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“Planet Earth is blue and there is nothing I can do.”

David Bowie.



“In my opinion, we don't devote nearly enough
scientific research to finding a cure for jerks.”

Calvin.
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General Introduction

have had a major impact in medical imaging. Compared to other

imaging modalities (PET, SPECT, CT, optical imaging), current MRI
research helps to further and better understand the inner mechanisms of the
human body in a less invasive manner. In clinical neuroimaging, perfusion
MRI is of spectacular importance to study cerebrovascular diseases and
cancer.

The discoveries, implementations and developments of NMR and MRI

However, at the moment, there is no perfusion MRI sequence that
allows for a complete and precise quantification of microvascular flow
dynamics. In this manuscript we investigate the use of the recently introduced
Flow Enhanced Signal Intensity method (FENSI) to characterize and quantify
vasculature at capillary level. Potentially of great interest in functional MRI
(fMRI) and in perfusion MRI in general, additional studies need to be
performed to assess the utility of the FENSI sequence compared to the already
existing perfusion MRI techniques.

For that purpose, the first step of our investigation is the possible
quantification of blood flux in vivo with FENSI. This feature is shared by the
Arterial Spin Labeling (ASL) techniques and represents a huge advantage
compared to the other minimally-invasive perfusion MR methods (whose
advantage is the increased SNR). The combination of flux quantification and
flow-enhanced signal (compared to ASL) can make of FENSI an ideal method
to characterize in a complete non-invasive way the brain microvasculature.
The second chapter of the manuscript is therefore dedicated to the
investigations towards the removal of the magnetization transfer (MT) effects
introduced by the FENSI preparation module. Our quantification strategy is
discussed and compared with the recent work of colleagues on the
implementation of the FENSI technique in a human scanner.

Only after the FENSI pulse sequence has been modified to allow for
balanced MT effects between “control” and “tag” images we are able to
characterize CBFlux in an animal model. The third chapter of this manuscript
presents the first preclinical application of the FENSI sequence at 7 Tesla. The
blood flow dynamics are studied with FENSI in a very aggressive and
propagative rat brain tumor model: the 9L gliosarcoma. Our objective is to
assess whether FENSI is suitable for a longitudinal non-invasive
characterization of microvascular changes associated with tumor growth. The
results obtained with FENSI are compared with literature on 9L perfusion and
immunohisto-chemistry.

15



In the first paper published on FENSI (1) we casted a first glance on the
potential of the flow enhanced technique when applied to fMRI. The results
obtained at the time were indeed contaminated by MT effects. With the
implementation of a new MT-free FENSI technique, we investigate the
possibility to map the brain cerebral functioning based on a quantitative
physiological parameter (CBFlux) more directly related to neuronal activity
than the usual BOLD signal. At ultra-high field (UHF), the influence of
different anesthetics on the rat brain microvascular network is also
considered. Results are presented in chapter 4.

The FENSI technique can be sensitized to various blood velocities. In
chapter 5 we detail the influence of the different imaging parameters on the
flux-weighted contrast obtained with flow-enhanced MRI. The interested
researcher will access precious information to implement the technique. The
influence of the flow directionality on the flux measurements is presented and
discussed.

After many developments around the FENSI technique, we detail the
strengths and weaknesses of the method, its characteristics, ‘precautions for
use’, and potential main applications. Future methodological developments
and potential improvements are also discussed. After optimization of the
technique at 17.2 T, the gain in SNR, the advantages and drawbacks of UHF
are investigated. We also propose a range of applications of interest for the
FENSI technique, where MRI can gain from the use of that particular

technique compared to ASL or Dynamic Susceptibility Contrast (DSC-MRI).
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I. NMR, MRI, perfusion-MRI and FENSI

have led to the development of Nuclear Magnetic Resonance and

Magnetic Resonance Imaging in the last fifty years. A short
description of the mechanisms of MR signal generation and acquisition
illustrates the various parameters MRI can be sensitized to. The particular
domain of perfusion MRI, its utility and application in clinical neuroimaging
are detailed.

g brief introduction reminds the reader of the major discoveries that

After introducing perfusion MRI, the two main types of methods used to
characterize cerebral blood flux are presented: Dynamic Susceptibility
Contrast MRI (DSC-MRI) and Arterial Spin Labeling (ASL). These two
techniques are based on different contrast mechanisms and use respectively
exogenous and endogenous tracers to probe the cerebral vasculature.

The basic principles, advantages and drawbacks of DSC-MRI and ASL are
presented and discussed. We highlight the fact that today there is no ideal
MRI method to assess efficiently the brain vascular malfunctions.

Originally deriving from a diffusion MR sequence, the Flow Enhanced
Signal Intensity (FENSI) method is finally introduced. The FENSI method
repeatedly saturates spins in a thin slice of interest and acquires signal from
all the spins that escape the labeling plane. Compared to ASL techniques, it
has the potential to obtain significant signal enhancement.

FENSI is a new technique and very few groups have implemented it and
studied its possible applications. We present the different approaches chosen
in this manuscript to answer the question: How does FENSI stand compared
to conventional perfusion MRI? Our research field extends from blood flux
quantification to blood flow dynamics, functional MRI, ultra high field imaging
or interactions between diffusion and perfusion.

17



I.1 From Nuclear Magnetic Resonance to Perfusion

The aim of this section is to introduce NMR and MRI; and briefly explain
how the NMR signal is generated, acquired and sensitized to perfusion. The
main applications of perfusion MRI in clinical neuroimaging are also
described.

History

The basic principles of Nuclear Magnetic Resonance (NMR) were
discovered independently by Bloch (2) and Purcell (3) in 1946. Both share the
Nobel Prize of Physics in 1952 for this achievement. NMR has been used
extensively since to study molecular structures and diffusion. The first MR
images were reported by Lauterbur (4) and Mansfield (5) in 1973 by adding
linear magnetic field gradients to the MR system.

The technique, baptized Magnetic Resonance Imaging (MRI), allows for
non invasive in vivo physiological measurements and can combine precious
anatomical and metabolic information. Compared to other medical imaging
modalities (CT, PET, SPECT), MRI presents high spatial resolution and
increased soft tissue contrast. Its flexibility makes it suitable for various
applications. Over the years, developments in MRI have increased general
knowledge on clinical diagnostic, response to treatment, cardiac flow
dynamics, cognitive performances or tissue degradation for instance. Up to
this date, no health risk is known when performing or receiving an MRI scan
under normal procedures.

The net magnetization

The interested reader will refer to specialized literature on MRI such as
[Haacke et al, 1999] (6) for a quantum description of the NMR phenomenon.
We will focus here on its classical description.

The atoms possessing an odd number of protons and/or neutrons
exhibit a nuclear spin angular momentum. In what follows we will refer to
these atoms as spins. In biology, 'H is often used as it is the most abundant
spin and produces the largest signals.

18



In the absence of magnetic field, the spins are randomly oriented. The
macroscopic net magnetization (sum of the small magnetic momenta) is null.

The application of a static magnetic field Bo induces major changes at
microscopic level. The spins align in a parallel or anti-parallel direction with
respect to the main magnetic field and generate at thermal equilibrium a net
magnetization. This ‘longitudinal’ magnetization is proportional to the strength
of Bo and points in the direction of Bo. Resonant absorption occurs at Larmor
frequency @ (in Hz) defined by equation [1.1] when the energy of a single
photon he® matches the energy gap between the two different spin states
(parallel/anti-parallel, AE=yhBy).

where y is the gyro-magnetic ratio (in Hz/T) and is nuclei dependent
(y = 42.58 MHz/T for 'H). The spins can be excited by any radiofrequency
magnetic field at Larmor frequency. If excited, they will start to oscillate and
produce a signal, also oscillating at Larmor frequency.

MR signal, relaxation times and contrast

In presence of an external field at Larmor frequency B: in the transverse
plane (orthogonal to Bo), the spins and magnetization vector start to precess in
phase. The spins in the parallel state absorb energy from the B: field and
make a transition to the anti-parallel state. The magnetization rotates
depending on B; strength and duration.

After B; turns off, the magnetization precesses around Bo. As it goes
back to equilibrium along Bo, it generates, according to Faraday’s law, an
electromotive force and a signal (called free induction decay or FID) can be
detected using a receiver oriented to detect magnetization changes in the
transverse plane.

In the transverse plane, the magnetization is subject to a rapid and
exponential decay. This phenomenon is due to the dephasing and loss of
coherence of the spins, and is characterized by the transverse relaxation time
T2. The return to equilibrium of the longitudinal magnetization along By is
characterized independently by the time constant Ti, known as the
longitudinal relaxation time.

Depending on the radio-frequency pulse scheme, delays and magnetic
fields gradients applied to the system, the measured NMR signal can be
sensitized to several parameters such as T, T2, proton density, diffusion or
perfusion for instance.
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In clinical practice, these multiple contrasts inform on different
physiological properties of real use for the diagnosis of cerebral pathologies.
For instance, tissue oxygenation (related to brain activity) and degradation
(such as edema) is visible through changes in T;* and T,. Based on T
contrast, the accumulation of paramagnetic MR contrast agents highlights the
cerebral structures affected by the disruption of the Blood-Brain-Barrier (BBB)
in cancer. On the other hand, dynamic T, and T>*-weighted acquisitions can
inform on the propagation of the same paramagnetic compound and will
reflect cerebral macro- and microvasculature, respectively. Proton densities or
diffusion have other applications, and one will rather investigate articulations
or white matter tract diseases (such as mild cognitive impairment or
Alzheimer) wusing these techniques. The present manuscript focuses
exclusively on perfusion MRI, whose main applications are cancer, stroke and
functional MRI.

Perfusion

Perfusion, typically characterized using cerebral blood flow (CBF) and
measured in ml/g/min, reflects the volume of blood delivered to tissues per
brain mass unit and per unit of time. CBF characterizes the exchange of
oxygen and nutrients to the tissues or the organs and is therefore an efficient
biomarker of the well-functioning organism.

The sensitivity of NMR to the motion of spins has been studied for a
long time. Different techniques have been developed to probe the brain
vascularization. Magnetic Resonance Angiography (MRA) has for instance
encountered a huge success in radiology by providing 3D maps of the brain
macrovasculature (arteries and veins with relatively high blood velocity). Other
methods, like Intra-Voxel Incoherent Motion (IVIM) developed by Le Bihan et
al. (7) in 1986, tried to access microvasculature considering the random
nature of blood motion in the capillary network. The technique did not meet
its audience at the time due to insufficient MR hardware to perform true
quantification. Very recent studies (8-10) show however a regain of interest
towards IVIM.

In clinical practice, there are two main classes of perfusion MRI
methods currently used to characterize brain microvasculature: bolus tracking
after an injection of exogenous contrast agent (Dynamic Susceptibility
Contrast, or DSC-MRI) and labeling of water protons as an endogenous
contrast agent (Arterial Spin Labeling, or ASL). True and absolute
quantification of CBF requires the passage of a tracer from the vasculature to
the tissues (from the intra- to the extravascular compartment). In DSC-MRI,
the use of pure intravascular contrast agents and CBF estimation based on
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hemodynamic measurements is however considered as perfusion imaging.
DSC-MRI and ASL techniques will be introduced in the next sections.

Perfusion MRI in clinical neuroimaging

Perfusion imaging provides a fantastic tool to probe the malfunctions of
the cerebral vascular mechanisms. In normal patients, DSC-MRI and ASL
studies have shown a longitudinal decrease of the CBF with aging (11). This
effect needs to be taken into account when performing important studies
including a large population of patients. An increase of CBF has also been
reported on pediatric subjects (12).

In the brain, perfusion can be measured in most structures. Calculation
of CBF in Gray Matter (GM) is for instance easily achievable in reasonable
scan times. However, the accuracy of the CBF estimation in White Matter
(WM) with ASL can suffer from the extended blood transit times associated
with the slow blood velocity in these regions. Recent studies report significant
measurements of CBF in WM above the limit of detection when performing
pseudo-continuous ASL at high magnetic field (13).

Applied to cerebrovascular diseases, perfusion MRI can predict
recurrent stroke (14). Both DSC-MRI and ASL techniques are in good
agreement with MRA and clinical symptoms. Associated with Diffusion
Weighted Imaging (DWI), the tissues with possible reperfusion can be targeted
in acute stroke based on the perfusion-diffusion mismatch (15). Perfusion
studies of regions with elevated blood transit times are also of great interest as
collateral flow seems to be correlated with positive clinical outcome in stroke
(16-17) and other cerebrovascular disorders (18).

In cancer, the regional Cerebral Blood Volume (CBV) obtained with
DSC-MRI is a potential marker of tumor grade and increased vasculature. The
local characterization of microvessels (mean vessel diameter, mean vessel
density, vessel size index) can also reflect the angiogenic process associated
with tumor growth (19-20). Both ASL and DSC-MRI can distinguish low grade
(I-II) from high grade (III-IV) tumors (21-22). DSC-MRI is used to assess vessel
permeability, whereas ASL provides quantitative information and suffers less
from disruption of the BBB. After treatment, CBF mapping can help the
clinician to distinguish recurrent high grade gliomas from radiation necrosis
(23). Inside the tumor, hypo-perfused regions usually characterize cysts,
calcification, hemorrhage or necrosis.

Many more brain pathologies and cognitive disorders can be
characterized by modifications at microvascular level. These include for
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instance Alzheimer’s disease (24-25), mild cognitive impairments and
dementia (26), epilepsy (27-28) or CNS infections (29).

Last but not least, perfusion MRI was recently considered to investigate
cognition and neuronal activation (30). Commonly performed with Blood
Oxygen Level Dependent (BOLD) techniques (31), functional MRI (fMRI)
measures classically an indirect marker of the brain activity based on To*
contrast due to local changes in deoxyhemoglobin concentration inside the
venous system. ASL performed at high temporal resolution can in principle
provide a true and quantitative measurement of neuronal activation. Perfusion
fMRI can therefore reduce the inter-subject and inter-platform variability
obtained with BOLD, and is more adapted to detect longer time scales
changes. In practice, CBF maps are less artefacted but present very low SNR
compared to BOLD images.

I.2 Dynamic Susceptibility Contrast

We will present in this section the main perfusion MRI technique used
in the clinic to characterize cerebral blood flow in vivo.

Presentation

First proposed in 1988, the estimation of CBF using DSC-MRI is based
on the dynamic tracking of a bolus of paramagnetic contrast agent through
the vascular network (32-33). After injection of a bolus of Gadolinium
compound (typically 0.1 to 0.3 mmol/kg), dynamic measurements of the signal
loss in Ty/T2* weighted images reflect the time-dependent concentration of
contrast material (Figure 1.1). Due to blood transit times on the orders of
seconds, a high temporal resolution is required to observe the wash-in and
wash-out of the contrast agent. This is usually achieved using Echo Planar
Imaging (EPI) sequences, acquiring the complete Fourier k-space in a single
repetition time. Different physiological parameters, such as CBV, Mean Transit
Time (MTT) and CBF can be derived from the temporal evolution of Gd
concentration, based on the tracer kinetics model for non-diffusible tracers
(34-35).

The flowing spins represent in the brain only 1 to 5 % of the total
population of spins per voxel. However, T>* weighted imaging is very sensitive
to magnetic field susceptibilities, and the use of a paramagnetic contrast agent
can generate up to complete signal loss in a given voxel. This makes DSC-MRI
very sensitive to small concentration changes. Multi-slice CBV, MTT and CBF
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maps exhibit high SNR, making DSC-MRI by far the most widely used
perfusion technique in the clinic. Moreover, DSC-MRI offers the possibility to
probe both macro- and micro-vasculature when associated with Gradient Echo
or Spin Echo sequences (36). The determination of the local AR, and AR»*
changes after the Gd injection can also inform on the average microvessel
diameter and density per voxel (20).

Time (s)

Figure 1.1 Dynamic Susceptibility Contrast (DSC-MRI) experiment in a
rat brain with a tumor. A. Dynamic evolution of the transverse relaxation rate
R2* (1/s) in tumor (dashed line) and healthy tissues (plain line) after [Gd]
injection. The ROIs used for averaging (H: healthy tissue; T: tumor) are shown
on the T> weighted image (B). The evolution of the relaxation rate reflects the
temporal concentration of contrast agent in the ROI and helps derive CBV, MTT
and CBF maps of the brain.

Limitations

There are however several drawbacks using DSC-MRI. Practical
limitations include toxicity of the tracer at high dosage and invasiveness of the
method. The application of DSC-MRI in patients subject to chronic renal
failure led for instance to multiple nephrogenic systemic fibrosis cases (37).
Allergies to the compound have also been reported. Moreover, typical contrast
agents have a complete wash-out time on the orders of hours, henceforth
excluding the possibility to repeat the experiment, or to apply DSC-MRI to
dynamic measurements.
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In addition, one must consider the reliability of the ‘absolute’
quantification performed with DSC-MRI. First, the tracer kinetics model is
only valid if the contrast agent remains exclusively intravascular. Therefore it
assumes an intact BBB. Leakage of contrast agent is however common in
numerous cerebrovascular diseases, and particularly in the case of high grade
CNS neoplasms. Special DSC-MRI protocols and post-processing correction
(38-39) need to be performed in order to obtain reliable perfusion information
in cases of BBB disruption. The tracer kinetics model (33) also assumes
negligible delays and dispersion of the bolus as it reaches the Region of
Interest (ROI), negligible T, effect on the tissue, negligible effect of the tracer on
CBF (therefore negligible volume) and no recirculation of the paramagnetic
compound. All of these approximations lead to measurements imprecision
and/or demand additional information to correct for it.

Second, DSC-MRI really provides relative quantification of the CBF in
the brain, and knowledge on the Arterial Input Function (AIF) is required to
obtain quantitative CBF. Although possible with PET or CT, this is hardly
achievable using MRI. Although recent studies are still investigating the best
choices of ROIs (40-41), the common method is to estimate the concentration
of contrast agent in a major artery feeding the brain, such as the major
cerebral artery (MCA) or the carotid artery (42). Estimation of the AIF using
MRI is however subject to flow turbulence, partial volume effects, delay and
dispersion due to the distance between the artery and ROI. Progress is
currently being been done towards automation of the AIF estimation process
in order to minimize CBF quantification bias due to the user.

I.3 Arterial Spin Labeling techniques

In this section we describe the ASL techniques allowing a true and
completely non-invasive quantification of CBF. The different types of existing
ASL sequences and their limitations are presented.

Presentation

In ASL the magnetization of water molecules in large arteries feeding the
brain (MCA), is manipulated in preparation modules placed in front of
conventional MRI sequences (Figure 1.2). After a transit time (1 to 2 s), the in-
flowing labeled spins replace the spins left at equilibrium in the slice of
interest. Perfusion weighted images are generated by taking the difference
between “control” (without labeling) and “tag” (with labeling) images. The CBF
maps are then calculated with sufficient knowledge of physiological
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parameters (T: of blood, blood-brain partition coefficient) or imaging
parameters. For instance, the labeling efficiency a depends on the type of
radio-frequency pulse used, but also on slice/vessel orientation and blood
velocity.

A D

ey ' P4 P
TT:TT‘. TT:TT'. TTT :
TAT'ATA‘PA el TAT.AT'ATA Hint¥ =
| At

ASL - control ASL —tag ASL —tag ASL —tag
(t=0) (0 <t < MTThblood) (t~ MTTblocd)

Figure 1.2 Arterial Spin Labeling (ASL) experiment on a rat brain. ASL
slices orientation: coronal (sagittal view of a rat brain). Two datasets are
required to obtain a perfusion-weighted image. A. The first “control” image
accounts for reference and measures the magnetization of the spins (white
arrows) at equilibrium. B. A preparation module inverts the magnetization of the
spins in the MCA. The labeling plane must be oriented perpendicular to the
vessel for maximum labeling efficiency. C. The labeled spins propagate in the
brain with blood flow. D. After a delay corresponding to the blood transit time
(1-2 s), signal is acquired in the slice of interest (“tag” image). Signal intensity
difference between “control” and “tag” is proportional to the number of spins
that have flown from the neck to the slice. The static tissue signals, present in
both “control” and “tag” images, cancel each other.

Compared to DSC-MRI, ASL sequences offer the possibility to obtain
complete non-invasive and quantitative perfusion information. This method
presents the advantage to be less sensitive to permeability effects, as there is
no accumulation of contrast agent: the labeled spins go back to equilibrium
with relaxation time T; (1 — 3 s). One can also use dynamic measurements to
investigate local CBF changes in response to various stimuli: ASL provides
new tools for fMRI. Last but not least, ASL benefits greatly from the recent
developments of high and ultra magnetic field MRI scanners through the
increase in T; (allowing longer efficient labeling durations) and SNR, and is
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expected to replace DSC-MRI and become the standard practice in the near
future.

Under the name of ASL lie four main groups of techniques: continuous
ASL (CASL), pulsed ASL (PASL), pseudo-continuous ASL (PCASL) and velocity-
selective ASL (VS-ASL). These four techniques share the same basic principles
described earlier (arterial blood as an endogenous contrast agent). However,
their specificities make them sensitive to different phenomena that limit CBF
quantification.

Continuous ASL

The first CASL method was developed in 1992 by Detre et al. (43-44). In
CASL, the arterial blood water is continuously labeled as the blood passes
through a thin labeling plane at the base of the brain or just below the
imaging plane (Figure 1.3-A). For maximum labeling efficiency and reduced
sensitivity to transit time, the pulse used for labeling is very selective and lasts
several seconds. These sequences measure steady-state blood flow and
present high perfusion contrast (45). They are however difficult to implement
in practice, deposit a high radio-frequency power on the patient (46) and are
very sensitive to magnetization transfer (MT) effects.

Pulsed ASL

In PASL, a very short pulse (covering a large area) is applied in the “tag”
image. Similar to CASL, signal is then acquired after a delay TI matching the
blood transit time. Preferred to CASL in clinical practice because easier to
perform, a large variety of PASL sequences (EPISTAR, PTILT, PULSAR, BASE,
PICORE...) have been developed since 1994 (47-53). These include classical
“distal inversion” techniques (EPISTAR, Figure 1.3-B) and inversion-recovery
techniques, such as the Flow Alternating Inversion Recovery (FAIR) (49) and
FAIR-derived sequences (54-55). In the latter, the “tag” is applied with a non-
selective inversion pulse, while the preparation of the “control” image
selectively inverts the magnetization around the imaging slice (Figure 1.3-C).
Due to lower radio-frequency power, PASL methods do not suffer from MT
effects as much as CASL techniques. The accuracy of CBF measurements with
PASL is however more sensitive than CASL to transit times variations. Recent
methods (QUIPSS, Q2TIPS) (48) apply an additional saturation module after
the labeling pulse to increase the precision on the estimation of the distance
between labeling and imaging. CBF mapping of the whole brain is now
possible with PASL techniques associated with 3D acquisition schemes (56).
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Figure 1.3 Examples of CASL, PCASL and PASL methodologies. A. Spin
tagging in continuous ASL is driven by adiabatic flow-driven inversion. Typical
radio-frequency pulses last 2 to 4 seconds. Pseudo-continuous ASL schemes
model continuous inversion with a train of short 180° FA pulses. B. Pulsed ASL
Echo Planar Imaging and Signal Targeting with Alternating Radio-Frequency
(EPISTAR) labeling protocol. Inversion is achieved in the “tag” image with a short
inversion pulse (5-20 ms) proximal to the slice of interest. Radio-frequency
deposition is balanced in the “control” image (symmetric inversion plane). C.
Pulsed ASL Flow Alternating Inversion Recovery (FAIR) methodology. A non-
selective//selective inversion labels all the spins//the static spins in the
“tag”// “control” image. After recovery, signal intensity difference reflects the
inflowing spins only.

Pseudo-continuous ASL

Recently PCASL techniques have been developed to combine the easy
implementation of PASL with the higher SNR of CASL. Garcia et al. (57)
suggested to mimic a continuous excitation by several short pulses, thus
reducing energy deposition and hardware demands. Recent studies reported
that PCASL is the best compromise between labeling efficiency, SNR and
sensitivity to MT effects. CBF quantification with these techniques can
however suffer from By inhomogeneities and eddy currents (58) that might
occur when implementing ASL on high field scanners.
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Velocity Selective ASL

Another ASL method has been created to eliminate the problem of
transit time sensitivity shared by CASL, PASL and PCASL. Opposed to these
techniques, VS-ASL techniques label all the flowing spins, regardless of their
position (59-60). In practice, the labeling module of the “tag” image inverts the
magnetization of all the spins flowing above the cut-off velocity v.. After a delay
(TI - inversion time), the imaging module acquires signal from the spins below
velocity ve. Signal intensity difference with the “control” image eliminates the
static spins contribution. Therefore only the decelerating spins (with initial
velocity above v. and current velocity below v contribute to the perfusion
weighted image. Because the blood in the venous system usually accelerates
with time, VS-ASL truly reflects arterial blood.

Limitations

The major limitation when performing ASL is the intrinsic low SNR of
the perfusion weighted images. As previously discussed, the flowing spins only
represent a small fraction of the entire spin population (1 - S %), limiting the
maximum SNR with ASL. Fast encoding techniques such as Echo Planar (EPI)
or Spiral Imaging need to be considered in order to optimize the SNR, making
ASL subject to distortions at high field. In the clinic, numerous repetitions of
“control” and “tag” images are required to map the CBF and typical ASL
experiments last 4 to 6 minutes. As a consequence, CBF calculation is very
sensitive to motion. Background suppression (eliminating the noise coming
from static tissue) and motion correction techniques can highly improve the
image quality (13,61).

MT effects due to high radio-frequency power can lead to major
overestimation of CBF with ASL (62), especially when performing CASL and
PCASL. When possible, symmetric radio-frequency deposition between
“control” and “tag” in ASL techniques (Figure 1.3) lead to reduced MT effects
on CBF calculation. This is however not always possible, due to Specific
Absorption Rate (SAR) or design constraints. In that case, one will use two-
coils systems (labeling/imaging) actively decoupled during the acquisition (63-
65).

Another drawback of ASL is the inefficient and unequal contribution of
the labeled spins to the perfusion weighted signal. In many cerebrovascular
diseases such as stroke, tumors or arterial occlusions, the vascular tree is
affected and the blood circulation hindered. CBF calculation with CASL, PASL
and PCASL is inaccurate in regions where the labeled blood does not reach the
imaging slice during TI. These problems can be overcome by using specific
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pulse sequences modifications using multiple TIs, at cost of extended scan
times (66) and increased T; relaxation of the labeled spins. In practice, ASL is
a poor choice to measure perfusion when in presence of collateral flow or small
blood velocities.

I.3 The Flow Enhanced Signal Intensity method

This section will introduce the Flow Enhanced Signal Intensity method,
its origin, principle and potential advantages compared to ASL and DSC-MRI.

