetric TTP
increase in the hemisphere ipsilateral to the stenosis. To not
include large parts of the ipsilateral hemisphere, which most
likely do not coincide with WSAs, we focused on peak TTP
increases being pronounced in core regions of WSAs and
adjusted the initial masks accordingly. This procedure resulted
in rather slim watershed masks of similar volume on each side
(Fig. 3). As no comparable watershed atlases in hemodynam-
ically compromised patients exist in the literature to date, we
confirmed patients’ watershed mask localizations by individ-
ual mapping of vascular territories using ss-ASL in a sub-
group. In those, TTP-based watershed masks and border
zones of two adjacent vascular territories defined by ss-ASL
showed high spatial congruencywith a mean JI of 0.64 ± 0.05.
This supports reliability of our approach also in patients with
hemodynamic compromise. However, vascular territory map-
ping approaches can only delineate WSAs that lie between
different labeled territories. As labeling of the intracranial ves-
sels is challenging, WSAs between the anterior and middle
cerebral artery cannot be defined reliably (as, e.g., in the an-
terior left hemisphere in Fig. 5). Furthermore, if the ICA sup-
plies the whole hemisphere, e.g., via a fetal posterior
communicating artery, it is also not possible to delineate
the posterior watershed region on this side (as in the pos-
terior left hemisphere in Fig. 5). Therefore, perfusion
delay-based WSA methods, such as TTP maps, might
serve as more reliable tools for individual WSA definition
as compared to vascular territory mapping approaches.

Our analysis revealed a higher spatial variability of WSAs in
patients compared to age-matched healthy controls, supporting
the need of individualWSA segmentation in hemodynamic com-
promise (Fig. 6). Variance of TTP differences between hemi-
spheres was lower in individual WSAs as compared to the nor-
malized standard watershed template of controls in both groups.
Moreover, only in patients’ individual watershed masks, TTP
increases have been observed ipsilaterally to the stenosis when
compared to the standard watershed template of controls indicat-
ing higher accuracy of individual WSA definition (Fig. 7). The
grade of the stenosis and collateralization status of the CoWwere
not associated with increased lateralization of TTP values, im-
plying that the anatomy of the stenosis and the CoW do not
further contribute to hemodynamic compromise in these patients.
Furthermore, we did not observe a relevant shift of the WSAs
ipsilateral to the stenosis as a function of the anatomy of the
CoW, e.g., we did not find an anterior shift of the posterior
WSA in patients with a patent P1-segment and atretic PcomA
on the side of the stenosis. Accordingly, it has been shown that a
shift of vascular territories and recruitment of collateral flow in
case of tight carotid stenosis or occlusion was not predictable by
the anatomy of the CoW [25, 29]. These studies and our own
data indicate that the individual segmentation ofWSAs is crucial,
especially in patients with stenoses of the brain supplying arter-
ies, since their vascular supply situation does not really match
standard WSA templates.

Localizing WSAs in hemodynamically compromised pa-
tients is especially important, since most severe hemodynamic
changes, such as increased oxygen extraction fraction and

Fig. 6 Increased variability of
watershed areas in patients. Left:
Probability maps of normalized
individual TTP-based watershed
masks across subjects of each
group (see colorbar). Spatial
patterns of the mean masks are
similar for both groups, whereas
controls show higher probability
of watershed masks being located
in core watershed regions. Right:
Maps depict the standard
deviation of normalized
individual watershed masks
across subjects of each group.
Both groups show a wide spatial
extent of individual masks with a
higher variability in patients. Note
that standard deviation is
decreased in core watershed
regions only in healthy controls.
All maps are projected onto a
normalized single-subject T1-
weightedMP-RAGE image in the
MNI space
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reduced cerebrovascular reactivity, occur in those regions [30,
31]. These hemodynamic alterations have been shown to be
associatedwith increased stroke risk [32, 33]. This particularly
applies to internal WSAs, where infarcts of hemodynamic as
well as microembolic origin occur, whereas infarcts in exter-
nalWSAs are rather solely embolic in carotid stenosis patients
[34]. Therefore, using individually defined internal WSAs as
volume-of-interests for assessing abovementioned hemody-
namic variables could be expected to increase the predictive
accuracy for stroke risk as compared to whole brain
averaging.

Moreover, there are hints that chronic hypoperfusion and
hypoxia within WSAs may also have harmful effects on brain
tissue in elderly people. Confluent as compared to punctate
leukoaraiosis is associated with cerebral hypoperfusion [35]
and is more likely to occur in WSAs [3]. Confluent white
matter lesions are linked with cognitive symptoms as reduced
mental processing speed and memory performance [36, 37].
Furthermore, not only white matter hyperintensities but also
microinfarcts within WSAs have been shown to contribute to
dementia symptoms in AD patients [4, 5]. Therefore, reliable
WSA segmentation—as proposed here—is warranted to
further explore WSA-related vascular processes and their
cognitive implications as well as to ultimately identify
and treat harmful perfusion states leading to progressive
cognitive decline.

The following limitations apply to this study: First, our
comparison of TTP-based WSAs with ss-ASL in five patients
shows promising spatial correspondence; however, due to the
relatively low number of 12WSAs compared in this sample, it
is certainly difficult to draw conclusions for the whole study
cohort. Therefore, further validation studies comparing the
TTP-based to ss-ASL and ASL-based ATT approaches in
the same subjects are needed to confirm the reliability of our
procedure. Second, our injection rate of 4 ml/s lay within
recommended limits for DSC imaging. A slightly higher
rate may have further improved bolus reliability, ideally in
combination with an increased temporal sampling rate.
Third, we did not define WSAs in the temporal lobe as
segmentation in this brain region is often hindered by
susceptibility artifacts. Fourth, cardiovascular risk factors,
such as diabetes and hypertension, have been shown to
affect cerebral hemodynamics [38–40]. These factors
were more common in the patient group as compared to
the controls (Table 1). Although no study has linked these
factors with a shift ofWSAs so far, we cannot exclude that they
are independent confounding factors that increase variability of
theWSAs via impaired hemodynamics. Therefore, it would be
important to compare variability of WSAs in people with
present cardiovascular risk factors to a healthy control co-
hort in a future study. Lastly, the proposed WSA segmen-
tation approach is clearly operator dependent. However,

Fig. 7 TTP increases only within individually defined WSAs of patients.
Comparison of TTP differences (ΔTTP) between the left vs. right
hemisphere in healthy controls and the unaffected vs. affected
hemispheres for patients, respectively, within individual watershed
masks (iWSA) and controls’ mean watershed template (WSAH).
Variance of ΔTTP was generally increased within WSAH compared to
iWSA (patients, 1.32 s vs. 0.15 s; controls, 0.85 s vs. 0.05 s; indicated by
the range of boxplots). No differences of ΔTTP have been found between
healthy controls’ WSAH and iWSA (two-sample t test: p = 0.938).

However, patients exhibit a significant lateralization with prolonged
TTP ipsilaterally to the stenosis only in the iWSA (two-sample t test:
p = 0.010). Results suggest that individual watershed segmentation is
necessary to account for individual spatial variability of WSAs and to
detect a lateralization of perfusion delay especially in patients with
hemodynamic compromise. The boxes contain all values between the
first and third quartile, the line inside marks the median, and the
whiskers reach from minimum to maximum not including outliers.
Asterisk indicates significant p ≤ 0.05
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inter-operator reliability of WSAvolume and WSA overlap
was reasonable. As WSAs do not exhibit circumscribed
borders, our approach can be expected to embody a fair
estimation of WSAs’ locations.

Conclusions

This is the first study systematically evaluating variability
of TTP-based watershed masks in patients with high-
grade carotid artery stenosis and healthy controls. WSA
segmentation was reliably feasible in both groups and
showed high inter-operator reliability. Patients exhibited
increased spatial variability of WSAs compared to con-
trols. Furthermore, TTP increases on the side of the ste-
nosis were only detectable within individual watershed
masks as compared to an averaged watershed template
obtained from controls. These TTP increases were inde-
pendent from the degree of the stenosis and the individual
collateralization of the CoW. Results indicate that individ-
ual WSA segmentation is necessary to detect critical re-
gions of impaired WSA-related vascular processes espe-
cially in cerebrovascular disease.
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7 Journal Publications

7.2 Journal Publication II:
Characterizing white matter fiber orientation effects on
multi-parametric quantitative BOLD assessment of oxygen
extraction fraction

The publication entitled Characterizing white matter fiber orientation effects on multi-
parametric quantitative BOLD assessment of oxygen extraction fraction was published in the
Journal of Cerebral Blood Flow and Metabolism (JCBFM, ISSN: 1559-7016) electronically
on 5 April 2019 [187]. The manuscript was authored by Stephan Kaczmarz, Jens Goet-
tler, Claus Zimmer, Fahmeed Hyder and Christine Preibisch. It is available online (DOI:
10.1177/0271678X19839502) under Copyright © by the Authors. Preliminary results were
also presented in conference contributions C9 and C14, awarded with the ISMRM Magna Cum
Laude Merit Award and ISCBFM Early Career Investigator Travel Award as well as invited
for oral presentation at the ISMRM annual meeting 2018. A summary of the publication is
provided in Section 7.2.1, the author contributions are listed in Section 7.2.2 and the full text
is included subsequently on the following pages.

7.2.1 Abstract

Purpose

Relative oxygen extraction fraction (rOEF) is a fundamental indicator of cerebral hemodynamic
function. The MRI-based multi-parametric quantitative blood oxygenation level dependent
(mq-BOLD) technique facilitates rOEF mapping based on three separate acquisitions of
the transverse relaxation times T2 and T ∗2 as well as the relative cerebral blood volume
(rCBV) based on dynamic susceptibility contrast (DSC) imaging. While the underlying model
assumptions of randomly oriented structures are reasonable in GM, known anisotropy effects
in WM contradict them. Those anisotropy effects are known to affect transverse relaxation
as well as rCBV and are thus expected to also impede mq-BOLD-based rOEF images. At
the same time, rOEF imaging in WM has high clinical relevance, as WM is known to be
particularly affected by many vascular pathologies. Thus, rOEF mapping in WM has high
potential to increase the sensitivity to hemodynamic impairments and improve their detection
at early disease stages at the same time. However, no evaluations of anisotropy effects on
rOEF by mq-BOLD in WM have been performed before. The aim of our methodological
study was therefore to characterize fiber orientation related anisotropy effects of rOEF in
WM. The rOEF mapping by mq-BOLD was combined with fiber orientation information from
diffusion tensor imaging (DTI).

Methods

MRI was performed on a 3T clinical scanner. The mq-BOLD related parameters T2, T
∗
2 ,

R′2, rCBV, rOEF were correlated with DTI-based fiber orientation information in 30 healthy
volunteers. Main fibre orientations towards the main magnetic field B0 were derived from DTI
for each WM voxel and transformed to spherical coordinates. The orientation dependencies of
mq-BOLD parameters were evaluated by voxel-wise correlations of the mq-BOLD parameter
values and the orientation information from DTI. To investigate the origins of anisotropy
effects, different models were fitted to the data and compared.
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Results

Strong dependencies of transverse relaxation and rCBV on the nerve fiber orientation towards
B0 were confirmed, with anisotropy-driven variations up to 37 %. Due to partially counter-
acting influences of R′2 and rCBV effects, the average rOEF orientation-dependent variation
was comparably weak (3.8 %). Model fittings indicate that observed T2 anisotropy effects are
mainly driven by diffusion, while major contributions to T ∗2 and rCBV orientation effects are
expected due to highly ordered myelinated fiber structures and known preferential vasculature
orientations in WM.

Conclusion

The results demonstrate the reliable in vivo characterization of WM anisotropy effects in
mq-BOLD imaging with high sensitivity at reasonable scan time. Strong dependencies of
transverse relaxation and rCBV on the nerve fiber orientation towards B0 were confirmed. In
contrast, observed orientation effects in rOEF values were comparably weak in the healthy
cohort with an average orientation induced variation of just 3.8%. This is due to counteracting
anisotropy effects of R′2 and rCBV in the rOEF calculation. Thus, rather minor influences of
orientation effects on mq-BOLD-derived rOEF in WM are indicated.

7.2.2 Author contributions

The first author designed the experiment, adapted the magnetic resonance pulse sequence
(proprietary hardware specific libraries and software from Philips Medical Systems (Best,
The Netherlands)), developed and implemented the processing pipeline, processed the data,
developed and implemented the database to interpret the multi-parametric data using Matlab
(Mathworks, Natick, MA); With the help and consultation form the coauthors: performed the
experiments (MR measurements), evaluated the data, interpreted the results, and wrote the
paper.
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Original Article

Characterizing white matter fiber
orientation effects on multi-parametric
quantitative BOLD assessment of oxygen
extraction fraction

Stephan Kaczmarz1,2,3 , Jens Göttler1,2,3,4 , Claus Zimmer1,
Fahmeed Hyder3 and Christine Preibisch1,2,5

Abstract

Relative oxygen extraction fraction (rOEF) is a fundamental indicator of cerebral metabolic function. An easily applicable

method for magnetic resonance imaging (MRI) based rOEF mapping is the multi-parametric quantitative blood oxygen-

ation level dependent (mq-BOLD) approach with separate acquisitions of transverse relaxation times T
�

2 and T2 and

dynamic susceptibility contrast (DSC) based relative cerebral blood volume (rCBV). Given that transverse relaxation and

rCBV in white matter (WM) strongly depend on nerve fiber orientation, mq-BOLD derived rOEF is expected to be

affected as well. To investigate fiber orientation related rOEF artefacts, we present a methodological study characterizing

anisotropy effects of WM as measured by diffusion tensor imaging (DTI) on mq-BOLD in 30 healthy volunteers. Using a

3T clinical MRI-scanner, we performed a comprehensive correlation of all parameters (T
�

2, T2, R02, rCBV, rOEF, where

R02¼1/T
�

2–1/T2) with DTI-derived fiber orientation towards the main magnetic field (B0). Our results confirm strong

dependencies of transverse relaxation and rCBV on the nerve fiber orientation towards B0, with anisotropy-driven

variations up to 37%. Comparably weak orientation-dependent variations of mq-BOLD derived rOEF (3.8%) demon-

strate partially counteracting influences of R02 and rCBV effects, possibly suggesting applicability of rOEF as an oxygen-

ation sensitive biomarker. However, unresolved issues warrant caution when applying mq-BOLD to WM.

Keywords

Anisotropy, diffusion tensor imaging, multi-parametric quantitative BOLD, oxygen extraction fraction, white matter
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Introduction

The oxygen extraction fraction (OEF) is a fundamental
marker of cerebral metabolic function, which is widely
considered as an important indicator of brain health and
tissue viability. For rapid in vivo assessment of regional
OEF, the magnetic resonance imaging (MRI) based
multi-parametric quantitative BOLD (mq-BOLD)
approach is highly promising. In mq-BOLD, three sep-
arate measurements are conducted to obtain maps of the
relative cerebral blood volume (rCBV) as well as
the quantitative transverse relaxation rates R�2 and R2.
The rCBV is measured by dynamic susceptibility con-
trast (DSC) and the relaxation rates by gradient-echo
(GRE) (R�2¼ 1/T

�

2) and gradient spin-echo (GraSE)
MRI (R2¼ 1/T2). Based on those three parameter-
maps, the semi-quantitative relative oxygen extraction
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fraction (rOEF) is calculated voxel-wisely.1,2 However,
derived values are considered to measure semi-quantita-
tive, relative OEF, as relative CBV instead of venous
CBV is used for calculation and obtained values are sys-
tematically elevated.1 Compared to positron emission
tomography (PET), the mq-BOLD technique is
patient-friendly and easy to apply, as neither ionizing
radiation nor arterial blood sampling are required.3

The technique has already been successfully applied in
several studies comprising patients with glioma,4–6

stroke7 and carotid artery stenosis.8

The mq-BOLD approach is based on a model rep-
resenting a network of randomly oriented blood vessels
by infinite length cylinders that possess homogenous
magnetization and infinite length.1,9 While these
model assumptions are reasonable in gray matter
(GM), known anisotropy effects in white matter
(WM) contradict them. Anisotropy effects primarily
arise from the highly oriented myelin sheaths within
nerve fibers.10 Moreover, blood vessels are also
expected to contribute to orientation effects,11,12

because preferential orientation of blood vessels in
WM parallel the fiber tracts.13,14 As corroborated by
simulations, the results of Hernández-Torres et al.12 are
in agreement with oriented vessels occupying about
one-third of the vascular volume in WM. Thus, mq-
BOLD application in highly ordered WM structures
raises questions about its reliability.1 Since WM is par-
ticularly affected by many vascular pathologies such as
stroke and small vessel diseases,15 a deeper understand-
ing of factors influencing mq-BOLD-derived rOEF
values in WM as high clinical relevance.

Fiber bundles in WM consist of axons, running
mainly parallel to each other, being wrapped by
myelin. The surrounding myelin sheaths consist of
lipid bilayers organized in a lamellar structure with
alternating layers of lipid and water.16 Strong effects
of the nerve fiber orientation towards the main static
magnetic field (B0) on effective transverse relaxation are
well known and have been investigated exten-
sively11,16–31 and also demonstrated in the context of
DSC-based perfusion imaging.12 In addition, spin
echo-derived T2 was found to be affected by fiber orien-
tation effects,20 which was attributed to diffusion.18

Fiber orientation effects have been studied by differ-
ent methods, including in vitro samples20,23,24,26,31 and
scanning in different head positions.11,18 However,
determining fiber orientation via diffusion tensor ima-
ging (DTI)32 allows voxelwise correlations with the par-
ameter values,11,12,17,19,28,29 and thus appears most
suitable for accurate in vivo measurements.

A number of studies attempted to characterize the
T
�

2-related orientation effects employing different
models.9,16,20,22,24,27,28,31,33,34 Based on analytical mod-
elling of highly aligned parallel cylinders with

susceptibility differences to the surrounding tissue, it
has been derived that R�2 and R02, defined as R�2–R2,
are modulated by sin2(y) depending on their angle y
towards B0.

9,34 However, more detailed experimental
analyses of R�2 revealed deviations from this sin2(y)
term points to additional influences.17,20,24,29,31 This
additional component was suspected to arise from sus-
ceptibility anisotropy23,24,35 of myelin30 and modeled
by a sin4(y) term.24 To this end, the hollow cylinder
fiber model (HCFM) with anisotropic magnetic suscep-
tibility in the annular region was used to represent
myelin sheaths surrounding the axons.27 Alternative
explanations for the additional orientation influences
could be magic angle effects, arising from dipole–
dipole interactions, which have been demonstrated in
tendons and peripheral nerves with much thicker fiber
bundles.36 A detailed study compared both possible
explanations and concluded that R2 and R�2 orientation
effects most likely originate from anisotropic suscepti-
bility rather than magic angle effects.20

Even though, the orientation effects of T
�

2, T2 and
DSC-based rCBV in WM are well known, and complex
effects on mq-BOLD-derived parameters are expected,
their impact on mq-BOLD based rOEF measurements
is unclear. Therefore, the aim of our study was to char-
acterize the influence of orientation effects in WM on
the calculated parameter values of mq-BOLD derived
rOEF. To this end, we performed separate measure-
ments of T

�

2, T2 and DSC-based rCBV in 30 healthy
volunteers and assessed the angular dependencies of
all parameters with respect to the main static magnetic
field B0 using DTI.

Material and methods

Participants

Thirty healthy elderly (17 females; mean age 70.3� 4.8
years; see Supplemental Table 1 for more details;
normal test results in MMSE, STAI, BDI) participated
in this prospective study. Participants were enrolled by
word-of-mouth advertisement from May 2015 until
May 2017. Examination of every participant included
medical history, basic neurological examination and
MRI. The study was approved by the medical ethical
board of the Klinikum rechts der Isar, in line with
Human Research Committee guidelines of the
Technical University of Munich. All participants
provided informed consent in accordance with the
standard protocol approvals. Exclusion criteria for
entry into the study were any neurological, psychiatric
or systemic disease, clinically remarkable structural
MRI (e.g. territorial stroke lesions, bleedings, or a his-
tory of brain surgery), severe chronic kidney disease or
MR contraindications.
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Imaging data acquisition

Scanning was performed on a clinical 3T Philips
Ingenia MR-Scanner (Philips Healthcare, Best, The
Netherlands) using a 16-channel head/neck-receive-
coil. The Omega HP gradients allow a maximum amp-
litude of 45mT/m and slew rate of 200T/m/s. In order
to calculate mq-BOLD-derived rOEF, the MRI proto-
col comprised quantitative mapping of intrinsic and
effective transverse relaxation times T2 and T

�

2 together
with DSC MRI for rCBV assessment37,38 as described
previously.1 T1-weighted magnetization prepared rapid
gradient echo (MPRAGE) and T2-weighted fluid-atte-
nuated inversion recovery (FLAIR) data were acquired
to facilitate brain tissue segmentation and screening for
lesions, respectively. Additionally, a contrast-enhanced
angiography of the arteries of the neck and the aortic
arch was performed to exclude relevant stenoses of the
brain supplying arteries. DTI was performed to obtain
fiber orientation within WM39 and to assess orientation
dependencies of the mq-BOLD related parameters
(Figure 1).

T2*-mapping used a 12 echo gradient echo (GRE)
sequence featuring exponential excitation pulses to facili-
tate correction of magnetic background gradients40,41

and duplicate acquisition of k-space center for motion
correction42 with the following imaging parameters:
TE1¼�TE¼ 5ms, TR¼ 1950ms, a¼ 30�, mono-polar
readout, 30 slices, matrix 112� 92, voxel size
2.0� 2.0� 3.0mm3, total acquisition time 6:08min.

T2-mapping was based on an eight echo gradient-
spin-echo (GraSE) sequence: TE1¼�TE¼ 16ms,
TR¼ 8596ms, echo planar imaging (EPI) factor¼ 7,
30 slices, gap 0.3mm, matrix 112� 91, voxel size
2.0� 2.0� 3.0mm3, acquisition time 2:23min.

DSC-imaging used dynamic acquisition of 80 single-
shot gradient-echo EPI volumes during injection of a
weight-adjusted Gd-DOTA bolus (concentration
0.5mmol/ml, dose 0.1mmol/kg, at least 7.5mmol per
subject, flow rate 4ml/s, injection 7.5 s after DSC ima-
ging onset) with TE¼ 30ms, TR¼ 1513ms, a¼ 60�, 26
slices, voxel size 2.0� 2.0� 3.5mm3, acquisition time
2:01min, following the ASFNR recommendations.43

DTI used spin-echo EPI with 32 gradient directions,
b¼ 800 s/mm2, TE¼ 61ms, TR¼ 12.9 s, Halfscan¼ 0.7,
SENSE¼ 2, 60 slices, matrix 112� 110, voxel size
2.0� 2.0� 2.0mm3, NSA¼ 2, acquisition time
15:30min. The DTI field-of-view (FOV) was individually
aligned to the interhemispheric gap in the axial plane
and tilted in the sagittal plane to exclude the partici-
pant’s eyes.

Structural imaging comprised MPRAGE (TE¼ 4ms,
TR¼ 9ms, a¼ 8�, TI¼ 1000ms, shot interval 2300ms,
SENSE AP¼ 1.5, SENSE RL¼ 2.0, 170 slices,
matrix 240� 238, voxel size 1.0� 1.0� 1.0mm3, acqui-
sition time 5:59min) and FLAIR (TE¼ 289ms,
TR¼ 4800ms, a¼ 90�, inversion delay 1650ms,
a¼ 90�, TSE factor¼ 167, 163 slices, matrix 224� 224,
voxel size 1.12� 1.12� 1.12mm3, acquisition time
4:34min). Screening for ischemic brain lesions and grad-
ing of white matter hyper-intensities were based on dif-
fusion-weighted imaging and FLAIR. The FLAIR
lesions were graded by the Fazekas-score44 (Rater: JG).