DESIRE

With the recent emergence of high magnetic fields and gradients
strengths, MRI can achieve higher and higher spatial resolution (67-68). At
such a high resolution (a few micrometers), the mechanisms of diffusion
usually lead to a decrease of the already low SNR typically obtained in
Magnetic Resonance Microscopy using standard acquisition strategies. As
opposed to this, Paul Lauterbur et al. proposed first in 1992 (69) an original
imaging scheme called DESIRE (Diffusion Enhancement of Signal and
REsolution) to increase the sensitivity of diffusion NMR techniques.

The underlying principle of DESIRE is the following. By repeatedly
saturating at microscopic level, one generates a signal loss depending on the
Brownian motion of the saturated spins. When the spins accumulate and the
typical diffusion distances exceed the saturation size, the missing
magnetization can be magnified by a factor much larger than unity. Depending
on spatial resolution, diffusion degree of freedom (Figure 1.4-A; 1D, 2D or 3D
implementation) and saturation period (70), the first prospects into DESIRE
predict a signal increase of one to three orders of magnitude (Figure 1.4-B).
The signal difference between the images acquired with and without repeated
saturation is often referred to as signal enhancement (compared to a single
saturation).

A first experimental diffusion enhancement of factor 8 was reported in
1D on plant stems by Ciobanu et al. (71) using a 8 um thick infinite saturation
plane. More recently, an enhancement of 25 was obtained with 5 um
resolution (72). The first 2D implementation of DESIRE was recently achieved
at ultra high magnetic field (17.2 T) (73). MRI Experiments were however
constrained by gradient strength and duty cycle, greatly increasing the
minimum size of the saturation “hole” (60 um) and reducing the diffusion time,
therefore providing limited diffusion enhancement (~2.3). In the future, the use
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of DESIRE at lower magnetic field associated with very strong gradients (1-
10 T/m) is expected to produce unique diffusion contrast at high resolution.
This can potentially help to resolve the mechanisms of diffusion, still poorly
understood at cellular level.
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Figure 1.4 DESIRE experiment A. Representation of the missing
magnetization (black area) before and after diffusion when implementing the
DESIRE technique in 1, 2 or 3 dimensions. B. Theoretical signal enhancement
versus diffusion time (normalized to ds«?/D, where dsa is the radius of
saturation and D the diffusion coefficient), taken from (70) . The more
dimensions diffusion can expand into, the larger the signal enhancement.
Practical implementation of 2D and 3D DESIRE experiments is however difficult
and demands excellent hardware.

From diffusion to perfusion: the FENSI technique

The Flow Enhanced Signal Intensity (FENSI) method is a direct
extension of the DESIRE technique implemented in 1D. When compared to
diffusion distances blood water molecules travel much longer (velocities of 1 —
100 mm/s) and therefore the same technique can lead to high signal
enhancements even for relatively large saturation thicknesses (300 — 2000 pm)
(Figure 1.5).
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Figure 1.5 Schematic of a FENSI experiment in a rat brain. A. A first
“control” image is acquired to measure the magnetization in the imaging plane.
A single saturation slice is used to eliminate the contribution of the static tissue
to the signal. B. The original “tag” preparation module (1) consisted in 30
consecutive saturation pulses (total saturation time 330 ms). Signal intensity
subtraction provides information on the spins that have flown though the
labeling plane during the saturation period.

FENSI generates contrast based on flow mechanisms. Moreover, the
precise signal enhancement depends on the number and the velocity of the
spins that are being repeatedly labeled. In a typical two dimensional in vivo
MR acquisition (XY plane), a thin saturation slice (equivalent to 1D DESIRE
saturation, Figure 1.4) labels all the spins in the middle of the imaging slice
(Figure 1.6). Assuming a blood flow orthogonal to the saturation plane (along
Z), the labeled spins will more or less rapidly exit the labeling plane and be
replaced by new unlabeled spins, depending on their velocity. The more
saturation pulses are used, the more spins are being tagged and generate a
decrease of magnetization in the imaging plane. When the preparation module
has finished, the signal enhancement E depends on the number of spins that
have flown through the saturation plane but remain in the imaging plane.
Therefore FENSI can potentially provide a gain in SNR compared to the
classical ASL techniques used to assess local brain perfusion.
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Figure 1.6 Build-up of the saturation due to flowing blood. The white
rectangle represents the magnetization (proportional to the number of unlabeled
spins) in the blood vessel voxel of coordinates (X,Y) of the imaging plane. As
spins continuously flow through the thin saturation plane, they build up
saturation in the imaging plane. The signal enhancement obtained with FENSI
compared to a single saturation depends on many parameters, such as blood
velocity and blood concentration, saturation and imaging plane thicknesses or
total saturation time.

After this first introduction to FENSI, we will now explain quantitatively
how the signal is sensitized to the blood velocity and how cerebral blood flux is
measured with FENSI.

Signal enhancement

In what follows, we will often use the term “missing magnetization” (m)
defined as m(x,y,z,t) = 1 - M(x,y,2,t) / Mo(X,y,2). M and My represent the
macroscopic magnetization inside the voxel of coordinates (x,y) at time t and at
equilibrium, respectively. Based on the DESIRE equations (70), the signal
enhancement E is related to the missing magnetization m by equation [1.2]

E(x,y,t) = ! *f||Z|<L’MG/2m(x,y,Z,t)dz 1.2

2+Lgar z|>Lsar/2

where Lsar and Limg represent the saturation and the imaging slice
thicknesses. Assuming negligible T; relaxation of the labeled spins, the
evolution of the missing magnetization during the saturation period is
governed by equation [1.3]

om om 2*m 1.3
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where D and v are the diffusion coefficients and spin velocity, assumed to be
uniform and constant at position (x,y) during saturation. The saturation slice
dictates the following boundary conditions [1.4].

Mz|>Lsat/2 = 0 fort<O
Mz]se0 = 0 fort =0 L4
Mzisisat/z = 1 for all t

The boundary conditions reflect the equilibrium state in the imaging
plane before saturation, and the perfect saturation inside the labeling plane.
This system can be solved analytically for m and gives [1.5]

z—v(x,y) * t) 1 <v(x, y) * Z> . erfc(Z +v(x,y)*t

1
m(x,y,z,t) ==xer c( + —*ex
(x,y,2,t) f SWir: p D SWir: )

2 2

with erfc(x) = \/% * fxoo exp(—t?)dt 1.5

The signal enhancement after saturation E(x,y,z,t=Tsar) can be
calculated according to equation [1.2], knowing the blood velocity, diffusion
coefficient, saturation period and thickness, and the imaging plane thickness.
Figure 1.7 shows a 70 % signal increase for a particular set of acquisition
parameters (Lsar/Live = 0.4/10 mm, Tsar = 330 ms) and assuming a uniform
diffusion coefficient D = 3 um?/ms. It is worth noting that the enhancement
E (v=0) found in absence of flow matches the DESIRE signal enhancement
found with the same imaging parameters. One will also notice that the
enhancement reaches a plateau on the E/v plot for velocities higher than
vp = 15 mm/s. Above this threshold, the spins labeled at the beginning of the
saturation module exit the imaging plane before the end of the labeling
module. Therefore they do not contribute to the signal. Both the maximum
enhancement and the velocity threshold depend strongly on the different
imaging parameters, making FENSI potentially sensitive to a wide range of
velocities.

To synthesize, in the absence of T: relaxation effects, the signal
enhancement E/v is fully characterized by three different parameters: vm, ve
and Ewmax. These parameters depend entirely on Livg, Lps, Tsar and Lsar and will
be further detailed later in this manuscript. The following lines illustrate the
relationship between the FENSI enhancement E and the velocity V.

V< VMIN E = O
T.

Vmin <V < Vp Ezﬂ*(V_VMIN)
LSAT

Vp < V E = EMAX
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Figure 1.7 E/v plot: theoretical signal enhancement obtained with FENSI
for different blood velocities. For estimation, we used the following
parameters: Lsar/Lmc = 0.4/10 mm, D = 3 um?/ms, Tsar = 330 ms.

It is worth noting that the existence of a plateau Emax in the E/v plot
(Figure 1.7) does not mean that all the spins equally contribute to the signal
loss. The experimental FENSI enhancement Egxp is in practice weighted by the
flowing spins fraction f (proportional to the regional CBV). This last parameter
can increase substantially near large blood vessels and varies locally in
patients suffering from cerebrovascular diseases, such as brain tumors.

This also indicates that the FENSI method can be used in different
ways. If the plateau E=Emax is reached instantaneously, all the spins with
velocities v>vp equally contribute to the FENSI enhancement. Because the
signal intensity difference between the control and tag image reflects the
number of flowing spins through the labeling slice, any difference in the flux-
weighted image will be due to differences in the local flowing spins fraction.

Flux calculation

As opposed to the theoretical calculation performed in the previous
paragraph, it is also possible to estimate the spins velocity based on the
experimental signal enhancement obtained with FENSI. This was first shown
by Sutton and Ciobanu (personal communication) who imaged in 2008 a flow
phantom. Using the imaging parameters previously described, they calculated
a velocity of 8.5 mm/s in the phantom, in good agreement with the physical
input of 10 mm/s flow rate.
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Their calculation is however only accurate if the flow is oriented
orthogonal to the labeling plane. When performing in vivo experiments, one
will therefore prefer to measure the local blood flux rather than estimate the
longitudinal component of the blood velocity. The calculation of the volumetric
flow rate of blood can be performed on the same phantom on a voxel-by-voxel
basis using equation [1.6].

1 A v 60 T TE
CBFlux = {ﬁ}x;x%xmxexp (ﬁ) X exp (—b) 1.6
Irux and Istamic represent the signal intensity difference due to blood
flow and the static tissue signal, A is the tissue-blood partition coefficient, Vrac
and Scs the volume and the cross section of an imaging voxel, a the labeling
efficiency, TE the echo time and Tsar the total saturation time. Ti, and Ta, are
the blood longitudinal and transverse relaxation times, respectively. In this
manuscript we consider equation [1.6] as standard for flux calculation.

In practice, one assumes Tip and Ty, large enough compared to Tsar and
TE, respectively. In addition, the labeling efficiency is also often considered
ideal (a=1) to minimize post-processing. Under these assumptions, the
equation [1.6] simplifies to [1.7]

I Vv 60
CBFlux = {ﬂ} 1 x Lrac 00 1.7

STATIC SCS TSAT

Given the particular imaging parameters of Sutton et al., equation [1.7]
becomes [1.8]

M, —M Vimeg — V- 60
Q={ 1 30}><A>< MG TAG o 1.8

Ml SCS TSAT

where M: and Mjp represent the intensity of the “control” and “tag” images
(respectively acquired after 1 and 30 saturation pulses). Equation [1.8] was
verified on the same water phantom. A good correlation was found between the
experimental volumetric flow rate Q of 2.8 £ 0.6 ml/min/cm? calculated with
[1.8] and the preset rate of 3.0 ml/min/cm?.

FENSI: state of the art

The FENSI technique was first introduced in 2007 as a qualitative
functional imaging method. The relationships [1.2] and [1.5] between the
signal enhancement and blood velocity were derived and the method was used
to measure relative changes of blood flux in the human brain performing a
visual task (1). The experiment showed neural activation based on FENSI, ASL
and BOLD techniques (Figure 1.8). Out of 8 functional experiments (four
subjects and two orientations), 4 presented no significant changes with ASL.
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Both FENSI and BOLD were reliable in detecting neural activity during each
stimulus, and measured in average +6.9 % blood flux and +1.6 % T>* weighted
signal during the visual task. This first study, although performed on a limited
number of subjects, showed the potential important impact of FENSI in fMRI
studies.

Figure 1.8 Z-score axial and FENSI  BOLD ASL
coronal activation maps derived
from FENSI, BOLD and ASL
acquisitions in  four  subjects
performing a visual task (from
Functional Imaging with FENSI:
Flow-Enhanced Signal Intensity by
Sutton et al. (1)). Note that ASL does
not detect any significant change
(Z < 2, p > 0.05 under visual
stimulus for subject #4, suggesting
lower sensitivity compared to
FENSI or BOLD. Under stimulation,
the signal increased in average by
6.9 % 1.6 % and 1.2 % with
FENSI, BOLD and ASL, respectively
(1).

More recently, FENSI was used with the exact same imaging parameters
to estimate cerebral blood flow in the hippocampal and brainstem region, and
investigate the possible correlations between CBF, aging, reaction time and
cognitive decline (74). Although claiming CBF quantification, the study was
really measuring blood flux and assumed negligible side-effects due to
repeated saturation, leading to possible overestimation of flux. Absolute
quantification was of little importance, as only relative changes (between two
regions and two populations of subject) were used in their calculations.
However, the fact that CBF was maybe non-uniformly affected by MT effects
might have biased the authors’ statistics.
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II. Quantification of blood flux with FENSI

n this chapter we investigate the possibility to quantify blood flux in

vivo with FENSI. For this purpose, we estimate the amount of

magnetization transfer (MT) introduced by the repeated saturation
described in chapter 1. Measured on samples without flow, MT causes a
decrease in the signal intensity of the tag image which will lead to an
overestimation of the flux.

After we estimate the amount of magnetization transfer introduced
when performing FENSI ex vivo (on sacrificed rats), we perform a post-
processing correction for MT in order to calculate the first MT-free in vivo
cerebral blood flux maps of the rat brain. These results, published in 2011
(75) in Magnetic Resonance in Medicine, show that MT can be efficiently
removed from FENSI data. The CBFlux results calculated in gray and white
matter are in good agreement with the literature on rat brain perfusion.

However, the MT effects depend on the many parameters of the
saturation module. They are also tissue dependent. The post-correcting
method is therefore not suitable for in vivo studies and characterization of
microvascular changes associated with brain pathologies.

In the second part of this chapter we show how the design of the Flow
Enhanced Signal Intensity method was modified in order to introduce the
exact same amount of MT in the control and the tag image. Experiments on
phantoms and ex vivo samples show that the remaining MT effects are
negligible compared to flux. We provide with FENSI quantitative cerebral blood
flux measurements of the rat brain at 7 Tesla. Based on the new sequence
design, the FENSI method is suitable for a completely non-invasive and
quantitative characterization of the brain microvasculature.

Finally we discuss the validity of our flux measurements and compare
the approach that we used to quantify blood flux to that of another group that
implemented the MT-balanced FENSI technique on a clinical scanner. Both
specificities are detailed. Quantitative comparison of CBFlux with ASL-based
CBF measurements is performed and discussed.
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II.1 Magnetization transfer

We will first introduce in this section the mechanisms of MT and the
effect this phenomenon has on signal intensity after application of the FENSI
preparation module used to repeatedly label the flowing spins. Then we will
propose and apply a protocol to precisely quantify the amount of MT
introduced by our sequence in a typical FENSI CBFlux measurement
experiment at 7 Tesla.

Introduction

First observed in 1989, MT refers to the following phenomenon: due to
an exchange of spins between free water and macromolecules, an off-
resonance irradiation applied in tissues generates a decrease in the bulk water
signal observed in MRI. For a given off-frequency pulse, the water signal decay
depends on the exchange rate between the different spins population.
Therefore MT can be used to identify local structures as well as tissue
alteration and degradation.

The mechanisms under MT have first been studied by Wolff and
Balaban (76) after an accidental discovery (77), then quickly quantified by
Henkelman et al. (62) and applied to the clinic (78-80) in the early 90’s. MT is
nowadays used as a natural source of contrast between tissues, along with
proton density, transverse and longitudinal relaxation times.

Figure 2.1 illustrates the MT effects introduced by a saturation pulse
applied a few ppm away from the water peak, in a simple model with two pools
of protons, in free water and macromolecules. We will refer to these
populations as free protons and bound protons, respectively.

A radio-frequency irradiation at off resonance frequency leaves the
longitudinal magnetization of the free protons unchanged. Because the bound
protons are strongly coupled to each other, they present a much broader and
homogeneous radio-frequency absorption lineshape than the free protons
(Figure 2.1-A). Therefore the application of the off resonance B; magnetic field
results in a progressive saturation of the bound protons.

The bound and free protons interact with each other (Figure 2.1-B). R
represents the MT exchange rate between the two populations of spins. M,
and M, represent the total normalized longitudinal magnetization of the spins
from the free water and the macromolecules pool respectively. Immediately
after saturation and assuming very little direct saturation of the free protons,
M, ~ 0 and M,¥ ~ 1. The two pools of protons are coupled through the Bloch
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equations describing their evolution (62). These introduce the spin exchange
rates R*M,v (free water to macromolecules) and R*M,m (macromolecules to free
water).

RF irradiation

A

0 Frequency offset
B Freewater Macromolecules

Longitudinal M. W
magnetization

C

MR

il

e

0 Frequency of,fset

Figure 2.1 Mechanism of magnetization transfer A. Radio-frequency
absorption lineshapes of free protons (blue) and bound protons (red). The
application of a pulse at off-resonant frequency (grey band) affects only the
longitudinal magnetization of the bound protons. B. Bound and free protons
interact during and after radio-frequency irradiation with exchange rate R. The
magnetization is partially transferred from the free protons (Myw) to the bound
protons (M,m). C. The MR signal is proportional to the longitudinal magnetization
of the free protons. MT generates a decrease in MR signal due to indirect
saturation of the bulk water signal.

The purpose of this introduction to MT is not to solve for these Bloch
equations (whose analytical solution is known (62)), but to explain the origin of
the decrease in MR signal. After saturation, M,» << M,¥ and spins are mainly
transferred from the free water pool to the macromolecules pool.
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This generates a decrease in the longitudinal magnetization of the free
protons. It is worth noting that the bound protons present an extremely short
transverse relaxation time T, (in the order of microseconds (62)). In a typical
MRI experiment (with a TE on the orders of 10 ms), the MR signal decay is
proportional to exp (-TE/T2). Therefore no signal is acquired from the bound
protons. Only the indirect saturation of the free protons due to magnetization
transfer can be measured and quantified (Figure 2.1-C).

Flux over-estimation

Magnetization transfer affects FENSI as well as most of the ASL
techniques. The saturation pulse used to label the water molecules in the
blood is indeed seen as an off-resonance pulse by the spins contributing to the
imaging slice signal. Therefore the longitudinal magnetization of the spins is
decreased in the tag image. However, the signal from the control image
(without saturation) is not subject to this phenomenon.

The calculation of the theoretical cerebral blood flux crossing the
saturation slice with FENSI depends on the signal intensity difference between
the control and the tag image in absence of MT. In reality the decrease in
signal observed when saturating spins with FENSI is also sensitive to indirect
saturation of the imaging slice because the MT effects are not balanced
between control and tag.

FENSI is ideally only sensitive to the moving spins crossing the
saturation plane (see Chapter 1). These represent typically 1 to S % of the total
population of spins in that plane. On the other hand, MT can affect a large
part of the spin population of the imaging slice, which is by definition much
thicker than the saturation plane. A more precise quantification of the MT
effects introduced by the FENSI module will follow.

The following experiment highlights the MT effects introduced after
application of the FENSI preparation module. Two phantoms (samples) were
made of pure water and 2 % weighted agarose gel, respectively (Figure 2.2-A).
The theoretical signal intensity difference between control and tag is zero in
these two phantoms, in absence of flux and MT effects.

The effective signal intensity difference reaches 30 % of the control
image intensity inside the gel (Figure 2.2-B). The intensity difference in water
is used here as a reference, because pure water is not affected by MT. This
experiment provides evidence of the MT effects introduced by repeated
saturation.
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Figure 2.2 Evidence of magnetization transfer effects on signal intensity
difference obtained on phantoms with FENSI. A. Localization of pure water
(blue ROI) and 2 % weighted agarose phantom (red ROI) on FENSI control image
(arbitrary units). B. Signal intensity difference between control and tag image
normalized to control gel intensity, in absence of flux. Pure water is not affected
by MT. The apparent difference in intensity observed in gel (30 %) is due to MT
only.

MT quantification

To quantify this MT effect we introduce the Magnetization Transfer
Ratio (MTR) defined by equation [2.1], where M, and Mg, represent the
longitudinal magnetization of the free protons at equilibrium and after radio-
frequency irradiation and MT respectively.

My — Mgy 2.1

MTR =
Mo

This MTR takes into account two different phenomena: MT and direct
saturation of the free protons. This ratio can be experimentally measured by
calculating the ratio of the MR signal intensity with and without saturation. In
absence of flux and direct saturation, an accurate estimation of the amount of
MT introduced by the FENSI preparation module is then given by equation
[2.2]

Ierre — Itac
MTRpgns = ——— 2.2

ICTRL
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Figure 2.3-B illustrates the design of the MTRrenst measurement
protocol. Compared to a classical FENSI experiment (Figure 2.3-A), the pulse
sequence is slightly modified to tag a 300 pm thick slice 1 mm away (to avoid
direct saturation effects) from the imaging slice, chosen to be 1 mm thick.
Imaging is performed on both sides of the saturation plane.

In order to estimate the MT introduced by FENSI in the rat brain in
absence of flow, five animals are euthanized right before the MTRrens
measurements. One animal is used to study the influence of the total
saturation duration (proportional to the number of pulses) on the amount of
MT generated. Four rats are used to estimate the possibility to quantify the
effect of MT in gray matter (GM) and white matter (WM), and to generate
MTRrenst maps of the rat brain.

MTR measurement 1

saturation slice saturation slice

IMAGING SLICE MTR measurement 2

FENSI MT measurement

Figure 2.3 Design of the FENSI / MTRrenst measurement imaging protocol
A. In a typical FENSI experiment, the capillary network is being continuously
saturated. Imaging of a thicker imaging slice provides information on all the
spins that have crossed the saturation slice but is also contaminated by MT
effects. B. The MR signal is being measured above and below the saturation
slice (no direct saturation) on a sacrificed rat to estimate the amount of MT
introduced by the repeated saturation.
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The parameters of the FENSI preparation module are chosen similar to
those used for in vivo studies. Only the total duration of the saturation varies
from 250 ms to 1500 ms along the experiment. Figure 2.4-A presents plots of
the MTR versus the number of saturation pulses for white and gray matter,
averaged on four slices at 7 Tesla. The different ROI used for brain
segmentation are shown in Figure 2.4-B.
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35+

= White matter
30 o Gray matter

26+ / e

B

0 25 50 75 100 125 150

Number of
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Figure 2.4 Quantification of MTRrens: in gray and white matter at 7 T
A. Evolution of MTRrenst as a function of the number of pulses used for
saturation. The MTR reaches up to 35 % in white matter and 24 % in gray
matter, for 150 saturation pulses (saturation duration = 1500 ms). B. Regions of
Interest used to calculate MTRrenst in white and gray matter (corpus
callosum/cerebral cortex). The corresponding number of pixels was 156 and
500, respectively. The saturation was located below the imaging slice.

One can see that, as expected, the MT effect is dependent on the tissue
type and gets stronger as the number of pulses increases. For a 1500 ms
saturation period, the MT effect accounts for a decrease in signal intensity of
up to 35 % in WM and 24 % in GM, respectively.

In order to estimate the variability of the MTRrens! ratio across animals
the MT measurements are repeated on four different animals (4 slices, using
the same saturation period of 1500 ms). The results from these measurements
are presented in Table 1. The decrease in signal due to the MT effect found in
WM/GM is [34.1 £ 3.9 %]/[23.9 £ 3.3 %] when the tagging plane is placed
below the imaging slice and [40.9 = 4.1 %]/[29.0 £ 3.4 %] when the tagging
plane is placed above. No significant difference is observed among the slices
taken for the same individual or for different individuals.

43



Table 1 MTR (%) in white and gray matter introduced by the FENSI tag

MTRFens: [%] Ratl Rat2 Rat3 Rat4 mean

white mattera 41.0+2.8 40.0x3.2 41.1£3.7 41.5£3.5 409zx4.1
gray matteras 29.1+3.0 286*3.8 29.3+3.3 29.1+3.7 29.0x34
white matter 33.9+3.5 359%+35 354%+3.7 31.3%+£3.2 34.1+3.9
gray matter 24.5+3.2 24926 24.6+3.2 219+£3.2 23.9+3.3

The results are averaged over four different slices in four rats.
aTag located above the imaging slice. PTag located below the imaging slice.

Conclusion

The repeated saturation used to label the flowing spins with FENSI is
seen as an off resonant radio-frequency irradiation by the spins from the
thicker imaging slice. This leads to an indirect saturation of the free protons
due to magnetization transfer and to an overestimation of the cerebral blood
flux CBFlux calculated with FENSI. However, this MT effect can be quantified
once a particular set of experimental parameters was selected.

I1.2 Post-processing correction

In this section we will describe a post-processing correction protocol to
correct for the effect of MT on signal intensity and derive the first non-invasive
quantitative cerebral blood flux maps of the rat brain from contaminated
FENSI data.

Process

Brain microvasculature is characterized with FENSI by calculating the
flux CBFlux (in units of mL/min/cm?) defined by equation [1.7] (see Chapter 1).

I 7 60
CBFlux = {ﬂ} XA X —AG 7

STATIC SCS TSAT

Under the assumption that the MTRggys; measured ex vivo is similar for
in vivo studies, quantitative flow information based on FENSI images is
obtained by correcting for the magnetization transfer effect present in the tag
images, according to the formula [2.3], where I7,4; is the uncorrected signal
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and MTRpgys; is the average value of the mean correction factors listed in Table
1: 0.37 and 0.26 for WM and GM, respectively.

Icor = ITAG/(l — MTRpgns1) 2.3

The intermediate parameter I.or represents the corrected signal
intensity after the MT correction and is equal to Ir4g without uT- I the absence
of MT effects or direct saturation, only flux and static tissue affect the signal
intensity of the tag image. Irs without vr Can therefore also be defined by
equation [2.4]

ITAG without MT = ICTRL - ISTATIC - IFLUX 2.4

Cerebral blood flux CBFlux can then be calculated using equation [2.5],
by eliminating Ir;yx in the original flux formula [1.6] based on equation [2.4].

I -1 |7 60
CBFlux = {M— 1}><A>< TAG o 2.5

ISTATIC SCS TSAT

First quantitative cerebral blood flux maps

We calculate the CBFlux maps of ten animals, with and without MT
correction. For perfusion measurements each dataset consists of three images:
a control image (3 mm thick without saturation), a tag image (3 mm thick with
saturation) and a reference image.

The experimental parameters for this particular experiment are listed in
Table 2. In particular, the effective tagging thickness (0.4 mm) is measured by
acquiring MR signal from a slice orthogonal to the saturation plane. Repeated
saturation of the magnetization of the spins inside a 0.3 mm thin slice is
found to be equivalent to an instantaneous saturation of a 0.4 mm slice.
Therefore the thickness of the reference image is chosen 0.4 mm to account
for static tissue signal and direct saturation of tissues.

Segmentation of WM and GM regions is performed using an additional
To-weighted Fast SE sequence (TE = 60 ms, TR = 3000 ms, NA = 4, Rare
Factor 8, FOV 30 x 30 mm?). Figure 2.5-A illustrates the MTRrenst masks
generated to perform a pixel-by-pixel post-processing correction for MT. These
masks are found to agree well with the corresponding regions as seen in a
typical MTR map (Figure 2.5-B).

45



Table 2 List of experimental parameters used for calculation of cerebral
blood flux with FENSI at 7 Tesla

FENSI-SE at 7 Tesla CONTROL TAG REFERENCE
TR/TE (ms) 3000/8.3
In-plane resolution (mm) 0.2x0.2
Field of View (mm) 30 x 30
Slice thickness (mm) 3 3 0.4
FENSI module OFF ON OFF
Tag thickness (mm) = 0.3 =
Number of 90° loops - 150 =
Saturation time! (ms) 0 1500 0

A FENSI preparation module is implemented in front of a regular Spin-Echo
sequence (with Cartesian encoding) to prepare the magnetization of the spins in
the tag image. For Control and Reference image, a delay accounts for the
increase of the repetition time due to the tagging module.

As expected, the CBFlux maps calculated without MT correction do not
give accurate results. Indeed, the uncorrected maps (Figure 2.6) behave like
MTR maps (see Figure 2.5-B) with hyper-intense signals in the WM, blood flux
value of 3.8 £ 0.4 mL/min/cm?2, compared with 3.1 + 0.3 mL/min/cm? in GM.

A

MTRgns map from Table 1

Figure 2.5 MTRrens1 map A. generated from Table 1 and used for post-
processing. B. acquired on an ex vivo rat brain.

However, the corrected maps (Figure 2.6-B) yield results which agree
with those previously reported in the literature. Specifically, we obtain blood
flux values of 0.30 + 0.35/0.74 + 0.32 mL/min/cm?in WM/GM, resulting in a
ratio WM/GM of 0.4, in good agreement, as illustrated in Table 3, with the
CBF ratio of obtained with other techniques such as ASL (81), DSC (82),
positron emission tomography (82-83) or CT (84). Direct comparison between
the measurements made with FENSI and those made with other perfusion
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techniques such as ASL and DSC is complicated by the fact that ASL and DSC
measure different aspects of blood flow; specifically, ASL and DSC measure
bulk delivery of blood in mL/100g of tissue/min while FENSI measures
localized volumetric blood flux in units of mL/min/cm?2. This aspect will be
further discussed later in this manuscript.

A CBFlux (mL/min/cm?) B cBFlux (mL/minicm?)

Figure 2.6 Cerebral blood flux maps calculated with FENSI A. without MT
correction. WM regions appear hyper-perfused compared to GM. This is in
contradiction with literature on brain microvasculature. B. After post-processing
correction for MT, the overall blood flux is lower in the rat brain. The WM/ GM
flux ratio (0.41) is consistent with the WM/GM CBF ratio obtained with
ASL//DSC (0.33//0.37) studies (81-82).

Table 3 Comparison of the FENSI flux ratio WM/GM with the CBF ratio
obtained with other methods

Method PET CT DSC ASL FENSI

Flux or CBF ratio 0.45 0.30 0.37 0.33 0.41

The flux ratio obtained with FENSI is in agreement with literature on brain
perfusion (see refs in text). Specifically, Regions of Interest are drawn in the
cerebral cortex for GM and in the corpus callosum for WM (see Figure 2.4-B).

The results presented here are the first in vivo MT free CBFlux
measurements obtained with FENSI. They demonstrate the feasibility of
complete and non-invasive quantification of microvascular flux dynamics with
our method.
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Accuracy of the MT modelization

The question of whether the MT correction is accurate is to be assessed
in this section. The MTRrens is indeed measured ex vivo (in absence of flow),
and the model used for flux calculation assumes that this MTRrens: is similar
in vivo, and affects the components I¢rr, Istaric and Ig;yx of the theoretical tag
signal intensity I7a¢ without MT-

However, the effect of MT on flowing blood is not clear and one could
consider a model where MT only applies to the static spins of the imaging slice
that are not already subject to direct saturation. In this model, the measured
tag signal intensity I,z , is defined by equation [2.6]

ITAG,Z = ICTRL - ISTATIC — MTR X (ICTRL - ISTATIC) - IFLUX 2.6

Under this assumption, the CBFlux wused to characterize brain
microvasculature according to [1.6] becomes [2.7]

Ierre — Icor Vrac % 60 2.7

CBFluX = (1 - MTRFENSI) X { - 1} X A X

ISTATIC CcS TSAT

The WM/GM flux ratio of 0.35 based on this equation is within
acceptable range compared to other CBF measurement techniques (see
Table 2.3) and close to the flux ratio of 0.41 derived with the previous model.

Only the amount of MT relative to the flowing spins (1 to S % of the total
number of spins) is treated differently in these two approaches. Therefore
these two models still provide a first-order correction for the MT introduced by
the FENSI preparation module. In reality, the MTRrensi relative to the fraction
of moving spins is probably different from the MTRrens: calculated in WM or in
GM, and a more complex model needs to be established in order to fully
compensate for MT.

Limitations

As illustrated by Figure 2.4, the MTRrens: depends on the total
saturation duration. Any change of parameters on the preparation module
(number of pulses, power, shape, duration) will affect the amount of MT
introduced by the saturation on the tag image.

Even though the exchange rate between the macromolecular spins and
the liquid pool is field independent the MTR for a tissue increases as the field
strength increases due to the increase in the longitudinal relaxation time (77).
Therefore, for identical FENSI modules the MTRrenst Will be different at
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different field strengths. As a result, the correction factor cannot be
transferred from one magnetic field strength to another and should be
measured in each particular case.

The main limitation associated to MT remains its variability upon
different type of tissue. It is only possible to perform non-invasive
quantification of the CBFlux in the WM/GM of ten healthy rats after
estimation of the MTRrenst in the WM /GM on four sacrificed rats. This post-
processing correction method requires a priori knowledge on the tissue. This
information depends on the many parameters used in the FENSI preparation
module and must be obtained on the same tissue in absence of flux or ex vivo.

Conclusion

For the first time and based on the post-processing correction technique
presented in this section, FENSI is used to perform non-invasive quantification
of CBFlux in the WM and GM of the rat brain. The results obtained with this
method (relative measures of CBFlux in gray and white matter) are in good
agreement with the literature on rat brain perfusion, measuring CBF.

However, in regards to the limitations of this approach, this post-
processing correction should only be used in situations in which the
magnetization transfer is not expected to change. It is therefore not applicable
to longitudinal studies in which the MTR ratio changes (e.g. angiogenesis) or
clinical studies. For these situations, other correction techniques are needed.

II.3 MT correction within the preparation module

In this section we will describe our developments toward another
method to compensate for the MT introduced by the tag when performing
FENSI, by introducing the exact same amount of MT in the control image. This
technique is now used as standard for in vivo studies to calculate MT free flux
with FENSI.

Pulse sequence modification

The preparation module of the original FENSI method consists in
several loops of 90° FA short pulses. The repetition of these short pulses is
equivalent with a continuous saturation over a long duration and introduces
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MT in the tag image. When set in control mode, the preparation module does
not apply any radio-frequency pulse. Therefore no MT is introduced in the
control image and the signal intensity difference between control and tag is
contaminated by MT.

The FENSI preparation module is modified based on a Transfer
Insensitive Labeling Technique (TILT) method (50) in order to compensate for
MT effects during the acquisition.

For this purpose, the 90° FA pulses used in the previous FENSI
sequence are replaced by pairs of +45°+45°//+45°-45° FA pulses
(tag//control). In practice, every other 45° FA pulse of the control image is
subject to a +mt phase shift. A particular attention is given to the delay between
two consecutive +45° FA pulses. This delay must be chosen as short as
possible in order to refocus the same population of spins in the control image
and to fully saturate the labeling plane in the tag image. This delay is only
constrained by the gradient duty cycles.

Based on this new design, pseudo-continuous saturation of the labeling
plane is achieved in the tag image, whereas the spins are regularly refocused
in the control image.

Due to the application of radio-frequency pulses in the control
preparation module, both control and tag image are affected by MT. However,
the MTRrens: depends on the number, power, shape and duration of the pulses
used in the preparation module and these parameters are identical for control
and tag. Therefore the same amount of MT affects Iorg, and Iryg -

The FENSI pulse sequence is further modified in order to implement an
additional triple-90°-pulse saturation module. The repeated application of
+45° and -45° FA pulses in the control image can indeed generate a decrease
of the static tissue signal in case of imperfect slice profile. We remove the
contribution of the static tissue to the MR signal of both control and tag image
by using this module.

After complete modification of the FENSI pulse sequence modification,
the difference in signal intensity measured between control and tag can only
depend on flux. Equation [2.4] becomes [2.8]:

Itac = Icrre — IrLux 2.8

We can then derive the cerebral blood flux CBFlux (in mL/min/cm?)
from the data acquired using the modified FENSI sequence by using the
formula [2.9]:

I -1 V. 60
CTRL TAG} % 1 x TG o 2.9

CBFlux = {
Scs Tsar

STATIC
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Experimental removal of MT effects

Phantom (2 % agar gel) experiments are performed in order to verify the
removal of MT effects between control and tag. An additional test is also
performed on a postmortem rat brain. The MTRrenst is calculated voxel-by-
voxel based on equation [2.2].

B

MT [%]

Figure 2.7 Influence of MT effects on A. gel (2 % weighted agar) and B.
post mortem rat brain. A. The MTRrensr in gel reaches 4 % on the edges of the
sample, and remains below noise level (0.1 * 0.3 %) inside the ROI used for
shimming (white box). B. The MTRrenst does not exceed 2.2 % in the whole ex
vivo rat brain (white dashed line, axial view) and is negligible in the cerebral
cortex (0.7 = 0.8 %).

Figure 2.7-A illustrates the MTRrensi introduced on the gel sample by
this new pulse sequence. The white box indicates the ROI in which the
shimming was performed. The MTRrens inside the shimmed ROI is negligible
(0.11 £ 0.26 %), while at the edges of the sample can reach 4 %. This result
establishes that provided good Bo homogeneity, the current FENSI
implementation eliminates MT effects allowing quantitative measurements of
CBFlux without post-processing correction.

Although the MTRrens: is found less homogeneous in the ex vivo rat
brain than in phantoms, MT effects are also negligible on the post-mortem rat
brain (Figure 2.7-B). Based on the flux map obtained on the post-mortem
brain, a remaining MTRrenst of 0.7 £ 0.8 % is calculated in the cortex. The
MTReenst can reach 2.2 % near cerebellar regions.
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Influence of the remaining MTRrenst on flux calculation

A CBFlux (uL/min/cm?) B CBFlux (ML/min/cm?)

Figure 2.8 CBFlux map (uL/min/cm?) calculated with MT-balanced FENSI
(no post-processing). A. In vivo flux map or a rat brain B. After sacrifice, the
flux calculated in the same rat brain (dashed line) is negligible. The areas #1, 2
and 3 are the ROIs used to measure flux in the cerebral cortex, corpus callosum
and major cerebral artery respectively.

Figure 2.8 illustrates the influence of this MTRrens: on flux calculation.
Indeed, the apparent flux calculated ex vivo (Figure 2.8-B) is not related to
CBFlux, but reflects the overestimation of blood flux due to MT. The CBFlux
results obtained in the cerebral cortex, corpus callosum and MCA are listed in
Table 4. The ex vivo measurements in the cerebral cortex, corpus callosum
and MCA show that MT has very little influence on flux calculations. The
impact of MT on CBFlux is below noise level when performing an in vivo flux
measurement with FENSI.

Table 4 In vivo and ex vivo CBFlux calculated with FENSI in the rat brain

Cerebral blood flux In vivo Ex vivo
(uL/min/cm?)
cerebral cortex 131 £ 27 36 £ 22
corpus callosum 66 = 17 28 £ 13
major cerebral artery 308 + 121 25+ 21

The measurements in the cerebral cortex, corpus callosum and MCA were
respectively performed in the ROIs #1, 2 and 3 of Figure 2.8-B.
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Quantitative Cerebral Blood Flux maps at 7 Tesla

Based on the new 45°/+45° FA pulse design, the sequence is then
optimized to perform in vivo studies at 7 Tesla in a reasonable amount of time.
For this purpose, the FENSI preparation module is implemented on an Echo
Planar Imaging (EPI) sequence, maximizing the SNR per unit of time. The k-
space is segmented in 4 segments in order to avoid large distortions of the
signal. The parameters used for flux calculation are listed in Table 5.

Table 5 Parameters of the MT balanced FENSI Spin Echo EPI sequence at

7 Tesla
FENSI-SE at 7 Tesla CONTROL TAG REFERENCE
TR/TE (ms) 6000 / 13
In-plane resolution (mm) 0.25x0.25
Field Of View (mm) 20x 20! // 25 x 252
Slice thickness (mm) 6.5 6.5 1
FENSI module ON ON OFF
Tag thickness (mm) 1 1 -
Number of +45°/-45° 147 0 -
loops
Number of +45°/+45° 3 150 =
loops
Effective sat time (ms) 60 3000 =

IFOV used for coronal and sagittal orientation. 2FOV specific to the axial
orientation.

In order to increase the SNR, the initial imaging slice and saturation
slice thicknesses (3 and 0.3 mm) are put to 6.5 and 1 mm respectively. We
present in Figure 2.9 the first in vivo quantitative CBFlux maps of the rat
brain acquired along three orthogonal directions with these experimental
parameters. Each orientation requires 75 repetitions of both control and tag
image (acquisition time 60 min). The CBFlux values in the cerebral cortex,
corpus callosum and striatum are respectively measured in the ROIs #1, 2 and
3 of Figure 2.9-F.

Cerebral Blood Flux cerebral cortex corpus callosum striatum
(uL/min/cm?) 150 £ 45 46 + 42 103 + 34
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Figure 2.9 A. coronal, B. sagittal and C. axial components of the Cerebral
Blood Flux in the rat brain at 7 Tesla. The EPI-based flux maps show little
geometrical distortions compared to D. coronal, E. sagittal and F. axial views of
the rat brain (The Rat Brain in stereotaxic coordinates, G. Paxinos & C. Watson,
1998). The areas 1, 2 and 3 are the ROIs used to measure blood flux in the
cerebral cortex, corpus callosum and striatum respectively.

Discussion and conclusion on the two correction protocols

The CBFlux measured in the rat brain with this new method is
significantly lower than the CBFlux in GM and WM obtained with the post-
processing correction protocol detailed in the section of this chapter:
740 + 320 and 304 + 350 uL/min/cm?, respectively.

These results suggest that the post-processing protocol may not fully
compensate for MT effects. The MTRrens: is indeed measured in two different 1
mm thick slices located above and below (offset + 1 mm) the 0.3 mm thick
saturation plane. As a result, the amount of MT that affects the static spins in
the region + [0.15 mm - 0.5 mm] is not quantified by our model. Because MT
affects the static tissues, a slight underestimation of the MTRrens: can cause a
major overestimation of CBFlux (490 % in GM, 660 % in WM).

It is also possible that the newly developed technique underestimate
CBFlux if the second pulse (-45°) used in the FENSI preparation module does
not efficiently refocus the spins. A fraction of the flowing spins would then be
labeled in both control and tag images. Such imperfections would however
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affect the fastest spins first. To minimize these errors, the quality of the “tag”
is checked before the beginning of the flux measurements.

As explained previously, the post-processing approach represents only a
first-order correction for MT. To quantify CBFlux in vivo, one will prefer FENSI
sequences where MT effects are fully balanced between control and tag.

The results presented in this section show that, after modification of the
FENSI preparation module, the signal intensity difference between control and
tag is not contaminated by MT effects anymore. Therefore flux calculation
based on FENSI requires neither post processing nor a priori knowledge on
tissue. This new FENSI method is then suitable for complete non-invasive and
quantitative characterization of brain microvasculature. We will now consider
this FENSI method and the imaging parameters described in this section as
standard for calculation of CBFlux at 7 Tesla throughout the manuscript.

II.4 Discussion on CBFlux quantification

The CBFlux quantification used in this manuscript and its potential
improvements are discussed. The potential comparison of CBFlux with CBF is
also considered.

On the removal of magnetization transfer effects

The original FENSI technique set in tag mode introduces - via the use of
repeated saturation of the labeling slice - magnetization transfer effects on the
static tissue of the imaging slab. These are not compensated in the control
image, resulting in a major overestimation of CBFlux due to MT. In addition,
MT effects are tissue dependent and even the relative quantification of CBFlux
is biased in the absence of a post-processing correction.

In this manuscript the amount of MT introduced by the tag is quantified
ex vivo in different structures of the rat brain. A post-processing correction
method is proposed to compensate for MT effects. Based on this approach, the
first FENSI parametric flux maps are derived. The CBFlux ratio in white and
gray matter (0.41) is consistent with that obtained in conventional perfusion
MRI, PET or CT (0.30 — 0.45).

A second approach is proposed in order to balance the MT effects
between the control and tag images, and calculate CBFlux without post-
processing or additional knowledge on the tissues. Radio-frequency pulses are
introduced in the control image and successively flip then refocus the
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magnetization of the spins from 45°. In the tag image the magnetization is
flipped in the transverse plane with two successive 45° FA pulses. The
control/tag intensity subtraction is free from MT effects. This is verified
experimentally in phantoms and ex-vivo studies.

Throughout the manuscript this last approach is considered standard
to characterize microvascular flux dynamics during tumor growth or explore
the potential of FENSI applied to fMRI. Recently, Ouyang et al. (85) used the
same preparation modules and implemented the technique on a 3 T clinical
scanner. Along with their study, our results suggest that robust in-vivo
CBFlux quantification can only be achieved with the use of the MT-balanced
FENSI method, also known as the “new FENSI” or “quantitative FENSI”
technique (QFENSI).

One technique, two flux formula

At the moment, the only two studies that use the new FENSI saturation
scheme are the recent publication of Ouyang et al. (85) and this manuscript.
Interestingly they use different formula to calculate blood flux. Their
differences are highlighted here.

After incorporating Ti, and Top, relaxation times, Ouyang et al. calculate
the blood flux Q (in pL/min/cm? based on equation [2.10], where Scs
represents the cross-sectional section of a single voxel, Tsar the tagging
duration, A; the water content of blood and a the labeling efficiency (assumed
equal to 1). Viue and Vposrrac are the imaging voxel volume and post-tag
saturation volume inside the imaging voxel, respectively. AM is the flux-
weighted image signal, Mo csr the CSF signal at equilibrium and w the post-tag
time delay between the tagging and image readout.

60 xX1000 AM

Moy,csF

Q_

Scs Tsar-Ara

Vimg = Vpost—r46) " oo EXP() - XP(7) 2.10

On the other hand, CBFlux is quantified in this manuscript using
equation [1.6]. After reorganization and change of the unities to match those of
[2.10] (in puL/min/cm?), equation [1.6] becomes [2.11], where Isramic is the
magnetization of the labeling slice at equilibrium and A the brain-blood spin
fraction.

CBFlux = 60x1000

AM T TE
Az Viag {—) exp(GA) - exp (i) 2.11

Scs'Tsar-a Istaric Tip
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Labeling efficiency and blood transversal relaxation time

In practice, both studies assumed an ideal saturation profile (a = 1).
Our measurements show that this can introduce up to a 15 %
underestimation of CBFlux acquired in normal conditions, i.e. little off-
resonance effects and proper shim. In future studies, we suggest that a is
measured and accounted for in both formulas before blood flux quantification.

The blood signal decay during TE is not taken into account in the
CBFlux calculation based on equation [1.7], where TE is assumed negligible
compared to Ty. This assumption is only valid at low field
(Tob = 275/45/30 ms at 3/11.7/17.2 T for arterial blood) and small TEs, of the
order of 10 to 20 ms. This effect can introduce a small underestimation of the
blood flux (~ 20 - 30%) calculated at 7 T. Absolute quantification of CBFlux at
higher fields must account for this effect.

Blood longitudinal relaxation time

The Tip correction factor impacts the blood flux Q calculation as the
gFENSI method described by Ouyang et al. uses a delay to eliminate the
intravascular component of blood flux. Instead, our FENSI implementation at
7 and 17.2 T uses control tags to label intravascular fast flow in both control
and tag acquisitions. Substituting w = O in [2.10] eliminates the need for this
T1p correction.

Based on our simulations, an additional correction for the Ti, relaxation
of the tag during Tsar is needed, as both clinical and preclinical
implementations of FENSI use relatively large saturation times (Tsar in the
range 1000 — 3000 ms) compared to Ti,. The FENSI enhancement dependency
on blood velocity was shown in the previous section. This effect has little
influence on CBFlux calculation when Tsar can be considered negligible
compared to Ti,, and is reduced at high field. In practice, long Tsar are
necessary to accumulate slow spins within the microvascular network into the
imaging slab. Depending on field strength and the particular imaging
parameters, both Q and CBFlux should be adjusted to compensate for the Tip
relaxation of the label.

In this manuscript we chose to approximate for a given spin population
the delay between the last saturation and their imaging by Tsar, provided the
FENSI technique is sensitized to the appropriate range of velocities.
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Which reference should we use to quantify blood flux?

The choice of an appropriate reference signal is investigated. We
assume here that the flux-weighted image (taken as the subtraction of the
control and tag image intensities) is acquired. One must wonder to which
value we need to normalize the signal to derive a volumetric flow rate.

The flowing spins from the label accumulate during Tsar in the imaging
slab. Therefore the signal enhancement obtained in the imaging slice is only
relevant when compared to the blood signal from the labeling slice. This signal
is also known as the blood equilibrium magnetization Moy. The difficulty lies in
the estimation of that quantity. From equations [2.10] and [2.11], Q and
CBFlux use a different estimate of this parameter.

Blood has a proton density that differs from that of tissue. Absolute
quantification of CBF in ASL (86) and blood flux in FENSI requires knowledge
of the magnetization of fully-relaxed blood. Ideally one would calculate the MR
signal directly in a large artery. This method is however not applicable to
human studies with typical in-plane resolution of 3-4 mm. Regarding FENSI, it
is likely that the Ti, in small capillaries and blood vessels (arterioles, venules)
differs from the Ti, taken in large arteries (MCA) or veins (sagittal sinus).

A more common practice in ASL is to evaluate the magnetization in grey
or white matter Mo and estimate the magnetization of blood using the blood-
brain partition coefficient 1,. In this manuscript, Mo = Isratic is determined on a
voxel-by-voxel basis to account for the spatial dependence of the coil
sensitivity. For this means, an additional scan acquires the signal of the
labeling slab at equilibrium. The signal is then corrected in equation [2.11] to
compensate for the different amount of water molecules in blood and in
tissues.

Ouyang et al. (85) use a different approach to calculate the blood flux Q.
They estimate the equilibrium magnetization signal of cerebro-spinal fluid
(CSF) Mo,csr from the mean of CSF signal in the control image dataset, after
performing a segmentation of CSF and correction for the T; of CSF. Then the
conversion factor K between the MR signal at equilibrium and the water
volume can be extracted from the ratio of the true imaging slice volume by the
CSF magnetization (Vivec — Vpost-tac )/Mo,csr. Blood flux Q (in ml/min/cm?) is
then defined as the volume of tagged flowing spins AM /K divided by the cross-
section of a single voxel Scs and the accumulation time Tsar.

Note that the two flux formula use different partition coefficient A;
(blood /water) and A» (blood/brain). Their correct utilization is controversial in
literature (87-88), but necessary to compensate for the difference in proton
density between an ideal reference signal (blood) and the chosen reference
signal (CSF signal or local gray matter signal). The unit of the measurement
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also changes (ml/min/g tissue, or ml/min), depending on whether the
partition coefficient is weighted by the brain density or not.

Compared to our voxel-by-voxel correction technique, the method
proposed by Ouyang et al. is advantageous in terms of acquisition time and
noise as a single correction factor applies to the entire flux-weighted image.
The accuracy of the absolute quantification of blood flux must however be
carefully investigated, as this method can introduce a bias in relative blood
flux calculations due to the coil sensitivity.

On the other hand, the CBFlux calculation does not suffer from B;
inhomogeneities. MR acquisitions performed with a surface coil (home-built
2 cm diameter single loop) show uniform flux values in the whole brain. Plus,
CBFlux maps can be derived everywhere in the brain, as there is no need for a
CSF ROI. Moreover, the post-processing can be performed automatically once
the FENSI dataset is acquired. The drawback of the method is an extended
acquisition time necessary to prevent any major decrease of the CBFlux map
SNR, and an increased CBFlux sensitivity to artefacts that might contaminate
the reference image, especially at UHF.

Blood flux and flowing spins fraction

Both measures (Q and CBFlux) are only valid to a certain extent. As
mentioned in chapter 1, two different uses can be made of the FENSI
preparation module. By adjusting Livg, Lsar, Les and Tsar, the technique can be
sensitized to very small flows in the range [vmin — vp]. Q and CBFlux provide an
accurate measure of blood flux for velocities below vp.

For large velocities (v > vp) the spins escape the imaging slice before the
end of the saturation period. They are replaced in the image by newly labeled
spins. All large velocities contribute equally to the tag image. Therefore the
signal enhancement obtained at the position (x,y) in the imaging plane will
only depend on the number of flowing spins in the voxel of coordinates (x,y)
inside the labeling plane, regardless of their velocity. In that particular case,
FENSI can be used to probe the local properties of blood volume, but will not
reflect blood flux at capillary level.

CBF, CBFlux and Q

It is possible to provide a rough estimation of CBF based on our FENSI
measurements, to verify the agreement of both models and the accordance of
the orders of magnitude that defines perfusion. We assume here that the
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CBFlux calculated in cortical gray matter using our usual FENSI parameters
(CBFlux ~ 150 uL/min/cm?, see previous section) approximates the cortical
cerebral blood flow through the tagging plane (effective thickness
Lsar ~ 2.5 mm). The volumetric flow is approximated by CBFlux/Lsar. To
convert in ASL units, we assume a tissue density of 1 g/cm3. A CBF measure
of the order of 70 mL/min/100g of tissue is in good agreement with literature
on perfusion MRI using PASL and VS-ASL (59).

This also corroborates the results of Ouyang et al. (85) that calculated
blood flux Q in the human brain based on equation [2.10] and derived a
similar estimation of CBF around 75 mL/min/100 g tissue in cortical gray
matter. This illustrates the concordance of both flux formulas.

On the comparison between FENSI and ASL

It should however be emphasized that direct comparisons between CBF
and CBFlux must be avoided in general. ASL methods investigate the blood in-
flow after the labeling of a major artery, and FENSI examines the capillary
outflow of a slice of interest in a specific direction. The characterization of
microvasculature is based on two different blood flow mechanisms and cannot
be directly compared. FENSI and ASL are two distinct tools to probe the inner
mechanisms of microvasculature that can provide complementary information.