Data preprocessing and parameter calculation

All processing procedures used FMRIB Software
Library45 (FSL), SPM1246 (Wellcome Trust Centre
for Neuroimaging, UCL, London, UK) and custom
programs in MATLAB R2016b (The MathWorks,

Figure 1. Overview of MRI protocol and derived parameters. DTI was used to derive the rotation matrix M, the main nerve fiber

orientation vector-maps V1

*
and the fractional anisotropy (FA). MPRAGE was used for CSF and WM mask generation. FLAIR was used

for structural lesion detection. The rotation matrix M was applied to transform V1

*
vector-maps to the scanner coordinate system

resulting in V 01
*

. After application of a mask, selecting only oriented WM and excluding iron artefact related voxels (FA> 0.15,

PCSF< 0.05, PWM> 0.95, R02 < 15 Hz), the spherical angles j and y (azimuthal and polar angles, respectively, between the main nerve

fiber orientation and B0) were calculated voxel-wisely (orange). The dependencies of the calculated mq-BOLD-related parameters

(green) on j and y were analyzed in bins of 5�, each for j and y.
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Natick, MA, USA). MPRAGE data were segmented by
SPM12 using six tissue classes and default settings for
generation of a WM mask by applying a probability
threshold of PWM> 0.95. To reduce influences of
partial volume effects, cerebrospinal fluid (CSF) was
additionally excluded by applying a threshold of
PCSF< 0.05 (Figure 1).

mq-BOLD parameter maps. Multi-echo GRE data were
corrected for macroscopic background gradients40,41

and motion42 and subsequently fitted mono-
exponentially for T

�

2 as described previously.1

Quantitative T2 parameter maps were derived by
mono-exponential fitting of the even-echoes GraSE
data to reduce the influence of stimulated echoes.1,5

T
�

2-maps were coregistered to the first echo of the T2

GraSE sequence and visually checked (CP, SK). Both,
T
�

2 and T2 were smoothed with a 3D Gaussian filter-
kernel of 3-mm prior to calculation of

R02 ¼
1

T�2
�

1

T2
ð1Þ

Since iron depositions are known to increase R02, an
empirically set threshold of R02< 15Hz was applied and
carefully checked (CP, SK) to exclude iron induced
focal increases of R02. As macroscopic background, gra-
dients up to about 250 lT/m can be corrected40 and
areas with higher gradients can also be removed via
R02 thresholding,1 remaining R02 was assumed to
mainly reflect subvoxel susceptibility perturbations.18

DSC data were corrected for leakage contributions
based on a reference curve technique47 and processed
as described previously.37,38 Accordingly, DSC data
were filtered using a 3D Gaussian spatiotemporal
filter-kernel of 3-mm full width at half maximum
(FWHM) with time as the third dimension. Relative
CBV (rCBV) was calculated by first-pass integration
of the area under the leakage corrected �R2

�

(t)
curve.37 Subsequently, rCBV was normalized to 2.5%
in normal appearing WM.3,48 Following the mq-BOLD
approach,1 relative oxygen extraction fraction (rOEF)
was calculated as

rOEF ¼
R02

c � rCBV
ð2Þ

where c ¼ � � 43 � � ��� � B0 and B0 ¼ 3T. Here,
�v¼�v0 � Hct¼ 0.924� 10�7 is the susceptibility differ-
ence between oxygenated and deoxygenated blood with
the susceptibility difference between fully deoxygenated
and fully oxygenated hemoglobin �v0¼ 0.264� 10�6
49,50 and the small-vessel hematocrit Hct¼ 0.35.50 The
gyromagnetic ratio is g¼ 2.675� 108 s�1 T�1. For qual-
ity assessment, T

�

2, T2, rCBV and rOEF parameter maps
were screened especially for motion artefacts (raters CP,

SK). Based on these ratings, two subjects were excluded
from the final evaluation.

DTI-based fiber orientation mapping. DTI-data were pro-
cessed using FSL.45 Eddy current effects and motion
were corrected by the FSL FLIRT toolbox51,52 and
non-brain voxels removed by the FSL brain extraction
tool.53 Eigenvalues and corresponding eigenvectors
were calculated with the tensor fitting routine of FSL
FDT.54,55 Fractional anisotropy (FA) values were cal-
culated and thresholded at FA > 0.15 to exclude voxels
with isotropic structures. We assumed the nerve-fibers
to be collinear with the main eigenvector, which is asso-
ciated with the highest eigenvalue.10 Thereby, the
tensor fitting revealed voxelwise vectors V

*
1 describing

the main nerve fiber orientation within the coordinate
system defined by the DTI-FOV (Figure 2).

Spatial coregistration. For further evaluation, all individ-
ual MR images and parameter maps (MPRAGE, tissue
segments, T

�

2-, T2-, R
0
2-, rCBV- and rOEF-maps) were

spatially coregistered to the individual participant’s
DTI-data using SPM12 and very carefully checked
for transformation-related artefacts by two experienced
researchers (CP, SK).

Angulation processing. The orientation information about
the DTI-FOV was extracted from the DTI nifti head-
ers. The resulting matrix M describes the rotation
between the DTI-FOV and the MR-scanner coordinate
system and was applied to the main nerve fiber orien-
tation vectors V1

*
resulting in V01

*
(Figure 2).30,56

Thereby, each voxel’s V1

*
vector was rotated to the

scanner coordinate system with z0 k B0. Subsequently,
V01
*

vectors were transformed from Cartesian to spher-
ical coordinates. The resulting polar angle y describes
the angulation between the main nerve fiber orientation
and B0. The azimuthal angle j describes the orientation
of V01
*

projected onto the x0-y0-plane (?B0) (Figure 2).
As fiber-direction is irrelevant, we analyzed angle
ranges from y¼ 0� to 90�11,12,17 and j¼�90� to 90�.
Further analysis was restricted to oriented WM voxels
outside of regions with iron-artefacts or uncorrectable
macroscopic magnetic field gradients, defined by
FA> 0.15, pWM> 0.95, pCSF< 0.05 and R02< 15Hz.
Within this mask, anisotropy effects of the individual
parameters T

�

2, T2, R
0
2, rCBV and rOEF were evaluated

in 5� bins. All previously described processing was con-
ducted individually for each participant. On the group-
level, median values were calculated within a given
angle-bin for each parameter. Standard deviations
(SDs) of the parameters were calculated by dividing
the SD of all voxels and all participants within a
given angle-bin by the square-root of the number of
evaluated participants. Histograms of T

�

2, T2, R02,
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rCBV and rOEF maps vs. y and j were prepared using
median values and SDs across all oriented WM voxels
from all participants.

Fitting model

Recently, Lee et al.24 proposed a model for highly
aligned networks of parallel fibers including anisotropy
of magnetic susceptibility to describe R�2 orientation
effects depending on the polar angle y. According to
that, the orientation dependence of the measured
signal was fitted by

S �ð Þ ¼ c0 þ c1 sin 2� þ �0ð Þ þ c2 sin 4� þ �1ð Þ ð3Þ

with the orientation-independent coefficient c0, the two
orientation-dependent coefficients c1 and c2 and two
sinusoidals to account for highly non-random, non-iso-
tropic perturber distributions and magnetic susceptibil-
ity anisotropy. The model can be applied to R2(y)

20 and
R02(y).

34 In this work, we also analyzed whether this
model is capable to describe rCBV(y) and rOEF(y)
orientation effects. All fits were performed by the
least-square curve fitting routine ‘lsqcurvefit’
(MATLAB R2016b, The MathWorks, Natick, MA,
USA) with default settings.

Results

The calculated maps of the polar angle y and azimuthal
angle j show excellent agreement with the expected
fiber tract directions as demonstrated in Figure 3,

showing data from a prototypical participant (see
Supplemental Figure 1 for more details).

Ongroup level,T
�

2 medianvalues stronglydependedon
y with T

�

2(y) ranging from 48.2ms to 54.7ms, which cor-
responded to an absolute difference of �T

�

2(y)¼ 6.5ms
and a variation of 13.5% between fibers parallel and per-
pendicular toB0 (Figure 4(a)).Accordingly,R�2(y)median
values were measured within the range of R�2(y)¼ [18.3–
20.8] Hz and �R�2(y)¼ 2.5Hz (data not shown). Analysis
of T2 revealed an angulation-dependent range of median
values T2(y)¼ [78.4–84.3] ms corresponding to
�T2(y)¼ 5.9ms and a variation of 7.5% (Figure 4(c)) or
�R2(y)¼ 0.9Hz (data not shown). Both, T

�

2 and T2 were
almost independent of the orientation within the plane
perpendicular to B0, described by the azimuthal angle j
(Figure 4(b) and (d)). R02 yielded a y-dependent range of
median values R02(y)¼ [6.5–8.2] Hz corresponding to a
variation of 26.5% (Figure 5(a)). Relative CBV median
values varied between rCBV(y)¼ [2.0–2.8]%, represent-
ing a variation of 37.1% (Figure 5(c)). The resulting
range of rOEF median values was rOEF(y)¼ [0.94–1.09]
corresponding toa variationof 15.0%between lowest and
highest values (Figure 5(e)). Similar to T

�

2 and T2, the
median values of R02, rCBV and rOEF were almost inde-
pendent of j (Figure 5(b), (d) and (f)).

The distribution of the number of voxels within ori-
ented WM contributing to the presented median values
within the y bins of 5� was well described by a sinus-
oidal curve (Figure 6(a)), indicating that fiber orienta-
tions towards the main magnetic field are almost
homogenously distributed within the investigated

(a) (b) (c)

Figure 2. Overview of main nerve fiber vector map calculation and angular transformations. (a) Tensor fitting of the DTI-data within

the DTI-FOV coordinate system (DTICS, green) revealed the main nerve fiber orientation for each voxel, described by the vector V1

*

corresponding to the largest eigenvalue �1. (b) The rotation matrix M, individually derived from the DTI image header for

each participant, was applied to transform the V1

*
vector-maps to the MRI-scanner coordinate system (ScannerCS, orange) resulting in

V 01
*

vector-maps. (c) Vector-maps of V 01
*

were transformed to spherical coordinates, yielding the polar angle y and the azimuthal angle j
for each voxel.
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volumes. Conversely, the voxel distribution depending
on the azimuthal angle j was almost constant, also
indicating a homogenous distribution, with a slight
preference for left-right and anterior-posterior orienta-
tions (Figure 6(b)).

Although the Fazekas-scores revealed a mean of
1.0� 0.9 (range 0–3, for details see Supplemental
Table 1) indicating minor microangiopathic changes,
none of the participants had subacute or older territor-
ial infarct lesions. Including participants with Fazekas-
scores above 1 had no obvious effect on the observed
orientation dependencies (Supplemental Figure 2).
Separate evaluations of the data from female and
male participants did not reveal significant effects of
gender on rOEF(y) (Supplemental Figure 3).
Additional measurements of T

�

2, T2 and DTI in a
small cohort of young healthy controls provided evi-
dence that observed orientation dependencies were
not influenced by age (Supplemental Figure 4).

Fitting of Lee’s model (equation (3)) to the median
values of T

�

2(y) revealed excellent agreement
(R2> 0.999, Figure 7(a)), with the two fitted sinusoidal
components being incoherent in phase (Figure 7(b)).
Accordingly, fitting of R�2(y) revealed c0¼ 19.54Hz,
c1¼ 1.11Hz, �0¼ 67.33�, c2¼ 0.07 and �1¼ 0.61�

(data not shown). Applying the same model (equation
(3)) to T2(y), R

0
2(y) and rCBV(y) median values, showed

excellent agreement (R2> 0.997, Figure 7(c) to (f))
as well. Even fitting of rOEF(y) shows very good
agreement to Lee’s model (equation (3)) (R2> 0.991,
Figure 7(f)).

Discussion

In this study, we presented a DTI-based quantitative
orientation analysis method using an automated coord-
inate system transformation to spherical coordinates
and applied it to characterize anisotropy effects of
mq-BOLD related parameter maps in WM.
Orientation effects were measured for multiple param-
eters, namely T

�

2, T2, rCBV and rOEF. Using DTI-
derived nerve fiber orientations, tissue orientation
effects were quantified along the polar angle y towards
B0. Observed dependencies of T

�

2(y), T2(y) and rCBV(y)
are in excellent agreement with the litera-
ture.11,12,17–21,24,28,29 In addition, orientation effects of
rOEF(y) were demonstrated and quantified. All
observed angular dependencies could be well described
by fitting a model including susceptibility anisotropy
(equation (3)) in good agreement with previous
reports.20,21,24,28,29 Contrary to intuition, the impact
of WM orientation on calculated parameter values of
rOEF is comparably weak because contributions of R02
and rCBV partly compensate.

(a)

(e) (f)

(b) (c)

(g) (h)

(d)

Figure 3. Exemplary parameter maps of a healthy volunteer in one axial slice. T�2 (a), T2 (b), rCBV (c), rOEF (d), MPRAGE (e), FA (f),

the polar angle y (g) and the azimuthal angle j (h) overlaid on MPRAGE. The mask of oriented WM was already applied to the

orientation maps (g, h). Fibers in FH-direction correspond to y¼ 0� in case of small DTI-FOV angulations. Fibers in AP-direction

correspond then to y¼ 90� and j¼�90�. Fibers in LR-direction correspond to y¼ 90� and j¼ 0�.
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Influence of WM orientation on T�2

Our measured differences �T
�

2(y)¼ 6.5ms or
�R�2(y)¼ 2.5Hz fully agree with previously reported
in vivo measurements.11,17–21,24,28,29 The details of
T
�

2(y) and R�2(y) angular dependencies (Figure 4(a))
resemble those observed in previous studies.11,28,29

Though, our measured T
�

2(y) dependency appears
more pronounced than demonstrated by Denk
et al.,17 which might be explained by our improved,
automated coordinate system transformation and
rigorous thresholding to exclude artefacts.

The major contributors to anisotropy effects driving
orientation dependencies of effective transverse relax-
ation are still under discussion. Most likely, the angular
dependencies are caused by sub-voxel susceptibility
effects arising from anisotropic sources, namely highly
ordered myelin-fiber structures12,17–24,57 and effects of
oriented WM vasculature11,12,22 being preferentially
aligned parallel to axonal-fibers.12–14

Lee’s model (equation (3)) includes highly oriented
cylinders, which can represent the fibers and vessels, as
well as anisotropic susceptibility in the annular region,

representing myelin.24 Fitting Lee’s model (equation
(3)) to T

�

2(y) reveals excellent agreement (Figure 7(a))
in accordance with the literature.20,24,29,57 While the
fitted T

�

2(y) curve closely resembles the data, we did
not observe phase coherence of the two sinusoidal com-
ponents (Figure 7(b)), which represent influences by
highly non-random, non-isotropic perturbers and mag-
netic susceptibility anisotropy, in contrast to Lee et al.24

Other studies applied a similar model without sinus-
oidal phase shifts to R�2(y), yielding very similar
results.29,57 Our results are, therefore, in accordance
with assuming major contributions to T

�

2(y) orientation
effects from highly ordered myelinated fiber structures
and the vasculature.

Influence of WM orientation on T2

We also observed a strong T2(y) orientation effect with
�T2(y) & 6ms or �R2(y) & 1Hz in accordance with
Oh et al.20 Minor discrepancies to their ex vivo study
can be explained by cell swelling as well as further
molecular changes18 in their formalin fixed tissue sam-
ples scanned at room temperature, which also

Figure 4. Orientation dependencies of T�2 and T2 on group level. The dependencies of T�2 (a, b) and T2 (c, d) on polar angle y (a, c)

and azimuthal angle j (b, d) are depicted (median across all participants� SD). Parameter values were evaluated within 5� bins. The

plots show a clear orientation dependency of T�2 (a) and T2 (c) on y, which describes the fiber orientation relative to B0. As expected,

no major angle dependencies of any parameter were observed in the x0-y0 plane perpendicular to B0 (b, d).
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influences the transverse relaxation rates.20 Moreover,
their study was conducted at 7T and they averaged over
larger ROIs without actually measuring fiber orienta-
tion. While orientation dependencies can be expected to
be more prominent at higher field strength, the latter
rather decreases the observed effects.

Regarding origins of T2(y) orientation effects, con-
tributions from susceptibility effects are actually
expected to be minimized by the GraSE refocusing
pulses, in contrast to GRE-based T

�

2 mapping.20

However, mediated by diffusion, the same susceptibil-
ity gradients causing T

�

2 decay are expected to

decrease T2.
18,20 The signal decay due to diffusion of

spins through inhomogeneous magnetic fields can be
modeled with the Carr-Purcell method by adding a
diffusion term to the intrinsic spin-spin dephasing.
This additional exponential term, representing the
signal decay due to diffusion, can be approximated
by a Taylor expansion resulting in a sum of sin(2y)
and sin(4y) terms. For a rough estimate of diffusion
effects on T2(y), we rely on Le Bihan et al.,10 who
analyzed anisotropic diffusion in WM58 and found
diffusion perpendicular to nerve fibers to be impeded
by approximately 60%. Based on this, the maximum

Figure 5. Orientation dependencies of R02, rCBV and resulting rOEF on group level. Plots of R02 (a, b), rCBV (c, d) and rOEF (e, f) are

shown (median across all participants� SD) depending on the polar angle y (a, c, e) and the azimuthal angle j (b, d, f). Parameter

values were evaluated within 5 � bins. R02 was derived from T�2 and T2 and shows strong orientation dependence on y (a). Relative CBV

shows a similar behavior with an even stronger dependence on y (c). As rOEF is proportional to the ratio of R02 and rCBV (equation

(2)), the resulting anisotropy artefacts of rOEF are driven by the different slopes of R02 (a) and rCBV (c). Thereby, rOEF shows a lower

dependency on y (e). In the x0-y0 plane perpendicular to B0, no major angular dependency effects were observed (b, d, f).
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strength of the GraSE sequence’s readout gradients
(&20mT/m) could well explain T2 orientation effects
within the observed range. Since fitting of Lee’s model
(equation (3)) to T2(y) shows excellent agreement
(Figure 7(c)), it appears reasonable to attribute depen-
dencies of T2 on y to diffusion effects.

Application of Lee’s model (equation (3)) to T2(y)
was further supported by Oh et al.,20 who compared the
anisotropic susceptibility model with pure magic angle
effects of R2(y) as well as a model of isotropic suscep-
tibility in superposition with magic angle effects. In
agreement with their data, pure magic angle effects
cannot explain our measured T2(y) dependency (see
Figure 7(c)). In general, our fittings of T

�

2 and T2 resem-
ble their findings. However, as differences of the models
including higher order terms are very subtle, we cannot
exclude some additional influences of magic angle
effects based on our data.

Influence of WM orientation on R02

Since, in our approach, R02(y) is calculated from T
�

2 and
T2 (equation (1)), a strong orientation effect of approxi-
mately 27% was found, according to expectations
(Figure 5(a)). Again, fitting of the model (equation
(3)) is in excellent agreement with the measured R02(y)
dependency (Figure 7(d)).

Influence of WM orientation on rCBV

As could be expected from the fact that DSC-MRI is
based on T

�

2-weighted EPI, our measurements revealed
a pronounced dependency of rCBV on y. This

dependency is characterized by an almost angulation
independent section for y¼ [0�–15�] followed by a
steep increase of rCBV for y¼ [15�–90�] (Figure 5(c)).
These findings are in full accordance with a previous
study by Hernández-Torres et al.,12 who analyzed
DSC-based rCBV with a very similar methodology.
The authors concluded anisotropic vascular architec-
ture to significantly contribute to the observed CBV
orientation effects, as histological staining demon-
strated blood vessels running preferentially parallel to
WM fibers.13,14 Furthermore, via simulations they
found evidence that one-third of the WM vascular
volume is comprised of vessels aligned to the fiber
tracts.12

Again, fitting Lee’s model (equation (3)) to rCBV(y)
revealed excellent agreement (Figure 7(e)).
Interestingly, the ratio of the orientation-dependent fit
coefficients c1 and c2 to the orientation independent
coefficient c0 is much higher for the rCBV(y) fitting
compared to T

�

2(y) and T2(y) (Figure 7(a), (c) and
(e)). This is related to the very strong orientation
dependence of rCBV(y) (&37%) and implies enhanced
effects due to oriented vasculature in contrast agent-
based DSC-imaging.

Distribution of orientations

Even though the subvoxel WM structures are highly
anisotropic, as indicated by high FA values within ori-
ented WM (Figure 3), the orientations across all WM
voxels are almost equally populated (Figure 6).
Regarding the polar angle y, measured voxel distribu-
tions closely resemble a sinusoidal shape, representing

Figure 6. Histograms of the numbers of contributing voxels depending on the polar angle y and the azimuthal angle j. The dotted

blue line represents the average number of measured voxels per participant depending on y (a). For comparison, the solid black line

indicates equally populated orientations (a). The average number of voxels per participant depending on j, perpendicular to B0, is

shown by the red dotted line and compared to the mean of all voxels, represented by the solid black line (b).
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equal populations (Figure 6(a)). Those results are in
accordance with data from a similar approach by
Denk et al.17 However, our results are even closer to
equal population, which might be due to different FA
thresholds, our additional WM and CSF thresholds,
larger sample size, higher number of DTI gradient dir-
ections and improved, automated coordinate trans-
formation. Analysis of the voxel distribution with
respect to the azimuthal angle j reveals almost equal
population, too (see Figure 6(b)). However, angles
around j¼ 0� and j¼�90� tend to be somewhat
higher populated indicating a slight preference for
fiber orientations in right-left and anterior–posterior

orientations. Those findings are in accordance with
DTI and histological examination of highly ordered
structures such as the corpus callosum.59

Previous studies analyzing orientation effects by
voxel-wise parameter correlations with DTI investigated
either only the polar angle12,17,29 or showed somewhat
contra intuitive dependencies on the Euler angles rela-
tive to the x-axis and y-axis.11 Those uncertainties could
be resolved in our study by introducing spherical coord-
inates to describe the fiber orientation within the scanner
coordinate system. Overall, the distribution of
orientations underlines the successful implementation
of the introduced automated coordinate system

Figure 7. Fittings of all mq-BOLD-related parameters. All parameters were fitted with the same function (equation (3)). Median

values on group-level and SDs are shown in blue, fitted curves are indicated by dashed orange lines. The fit parameters are noted in the

red framed boxes (a, c–f). Analysis of the two sinusoidal fit components of T�2 shows phase incoherence (b). All fittings of T�2 (a), T2

(C), R02 (d), rCBV (e) and rOEF (f) reveal excellent agreement with sum-of-squared-errors R2> 0.99.

Kaczmarz et al. 769



transformation. Moreover, it strongly indicates the val-
idity of our DTI-based orientation analysis.

Influence of WM orientation on rOEF

A pronounced dependence of mq-BOLD-derived rOEF
on y was expected, since the contributing parameters
R02 and rCBV demonstrate a distinct anisotropy in
WM. However, the observed variation between lowest
and highest values of 15% is rather weak compared to
the strong variations of R02(y) (&27%) and rCBV(y)
(&37%). Interestingly, rOEF(y) shows an angular
dependency that appears distinctly different from the
R02(y) and rCBV(y). This is due to counteracting influ-
ences of R02 and rCBV, causing rOEF orientation arte-
facts to depend on their different slopes in the ratio of
R02(y) and rCBV(y) (equation (2)) (Figure 5(a), (c) and
(e)). Moreover, a closer analysis reveals that average
orientation induced variation of rOEF(y) is rather
low when accounting for the voxel distribution depend-
ing on y. The highest orientation induced variation
of rOEF(y) was observed at low angles y< 30�

(Figure 5(e)), which actually corresponds to a small
fraction of voxels (Figure 6(a)). Thus, the average vari-
ation, calculated via bin-wise deviations from the over-
all mean rOEF and weighting by the number of voxels
within each angle-bin, is 3.8%. Those findings imply
that mean values of WM rOEF are only weakly affected
by orientation effects. Interestingly, fitting Lee’s model
(equation (3)) to rOEF(y) shows good agreement
(Figure 7(f)) even if the underlying orientation effects
of T

�

2, T2 and rCBV are expected to arise from different
origins and form complex superpositions within the
mq-BOLD model (equation (2)).

Possible limitations

Values of rOEF derived by mq-BOLD are systematically
elevated, as previously reported.1,4,7,60 Furthermore,
WM values (average rOEFWM¼ 0.94) are elevated com-
pared to GM values (average rOEFGM¼ 0.60; for more
details, see Supplemental Table 2). This contradicts
PET-based OEF measurements, and primarily arises
from systematic errors of the mq-BOLD method.
While approximating the venous CBV by total DSC-
based CBV certainly contributes to GM-WM contrast,
systematic bias in T2 measurement mainly causes general
overestimation.1 Improved quantitative T2 mapping has
already been demonstrated to statistically significantly
reduce rOEF elevations towards lower, physiologically
more realistic values.61 In this study, we could demon-
strate that orientation effects do not primarily contribute
to neither rOEF elevations nor the GM-WM contrast.
Despite of this and successful applications of mq-BOLD
in different pathologies,1,4,7,60 future studies are

necessary to further validate and improve the method.
Furthermore, observed diffusion-dependent T2(y) orien-
tation effects indicate that the assumption of static
dephasing in mq-BOLD might be violated. In any
case, caution should be exercised when evaluating
rOEF by mq-BOLD in WM. To minimize detrimental
influences of unphysiological GM-WM contrast, mq-
BOLD evaluations should not mix values from GM
and WM.

Generally, the large variations of T
�

2, T2 and R02 values
and error propagation due to mq-BOLD modeling2 limit
the ability to differentiate between the different origins of
anisotropy (see Appendix 1). The observed non-orienta-
tion-dependent parameter variations can be explained by
further factors influencing transverse relaxation such as
insufficiently corrected macroscopic magnetic back-
ground gradients, myelination and non-heme iron con-
tent or physiological differences.11,17 Nevertheless,
orientation effects of all investigated parameters could
be clearly extracted by the presented methodology of
automated coordinate system transformation, rigorous
thresholding and averaging of all participant’s data to
minimize potential systematic errors.