Conclusion

After implementation of the new MT-balanced preparation module, the
new FENSI technique (or gFENSI) is shown suitable to investigate the brain
microvasculature. Despite minor differences in the blood flux formulas, the
quantification approach chosen in this manuscript is in good agreement with
literature on FENSI and ASL. It is shown here that the FENSI technique is
successfully implemented on both preclinical and clinical MR systems. The
next chapter will inquire about the first preclinical application of FENSI: its
potential to investigate and quantify the development of brain tumor at
microvascular level.
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ITI. Quantifying brain tumor microvascular
flow dynamics using FENSI

e investigate in this chapter the use of the Flow Enhanced Signal

Intensity method to characterize tumor microvasculature at

different steps of glioma development. The context and
mechanisms of tumor growth and angiogenesis are introduced in a first
section. The role of FENSI compared to other perfusion studies is also
discussed.

The main characteristics of the precise rat brain tumor model chosen in
this study (9L gliosarcoma) are presented. The evolution of tumor growth
suggests evidence of two distinct phases of medium and fast tumor expansion.

Absolute quantification of tumor blood flux is performed on five rats
between 5 and 15 days after glioma (9L) cells inoculation. No significant
difference emerges from the group analysis performed on the data collected at
early stage (tumor size < 3 mm): two/three rats exhibit a significant
increase/decrease in tumor blood flux (paired t-test, p < 0.05), respectively. At
a late stage (tumor size > 3 mm) we observe a significant decrease of the
cerebral blood flux inside the gliosarcoma (-40 %, p < 0.01).

In addition, we characterize the late stage 9L gliosarcoma tumor
compartmentalization and neo-vascularization based on microvascular flux
dynamics. Our flux measurements corroborate literature on perfusion, 9L
tumor morphology studies and concentration of blood microvessels obtained
with immunohisto-chemistry.

We show that absolute quantification of flux at microvascular level is
suitable to detect several compartments in tumor regions and characterize
angiogenesis and perivascular invasion at late tumor stage.
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III.1 Glioblastoma Multiforme and perfusion MRI

In this first section we introduce the most common family of brain
neoplasms and the mechanisms of angiogenesis associated with high grade
brain tumors. The role of perfusion MRI is highlighted and the use of FENSI
justified compared to classical ASL techniques.

Glioblastoma

Glioblastoma Multiforme (GBM; World Health Organization, Grade IV
astrocytoma) represent today the most common type of malignant brain
tumors (and 40 % of primary CNS tumors) with very poor prognosis (89-90).
Despite recent advances in treatment (chemotherapy, radiation, surgery) and
multiple modality therapies (91-92), the overall survival time for patients has
not changed since the 1970s (1 to 2 years). These infiltrative CNS tumors are
characterized by microvascular proliferation associated with endothelial
hypertrophy and hyperplasia, glomeruloid vessels and occasional necrosis
(93).

Angiogenesis & Tumor Grading

The mechanism of angiogenesis (growth of blood vessels) is essential for
organ growth and repair. However, misregulation of pro- and anti-angiogenic
molecules can induce metastasis and tumor growth in cancer (94). In
particular, members of the vascular endothelial growth factor (VEGF) and
angiopoietin (Ang) families are known to play a predominant role in tumor
vascular growth (95-96). The balance between the different factors influencing
tumor angiogenesis is poorly understood and the angiogenic switch can be
turned ‘on’ by various stimuli, such as metabolic or mechanical stress, or
oncogenes activation among others.

Angiogenesis and microvascular proliferation are important biomarkers
of Grade IV tumors. GBM can develop from lower grade tumors or appear de
novo without clinical history. Lower grade CNS neoplasms (II and III) are also
fatal but present longer survival times (3 to 8 years). Therefore it is crucial to
detect any physiological evidence of microvascular proliferation suggesting an
increase in tumor malignancy.
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Perfusion MRI

In this context, Magnetic Resonance Imaging (MRI) represents a
powerful tool for the diagnosis and characterization of the response to therapy
in tumors in non- or minimally- invasive ways (97-100). Perfusion-MRI
techniques (22,101-104) are particularly useful as they provide not only
anatomical information but also physiological data. For instance, detection of
hypoxic regions in GBM (poor oxygen supply due to low perfusion) is of prime
interest as they are severely proangiogenic and contribute extensively to tumor
growth (105). As discussed in chapter 1, there are two main classes of
perfusion MRI methods currently used: bolus tracking after an injection of
exogenous contrast agent and labeling of water protons as an endogenous
contrast agent. We only consider the latter here.

Characterizing tumor microvasculature with FENSI

The MR methods which use water as endogenous contrast agent
include ASL techniques (50,59,86,106) and FENSI (1,74-75). ASL is performed
in numerous studies to assess tumor perfusion in a non-invasive way (21,107-
109). FENSI presents several advantages compared to ASL. First, as only the
saturated spins still located in the imaging slice contribute to the final flow
map FENSI is less sensitive to flow coming from large blood vessels
(velocity > 10 mm/s), and reflects mainly the microvascular flux
(velocities: 0.5 — 2 mm/s in a rat brain) (110-111), assuming the appropriate
acquisition parameters. Second, because the spins imaged are those in the
saturation slice, no delay is necessary between saturation and imaging
modules, which makes FENSI less sensitive to T effects and to blood delivery
pathways. These characteristics make FENSI suitable for a complete and non-
invasive characterization of tumor microvascular flux dynamics. One
disadvantage of FENSI is that, due to the imaging geometry, it is limited to
single slice acquisitions.

III.2 The 9L gliosarcoma rat brain tumor growth

In this section we describe the glioma model chosen in our study, the
protocol used to implant the cells, and evaluate tumor growth using MR at
different times after 9L glial cells implantation.
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The 9L gliosarcoma

GBM regroups three morphologic variants recognized by the World
Health Organization: conventional GBM, giant cell GBM and gliosarcoma (93).
Representing 2 % of GBMs, gliosarcoma are characterized by biphasic growth
pattern (glial/mesenchymal components).

The 9L gliosarcoma has been one of the most widely used rat brain
tumor models. It was produced in 1971 by Brenda and Schmidek (112-113) by
repeated intravenous injection of MNU (N-methyl-N-nitrosourea) in Fischer
rats. The tumor can be easily propagated in vivo and in vitro, which makes it
suitable for a large variety of studies. Extensive research has been performed
on tumor responses to radiation (114-115), chemotherapy (116-117),
combination of radio- and chemotherapy (117-118), immunotherapy (119-
120), or gene therapy (121-123) based on the 9L gliosarcoma model.

Although the 9L gliosarcoma is not a good model to study therapeutic
efficacy of gene therapy due to immune amplification (124), it presents
important morphological and histological similarities with human GBM. In
particular, highly vascularized hypercellular tumors with evidence of necrosis
and newly developed blood vessels have been reported (125). 9L studies report
also a typical growth pattern characterized by a solid tumor mass surrounded
by peripheral invasion (126) presenting high vascular tortuosity (127).

Animal Experiments

300 g Fischer male rats are obtained from Janvier (Saint Isle, France).
All experiments comply with French legislation and guidelines for animal
research. The animal protocol used was approved by the Comité d’EThique en
Expérimentation Animale Commissariat a I’Energie Atomique et aux énergies
alternatives Direction des Sciences du Vivant Ile de France (CETEA CEA DSV
IdF).

Cell implantation

The cells are implanted in the striatum of eight male Fisher 344 rats
(Janvier, Saint Isle, France) anesthetized using ketamine (100 mg/kg i.p.) and
xylazine (10 mg/kg i.p.). Put in a stereotaxic frame, the skull is exposed after a
skin incision. A hole is drilled 3 mm lateral of the bregma. A 10 uL Hamilton
syringe containing cell suspensions in a 5 uL DPBS is inserted 5 mm into the
left striatum. 1 x 105 9L glial cells are injected over a S min period of time
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(1 uL steps at 2 uL/min injection rate). The needle is then slowly removed and
the skull sealed with bone wax.

Imaging protocol

MRI acquisitions start five days after the inoculation of the 9L
gliosarcoma cells (tumor size approximately 1-1.4 mm). Four rats are imaged
at six different time points between Day 5 and Day 15. One rat (#4) is only
imaged at three time points and is sacrificed at Day 9, due to loss of mobility.
In addition, we perform histology on a single animal to finely probe intra-
tumor heterogeneity and compare to FENSI flux maps. For all MR acquisition,
the animals are anesthetized with 2 % isoflurane in air administered using a
nose cone. The rats are maintained still in the magnet using ear bars and a
bite bar connected to the nose cone. We monitor the respiration rate and
maintain the body temperature at 37°C throughout the experiment.

Tumor Growth

Tumor diameter (mm)

9,0
Figure 3.1 Temporal evolution of
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Out of the eight implanted rats, only five develop tumors. In these five
rats, the tumors develop mainly around the needle path used for the 9L glioma
cells injection. The tumors grow from 1.5 £ 0.2 mm at Day 5 to 2.5 + 0.2 mm
at Day 9. The rat #4 is sacrificed at Day 9. Starting at Day 9, 9L glioma sizes
increase more rapidly and reach 4.6+ 0.3 mm, 6.2+0.2mm and
6.5+ 0.5 mm at Day 12, 13 and 14-15, respectively. The four remaining rats
are sacrificed at Day 15. Tumor growth (Figure 3.1) exhibits two main stages
of tumor development. The following group analysis will focus on cerebral
blood flux during the stages of medium (early stage, tumor size < 3 mm) and
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fast tumor expansion (late stage, tumor size > 3 mm, usually associated with
angiogenesis).

II1.3 CBFlux quantification at early and late tumor stage

In this section are presented the FENSI acquisition parameters used in
this study and the cerebral blood flux maps acquired on rats induced with 9L
glial cells. Blood flux results are examined to assess tumor microvasculature
at different steps of tumor development.

Acquisition parameters

The pulse sequence used is a standard Spin-Echo EPI sequence (axial
view, 4 segments, TE =13 ms, TR =6000 ms, in plane resolution
250 x 280 um?, FOV 25 x 28 mm?, slice thickness 6.5 mm, NR = 150)
preceded by a preparation module (FENSI module) set on “control” or “tag”
mode every other TR. The FENSI module repeatedly saturates the spins in the
slice of interest (150 loops separated by gradient spoilers) in the “tag” mode or
produced no excitation in the “control” mode. To eliminate MT effects we use
pairs of 45°+45° // +45°-45° FA pulses (tag//control), as discussed in chapter
2. The FENSI module consists of 0.8 ms long sinc pulses which saturated
spins in a 1 mm thick slice for 3 s. The slice thickness and saturation
duration are chosen to sensitize the acquisition to velocities down to
0.5 mm/s, and thus to blood flux in cerebral capillaries (110). In order to
eliminate possible direct saturation effects generated by the FENSI module
(75) we use an additional saturation block covering 1.8 mm around the center
of the slice. As seen in Chapter 2, there is no decrease of the tag signal
intensity due to the repeated saturation of the static tissue with the FENSI
preparation module. The thickness of this last saturation dictates the inferior
limit of the velocities we can detect. During the acquisition, only the labeled
spins having escaped the 1.8 mm thick slice and remaining in the imaging
slice contribute to the flux measured (0.5 -10 mm/s). Cerebral blood flux
maps are calculated using 150 scan repetitions (75 pairs of control/tag
images, TA = 60 min). As reference we perform a SE-EPI acquisition of the
FENSI saturation slice (same imaging parameters, 1 mm slice thickness
without saturation, NR = 20).

Tr-weighted images are also acquired using a Fast Spin-Echo sequence
(TEef = 56 ms, acceleration factor 8, TR = 3000 ms, FOV 2.56 x 2.56 cm?,
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matrix size 128 x 128, NA = 4, TA = 3 min 12 s) to localize the tumor and the
slice of interest.

Before the beginning of FENSI acquisitions, we ensure the quality of the
“tag” and the “control” modules by acquiring a pair of SE-EPI images oriented
perpendicular to the tag plane. For these acquisitions the FENSI modules are
identical to the “control” and “tag” modules used for flux measurements, but
consist of only one pair of pulses (+45/-45 or +45/+45°) instead of 150. We
consider the “tag” and “control” satisfactory if they show complete saturation
(dark band in the image) or no visible signal loss, respectively.

Cerebral blood flux map

Before averaging, we realign scans from the different FENSI repetitions
of “control” and “tag” using Matlab (MathWorks, Natick, Massachusetts) in-
house programs. The cerebral blood flux, CBFlux (in units of mL/min/cm?) is
calculated voxel-by-voxel, using formula CBFlux = (Ic -It) / Io* A * Vrag / Scs*
60 / Tsar (see Chapter 2), where Iy is the signal intensity from the reference
image (1 mm thin slice), Vg is the volume of one saturation voxel (ml), Scs the
cross-section of a voxel (in cm?), Tsar the total saturation time (3 s) and A the
blood tissue partition coefficient (considered constant across the brain (87)).

Parametric maps of the cerebral blood flux (uL/min/cm?) obtained on
rat #2 5 days, 9 days and 12 days after glioma cells injection (Figure 3.2-A)
reveal major vascular changes with tumor growth. The tumor region appears
brighter in corresponding T.>-weighted images (Figure 3.2-C).

ROI in tumor/ healthy region and data analysis

Tumor ROIs are manually delineated on the T, weighted images. For the
calculation of mean tumor blood flux, we try to cover the whole tumor region
(Figure 3.2-B), hence a large variability between the number of pixels used to
characterize tumor vasculature at early stage (Day 5, 22 * 2 voxels) and late
stage (Day 14-15, 395 + 90 voxels). Manual ROI delineation is necessary as in
some cases the tumor border is not well defined (Figure 3.2-A; rat #2 at Day
9). For each session, an additional ROI is drawn in the striatum of the
contralateral hemisphere of the rat brain to calculate cerebral blood flux in
healthy tissue. When possible, we choose ROIs of sizes similar to that of
tumors in contralateral subcortical regions. This is however not possible for
very large tumors (Figure 3.2-B). The average voxel number per healthy ROI is
67 + 15 voxels.
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In all analyses errors indicate the standard deviations of the mean (+ o).
Student’s t-tests are performed to calculate probability (p) values. p < 0.05 is
regarded as statistically significant.

r

5
5=
wE
—
4
=

Tumor ROI

T2w image

Figure 3.2 A. Cerebral blood flux (uL/min/cm?) maps of the brain (rat #2)
acquired at Day 5, Day 9 and Day 12 after 9L glioma cell implantation. B. ROIs
used for flux calculation in the tumor and regular subcortex. C. T> weighted
images of the rat brain used for tumor localization at Day 5, 9 and 12,
respectively.

Early stage tumor blood flux

The cerebral blood flux measurements in tumor and control regions
(mean + standard deviations) calculated for rats #1 to #5 at different time-
points, are presented in Figure 3.3.
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Figure 3.3 Temporal evolution of tumor blood flux (TBFlux, red squares)
and normal cerebral blood flux (CBFlux, green circles) in the striatum of
rats #1 to #5 A-E. Rats #1 and #5 exhibited a significantly lower TBFlux at
Day 5 than Day 9 (-32 %, p < 0.05). On the other hand the TBFlux of rats #2,
#3 and #4 was found significantly higher (+ 62 %, p < 0.05) at Day 5 than
Day 9. F. The results averaged over all the rats show no statistical difference
between TBFlux and CBFlux for small tumors (size < 3 mm, delimited by red
ROI) and significant lower TBFlux than CBFlux at late stage (tumor
size > 3 mm, blue ROI). Rat #4 was sacrificed at Day 9, no data for late stage
flux measurements. *p < 0.05

Individual analysis (15 measurements, 5 rats, 3 time points): Intra
individual analysis performed at early tumor stage showed a significant
difference in the blood flux distribution inside the tumor (TBFlux) and
contralateral cortex (CBFlux) in 11 cases (red ROI, p < 0.05). As seen in the
red ROI in Figure 3.3-A to 3.3-E, six measurements (rat#1 D+9; rat#2 D+5
and D+7; rat#3 D+6; rat#4 D+6 and rat#5 D+7) indicate a significant
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increase of TBFlux compared to CBFlux (unilateral t-test, p < 0.05). Five
measurements at different time-points (rat#1 D+5; rat#3 D+7 D+9; rat#4 D+9
and rat#5 D+5) highlight however a decrease of TBFlux, reflecting
heterogeneity of tumor development between individuals. Four measurements
show no significant difference in TBFlux compared to CBFlux (p > 0.12). All
the results obtained at early tumor stage (n = 15) show higher flux variability
in the tumor regions (STDrerux = 22 + 8 uL/min/cm?) than in contralateral
subcortex (STDcgriux = 16 £ 4 uL/min/cm?).

Group Analysis (15 measurements, 5 rats, 3 time points): No significant
difference is found in the average blood flux (Figure 3.3-F, red ROI) calculated
between Day 5 and at Day 9 in the tumor region. No significant difference is
observed (Figure 3.4, p = 0.83) between the mean TBFlux and CBFlux
averaged over five rats and five days (early tumor stage).

Figure 3.4 Mean CBFlux and

TBFlux (in pL/min/cm?) at early

and late tumor stage (tumor

| size > 3mm, n = 5rats). For small

tumor sizes (1.5 — 3 mm), we find no

significant difference in the tumor

region compared to normal striatum

BBl (121 £ 32 // 120 = 20 uL/min/

Hite cm? p = 0.83). The late stage

measurements (tumor size 3 to

7 mm) show a significant lower flux

(-40 %) in the tumor compared to

early stage TBFlux or late stage
CBFlux. **p < 0.01

Blood Flux (pL/minfcm?)

*%

15-3mm 3-7mm

Tumor size (mm)

Late stage tumor blood flux

Individual analysis (11 measurements, 4 rats, 3//2 time points for rats
#1-3//5): All the intra individual blood flux measurements (blue ROIs in
Figures 3.3-A to 3.3-E) performed at late tumor stage (tumor size > 3 mm)
show significantly lower flux in tumor than in contralateral striatum
(p < 0.05). The maximum decrease in microvascular blood flux (-53 %) is
found for rat #3 at Day 14 (58 = 12 // 124 + 26 uL/min/cm?® in
TBFlux // CBFlux).

Group Analysis (11 measurements, 4 rats, 3//2 time points for rats #1-
3//95): Inter individual analysis on 4 rats (tumor size > 3mm) show major
vascular changes in the tumor (Figure 3.4). At late stage, the TBFlux is
significantly lower than the CBFlux (-40 %, p < 0.01).No significant difference
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can be obtained between the data from two consecutive dates (Day 12 -
Day 13, Day 13 - Day 14, Day 14 - Day 15).

Imprecision on flux calculations

MT and direct saturation effects are negligible in the current FENSI
implementation. However, it should be noted that the radio-frequency
concatenation scheme used to remove MT effects is very sensitive to magnetic
field inhomogeneities. In the absence of a sharp label, direct saturation will
lead to CBFlux overestimation. This phenomenon is observed in phantom
samples (4 % magnetization decrease between control and tag) as well as in
the cerebellar regions which lie outside the shimmed volume (+ 90 to 120 %
overestimation of flux). The opposite phenomenon can occur. When the spin
population is not efficiently refocused by the second -45° FA pulse in the
control image, CBFlux is underestimated due to poor labeling efficiency.
Although the analysis of the cerebral blood flux in those regions is not the
purpose of our study, special attention must be given to shimming in order to
perform flux measurements of the entire brain.

For large tumors, one should bear in mind that the disruption of the
BBB (128-130) can lead to imprecision on FENSI flux measurements. The
influence of BBB disruption on FENSI is not investigated experimentally in
this study.

Regarding the intra—-individual comparison, TBFlux and CBFlux are
compared on a pixel-by-pixel basis when applicable. For large tumors, the ROI
size exceeds however the maximum ROI size of striatum with this orientation.
Comparison is then performed by considering an ideal normal distribution
inside the healthy striatum, defined by the mean and standard deviation of the
CBFlux calculated in the subcortex.

Choice of axial orientation

One of the specificities of FENSI when compared to ASL is that it is
sensitive to only the velocity component perpendicular to the tagging plane
(axial component in the current study). Our choice of slice orientation is
motivated by the fact that it is found to be the most advantageous in terms of
B: homogeneity across the tumor given the surface coil used. Moreover, FENSI
experiments performed on healthy rats along three orthogonal orientations
(sagittal, coronal and axial, see Figure 2.9) show no influence of slice
orientation on the flux measured in subcortical regions, suggesting isotropic
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sanguine flux. As this type of gliosarcoma (and Glioblastoma in general)
exhibits high vascular tortuosity (127), it is very likely that the microvascular
tumor flux has a isotropic character as well. Given these considerations we
assume that, for the present study and given our particular regions of interest,
the FENSI flux measurements were orientation independent.

Consistency with literature on 9L perfusion

Our results highlight two distinct stages of tumor development. No
general trend can be obtained from the longitudinal evolution of tumor blood
flux in small tumors (size < 3 mm), reflecting highly heterogeneous vascular
development at this early stage. The late 9L gliosarcoma developmental stage
is characterized by a fast expansion, large tumor size and significant decrease
in microvascular blood flux in the whole tumor region (-38 to -52 %). These
results are consistent with perfusion measurements of TBF (Tumor Blood
Flow) performed with ASL (107), DSC-MRI (131) or autoradiography (126);
reporting respectively 53, 42 and 60 % lower blood flow in 9L gliosarcomas
compared to normal CBF. Typical patterns of 9L gliomas growth (112-113,132-
133) are encountered in this study. No necrosis is observed in small
vascularized tumors (134), and the gliosarcomas eventually invade all the
available intra-cerebral structures around the initial 9L injection site (135).

III.4 Compartmentalization of tumor at late stage

We evaluate in this section the heterogeneity of microvascular blood
flux inside the tumor region. These are segmented using an automatic
algorithm. The positions of low and high tumor blood flux regions are
compared with immunohisto-chemistry on a single animal.

9L glioma segmentation based on microvascular flux calculation

All measurements performed at late tumor stage show reduced TBFlux
compared to CBFlux. Moreover, within the tumor, different compartments
present distinct microvascular characteristics (Figure 3.5-A; rat #2 at Day 12,
tumor size 4.4 mm) according to the tumor flux distribution (Figure 3.5-C).
Tumors are segmented into two compartments based on flux level and
minimum within-class variance: the core and the peripheral region of the
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gliosarcoma (rat #2, Figure 3.5-B). In these two regions the flux
measurements follow two normal distributions (Figure 3.5-D; solid // dashed
line) which differ significantly (p < 0.05). The average TBFlux, TBFluxiow and
TBFluxmicu calculated on the four rats at late tumor stage (Figure 3.6; n = 11
measurements) highlight a significant difference between the vascular
properties of the two tumor compartments (60 = 13 / 88 £ 19 uL/min/cm?,
p < 0.05).

A Cerebral Blood Flux (pL/minicm?)

|control

Wtumor mperiphery
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Figure 3.5 Flux distributions inside the tumor and normal tissues ROIs.
A. Cerebral blood flux map (uL/min/cm? obtained in rat #2 at Day 12.
B. Positions of the different regions used for flux calculation in the tumor
(light/ dark gray ROI) and contralateral healthy tissue (white ROI). The ventricles
are also shown for registration with flux map. C. The flux in the whole tumor
region (black histogram) does not follow a single-mode normal distribution.
Segmentation of the tumor using minimum within-class variance exhibits two
regions (dark/light gray) of low/high flux around the core/periphery of the
tumor, whose D. flux distributions significantly differ (p < 0.05) and match the
normal distributions superimposed in plain line // dashed line
(60 = 13 // 89 + 14 uL/min/cm?).

Both mean blood flux values calculated in tumor core and periphery are
significantly lower than those obtained in the contralateral subcortical regions
(- 23 to - 48 %, p < 0.05).

The segmentation of the tumor based on blood flux intensity reveals
specific vascularization patterns inside the glioma (Figure 3.7). The ROIs
presenting low flux are not located at the center of the tumor but match the
position of the original 9L cell suspension implantation (tumor core, indicated
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by the white cross), suggesting a preferential tumor expansion direction
towards the bregma.

Blood Flux (pL/min/cm?)

* Figure 3.6 Mean CBFlux and TBFlux in
160 * the different tumor compartments at
140 . late stage. Inside the tumor, our data
120 highlight a significant difference of blood
100 flux (~30 %, p < 0.05) between the two
80 compartments (white / hashed). In all cases
= (n = 11) the blood flux measured in healthy
- tissue was higher than cerebral blood flux
= measured in the high flux tumor region

(+20 %, p < 0.05).
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Figure 3.7 Late stage flux-based tumor compartmentalization. The white
cross delineates the position of the 9L cell suspensions implantation that can be
observed at Day 5 on A. rat #1 and B. rat #2. At late stage different
compartments can be segmented within the tumor, based on flux level. The
regions of low and high flux are superimposed in gray and white, respectively.
These ROIs exhibit on the cerebral blood flux maps acquired at Day 13 and
Day 14 on rat #1 a higher vascularization of the tumor near the ventricles. The
compartmentalization of the tumor of rat #2 B. at Day 12 and Day 15 reveals a
peripheral vascular invasion.

Immunohisto-chemistry and microvessel concentration
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We perform immunohisto-chemistry on rat #2, presenting a distinct
pattern in the blood flux maps measured with FENSI (low flux in tumor core
located at the center of the whole tumor ROI and higher flux in tumor
periphery). At Day 15, the brain of the rat is perfused with a saline solution
enriched with 4 % paraformaldehyde (PFA) and extracted. For cryo-protection,
it is successively kept in PFA for 24 h, in 15% sucrose solution for 12 h and in
30% sucrose solution for 24 h. Fluorescence microscopy is performed on an
Axio Observer Z1 microscope (Carl Zeiss Microlmaging GmbH, Germany). In
order to assess tumor vasculature, we analyze CD31 immuno-positive vessels,
as in (127,129,136). We examine the blood vessel concentration on the images
obtained on the tumor core and edges at zoom x 20. A DAPI staining is also
performed in order to co-register the microvessel position with the nuclei
concentration. The tumor is delimited by the red arrows in a zoom on the
cerebral blood flux map obtained at Day 12 (Figure 3.8-A). Figure 3.8-B
presents superimposition of DAPI (nuclei) and CD31 (endothelial cells) staining
on histological slice (Day 15). We zoom on a ROI covering one edge of the
tumor (RED box). We observe a higher concentration of endothelial cells at the
periphery of the tumor (region 2) than in surrounding healthy tissue or more
central parts of the tumor (regions 1 and 3). A more central part of the tumor
show evidence of cellular necrosis (low concentration of nuclei) matching areas
of hypo-intense signal revealed with T>» weighted MR images.