Further limitations may apply. Measurements of T
�

2

and T2 are known to depend on the echo sampling.62,63

In addition, mono-exponential fitting to compute T
�

2-
and T2-maps is a simplification as multi-compartmental
effects in WM are well known.18,27,28,64 But even if
multi-exponential relaxation was contributing, our ana-
lysis depicts the dominant term.

Influences of age and WM pathology on the
observed orientation effects may be suspected. To
limit application of contrast agent in DSC-imaging,
we investigated orientation effects in the elderly control
group, which was also acquired for a physiological
MRI study.8 Additional control analyses revealed that
higher Fazekas-scores of some of our elderly partici-
pants have no obvious impact on the observed orienta-
tion effects (Supplemental Figure 2). This is in
accordance with Haller et al. who concluded that peri-
ventricular FLAIR hyperintensities are in many cases
not associated with demyelination.65 In order to control
for age effects on T

�

2(y), T2(y) and R2(y) orientation
dependencies, we compared the presented data to
those of young healthy participants and found the
same orientation dependencies, independent of age
(Supplemental Figure 4).

Anisotropy effects of oriented susceptibility perturb-
ations also depend on the magnetic field strength,
where we expect stronger orientation dependencies
with increasing B0. Furthermore, sequence-dependent
influences may for example arise from the voxel size,
as the aspect ratio in GRE was found to affect the sen-
sitivity to veins and may thereby also influence mea-
sured orientation dependencies.17
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Another potential limitation is the scanning at only
one head orientation. However, in vivo scanning at dif-
ferent head positions is experimentally very challenging
and limited on both, reachable angles and the number
of scanned angles.17 In contrast, our investigation of
tissue orientation effects based on analysis of DTI-
data requires scanning at only one head position
while deriving precise information about voxel-wise
fiber orientations. Even though errors of DTI-based
fiber orientation mapping induced by crossing fibers
within single voxels cannot be corrected with the pre-
sented methodology,32 thresholding of FA values
reduced errors by excluding isotropic voxels.

A disadvantage of the DTI-based method may arise
from patient movement between the mq-BOLD and the
DTI acquisitions, but careful immobilization of the
participant’s head with foam pads and image coregis-
tration could minimize motion-related errors. But in
spite of careful inspection, small misalignments after
coregistration cannot be ruled out completely.
Nevertheless, the validity of the results is strongly sup-
ported by the excellent agreement of y dependent fit-
tings with previous studies.

Analysis of orientation effects assumes B0 to be par-
allel to the z0-axis in our as well as previous stu-
dies.11,12,17,28,29 However, magnetic field
inhomogeneities, shimming and measurements off the
iso-center may violate this assumption. Nevertheless,
analysis of the azimuthal angle j revealed indepen-
dency on the fiber orientation perpendicular to B0,
strongly indicating correct orientation analyses and
generally high consistency of the presented data.

Partial volume effects are another potential error
source affecting both, DTI orientation analysis and
the mq-BOLD parameter estimates. However, those
influences could be reduced by rigorous application of
individual oriented WM masks excluding CSF.

Impact of orientation effects

Tissue microstructure orientation effects may have far
reaching consequences on many MRI parameters
in WM. While we demonstrated mq-BOLD-
derived rOEF to be only moderately affected by WM
orientation effects, T

�

2, T2, R02 and rCBV strongly
depend on the orientation. Moreover, orientation
effects in WM are also known to affect arterial spin
labeling and functional connectivity imaging.66 Due
to pial vessels orientation effects in the cortex, orienta-
tion dependencies were shown in GM, too.67

Pathologies affecting the vessel architecture or the mye-
linisation may have additional influences, also by chan-
ging orientation effects regionally. This needs to be
considered, especially when comparing different brain
regions or hemispheres.

A promising method to further disentangle orienta-
tion effect origins by myelinated nerve fibers and ori-
ented vessels is cortical surface modeling of GM.67

Veins can be modelled depending on the cortical sur-
face orientation to exclusively characterize vessel-
related orientation effects.

Conclusion

Our results demonstrate reliable in vivo characteriza-
tion of WM anisotropy effects in mq-BOLD imaging
with high sensitivity at reasonable scan time. We con-
firmed strong dependencies of transverse relaxation and
rCBV on the nerve fiber orientation towards B0. In
contrast, observed orientation effects in rOEF values
are comparably low in our healthy, elderly cohort indi-
cating an average orientation induced variation of
3.8%. This is due to a partial compensation of anisot-
ropy effects in R02 and rCBV and indicates rather minor
influences of orientation effects on mq-BOLD-derived
rOEF in WM. In any case, caution should be exercised
when evaluating mq-BOLD-derived rOEF in WM and
further mq-BOLD validations are clearly necessary.
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8. Göttler J, Kaczmarz S, Kallmayer M, et al. Flow-meta-

bolism uncoupling in patients with asymptomatic unilat-

eral carotid artery stenosis assessed by multi-modal

magnetic resonance imaging. J Cereb Blood Flow

Metab. Epub ahead of print 3 July 2018. DOI: 10.1177/

0271678X18783369.

9. Yablonskiy DA and Haacke EM. Theory of NMR signal

behavior in magnetically inhomogeneous tissues: the

static dephasing regime. Magn Reson Med 1994; 32:

749–763.

10. Le Bihan D, Mangin JF, Poupon C, et al. Diffusion

tensor imaging: concepts and applications. J Magn

Reson Imag 2001; 13: 534–546.
11. Bender B and Klose U. The in vivo influence of white

matter fiber orientation towards B(0) on T2* in the

human brain. NMR Biomed 2010; 23: 1071–1076.
12. Hernández-Torres E, Kassner N, Forkert ND, et al.

Anisotropic cerebral vascular architecture causes orienta-

tion dependency in cerebral blood flow and volume mea-

sured with dynamic susceptibility contrast magnetic

resonance imaging. J Cereb Blood Flow Metab 2017; 37:

1108–1119.

13. Nonaka H, Akima M, Hatori T, et al. Microvasculature
of the human cerebral white matter: arteries of the deep
white matter. Neuropathology 2003; 23: 111–118.

14. Cavaglia M, Dombrowski SM, Drazba J, et al. Regional
variation in brain capillary density and vascular response
to ischemia. Brain Res 2001; 910: 81–93.

15. Mangla R, Kolar B, Almast J, et al. Border zone infarcts:

pathophysiologic and imaging characteristics.
Radiographics 2011; 31: 1201–1214.

16. Lee J, Nam Y, Choi JY, et al. Mechanisms of T2* anisot-

ropy and gradient echo myelin water imaging. NMR
Biomed 2017; 30: e3513.

17. Denk C, Torres EH, MacKay A, et al. The influence of

white matter fibre orientation on MR signal phase and
decay. NMR Biomed 2011; 24: 246–252.

18. Sati P, Silva AC, van Gelderen P, et al. In vivo quantifi-

cation of T2* anisotropy in white matter fibers in mar-
moset monkeys. Neuroimage 2012; 59: 979–985.

19. Cherubini A, Peran P, Hagberg GE, et al.
Characterization of white matter fiber bundles with T2*

relaxometry and diffusion tensor imaging. Magn Reson
Med 2009; 61: 1066–1072.

20. Oh S-H, Kim Y-B, Cho Z-H and Lee J. Origin of B(0)

orientation dependent R(2)(*) (¼1/T(2)(*)) in white
matter. Neuroimage 2013; 73: 71–79.

21. Lee J, Shmueli K, Kang BT, et al. The contribution of

myelin to magnetic susceptibility-weighted contrasts in
high-field MRI of the brain. Neuroimage 2012; 59:
3967–3975.

22. He X and Yablonskiy DA. Biophysical mechanisms of

phase contrast in gradient echo MRI. Proc Natl Acad
Sci U S A 2009; 106: 13558–13563.

23. Lee J, Shmueli K, Fukunaga M, et al. Sensitivity of MRI

resonance frequency to the orientation of brain tissue
microstructure. Proc Natl Acad Sci U S A 2010; 107:
5130–5135.

24. Lee J, van Gelderen P, Kuo LW, et al. T2*-based fiber
orientation mapping. Neuroimage 2011; 57: 225–234.

25. Li TQ, van Gelderen P, Merkle H, et al. Extensive het-

erogeneity in white matter intensity in high-resolution
T2*-weighted MRI of the human brain at 7.0 T.
Neuroimage 2006; 32: 1032–1040.

26. Li TQ, Yao B, van Gelderen P, et al. Characterization of

T(2)* heterogeneity in human brain white matter. Magn
Reson Med 2009; 62: 1652–1657.

27. Wharton S and Bowtell R. Fiber orientation-dependent

white matter contrast in gradient echo MRI. Proc Natl
Acad Sci U S A 2012; 109: 18559.

28. Chen WC, Foxley S and Miller KL. Detecting micro-

structural properties of white matter based on compart-
mentalization of magnetic susceptibility. Neuroimage
2013; 70: 1–9.

29. Hernandez-Torres E, Wiggermann V, Hametner S, et al.

Orientation dependent MR signal decay differentiates
between people with MS, their asymptomatic siblings
and unrelated healthy controls. PLoS One 2015; 10:

e0140956.
30. Li W, Wu B, Avram AV and Liu C. Magnetic suscepti-

bility anisotropy of human brain in vivo and its molecu-

lar underpinnings. Neuroimage 2012; 59: 2088–2097.

772 Journal of Cerebral Blood Flow & Metabolism 40(4)



31. Wharton S and Bowtell \R. Gradient echo based fiber
orientation mapping using R2* and frequency difference
measurements. Neuroimage 2013; 83: 1011–1023.

32. Schilling KG, Janve V, Gao Y, et al. Histological valid-
ation of diffusion MRI fiber orientation distributions and
dispersion. Neuroimage 2018; 165: 200–221.

33. Yablonskiy DA and Sukstanskii AL. Generalized lorent-

zian tensor approach (GLTA) as a biophysical back-
ground for quantitative susceptibility mapping. Magn
Reson Med 2015; 73: 757–764.

34. Yablonskiy DA, Reinus WR, Stark H, et al. Quantitation
of T2’ anisotropic effects on magnetic resonance bone
mineral density measurement. Magn Reson Med 1997;

37: 214–221.
35. Liu C. Susceptibility tensor imaging. Magn Reson Med

2010; 63: 1471–1477.

36. Chappell KE, Robson MD, Stonebridge-Foster A, et al.
Magic angle effects in MR neurography. AJNR Am J
Neuroradiol 2004; 25: 431–440.

37. Kluge A, Lukas M, Toth V, et al. Analysis of three leak-

age-correction methods for DSC-based measurement of
relative cerebral blood volume with respect to heterogen-
eity in human gliomas. Magn Reson Imaging 2016; 34:

410–421.
38. Hedderich D, Kluge A, Pyka T, et al. Consistency of

normalized cerebral blood volume values in glioblastoma

using different leakage correction algorithms on dynamic
susceptibility contrast magnetic resonance imaging data
without and with prebolus. J Neuroradiology 2019; 46:
44–51.

39. Soares JM, Marques P, Alves V, et al. A hitchhiker’s
guide to diffusion tensor imaging. Front Neurosci 2013;
7: 31.

40. Hirsch NM and Preibisch C. T2* mapping with back-
ground gradient correction using different excitation
pulse shapes. AJNR Am J Neuroradiol 2013; 34:

E65–E68.
41. Baudrexel S, Volz S, Preibisch C, et al. Rapid single-scan

T 2*-mapping using exponential excitation pulses and

image-based correction for linear background gradients.
Magn Reson Med 2009; 62: 263–268.

42. Magerkurth J, Volz S, Wagner M, et al. Quantitative
T*2-mapping based on multi-slice multiple gradient

echo flash imaging: retrospective correction for subject
motion effects. Magn Reson Med 2011; 66: 989–997.

43. Welker K, Boxerman J, Kalnin A, et al. ASFNR recom-

mendations for clinical performance of MR dynamic sus-
ceptibility contrast perfusion imaging of the brain. AJNR
Am J Neuroradiol 2015; 36: E41–E51.

44. Fazekas F, Chawluk JB, Alavi A, et al. MR signal
abnormalities at 1.5 T in Alzheimer’s dementia and
normal aging. AJR Am J Roentgenol 1987; 149: 351–356.

45. Woolrich MW, Jbabdi S, Patenaude B, et al. Bayesian

analysis of neuroimaging data in FSL. Neuroimage
2009; 45: S173–S186.

46. Penny WD, Friston KJ, Ashburner JT, et al. Statistical

parametric mapping: the analysis of functional brain
images. Amsterdam: Elsevier Science, 2011.

47. Boxerman JL, Schmainda KM and Weisskoff RM.

Relative cerebral blood volume maps corrected for

contrast agent extravasation significantly correlate with
glioma tumor grade, whereas uncorrected maps do not.
AJNR Am J Neuroradiol 2006; 27: 859–867.

48. Mineura K, Sasajima T, Kowada M, et al. Perfusion and
metabolism in predicting the survival of patients with
cerebral gliomas. Cancer 1994; 73: 2386–2394.

49. Spees WM, Yablonskiy DA, Oswood MC, et al.

Water proton MR properties of human blood at
1.5 Tesla: magnetic susceptibility, T(1), T(2), T*(2), and
non-Lorentzian signal behavior. Magn Reson Med 2001;

45: 533–542.
50. Silvennoinen MJ, Clingman CS, Golay X, et al.

Comparison of the dependence of blood R2 and R2*

on oxygen saturation at 1.5 and 4.7 Tesla. Magn Reson

Med 2003; 49: 47–60.
51. Jenkinson M and Smith S. A global optimisation method

for robust affine registration of brain images. Med Image
Anal 2001; 5: 143–156.

52. Jenkinson M, Bannister P, Brady M, et al. Improved
optimization for the robust and accurate linear registra-

tion and motion correction of brain images. Neuroimage
2002; 17: 825–841.

53. Smith SM. Fast robust automated brain extraction. Hum

Brain Mapp 2002; 17: 143–155.
54. Behrens TE, Woolrich MW, Jenkinson M, et al.

Characterization and propagation of uncertainty in diffu-

sion-weighted MR imaging. Magn Reson Med 2003; 50:
1077–1088.

55. Behrens TE, Berg HJ, Jbabdi S, et al. Probabilistic diffu-
sion tractography with multiple fibre orientations: what

can we gain?. Neuroimage 2007; 34: 144–155.
56. Li X, Vikram DS, Lim IA, et al. Mapping magnetic sus-

ceptibility anisotropies of white matter in vivo in the

human brain at 7T. Neuroimage 2012; 62: 314–330.
57. Lee J, Shin HG, Jung W, et al. An R2* model of white

matter for fiber orientation and myelin concentration.

Neuroimage 2017; 162: 269–275.
58. Le Bihan D, Turner R and Douek P. Is water diffusion

restricted in human brain white matter? An echo-planar

NMR imaging study. Neuroreport 1993; 4: 887–890.
59. Mollink J, Kleinnijenhuis M, Cappellen van Walsum

A-Mv, et al. Evaluating fibre orientation dispersion in
white matter: comparison of diffusion MRI, histology

and polarized light imaging. Neuroimage 2017; 157:
561–574.

60. Wiestler B, Kluge A, Lukas M, et al. Multiparametric

MRI-based differentiation of WHO grade II/III glioma
and WHO grade IV glioblastoma. Sci Rep 2016; 6: 35142.

61. Kaczmarz S, Goettler J, Hock A, et al. Reducing T2-

related bias in mq-BOLD derived maps of Oxygen
Extraction Fraction by 3D acquisition. In: Proceedings
of the international society of magnetic resonance in medi-
cine, Paris, France, 26 June 2018.

62. Stefanovic B, Sled JG and Pike GB. Quantitative T2 in
the occipital lobe: the role of the CPMG refocusing rate.
J Magn Reson Imaging 2003; 18: 302–309.

63. Bartha R, Michaeli S, Merkle H, et al. In vivo 1H2O T
measurement in the human occipital lobe at 4T and 7T by
Carr-Purcell MRI: detection of microscopic susceptibility

contrast. Magn Reson Med 2002; 47: 742–750.

Kaczmarz et al. 773



64. Du YP, Chu R, Hwang D, et al. Fast multislice mapping
of the myelin water fraction using multicompartment
analysis of T2* decay at 3T: a preliminary postmortem

study. Magn Reson Med 2007; 58: 865–870.
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Appendix

To estimate errors of mq-BOLD-derived rOEF, linear
error propagation was performed. The function f(T2,
T
�

2, rCBV) describes the mq-BOLD-based rOEF
calculation

f T2, T
�
2, rCBV

� �
¼

1
T�2
� 1

T2

c � rCBV
ð4Þ

Linear error propagation of the function f depending
on T2, T

�

2 and rCBV leads to
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�
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with the partial derivatives
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c � rCBV2
ð8Þ

Assuming rounded WM median values of
T2¼ 80ms, T

�

2¼ 50ms, rCBV¼ 2.5% yielded an abso-
lute value of rOEF¼ f(T2¼ 80ms, T2*¼ 50ms,
rCBV¼ 2.5%)¼ 0.97 (equation (4)). Those values
were applied to the partial derivatives (equations (6)
to (8)) to estimate the absolute rOEF error in
healthy participants (equation (5)), while statistical
errors of 2.5% each for T2 and T

�

2 and 5% for
rCBV were assumed according to recent publica-
tions,1,61 resulting in �rOEF¼�f(T2¼ 80ms� 2.5%,
T
�

2¼ 50ms� 2.5%, rCBV¼ 2.5%� 5%)¼ 0.15. To
account for those approximated rOEF errors of 15%,
orientation effects were averaged over all oriented WM
voxels of all 28 evaluated participants within 5� bins.

774 Journal of Cerebral Blood Flow & Metabolism 40(4)



7.3 Journal Publication III

7.3 Journal Publication III:
Hemodynamic impairments within individual watershed areas
in asymptomatic carotid artery stenosis by multimodal MRI

The publication entitled Hemodynamic impairments within individual watershed areas in
asymptomatic carotid artery stenosis by multimodal MRI was published in the Journal
of Cerebral Blood Flow and Metabolism (JCBFM, ISSN: 1559-7016) electronically on 1
April 2020 under the Creative Commons licence BY-NC 4.0 [188]. The manuscript was
authored by Stephan Kaczmarz, Jens Goettler, Jan Petr, Mikkel Bo Hansen, Kim Mourid-
sen, Claus Zimmer, Fahmeed Hyder and Christine Preibisch. It is available online (DOI:
10.1177/0271678X19839502) under Copyright © by the Authors. Preliminary results were
also presented in conference contributions C6, C7, C8 and C13, awarded with an ISMRM
Magna Cum Laude Merit Award and ESMRMB Student Support Programme as well as
invited for oral presentation at the ESMRMB annual meeting 2019, the BRAIN & BRAIN
PET biannual meeting 2019 and DGNR annual meeting 2019, each. A summary of the
publication is provided in Section 7.3.1, the author contributions are listed in Section 7.3.2
and the full text is included subsequently on the following pages.

7.3.1 Abstract

Purpose

Improved understanding of complex hemodynamic impairments in asymptomatic internal
carotid artery stenosis (ICAS) is highly promising to better assess individual hemodynamic
impairments. Multi-parametric MRI is ideal to gain deeper insights to cerebral hemodynamics
and furthermore has great potential to improve diagnostics and support treatment decisions.
However, potentially clinically applicable methods require further evaluations and the sensitiv-
ity to hemodynamic impairments needs to be improved. We thus applied MRI-based perfusion
and oxygenation imaging in ICAS-patients with the hypothesis to increase the sensitivity to
hemodynamic impairments by applying individual watershed areas (iWSA).

Methods

For this study, 29 patients with asymptomatic, unilateral, high-grade ICAS and 30 age-
matched elderly healthy controls were scanned on a standard clinical 3T MRI-scanner and six
different hemodynamic parameters were mapped. Specifically, cerebral blood flow (CBF) using
pseudo-continuous arterial spin labeling (pCASL), cerebrovascular reactivity (CVR) using
breath-hold functional MRI (BH-fMRI), relative oxygen extraction fraction (rOEF) using
multi-parametric quantitative BOLD (mq-BOLD) as well as relative cerebral blood volume
(rCBV), capillary transit-time heterogeneity (CTH) and oxygen extraction capacity (OEC)
using dynamic susceptibility contrast (DSC) imaging were studied. Those six parameters were
evaluated in GM and WM and inside versus outside of iWSAs.

Results

Significant impairments of CBF, CVR, rCBV, OEC, and CTH were found in ICAS-patients,
but not of rOEF. Strongest lateralisation between hemispheres was found for ∆CV R = −24%.
While the spatial overlap of compromised hemodynamic parameters within each patient varied
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in a complex manner, most pronounced changes of CBF, CVR and rCBV were detected
within iWSAs. Highest sensitivity improvements to hemodynamic impairments within iWSAs
was found for ∆CV R = +117%. At the same time, OEC and CTH impairments were iWSA
independent, indicating more widespread dysfunction of capillary-level oxygen diffusivity. The
specificity of the applied methods war affirmed by normal results in the healthy controls
without hemispheric lateralization.

Conclusion

In summary, MRI-based perfusion and oxygenation sensitive parameters offer complemen-
tary information and thereby deeper perspectives on complex microvascular impairments of
individual patients. Improved sensitivity to hemodynamic impairments within iWSAs was
demonstrated. Thus, multi-parametric hemodynamic MRI is highly promising to improve
clinical diagnostics and gain a broader perspective on pathophysiological conditions in ICAS.

7.3.2 Author contributions

The first author adapted the magnetic resonance pulse sequence (proprietary hardware specific
libraries and software from Philips Medical Systems (Best, The Netherlands)), developed
and implemented the processing pipeline, processed the data, developed and implemented
the database to interpret the multi-parametric data using Matlab (Mathworks, Natick, MA);
With the help and consultation form the coauthors: designed the experiment, performed the
experiments (MR measurements), developed and implemented parts of the data post-processing
pipeline, interpreted the results, and wrote the paper.
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Original Article

Hemodynamic impairments within
individual watershed areas in
asymptomatic carotid artery
stenosis by multimodal MRI

Stephan Kaczmarz1,2,3 , Jens G€ottler1,2,3,4 , Jan Petr5 ,
Mikkel Bo Hansen6 , Kim Mouridsen6, Claus Zimmer1,
Fahmeed Hyder3 and Christine Preibisch1,2,7

Abstract

Improved understanding of complex hemodynamic impairments in asymptomatic internal carotid artery stenosis (ICAS)

is crucial to better assess stroke risks. Multimodal MRI is ideal for measuring brain hemodynamics and has the potential

to improve diagnostics and treatment selections. We applied MRI-based perfusion and oxygenation-sensitive imaging in

ICAS with the hypothesis that the sensitivity to hemodynamic impairments will improve within individual watershed

areas (iWSA). We studied cerebral blood flow (CBF), cerebrovascular reactivity (CVR), relative cerebral blood volume

(rCBV), relative oxygen extraction fraction (rOEF), oxygen extraction capacity (OEC) and capillary transit-time het-

erogeneity (CTH) in 29 patients with asymptomatic, unilateral ICAS (age 70.3� 7.0 y) and 30 age-matched healthy

controls. In ICAS, we found significant impairments of CBF, CVR, rCBV, OEC, and CTH (strongest lateralization

DCVR¼ –24%), but not of rOEF. Although the spatial overlap of compromised hemodynamic parameters within each

patient varied in a complex manner, most pronounced changes of CBF, CVR and rCBV were detected within iWSAs

(strongest effect DCVR¼þ117%). At the same time, CTH impairments were iWSA independent, indicating widespread

dysfunction of capillary-level oxygen diffusivity. In summary, complementary MRI-based perfusion and oxygenation

parameters offer deeper perspectives on complex microvascular impairments in individual patients. Furthermore,

knowledge about iWSAs improves the sensitivity to hemodynamic impairments.

Keywords

Asymptomatic internal carotid artery stenosis, cerebrovascular disease, hemodynamics, individual watershed areas,

magnetic resonance imaging
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Introduction

Asymptomatic internal carotid artery stenosis (ICAS)

is a major public health issue. It causes approximately

10% of all strokes1 and is also associated with cognitive

decline.2,3 While effective interventions are available,

they come with substantial risks.4 In this regard, iden-

tification of individual patients with high stroke risk

who could benefit from a more invasive treatment is

crucial. Multimodal magnetic resonance imaging

(MRI) of perfusion and oxygenation is highly promis-

ing to understand hemodynamic dysfunctions of ICAS

patients and to gain deeper insights into the pathology.
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This could be used for personalized stroke risk assess-
ment5 and improved treatment guidelines6 to reduce
overall risk of ischemia. While perfusion deficits in
ICAS have been investigated intensively,7–11 the rela-
tionships among different types of hemodynamic
impairments in individual patients remain unclear
and need further characterization.5 Furthermore,
improved sensitivity to even subtle hemodynamic
changes is necessary. It is already known that border
zones between perfusion territories are most vulnerable
to hemodynamic impairment.12,13 ICAS significantly
increases the spatial variability of these watershed
areas,14 e.g. by collateral flow.15 Therefore, hemody-
namic parameter evaluation within individually defined
watershed areas (iWSA)14 appears especially promising
in ICAS to increase the sensitivity.