Figure 3.8 Tumor microvasculature assessed with Fluorescence
microscopy. A. Zoom of the tumor region in the cerebral blood flux map (in
uL/min/cm?) from rat #2 at Day 12 (Figure 3.5-A). The tumor is delimited by
the red arrows. B. Immunohisto-chemistry of vessels (anti CD31, green) and cell
nuclei (DAPI, blue) from white matter (ROI #1), tumor edge (ROI #2) and 9L
gliosarcoma brain tissue (ROI #3) on rat #2 at x20 magnification. Fluorescence
microscopy highlights high concentration of blood vessels on the periphery of the
tumor.
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Discussion

Inside the tumor, regions of low blood flux co-register with the initial 9L
glial cells implantation position. The identification of the two distinct
developmental stages, as well as the presence of the two tumor regions in the
advanced stage, is consistent with literature results on 9L characterization
(137-138) and several studies that mention a recognizable growth pattern with
the presence of a solid mass surrounded by extensive perivascular invasion
(126,139). Moreover, hyper- and hypo-perfused tumor regions revealed by
FENSI correlate well with regions of high and low concentration of blood
microvessels observed with immunohisto-chemistry (CD31 staining). This
suggests that the hyper-intense flux regions in the tumor reflect the neo-
vascularization associated with grade IV tumors. Immunohisto-chemistry
revealed a hypercellular tumor with spindle-shaped morphology and evidence
of newly formed blood vessels, in good agreement with other studies on the
subject (125-126,129,134-135). Our data also exhibit a necrotic area in the
central part of the tumor, as previously reported on this model (125,134).
Hypercellular zones surrounding small necrotic foci also suggest
pseudopalisading (105,140) areas at the very edges of the tumor.

Immunohisto-chemistry is only performed on rat #2 in this study, due
to technical limitations at the time of the experiment. Given that a single slice
of FENSI is acquired for each rat, comparison with histological slides would
benefit from an increased statistical power. In addition, CBFlux maps are
based on EPI encoding schemes that can suffer from signal distortions.
Because the thickness of the FENSI labeling slice (1 mm) exceeds from two
orders of magnitude that of immunohisto-chemistry (10 um), the registration
of both images is also challenging. It is possible that FENSI and immunohisto-
chemistry do not reflect the same very local alterations of the brain
microvasculature inside the tumor.

Future investigations on the angiogenesis mechanism will focus on an
extensive comparison of CBFlux (acquired with smaller labeling thickness)
with endothelial cell staining. We also intend to incorporate an injection of Gd
to the experimental protocol and derive additional correlations of CBFlux with
CBV, CBF, mean vessel diameter and density and size index.

Conclusion
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In this chapter we demonstrate the use of FENSI for the investigation
and quantification of microvascular changes associated with tumor growth in
the 9L rat brain tumor model. In addition to the microvascular flux
measurements consistent with other perfusion techniques, FENSI flux maps
delineate, at late stage, two regions with different vascular contents: a hypo-
perfused core and a peripheral region presenting regular blood flux. We show
that absolute quantification of flux with FENSI at microvascular level is
suitable to detect several compartments in tumor regions and characterize
angiogenesis and perivascular invasion at late tumor stage. The FENSI
technique can help quantifying cerebral blood flux at capillary level and
revealing the areas of high microvessel proliferation associated with the
angiogenic process.
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IV. Towards FENSI functional MRI

experiments with the FENSI technique, and its potential advantages
and pitfalls compared to the conventional Blood Oxygen Level
Dependent (BOLD) imaging based on T2* contrast.

In this chapter is investigated the possibility to perform functional MRI

In the first section we describe the principles and mechanisms of BOLD
contrast characterizing brain activity in response to a stimulus. Compared to
BOLD, perfusion fMRI can in theory provide a more localized and quantitative
measure of neuronal activation.

A robust BOLD fMRI protocol dedicated to rodent is first set-up on the
7 T preclinical MRI scanner. Various stimulation, anesthesia and imaging
parameters are optimized in order to ensure a reliable and constant detection
of brain activity during three hours. Measurements of CBFlux at 7 T during a
hypercapnic challenge illustrate a relatively poor SNR obtained with dynamic
FENSI images, i.e. single control-tag intensities subtractions, compared to
BOLD fMRI. As a result, no significant difference can be found between the
FENSI data acquired during electrical forepaw stimulation and at rest.

The fMRI protocol is implemented at UHF. At 17.2 T and in the absence
of stimulation, the influence of different commonly used anesthetics on the
BOLD contrast is quantified. The feasibility to perform GE-EPI fMRI at UHF is
shown.

FENSI gains in SNR at UHF. It offers interesting perspectives to
compare in the future the hemodynamic and microvascular responses to
stimulation, based on BOLD and CBFlux contrast, respectively. Despite a
great potential for fMRI and a highly localized quantitative measurement of
brain metabolism, FENSI seems more suited for treatment follow-up, cancer
and pharmacological studies and not adapted to resolve the mechanism of
neurovascular coupling.
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IV.1 fMRI, BOLD, CBF and CBFlux

In this section we introduce functional MRI and explain how neural
activity is classically characterized using MRI. We discuss the limitations of
the BOLD technique, and the potential advantages of ASL and FENSI.

Mapping cerebral activity with MRI

Belliveau et al. performed in 1991 the first human functional MRI
experiment by injecting a Gd-based contrast agent in a patient (141). As in
DSC-MRI, the integral of the Gd concentration over time during the first
passage of contrast agent in the tissues is proportional to the CBV. Performing
the experiment twice (once at rest and once under a visual task), the local CBV
changes observed in the brain directly reflect brain metabolism and glucose
consumption. In parallel, Turner et al. investigated the dynamic changes in
blood oxygenation induced by anoxia in the cat brain using BOLD contrast
associated with fast imaging (EPI) (142).

Since the early 1990’s, the number of studies using MRI in order to
assess the brain activity in response to a specific task has increased
exponentially. A query on an up-to-date database (Pubmed) using the key-
words ‘fMRI’ or ‘functional MRI’ reports more than 27000 peer-reviewed
publications with more than 3000 only in 2011. Currently, fMRI is mainly
used to explore functional localization and physiological properties of specific
regions of the brain. Due to the strong response of the BOLD signal to any
stimulus, the large majority of human and preclinical functional neuroimaging
studies uses BOLD contrast, rather than DSC-MRI or perfusion MRI
techniques. The mechanisms of BOLD fMRI are detailed in the next
paragraph.

The BOLD signal

In 1990, Ogawa et al. reported evidence of MRI contrast generated at
7 T on rats by changing the venous blood oxygenation level (143-144), making
functional brain mapping feasible without the need of an exogenous contrast
agent. The principle of BOLD contrast lies at microvascular level and uses
deoxyhemoglobin as an endogenous contrast agent through the venous
network.
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BOLD contrast relies on two factors. First, To*-weighted imaging
(typically using Gradient Echo sequences) is very sensitive to local magnetic
field inhomogeneities, particularly at high field. Second, the hemoglobin
molecules present different magnetic properties, whether carrying oxygen
(oxyhemoglobin, Hb(0O2)s, diamagnetic) or not (deoxyhemoglobin, Hb,
paramagnetic). Therefore any local change in the concentration of
oxy/deoxyhemoglobin (oxyHb/Hb) will affect the MR signal and give rise to the
BOLD contrast.

BOLD fMRI

At cellular level, neuronal activity is accompanied by an increase of K,
Nat* and Ca2+ flux. The ATP concentration increases as glucose is consumed.
The neurons and astrocytes at stake call for an elevated blood supply through
vasoactive signals and CBF increases in the local vasculature (at
microvascular, venous and arterial level). Both CBV and CBF increase in
response to neuronal activity (Figure 4.1). However, the oxygen supply
exceeds the consumption rate and the additional oxyHb content is not fully
transformed. In the capillary and venous structures, the oxyHb level increases
as that of Hb decreases. Because the susceptibility disturbance due to the
intravascular compartment is reduced, the local magnetic susceptibility
decreases, leading to a signal increase in susceptibility-weighted (T2*-weighted)
images.

neuronal
A B activatity

Figure 4.1 Functional vascular response. A. Capillary network at rest with
baseline CBF (red arrow) and CBV (gray surface). B. The CBV and CBF increase
in response to a stimulus. The excess of oxyhemoglobin (red circles) compared to
oxygen consumption lead to a decrease of the relative Hb/oxyHb concentration.
The capillary and venous oxygenation level increase and generate BOLD
contrast.
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Functional experiments consist usually in short continuous MRI
acquisitions using fast imaging schemes (EPI, Spiral) while a series of block
stimuli is applied. Functional mapping is obtained from the correlation of the
BOLD signal change (on the order of 1-10 %) with the stimulus paradigm
(Figure 4.2). Compared to other functional methods, this technique is very
sensitive to small changes and can achieve high spatiotemporal resolution.
Typically, a clinical BOLD fMRI experiment at 1.5 T lasts 2-3 min and can
detect brain activity at millimeter resolution.

Figure 4.2 Brain activity in the rat primary somatosensory cortex S1
(white arrow) is detected during forepaw electrical stimulation. The
statistical Z-score (unilateral student’s t-test, calculated voxel-by-voxel) is
superimposed on the T>*weighted image of the rat brain (axial view, resolution
250 x 250 x 1200 um). Z-score > 1.95 is equivalent to p < 0.05. The position of
the neuronal activation matches the primary somatosensory cortical area Sl
(The Rat Brain in stereotaxic coordinates, G. Paxinos & C. Watson, 1998).

Perfusion fMRI versus BOLD fMRI

However common, BOLD is not the only type of contrast capable of
mapping the brain activity. Soon after the first discovery of fMRI, studies
report detection of the neural response based on CBF measurements (47,145).
We will detail here the potential advantages of FENSI and ASL techniques
compared to conventional BOLD fMRI.

First, BOLD contrast suffers from lack of spatial specificity. Both
intravascular (veins) and extravascular (capillary network) oxyHb/Hb levels
change during neural activity. By targeting the tracer (Hb) in the venous
system, the BOLD contrast is contaminated by signal fluctuations and delayed
responses coming from the large vessels. This phenomenon has been well
studied (146-147) and can be avoided by the use of Spin-Echo (SE) sequences
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(along with small diffusion gradients), instead of the common Gradient-Echo
(GE). The sensitivity to magnetic susceptibility changes is however reduced
when using SE, and one will in practice only choose to perform SE BOLD fMRI
at sufficiently high magnetic field. On the other hand, ASL and FENSI
techniques can be sensitized to the capillary bed and reflect microvascular
dynamics only. Using two-photon microscopy, Chaigneau et al. showed in
2003 that the capillary network directly outlines the areas of neural activity
near the rat olfactory bulb (148). Potentially the brain activity can be mapped
at sub-millimeter level (100 um) using the appropriate sequences.

Second, differences in onset times are commonly observed when
performing BOLD fMRI, in both rodent and human studies. The local
hemodynamic response depends indeed on the precise contribution of pial
veins which drain oxygen through the capillaries. In practice, the cortical
venous distribution belongs to a complex architecture well described in
literature (149-150). As a consequence, BOLD signal changes (delay and
amplitude) must not be compared between different spatial locations. At
microcapillary level (e.g. FENSI), the common response to a particular
stimulus is expected to be simultaneous. Differences in onset times can be
correlated to neural inference.

Last but not least, the BOLD contrast is an indirect marker of the brain
activity. It relies on the mismatch between CBF and CMRO; (oxygen uptake by
the tissues). As a result, BOLD depends on CBF, CBV, and CMRO; at rest and
during stimulation. The comparison of brain metabolism with BOLD under
different pharmacological states is biased by changes of the baseline CBF and
CBV, that directly impact the dynamics and magnitude of the BOLD signal
change. The exact relationship between BOLD and neural activity is complex
and still debated at the moment. The interested reader can refer to recent
reviews presenting a clear overview on the subject (151-152). To summarize,
BOLD fMRI requires knowledge on physiological parameters typically hard to
determine in order to quantify brain activity. On the other hand, CBF (or
CBFlux) and brain metabolism are strongly coupled (Figure 4.1). Moreover,
CBF and CBFlux represent direct quantitative markers of the microvascular
response, and can detect both arterial and venous flow. In particular, FENSI is
capable of probing CBFlux at microcapillary level, where oxygen is delivered
and exchanged with the tissues. It is expected that ASL and FENSI techniques
can estimate more efficiently the brain response, by calculating a more
localized and quantitative measure of the neural activity.

These potential advantages must be carefully investigated while also
keeping in mind the pitfalls of perfusion fMRI compared to BOLD fMRI. First,
FENSI and ASL techniques suffer from a lower temporal resolution because
they require acquisition of two sets of images (“control”/”tag”) with an efficient
saturation/inversion (FENSI/ASL). They can also lack of sensitivity as they
only label 1-5 % of the total population of spins (see Chapter 1). Luckily, the
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first CBF and CBFlux signal changes reported under stimulation were on the
orders of +50 % to +100 % compared to baseline (up to 10 % of the reference
signal i.e. control image).

In this chapter, we present several experiments performed at high and
ultra high field in order to investigate the brain hemodynamics and the
potential of FENSI fMRI. Being the gold standard, the implementation of a
robust BOLD fMRI protocol at 7 T is of prime interest to detect reliable neural
activity in the rat brain. The potential of FENSI fMRI is explored at 7 and
17.2 T, and we report our preliminary findings on CBFlux changes during
electrical stimulation. The influence of brain hemodynamics and anesthetics
on BOLD contrast is also examined at UHF.

IV.2 Preclinical BOLD and FENSI fMRI at 7 T

In this section we describe the different parameters that can influence
the BOLD response and detail the particular set of parameters used to obtain
a robust functional MRI protocol in the rat brain at 7 T. The BOLD response to
a forepaw stimulus is characterized. The FENSI technique does not detect
significant CBFlux changes during stimulation at 7 T.

The fMRI set-up

Many parameters can influence the brain hemodynamic response and
its detection using MRI. Any modification of the imaging parameters, the rat
physiological condition or the stimulation paradigm will affect the BOLD
contrast and prevent direct comparison of signal changes. In practice, changes
of temperature and respiration rate can reflect changes in the rat condition
and one must carefully monitor all the available physiological parameters
when performing fMRI. During our experiments we maintain the temperature
of the rat constant (37°C) using a feedback controlled MR-compatible air
heater. The animal breaths a mixture of air/oxygen (2/1 L.min-!) delivered
through a nose cone. The set-up also incorporates a bite bar in order to
maintain the rat in a stable position. The next paragraphs describe the path
used to determine the best set of parameters to obtain reproducible brain
activation on our 7 T MRI scanner.
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Functional MRI parameters: starting point

The neurovascular coupling is similar in human and animals, making
the rat an interesting choice to perform fMRI experiments on preclinical
scanners. Numerous paths have been investigated to characterize the rat
brain response to specific stimuli on forepaw (153-154), hindpaw (155),
whiskers (156) or tail (157) using MRI. In our set-up we choose to study the
brain response to electrical stimulation of the rat forepaw given the extensive
literature on the subject (153,155,157).

Animals are difficult to train, and fMRI studies on awake monkeys, rats
or rabbits report major motion artefacts, evidence of stress and motor cortical
activation unrelated to the stimulus induced (158-159). Therefore the large
majority of the preclinical fMRI studies are performed under general
anesthesia. The choice of the anesthetics used has a major influence on the
strength, shape and quality of the response. General anesthetics are known to
induce reduced respiration rate, blood pressure, heart rate and brain
metabolism compared to conscious state (160). Specific anesthetics can
increase (161) or decrease (160) basal CBF and directly impact the sensitivity
of BOLD fMRI to neural activity. Commonly used anesthetics for fMRI include
alpha-chloralose, isoflurane, urethane, propofol and medetomidine.

We perform BOLD fMRI at 7 T using repetitions of a GE-EPI sequence (1
segment, 3 slices, slice thickness 1.2 mm, resolution 250 x 250 um?,
FOV 2 x 2 mm) sensitized to T>* (TR/TE = 1500/10 ms). These sets of
parameters are commonly used when performing fMRI at 7 T (162-163) and
9.4 T (164-166). In particular, the echo time must be chosen close to the T>* of
the tissues to increase the MR sensitivity to the BOLD signal. MRI signal is
acquired at rest and during electrical stimulation.

Several studies have tried to investigate the influence of the stimulation
parameters on BOLD response (164-165,167-168). In literature on rat forepaw
fMRI, depending on the type and dose of anesthetics used, different
stimulation durations (10 to 50 s), amplitudes (0.5 to 2 mA) and frequencies
(1 to 12 Hz) are optimal for a particular set-up (165). Therefore the choice of
stimulation is closely related to the choice and level of anesthetics.

To establish our fMRI set-up, we decided to start from the stimulation
and anesthesia parameters described in 2008 by Zhao et al. (164). Robust
contralateral activations were reported at 9.4 T. BOLD signal changes were
found maximal in S1 regions (+2 % peak, 1.25 % 0.17 % in average during
stimulus) for the following parameters:

Stimulation duration (s) Pulse width (ms) Frequency (Hz) Amplitude (mA)

20 0.3 9 4
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Parameters optimization

The fMRI protocol is implemented on the 7 T Bruker PharmaScan MRI
scanner. An initial anesthesia with isoflurane (5 % induction, 2 %
stabilization) is performed in order to insert a catheter in the rat tail vein. A
bolus of medetomidine (0.05 mg/kg) is injected through the catheter,
isoflurane is disconnected and the freely breathing rat is installed in the
magnet (no need of intubation). To maintain sedation throughout the
experiment, an intravenous continuous infusion of medetomidine
(0.1 mg/kg/hr) was used.

As previously reported (164), neural activity could not be detected
immediately after sedation of the rat: a delay time of 45 min is needed. In
practice, it is used to perform calibration of the MR system, proper shimming
around the slice of interest, acquire anatomical data and adjust the GE-EPI
trajectory to minimize image distortions.

stimulation
rest ntimes
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Figure 4.3 Modification of the anesthesia infusion protocol in order to
minimize habituation of the rat. The medetomidine dose is doubled
(0.2 mg/kg/ hr) after 90 min and tripled (0.3 mg/kg/ hr) after 180 min.

A change of the physiological condition is regularly observed 90 to
120 min after the medetomidine bolus injection when using the sedation
protocol previously described. The number of activated pixels (p < 0.05, SPMS8)
slowly decreases between 45 and 120 min as the heart rate increases (from 40
to 90 bpm), suggesting habituation of the rat to the anesthesia dose. To avoid
this problem, we modify the infusion rate according to Figure 4.3.
Reproducible activation can be obtained between 45 min and 240 min after
medetomidine induction, using two and three times increased infusion rates.
To ensure minimal habituation, the delay between two consecutive fMRI
experiments is also increased (from 5 to 10 min) and used to process data.

Electrical stimulation is performed by sending current through two
electrodes implanted between digits two and four of the rat forepaw. The
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paradigm consists in series of square pulses (width 0.3 ms) of amplitude I
(4 mA) and applied at frequency f (9 Hz) for a duration AT (20 s). The
parameters I, f and AT were tuned in the usual ranges (0-5 mA, 1-10 Hz and
10-30 s respectively) to increase the BOLD signal change detected (using
SPMS8) in the S1 region of the rat brain (Figure 4.2). After optimization, the
final sets of stimulation parameters (Table 6) used in a single fMRI experiment
at 7 T are slightly different from those described by Zhao et al.

Table 6 List of optimized stimulation parameters to perform BOLD fMRI
using medetomidine at 7 T

Number of epochs Stimulation duration AT (s) Rest duration (s)
5 30 30

Pulse width (ms) Frequency f (Hz) Amplitude I (mA)
0.3 7 2

5 epochs (stimulation units) are used to match the total scanning time (30 s
baseline + 5 x [30 s stimulation + 30 s rest] = 330 s = 220 x 1.5 s TR). The
experimental optimal frequency, current and stimulation duration differ from
those detailed in the original implementation of BOLD fMRI using medetomidine
at 9.4 T (164).

The BOLD response to electrical stimulation at 7 T

Using the optimized stimulation parameters, a significant change in
signal was observed in the rat primary somatosensory cortex S1 during
forepaw electrical stimulation (Figure 4.4). The results obtained on 8 rats and
at different times after medetomidine injection (60/165 min after bolus
injection for rat #4 /#6) show reliable activation in the rat S1 area.

In order to detect the activated pixels, a student t-test is performed
between the data-points acquired at rest and during stimulation. The
statistical t-value is calculated voxel-by-voxel. Activation maps are drawn by
overlaying the t-value (thresholded to display only the significant signal
changes, p < 0.05) on the average brain signal acquired with the GE-EPI
(Figure 4.4).

For each rat, the ROI presenting significant activation (p < 0.05) and
located in S1 is automatically extracted from the t-value maps using SPM 8
software. The BOLD signal (Figure 4.5-A) is averaged over the five stimuli in
all the activated voxels (Figure 4.5-B, 8 rats, 2400 voxels). The time course
obtained reveals a maximum +2.6 % increase of signal 4.5 s after beginning of
the stimulation. After the first peak, the BOLD signal slowly decreases and
reaches a plateau 1.4 % above the baseline signal (Figure 4.5-B). A faster
decrease accompanies the end of the electrical stimulation and return to
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baseline. We do not observe the controversial post-stimulation BOLD
undershoot reported and debated in literature on fMRI (169).

Figure 4.4 Left-forepaw electrical stimulation-induced BOLD response in
eight animals at 7 T displayed as the t-value maps on the mean GE-EPI signal
(only one slice per animal is shown). The spatial resolution is 200 x 200 um for
rat #1 and 250 x 250 um for rats #2 to #8. All rats show reliable activation
(p < 0.05) in the contralateral primary somatosensory cortex in response to left
forepaw electrical stimulus. The activation is less pronounced for rat #6, where
imaging suffers from onion rings artefacts that might reflect eddy currents. Rats
#1 and #7 exhibit also activated voxels on the edge of the brain, due to animal
motion during the acquisition.

These results (shape, delayed response and time-to-peak) are in good
agreement with literature on rat fMRI using forepaw electrical stimulation
(163-165,170). Moreover, the +1.6 % average signal increase in the primary
somatosensory cortex region is higher than the +0.6 % increase obtained in
the same conditions (anesthesia, stimulation, field strength and echo time) by
other groups and published in 2012 (163). The high sensitivity of our
measurements (Figure 4.5) associated with the reproducibility of the detection
of the brain activity (Figure 4.4) suggests that the fMRI protocol is properly
calibrated at 7 T.

Because of the reproducibility of the measurements, the rat
physiological condition is assumed stable throughout the experiment.
Therefore the sets of stimulation and anesthesia parameters optimized for 7 T
will be considered standard when performing fMRI at 7 T or higher magnetic
fields, and only the imaging parameters will be adapted in order to maximize
image quality and detection of neural activity. This fMRI protocol was
presented to the MR community in summer 2010 (171).
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Figure 4.5 A. BOLD time course (arbitrary units) in the contralateral primary
somatosensory cortex of rat #8 during stimulation. The paradigm is shown in
red. Classical fMRI analysis correlates the BOLD data with the stimulation
paradigm (multiple blocks, total scan time 5 min 30 s) in order to minimize
noise on MR signal. B. BOLD response (%) to an electrical forepaw stimulus
under medetomidine anesthesia at 7 T. The blue curve represents the BOLD
response, averaged over 8 rats (~300 voxels per rat) and 5 stimulations units
(indicated by the black line). The two red curves reflect the standard deviation
on the BOLD response.
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FENSI fMRI: temporal resolution and SNR

As seen in chapter 1, the FENSI technique repeatedly saturates a slice
of interest and acquires signal from all the spins that escape the tagging plane
but remain in the imaging plane. In order to obtain a significantly flow-
enhanced image, the total saturation period must be long enough to allow for
a large number of spins to travel from the labeling to the imaging slice. In
practice, minimum saturation times on the orders of 1 s are needed to observe
signal coming from the capillary bed. Moreover, two sets of images
(‘control’/’tag’) are required to obtain a single flux weighted FENSI image. In
addition to that, the repetition time must be large enough to make sure that
the labeled magnetization grows back between two consecutive ‘tag’ and
‘control’ images. All these factors limit the temporal resolution achievable with
FENSI.

In FENSI the intensity difference between a ‘control’ and a ‘tag’ image is
directly proportional to the fraction of flowing spins per voxel (1 to 5 % of the
total population of spins, see chapter 1). Although FENSI can gain signal
through repeated saturation, experiments at 7 and 17.2 T show in normal
cortical regions 4 to 5 % maximal signal enhancements using FENSI. The
baseline flux signal when performing FENSI fMRI is only a fraction of the total
MR signal.

The lack of SNR and relatively poor temporal resolution can prevent
detection of rapid flux changes when performing in vivo FENSI experiments.
Therefore the first attempt to perform fMRI with FENSI is the study of the
response to a long stimulus (i.e. minutes) whose impact on brain metabolism
is well documented.

FENSI fMRI: the hypercapnia challenge at 7 T

The influence of hypercapnia (or elevated CO, level) on CBF has been
extensively studied (166,172-173). In animal studies (166,173), the inhalation
of a gas mixture containing a relatively small CO; level (typically 1-3 %)
induces vasodilation and an increase of CBF and CBV according to Grubb’s
law (173). This can be used to probe cerebrovascular reactivity and reserve,
two physiological parameters that can be strongly affected by many cerebral
diseases (174-175). In fMRI, the hypercapnia challenge models cerebral
metabolism and is used for fMRI calibration and estimation of the maximum
achievable BOLD signal (176-177). In the rat cortical and subcortical regions,
our previous measurements show that the microvascular CBFlux does not
have any preferred direction (see Chapter 2). In those areas, CBFlux is
proportional to CBF and the expected FENSI response to hypercapnia is
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known. For FENSI, the long hypercapnia challenge is a first functional test
and will be used for the calibration of FENSI fMRI.

During 5 minutes, the rat is exposed to normocapnic conditions (air +
2 % isoflurane). This provides the baseline CBFlux signal. The CO; level is
then set to 2 % for 5 minutes and turned off for 5 minutes; this is repeated
twice. MR signal is acquired during a total scan time of 25 minutes. The
stimulation paradigm and FENSI results at 7 T are illustrated in Figure 4.6.
As illustrated, the BOLD dependence of the two FENSI ‘control’ and ‘tag’
datasets can be observed (bilateral t-test, p < 0.05), due to changes in T»
relaxation time. An average 12 % signal intensity decrease is measured in the
entire brain 4 to 5 minutes after beginning of the hypercapnia challenge
(Figure 4.6-A). However, no significant difference in CBFlux can be observed
from the temporal evolution of the difference of two consecutive ‘control’ and
‘tag’ images (Figure 4.6-B, p = 0.4).
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Figure 4.6 Dynamic evolution of FENSI signal at 7 T during hypercapnia
challenge A. ‘Control’ and ‘tag’ datasets are interleaved during FENSI
acquisition. The signal intensity (averaged on the entire brain) significantly
decreases during CO. challenge (-12 %, p < 0.05). B. Flux-weighted signal is
obtained by the subtraction of two consecutive FENSI images. We report no
significant difference (p = 0.4) between the CBFlux calculated under
normocapnic and hypercapnic conditions.