Atherosclerotic plaque in ICAS causes decreased
cerebral perfusion pressure (CPP).16 Its impact on
hemodynamics has been studied extensively.5,10,17 In
1987, Powers et al. characterized hemodynamic
changes caused by reduced CPP in two sequential
stages.18 First, autoregulatory vasodilation causes
increased cerebral blood volume (CBV) and concomi-
tantly reduced cerebrovascular reactivity (CVR).
Second, when autoregulation can no longer compen-
sate for further decreases in CPP, the cerebral blood
flow (CBF) decreases. Consequently, an increase in the
oxygen extraction fraction (OEF) helps with sustaining
the oxidative metabolism, thereby preventing strokes.
However, experimental evidence has partially contra-
dicted this simple picture. A positron emission tomog-
raphy (PET) study in patients with carotid occlusions
demonstrated increased OEF already at supposedly
normal CBV.10 A study in an animal ischemia model
suggested reduced CBF already within the autoregula-
tory range.19 Recent MRI studies have also reported
unchanged OEF with a decreased CBF.7,11 This mis-
match between the OEF and CBF changes might indi-
cate microscopic variations of oxygen diffusivity
from the capillary bed to brain tissue, as proposed by
Hyder et al.20–22

While earlier PET studies revealed important infor-
mation on ICAS-related hemodynamic impairments,
the clinical applicability is restricted by limited avail-
ability, methodological complexity, radioactive tracer
application and high costs of 15O PET. Emerging
MRI methods now allow a comprehensive evaluation
of tissue perfusion and oxygenation, and a non-
invasive measurement of up to six hemodynamic
parameters within a single session. This provides new
possibilities to derive comprehensive information
about the localization and extent of hemodynamic
impairments. CBF and CVR can be measured non-
invasively by pseudo-continuous arterial spin labeling
(pCASL)23 and breath-hold functional MRI

(BH-fMRI),24 respectively. Previous studies have
already demonstrated that CVR can help to predict
the stroke risk.25,26 Using multi-parametric quantita-
tive BOLD (mq-BOLD) imaging, the relative oxygen
extraction fraction (rOEF) can be modeled based on
separate mapping of quantitative T2 and T2*, together
with relative CBV (rCBV) using dynamic susceptibility
contrast (DSC) imaging.27 In addition to perfusion and
mq-BOLD-based oxygenation imaging, a parametric
modeling approach for DSC data, introduced by
Jespersen and Østergaard, offers the possibility of
exploring capillary dysfunction in ICAS.28–30 Here,
capillary transit-time heterogeneity (CTH) and
oxygen extraction capacity (OEC), which describes
the maximum possible OEF, are modeled additionally
from DSC data. In combination, these six parameters
are highly promising to evaluate these novel quantita-
tive physiological MRI techniques towards personal-
ized stroke risk assessment.5

The aim of this study was therefore to gain deeper
insights into the complex interplay of hemodynamic
impairments in ICAS by measuring six microvascular
MRI biomarkers (CBF, CVR, rCBV, rOEF, OEC and
CTH) in patients with asymptomatic ICAS and age-
matched healthy controls (HC). Moreover, we aimed
to study the perfusion and oxygenation sensitive
parameters inside and outside the iWSAs. We hypoth-
esized that combinations of these perfusion and
oxygenation parameters and evaluation within
subject-specific iWSAs14 will improve the sensitivity
to hemodynamic impairments in ICAS.

Methods

Participants

Fifty-nine subjects participated in this prospective
study. We scanned 29 patients with asymptomatic,
unilateral, high-grade, extracranial ICAS (>70%
according to NASCET31 confirmed by duplex ultraso-
nography; 10 females; mean age 70.3� 7.0 years;
without TIA/stroke-like symptoms; see Table 1)
and 30 age-matched HCs (17 females; mean age
70.2� 4.8 years). Asymptomatic ICAS patients were
identified by incidental findings. Healthy controls
were enrolled by word-of-mouth advertisement from
May 2015 until May 2017. The examination included
medical history, basic neurological examination and
MRI. Exclusion criteria were any neurological, psychi-
atric or systemic diseases, clinically remarkable struc-
tural MRI findings (e.g. territorial stroke lesions,
bleedings, or a history of brain surgery), severe chronic
kidney disease or MR contraindications. The study was
approved by the medical ethical board of the Klinikum
rechts der Isar, in line with Human Research
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Committee guidelines of the Technical University of
Munich (TUM). All participants provided informed
written consent in accordance with the standard proto-
col approvals.

Image acquisition

The multimodal MRI protocol was performed using a
clinical 3T Philips Ingenia MR-Scanner (Philips
Healthcare, Best, The Netherlands) using a 16-channel
head/neck and 32-channel head receive-coil. Custom
patches were applied on software release R5.1.8 to
optimize T2* imaging by macroscopic background gra-
dient correction,32,33 to apply multiband imaging
(MB)34 and to improve pCASL by 3D GraSE readout,
prolonged labeling and improved background suppres-
sion (BGS).35 Details of the imaging protocol were as
follows (Figure 1):

• Structural imaging involved T2-weighted FLAIR
(TE¼ 289 ms, TR¼ 4800 ms, inversion delay 1650
ms, TSE factor 167, 163 slices, matrix size 224� 224,
voxel size 1.12� 1.12� 1.12 mm3, acquisition time
4:34 min) and T1-weighted MPRAGE (TE¼ 4 ms,
TR¼ 9 ms, a¼ 8�, TI¼ 1000 ms, shot interval 2300
ms, SENSE AP/RL 1.5/2.0, 170 slices, matrix size
240� 238, voxel size 1� 1� 1 mm3, acquisition time

5:59 min) to facilitate brain screening for lesions, their

rating according to the Fazekas-score36 (Rater: JG)

and tissue segmentation, respectively.
• pCASL was performed according to the ISMRM

perfusion study group consensus paper23 and as

described previously.11 Since we applied single post

label delay (PLD), a prolonged PLD of 2000 ms was

used, which followed the consensus recommenda-

tions.23 The other imaging parameters were: Label

duration 1800 ms, 4 BGS pulses, segmented 3D

GraSE readout (TE¼ 7.4 ms, TR¼ 4377 ms,

a¼ 90�, 16 slices, TSE factor 19, echo planar imag-

ing (EPI) factor 7, acquisition voxel size

2.75� 2.75� 6.0 mm3), three dynamics including a

proton density weighted (PD-weighted) M0 scan,

and an acquisition time of 5:41 min.
• BH-fMRI was performed according to Pillai et al.24

with five end-expiratory breath-holds of 15 s that

were altered with 45 s of normal breathing.

Imaging was performed by single-shot EPI with

TE¼ 30 ms, TR¼ 1200 ms, a¼ 70�, MB 2, SENSE

2, 38 slices, matrix size 64� 62, voxel size 3� 3�3

mm3, acquisition time 5:48 min.
• T2-mapping was based on an eight echo gradient-

spin-echo (GraSE) sequence as described previous-

ly27: TE1¼DTE¼ 16ms, TR¼ 8596ms, EPI factor

Table 1. Clinical characteristics for ICAS patients and healthy controls.

Patients (n¼ 29) Healthy Controls (n¼ 30) p

Age (years) 70.3� 7.0 y 70.2� 4.8 y 0.94

Female sex (No. (%)) 10 (34%) 17 (57%) 0.09

Stenotic degree (NASCET) 81.2� 10.1 % –

Stenosis left-/right-sided (No.) 10/19 –

Good collateralization 17 (59%) 20 (67%) 0.34

Smoking (No. (%)) 15 (52%) 11 (37%) 0.25

Mean pack-years in smokers 34.9 � 21.9 21.5� 15.3

Hypertension (No. (%)) 23 (79%) 16 (53%) 0.04*

Mean BP (mmHg, sys./dias.) 154�23/86�10 140�20/84�7 0.01*/0.42

Body mass index 26.3� 4.7 26.6� 4.2 0.76

Diabetes (No. (%)) 8 (28%) 2 (7%) 0.03*

Medication (No. (%))

Antiplatelets 26 (90%) 6 (20%) <0.01*

Statins 19 (66%) 7 (23%) 0.10

Antihypertensives 20 (69%) 12 (40%) 0.19

CHD/PAOD (No. (%)) 16 (55%) 6 (20%) <0.01*

MMSE 27.9� 2.6 28.6� 1.4 0.19

TMT-A (s) 49.3� 23.1 46.7� 29.7 0.72

TMT-B (s) 134.1� 65.5 116.9� 63.1 0.18

BDI 9.2� 9.9 8.4� 5.1 0.66

STAI 38.3� 14.8 24.5� 11.5 0.23

Note: Variables are represented by the mean values and standard deviations. Two-sample t-tests were used for age, BP, and body mass index. Chi-

squared test for remaining group comparisons. Asterisks indicate significant group differences (p< 0.05). Collateralization status of the circle of Willis

was assessed by the presence of ACOM and PCOMs, based on contrast agent-based angiography scans.

BDI: Beck’s depression inventory; BP: blood pressure; CHD: coronary heart disease; LBT: line bisection test; MMSE: mini-mental state examination;

PAOD: peripheral artery occlusive disease; STAI: state trait anxiety inventory; TMT-A/B: trail making test–A/B.
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47, 30 slices, gap 0.3mm, matrix 112� 91, voxel size

2� 2� 3mm3, acquisition time 2:23 min.
• T2*-mapping used a 12-echo gradient echo (GRE)

sequence featuring exponential excitation pulses to

facilitate correction of magnetic background gra-

dients33 and duplicate acquisition of the k-space

center for motion correction,37 as described previ-

ously27: TE1¼DTE¼ 5ms, TR¼ 1950ms, a¼ 30�,
mono-polar readout, 30 slices, matrix size 112� 92,

voxel size 2� 2� 3mm3, total acquisition time 6:08

min.
• DSC-MRI used dynamic acquisition of 80 single-

shot gradient-echo EPI volumes (TE¼ 30ms,

TR¼ 1513ms, a¼ 60�, 26 slices, voxel size

2.0� 2.0� 3.5mm3, acquisition time 2:01 min)

during injection of a weight-adjusted Gd-DOTA

bolus (concentration 0.5mmol/ml, dose 0.1mmol/

kg, at least 7.5mmol per subject, flow rate 4 ml/s,

injection 7.5 s after DSC imaging onset, with a 40 ml

saline flush), which followed the ASFNR recom-

mendations38 and as described previously.39

Contrast-enhanced angiography of the arteries of

the neck and the aortic arch was also performed to

exclude other relevant stenoses arteries that supply

the brain. The angiography was performed before
the DSC and also served as a prebolus.

Image analysis

All processing procedures used custom MATLAB pro-
grams (MATLAB R2016b, MathWorks, Natick, MA,
USA) and SPM12 (Wellcome Trust Centre for
Neuroimaging, UCL, London, UK). All parameter
maps were screened, especially for motion artefacts
(raters CP, SK), to exclude scans with low data quality
from the final evaluation. The following parameter
maps were calculated:

• GM and WM tissue masks were created by segmen-
tation of MPRAGE images and thresholding of
those maps with p>0.70.

• Quantitative CBF was derived from pCASL, where
label and control images were motion corrected,
averaged, subtracted, and the M0 image was includ-
ed in the calculations according to Alsop et al.23 An
additional signal reduction of 25% was assumed due
to the application of BGS.40,41 The resulting CBF
maps were smoothed by a 3D Gaussian kernel
with FWHM of 5mm. CBF maps did not show

Figure 1. Overview of MRI protocol and derived parameters. Structural imaging comprised FLAIR and MP-RAGE for lesion
detection and the generation of white matter (WM) and gray matter (GM) masks. Pseudo-continuous arterial spin labeling (pCASL)
was applied to measure cerebral blood flow (CBF) and breath-hold fMRI (BH-fMRI) for cerebral vascular reactivity (CVR). By DSC-
MRI, time to peak (TTP) maps were derived and used to generate individual watershed areas (iWSA) for each participant, which were
additionally GM/WM masked. By parametric modeling, relative cerebral blood volume (rCBV), oxygen extraction capacity (OEC), and
capillary transit-time heterogeneity (CTH) maps were calculated. By mq-BOLD, rOEF was modeled based on rCBV (normalized to
CBV¼ 2.5% in NAWM), T2 and T2*. The iWSA-mask (orange box) was applied to each of the six hemodynamic biomarkers (green
boxes) for all participants. For group level analyses, average parameter values were calculated for both hemispheres inside and outside
of iWSAs in GM and WM.
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evidence of arterial transit time (ATT) artefacts11 on
careful visual inspection of unsmoothed CBF maps
(JG, CP, SK) and as implied by a spatial coefficient
of variation <0.45 according to Mutsaerts et al.42

• Relative CVR maps were obtained from BH-fMRI
data.24 Time series data were motion corrected and
CVR was measured using beta-values that were cal-
culated by regression of a respiratory response func-
tion after correcting for a global time delay in a
model-driven approach according to Vondrácková
et al.43

• iWSAs were defined based on temporal delays in
perfusion, because of their peripheral location at
the edge of vascular territories, as previously pre-
sented.14 Temporal information was obtained from
DSC-based time-to-peak (TTP) maps. To this end,
smoothed TTP-maps were segmented semi-
automatically. Their location was confirmed by
comparison with an arterial transit time atlas and
assessment of perfusion territories by vessel selective
ASL for a subgroup of patients as previously
presented.14

• Parametric modeling of DSC-data followed the
approach of Jespersen and Østergaard28 with semi-
automated AIF definition and yielded maps of
rCBV, OEC and CTH.44,45 The approach is based
on a single capillary model (see Figure 1 in Jespersen
and Østergaard28). It assumes that oxygen extrac-
tion in a single capillary depends on the transit
time of blood. Thus, oxygen extraction depends on
flow and the difference in plasma and tissue oxygen
concentration.46,47 OEC is obtained by integrating
single capillary contributions that are weighted by
the transit time distribution of the capillaries
within the capillary bed (see Eq. 1 in Jespersen and
Østergaard28). To this end, the probability density
function of capillary transit times is parametrized as
a gamma variate function (see Eq.2 in Jespersen and
Østergaard28), which allows estimation of CTH.44,45

The CBV maps were normalized to normal appear-
ing white matter (NAWM) as previously
reported,27,39 which yielded rCBV maps (Figure 1).

• rOEF was derived by a multi-parametric implemen-
tation for the quantification of the blood oxygena-
tion level-dependent (BOLD) effect.27 The method is
based on an analytical relationship between R2’,
venous CBV and venous oxygenation that was orig-
inally derived by Yablonskiy and Haacke for ran-
domly oriented magnetized cylinders assuming static
dephasing conditions.48 Quantitative T2* and T2

parameter maps were calculated by mono-
exponential fitting of the multi-echo GRE and
even-echoes GraSE data, correcting influences of
magnetic background gradients, motion and stimu-
lated echoes as described previously.27,49 Based on

these parameter maps, R2
0 ¼ 1

T2
� � 1

T2
was calcu-

lated. DSC data were processed employing leakage
correction39,50 to calculate CBV maps, which were
normalized to CBV¼ 2.5% in normal appearing
WM (NAWM)51 yielding rCBV. Using the
mq-BOLD approach,27 rOEF was calculated as
rOEF ¼ R2

0
c � rCBV with c ¼ c � 4

3 � p � Dv � B0 and
B0 ¼ 3 T with Dv ¼ Dv0 � Hct ¼ 0:924 � 10�7,
Dv0 ¼ 0:264 � 10�6 and the small-vessel hematocrit
Hct ¼ 0:35 and c ¼ 2:675 � 108 s�1T�1.

While estimation of OEC from DSC-MRI relies on
a vascular model,44,45 estimation of rOEF by mq-
BOLD is based on an implementation27 of an analyti-
cal model48 describing spin dephasing, i.e. susceptibility
related transverse relaxation, in the presence of ran-
domly oriented magnetized cylinders, i.e. blood vessels
containing deoxygenated blood.

Individual parameter maps were calculated in each
subject’s native space, as described above.
Subsequently, all data (CBF, CVR, rOEF,
MPRAGE, GM and WM masks) were spatially core-
gistered to the individual participant’s DSC-data
(rCBV, OEC, CTH, and iWSA) using SPM12 to main-
tain iWSA-masks in native space.

Statistical analysis

The mean values of each hemodynamic parameter were
calculated separately for hemispheres ipsilateral and
contralateral to the stenosis inside and outside the
iWSAs with additional GM (iWSA-GM) and WM
(iWSA-WM) masks for each participant. Two evalua-
tions were conducted on a group level. First, the aver-
age values of each parameter within the iWSA were
compared using paired-scatter plots between both
hemispheres. This was done separately for ICAS-
patients and HCs. Absolute parameter values per hemi-
sphere were compared between ICAS-patients and
HCs. Second, the parameter lateralization between
hemispheres was compared inside vs. outside iWSAs
for GM and WM of ICAS-patients. For comparisons
between hemispheres, one-sample t-tests were applied.
For comparisons between groups, two-sample t-tests
were applied. Generally, values of p< 0.05 were con-
sidered statistically significant.

Results

Figure 2 shows exemplary data of two ICAS-patients.
These results demonstrate impairment of multiple
hemodynamic parameters. Specifically, CBF and
CVR were decreased ipsilaterally to the stenosis
and there was concomitant elevation of rCBV, OEC
and CTH. The location and strength of the
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impairments was variable for the six parameters,

e.g. regions of obvious CBF and rCBV

impairments did not overlap in the second patient

(Figure 2(b)). Furthermore, the first patient had

much more widespread CVR decreases, but no

apparent rCBV effects in the displayed slice (Figure 2

(a)). Minor focal rOEF increases were only observed in

the first patient, and they corresponded to elevated

OEC and CTH, which appeared to be spatially more

extended.

Figure 2. Exemplary parameter maps of two patients with right-sided ICAS. Hemodynamic parameter maps show individually
defined watershed areas (iWSA), CBF, CVR, rCBV, brain regions complementary to iWSAs (outside-iWSA), rOEF, OEC and CTH.
CBF and CVR were decreased ipsilateral to the stenosis in both patients (white arrows, a, b). In the first patient, focal ipsilateral rOEF
increases correspond to elevated OEC and CTH (red arrows, a). In the second patient, rCBV was ipsilaterally increased (yellow
arrow, b). Generally, OEC and CTH elevations appear spatially more expanded (red arrows, a, b). For group analyses, each hemi-
sphere’s subject-specific iWSA and outside-iWSA masks with additional GM/WM-masking were applied to parameter maps and
average values calculated within each volume of interest (VOI).
iWSA: individual watershed areas; CBF: cerebral blood flow; CVR: cerebrovascular reactivity; rCBV: relative cerebral blood volume;
rOEF: relative oxygen extraction fraction; OEC: oxygen extraction capacity; CTH: capillary transit-time heterogeneity.
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Group level comparisons between hemispheres in
ICAS-patients showed statistically significant laterali-
zation of all evaluated parameters (p< 0.01), except
for rOEF (Figures 3 and 4). Those lateralization of
CBF, CVR, rCBV, OEC and CTH in ICAS-patients
were significantly different from HCs (p< 0.05). In
HCs, all parameters were symmetrical between hemi-
spheres. Although OEC showed significant side differ-
ences in HCs (p< 0.001), the magnitude of differences
was negligible (OEC¼ 0.38 in both hemispheres within
iWSA-GM, Table 2). In the patients, CBF was
decreased in the hemisphere ipsilateral to the stenosis
(lateralization DCBF¼ –18% in iWSA-GM, p< 0.001,
Figure 3). Absolute CBF values in the contralateral
ICAS hemisphere were comparable to HCs (CBF in
iWSA-GM� 30ml/100g/min). For CVR, beta-values
were statistically significantly decreased ipsilateral to

the stenosis (–15% in iWSA-GM, p< 0.001).
Contralateral CVR values in GM were decreased com-
pared to HCs, while contralateral CVR values in WM
were comparable to HCs. Relative CBV was signifi-
cantly increased in the ipsilateral ICAS hemisphere
compared to the contralateral hemisphere (þ5% in
iWSA-GM, p< 0.01). Values of rCBV in the contralat-
eral ICAS hemispheres were comparable to HCs within
WM, while rCBV in GM was decreased in both ICAS
hemispheres compared to HCs. Analysis of rOEF
revealed symmetry between hemispheres with compa-
rable values to HCs (rOEF� 0.6 in iWSA-GM,
Figure 4). Only the variability of rOEF was increased
across ICAS-patients (bilaterally increased standard
deviation (SD) by þ50% compared to HCs within
iWSA-GM, Table 2). Values of OEC and CTH were
ipsilaterally increased (OEC by þ12% and CTH by

Figure 3. Paired scatterplots comparing perfusion-related parameters between hemispheres within iWSAs in GM (a) and WM (b).
CBF, CVR, and rCBV are compared for ICAS patients and healthy controls. To facilitate direct comparisons, scatterplots of parameter
values in GM and WM of iWSAs are stacked in (a) and (b). Dots represent the mean parameter values of each subject within iWSAs in
GM or WM – lines connect the mean values of both hemispheres from the same subjects. Dashed red lines indicate parameter’s group
mean values within each hemisphere. In ICAS patients, all parameters showed statistically significant differences between hemispheres
(one-sample t-test, p< 0.05, asterisks) and lateralization was also significantly different from HCs (two-sample t-test, p< 0.05, double
asterisks). All parameters were symmetrical between the hemispheres of HCs.
ICAS: internal carotid artery stenosis; CBF: cerebral blood flow; CVR: cerebrovascular reactivity; rCBV: relative cerebral blood
volume; iWSA: individual watershed areas.
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þ18% within iWSA-GM, p< 0.001, Figure 4).

Furthermore, the CTH variability was increased (SD

by þ41% in ipsilateral iWSA-GM compared to HCs,

Table 2). All average hemisphere’s parameter values

are summarized in Table 2.
Parameter lateralization in ICAS-patients was com-

pared inside vs. outside iWSAs and separately masked

with GM and WM (Figure 5(a) and (b), respectively).

Generally, CBF, CVR and rCBV showed stronger lat-

eralization inside iWSAs compared to outside iWSAs.

In detail, CBF and CVR were significantly lateralized

in all masks, inside as well as outside of iWSA-GM and

iWSA-WM (p< 0.01). Despite CBF and CVR lateral-

ization outside iWSAs, the effects inside iWSAs were

still significantly stronger (þ117% for DCVR inside vs.

outside iWSA-GM, p< 0.01). Additionally, the effects

in WM were stronger (Figure 5(b)) compared to GM

(Figure 5(a)). For example, lateralization of CBF

and CVR was stronger within iWSA-WM (DCBF¼
DCVR¼ –24%) versus iWSA-GM (DCBF¼ –18%

and DCVR¼ –15%). The effects of DrCBV were simi-

lar to DCBF and DCVR but had the opposite sign.

Relative CBV was also significantly lateralized outside

iWSAs but was significantly stronger affected inside

iWSA-WM (þ96% for DrCBV iWSA-WM inside vs.

outside, p¼ 0.016) and with a strong trend for iWSA-

GM (þ56%, p¼ 0.058). Nevertheless, lateralization

of rCBV was weaker compared to CBF or CVR

(DrCBV¼ 6% vs. DCBF¼DCVR¼ –24% within

iWSA-WM). Regarding OEC and CTH, lateralization

was observed in all masks, specifically inside/outside

iWSA-GM/WM (10% to 18%). Contrary to the

Figure 4. Paired scatterplots comparing oxygenation-related parameters between hemispheres within iWSAs in GM (a) and WM
(b). rOEF, OEC and CTH are compared for ICAS patients and healthy controls. To facilitate direct comparisons, scatterplots of
parameter values in GM and WM are stacked in (a) and (b). Dots represent mean parameter values of each subject within iWSA in
GM or WM – lines connect mean values of both hemispheres from the same subjects. Dashed red lines indicate parameter’s group
mean values within each hemisphere. In ICAS patients, all parameters except rOEF showed statistically significant differences between
hemispheres (one-sample t-test, p< 0.05, asterisks) and lateralization was also significantly different from HCs (two-sample t-test,
p< 0.05, double asterisks). Although OEC showed significant side differences in HCs, the magnitude of differences was negligible. All
parameters were symmetrical between the hemispheres of HCs.
rOEF: relative oxygen extraction fraction; OEC: oxygen extraction capacity; CTH: capillary transit-time heterogeneity; iWSA: indi-
vidual watershed areas; ICAS: internal carotid artery stenosis.

8 Journal of Cerebral Blood Flow & Metabolism 0(0)



previously reported parameters, OEC and CTH were

similarly affected inside and outside iWSAs. In addi-

tion, DOEC and DCTH lateralization was comparable

in GM (Figure 5(a)) and WM (Figure 5(b)).