A possible explanation for this is the low temporal SNR obtained with
FENSI. In addition, the stimulation blocks are too short to induce stabilization
of the cerebrovascular response, as illustrated by the slow increase/decrease
of BOLD signal during air/CO, inhalation (Figure 4.6-A). Based on the shape
of the BOLD response, the use of an appropriate General Linear Model (GLM)
could favor the detection of continuous signal changes between control and
tag images. To ensure hypercapnic stabilization, the hypercapnia challenge is
repeated with another stimulation paradigm. This time, a large FENSI dataset
(150 repetitions of control and tag, TA = 30 min) is acquired after complete
stabilization of the monitored physiological conditions under normal or
hypercapnic conditions. The CBFlux calculated in the rat brain subject to 5 %
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COz is higher (p < 0.05) than normal CBFlux (measured on the same rat) in
cortical (+73 %), subcortical (+142 %) and highly vascularized areas (+136 %),
in good agreement with literature on hypercapnia (173,176).

Based on this dataset and assuming an instantaneous stabilization of
the CBF after the switch to hypercapnia, a minimum of 68 FENSI repetitions
are needed in order to detect a significant change in flux in a single voxel
located near the MCA. This is to be compared with the 76 FENSI images (i.e.
38 flux weighted images) acquired during the whole S-epochs hypercapnia
challenge previously detailed. In the current implementation of FENSI at 7 T,
dynamic measurements cannot be characterized below 10 minutes temporal
resolution.

CBFlux changes during forepaw electrical stimulation at 7 T

The same electrical stimulation parameters optimized for BOLD and
previously detailed (5 epochs, 30 s stimulation/rest, pulse duration = 0.3 ms,
frequency / amplitude = 7 Hz / 2 mA) are used to conduct FENSI fMRI
experiments at 7T in response to forepaw stimulus. The FENSI imaging
parameters are modified in order to shorten the acquisition time and match
the stimulation paradigm (TR is set to 1.5 s, and the total saturation time Tsar
reduced to 500 ms). 220 FENSI acquisitions (110 pairs of control/tag images)
cover the 330 s stimulation paradigm. The reference image necessary for flux
calculation (static tissue contribution, see Chapter 1) is approximated by the
control image multiplied by the ratio Lsar/Limc to obtain the FENSI signal
enhancement.

Six rats were used to investigate possible changes in CBFlux when
stimulating the rat left forepaw. High resolution CBFlux maps
(200 x 200 x 1000 um, TE = 32.6 ms) were acquired on three rats. No
significant changes were observed in the rat brain during stimulation (p = 0.6),
although BOLD fMRI detected an average +2 % signal increase in the primary
somatosensory cortex. Lower resolution images (400 x 400 x 2000 pm,
TE = 18 ms) were acquired on the other three rats to increase SNR. Still, no
changes were observed during electrical stimulation (p = 0.2). This is in
agreement with our previous results obtained during the hypercapnia
challenge: rapid CBFlux changes cannot be detected at such a high temporal
resolution.

Due to SNR and temporal resolution constraints, the robust fMRI
protocol implemented with BOLD cannot be used in association with FENSI at
7 T. After calibration of the fMRI parameters at 7 T, the protocol was
implemented at 17.2 T, where FENSI can gain signal due an increase in the T;
relaxation time, SNR and labeling efficiency.
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IV.3 UHF, BOLD contrast and CBFlux

We describe in this section our progress towards preclinical fMRI at
17.2 T. We quantify the influence of the type of anesthetics used on the BOLD
contrast at UHF and compare the results at 7 and 17.2 T. The BOLD fMRI
protocol is implemented and tested at 17.2 T. The feasibility of performing
FENSI fMRI at UHF is discussed.

Increased sensitivity to anesthesia at UHF

Although numerous drugs are used in clinical surgery, their effect on
brain metabolism is not well established and literature on the subject is often
conflicting, suggesting a strong dependence to dosage, ventilation and other
experimental parameters (178). Our objective is to monitor and try to quantify
the changes in BOLD contrast induced by different anesthetics commonly
used in clinical or preclinical MRI. Because magnetic field inhomogeneities
have a stronger impact To*-weighted images at higher magnetic field, UHF
imaging is theoretically a good candidate to assess the effects of the drugs
(medetomidine, ketamine/xylazine and isoflurane) on the brain blood
oxygenation level.

Imaging the venous systemat 7 and 17.2 T

During general anesthesia, animals are mechanically ventilated (Bioseb,
Vitrolles, France) and receive a mixture of air/oxygen (similar to the fMRI
experiment). All available physiological parameters (blood pressure, respiration
rate, expired CO, O, saturation, temperature) are monitored and kept constant
through the experiment to ensure normocapnic and normoxic conditions (for
the experiments performed on the 17.2 T the O, saturation is not monitored
due to the incompatibility of the monitoring system with the strong magnetic
field). Arterial blood gases (pH, paO., paCOy are sampled after the intubation
but before the beginning of the acquisition and immediately at the end of the
MRI measurement for each anesthesia condition and analyzed using a blood
gas analyzer (Radiometer Copenhagen). There are no significant differences in
arterial blood-gas values between different types of anesthesia protocols:
PaCO; is measured in a range of 41 — 46 mmHg, PaO; is > 200 mmHg and pH
is maintained in a 7.30 - 7.45 range. During the experiments the ventilation
parameters are adjusted to maintain constant exhaled CO,. The mean arterial
systolic  blood pressure is 80.0+ 3.6 mmHg under isoflurane,
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69.9 + 3.6 mmHg under ketamine/xylazine and 87.0 9.3 mmHg under
medetomidine.

Table 7 Set of imaging parameters used to probe blood oxygenation level.

Field Strength (T) 7 17.2
Field of View (mm) 25.6 x 25.6
Matrix Size 256 x 256 320 x 320
Resolution (um) 100 x 100 80 x 80
Slice thickness (um) 250 200
TR / TE (ms) 300 / 12 350/ 8
Number of averages 20 14
Total scan time 25 min 36s

Because T>* is shortened at higher magnetic fields, we adjusted TR and TE to
obtain comparable contrast between the tissues at both fields. After averaging,
the two sets of images have similar SNR.

Initially, the animals are anesthetized and maintained under isoflurane
(2 % inspired isoflurane) during which time a series of gradient echo images is
acquired. Next the animals are injected with a bolus of medetomidine
(0.3 mg/kg, i. v.) or of ketamine-xylazine (100/10 mg/kg, i.p.) and the
isoflurane is discontinued. A new set of gradient echo images is acquired 30
minutes after isoflurane was turned off. 6/4 animals are imaged at 17.2/7 T,
3/2 under the each of the two anesthesia conditions.

To*-weighted imaging is performed at 7 and 17.2 T using a gradient-
echo FLASH sequence with the parameters described in Table 7. The gain in
SNR at 17.2 T is used to enhance the spatial resolution, from 100 pm to
80 um. The slice thickness is also reduced.

Influence of magnetic field on BOLD contrast during general anesthesia

We notice a slight change in contrast at 7 T after the injection of
ketamine/xylazine or medetomidine compared to isoflurane. On the other
hand, at 17.2 T the change in contrast is substantial. Coronal magnitude
images obtained under the same anesthesia protocol at two different magnetic
field strengths, 7 T (Figure 4.7-A) and 17.2 T (Figure 4.7-B) show higher vein-
parenchyma contrast at 17.2 T. Quantitatively we can define a threshold and
count the number of pixels whose magnitude on the T.*-weighted images are
below that level (chosen 75% of average signal in the cortex). Using that
criterion and for the rat imaged in Figure 4.7, the number of hypo-intense
pixels counted at 7 T and 17.2 T are respectively 197 and 516 for the
ketamine/xylazine anesthesia. Similar results are obtained under
medetomidine anesthesia: we count 158 hypo-intense pixels at 7 T and 419 at
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17.2 T. The number of hypo-intense pixels is not representative when
comparing isoflurane at both fields, as there is almost no pixel in the cortex
below that threshold at 7 T.

A

7T isoflurane

7T ketamine™ " 7T medetomidine
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Figure 4.7 Effect of the magnetic field strength on T,* contrast in rat
brain images acquired in vivo under isoflurane, ketamine/xylazine and
medetomidine anesthesia. Representative FLASH images, coronal sections
acquired at A. 7 T (100 x 100 x 250 um resolution) and B. 17.2 T (80 x 80 x
200 pm resolution).

Quantification of anesthesia effect on BOLD contrast at 17.2 T

Coronal magnitude T,* images obtained on the same rat under the two
different types of anesthesia (isoflurane and ketamine/xylazine) at 17.2 T are
shown in  Figure 4.8-A. The vein-parenchyma contrast under
ketamine/xylazine anesthesia is higher compared to isoflurane anesthesia.
Being oriented parallel to the slice plane, the blood vessels appear as dark
lines. The analysis performed on the 17.2 T magnitude data reveals a dramatic
contrast increase. Specifically, in analysing the signal intensity in the cortex
we find 5.4 times (average over 16 slices, in 3 animals) more pixels
corresponding to blood vessels, when using ketamine/xylazine anesthesia
versus isoflurane anesthesia (Figures 4.8-B). The results obtained for each
animal are shown in Table 8. To ascertain which anesthetic agent is mainly
responsible for the difference in contrast described above we perform a second
set of experiments in which we compare isoflurane with medetomidine.
Figure 4.8-C shows the images acquired at 17.2 T, under the two conditions:
T2* contrast obtained under medetomidine is very similar to that with the
contrast obtained under ketamine-xylazine. Image analysis shows a 4.8 times
increase in the number of the blood vessels counted (Figure 4.8-D) under
medetomidine compared to isoflurane (average over 16 slices in 3 animals, see
Table 8).
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Figure 4.8 Effect on the anesthetic agent on T.;* contrast in rat brain
images at 17.2 T: ketamine-xylazine versus isoflurane and medetomidine
versus isoflurane. Images are coronal sections (A, C) acquired at 17.2 T
acquired in vivo under general anesthesia. The red ROIs show the regions used
to calculate the number of pixels corresponding to visible blood vessels at
17.2 T. The pixels below the 75 % intensity threshold corresponding to these
ROIs are clearly visible (B, D).

We limit our image analysis to cortical regions; however, blood vessels
are also visible in sub-cortical regions, including the thalamus and
hippocampus (see Figure 4.8). 3D acquisitions are also possible as illustrated
in Figure 4.9, which displays the difference between images acquired under
isoflurane and medetomidine anesthesia overlaid over the medetomidine image
(Figure 4.9-A) and the 3D renderings of the difference images between
isoflurane — ketamine/xylazine (Figure 4.9-B) and isoflurane — medetomidine
(Figure 4.9-C). Veins and their ramifications are clearly visible on the brain
surface.
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Table 8 Ratio of the number of hypo-intense pixels counted for different
anesthesia conditions at 17.2 T

Anesthetic Rat # Hypo-intense pixels under isoflurane Ratio of hypo-intense pixels
Ketamine-xylazine / 1 225 4.1
isoflurane 2 238 4.4

3 180 7.7
Medetomidine 4 196 7.2
/ isoflurane 5 134 40

6 241 3.4

isoflurane - medetomidine isoflurane - ketamine/xylazine

Figure 4.9 Difference images obtained by subtracting images acquired
under two anesthesia conditions at 17.2 T. A. isoflurane — medetomidine,
sagittal plane (the image difference is superimposed on the image acquired
under medetomidine) B. isoflurane — medetomidine 3D rendering (using Amira
software) C. isoflurane - ketamine/xylazine 3D rendering. Acquisition
parameters: FLASH flip angle 40°, TR/TE = 200/ 8 ms, spatial resolution 120 um
isotropic.

Anesthesia: a contrast agent at UHF

Here we establish that the brain/vessels contrast in T»*-weighted
images at UHF directly depends on the anesthetic agent used. Stemming from
magnetic susceptibility differences between the blood in the vessels and the
surrounding tissue, this phenomenon is visible to a much smaller extent at
lower field strengths (7 T). Published in 2012 (178), this is the first
experimental observation of this effect.
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Table 9 Effect of isoflurane, ketamine-xylazine and medetomidine on
different physiological parameters

Anesthetic agent CBF CMRO2 PtO2 vasodilation
isoflurane 3 - 3 ++
Ketamine-xylazine - 0 - -
medetomidine - 0 NA --

+/-/0 = increase/decrease/ no variation.

Because anesthetic agents induce profound changes in general and
local brain hemodynamics and metabolism, a plausible explanation for these
results is the difference in deoxyhemoglobin brain vascular content induced by
the anesthesia. This difference is caused by changes in different physiological
parameters (CBF, CMRO,, PtO., vasodilatation) generated by the three
anesthetics used in this study (isoflurane, ketamine/xylazine, medetomidine,
see Table 9). The modifications observed in the vessel-tissue contrast in the
UHF T»2* images are induced by changes in blood oxygen level produced by an
altered metabolic load or altered CBF. Under normoxic conditions arterial
blood is fully oxygenated and does not contribute to blood oxygenation level
dependent (BOLD) contrast, while venous blood vessels containing de-
oxygenated blood shows hypo-intense regions in the image. BOLD image
contrast is enhanced at high magnetic fields, with the hypo-intense lines
better visible at 17.2 T then at 7 T. BOLD contrast can be used to monitor
non-invasively the blood oxygenation levels of the brain in response to central
nervous system drugs that affect basal metabolism or CBF, like the anesthesia
agents used in this study. Isoflurane resulted in a low contrast between cortex
and venous blood vessels as seen on the 17.2 T image, probably because of
CBF increase, cerebral glucose uptake decrease and decrease of deoxygenated
blood in the venous blood vessels. Ketamine/xylazine and medetomidine
resulted in a high contrast between cortex and venous blood vessels, probably
because of CBF decrease and cerebral glucose utilization increases in some
limbic structures, leading to an increase of deoxygenated blood in the venous
blood vessels.

Future use of UHF

The visualization of small venous structures is very useful for studying
neurological diseases in relevant preclinical animal models. A few studies
demonstrated the non-invasive detection of rodent brain vasculature in
magnitude Tz*-weighted images at high magnetic fields (144,179). More recent
studies report high resolution imaging of brain microvasculature in rodents
using susceptibility weighted imaging (180) or phase imaging (181). As shown
here, due to the extreme sensitivity to Brain Blood Oxygenation Level changes
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induced by anesthetic agents, UHF MR studies have the potential to screen
future anesthesia drugs for their action on cerebral blood oxygenation. More
generally, UHF may also play a role during preclinical screening of new
pharmacological agents for their potent effect on brain oxygenation on a local
basis.

Further studies are needed to establish this dependence and to fully
understand the relationship between the anesthetic agent used and the vessel-
tissue contrast observed. One of the main remaining questions is which
anesthetic agent is the most appropriate when performing fMRI under
anesthesia in rodents and non human primates, because signal intensity in
To* images in very high magnetic field is very variable with the anesthetic
agent used.

BOLD fMRI: Echo Time and magnetic field dependence

As previously detailed, the changes in BOLD signal come from the
changes of the transverse relaxation time T>* (or the transverse relaxation rate
Ro* defined by Ro* = 1/T>*). These parameters, To* and R»*, are field dependent
and the BOLD response is very likely to change with the magnetic field.
Therefore the imaging parameters must be carefully calibrated in order to
improve BOLD contrast optimization during stimulation.

In a simple model assuming mono-exponential decay, the MR signal S
is described by equation [4.1], where So can depend on the repetition time TR,
the longitudinal relaxation time T, inflow effects and motion.

S =Sy exp(—TE * R3) 4.1

During stimulation and assuming a small change of relaxation rate
ARy, the variation of signal AS/S varies linearly with TE and becomes [4.2]

AS _ AS,

S So -TE *AR; 4.2

The first term ASo/So reflects signal changes due to artefacts (motion,
flow) that are non-related to BOLD, and independent of TE. The second term is
characteristic of the BOLD signal. Based on this model, several studies have
tried to observe the TE-dependent changes in functional brain mapping (182).
Recently, it has been used in association with multiple echo sequences to fit
the variations of signal during fMRI and efficiently eliminate the non-BOLD
components (183). This model also shows that the percentage signal change
obtained with BOLD fMRI linearly increases with TE (184). The trade-off is a
lower global SNR, according to [4.1]. In practice, the rule “TE ~ T>*” is usually
applied when performing BOLD fMRI. First suggested in 1994 by Menon et al.
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(185) from multiple echo fMRI data acquired at 4 T, it has become a standard
in fMRI experimental design.

It is also expected that high field will help increase the sensitivity to
BOLD contrast. The higher the magnetic field, the higher the intrinsic SNR
and the BOLD contrast, as seen in our previous anesthesia experiment. This
increase has been experimentally demonstrated in 1993 at 1.5 T and 4 T by
Turner et al. (186), and extended to higher fields (187-188).

The experimental BOLD response at 17.2 T

Figure 4.10 Left-forepaw electrical stimulation-induced BOLD response in
five animals at 17.2 T displayed as the t-value maps on the mean GE-EPI
signal (only one slice per animal is shown). The spatial resolution is 200 x
200 um. All rats show reliable activation (p < 0.05) in the contralateral primary
somatosensory cortex S1 in response to left forepaw electrical stimulus. Similar
to fMRI studies at 7 T, several rats (#3 and 4) exhibit activated voxels in wrong
locations due to motion of the animal.

To* dramatically decreases as the field strength increases, and the
optimized TE (~T2*) must be shortened when performing fMRI at 17.2 T.
Therefore, we choose for starting point in our experiment to minimize TE
(to 10 ms) once the bandwidth, FOV and matrix size are fixed. Using the
stimulation and anesthesia parameters described previously, the fMRI protocol
is implemented at 17.2 T. Ty*-weighted imaging is performed using repetitions
of a GE-EPI sequence (1 segment, 3 slices, slice thickness 1.2 mm, resolution
200 x 200 um?, FOV 2x 2 mm, TR/TE = 1500/10 ms). BOLD signal is
acquired at rest and during electrical stimulation (five blocks constitute the
stimulation paradigm).

Five rats are used to characterize the BOLD response at UHF. They all
show reliable activation (Figure 4.10, p < 0.05) in the S1 area, consistent with
literature and with our previous fMRI data obtained at 7 T. The BOLD
response is averaged in the ROIs presenting significant activation in the
primary somatosensory cortex (threshold: p < 0.05), over five rats and five
stimulation blocks. The BOLD response calculated on 5 rats at UHF does not
significantly differ from the BOLD response previously obtained at 7 T. In
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particular, the average amplitude of the BOLD signal change (peak//plateau)
is similar at 17.2 T (2//1.4 %) and 7 T (2.5//1.4 %). Only one rat (#5, see
Figure 4.10) presented a significantly different (p < 0.05) and stronger
response to stimulation (peak: +3.4 %, plateau: +2.5 %).

This is to our knowledge the first experimental implementation of BOLD
fMRI at such a high magnetic field, and further investigations are needed to
study in depth the contributions of the different spin populations
(venous/cortical) to the observed signal change at 17.2 T. Recent studies
report direct imaging of microvascular responses in the rat whisker-barrel
cortex using high resolution fMRI at 11.7 T (170). UHF fMRI is expected to
help resolve the spatial heterogeneities of the hemodynamics response
function.

SNR, temporal SNR and discussion on FENSI fMRI

The FENSI SNR represents the relevance of the information that is
extracted from the FENSI data. This parameter can be sensitized to either
spatial or temporal variations.

The spatial SNR - or simply SNR - is calculated as follows. A flux map is
usually generated from the FENSI dataset (N repetitions of control minus tag
images are averaged). Assuming homogeneous flux, the flux-weighted signal
can be averaged in a ROI. The SNR in that ROI is defined by equation [4.1].
The higher the SNR, the more homogeneous the flux in that particular area.
This parameter was for instance used to compare flux distributions in the
gliosarcoma and normal striatum during tumor growth.

CBFluxROI 4.1

SNR =
kot STDCBFlux in ROI

Repeating the experiment will decrease the impact of motion or
physiological noise on the flux-weighted image and increase the SNR.
However, the assumption that the flux is homogeneous in vivo is difficult to
verify. Comparison of SNR might be biased by a true spatial dependence of
cerebral blood flux. Also, the temporal flux dynamics are lost, and this
estimator is a poor indicator of the goodness of FENSI or ASL sequences
applied to fMRI.

In practice one will rather calculate (for FENSI as well as for ASL) the
temporal SNR (or tSNR). To do so, N flux maps are generated (one for each
repetition/time-point). The tSNR is calculated voxel-by-voxel, and is defined by
the time-averaged flux signal divided by the temporal standard deviation in
that voxel, as seen in equation [4.2].
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CBFl ,
tSNR = ux () 4.2

tSTDCBFlux (x,y)

Increasing the number of repetitions will only increase the accuracy of
the term CBFlux (x,y) in [4.2]. As opposed to the SNR, the tSNR reflects the
real-time flux-weighted signal variations and is a good indicator of the number
of control/tag repetitions required in order to obtain a relevant flux
measurement. At 7 T, our experimental FENSI data indicate for instance a
tSNR of 0.4 + 0.2 in GM, which is not sufficient to detect CBFlux changes
during electrical stimulation. Increasing the duration of the stimulation (as in
the hypercapnia challenge) can make the FENSI technique suitable to quantify
the blood flux changes in the brain.

The implementation of FENSI at UHF enhances significantly (+160 %)
the temporal SNR of the technique, indicating that fewer repetitions are
needed to obtain a proper estimation of the true CBFlux at 17.2 T than at 7 T.
After optimization of the FENSI imaging parameters at 17.2 T, the temporal
SNR can reach up to 1.2 in the cortex. This is similar to temporal SNR values
obtained with VS-ASL, PASL and CASL techniques (59,106,189). All of these
methods were proven capable of detecting reliable activation during
stimulation based on CBF measurements.

These results are also consistent with the work of Ouyang et al. who
recently implemented the FENSI technique on a 3 T clinical scanner and
performed quantification of the cerebral blood flux change in response to a
visual task (85). They report a temporal SNR on the order of 0.8 in GM, in
good agreement with our findings. Their results, averaged over four subjects
and five stimulation blocks (8 Hz checkerboard, TA = 5 min), indicate a
+73 £ 13 % flux increase in the activated V1 region.

Perspectives on the use of FENSI fMRI at UHF

In this chapter we have shown that the FENSI technique is suitable to
detect and quantify flux changes in response to an extended hypercapnic
challenge. Our findings indicate that the SNR obtained with FENSI (even at
ultra high field) is not enhanced compared to conventional ASL methods
(PASL, CASL, VS-ASL). Additional work on technical and methodological
developments is needed to investigate in depth the mechanisms of
neurovascular coupling underlying BOLD and perfusion fMRI. Future
developments at NeuroSpin include the conception and realization of an
actively decoupled transmit-receive system to further enhance the SNR at
UHF. Regarding the FENSI technique, background suppression pulses are
currently being investigated to reduce the impact of physiological noise and
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motion. Based on the tSNR calculated with FENSI at UHF, we believe that the
characterization of the CBFlux changes in response to short forepaw electrical
stimulation and direct comparison with BOLD fMRI is within reach.

The lack of accurate measurements at high temporal resolution
suggests that the method would benefit from longer acquisition times,
preventing however dynamic measurements. At longer time scales, CBFlux
maps can provide quantitative and precise intelligence on brain metabolism at
capillary level, which cannot be obtained with BOLD studies. This is of prime
interest for pharmacological, cancer and metabolism studies which do not
require instantaneous measurements of brain activity but need to quantify in
a reliable way the local changes induced by a drug, a treatment or a tracer.
The CBFlux is indeed a true quantitative physiological marker of the brain
activity.
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V. Mapping brain microvasculature and its
orientation with FENSI

implementation of the Flow Enhanced Signal Intensity method. Here

are discussed the influence of the different relevant imaging
parameters on the signal enhancement, and how to sensitize the method to
the appropriate range of velocities.

The interested reader will refer to this chapter as a guide to the

In the first sections we remind of the difficulties encountered by non-
invasive arterial spin labeling techniques to accurately assess the brain
vasculature at capillary level, in cases of elevated or undetermined transit
times. As opposed to conventional PASL or CASL, VS-ASL methods can encode
flux based on blood velocity rather than spatial location, such as the circle of
Willis or the MCA.

With FENSI the signal enhancement depends on four main parameters
detailed in this chapter. Adjusting these different parameters can help
sensitize the FENSI flux-weighted image to slow flows, and provide
quantitative intelligence on the inner mechanisms of the microvascular
network by removing the intravascular component of blood flow from the
control/tag subtraction image.

In addition, the blood longitudinal relaxation Ti, of the labeled spins
during Tsar will prevent an accurate detection of the very small flows and must
be kept in mind when performing FENSI. We also suggest a different use of the
FENSI technique that can be sensitized to the regional flowing spins fraction,
when all the spins equally contribute to the signal enhancement, regardless of
their velocity.

In the second part of this chapter, the directionality of microvascular
blood flow is investigated, as ideal flux quantification assumes a plug flow
orthogonal to the labeling plane. Different problems can arise with FENSI,
depending on the microvessels orientation and spatial resolution.

Our measurements indicate that the FENSI technique is able to detect
preferential flow directions near large blood vessels and suggest that
microvasculature can be considered isotropic elsewhere. The possibility to
map the precise orientation of microvascular flux with FENSI is considered.
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V.1 Velocity range and microvasculature

We detail in a first section the range of velocities to which conventional
ASL sequences and FENSI can be sensitized, and its dependency on the
different FENSI imaging parameters. The influence of flow orientation on
CBFlux calculation is discussed in a second section.

Clinical standards using conventional ASL and limitations

Classically, PASL, CASL and PCASL sequences used on routine on 1.5
or 3 T clinical scanners label the blood while in the arteries at the level of the
circle of Willis and quantify the loss of signal introduced by this inversion of
magnetization in a slice of interest in the brain. Therefore, to maximize the
perfusion-weighted contrast, acquisition timings must be finely tuned.

In particular, the delay between the labeling of blood and the MR signal
acquisition must match the blood transit time from the circle of Willis to the
capillary network. This delay depends on the blood velocity in the vascular
network, but also on the distance between the labeling and imaging slabs and
on the particular path taken by the blood molecules.