Discussion

In this study, we present a multimodal MRI-based

investigation of hemodynamic impairments in unilater-

al ICAS. Specifically, we explored whether six perfu-

sion and oxygenation sensitive parameters were

affected more inside vs. outside iWSAs. CBF was mea-

sured with a single-PLD pCASL, CVR by breath-hold

fMRI (BH-fMRI), rCBV by DSC, rOEF by mq-BOLD

and OEC as well as CTH by parametric modeling of

DSC-data. Individual WSAs were defined semi-

automatically using DSC-based TTP maps.
We showed impairments of CBF, CVR, rCBV, OEC

and CTH – but not of rOEF – in unilateral ICAS-

patients. We also showed that all parameters were

unaffected in our healthy control cohort, which

affirmed the specificity of the selected parameters.

According to our hypothesis, impairments of CBF,

CVR and rCBV in ICAS were more pronounced

inside iWSAs than outside. In addition, impairments

were stronger in WM compared to GM. At the same

time, OEC and CTH were severely impaired, but inde-

pendent of iWSA locations. Measured impairments of

the individual parameter values were in agreement with

previously reported literature values. Beyond that,

comparisons of complex multimodal parameter altera-

tions offer a broader perspective on the pathophysio-

logical conditions of complex microvascular

impairments in ICAS, which is discussed below.

Impaired perfusion (CBF, CVR and rCBV)

Ipsilateral to the stenosis, we measured decreased CBF

(–18% in iWSA-GM), which is in agreement with pre-

vious PET52 and MRI studies7,53 as well as the model

of Powers et al.18 In the contralateral hemisphere,

absolute CBF values were comparable to HCs, but

the variability was increased (SD across subjects

increased by þ22% in patients compared to HCs

within iWSA-GM). This could be explained by subject

specific collateralizations of blood flow,15 that affect

the contralateral hemisphere, and thereby increasing

the inter-subject variability of contralateral CBF.

Even though no obvious signs of arterial delay

artefacts were found, CBF in watershed areas of

ICAS-patients may potentially be affected by delayed

blood arrival.54–58

We detected decreased CVR on the side of the ste-

nosis in ICAS-patients (�15% compared with contra-

lateral values and –29% compared with HCs in iWSA-

GM), as predicted by the basic hemodynamic model

and in agreement with other studies.5,24 We also

found decreased CVR in the contralateral hemisphere

(–18% compared with HCs in iWSA-GM). This can be

explained by blood flow collateralization from the con-

tralateral side, which caused hemodynamic stress even

in the contralateral hemisphere. Those observed bilat-

eral effects have been described previously59 and high-

light the fact that unilateral ICAS can affect both

hemispheres. Nevertheless, CVR on a group level was

still significantly lateralized between the hemispheres

(DCVR¼ –24% in iWSA-WM), which underlines the

high sensitivity of hemispheric CVR comparisons.
We also found lateralization of rCBV with higher

values ipsilateral to the stenosis (þ5% in iWSA-GM),

Table 2. Average hemodynamic parameter values inside GM and WM of iWSAs.

Mask Group Hemisphere

Hemodynamic parameters

CBF (ml/100g/min) CVR (Beta) rCBV (%) rOEF OEC CTH (s)

iWSA-GM Healthy Left 29.7� 5.7 28.9� 5.8 4.59� 0.37 0.58� 0.05 0.38� 0.07 * 2.75� 0.95

Right 28.8� 5.6 29.1� 5.8 4.57� 0.45 0.59� 0.05 0.38� 0.07 * 2.81� 0.95

ICAS Ipsi 25.1� 6.9 * 20.5� 5.9 * 4.43� 0.36 * 0.58� 0.08 0.38� 0.08 * 3.03� 1.34 *

Contra 30.0� 6.9 * 23.8� 6.6 * 4.23� 0.38 * 0.59� 0.07 0.34� 0.10 * 2.54� 1.23 *

iWSA-WM Healthy Left 21.5� 4.5 16.7� 4.6 2.48� 0.08 0.99� 0.09 0.42� 0.07 * 3.42� 1.20

Right 20.7� 4.0 15.9� 3.1 2.47� 0.08 1.01� 0.10 0.44� 0.07 * 3.48� 1.11

ICAS Ipsi 17.1� 5.5 * 12.2� 3.1 * 2.62� 0.16 * 0.96� 0.12 0.44� 0.07 * 3.81� 1.70 *

Contra 21.8� 6.0 * 15.6� 5.6 * 2.47� 0.10 * 0.98� 0.10 0.39� 0.09 * 3.25� 1.44 *

Note: Hemodynamic parameters CBF, CVR, rCBV, rOEF, OEC and CTH were evaluated inside masks of iWSA in GM and WM for healthy controls and

ICAS patients, and comparisons were made between both hemispheres. For healthy controls, left vs. right hemispheres were compared and for ICAS

patients between hemispheres ipsilateral vs. contralateral to the stenosis (mean� standard deviation). Statistically significant differences based on

t-tests between hemispheres are indicated by asterisks.

CBF: cerebral blood flow; CVR: cerebrovascular reactivity; rCBV: relative cerebral blood volume; rOEF: relative oxygen extraction fraction; OEC:

oxygen extraction capacity; CTH: capillary transit-time heterogeneity iWSA: individual watershed areas; ICAS: internal carotid artery stenosis.
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which was expected from the model and also agrees

with previous publications.18,52,53,60,61 Ipsilateral

rCBV increases alongside with decreased CVR, which

confirmed the assumed chronic vasodilation.62

However, we also observed bilateral effects. Values of

rCBV within iWSA-GM in both hemispheres were gen-

erally lower for ICAS-patients compared to HCs,

which is in excellent agreement with previous PET

measurements.60 Within iWSA-WM masks, rCBV

was comparable in contralateral ICAS hemispheres

Figure 5. Parameter’s lateralization between hemispheres inside vs. outside of iWSAs in GM (a) and WM (b). Lateralization was
calculated from differences of mean values between hemispheres ipsilateral and contralateral to the stenosis. Four VOIs were
compared (see exemplary inlays): inside iWSAs in GM (orange, a), outside iWSAs in GM (light blue, a), inside iWSAs in WM (red, b)
and outside iWSAs in WM (dark blue, b). Negative DCBF and DCVR corresponded to decreased values ipsilateral to the stenosis,
while DrOEF was unaffected and DrCBV, DOEC and DCTH were increased. Asterisks indicate statistically significant lateralization
(one-sample t-test, p< 0.01). ICAS-related impairments of DCBF, DCVR and DrCBV were statistically significantly enhanced inside of
iWSAs compared to the outside of iWSAs (double asterisks, one-sample t-test, p< 0.05).
CBF: cerebral blood flow; CVR: cerebrovascular reactivity; rCBV: relative cerebral blood volume; OEC: oxygen extraction capacity;
CTH: capillary transit-time heterogeneity.
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and HCs (�2.5%, Table 2), due to our processing with
rCBV normalization to 2.5% in NAWM.27,51

Spatial variability of perfusion impairments

Interestingly, the localizations of CBF, CVR, and
rCBV impairment were highly variable among patients.
In addition, the spatial overlap of compromised hemo-
dynamic biomarkers within the same subject was highly
variable. These effects clearly demonstrate the limita-
tion of the simplified model that was proposed by
Powers et al.18 on a single subject level. It furthermore
demonstrated that the evaluated parameters
indeed yielded complementary information (see
Supplemental Figure 1) about different pathophysio-
logical effects. For example, the ICAS patient pre-
sented in Figure 2(a) showed spatially non-congruent
impairments of CBF and CVR without obvious rCBV
effects. In contrast, the second patient shown in
Figure 2(b) demonstrated rCBV and CVR effects at
very similar locations, while CBF was impaired in
other regions. We assume two major causes for this
high inter-subject spatial variability. First, the varying
degrees of the stenosis (81.2� 10.1%, Table 1) influ-
enced the CPP decreases and this explains inter-
subject variations of hemodynamic impairments.
Second, configurations of the circle of Willis can vary
a great deal among patients and can cause very differ-
ent collateralization patterns.15,63 An unilateral CPP
decrease in ICAS together with high recruitment of
collateral blood flow can cause strong shifts of perfu-
sion territories in the entire brain.14,63 Consequently,
locations of hemodynamic impairments are highly sub-
ject specific. At the same time, different hemodynamic
mechanisms are indicated to act at different locations,
which complicated the interpretation of individual
maps of hemodynamic biomarkers. Therefore, our pro-
posed protocol for measurements of multiple hemody-
namic biomarkers within a single imaging session is a
promising method that can help to better explain
highly subject specific impairments. Additionally, eval-
uation within iWSAs indeed helps to overcome the dis-
turbing effects of the high spatial variability, as iWSAs
specifically select the most severely impaired areas of
CBF, CVR and rCBV at the same time, as initially
hypothesized.

The perfusion impairments of CBF, CVR and rCBV
were found to be enhanced in WM compared to GM of
iWSAs. The stronger lateralization of DCBF and
DrCBV in unilateral ICAS within WM agreed with
results from a previous study.61 Physiologically, the
stronger effects within WM-iWSAs can be well
explained by the architecture of the blood supply to
GM and WM.13 Sections of iWSAs in WM are
expected to be located at the most distal arterial

branches, where CPP is generally assumed to be the
lowest. Additional influencing factors may also be
due to delay effects in single-PLD pCASL54–56 and
delay effects in CVR-imaging.64 Even though CBF
evaluation by ASL is known to be challenging in
WM due to a lower SNR23 and partial volume
effects,65 a previous study showed its sensitivity to
WM perfusion deficits,66 which was also supported
by our successful evaluations on a group level.
Overall, our measured impairments of CBF, CVR
and rCBV in WM are consistent with previous reports
in the literature61 and indicate the highest sensitivity to
hemodynamic impairments within WM of iWSAs.

Oxygenation

In contrast to the previously discussed perfusion
parameters, average rOEF values by mq-BOLD were
found to be unaffected in ICAS-patients. On a group
level, we neither found lateralization between
hemispheres nor significant differences between
ICAS-patients and the HC-group. This finding of an
unaffected rOEF with concomitant ipsilateral CBF
decreases was in excellent agreement with a recent
study from Bouvier et al. using a very similar method-
ology.7 Using the model of Power et al.,18 these results
implied that high-grade asymptomatic ICAS-patients
are not yet in the range of misery perfusion.67

Nevertheless, individual patients showed slight focal
increases of rOEF, which probably contributed to the
observed increase in rOEF variability in ICAS-patients
within both hemispheres (bilateral SD increased by
þ50% in ICAS compared to HCs within iWSA-GM,
Table 2). This is in agreement with a PET study, that
demonstrated bilateral increases of OEF variability in
ICAS-patients compared to controls.60

According to Power’s model,18 which is based on
Fick’s principle in an iso-metabolic state,68 rOEF
should increase in regions of reduced CBF to maintain
the oxidative metabolism. An explanation for this
apparent mismatch of reduced CBF and unchanged
rOEF might be subtle damage to the neuronal tissue
due to previous, temporary lapses in oxygen, which
agrees with the subtle cognitive impairments detected
in our study cohort.2 Another possibility is that addi-
tional factors regulate the cerebral oxygen delivery as
proposed by Hyder et al.20–22 Their model permits
changes in oxygen diffusivity at the capillary level due
to changes in perfusion and also related alterations in
rheological parameters at the microscopic level. Tube
hematocrit, defined as the instantaneous volume frac-
tion of red blood cells (RBCs) in a capillary, may
change dynamically as the velocities of RBCs and
plasma in capillaries are not equivalent. Tube hemato-
crit is uniquely different from discharge hematocrit,
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which is a measure of volume percentage of RBCs in
blood and consistently approximates systemic hemato-
crit values. Thus, differences between tube and dis-
charge hematocrit could explain our results and this
could also explain the variability in local regulation
observed across our subjects.69 Alternatively, varia-
tions in oxygen diffusivity may also have an association
with the above discussed increased rOEF variability,
i.e. oxygen diffusivity might be more severely altered
in some patients. Thus, direct MRI-based measure-
ments of oxygen diffusivity would be highly promising
to better understand the complexities of cerebral
oxygen delivery.

Germuska et al. recently proposed an interesting
technique for modeling oxygen diffusivity based on
MRI measurements during gas challenges.70

However, their combination of competing models,
namely where oxygen diffusion is either limited71 or
not,20 requires further research. Oxygen diffusivity at
the systemic level is determined by the discharge hemat-
ocrit. As correlations between high blood pressure and
elevated discharge (or systemic) hematocrit have been
demonstrated72,73 and many of our ICAS-patients
showed hypertension (79%, see Table 1), the systemic
hematocrit level of our patients might be elevated.
Following this argumentation, the higher blood pres-
sure in ICAS could be potentially linked to a higher
variability in oxygen diffusivity and thus increased
rOEF variability. However, since we did not measure
hematocrit levels in our participants, future studies
evaluating hematocrit levels are clearly required to fur-
ther evaluate this hypothesis.

Capillary transit time heterogeneity and dysfunction

Based on parametric modeling of DSC-data, we
observed increased capillary transit-time heterogeneity
on the side of the stenosis, which was in accordance
with a previous study in ICAS-patients.30

Interestingly – and unlike previously discussed for
CBF, CVR and rCBV – we found that CTH laterali-
zation was independent of iWSA locations. These CTH
impairments beyond iWSAs are in agreement with a
recent study that demonstrated a spatial mismatch of
CTH and Tmax impairments.30 Since Tmax is closely
related to TTP, which was used to delineate our
iWSAs,14 our finding of mismatching CTH impair-
ments and iWSA regions excellently agreed with their
findings. A possible physiological explanation might be
that TTP is more sensitive to macrovascular perfu-
sion,74 while CTH is assumed to be particularly sensi-
tive to capillary flow.30

Lateralization of CTH outside-iWSA was stronger
than for any other parameter (�16% outside iWSAs).
This result points to a more widespread microvascular

pathology beyond areas that are obviously affected by
perfusion deficits. It is, therefore, possible that CTH
offers complementary information about microscopic
rheological events of capillary hemodynamics compared
to CBF, CVR and rCBV, as these behave fundamentally
differently inside and outside of iWSAs. Consequently,
CTH is a promising early indicator of microvascular
impairments in ICAS with rather subtle CPP decreases.
At the same time, CTH may detect spatially more wide-
spread microvascular involvement compared to CBF,
CVR or rCBV. As DSC-imaging could be applied in
standard clinical diagnostic MRI of ICAS in the
future,75 additional promising information could be
gathered by parametric modeling with respect to CTH.

Furthermore, there might be a link between CTH and
the previously discussed oxygen diffusivity. As most
oxygen diffusion through the vessel walls is expected
to come from the capillaries,76 capillary flow patterns
have also been linked with the efficacy of oxygen extrac-
tion.53 Thus, variations in the oxygen diffusivity may be
potentially moderated by CTH.28,77 Along this line, in
2012, Jespersen and Østergaard proposed to additional-
ly derive information on tissue oxygen supply via para-
metric modeling of DSC-data.28 They claimed that CTH
increases would at some point result in a decrease of
OEC, a condition they termed ‘malignant’ CTH.
Following their argumentation, ICAS-patients in our
cohort would still reside in the regime of benign CTH
with rather increased OEC, which agrees with our obser-
vations. With respect to a rather qualitative interpreta-
tion, exemplary parameter maps imply some congruency
of spatial patterns between OEC and CTH maps in our
subjects. Furthermore, lateralization of DOEC and
DCTH was similar on a group level (Figure 4) and
also among individual ICAS-patients (see
Supplemental Figure 1). Thus, a mild to moderate vas-
cular pathology is implied in our patients with reduced
perfusion pressure and capillary constrictions, but rather
no capillary occlusions, according to previously pre-
sented simulations.78 However, the exact physiological
interpretation of OEC is difficult because it relies on the
validity of a complex modeling approach, which requires
further investigation. Even though OEC and rOEF are
both supposed to be related to cerebral oxygenation,
average OEC and rOEF values did not correlate
within iWSAs (see Supplemental Figure 2). This is cer-
tainly due to the fact that they rely on different models
as introduced in the methods (see ‘Image analysis’ sec-
tion in the methods description).

Applicability and Limitations

This study has several strengths, but also some limita-
tions. An obvious strength is the simultaneous multi-
modal assessment of cerebral perfusion and
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oxygenation parameters, which allows the evaluation
of specific stenosis-related hemodynamic effects
within subjects. Given the high variability of the hemo-
dynamic situation in individual patients (see
Supplemental Figure 1), multimodal MRI is especially
promising to evaluate subject specific impairments.

Regarding the different applied methods, CBF
imaging by pCASL is a very promising non-invasive
method for initial non-invasive diagnostics.23

However, it is not applicable after stenting, because
of SAR limitations. We sought to minimize potential
delay effects of single-PLD pCASL by using longer
PLDs, as suggested by the consensus recommenda-
tions.23 Those delay effects are a generally known
methodological issue of single-PLD pCASL.54–56 We
did not observe obvious signs of major delays in the
label arrival by visual and quantitative inspection of
our data. However, quantitative errors in the regions
with potentially prolonged longer ATT, such as the
watershed areas, cannot completely be excluded.57,58

To address this issue in the future, time-encoded ASL
could be applied.79,80 Generally, measured CBF was
lower than expected, which has been observed before
with this dataset11 and can be explained by the
applied BGS.40,41

Breath-hold fMRI for CVR imaging is sensitive to
impairments in ICAS, non-invasive, easy to apply, and
applicable after stenting. Although our implementation
of BH-fMRI was limited by use of comparably short
CO2 stimuli and unknown end-tidal CO2 concentra-
tions,24 the applied scheme using 15 second breath-
holds already demonstrated good reproducibility81

and was found to be adequate for relative CVR com-
parisons.24 To further increase the reliability, we per-
formed a comprehensive analysis applying a
respiratory response function.43 Theoretically, motor
cortex activation may cause minor bilateral effects.
As an alternative, gas challenges could be applied
that would be more precise, but also more complicat-
ed.24 Using gas challenges, additional voxel-wise delay
information can be derived, which already showed
promising results in Moyamoya patients.82

DSC imaging offers a broad range of different
parameters and promising information about capillary
dysfunction when using parametric modeling.
However, the currently ongoing discussion about con-
trast agent accumulations should be considered.83

Measurements of rOEF by mq-BOLD did not show
direct benefits for diagnostic evaluation of our high-
grade, asymptomatic ICAS-patients. Nevertheless,
research studies can benefit from concomitant rOEF
and CBF measurements when investigating the
oxygen metabolism.11 Despite the known systematic
rOEF elevations in mq-BOLD27,84 and neglect of intra-
vascular signal contributions as well as vessel size

dependent hematocrit variations, this method has
been successfully applied in studies on different brain
pathologies and compares well with PET measure-
ments.11,27,49,85–87 Furthermore, improved quantitative
T2 mapping by a 3D GraSE sequence significantly
reduces rOEF values toward lower, physiologically
more realistic values.84 This is a viable alternative for
future studies. The application of mq-BOLD in WM
could be considered another potential limitation, as the
underlying model assumes randomly oriented blood
vessels.48 Although vessel orientation effects in WM
have been observed,88 recently, reasonably low
orientation-related errors of mq-BOLD were demon-
strated in WM.89

Future multi-center studies – such as the CREST-H
study75 – are clearly necessary to further resolve current
limitations and to gain an even deeper understanding
of the hemodynamic impairments in ICAS. Finally,
improvement in the treatment guidelines could be
achieved by considering perfusion and oxygen sensitive
biomarkers. In addition to possible future applications
in ICAS, the proposed MRI protocol is also highly
promising for application in other cerebrovascular dis-
eases (CVD), which are often also associated with ele-
vated stroke risks.5

Conclusion

In the presented study, we demonstrated the sensitivity
of our multimodal MRI protocol to detect hemody-
namic impairments in unilateral ICAS. Hemodynamic
parameters were found to be clearly lateralized between
hemispheres in ICAS-patients, whereas in HCs, all
parameters were symmetrical between the hemispheres
affirming specificity. As hypothesized, the most pro-
nounced changes of CBF, CVR and rCBV in ICAS-
patients were detected within iWSAs. Contrary to
simple models, we found subject-specific impairments
of the investigated six parameters CBF, CVR, rCBV,
rOEF, CTH, and OEC, which demonstrated their abil-
ity to yield complementary information about the
underlying pathology. We also found contralateral
effects in some patients, which can be explained by
collateral flow. Interestingly, CTH and OEC increases
were independent of iWSA locations, which indicated
more widespread impairments of capillary function.
Our results offer substantial improvement in under-
standing the relationship of involved parameters in
individual patients. Therefore, multimodal MRI is
highly promising to improve clinical diagnostics of
asymptomatic ICAS by accounting for individual
hemodynamic impairments towards personalized
stroke risk assessment. Most importantly, application
of iWSAs increased the sensitivity for impairments of
CBF, CVR and rCBV. Thus, knowledge about iWSA
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locations can even facilitate detection of subtle hemo-
dynamic changes using standard MRI protocols.
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7 Journal Publications

7.4 Journal Publication IV:
Oxygen extraction fraction mapping with multi-parametric
quantitative BOLD MRI: reduced transverse relaxation bias
using 3D-GraSE imaging

The publication entitled Oxygen extraction fraction mapping with multi-parametric quantitative
BOLD MRI: reduced transverse relaxation bias using 3D-GraSE imaging was published in
Neuroimage (ISSN: 1053-8119) electronically on 26 June 2020 under the Creative Commons
licence BY-NC-ND [189]. The manuscript was authored by Stephan Kaczmarz, Fahmeed
Hyder and Christine Preibisch. It is available online (DOI: 10.1016/j.neuroimage.2020.117095)
under Copyright © by the Authors. Preliminary results were also presented in the conference
contribution C15. A summary of the publication is provided in Section 7.4.1, the author
contributions are listed in Section 7.4.2 and the full text included on the following pages.

7.4.1 Abstract

Purpose

Quantitative cerebral oxygen extraction fraction (OEF) mapping is of high merit for clinical
applications in several diseases. Furthermore, there is high potential of OEF mapping in
neuroscientific studies, as the oxygenation is closely linked with neuronal activity. The MRI-
based multi-parametric quantitative BOLD (mq-BOLD) technique facilitates whole brain
relative OEF (rOEF) mapping and relies on three separate measurements of the transverse
relaxation times T2 and T ∗2 as well as the relative cerebral blood volume (rCBV). Despite of
previous successful applications in clinical studies, measured rOEF values were systematically
elevated with average GM values around 0.7 instead of expected values in the range of
OEF=0.35-0.56, which limits quantitative interpretations and impedes its clinical usability.
Those overestimations have been assumed to be related to slice refocussing imperfections
caused by stimulated echoes during T2 imaging by 2D GraSE. We thus hypothesized to
improve mq-BOLD towards lower, physiologically more meaningful rOEF values by applying
non-slice selective T2 mapping by 3D-GraSE. Therefore, T2 related bias in mq-BOLD was
compared in vitro and in vivo, in 25 participants.

Methods

Scans were performed with a phantom containing six flasks with different T2 times covering
typical cerebral values as well as in 25 participants, including young healthy controls (YHC),
elderly healthy controls (EHC) and patients with asymptomatic, unilateral high-grade internal
carotid artery stenosis (ICAS) on a 3T clinical MRI scanner. The impact of T2-mapping on
mq-BOLD was compared for the initially applied 2D GraSE and two proposed 3D GraSE
sequences together with additional T ∗2 and rCBV imaging. While 3D GraSE I had similar
echo timings and scan time as 2D GraSE, 3D GraSE II was improved by shorter echo spacings,
more echoes and prolonged echo train. Phantom reference measurements were performed
by multiple single spin echoes. Additionally, a procedure was introduced to identify and
exclude artefact affected voxels. Furthermore, super-selective arterial spin labeling (ss-ASL)
was applied in ICAS patients to assess the individual perfusion territories.
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Results

In the phantom, T2 by 3D-GraSE agreed better with the reference values compared to 2D
GraSE. Average quantitative T2 deviations decreased by 57 %. For in vivo scans, formerly
overestimated rOEF values were reduced by -27 % (p<0.001) with 3D GraSE and artefact
exclusion. While both 3D sequences significantly lowered T2 values in all groups in line with
literature values, best performance was achieved by 3D GraSE II with improved echo sampling.
Derived average GM rOEF=0.51 significantly improved and is much closer to literature values.
Furthermore, the proposed artefact detection successfully excluded voxels with elevated fit
errors, iron depositions and higher magnetic background gradients. Interestingly, a focal rOEF
increase in ICAS became only apparent with 3D GraSE, indicating improved sensitivity to
pathophysiological hemodynamic impairments. Pathologic origins of the focal rOEF elevation
were supported by their locations at the perfusion territory border zone, measured by ss-ASL.

Conclusion

In summary, 3D GraSE significantly improved rOEF mapping by mq-BOLD, which allows
whole brain coverage within clinically feasible scan times and broad availability by using
mainly standard clinical sequences. Thus, mq-BOLD with non-slice selective T2 imaging is
highly promising for future clinical and neuroscientific applications.