In practice, this delay is optimized to maximize the perfusion-weighted
signal in the gray matter. Depending on the study, these delays vary from 1 to
1.5 s (189-190) in order to allow the blood that has been labeled in the neck to
enter the imaging slice (typical distances label/image = 6-10 mm). A correction
factor must also be inserted in the CBF calculus formula when performing
multi-slice ASL, and can introduce a quantification bias when the blood
velocity has not been properly estimated.

The necessity to introduce these delays prevents accurate
measurements of slow or collateral blood flows in pathological cases, such as
stroke or dementia. In healthy subjects, CBF calculations can also be made
difficult for older individuals or in particular regions of slow flow, such as
white matter (13,191). These problems can be bypassed by using multiple
inversion times ASL sequences such as Hadamard-encoded CASL (192) to
estimate the bolus arrival times prior to the ASL acquisition and/or acquire
CBF maps at various post-labeling delays. These processes are however time
consuming and the common practice consists in increasing the labeling
durations and post-labeling delays when willing to quantify slow flow.

106



Velocity-Selective ASL

Velocity-selective ASL (59-60) was first proposed to answer the problem
of quantification of perfusion in the particular conditions of slow and collateral
flow. The technique labels all the spins flowing above vc (cut-off velocity)
without any spatial selection, and acquires signal from the spins with
velocities below vc (see Chapter 1). VS-ASL was successfully applied at 3 T
(60), and provides CBF maps with a SNR similar to PASL or CASL methods.

Quantification of CBF with VS-ASL necessitates however a fine tuning
of the parameter vc (59). Therefore multiple sets of acquisitions are required to
accurately calculate perfusion in regions of both normal and slow flow. The
same imaging parameters cannot accurately describe the cases of slow and
regular blood flows.

The FENSI enhancement versus blood velocity

As for the other techniques, the flux-weighted signal obtained with
FENSI depends on many parameters, including blood velocity v and saturation
duration Tsar. The relationship between the FENSI signal enhancement E and
the blood velocity v is described by equations [1.2] and [1.5] in Chapter 1 and
illustrated in Figure 5.1. For a given velocity, four imaging parameters have a
direct impact on the enhancement E obtained with FENSI. These are the
saturation duration Tsar, the imaging slice thickness L, the FENSI
saturation slice thickness Lsar, and the post-FENSI saturation slice thickness
Lps.

The trapezoidal shape of the enhancement versus velocity (E/v) curve
remains unchanged when tuning Livg and Lps (Figure 5.1-A). Increasing the
imaging slice thickness Livg allows for the fastest spins to remain longer in the
imaging slice and build up additional saturation before they escape: the
maximum enhancement Ewmax, defined by equation [5.1], is increased. This
does not affect spins with low velocity.

Lime — Lps 5.1

Evinw =
MAX 2 % LSAT

When Lps increases, the effective imaging slice thickness Limag,erf = (Livg —
Lps) diminishes and less saturation is built up in the tag image. Some of the
spins with low velocity do not reach the imaging slice. The result is an overall
lower FENSI enhancement and a reduced range of velocities (Figure 5.1-A).
One will in practice choose Lps as small as possible to maximize the SNR of the
flux-weighted image. However, this parameter must be chosen large enough to
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eliminate the static tissue contribution to flux that can be caused by direct
saturation, imperfect saturation profiles or diffusion.

E (%) Signal Enhancement E (%) Signal Enhancement

RET
Lsar
2mm

100 100 —

50 50

f t T t t 1 T t t T
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Figure 5.1 Influence of Lmc, Lps, Tsar and Lsar on the theoretical
enhancement E (%) obtained with FENSI for different blood velocities v
(mm/s). The bold line represents the theoretical enhancement calculated with
the following imaging parameters: Tsar = 1.5 s, Lsat/Lmc/Lps = 2/8/4 mm.
A. After Tsar, only the spins located in the effective imaging slice thickness
(Lmc — Lps) contribute to the control/tag signal. Increasing Lmc to 10 mm
(dashed line) allows for more spins to accumulate and increases Eyax. On the
contrary, increasing Lps to 6 mm (dotted line) reduces Ewax and prevents slow
spins from reaching the imaging slice in time. B. Increasing Tsar to 3 s (plain line)
will allow for slower spins to reach the slice. Euax remains unchanged, but is
reached for smaller velocities. Increasing Lsar from 1.33 mm (dotted line) to
2 mm (plain bold line) shifts the velocity range [Viun — Vp| towards slow flows,
but reduces Euax.

Keeping all the other parameters constant, increasing the labeling
duration Tsar makes the FENSI sequence sensitive to the spins traveling at low
velocity that now have the time to enter the imaging slice (Figure 5.1-B). For
these spins to contribute to the FENSI signal loss, the minimum distance to
travel Lviv is defined by (Lps — Lsar)/2, from the edge of the FENSI saturation
slice to the edge of the post-FENSI saturation slice. And the minimum velocity
that can be detected with FENSI can be calculated via equation [5.2].

Lmin _ Lps—Lsar
= 5.2
Tsar 2+Tsar

Similarly, Tsar affects the threshold velocity vp where the E/v plot
reaches the plateau, defined by equation [5.3]. The fastest spins on the edge of
the saturation slice escape indeed the imaging slice after having traveled
(Limc — Lsar)/2, and are being replaced by new spins. Therefore only a fraction
of the spins flowing with velocity v > vp contribute to the FENSI enhancement.
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_ Limg—Lsar 5.3
Vp = ———"=

2%Tsar

Finally, increasing Lsar will decrease both vmiv and ve, and sensitize the
sequence to low velocities. The trade-off is a decrease of the maximum
enhancement Ewax (Figure 5.1-B). In addition, FENSI measures the quantity
of spins flowing through the saturation slice, and Lsar reflects the transverse
size of a single voxel in the final CBFlux map. Increasing Lsar will degrade the
resolution of the flux image. Table 10 summarizes the different effects and
side-effects of tuning Livg, Lps, Tsar and Lsar when trying to sensitize the FENSI
method to slow flows (high Emax for small vmiv and vp).

Table 10 Methods to improve the detection of slow flows with FENSI

VMIN Ve Emax Drawbacks
Increasing Livc 0 + + Artefacts (ears), Resolution
Reducing Lps - 0 + Direct saturation, diffusion,
motion, noise
Increasing Tsar - - 0 Longer acquisition time, T,
relaxation
Increasing Lsar - - - Loss of spatial resolution

The four parameters have to be carefully tuned in order to obtain a significant
signal enhancement without suffering from direct saturation (Lps), blurring (Lmc,
Lsar) and within reasonable acquisition times (Tsar).

In practice, one will first choose Tsar to be sensitive to the appropriate
range of velocities. Lsar is dictated by the resolution of the final parametric flux
map. Depending on the brain geometry and precise locations of the FENSI flux
measurements, the imaging slice thickness Liug will be chosen 3 to 4 times
larger than Lsar in order to obtain a significant FENSI enhancement but small
enough to avoid contamination of the flux-weighted image by artefacts. Lps
must account for imperfection of saturation and can be chosen 1.2 to 1.8
times larger than Lsar.

Microvascular flux

Figure 5.1 illustrates how FENSI can be sensitized to slow velocities
and access microvasculature (with typical blood velocities on the orders of 1-
2 mm/s). The presence of a plateau also indicates that FENSI is equally
sensitive to all the spins that flow through the saturation slice with a velocity
whose longitudinal component is above the threshold ve. Without any
correction, it is therefore likely that flux-weighted images are contaminated by
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macrovasculature and intravascular signals, and do not reflect the
microvascular network.

In this manuscript, we use a simple method to sensitize our signal to
microvasculature only, by introducing several saturation pulses inside the
preparation module of the control image (or control tags, see Figure 5.2-A). By
doing so, fast flows are labeled in both control and tag images. The maximum
enhancement Ewax is not affected by Tsar (see Table 10 and equation [5.1])
and the signal intensity difference control — tag (proportional to Erac — EconrroL)
characterizing flux is not sensitive to the fast spins (Figure 5.2-B).

A B

Eqac - Econtrow (%) Signal Enhancement

Post - FENSI 1650 —+
FENSI preparation module saturationmodule

; S
et gl | \

A 45°45 90°
RFcontroL 45 50 T
45°

\ X Ngar-N xy x3

0 5 10 15 20 25 30
v (mm/s)

Figure 5.2 Influence of the number of 45+45° FA pulses N introduced in
the control image on the E/v plot. A. Diagram of the radio-frequency
pulse sequence of the FENSI preparation module set in tag and control
mode. The module set in tag mode applies Nsar pairs of 45°+45° FA pulses on
the labeling slab. In control mode, only the last N pairs of pulses (named control
tags) are conserved and pairs of 45°45° FA pulses are used to 1.balance MT
effects and 2.immediately refocus the 45° flipped spins. The total duration Tsar
of the FENSI preparation module is unchanged between control and tag. B. The
E/v plot highlights the impact of a few number of control tags on the theoretical
FENSI enhancement.

Our calculations show that only a few pulses are required in the control
image in order to account for flows on the order of 10-30 mm/s corresponding
to the spins located in the large arteries and veins. In practice, one can
estimate the desired velocity cut-off threshold V¢ and calculate the
corresponding saturation time Tsar-controL based on equation [5.4].

T _ Liye — Lsar 5.4
SAT-CONTROL = o Ve
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Based on the duration AT of a single pair of 45°/45° FA pulses (typically
15-20 ms), one can adjust the FENSI parameters, so that the number of
control tags N closely matches the ratio Tsar-contror / AT.

This number depends via [S5.4] on the imaging and labeling slice
thicknesses, but also on the velocity cut-off. It can be reduced when going
from preclinical to clinical research, decreasing the amount of energy
deposited on the human brain.

Blood longitudinal relaxation time Ti, and FENSI

T plays an important role in ASL and FENSI techniques as it provides
an estimate of the time the labeling remains efficient. In ASL sequences,
quantification of CBF requires knowledge on T, to compensate for the blood
transit time between the labeling and imaging positions. The correction factor
varies with the specific location of the slice when performing multi-slice ASL.
FENSI is by design dedicated to single-slice imaging. For FENSI, T, has a
major impact on different imaging parameters, such as TR and Tsar.

The introduction of the parameter Tiy in the Bloch equations affects the
CBFlux calculation presented in Chapter 1. The radio-frequency concatenation
used to label blood in the FENSI technique mimics a continuous saturation of
length Tsar. Depending on the blood velocity, the spins that contribute to the
FENSI signal enhancement have been labeled at different times before MR
acquisition, and have relaxed differently. The influence of T:, on the theoretical
FENSI enhancement E versus blood velocity v is illustrated in Figure 5.3 for
different Tip and Tsar values. Large velocities are not affected by Ti, relaxation.
However, the FENSI sensitivity to slow flows can be greatly diminished when
Tsar approaches Ti,. Going to higher magnetic fields will increase Ti,, and
increase the sensitivity of the FENSI technique to slow flows (achievable with
long Tsar).

The increase in T, has also an influence on the repetition time TR
separating two successive repetitions. FENSI acquisitions are usually
interleaved between control and tag mode to minimize physiological noise. TR
must be chosen large enough so that the blood labeled during the tag
acquisition does not contaminate the signal from the control image, resulting
in an overall lower flux-weighted intensity.
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Figure 5.3 Influence of Tsar and Ti» on the FENSI signal enhancement
obtained with Lmc/Lsat/Les = 8/2/4 mm. There is almost no T, effect for large
velocities (v > 30 mm/s). The enhancement plateau (plain line, E = 100%) is
reached and its magnitude does not depend on Ti,. Relaxation of spins with Tip
mainly impacts slow velocities, as fast spins are continuously replaced in the
imaging slice by new spins recently labeled. The influence of Ti» on slow flows
increases with Tsar (see bold lines). The FENSI enhancement diminishes with
T1», suggesting FENSI benefits from the use of UHF.

Utilization of the FENSI method

We have shown here how the FENSI method can be sensitized to
various blood velocities. These results suggest that the FENSI parameters can
be adapted for the experiment to answer a specific question (or pathology)
regarding slow flows. Compared to ASL, FENSI can access smaller velocities
and obtain signal from microvessels, such as arterioles, capillaries and
venules.

As discussed in chapter 1, FENSI can be easily sensitized to the flowing
spin fraction by tuning Limg, Lsar and Tsar. The maximum signal enhancement
Ewmax is reached for all velocities above the plateau defined by [5.3]. Above this
threshold, the flux-weighted image will not reflect flux but differences in the
local flowing spins fraction.

On the other hand, it is possible to adjust the FENSI parameters to
make the signal enhancement depend with the velocity v. E varies indeed
linearly with v on the range [vmw - vp]. This range of velocities can be
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maximized by tuning Livg, Lrs and Tsar based on equation [5.5] and centered
on the position vi = vmiv + (Ve — Vmin) /2 that depends on Lsar via [5.6].

Limg—Lps
Vp = Vmin = T2 Toar 5.5
Vo= Limg + Lps — 2 * Lgyr
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Figure 5.4 FENSI enhancement versus blood velocity with the following
parameters: Lsar/Livc/Lrs = 2/8/4 mm. Assuming relevant blood velocities in
the range [5 — 15 mm/s], using a 200 ms labeling duration (bold line) will
sensitize the FENSI sequence to the spin velocity differences around
Vi = 10 mm/s. By increasing Tsar to 600 ms, all the spins flowing above
Vp = 5 mm/s equally contribute to the signal enhancement. The method is then
sensitive to the local flowing blood volume (or flowing spins fraction). T, was
considered infinite in these simulations.

Based on equations [5.5] and [5.6] and provided a constant flowing
spins fraction on the range [vmiv - vp|, the Flow Enhancement Signal Intensity
method can be used to detect and quantify small velocity changes around v
(Figure 5.4).

FENSI differentiates from PASL, CASL and VS-ASL sequences by
saturating all the spins in the slice of interest. It labels static tissue as well as
arteries, veins and the whole capillary network. Depending on the particular
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set of imaging parameters (see previous section), FENSI can then be sensitized
to: large velocities (small Tsar), small velocities (long Tsar in association with
some saturation pulses in the control image) or regional CBV through a wide
range of velocities (long Tsar).

V.2 Probing flow orientation

In this section we investigate the possibility to obtain directionally-
sensitive flux measurements using the FENSI sequence, and to probe the
orientation of the microstructures of interest. The development of a FENSI flux
tensor is discussed.

Influence of blood flow orientation on flux measurement

Flux calculation with FENSI is illustrated in Chapter 1 based on the
ideal case of plug flow oriented orthogonal to the labeling plane (Figure 1.6).
Experimental protocols deal however with tissues, tumors and tortuous media.
In a given voxel, vessels, micro-vessels and capillaries do not necessarily share
the same orientation. There might not be any privileged direction to CBFlux.
For instance, microvasculature can be considered isotropic in most of the
brain tissues. Even in the particular case of a large vessel, it is likely that its
orientation is not perpendicular to the saturation.

Figure 5.5 Influence of microvessel orientation
and spatial resolution on CBFlux. A. Illlustration
of the angle 6 between the blood flow and the
_ FENSI labeling plane. Only velocity components
Saturationplane orthogonal to the saturation plane contribute to the
FENSI signal enhancement.

This has a direct impact on the calculation of CBFlux. We consider here
the case of blood flow uniformly oriented with an angle 6 with regards to the
labeling plane (Figure 5.5). Equation [1.5] is easily modified in order to
introduce the longitudinal component of blood velocity vz given by vz = v*sin 6.
The blood velocity v is replaced by its longitudinal component vz in all the
following equations, modifying therefore the range of velocities FENSI is
sensitive to.
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Due to symmetry of the problem, we will only investigate here half of the
velocity space: 6<90°. Intuitively, if the blood remains inside the labeling plane
(6=0°), there is no possibility to detect its contribution to the signal acquired in
the imaging slice, regardless of its velocity.

On the other hand, 6=90° is the ideal case. All the spins are flowing
orthogonal to the labeling plane. The imaging slice acts as an extension of the
labeling plane where labeled spins can accumulate. The signal obtained from
the thick imaging slab (8-10 mm) perfectly reflects the vasculature from the
labeling slice (0.5 — 2 mm). Similarly, blood flows with relatively large angles
(60°<6<90°) do not cause major perturbations on CBFlux -calculation
(0.85<sin 6<1).

Problems can arise from vessels and microvessels oriented with low and
medium angles (15°<6<60°). First, calculation of CBFlux is not accurate
because the FENSI enhancement vary with the orientation of blood flow
(0.25<sin 6<0.85). In addition, two phenomena can occur, depending on
spatial resolution. When the voxel size is larger than the vessel/microvessel
diameter (most common case in practice), spins accumulate within the voxel.
The FENSI signal enhancement exceeds the theoretical predictions,
introducing an overestimation of CBFlux. If the voxel size is close to the
diameter of the structure of interest, the flux-weighted image will reflect hyper-
perfused areas in the voxels where labeled spins have flown. These areas do
not necessarily match the position of the original labeling. Instead, the CBFlux
map reflects the projection of the flow extension through the imaging slice.
High resolution FENSI acquisitions do not help resolving microstructures in
anisotropic media.

In theory, the vessels and microvessels oriented at very low angle
(6<15°) with regards to the labeling plane can induce major distortions in the
flux-weighted images. In practice, these do not contaminate the signal. The
labeling efficiency of such structures is very poor and the post-FENSI
saturation pulses used to eliminate static tissue ensure a minimum gap
between the labeling and imaging slices.

In vivo CBFlux measurements in multiple directions

The directionally sensitive character of FENSI is investigated
experimentally in two different regions of the rat brain. One Volume of Interest
(VOI) contains cortical gray matter only. The other VOI is deeper in the brain
and crossed by a large artery. Six CBFlux maps of a rat brain are acquired
along 6 equally distributed orientations in the plane (0° - 180°, see
Figure 5.6-A). Imaging and labeling planes are rotated (30° steps) around the
z-axis but all contain the same VOI at their intersection for meaningful

115



comparison, as illustrated by the yellow box in Figure 5.6-A. Angiography
(FLASH, TE/TR = 2.4/15 ms, NA = 2, res. 120 x 120 x 400 ums3, matrix
256 x 192 x 80) is also performed to determine the orientation of the blood
vessels crossing the labeling plane.

A

- Imaging plane

e Labeling plane

Figure 5.6 FENSI imaging protocol implemented to probe the
directionality of microvascular flux in the rat brain. A. The experiments
measure the blood flux passing through the labeling plane rotated around the z-
axis (0;,30;60;90;120;150°). Comparison provides information on the
microvasculature orientation in the yellow VOI B. Reference image and C.
CBFlux map [uL/min/cm? calculated with FENSI (coronal view, 0° angle). The
yellow axis and box represent respectively the rotation axis and VOI used for
comparison of flux in different orientations. The red/green arrows indicate the
regions of the VOI containing gray matter/ a large vessel.

Figure 5.6 shows the reference image (B) used for FENSI calculation
and the corresponding CBFlux map (C, coronal view). The yellow axis and box
represent the rotation axis and VOI used for comparison, respectively.
Red/green arrows indicate the regions containing gray matter/a large vessel
(based on angiography). Mean CBFlux values and standard deviations in these
regions for the six slice orientations chosen are displayed in Figure 5.7-A.
Results show non-significant changes in CBFlux calculated in gray matter
along different orientations, indicating isotropic cortical microvasculature. In
the region containing the vessel, a significant increase in CBFlux (+136 %, p <
0.05) is highlighted for three orientations around 90°. Angiography confirms
the orientation of the large vessel (in green in Figure 5.7-B), orthogonal to the
sagittal plane when it passes through the VOI. The changes in blood flux
measured near a large vessel correlate well with the orientation of the vessel
observed with MRA. However, it should be noted that the experiments
described in this section are performed by rotating the labeling plane around
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the same axis (see Figure 5.6-A). Therefore the CBFlux component along this
particular axis is not probed, but kept constant in all the FENSI
measurements.
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Figure 5.7 Impact of slice orientation on CBFlux calculated in the cortex
and near a large artery. A. Mean blood flux values in regions containing cortex
(red) / large vessel (green). B. MR Angiography results on the same rat
(maximum intensity projection). The increase in flux observed in the sagittal
orientation (coronal=0° sagittal =90°) is in agreement with the orientation of the
blood vessel (in green) crossing the VOI (yellow box).

Non-directionality of microvascular blood flux

The previous preliminary results confirm that the FENSI method is
sensitive to the directionality of blood flow. In order to probe the directionality
of flux at capillary level, several CBFlux measurements are performed in
different structures in four rats, such as cortical gray matter, cerebellar gray
matter, striatum and corpus callosum. Based on the angiograms, the VOIs
contaminated by arteries are excluded from the FENSI dataset. The calculated
CBFlux is not found significantly different for any particular direction in the
remaining structures.

This suggests that cerebral blood flux can be considered isotropic at
capillary level. Its value is however different in different microstructures, and
can reflect changes of the local cerebral blood volume, tissue permeability or
blood velocity. Variations of these different parameters can be used to detect
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alterations of the microvascular network in the presence of cerebrovascular
diseases and other brain pathologies.

In addition, CBFlux measurements can in principle be correlated to the
CBF estimates performed with conventional perfusion MRI techniques, such
as ASL or DSC. In isotropic media, CBFlux and CBF both reflect local
perfusion, and do not depend on the tracer path. Only the high sensitivity of
ASL to blood transit times can however induce substantial differences when
comparing CBF to CBFlux.

Feasibility of a flux tensor

In order to assess more precisely the orientation of flow, one could
consider probing CBFlux in a specific set of directions, similarly to
tractography using Diffusion Tensor Imaging (DTI). Depending on the finesse
and precision wanted on the fiber orientation, DTI protocols include between 6
and 200 acquisitions with different gradients inputs, each of them probing
molecular diffusion in a particular direction. Combined with an EPI read-out,
6 to 200 scans are required per slice.

Similarly, we can assume that we want to probe CBFlux directionality
using FENSI in a single slice. The position of the labeling plane will depend on
the position of each particular voxel. Considering that a choice of 6 directions
is sufficient to probe the orientation of flow in a given voxel and that the tSNR
is high enough to detect significant changes from a single control-tag signal
intensity subtraction, 2 x 32 x 32 x 6 = 12288 acquisitions are needed to
establish a single two dimensional (32 x 32) directionally-dependent flux map,
making the technique - in its current implementation - in practice unsuitable
for in vivo experiments. One needs to think of a better strategy than the voxel
by voxel FENSI imaging suggested here in order to probe microvascular flow
directionality.

Potential applications

Our preliminary measurements indicate that CBFlux at capillary level
can be considered isotropic and does not require a multi-directional approach.
Considering higher blood flows, the structures that possess a well-defined
orientation are likely to be relatively large blood vessels, whose orientation can
be determined easily without the use of the “fancy” FENSI technique. The
utility of targeting the orientation of microstructures using FENSI lies in-
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between. Further studies should be performed to investigate the case of early
formation of small blood vessels usually associated with tumor growth.

Due to time considerations, we suggest that the use of the FENSI
method to probe the directionality of microvascular flow must be exclusively
kept to detect very local changes of CBFlux. The use of ASL techniques
incorporating flow-encoding gradients modules seems more suited than FENSI
to map the directionality of the local brain perfusion. Perfusion Tensor Imaging
(PTI) was recently achieved in the human brain and leg based on a VS-ASL
technique (193). FENSI can however be used as a complement to ASL as it
provides different information. FENSI and ASL techniques are indeed only
sensitive to the blood outflow and inflow, respectively. These two components
can substantially differ in the studies of brain tumors, and/or in case of BBB
disruption.
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VI. Gains, pitfalls, perspectives and
applications

‘ ” re discuss here the specific strengths and weaknesses of FENSI
compared to conventional perfusion MRI. Our objective is to
assess when CBFlux should or should not be quantified instead

of CBF. The perks of performing FENSI at UHF are detailed. Based on the
specificities of flow enhanced MRI, we propose a specific range of research

fields and pathologies that can considerably gain from the use of FENSI.

In a first section we remind the alert reader that FENSI can provide
compared to DSC-MRI a completely non-invasive and quantitative measure of
brain metabolism. Compared to ASL, CBFlux quantification at capillary level
does not suffer from elevated transit times and does not require the precise
localization of a feeding artery.

It can however be inconvenient to use FENSI in some situations. The
sequence is indeed dedicated to single slice imaging by design. Long
saturation durations constrain the minimal temporal resolution achievable,
preventing as a result the characterization of fast CBFlux changes in fMRI. In
addition the FENSI tSNR does not meet our initial expectations. All of these
features make of FENSI a poor choice to perform a quick characterization of
brain vasculature with good coverage.

The performances of FENSI are investigated at UHF. The arterial blood
longitudinal relaxation time and tSNR are evaluated at 17.2 T. Moreover, the
effects of susceptibility artefacts and off-resonance effects, which increase with
the magnetic field, on CBFlux quantification are discussed.

We suggest that FENSI can be used in specific situations where the
other perfusion MRI techniques cannot accurately quantify CBF, such as
muscular diseases and cerebrovascular disorders with collateral flow. Its
comparison with BOLD fMRI and DWI is also of major importance to study the
neurovascular coupling and IVIM model, respectively.
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VI.1 The perks of using FENSI

In this section are detailed the advantages of the FENSI technique
compared to conventional perfusion MRI, represented by ASL and DSC-MRI.

FENSI versus DSC-MRI: non-invasiveness

DSC-MRI methods are often considered minimally-invasive as they
require the put of a catheter in the patient’s arm (or the rodent’s tail). The real
danger comes however from the injection of the exogenous contrast agent.
Gadolinium is indeed toxic under its ionic form and must be embedded into
chelates to allow its safe use in hospitals. Causing no harm for most people,
some patients can develop allergies and/or violently react to the gadolinium-
based compounds.

Nephrogenic systemic fibrosis is for instance a progressive disease
affecting patients suffering from renal insufficiency exposed to gadolinium
based contrast agents (37). Symptoms vary from mild to fatal and include
swelling and tightening of the skin and extremities. For individuals presenting
a risk due to renal dysfunction, contrast agent injection is not recommended,
or at extremely low dosage and cannot be repeated.

On the other hand, the FENSI technique (along with ASL) uses flowing
blood as an endogenous contrast agent, guaranteeing the safety of the patient
during the whole acquisition time and the absence of complications due to the
MRI procedure. As in ASL (194), future studies should extensively investigate
the potential of FENSI to detect or characterize cerebrovascular diseases such
as stroke in patients with contraindications to gadolinium.

FENSI versus DSC-MRI: absolute quantification

”Absolute” quantification of CBF with DSC-MRI suffers from several
pitfalls. These are detailed in the first chapter and are briefly reminded here.
First, CBF, MTT and CBV estimations are based on the tracer kinetics model
(33-34). This model is only valid in case of an intact BBB, negligible bolus
dispersion and delay, and negligible effect of the Gadolinium chelates on CBV,
Tip or CBF.