7.4.2 Author contributions

The first author adapted the magnetic resonance pulse sequence (proprietary hardware specific
libraries and software from Philips Medical Systems (Best, The Netherlands)), designed the
experiment, performed the experiments (MR measurements), developed and implemented the
processing pipeline, processed the data, developed and implemented the database to interpret
the multi-modal data using Matlab (Mathworks, Natick, MA); With the help and consultation
form the coauthors: interpreted the results and wrote the paper.

The program code for post processing of mq-BOLD data for neuroscientific applica-
tions is also publicly available at https://doi.org/10.5281/zenodo.3909300 and https:

//gitlab.lrz.de/nmrm_lab/public_projects/mq-BOLD.
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A B S T R A C T

Magnetic resonance imaging (MRI)-based quantification of the blood-oxygenation-level-dependent (BOLD) effect
allows oxygen extraction fraction (OEF) mapping. The multi-parametric quantitative BOLD (mq-BOLD) technique
facilitates relative OEF (rOEF) measurements with whole brain coverage in clinically applicable scan times. Mq-
BOLD requires three separate scans of cerebral blood volume and transverse relaxation rates measured by
gradient-echo (1/T2*) and spin-echo (1/T2). Although the current method is of clinical merit in patients with
stroke, glioma and internal carotid artery stenosis (ICAS), there are relaxation measurement artefacts that impede
the sensitivity of mq-BOLD and artificially elevate reported rOEF values.

We posited that T2-related biases caused by slice refocusing imperfections during rapid 2D-GraSE (Gradient
and Spin Echo) imaging can be reduced by applying 3D-GraSE imaging sequences, because the latter requires no
slice selective pulses. The removal of T2-related biases would decrease overestimated rOEF values measured by
mq-BOLD. We characterized effects of T2-related bias in mq-BOLD by comparing the initially employed 2D-GraSE
and two proposed 3D-GraSE sequences to multiple single spin-echo reference measurements, both in vitro and in
vivo. A phantom and 25 participants, including young and elderly healthy controls as well as ICAS-patients, were
scanned. We additionally proposed a procedure to reliably identify and exclude artefact affected voxels. In the
phantom, 3D-GraSE derived T2 values had 57% lower deviation from the reference. For in vivo scans, the formerly
overestimated rOEF was reduced by �27% (p < 0.001). We obtained rOEF ¼ 0.51, which is much closer to
literature values from positron emission tomography (PET) measurements. Furthermore, increased sensitivity to a
focal rOEF elevation in an ICAS-patient was demonstrated.

In summary, the application of 3D-GraSE improves the mq-BOLD-based rOEF quantification while maintaining
clinically feasible scan times. Thus, mq-BOLD with non-slice selective T2 imaging is highly promising to improve
clinical diagnostics of cerebrovascular diseases such as ICAS.

1. Introduction

As the brain has high energy demands without oxygen storage ca-
pacities, cerebral oxygen supply is crucial (Hyder, 2009). An important
parameter of oxygen supply is the oxygen extraction fraction (OEF),
which is defined as the ratio of oxygen consumed by the brain to oxygen
delivered. OEF has high potential to improve diagnosis of cerebrovas-
cular diseases (CVD) as a biomarker of hemodynamic function (Donahue
et al., 2018). In patients with internal carotid artery stenosis (ICAS),
correlations between higher OEF and increased stroke risks were found

(Baron et al., 1981; Derdeyn et al., 2002; Powers et al., 2011) as well as
local flow-metabolism uncoupling (Goettler et al., 2019). Furthermore,
OEF is of interest for neuroscientific applications (Epp et al., 2019), as
cerebral oxygen consumption supports neuronal activity (Hyder et al.,
2002; Shu et al., 2016a, 2016b; Smith et al., 2002).

OEF measurements were originally established by 15O labeled water
PET (Donahue et al., 2018). However, its application is limited due to the
administration of short-lived radioactive 15O-tracers, invasive arterial
blood sampling and restricted availability of PET-facilities with an onsite
cyclotron. Thus, several non-invasive MRI-based alternatives have been
proposed (Blockley et al., 2012; Pike, 2012). An easily applicable
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technique with full brain coverage is multi-parametric quantitative BOLD
(mq-BOLD) (Hirsch et al., 2014). This approach relies on the biophysical
model of Yablonskiy and Haacke (1994) and derives relative OEF (rOEF)
based on three separate measurements of transverse relaxation times by
spin-echo (T2) and gradient-echo (T2*) as well as the relative cerebral
blood volume (rCBV) (Hirsch et al., 2014). Mq-BOLD is highly promising
in several pathologies, such as stroke (Gersing et al., 2015), glioma
(Preibisch et al., 2017; Toth et al., 2013; Wiestler et al., 2016) and ICAS
(Goettler et al., 2019; Kaczmarz et al., 2020a).

However, systematic errors still limit quantitative interpretations and
impede the clinical usability of mq-BOLD. Measured rOEF ¼ 0.6–0.7 in
healthy GM was systematically elevated (Goettler et al., 2019; Kaczmarz
et al., 2020b) compared to physiologically expected OEF ¼ 0.35–0.56
(Donahue et al., 2018; Marchal et al., 1992), and was thus appropriately
named relative OEF (Hirsch et al., 2014). In that regard, T2 over-
estimations can occur by 2D-GraSE (Gradient and Spin Echo) (Hirsch

et al., 2014) as well as 2D-TSE (Turbo Spin Echo) imaging (Seiler et al.,
2019). A known issue in T2-mapping is stimulated echoes, which arise
from imperfect matching between the excitation and refocusing pulse
profiles (Hennig, 1988; Uddin et al., 2013). This is specific to 2D-acqui-
sitions because of slice-selection pulse imperfections near slice edges. To
overcome this limitation, non-slice selective (Prasloski et al., 2012a) and
3D-acquisition techniques are advisable (Prasloski et al., 2012b; Whittall
et al., 1997), making 3D-GraSE (Oshio and Feinberg, 1991) ideal to
overcome T2-related bias in mq-BOLD.

The aim of this study was therefore to improve rOEF mapping by mq-
BOLD towards lower, physiologically more meaningful values. We hy-
pothesized significantly reduced T2-related bias by applying 3D-GraSE.We
further proposedaprocedure to reliably identify andexcludeartefact voxels
to enhance the sensitivity to pathophysiological focal rOEF increases. To
this end, T2 and rOEF were compared between mq-BOLD with 2D-GraSE
and 3D-GraSE in a phantom and in 25 subjects, including ICAS-patients.

Abbreviations

ANOVA Analysis of variance
ASE Asymmetric spin echo
BOLD Blood-oxygenation-level-dependent
CBV Cerebral blood volume
CSF Cerebrospinal fluid
DSC Dynamic susceptibility contrast
EHC Elderly healthy control
EPI Echo planar imaging
FID Free induction decay
FLAIR Fluid-attenuated inversion recovery
GESFIDE Gradient Echo Sampling of FID and Echo
GESSE Gradient Echo Sampling of Spin Echo
GM Gray matter
GraSE Gradient and spin echo
GRE Gradient echo
ICAS Internal carotid artery stenosis

MPRAGE Magnetization prepared rapid acquisition gradient echo
mq-BOLD Multi-parametric quantitative BOLD
MRI Magnetic resonance imaging
NAWM Normal appearing white matter
OEF Oxygen extraction fraction
PET Positron Emission Tomography
PVE Partial volume effect
q-BOLD Quantitative BOLD
rCBV Relative cerebral blood volume
rOEF Relative oxygen extraction fraction
single-SE Single spin echo
TE Echo time
TI Inversion time
TR Repetition time
TSE Turbo spin echo
VOI Volume of interest
WM White matter
YHC Young healthy control

Fig. 1. Overview of applied MRI sequences and derived parameters.
The main purpose of this study was to compare the impact of three different GraSE sequences on T2 mapping, R2’ and rOEF calculations by mq-BOLD. We therefore
measured the formerly applied 2D-GraSE (red) as well as the proposed 3D-GraSE-I (yellow) and II sequences (blue). Quantitative T2* imaging was performed by multi-
echo gradient echo (GRE) imaging. R2’ was subsequently calculated from T2 and T2*, separately for all three GraSE sequences. Masks of elevated T2 fit-errors (T2 error
mask) and of R2’ elevations (R2’ error mask) were generated to exclude artefact voxels. Dynamic susceptibility contrast (DSC) imaging was applied to obtain relative
cerebral blood volume (rCBV) maps. By applying the mq-BOLD model to rCBV and R2’, each voxel’s rOEF was calculated for each T2 GraSE sequence, respectively. The
impact of the three different GraSE sequences on T2, R2’ and rOEF was evaluated (green). Besides, restrictive GM masks excluding CSF were generated and FLAIR
lesions evaluated by structural imaging.
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2. Methods

Quantitative T2-mapping and its impact on mq-BOLD were
compared for the initially applied 2D-GraSE and two proposed 3D-
GraSE sequences (Fig. 1). The echo timings and scan time of 3D-
GraSE-I were similar to 2D-GraSE, whereas 3D-GraSE-II used shorter
echo spacing (16 ms→10 ms) with more echoes (8 → 16) and prolonged
echo train (128 ms→160 ms). Evaluations were conducted in four steps.
First, in a phantom compared with multiple single spin echoes (single-
SE) as a reference. Second, R2’ was calculated with additionally ac-
quired T2*-maps in young healthy controls (YHC). In the last two steps,
rOEF by mq-BOLD was evaluated in elderly healthy controls (EHC) and
ICAS-patients based on the different T2-sequences with additional T2*
and rCBV mapping.

2.1. Phantom and participants

The gel phantom contained six flasks with different T2 relaxation
times covering typical GM values (see inlay in Fig. 2B and Supple-
mental Table 1). For in vivo evaluations, 25 volunteers participated in
this prospective study. Participants were enrolled by word-of-mouth
advertisement from March until October 2017. Ten YHC (4 females,
mean age 28.4 � 4.1 years, range 21–35 years), twelve EHC (7 fe-
males, mean age 71.8 � 5.3 years, range 63–78 years) and three pa-
tients with unilateral, high-grade, asymptomatic, extracranial ICAS
were scanned (2 females, mean age 63.0 � 9.6 years, range 52–70
years). The study was approved by the medical ethical board of the
Klinikum rechts der Isar, in line with Human Research Committee
guidelines of the Technical University of Munich (TUM). All partici-
pants provided informed consent in accordance with the standard
protocol approvals. Data of two YHC needed to be excluded due to
technical problems during data acquisition.

2.2. Image acquisition

Scanning was performed on a 3T Philips Ingenia MR-Scanner (Philips
Healthcare, Best, The Netherlands) on software release R5.1.8 with a
custom patch. Standard 32-channel head-receive and 16-channel head/
neck-receive coils were used. The following imaging protocol was
applied (see Fig. 1):

- 2D-GraSE: 8 echoes; TE1¼ ΔTE¼ 16 ms; TR¼ 8596 ms; EPI-factor¼
7; α ¼ 90�; 180� refocusing control; 30 slices; 0.3 mm gap; voxel size
2.0 � 2.1 � 3.0 mm3; matrix 112 � 91; acq. time 2:23 min.

- 3D-GraSE-I: 8 echoes; TE1 ¼ ΔTE ¼ 16 ms; TR ¼ 251 ms; over-
sampling 1.3; EPI-factor¼ 7; TSE-factor¼ 8; α¼ 90�; 180� refocusing
control; 30 slices; voxel size 2.0 � 2.1 � 3.0 mm3; matrix 112 � 91;
acq. time 2:08 min.

- 3D-GraSE-II: 16 echoes, TE1 ¼ ΔTE ¼ 10 ms; TR ¼ 487 ms; over-
sampling 1.3; EPI-factor ¼ 7; TSE-factor ¼ 16; α ¼ 90�; 180� refo-
cusing control; 30 slices; voxel size 2.0 � 2.1 � 3.0 mm3; matrix 112
� 91; acq. time 4:09 min.

- Single-SE for phantom reference measurements: TE ¼ 60, 70, 80,
100, 120, 140, 160 ms; TR ¼ 3000 ms, each; 5 slices, acquired voxel
size 3.5 � 4.0 � 4.0 mm3; acq. time 2:36 min per TE.

- Multi-echo gradient echo (GRE): 12 echoes, TE1 ¼ ΔTE ¼ 5 ms, TR
¼ 1950 ms, α¼ 30�, 30 slices, matrix 112� 92, voxel size 2.0� 2.0�
3.0 mm3, total acq. time 6:08 min.

- DSC-MRI: single-shot GRE-EPI, 80 volumes during injection of
weight-adjusted Gd-DOTA bolus (concentration 0.5 mmol/ml; dose
0.1 mmol/kg; minimum 7.5 mmol per subject; flow rate 4 ml/s) with
TE ¼ 30 ms, TR ¼ 1513 ms; α ¼ 60�; 26 slices; voxel size 2.0 � 2.0 �
3.5 mm3, acq. time 2:01 min.

- MPRAGE: 3D acquisition, TE ¼ 4 ms; TR ¼ 9 ms; α ¼ 8�; TI ¼ 1000
ms; shot interval 2300 ms; SENSE AP/RL 1.5/2.0; 170 slices; matrix
240 � 238; voxel size 1.0 � 1.0 � 1.0 mm3; acq. time 5:59 min

Fig. 2. Comparison of quantitative T2 values measured by different sequences in a phantom.
The phantom contained six flasks with different T2 relaxation times. (A) Average T2 values within each flask are summarized for the multiple single spin echo (Single
SE) reference sequence, 2D-GraSE with all and even echoes fitted, 3D-GraSE-I and 3D-GraSE-II (mean � standard deviation) with all echoes fitted. (B) T2 values
derived from single-SE data were used as references and compared to the GraSE results. This ΔT2 is plotted for all phantom flasks and GraSE sequences and scaled in
ms. Corresponding values within each flask are shown by consistent color coding (see inlay in B). The average T2 deviation of each GraSE sequence is noted in percent.
Best accordance was found for 3D-GraSE-II.
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- FLAIR: 3D acquisition, TE ¼ 289 ms; TR ¼ 4800 ms; TI ¼ 1650 ms; α
¼ 90�; TSE-factor ¼ 167; 163 slices; matrix 224 � 224; voxel size 1.1
� 1.1 � 1.1 mm3; acq. time 4:34 min.

2.3. Image analysis

Data evaluations were performed using MATLAB R2016b (The
MathWorks Inc., Natick, USA) and SPM12 (v6225) (Penny et al., 2011)
with custom programs. Quantitative T2 parameter maps were derived by
mono-exponential fittings of all echoes for 3D-GraSE and only even
echoes for 2D-GraSE in vivo, as initially implemented to reduce stimu-
lated echoes (Hirsch et al., 2014). Multi-echo GRE data were corrected
for macroscopic background gradients (Baudrexel et al., 2009; Hirsch
and Preibisch, 2013) and motion (Magerkurth et al., 2011) before
mono-exponential fitting for T2* and spatial coregistration to T2. Both,
T2* and T2-maps were smoothed with a 3D Gaussian filter-kernel of 3 mm
prior to the calculation of

R2
’ ¼ 1

T2
* �

1
T2
: [1]

DSC data was processed as described previously (Hedderich et al.,
2019; Kluge et al., 2016) with CBV normalization to 2.5% in normal
appearing white matter (NAWM) (Leenders, 1994), yielding relative CBV
(rCBV). Following the mq-BOLD approach, rOEF was calculated as

rOEF¼ R
0
2

c � rCBV [2]

with c ¼ γ � 43 � π �Δχ �B0, B0 ¼ 3T andΔχ¼ Hct⋅Δχ0 ¼ 0.35⋅0.264⋅10�6 ¼
0.924⋅10�7 (Hirsch et al., 2014).

To investigate the impact of the different T2-mapping sequences, R2’

and rOEF were calculated with the same T2* and rCBV (Fig. 1). For
quality assessment, all parameter maps were screened specifically for
motion artefacts and spatial misregistration (raters: SK, CP).

2.4. Artefact removal

To account for mismatches between the measured data and mono-
exponential fittings of T2 and T2*, fit-errors were evaluated on a voxel-
wise basis and normalized by the number of acquired echoes. Empiri-
cally set thresholds were applied and checked carefully (SK, CP). Voxels
with fit-errors>5‰ per echo were excluded from data evaluation (Sup-
plemental Fig. 1). An additional threshold of R2

0<15 s�1 was applied
(Kaczmarz et al., 2020b) to exclude areas with iron-induced focal R2’

increases, especially in deep GM regions. This also excluded areas with
higher macroscopic background gradients, as corrections are only reli-
able up to approximately 220 μT/m (Hirsch and Preibisch, 2013).

2.5. Statistical analyses

Phantom measurements were evaluated by averaging T2-values
within VOIs in each flask. 2D-GraSE was compared with 3D-GraSE-I, II
and single-SE reference values (Prasloski et al., 2012b). For in-vivo
evaluations, restrictive GM masks were generated from MPRAGE seg-
mentations (pGM>0.95) with additional CSF exclusion (pCSF<0.05).
Within these masks, average T2, T2*, R2’, rCBV, and rOEF values were
calculated. The impact of 2D vs. 3D-GraSE on T2, R2’ and rOEF values in
GM on group level was illustrated by paired scatter plots. Significance of
group mean value differences was tested by ANOVA, homogeneity of
variance asserted using Levene’s test and pairwise correlations corrected
for multiple comparisons with Tukey or Games-Howell post-hoc analysis
in SPSS (v26, IBM Corp., Armonk, USA). Values of p < 0.05 were
considered statistically significant. Distributions of the fit-errors and
parameter values were compared by histograms.

3. Results

In the phantom, single-SE reference measurements revealed average
transverse T2 relaxation times between 32.4 and 105.1 ms within the six
flasks. By comparison, the original 2D-GraSE sequence overestimated T2
by 10.4% with all echo fitting and 4.9% with even echoes only. The 3D-
GraSE-I and II sequences reduced overestimations to 3.1% and 2.1%,
respectively (Fig. 2).

In YHC, quantitative T2-mapping by 2D-GraSE with even echo fitting
yielded T2 ¼ 83.9 � 1.1 ms. 3D-GraSE-I and II decreased T2 by �8.8%
and �6.8%, respectively (T2 ¼ 76.5 � 1.2 ms and 78.2 � 1.1 ms; p <

0.001, each). Consequently, R2’ decreased by �14.5% and �13.3% for
3D-GraSE-I and II (R2

0 ¼ 6.9� 0.3 s�1 and 7.2� 0.4 s�1) compared to R2
0

¼ 8.3 � 0.4 s�1 by 2D-GraSE with T2* ¼ 53.9 � 1.7 ms (Table 1).
Additional artefact exclusion further reduced the T2 and R2’ values (3D-
GraSE-I: T2 ¼ 75.2 � 1.0 ms and R2

0 ¼ 5.6 � 0.2 s�1; 3D-GraSE-II: T2 ¼
77.9 � 1.0 ms and R2

0 ¼ 6.1 � 0.2 s�1). While artefact exclusion effects
on T2-values were comparably weak (p > 0.5; Fig. 3A), R2’ values
decreased by up to�32.5% (p< 0.001; Fig. 3B). Fit-errors of 3D-GraSE-II
were much lower (0.1%) compared to 3D-GraSE-I (19.6%) and 2D-GraSE
(15.3%, Fig. 3C; Table 2). For 3D-GraSE-II, most excluded voxels were
affected by T2* fit-errors (83.3%), followed by R2’ elevations (51.5%)
and only minor T2 fit-errors (0.9%). The fraction of voxels in GM
excluded due to R2’ thresholding was similar between 2D (9.7%) and 3D-
GraSE-II (7.3%). Due to lowest errors and time restrictions, 3D-GraSE-II
was applied in the following evaluations in EHC as well as ICAS-
patients and compared with 2D-GraSE.

In EHC, 2D-GraSE yielded T2-values of 89.2 � 3.1 ms. Average GM
values of R2

0 ¼ 8.5 � 0.7 s�1 and rOEF ¼ 0.70 � 0.08 were calculated
from additional measurements of T2* (55.7 � 4.0 ms) and rCBV (4.71 �
0.27%) (Table 1). The application of 3D-GraSE-II significantly decreased
T2 by �8.5% (T2 ¼ 81.6 � 1.9 ms; p < 0.001), R2’ by �12.9% (R2

0 ¼ 7.4
� 0.7 s�1, p < 0.001) and rOEF by �15.7% (rOEF ¼ 0.59 � 0.08, p <

0.03). Artefact exclusion further decreased R2’ and rOEF by up to
�27.1% in total (R2

0 ¼ 6.6 � 0.6 s�1; rOEF ¼ 0.51 � 0.06; p < 0.03;
Fig. 4). FLAIR lesion gradings with an average Fazekas-score of 1.3
indicated only minor microangiopathic changes (Fazekas et al., 1987).
None of the participants had subacute or older territorial infarct lesions.

In ICAS, all parameter values decreased with 3D-GraSE-II and artefact
exclusion, yielding similar values as in EHC (Table 1). Furthermore, focal
rOEF hyperintensities ipsilateral to the stenosis were enhanced and only
recognizable by 3D-GraSE-II (Fig. 5A). Two regions stand out in the
artefact maps. First, well-known iron deposition in the striatum corre-
sponds to maximum rOEF-values. Second, artefact voxels occur along the
brains’ surface towards the cranial bone (Fig. 5A). Artefact removal in
3D-GraSE-II improved rOEF towards lower values and additionally
decreased the number of voxels with maximum rOEF values (Fig. 5B).

4. Discussion

T2-mapping by 2D-vs 3D-GraSE was compared with regard to their
impact on rOEF values modeled by mq-BOLD. Formerly overestimated
T2, R2’ and rOEF values significantly improved by 3D-GraSE, as hy-
pothesized. Remarkably, 3D-GraSE-II also improved the fit quality,
lowering the number of excluded artefact voxels due to T2 fit-errors in
ICAS-patients by the factor 30. The specific impact of 3D-GraSE on T2, R2’

and rOEF are discussed below.

4.1. Impact on T2

The phantom measurements confirmed T2 overestimations by 2D-
GraSE (Hirsch et al., 2014). 3D-GraSE lowered T2-values, as hypothe-
sized, only deviating 2.1% from single-SE values. Similarly, comparisons
in YHC confirmed overestimations by 2D-GraSE, whereas lower average
GM values of T2 ¼ 76.5 ms were measured with 3D-GraSE-I. This agrees
well with literature values at 3T of T2 ¼ 73.5 ms in YHC by single-SE
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(Hirsch et al., 2014) and T2¼ 76.2 ms in EHC bymulti-SE (Christen et al.,
2012). The proposed artefact voxel exclusion further improved T2-values.
While both 3D-GraSE sequences improved T2, 3D-GraSE-II performed
best with regards to lowest fit errors, due to its improved echo sampling.
Evaluations of average fit-errors revealed improvements in 3D-GraSE vs.
2D-GraSE by a factor up to 2 (Supplemental Fig. 2) and reduced voxel
exclusions due to T2 fit-errors up 150 times (Table 2).

Literature values of alternative T2-mapping by TSE yielded much
higher healthy average GM values of 119 ms (Sedlacik et al., 2014;
Wagner et al., 2012, 2015), which necessitates sophisticated quantitative
T2 post-processing corrections (Noth et al., 2017). Thus, 3D-GraSE is
ideal for fast, quantitative T2-mapping with full brain coverage (Prasloski
et al., 2012b; Whittall et al., 1997).

4.2. Impact on R2
0

R2’was calculated based on T2 and additional T2*-mapping. As for T2,
average R2’ values decreased with 3D-GraSE to R2

0 ¼ 6.1 s�1 in YHC,
with artefact exclusion. This is in good agreement with literature values
by GRE and TSE of similar aged healthy participants in frontal cortex
with R2

0 ¼ 7.4 s�1 (Sedlacik et al., 2014) and R2
0 ¼ 7.9 s�1 (Wagner et al.,

2012). Remaining deviations may be due to fittings of only 3 and 5
echoes for T2 in those studies, respectively, which might be insufficient
(Whittall et al., 1997). In general, reported average R2’ values vary.
While much higher average GM values of R2

0 ¼ 12.0 s�1 have been re-
ported by GRE and TSE (Wagner et al., 2015), other methods reported
lower values, specifically R2

0 ¼ 5.1 s�1 by GRE (Ulrich and Yablonskiy,

Table 1
Summary of average parameter values for all groups.
Quantitative parameter values were compared for YHC, EHC and ICAS-patients. The number of scanned participants is shown for each group. Two YHC were excluded
due to data acquisitions problems. Average T2 values in GMwere calculated for all GraSE sequences (group mean� standard deviation), each with and without artefact
exclusion (“corrected”). Displayed 2D-GraSE values were generated by fitting of even echoes only. Resulting R2’ values were calculated from GraSE-based T2 values and
GRE-based T2*. For EHC and ICAS-patients, rOEF values were calculated from R2’ and additionally acquired DSC-based rCBV maps. Note, 3D-GraSE-I and II decreased
T2, R2’ and rOEF towards physiologically more realistic values for all subject groups.

Participants Average T2 in GM [ms]

Group n 2D GraSE 2D GraSE corrected 3D GraSE I 3D GraSE I corrected 3D GraSE II 3D GraSE II corrected

YHC 10 83.9 � 1.1 81.6 � 0.9 76.5 � 1.2 75.2 � 1.0 78.2 � 1.1 77.9 � 1.0
EHC 12 89.2 � 3.1 85.4 � 2.5 – – 81.6 � 1.9 81.2 � 2.0
ICAS 3 89.6 � 1.3 85.9 � 1.8 – – 82.9 � 0.7 82.2 � 1.2

Participants Average R2’ in GM [1/s] T2* [ms]

Group n 2D GraSE 2D GraSE corrected 3D GraSE I 3D GraSE I corrected 3D GraSE II 3D GraSE II corrected

YHC 10 8.3 � 0.4 6.9 � 0.3 6.9 � 0.3 5.6 � 0.2 7.2 � 0.4 6.1 � 0.2 53.9 � 1.7
EHC 12 8.5 � 0.7 7.7 � 0.6 – – 7.4 � 0.7 6.6 � 0.6 55.7 � 4.0
ICAS 3 8.4 � 0.7 7.3 � 0.4 – – 7.6 � 0.9 6.6 � 0.5 56.5 � 2.4

Participants Average rOEF in GM [] rCBV [%]

Group n 2D GraSE 2D GraSE corrected 3D GraSE I 3D GraSE I corrected 3D GraSE II 3D GraSE II corrected

YHC 10 – – – – – – –

EHC 12 0.70 � 0.08 0.61 � 0.06 – – 0.59 � 0.08 0.51 � 0.06 4.71 � 0.27
ICAS 3 0.65 � 0.05 0.59 � 0.02 – – 0.58 � 0.06 0.52 � 0.03 4.68 � 0.04

Fig. 3. Impact of GraSE sequences and artefact exclusion on T2 and R2’ compared by paired scatterplots in young healthy controls.
(A) Quantitative T2 values in GM were compared between the 2D-GraSE (”2D”), 3D-GraSE-II (”3D II”), 3D-GraSE-II with additional artefact exclusion (”3D IIc”) and
3D-GraSE-I with artefact exclusion (”3D Ic”). Voxels with elevated T2 fit-errors or R2’ elevations were excluded by artefact exclusion. (B) R2’ was calculated based on
T2 values from the different GraSE sequences with the same quantitative T2* map. (A, B) Single participant’s average parameter values in GM are represented by black
dots. Corresponding values of the same participant are connected by black lines. Median values on group level are indicated by red dashed lines for each parameter and
acquisition technique. Asterisks indicate significant differences with p < 0.03, double asterisks p < 0.001 with correction for multiple comparisons. (C) Errors of the T2
fits were compared for the three GraSE sequences. Average errors within GM of all participants are shown in the histogram. Voxels with fit-errors > 5‰ per echo were
excluded from the artefact-corrected analyses (”3D Ic” and “3D IIc”). Note much lower fit-errors in 3D-GraSE-II, indicating better fitting quality (blue).
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2015), R2
0 ¼ 3.0 s�1 and 4.4 s�1 by asymmetric spin echo (ASE) (An and

Lin, 2003; Blockley and Stone, 2016), R2
0 ¼ 2.9 s�1 by GESSE (He and

Yablonskiy, 2007) and R2
0 ¼ 2.7 s�1 by Gradient Echo Sampling of FID

and Echo (GESFIDE) (Ni et al., 2014).
The proposed artefact exclusion had stronger effects on average R2’

than T2 values, due to removal of R2’ elevations, which were caused by
strong susceptibility gradients at the borders and in fronto-basal and
temporal brain regions as well as iron deposition in the striatum (Fig. 5A
and Supplemental Fig. 3). As R2’ values decreased with 3D-GraSE-II
compared to 2D-GraSE, slightly fewer voxels were excluded by R2’

thresholding. Iron concentration increases with age could explain
increased number of artefact voxels in EHC vs. YHC. The observed R2’

increases with age also agree with literature (Sedlacik et al., 2014).

4.3. Impact on rOEF

Maps of rOEF were calculated in EHC and ICAS-patients based on R2’

and additional rCBV measurements. 2D-GraSE yielded rOEF ¼ 0.70 in
accordance with previously reported overestimations (Hirsch et al.,
2014). But rOEF was significantly lower with 3D-GraSE. Artefact

exclusion further decreased the average GM value to rOEF¼ 0.51 in EHC.
Overall, rOEF values decreased by �27.1% by 3D-GraSE and artefact
exclusion, which is more similar to literature values from PET measure-
ments (Donahue et al., 2018; Marchal et al., 1992). While a similar
mq-BOLD implementation using the same model yielded much lower
average OEF ¼ 0.33 in healthy controls (Christen et al., 2012), they
restricted T2 imaging echo-times to maximum 55 ms. Together with
comparably high CBV values, this explains their systematically lower
OEF values (see Eqs. (1) and (2)).

Values of T2, R2’ and rOEF with 3D-GraSE were comparable in EHC
and ICAS-patients. This is in line with previously observed unaffected
rOEF on group level in high-grade stenosis patients (Bouvier et al., 2015;
Goettler et al., 2019). Nevertheless, focal rOEF increases have been found
(Kaczmarz et al., 2020a), which potentially have a high clinical relevance
as an indicator of misery perfusion to assess individual stroke risks
(Baron et al., 1981). Interestingly, those focal rOEF elevations were only
visible with 3D-GraSE (Fig. 5A). Pathophysiological origins of rOEF el-
evations are supported by their localization at the border zone between
perfusion territories (Supplemental Fig. 4), measured by super-selective
arterial spin labeling (Helle et al., 2010). This increased sensitivity of
mq-BOLD with 3D-GraSE in an ICAS-patient, as a proof-of-principle, is
highly promising for the detection of even subtle oxygenation changes.

4.4. Applicability and limitations

An obvious strength of this study is its potential for widespread
clinical applications due to standard sequences. Minor remaining T2
variations may be attributed to diffusion effects, especially for single-SE
(Carr and Purcell, 1954), and known echo timing dependencies, which
are also related to diffusion (Poon and Henkelman, 1992; Whittall et al.,
1999). In vivo scans can be additionally affected by partial volume effects
(PVE), especially in presence of CSF contamination (Whittall et al.,
1999), and multi-compartmental tissue structures (MacKay et al., 2006).
Nevertheless, mono-exponential fittings were applied to achieve full
brain volume coverage within clinically feasible scan times, while
multi-exponential fittings would require higher SNR (Whittall et al.,
1997).

Measured rOEF values may be slightly higher than literature PET
values due to PVE, especially with CSF (He and Yablonskiy, 2007; Stone

Table 2
Summary of average fit-errors for all groups.
Fit-errors were compared for YHC, EHC and ICAS-patients. The number of
scanned participants is shown for each group. Fit-errors in GMwere evaluated for
the 2D-GraSE, 3D-GraSE-I and 3D-GraSE-II, scaled in permille per echo (group
mean � standard deviation). Voxels with fit-errors>5‰ per echo were excluded.
The corresponding fraction of excluded GM voxels due to T2 fit-errors are
compared for all sequences and groups. Note, clearly decreased errors by 3D-
GraSE-II with only few excluded voxels (�1%).

Participants Average T2 fit-error in GM
[‰/echo]

Fraction of excluded GM voxels
(with error > 5‰/echo) [%]

Group n 2D
GraSE

3D
GraSE I

3D
GraSE II

2D
GraSE

3D
GraSE I

3D
GraSE II

YHC 10 3.2 �
0.2

3.5 �
0.3

1.5 �
0.1

15.3 19.6 0.1

EHC 12 4.0 �
0.3

– 1.8 �
0.1

26.4 – 0.3

ICAS 3 4.0 �
0.2

– 1.8 �
0.2

28.4 – 1.0

Fig. 4. Impact of 2D and 3D-GraSE-II sequences on mq-BOLD parameters by paired scatterplots in elderly healthy controls.
(A) Quantitative T2-values acquired by 2D-GraSE (”2D”), 3D-GraSE-II (”3D II”) and with additional artefact correction (”3D IIc”) were compared. (B) R2’ was
calculated based on T2 values obtained by the different GraSE sequences and the quantitative T2*-map. (C) R2’ values were combined with DSC-based rCBV to
calculate rOEF according to the mq-BOLD model. Single participant’s average parameter values in GM are represented by black dots. Corresponding values of the same
participant are connected by black lines. Median values on group level are indicated by red dashed lines for each parameter and sequence. Asterisks indicate significant
differences with p < 0.03, double asterisks p < 0.001 with correction for multiple comparisons. While artefact correction of 3D-GraSE (”3D IIc”) has a comparably low
impact on T2, corresponding R2’ and rOEF values were significantly decreased.
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and Blockley, 2017). Smoothing may further enhance those effects, but
was applied as spatial resolutions of the sequences were only harmonized
as far as possible, while maintaining parameters of standard clinical
protocols. Those effects were accounted for by restrictive GM thresh-
olding and CSF exclusion.

Furthermore, the mq-BOLD implementation neglects intravascular
signals (Hirsch et al., 2014; Yablonskiy and Haacke, 1994), even though
effects on T2* might be non-negligible at 3T (Donahue et al., 2011; Li and
van Zijl, 2020). While profound investigations based on a recent model
(Berman and Pike, 2018) found minor intravascular effects on q-BOLD
parameter estimates in ASE, intravascular effects were demonstrated in
simulations of a GESSE sequence (Stone et al., 2019). Thus, future
consideration of intravascular signal contributions in mq-BOLD may be
beneficial (He and Yablonskiy, 2007). Other potential confounders are
neglects of vessel size dependent hematocrit variations and imperfect SE
refocusing (Berman et al., 2018). While 3D-GraSE lowered whole brain
rOEF values (Fig. 5A), evaluations were restricted to GM due to known
artefactual GM-WM rOEF contrast, mainly caused by approximating
venous CBV by total rCBV (Hirsch et al., 2014) and, although minor on
average, vessel orientation effects in WM (Kaczmarz et al., 2020b). CBV
normalization to NAWM might limit sensitivity to global differences
between subjects, groups and in longitudinal studies. While the threshold
of R2

0<15 s�1 was applied based on previous work, lower thresholds, in
general, directly result in lower average rOEF values. Thus, excluded
voxels were carefully evaluated to avoid potential confounds.

4.5. Outlook

The presented improvements by 3D-GraSE are also highly promising
for R2

0-based calibrated BOLD measurements as a viable alternative to
complex gas challenges (He and Yablonskiy, 2007; Kida et al., 2000; Liu
et al., 2019; Shu et al., 2016a). Physiological underpinnings of the BOLD
signal could hereby be measured in activation studies (Blockley et al.,
2012).

5. Conclusions

We demonstrated the successful implementation of 3D-GraSE-based
T2-imaging in mq-BOLD for whole brain rOEF mapping within clini-
cally applicable scan times. Measured T2 values with 3D-GraSE were in
excellent agreement with the literature. With additional artefact exclu-
sion, formerly overestimated rOEF decreased up to �27%. Measured
average rOEF ¼ 0.51 in GM is considerably closer to literature values.
Interestingly, focal rOEF increases in an ICAS-patient only became
apparent by 3D-GraSE, which shows great promise for future clinical
applications of mq-BOLD.

Data and code availability

For reasons of ethics and privacy issues of the acquired clinical
data, the data is only available via a request to the authors.

Fig. 5. Exemplary rOEF and artefact maps of a left-sided ICAS-patient comparing 2D-GraSE vs. 3D-GraSE-II.
(A) rOEF-maps derived by 2D-GraSE (indicated in red) vs. 3D-GraSE-II (blue) and the corresponding artefact map of 3D-GraSE-II are compared in two axial slices. All
rOEF-maps are displayed within the same colormap scaling (0 to 1.6). Note that focal rOEF hyperintensities ipsilateral to the stenosis, potentially related to patho-
physiological effects, are located at the perfusion territories border zone (Supplemental Fig. 4) and only apparent by 3D-Grase-II based rOEF (dashed arrow). Artefact
voxels with elevated fitting errors of T2 and T2* or R2’ increases are shown in yellow. The striatum with high-iron content is clearly visible in the artefact-map and
corresponds to maximum rOEF values (solid arrows). (B) rOEF value distributions are compared by histograms. They highlight the lower rOEF values by 3D-GraSE-II
compared to 2D-GraSE. Moreover, additional artefact removal of 3D-GraSE-II reduced the frequency of maximum values of rOEF ¼ 1.8.
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Institutional restrictions of patient privacy then require a formal data
sharing agreement. The applied MATLAB code is available upon
request. Sharing of applied sequence modifications is limited by a non-
disclosure agreement. The applied sequence changes have been pub-
lished (Hirsch and Preibisch, 2013) and further information will be
shared on request. Custom MATLAB code for post-processing of
mq-BOLD MRI data for neuro-scientific studies is available at https://d
oi.org/10.5281/zenodo.3909300 and https://gitlab.lrz.de/nmrm_l
ab/public_projects/mq-BOLD.
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8 Discussion

The research field of quantitative hemodynamic MRI is rapidly evolving and pushed by its
high clinical potential. Applications in CVDs such as ICAS are highly promising to improve
diagnostics, treatment decisions and longitudinal treatment efficacy monitoring. However,
despite of previous sophisticated methodological developments, especially clinically applicable
techniques as well as their translation to clinical applications were lacking. Aiming for this
gap, the embedded research articles of this work as presented in Chapter 7 will be discussed
in this chapter. The work is contextualized in the current literature in Section 8.1, clinical
novelty as well as limitations of the embedded publications are discussed in Section 8.2 and
concluded with an outlook in Section 8.3.

8.1 Review of Existing Literature

The present work is based upon several preceding publications. The existing literature
is reviewed with respect to a multi-parametric ICAS impairment model in Section 8.1.1,
watershed areas in Section 8.1.2, perfusion and oxygenation imaging in Sections 8.1.3 and 8.1.4,
respectively, WM anisotropy effects in Section 8.1.5 and summarized in Section 8.1.6.

8.1.1 ICAS Impairment Model

In current clinical ICAS diagnostics, MRI is commonly applied for angiography, T1w and T2w
sequences (see Section 4.4). While the neck arteries can be depicted and structural tissue
information is given, no connections of pathophysiological processes on the brain tissue are
provided at all (see Section 4.4.3). To better understand those effects, several studies have
investigated hemodynamic impairments in ICAS [170, 171, 180, 190–200]. However, many
studies included evaluations of just a few hemodynamic parameters at the same time.

To describe relationships between those parameters, a widely accepted model was published
by Powers et al. in 1987 [179, 201]. The progression of hemodynamic impairments due to
CPP reductions (see Section 3.1.2) leading to ischemia was described in two sequential stages:

• First, autoregulation causes chronic vasodilation, which leads to decreasing CVR with
concomitantly increasing CBV

• Second, when autoregulation cannot compensate the progressing CPP reductions any-
more, CBF decreases. To sustain the oxygen metabolism and thereby prevent strokes,
OEF increases based on Fick’s principle, while assuming an iso-metabolic state [107]

Meanwhile, several studies contradict this simple model. For example, increased OEF was
found at normal CBV in patients with ICA occlusion in a PET study [117]. An animal
ischemia model indicated decreased CBF already at the first stage during autoregulation [202].
And an MRI study showed decreased CBF, while OEF was unchanged [203]. To resolve those
discrepancies, quantitative multi-parametric evaluations of hemodynamic parameters with
state-of-the-art MRI methods are indicated.
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8.1.2 Watershed Areas

Another factor influencing Power’s model (see Section 8.1.1) is collateral blood flow within
the CoW (see Section 4.2) [201, 204]. Caused by collateral flow, perfusion territories and
their border zones, i.e. watershed areas, can individually shift. Those areas are especially
vulnerable to hypoperfusion and ischemia [190]. Furthermore, CVR and OEF alternations
were found [205, 206]. Thus, WSAs are of clinical interest in ICAS [164] with high potential
for enhanced diagnostics by improved sensitivity to hemodynamic impairments [190, 207, 208].

However, no WSA mapping technique was proposed so far for several reasons. Atlas based
assessments are inadequate, due to known subject specific WSA variations [201, 209, 210].
While MRI can depict the CoW anatomy, vascular territory shifts cannot be reliably predicted
due to the complex intracranial blood supply [209, 210]. As a matter of fact, 4D blood flow
measurements of the CoW also cannot depict WSAs [180]. And even though ss-ASL allows
perfusion territory mapping (see Section 3.2.3) [211, 212], no border zone segmentation method
was proposed yet. Interestingly, DSC-based TTP maps (see Section 3.2.1) are sensitive to
macro-vascular perfusion delays [213–215], which is promising for individual WSA delineation.
In those regions of prolonged perfusion delay, alternations of CVR have been reported [216],
whereas independent ICAS-related effects on TTP and CTH have been implied [194].

8.1.3 Perfusion Imaging

To quantify cerebral hemodynamics, perfusion imaging is highly important (see Section 3.1.2).
Several MR-based imaging methods have been proposed, but their clinical applicability often
remained limited, especially in WM. At the same time, imaging in WM could increase
the sensitivity to hemodynamic perturbations compared to GM [217], due to the different
blood supply architecture [132]. In the following, an overview on relevant perfusion imaging
techniques is provided including their applicability in WM and previous results in ICAS.

The clinically most widely applied MR perfusion imaging method is DSC (see Section 3.2.1).
Already in 1998, its great potential was shown with high spatial resolution and sensitivity to
GM and WM impairments [217]. Methodological concerns about the interpretation of bolus
tracking data [77] with regard to arterial input function definition [83, 87, 218] were accounted
for by robust automated DSC data post-processing [86]. To additionally harmonize varying
sequence implementations, a recommendations statement has been recently published [80]
and considered in this work. Studies in unilateral ICAS patients demonstrated the sensitivity
of DSC to prolonged perfusion delays and CBV increases (see Section 3.1) [195, 217, 219],
which was supported by bilateral CBV effects in PET studies [199]. Despite its relatively
widespread application, DSC is still not part of clinical guidelines in ICAS (see Section 4.4).

Additional parameters have been recently proposed to be derived from existing DSC data
by parametric modelling (see Section 3.2.1) [88, 89]. Applications in ICAS showed capillary
dysfunction as measured by CTH [220], which were shown to be reversible eight hours after
stenting (see Section 4.4.2) [221]. This novel parameter was proposed to relate to the effective
surface of the capillary bed and thereby the oxygen extraction efficiency [222], which is
highly relevant in ICAS. Similarities between the additionally derived parameter OEC (see
Section 3.2.1) and PET-based OEF were shown in two ICAS patients [220]. Even though
monitoring of capillary dysfunction effects via clinically applicable DSC has great potential,
future comparisons with other hemodynamic parameters are required. In general, recently
reported contrast agent accumulations [10] warrant stricter indications for DSC MRI and
non-invasive perfusion imaging alternatives are gaining high additional interest.
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In spite of being absolutely non-invasive, ASL does currently not play a role in ICAS
diagnostics. Methodological limitations of PASL and CASL (see Section 3.2.2) hindered wider
clinical applications [84, 223] before pCASL was introduced in 2008 [97]. Accounting for the
demands in standardization [104] and reproducibility [224], the ISMRM perfusion study group
ASL consensus paper in 2015 [98] was a milestone towards wider applications [225].

In ICAS, pCASL was shown to be sensitive to CBF decreases in GM [203], in agreement
with PET [219]. However, another study found neither hemispherical differences by ICA
occlusions, nor group differences to healthy controls [226]. While a study by van Osch et al.
demonstrated that ASL can in principle detect WM perfusion abnormalities [227], no CBF
signal was measured at all in the corresponding brain region due to the severe perfusion delay.
Thus, the capability of ASL to quantify impairments in WM remained unclear.

On top of CBF, evaluations of additional parameters such as CVR were proposed to
differentiate vascular and neuronal contributions (see Section 3.1) [228]. However, CVR
measurement is also not widely clinically applied. For imaging, BOLD weighted MRI seems
ideal due to the almost linear relation of %BOLD signal change with increasing arterial
partial CO2 pressure [109]. But the choice of vasoactive stimuli remains a main challenge
for clinical implementations (see Section 3.2.4). Exogenous hypercapnia application with
end-tidal gas monitoring is known as a reference with good repeatability [229], but widely
limited by complicated and costly additional equipment. While easily applicable resting-state
fMRI (rs-fMRI) fluctuations were proposed, vasoactive stimuli seem required for reliable
CVR mapping [230]. Another alternative with easily applicable vasoactive stimulation is
breath-holding (see Section 3.2.4). Promisingly, Bright and Murphy demonstrated CVR
mapping by BH-fMRI with end-tidal CO2 measurement [55]. However, the repeatability and
thereby applicability in follow-up studies was put into question [109].

In general, previous results pointed to high clinical value of CVR imaging and predicted
increasing relevance [109, 231]. A meta analysis in ICAS indicated the great potential of CVR
for individual stroke risk stratification [200]. In unilateral ICAS, CVR reductions were found
[232] with even bilateral effects [233]. Characterization of CVR also included WM [234, 235].
However, most of those studies applied hypercapnia and thus, the quantifiability of CVR
impairments in GM and WM by easily applicable BH-fMRI remained unknown.

8.1.4 Oxygenation Imaging

As the oxygen supply plays a major role in cerebral energy metabolism (see Section 3.1.2),
its MR-based quantification has gained high attention (see Section 3.3). Despite several
MR-based OEF measurement techniques have been developed, none of them was clinically
applied yet. Most methods of regional OEF mapping lack whole brain coverage or scan times
are way beyond clinical applicability. In general, those techniques can be classified in 4 groups.

First, based on T2 imaging using spin tagging [236]. A fast implementation is T2-relaxation-
under-spin-tagging (TRUST), which measures the cerebral oxygenation globally in the draining
superior sagittal sinus (SSS) vein [237]. But this contradicts known regional oxygenation
variations in CVDs [238]. Two alternative implementations based on velocity selective labeling
are called velocity-selective excitation and arterial nulling (VSEAN) [239] and quantitative
imaging of extraction of oxygen and tissue consumption (QUIXOTIC) [240]. However, scan
times are clinically unfeasible as the latter takes 30 minutes per slice.

Second, magnetic susceptibility differences between veins and the surrounding tissue can
be used for OEF mapping [241]. However, those quantitative susceptibility mapping (QSM)
based methods mainly relate to the oxygenation in larger vessels [119, 240].
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Third, dual calibrated experiments combining hypercapnia and hyperoxia applications
can be used for OEF mapping [242–244]. However, the additionally required gas setups are
complicated to use, require additional costly equipment and are thus not clinically applicable.

Fourth, R′2-based measurement of susceptibility induced intra-voxel dephasing enable OEF
mapping within applicable scan times. Simultaneous imaging of R′2 and deoxygenated blood
volume is offered by three implementations called gradient echo sampling of FID and echo
(GESFIDE) [245], gradient echo sampling of spin echo (GESSE) [246] and asymmetric spin
echo (ASE, see Section 2.3.1) [247–249]. However, those three methods suffer from coupling
effects of measured parameters and deoxygenated blood volume overestimations related to
echo sampling dependencies [238, 250]. Alternatively, mq-BOLD (see Section 3.3.1) relies
on three separate measurements of T2 by GraSE, T ∗2 by GRE and rCBV by DSC [120, 251].
Known perturbations by macroscopic background gradients were already accommodated by
exponentially shaped excitation pulses and corrections in the post-processing [122, 252].

In general, OEF is expected to be a sensitive biomarker of critical impairments (see
Section 8.1.1) [253, 254]. But so far, no significant effects of ICAS on rOEF were found by
mq-BOLD [203] or calibrated fMRI [226]. Thus, ICAS effects on rOEF and the sensitivity
of mq-BOLD to potential pathological rOEF effects remained unclear. In other pathologies,
mq-BOLD was successfully applied in GM [120, 126–129, 203, 251]. However, mq-BOLD was
always biased by systematic rOEF elevations, which relate to the term relative OEF rather
than OEF [120]. Wider applications were moreover limited by unknown reliability in WM.

8.1.5 Anisotropy Effects

The applicability of mq-BOLD in WM is potentially hindered by anisotropy effects. While the
biophysical model assumptions (see Section 3.3.1) are reasonable in GM, known preferential
orientations in WM contradict them. Related to orientation dependencies of WM structures
relative to the main magnetic field B0 [255], anisotropy effects on T ∗2 were investigated
extensively [256–265] and also shown for DSC [137] as well as T2 imaging [257]. Anisotropy
effects were assumed to mainly arise from myelin in the highly oriented fiber structures (see
Section 3.4.3) [149] and preferential vessel orientations parallel to fiber tracts [133–135, 137].

The most favourable method to investigate anisotropy effects in terms of applicability and
accuracy is DTI-based (see Section 3.4.3) fiber orientation mapping [135–137, 261, 266, 267].
It allows voxel wise correlations of main fiber orientations with functional parameter values.
To explain anisotropy effects, different models were proposed [121, 257, 259, 260, 268, 268–272].
However, a systematic comparison of those models was lacking. Moreover, interpretations of
measured data was impeded by rather confusing results in x- and y-directions when using
Cartesian coordinates [135]. And most importantly, the reliability of mq-BOLD in WM
remained unclear as no study systematically investigated rOEF anisotropy effects so far.

8.1.6 Literature Summary

To summarize the existing literature, promising methods were proposed, but most of them
are clinically not widely applied in ICAS yet. A recent consensus statement by Donahue et
al. highlighted the potential of hemodynamic MRI for personalized stroke risk assessment
and improved treatment guidelines [9]. However, major methodological improvements were
requested and their applications in clinical studies demanded. Furthermore, multi-parametric
imaging is needed to characterize the complex relationships of hemodynamic parameters.
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8.2 Present Work

The present work includes significant contributions to the field of quantitative hemodynamic
MRI. JP-I introduced a novel method to individually delineate WSAs. Comparably small
average anisotropy variations in JP-II pointed to meaningful rOEF values in WM. Findings
from the latter two publications were exploited in JP-III. Multi-parametric quantitative
hemodynamic imaging in GM and WM of ICAS patients demonstrated the applicability of the
proposed methods with increased sensitivity within iWSAs. Finally, significant methodological
improvements to oxygenation sensitive mq-BOLD were introduced and demonstrated in JP-IV.

These embedded publications are discussed regarding their novelty in Section 8.2.1, their
limitations in Section 8.2.3 and completed by upcoming perspectives in Section 8.3.

8.2.1 Novelty

The four embedded journal publications (see Chapter 7) contribute new insights to the field
of quantitative hemodynamic MRI and its application in ICAS.

Specifically, JP-I demonstrated the feasibility of individual WSA segmentation based on
regional perfusion delay information from standard clinical DSC. In healthy controls, a global
WSA atlas seemed sufficient. Contrary, spatially widely varying watershed locations were
found in ICAS patients. Locations of iWSAs were successfully verified with additionally
acquired vascular territory mapping by ss-ASL (see Section 3.2.3). Thereby, the feasibility
and necessity of individual WSA segmentation was demonstrated for the first time.

JP-II provided detailed novel insights on WM orientation effects of mq-BOLD. The fully
automated coordinate system transformation of main fiber orientation from the DTI FOV to
the scanner coordinate system was introduced and combined with the transformation from
Cartesian to spherical coordinates, which successfully resolved rather confusing results of
previous publications. By demonstrating the absence of orientation effects in the x-y-plane
perpendicular to B0, the applied processing was validated and further evidence for B0 related
orientation effects was provided. Known orientation effects between main fiber orientations and
B0 were confirmed for T ∗2 and rCBV with variations up to 37.1%. By fitting and comparing
different models, major contributions were attributed to highly oriented myelinated fiber
structures and related preferential vasculature orientations. Quantitative T2 imaging by 2D
GraSE showed orientation related variations of 7.5%, which was mainly attributed to diffusion.
The main finding was the comparably weak average orientation related rOEF variation of
3.8% in healthy controls, due to partially counteracting effects of R′2 and rCBV.

In JP-III, a detailed overview on ICAS-related impairments of six quantitative hemodynamic
parameters in GM and WM was given. Furthermore, iWSAs were applied via the automated
multi-parametric evaluation framework (see Chapter 5). In line with the literature, decreases
of CBF and CVR as well as increases of rCBV, OEC and CTH were found ipsilateral to the
stenosis. Contralateral perturbations underlined the importance of collateral flow. According
to our initial hypothesis, stronger effects were found in WM for most parameters, even with
pCASL and BH-fMRI. For the first time, rOEF was also evaluated in WM based on the
findings in JP-II. Similarly in GM and WM, rOEF was symmetrical among hemispheres, but
with increased standard deviation. From a methodological point of view, the sensitivity and
specificity of several proposed methods was shown. And multi-parametric imaging yielded
additional value by providing complementary information. Within subjects, the parameters
showed spatially varying impairments, indicating complex pathophysiological effects at different
brain locations. Furthermore, the impairment patterns across ICAS patients differed, which is

125



8 Discussion

potentially due to the individual collateral blood supply and more complex hemodynamic
relationships than proposed by simple models. Despite those extensive intra- and inter-
subject variations, the hypothesized increased sensitivity to hemodynamic impairments within
iWSAs, as proposed in JP-I, was confirmed. Within iWSAs, CBF, CVR and rCBV were
significantly stronger lateralized up to +117%. At the same time, locations of CTH increases
were independent from iWSAs, which points to more widespread microvascular impairments.

Even though mq-BOLD applications in the latter two embedded publications JP-II and
JP-III showed great potential, no rOEF elevation were found in ICAS. Moreover, bias by well-
known systematic rOEF overestimations remained unresolved. Those issues were successfully
addressed in JP-IV by applying improved T2 imaging in mq-BOLD. The formerly used 2D
GraSE was replaced by 3D GraSE, which allowed to reduce slice profile related stimulated
echo effects. Moreover, the proposed consideration of fit-errors in quantitative T2 and T ∗2
calculations in combination with exclusion of mainly iron deposition related R′2 elevations
further improved mq-BOLD. Consequently, quantitative T2, R′2 and rOEF values significantly
decreased, being much closer to physiologically expected values. Thus, T2 related bias on rOEF
calculations in mq-BOLD was resolved while maintaining clinically applicable scan times.
Moreover, focal rOEF increases in ICAS became apparent with improved mq-BOLD, but
not with the formerly applied method as used in JP-III. Pathophysiological origins of rOEF
increases were affirmed by their location between perfusion territories, imaged by ss-ASL.

Hemodynamic impairments were also demonstrated to affect cognitive function. Chronic
ipsilateral hypoperfusion correlated with lateralized visual attention deficits as shown in
journal publication J3. And in contrast to complicated hypercapnia measurements [244, 273],
the combination of easily applicable pCASL and mq-BOLD allowed to calculate CMRO2 and
investigate ICAS-related regional flow metabolism uncoupling in journal publication J4.

8.2.2 Clinical Relevance

The present work greatly advances the field of quantitative hemodynamic brain imaging.
Individual WSAs were reliably delineated based on perfusion delay maps in JP-I. Their
application to hemodynamic parameters was hypothesized to increase the sensitivity to
perturbations, which was verified in JP-III. By offering complementary information, high
clinical value of multi-parametric hemodynamic imaging was demonstrated. At the same
time, sensitivity and specificity were affirmed in GM and WM. Furthermore, the sensitivity to
oxygenation impairments was enhanced by enabling careful rOEF evaluation in WM, based
on findings in JP-II, and significant methodological improvements, as demonstrated in JP-IV.

In detail, pCASL was sensitive to strong ipsilateral CBF decreases in ICAS. Its lateralization
was further enhanced within iWSAs. And even WM perfusion was measured within clinically
applicable scan time, which makes pCASL highly promising to improve ICAS diagnostics.

As hypothesized, CVR was also severely affected in ICAS (see Section 8.1.1). Easily
applicable BH-fMRI was sensitive to ipsilateral CVR decreases in GM and even WM. Its
lateralization was also significantly enhanced by iWSAs. Despite previous concerns about
repeatability and applicability in follow-up studies (see Section 8.1.3), BH-fMRI was sensitive
to CVR recovery after treatment (see Section 4.4.2) as presented in abstracts C10 and C11.

Ipsilaterally decreased CVR by 15% with concomitantly increased rCBV by 5% in GM
indicates chronic vasodilation in asymptomatic ICAS and agrees with expected smaller
CBV effects [274]. Nevertheless, DSC has great clinical potential for clinical use in ICAS
due to its easy and robust applicability [171]. Furthermore, hemodynamic parameters with
complementary information can be derived from just one 2 minute sequence. Spatial similarities
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of CTH and OEC increases indicate ’benign’ CTH effects [88]. Following recent simulations
[275], those findings imply a mild to moderate vascular pathology with capillary constrictions,
while capillary occlusions are not expected. In agreement with previous findings [194], strongest
lateralization outside of iWSAs was found for CTH. As other parameters were still unaffected
in brain regions with capillary impairments, CTH is likely to offer important information on
the pathophysiology and may serve as a clinical indicator at early disease stages.

Regarding rOEF in ICAS, bilaterally increased standard deviation was found in JP-III in line
with previous studies [199, 203]. Promisingly, the increased sensitivity by methodological mq-
BOLD improvements in JP-IV additionally revealed focal rOEF hyperintensities. Regarding
anisotropy effects, just slight increases of average rOEF variations were found in ICAS patients
compared to healthy controls in abstract C12. Those findings support meaningful rOEF
evaluations in WM of ICAS patients, which can enhance the sensitivity to pathophysiological
oxygenation effects and thereby substantially improve the clinical relevance of mq-BOLD.

The demonstrated regional flow-metabolism uncoupling in ICAS is potentially related to
subtle tissue damage, in line with detected cognitive impairments. Thus, readily available
multi-parametric hemodynamic imaging enables to investigate pathways of cognitive decline.

In conclusion, the broad clinical relevance of multi-parametric quantitative hemodynamic
MRI was demonstrated and the initial hypothesis was confirmed (see Section 1.2). The
sensitivity of all proposed methods to ICAS impairments was demonstrated and furthermore
significantly improved by applying iWSAs. As optimal ICAS treatment is currently under
debate (see section 4.4.2), the proposed quantitative imaging can support comparisons
of long term effects. Furthermore, the proposed methods improve the understanding of
pathophysiological mechanisms in ICAS, e.g., with respect to effects of capillary dysfunction.

8.2.3 Limitations

While the applied methods have several strengths, some limitations persist. Despite of
significantly improved sensitivity within iWSAs, the proposed semi-automated segmentation
is not clinically feasible due to required time consuming manual corrections. In addition, the
Gd application of contrast agent is a general major disadvantage of all DSC applications. The
ongoing debate about Gd depositions (see Section 3.2.1) [10] is enhancing the demand for
non-invasive alternatives. At the same time, neither Gd depositions of macrocyclic agents nor
harmful effects of Gd depositions were proven so far. Furthermore, DSC offers the reliable
measurement of several parameters with high diagnostic value in short scan time. Regarding
OEC, some similarities with rOEF were found in abstract C25. However, OEC is just derived
from DSC data and critically depends on the validity of the applied vascular model. In
contrast, mq-BOLD relies on an analytical model [121], which is more directly related to
vascular oxygenation. Consequently, further validations of OEC are required.

In pCASL, potential bias arises from several factors (see Section 3.2.2) such as operator
dependent labeling, flow velocity dependent labeling, unknown labeling efficiencies, faster
label decay in tissue due to varying T1 in tissue and blood as well as gender related lower
hematocrit in women causing longer blood T1 and CBF overestimations [102]. Moreover, ASL
is not applicable after stenting, due to potential heating effects as well as image distortions and
signal loss due to magnetic susceptibility effects. In WM, ASL is known to be challenged by
physiologically lower CBF and increased delay. In general, delay effects may confound detected
hypoperfusion in single-PLD ASL [6, 276–278]. Even though no severe delays were indicated
[279], remaining uncertainties could be resolved by time-encoded ASL (see Section 3.2.2)
[280–282], as shown in comparisons with DSC MRI [283], CT [3] and PET [276].
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Delay effects do not only cause potential bias in ASL, but also CVR imaging [284, 285].
Furthermore, BH-fMRI is limited by the simple setup without end-tidal gas monitoring.
Consequently, CO2 stimulation levels are unknown, no reference CO2 waveform is available
for regression analysis (see Section 3.2.4) and effects of subject specific CO2 chemoreflex
sensitivity on ventilation and arterial CO2 partial pressure remain unconsidered. Further
limitations may arise from steal phenomena, which describe blood flow directed away from
maximally vasodilated vascular territories to surrounding tissue with preserved vasodilatory
reserve [286]. Steal has high relevance to estimate stroke risks [191], but may not be detectable
by comparably weak CO2 stimuli in BH-fMRI in case of impaired but not exhausted vascular
reserve [109]. Promisingly, novel camera-based breathing monitoring of MR scanners showed
good preliminary results to replace breathing belts and further simplify BH-fMRI setups.

Finally, mq-BOLD is potentially limited by neglecting intravascular signals, vessel size
dependent hematocrit variations, iron depositions, motion artefacts in R′2, CSF influences and
artifactual GM-WM contrast of rOEF (see Section 3.3.1). At the same time, the proposed
improvements resolved formerly systematically elevated rOEF and improved its sensitivity.
Despite comparably low average rOEF anisotropy effects in WM, single voxels may be
more severely affected. Furthermore, WM evaluation of mq-BOLD in other pathologies
requires previous characterization in this specific cohort, due to potential disease effects on
the myelination or cerebral vasculature, which can affect anisotropy effects. Taking a wider
perspective, orientation effects potentially affect a wide range of functional and structural
parameters, which can add bias when comparing different WM brain regions or hemispheres.

8.3 Perspectives

Despite of the limitations stated in the last section, this work provides interesting perspectives
on methodological improvements as well as further clinical and neuroscientific applications.

The high demand for stroke risk prediction arises from delicate treatment decisions in
asymptomatic ICAS (see Section 4.4.2). Even though this is far beyond the scope of this work,
multi-parametric hemodynamic MRI offers promising perspectives on personalized stroke risk
stratification [9], as already indicated for CVR and OEF [191, 254]. And while PET-based
OEF results of clinical ICAS therapy outcome studies were critically debated [118, 287], the
improved mq-BOLD implementation may enable to resolve those uncertainties in the future.

A subsample of ICAS patients received revascularization and was scanned again. The results
in abstracts C1, C2 and C11 showed improved hemodynamic status with positive treatment
effects on chronic vasodilation and capillary function. Furthermore, spatially normalized
iWSAs indicated reversible collateral blood supply in abstract C33. Thus, BH-fMRI and DSC
are promising for treatment efficacy monitoring, being even applicable after stenting.

To further validate clinical benefits of DSC imaging and cognitive testing, the multi-center
study CREST-H is currently conducted [171]. Regarding additional DSC post-processing,
identification of leptomeningeal collateral flow in pial arteries was shown [288], which may
help to explain spatial iWSA shifts and could be verified by 4D flow mapping, as applied
in journal publications J2 and J6. Moreover, shorter TR in DSC will improve the iWSA
accuracy. As an alternative to DSC, time-encoded ASL may even enable non-invasive iWSAs
[100, 289]. And automated segmentation would greatly enhance their future applicability.

Non-invasive perfusion imaging by pCASL is highly appealing for preventive screening and
longitudinal monitoring. Its clinical translation is supported by increasing availability as a
product sequence from multiple vendors. A major methodical improvement is time-encoded
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ASL to minimize delay related bias and provide additional temporal perfusion information.
In addition, vessel selective ASL uniquely offers non-invasive vascular territory mapping

(see Section 4.4.3) and may support future diagnostics in CVDs [209], such as moyamoya. In
this non-atherosclerotic steno-occlusive disease, the stroke risk is highly elevated [290, 291].
Treatment of symptoms is possible by invasive revascularization, but imaging methods for
stroke risk stratification are lacking. As a wide network of collaterals is commonly recruited
[292], ss-ASL and vessel-selective ASL angiography were successfully compared with DSA
in journal publication J1. Furthermore, a novel automated labeling [293] was successfully
applied to resolve previous limitations by offering fast, robust and user independent planning.

Regarding oxygen delivery, additional regulating factors were assumed in journal publication
J4, such as oxygen diffusivity variations as proposed by Hyder et al. [13, 294, 295]. Interestingly,
oxygen diffusivity can be calculated by existing mq-BOLD and pCASL data, as demonstrated
in abstract C22 and supported by good correlations with CTH [296] in abstract C26. Oxygen
diffusivity mapping may thus yield novel insights to the highly complex oxygen metabolism.

Hemodynamic imaging can even provide detailed information on mechanisms of structural
WM damage [297–299] and cognitive decline [300]. On the one hand, ageing-related involve-
ment of capillary dysfunction in WM lesions (WML) formation and increased lesion load
within iWSAs were shown in abstract C4. On the other hand, hypoperfusion was linked with
cognitive decline in ICAS and AD in journal publications J3 and J5, respectively. According
to the literature [192], cognitive impairments persisted after treatment in contrast to reversible
hemodynamic impairments as shown in abstracts C1 and C2. Perfusion imaging may thus be
used to adapt treatment plans and minimize irreversible structural brain damage [301].

To widen the perspective, whole-body physiology such as cardiovascular contributions to
infarcts [228, 302] could be evaluated to optimize prevention in ICAS. Moreover, quantitative
plaque morphology characterization may additionally support treatment decisions.

Besides CVDs, hemodynamic MRI also showed great benefits in other pathologies such as
brain tumours. Specifically, rCBV by DSC showed complementary information compared to
PET in journal publication J7. Furthermore, ss-ASL can visualize collateral recruitment [303]
and CVR can depict critical NVC impairments (see Section 3.1) [109]. And after treatment,
perfusion MRI can be applied in longitudinal monitoring to detect tumour neoangionesis [304].

Further fascinating hemodynamic MRI applications are healthy ageing [305] and neuro-
scientific studies. Quantitative assessment of the energy metabolism (see Section 3.1.1) will
help to improve interpretations of the BOLD signal by revealing physiological signal under-
pinnings (see Section 3.1.3) [61, 306]. Specifically, simulations indicated effects of perfusion
and oxygenation impairments on rs-fMRI in abstract C29, which were affirmed in AD in
journal publication J5. Hemodynamic effects during stimulation experiments were successfully
quantified by mq-BOLD in abstracts C31 and C35. And R′2-based gas-free calibrated-fMRI
greatly agreed with hypercapnia in abstract C3. Thus, hemodynamic MRI will be much more
applied in neuroscience in the future and help to better understand brain physiology [307].

In conclusion, there are broad perspectives of quantitative cerebral hemodynamic imaging for
clinical and neuroscientific applications. The quantitative measurement of the cerebral energy
metabolism including related cerebral perfusion and oxygenation parameters offers countless
fascinating insights and numerous applications. For example, diagnostics of CVDs such as
ICAS could greatly benefit from individual stroke risk predictions and allow personalized
therapy to finally improve the quality of life and prolong the average life expectancy of patients.
Therefore, it will be a challenge for future large clinical trials to validate the clinical value of
specific hemodynamic parameters and synergy effects by multi-parametric imaging.
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2.1 Pulse sequence diagram of free induction decay (FID) and spin echo
(SE). After excitation with a 90° pulse, the FID signal decays with the time
constant T ∗2 . By application of a 180° inversion pulse at TE/2, the transversal
magnetization vector recovers and a (primary) spin echo (SE) is generated at
TE. The SE signal decays with the time constant T2. The secondary echo is
not shown. Note that oscillations with the Larmor frequency would be much
faster. Abbreviations: Tx, transmission; Rx, reception; TE, echo time; TR,
repetition time. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 26

2.2 Pulse sequence diagram of a gradient recalled echo (GRE). After ex-
citation with a 90° pulse, dephasing and rephasing gradients are subsequently
applied go generate a GRE. Peaks of the GRE signal decay with the time
constant T ∗2 , when assuming magnetic field inhomogeneities. Additional GRE
could be generated by adding a series of dephasing and rephasing gradients
at multiples of TE. The higher order echoes are not shown. Note that oscilla-
tions with the Larmor frequency would be much faster. Abbreviations: Tx,
transmission; G, gradient; Rx, reception; TE, echo time; TR, repetition time. 27

3.1 Cerebral hemodynamic function. (A) The vessels branch in the vascular
tree to supply the capillaries with blood. (B) A magnified capillary shows
the neuro-vascular unit. Red blood cells transport the oxygen, which diffuses
through the vessel wall. Four major hemodynamic parameters are shown. The
vessel diameter regulation by smooth muscle cells relates to the cerebrovascular
reactivity (CVR), which affects the blood supply by cerebral blood flow (CBF)
and the total cerebral blood volume (CBV), which can cause regulations of
the oxygen diffusion to the tissue measured by the oxygen extraction fraction
(OEF). Astrocytes extract glucose from the capillaries and supply the neurons
with energy, which is required for neuronal signalling involving exchange of
neurotransmitters through the synaptic gap. Images modified licensed under
CC BY 3.0 from [46–48] and under public domain. . . . . . . . . . . . . . . . 32

3.2 Cerebral oxygen gradients. Typical oxygen pressures in the blood com-
partments are illustrated. While the arterial oxygen pressure is fixed and
determined by the lungs, oxygen pressure in the capillaries, veins and tissue
can be modulated. For comparisons, atmospheric oxygen pressures are also
shown. Image adapted from [20]. . . . . . . . . . . . . . . . . . . . . . . . . . 34

3.3 Tissue concentration-time curve in DSC imaging. Time-dependent
tissue concentration curves are acquired for every imaging voxel in DSC. In
this case, 80 dynamics were acquired with a TR of approximately 1.5 s. The
cerebral blood volume (CBV) is proportional to the area under the curve (blue,
full pass integration). Local perfusion delay information are derived by the
time-to-peak (TTP) (orange). . . . . . . . . . . . . . . . . . . . . . . . . . . . 36
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3.4 Capillary transit time effects on capillary oxygen extraction. During
the passage of blood through the capillary bed, its oxygenation decreases (color
coded). (A) Under healthy conditions, the flow is equally distributed across
the capillaries with similar flow velocities (black arrows) with accordingly low
capillary transit-time heterogeneity (CTH). (B) Contrary, several pathologies
can cause CTH increases, which relates to varying flow velocities and oxygen
extractions among capillaries. Note, that CTH can also affect the venous
oxygen saturation. Figure adapted from [88, Fig.3]. . . . . . . . . . . . . . . . 37

3.5 Arterial spin labeling (ASL) workflow. Control and label images, with
labeling of inflowing arterial blood water, are acquired. During post processing,
control and label images are subtracted to yield a cerebral blood flow weighted
(CBFw) image. By an additionally acquired proton density weighted (PDw)
image and further constants (see eq. 3.4), the quantitative CBF image is
calculated. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 38

3.6 ASL kinetic curves. The time dependencies of perfusion weighted signals
are illustrated in two brain regions with shorter arterial transit time ATT1
and longer ATT2. CBF imaging is supposed in the perfusion phase after bolus
arrival at PLD > ATT . In both regions, the bolus arrival time (BAT) is equal.
Image adapted from [103, Fig.5]. . . . . . . . . . . . . . . . . . . . . . . . . . 40

3.7 Breathhold-fMRI post processing for cerebrovascular reactivity (CVR)
mapping. The time series of EPI images was acquired during a block design
of 45 s normal breathing and 15 s breathhold with five repetitions. In model
driven post-processing, regression analysis is applied with a respiratory response
function for each voxel to calculate CVR maps [112]. Here, patient data with
CVR impairments is shown, see Section 4.3. The locally reduced CVR indicates
impaired hemodynamic function. . . . . . . . . . . . . . . . . . . . . . . . . . 42

4.1 Cerebral blood supply illustration. Arteries (in red) show the blood
passage from the two vertebral arteries in the neck, via principle intracranial
arteries to arterial branching within the brain. Parts of the right hemisphere
are not shown. Image under public domain from [158, Fig.516]. . . . . . . . . 47

4.2 The major arteries in the right side of the neck. The common carotid
artery bifurcates into the external carotid artery and internal carotid artery,
which supplies the brain with blood. The vertebral artery courses along the
side of the neck and unites with the contralateral vertebral artery to the basilar
artery. Image under public domain from [158, Fig.513]. . . . . . . . . . . . . . 48

4.3 Arterial circulation within the circle of Willis (CoW). The internal
carotid arteries and vertebral arteries can be connected via the anterior com-
municating artery and the post communicating arteries. Image under public
domain from [161], adapted from image under public domain from [158, Fig.519]. 49

4.4 Perfusion territories on the outer surface of the cerebral hemisphere.
Typical areas supplied by the anterior cerebral artery (ACA) are shown in blue,
middle cerebral artery (MCA) in red and posterior cerebral artery (PCA) in
yellow. Image under public domain from [158, Fig.517]. . . . . . . . . . . . . 50
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4.5 Illustration of right sided internal carotid artery stenosis. Magnifi-
cations of the common carotid artery bifurcation (black box) under healthy
conditions (A) is compared to a plaque at the ICA (B), which narrows the
arterial lumen. Image modified licensed under CC BY 3.0 from [168]. . . . . . 51

5.1 Data processing pipeline. (A) Based on the applied MRI sequences (light
blue boxes), hemodynamic (orange) and structural parameter maps (green) were
calculated with separate specific programs. (B) Those parameter maps were
used to generate a uniform data base following the standardized brain imaging
data structure (BIDS) structure. (C) Based on this data base, multi-parametric
evaluations were performed on group level. For each journal publication, the
evaluated parameters are summarized. . . . . . . . . . . . . . . . . . . . . . . 54
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