Second, knowledge on the AIF is required to derive true quantitative
CBV, MTT and CBF parametric maps and conventional DSC-MRI protocols
really estimate relative estimates of these different parameters. A rough
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estimation of the AIF can be performed using MRI but is subject to flow
turbulence, partial volume effects, delay and dispersion due to the distance
between the artery and ROI (40-41). Absolute and reliable quantification of
CBF is hardly achievable using DSC-MRI.

FENSI and ASL techniques benefit from the use of an endogenous
tracer to fulfill the assumptions of the tracer kinetics model on CBV, CBF and
T, by measuring a steady-state delivery/circulation of blood through the
vascular network without injection. The FENSI technique does not require any
external information on the AIF to quantify flux as blood is labeled at capillary
level and provides a true quantitative marker of the brain metabolism through
CBFlux.

On ASL & FENSI

It has been shown here that FENSI and ASL techniques share several
advantages compared to DSC-MRI. Both methods are however different in
substance. The major distinction between FENSI and ASL is the position of the
tagging plane. Whereas the blood magnetization inside a major blood vessel is
inverted with PASL, CASL and PCASL; FENSI saturates locally the blood inside
the microvasculature within a slice of interest.

FENSI versus ASL: slow flows and transit time effects

One of the first implications is the increased sensitivity of FENSI to slow
flows. ASL techniques are limited by transit times due to the tracer path from
the label to the imaging slice. It is possible to investigate micro-perfusion and
transit time dependence using ASL at different time-points. These techniques
(time-encoded CASL, Hadamard-ASL) are discussed in chapter S and are in
practice time-consuming. Another solution is to use VS-ASL that can encode
flux regardless of its position, but remains in its current implementation
dedicated to arterial blood flow characterization, rather than micro-perfusion.
One will also mention FAIR-ASL that can, especially under its single-slice
implementation, estimate the precise blood in-flow following a non-selective
inversion slab (49).

By labeling blood inside the imaging plane, FENSI can provide highly
localized flux information on microstructures presenting odd delivery
pathways. This can be of prime interest when studying arteriovenous
malformation, chaotic and tortuous microvascular structures during tumor
growth, or collateral flow during acute or chronic stroke. FENSI provides
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through localized tagging an insight into microvasculature. This is only
accessible with ASL at the cost of extended transit times leading to major
imprecision on CBF quantification.

FENSI & ASL: arbitrary tagging

The position of the ASL label has to be oriented orthogonal to one or
several major artery. The position of the tag in the FENSI technique is
independent of the position of major vessels and depends on the particular
ROI where microvasculature must be characterized. In practice, the tag
position is limited by the extent of the imaging slab that is positioned around
it which has to remain far from major susceptibility artefacts sources. FENSI
can be used to characterize vasculature far from large blood vessels. Typically,
ASL techniques cannot access muscular micro-perfusion due to poor labeling
efficiency. Future studies should inquire on the reliability, reproducibility and
accuracy of non-cerebral blood flux measurements with FENSI.

Conclusion

Compared to DSC-MRI and ASL, the FENSI method is better suited to
characterize vasculature when:

- patients have a contraindication for gadolinium based contrast agents
- absolute blood flux quantification is required

- vasculature must be assessed very locally or at capillary level

- measuring slow flows

- expecting elevated transit times

- arteries cannot be found or tagged efficiently with ASL.

VI.2 The FENSI technique: pitfalls and limitations

However tempting to perform, the FENSI technique does not always
meet the clinician’s expectations. We present here the major drawbacks of the
sequence, along with different leads to help resolve these problems.
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Single Slice Imaging

The FENSI technique is limited by design to single-slice imaging since
its first implementation, making the method very inefficient compared to
multi-slice DSC-MRI, ASL flow imaging techniques (86,195) or the recent
development and clinical implementation of the whole-brain 3D-GRASE ASL
technique (56,65,196) that combines a GE and SE acquisition.

During this PhD we have hoped to come out with a brilliant idea to
overcome this problem, without success. We suggest here that the interested
reader willing to orient his research towards multi-slice microvasculature
characterization uses modified FENSI schemes.

An interesting alternative to FENSI called “pseudo-continuous Transfer
Insensitive Labeling Technique” (pTILT) (197) has for instance been
implemented on a clinical scanner. This method uses a preparation module
similar to that of qFENSI (with balanced MT effects between control and tag)
but acquires the MR signal sequentially in slices positioned only on one side of
the tag. pTILT is a compromise between ASL and FENSI. As in ASL, it uses the
blood in-flow to characterize perfusion inside different slices of interest. The
directionality of flow is lost. As in FENSI, the position of the label is flexible
and can be made very close to one or several of these slices in order to access
micro-perfusion. FENSI can even be considered a particular case of pTILT,
where the label is located between two consecutive imaging slices on which the
MR signal is averaged.

Temporal resolution

Large saturation durations are needed with FENSI in order to
accumulate saturated spins (flowing with small blood velocities) into the
imaging slice. In addition, two consecutive acquisitions (control/tag) are
needed to quantify microvasculature.

Finally, one often chooses to interleave control and tag acquisitions to
prevent a possible contamination of the flux-weighted by artefacts or changes
in the static tissue T contrast. As a result, the TR is constrained by the T:
relaxation of the tag to prevent contamination of the control image by the
previous tag.

All of these effects constrain the minimum TR of the sequence. This
suggests that FENSI is not well suited to detect fast CBFlux changes, as seen
in chapter 4. Because FENSI provides an absolute measure of CBFlux, the
sequence represents however an excellent choice when performing
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longitudinal characterizations of the brain microvasculature, as illustrated in
chapter 3.

Contamination by macrovasculature

The Flow Enhanced Signal Intensity method had been implemented to
characterize blood flux at microvascular level. Provided the appropriate
imaging parameters, our simulations show that the FENSI sequence is capable
of detecting slow outflows on the order of 1 -2 mm/s, matching the blood
velocity at the capillary level. To accurately assess microvasculature, it is
necessary to characterize the potential contamination of the FENSI flux-
weighted image by arterial and/or venous blood in the macrovascular
network.

In order to investigate the contamination of the FENSI data by large
arteries and veins, we perform a blood flux measurement at ultra high field
(17.2T) under two different anesthetics: isoflurane and medetomidine
(Figure 6.1). The anesthesia protocol is described in Chapter 4. Aside from
CBFlux measurements, Ty*-weighted images are acquired under both
anesthetic states (Figure 6.1-A).

T2*w - medetomidine T2*w - isoflurane CBFlux - medetomidine 50 CBFlux - isoflurane

Figure 6.1 A. T>*-weighted images of the rat brain (arbitrary units, axial
view, spatial resolution 125 x 125 x 400 pm) and B. CBFlux maps
(uL/min/cm?, axial view, 300 x 300 x 2000 um) acquired under
medetomidine and isoflurane. The white arrows indicate regions of hyper-
perfusion due to contamination of the flux-weighted image by intravascular
signal (CBFlux > 400 uL/min/cm? and/or susceptibility artefacts. The region of
cortical gray matter used for flux calculation is delineated by the dashed ROL

The To*-weighted images acquired under medetomidine reflect the
venous vascular network. Compared to isoflurane, the potential contribution
of macrovasculature to the MR signal decreases dramatically under
medetomidine, due to a decrease of the relaxation times T, and Ts*
(Figure 6.1-A). During isoflurane anesthesia, the CBFlux map highlights
several areas of hyper-perfusion (+100 % CBFlux compared to normal cortex)
in the periphery of the cortex and near the sagittal sinus (Figure 6.1-B, white
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arrows). This phenomenon remains however localized in the vicinity of large
vessels (group 5; important cortical depth, vessel diameter 80 to 125 um) as
defined by the classification of Duvernoy et al.(149).

In the cortex (Figure 6.1-B, dashed ROI) and in the presence of
moderately large vessels (Figure 6.1-A), the choice of anesthetic agent has
little influence on the calculated CBFlux, despite a decrease of the
macrovascular network contribution due to increase of susceptibility. The
15%  CBFlux decrease under medetomidine is expected as
medetomidine /isoflurane anesthetics are known to  induce a
decrease/increase of the local perfusion, respectively.

These results suggest that the FENSI cerebral blood flux maps can be
contaminated by intravascular signal, at the proximity of large vessels. The
introduction of saturation pulses in the control image might not be sufficient
to remove the intravascular flux component as spins can flow through the
macrovasculature in a wide range of velocities (5-30 mm/s). In addition, the
FENSI sensitivity range is based on blood velocity weighted by the flowing
spins fraction. It is likely that the high concentration of flowing spins per voxel
will be detected in the FENSI flux-weighted image.
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Figure 6.2 Influence of the labeling - acquisition delay AT (ms) on the
CBFlux contamination by intravascular signals. Intravascular signals can
be observed for small delays (AT < 600 ms) near the sagittal sinus. The
macrovascular component of flux vanishes for post labeling delays larger than
600 ms. The SNR decreases as AT increases. In order to calculate CBFlux, an
additional correction that compensates for T; relaxation effects during AT is
performed.

At UHF, the use of an appropriate anesthetic agent can help
compensate for such effects. As in ASL, the introduction of a transit time
between the labeling and the MR signal acquisition might also help remove the
vascular component of CBFlux, but can impact the SNR and the minimum
velocities vwmiv that FENSI can detect. Our measurements at 17.2 T
(Figure 6.2) show that a delay of 600 ms between labeling and acquisition is
sufficient to remove completely the intravascular component of CBFlux, in
association with N = 6 control tags that strongly decrease the sensitivity of
FENSI to the spins flowing above the velocity cut-off ve = 10 mm/s.
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Temporal Signal-to-Noise Ratio

The tSNR obtained with FENSI is compared, after optimization of the
sequence, to that of gFENSI and conventional ASL techniques. As discussed in
chapter 4, the traditional method to evaluate the mean temporal SNR in ASL
consists in dividing the calculated CBF by the temporal standard deviation
voxel-by-voxel and average the result in a ROI containing gray matter (59).

We derive with our current FENSI implementation mean tSNR values of
0.4+£0.2at7Tand 1.1 £0.2 at 17.2 T. These results are in good agreement
with the SNR values (0.8 *+ 0.2) reported by Ouyang et al. (85) on a 3 T clinical
MRI scanner. The mean tSNR obtained at 17.2 T is not higher than that of ASL
(tSNR of QUIPSS II / VS-ASL = 2.1 / 1.1) calculated at 3 T (59). Based on a
SNR criterion, the implementation of the FENSI technique does not enhance
the scanner performances compared to conventional ASL techniques.

Different factors impact the SNR. FENSI is only sensitive to the blood
flow component orthogonal to the labeling plane, whereas ASL acquires within
a single voxel signal from the spins flowing in all the directions. In addition,
the labeling efficiency of ASL sequences is increased compared to FENSI by
the use of inversion pulses (180° FA radio-frequency pulses). One should also
consider the nature of the tracer. ASL techniques label an entire feeding artery
when FENSI targets microvascular flow at capillary level.

Future developments should investigate the potential increase of SNR
when performing FENSI. We present here several suggestions to improve the
efficiency of the FENSI technique.

As in ASL, FENSI flux-weighted images are generated by subtracting
control and tag images. Both these images contain static tissue and can be
affected by physiological noise or motion which can dominate the small
fluctuations of signal caused by the labeled flowing blood. Different ASL
groups have recently studied the use of background suppression (BGS) pulses
to minimize the noise associated with static tissue (59,61,64). Reports indicate
a significant SNR increase (+100-160 %) when using BGS-ASL or BGS-VS-ASL
instead or regular ASL and VS-ASL sequences (59).

In practice, the implementation of BGS pulses is difficult with FENSI
because of the position of the tagging and imaging slices that overlap. Well-
defined pulse profiles should be used to invert the magnetization of the static
spins from the imaging slab without affecting the flowing spins from the tag.

Assuming that physiological noise and motion have very little influence
on control and tag image intensities, most of the information about
microvasculature is contained in the tag image. The BGS-FENSI technique can
also benefit from the use of asymmetric control and tag encoding. Acquiring
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several tags for a single control can substantially increase the temporal
resolution / SNR of flow labeling techniques, without impacting quantification
when used in association with BGS pulses (198).

Conclusion

Despite major improvements, the use of the technique FENSI remains
limited compared to ASL. Suffering from a poor coverage and tSNR compared
to ASL techniques, we suggest that FENSI is used as a complement of ASL to
investigate locally microvascular networks, far from macrovasculature. Future
methodological developments around FENSI should inquire about the
potential increase of sensitivity to compete with ASL techniques.

VI.3 The FENSI technique at UHF: gains and roses

New perspectives were offered to the FENSI sequence with the arrival of
the 17.2 T Bruker MRI scanner dedicated to rodents at Neurospin in the fall
2010. After optimization of the technique at 17.2 T, the advantages and
drawbacks of UHF are investigated. We highlight several key-points to keep in
mind when implementing the FENSI method at high field.

Increase of the blood longitudinal relaxation time at high field

For a given tissue, substance or structure, T; increases with the
magnetic field. The longitudinal relaxation time of blood T, is of particular
importance for ASL sequences and FENSI as it characterizes the temporal
evolution of the tag.

T, has been experimentally measured at various magnetic fields
between 1.5 and 11.7 T. Table 11 illustrates the experimental results obtained
from literature (199-204). Based on these results, Dobre et al. (203) proposed
a linear model for the change in longitudinal relaxation with static magnetic
field Bo: Tib tinear = 1167 ms + Bo(T) * 129 ms/T, valid between 1.5 and 9.4 T. It
is worth noting that T, also depend on the particular hematocrit and
oxygenation level in the blood (204). The values reported in Table 11
correspond to arterial blood hematocrit (Hct = 0.4) and oxygenation (>75%)
levels. In veins, T, slightly changes due to lower oxygenation (199-201).
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An accurate in vivo measurement of the arterial Tip is difficult to
implement in practice as arterial blood is highly pulsatile and in-flow effects
affect T:1 calculation. In literature, T, measurements protocols are often
performed in vitro and involve: blood sampling on different animals (bovine,
rabbit), mixing of the samples with a solution of heparin in order to prevent
blood coagulation, and storage between the sampling and MR acquisition.
During the MRI session, the blood is circulated inside the magnet through a
gas exchange system. Oxygenation and temperature are carefully monitored.
Hematocrit rates, blood gases and pH are measured prior and post MR
acquisition to ensure normal physiological conditions. The blood circulation is
only stopped between radio-frequency deposition and FID acquisition.

Table 11 T, of arterial blood measured at various field strengths

Magnetic field Bo (T) Experimental T, (ms) Reference
1.5 1355 Lu et al. (199)
1435 Barth and Moser (200)
3 1664 Lu et al. (201)
4.7 1700 Silvennoinen et al. (202)
1833 Dobre et al. (203)
7 2212 Dobre et al. (203)
9.4 2429 Dobre et al. (203)
11.7 2813 Lin et al. (204)
17.2 3192 -

Our experimental measurement of T, at 17.2 T (3192 ms) is in good agreement
with the linear model (203) established between 1.5 T and 9.4 T, and
extrapolated at 17.2 T (T1p tinear = 3385 ms).

Recently, Lin et al. (204) proposed a simpler protocol to measure T, at
11.7 T. The blood sample is taken from the femoral artery of an anesthetized
rat. The blood gases are analyzed and the hematocrit concentration
determined by a high speed industrial micro-hematocrit centrifuge. The
sample is quickly placed in the magnet where its temperature is adjusted to
37°C in contact with a circulating water bed. Ti, is determined based on a
multiple-TR sequence. The total preparation and scanning time does not
exceed 30 min. The blood gases are again analyzed after the MRI session. The
experimental T, measured at 11.7 T with this method (2813 ms) fits the linear
model (T1b tinear = 2676 ms).

The same protocol is used to measure the T; of arterial blood at 17.2 T.
For MR acquisition, we use a Fast Spin-Echo sequence (FOV 1 x 1 x 4 mm?,
matrix size 32 x 32, TE = 40 ms, RARE factor = 4) and 12 TRs between 500
and 25000 ms (TA = 6 min 40 s). The hematocrit rate Hct could not be
monitored but literature indicates that Hct has in normal conditions only little
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influence (< 15 %) on T, at 11.7 T (204). The data is fitted based on a
saturation recovery model: S(TR)=A*(1-exp(-TR/T1w)). In those conditions and
at 37°C, we find an experimental T, of 3192 £ 140 ms. This is to our
knowledge the first determination of the longitudinal relaxation time of arterial
blood at such a high magnetic field. Our measurements corroborate the linear
model proposed by Dobre et al. (203) and validate the linear variation of Tip
With Bo.

SNR increase at high field

The increase of signal with field Bo strength is well-documented in
literature and lies in the solution of Maxwell’s equations. At equilibrium, the
NMR signal is proportional to the square of Bo. The background noise also
increases with the magnetic field and its variance is proportional to the square
of Bo. Therefore the SNR, defined as the ratio of the average signal by the
standard deviation of the noise, increases linearly with Bo. This is a strong
source of motivation in research for developing higher magnetic fields NMR
and MRI systems. The objective is here to minimize scan times in the clinic
and/or increase the spatial or temporal resolution.

The recent developments of non-invasive perfusion MRI techniques
directly depend on this quest for higher fields. By labeling a small fraction of
the total population of spins, ASL and FENSI methods are limited by the SNR.
Several repetitions of control and tag images are required to generate a single
CBF or CBFlux map, explaining why DSC-MRI is still at the moment
considered as the gold standard in clinical perfusion MRI. The current
installation in many hospitals of high field clinical MRI scanners will help ASL
techniques catch up with DSC-MRI in this domain.

Regarding FENSI, the technique is implemented at 7 and 17.2 T. One
expects a +145 % SNR/tSNR increase of MR signal based on field strength
only. One must add to this effect the more efficient labeling of slow spins due
to longer T, as illustrated in the previous paragraph. Some imaging
parameters are optimized at 17.2 T in order to prevent a decay of the MR
signal due to a decrease of the transverse relaxation time T, at high field.
Table 12 summarizes the list of FENSI parameters used for in vivo
measurements after optimization of the sequence at 7 and 17.2 T.
Experimentally the SNR of the flux-weighted image sensitized to the same
blood velocities is increased by ~160 % at 17.2 T (same acquisition time) and
encourages the use of FENSI at UHF.
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Table 12 Comparison of the FENSI parameters used to perform in vivo
CBFlux measurements at 7 and 17.2 T

Bo (T) 7 17.2
TR/TE (ms) 6000/13 5000/20
Number of segments 4 1
In-plane resolution (mm) 0.25x 0.25 0.25x 0.25
Field of View (mm) 20 x 20 20 x 20
Slice thickness (mm) 6.5 8
Tag thickness (mm) 1 2
Number of control tags 3 3
Number of tags 150 67
Tsar (ms) 3000 1000
Total Acquisition Time 15min
SNR 3.8+1.1 10.0+£ 1.3

The second column presents the list of parameters used in the tumor study
(chapter 3). We present the average SNR obtained in a ROI centered on cortical
gray matter in the flux-weighted image (N = 10 rats). At 17.2 T (third column),
the SNR is significantly increased (p < 0.01) after optimization of the FENSI

parameters.

Figure 6.3 Impact of susceptibility artefacts on CBFlux quantification. A.
At UHF, susceptibility artefacts are visible on T>*weighted imaging (FLASH,
TR/TE = 15/2 ms, spatial resolution 120 x 120 x 400 um), near the ears
(white arrows) and in the cortical left hemisphere (white cross). B. Overlay of the
CBFlux map (uL/min/cm? on the T>*weighted image. Abnormal increase and
decrease of the normal brain CBFlux can be observed in the regions indicated
by the white arrows and cross, respectively. The CBF increase observed in the
upper-right cortical region is due to motion of the subject during acquisition.

Susceptibility artefacts
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T2 and T»" transverse relaxation times decrease when the magnetic field
increases. The study on the effect on various anesthetics on the BOLD
contrast at 17.2 T (chapter 4) illustrate that the MR signal at UHF is very
sensitive to the local perturbations of the magnetic field. The flux-weighted
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information represents only a fraction of the image acquired in control or tag
mode with FENSI, but the SNR of the flux-weighted image depends on the
quality of the entire imaging slice.

These effects are particularly visible in the rat brain near the ears due
to major Bo field inhomogeneities caused by magnetic susceptibility
differences. Throughout this manuscript, a single loop coil positioned over the
rat brain is used as transceiver. This choice was initially motivated by an
increased sensitivity near the coil in the rat cortex and striatum when
performing FENSI at 7 T. In addition it allows for reduced FOV without the
need for additional saturation bands.

Due to the large imaging slice thickness (6.5 — 10 mm) required to
accumulate labeled spins, artefacts are likely to appear on the edges of the
brain and around the ears at UHF (Figure 6.3-A). Their contribution to the
flux-weighted image remains small, as they theoretically contribute to both
control and tag images. However, the MR signal can be highly distorted and
cause dark spots on the CBFlux map (Figure 6.3-B). Based on our experience
at 17.2 T we recommend that the shimming must be properly performed prior
to the FENSI acquisitions to minimize susceptibility artefacts, as they can be
misleading when interpreting CBFlux data. On Bruker systems, automatic
iterative shim protocols, such as Fastmap or Mapshim can help homogenize
the field around the slice of interest.

Efficiency of the labeling and refocusing of the spins

Susceptibility effects are not the only pitfalls of the use of FENSI and
ASL perfusion sequences at UHF. The labeling efficiency (a) relies on the pulse
shape and power used for spin inversion and directly impacts flux calculation
with ASL and FENSI techniques. It is defined for FENSI by the missing
magnetization (between control and tag) of the label taken immediately after
saturation divided by the magnetization of the labeling slab taken at
equilibrium. Typical ASL techniques use pulses with labeling efficiencies
comprised between 0.75 and 1 (perfect saturation/inversion). For FENSI, the
saturation is often assumed ideal for CBFlux calculation based on equation
[1.7].

Regarding the FENSI technique implemented in vivo in this manuscript,
45° - 45° FA pulses are introduced within the control preparation module to
balance MT effects between control and tag. The magnetization of the control
image can be decreased if the refocusing of the spins by the second pulse is
not perfect or affects a different population of spins. To counter this last effect,
the delay between the 45 and -45° pulses is minimized.
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In addition, the application of a slice-selective gradient (with frequency
offset Af) during the first 45° FA pulse introduces an additional dephasing of
the semi-saturated spins (proportional to Af) which can affect the tag profile
(Figure 6.4-B). In order to compensate for that effect, the phase of the two
+45° radio-frequency pulses must be carefully adjusted, depending on the
position of the labeling slab with respect to the center of the magnet.

A Control Tag Control - Tag

Good shim

Poor shim

Figure 6.4 Control and Tag profiles acquired orthogonally to the labeling
slice (sagittal view). A. Provided a good shim and adjustment of the phase of
the 45° pulses, spins are fully refocused or saturated on the Control and Tag
intensity profiles, respectively. The tag profile is obtained by subtraction of the
control and tag intensity. B. The labeling and refocusing efficiency is impacted
by the off-resonance effects and the dephasing of the spins subject to the first
45° pulse. This can result in an inversion of the control and tag profiles, leading
to negative CBFlux values.

To visualize the quality of the tag (Figure 6.4-A) imaging is performed
orthogonal to the labeling plane, and subtracting the MR signal acquired after
having saturated or refocused the spins with a single pair of the same 45+45°
FA pulses used for CBFlux quantification. a is measured on the tag profile,
and varies in practice between 0.85 and 0.97 when the system is properly
shimmed. Failure to obtain a decent control or tag profile is illustrated in
Figure 6.4-B. Off-resonance effects decrease the labeling and refocusing
efficiency and can result in an inversion of the control and tag signals.

On the use of UHF

The FENSI technique was successfully implemented at 7 and 17.2 T,
and CBFlux measurements between HF and UHF compared. The use of UHF
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allows for significantly higher SNR/tSNR in the FENSI control, tag, and flux-
weighted images, reducing the acquisition time necessary to quantify CBFlux
in vivo. In addition, the longitudinal relaxation time of blood is doubled at
17.2 T compared to clinical fields of 1.5 to 3 T. The labeling efficiency is
increased, which is of particular importance in FENSI to measure slow flows
and in multi-slices ASL schemes where the gaps between the labeling and the
imaging locations can be substantially large.

Although the FENSI method benefits from the use of high magnetic
fields, flux-weighted images acquired at UHF can suffer from artefacts due to
magnetic field inhomogeneities. In the most severe cases, control and tag
images can fail to efficiently refocus and label spins, respectively. The labeling
efficiency must be carefully assessed before any FENSI experiment to prevent
a possible underestimation of CBFlux.

V1.4 Perspectives and applications

In this section we suggest different ways of using the FENSI technique,
in need of being investigated. Some can be applied in the very near future. The
other ones might require further technical and methodological developments.

FENSI and Intra Voxel Incoherent Motion

The interactions between perfusion MRI and DWI can be studied at high
field using Intra Voxel Incoherent Motion (IVIM). By considering the capillary
bed as a random maze where blood flow constantly changes direction, the
fraction of flowing spins can be estimated with the IVIM model using DWI at
very low b-values. IVIM can in principle be used to characterize the apparent
diffusion coefficient and the spin fraction related to perfusion (7-8).

The relationship between IVIM and perfusion remains however
controversial (9). In addition, no study has ever investigated the spatial
dependence of the IVIM parameters in patients suffering from cerebrovascular
diseases, and compared the results with those obtained with perfusion MRI
and immunohisto-chemistry.

We propose the implementation of a multi-modal preclinical imaging
protocol to probe microvasculature. In this manuscript we show that tumor
microvascular networks can be characterized at different developmental
stages. The results obtained with FENSI correlate with immunohisto-
chemistry and microvessel concentration. In addition, FENSI is capable of
providing flowing spins fraction parametric maps when using long saturation

135



durations. This allows for a direct comparison of IVIM and FENSI-based
vascular fractions (fivim/frens:) in different brain locations, including the
gliosarcoma periphery and core. Results can also be compared to contrast-
enhanced MRI and immunohisto-chemistry to provide an accurate estimation
of the microvessel concentration.

Preliminary results highlight the large spatial heterogeneity of frenst and
fviv inside the tumor. Interestingly, both measures do not seem to correlate
everywhere in the brain. Further studies will investigate the specificities of
both techniques and compare frenst and fiviw with the true microvessel
concentration obtained with CD31 staining.

FENSI functional MRI

Our efforts towards preclinical FENSI functional MRI are described in
chapter 4. Despite the implementation of a robust fMRI protocol at 7 T, we
could not detect any significant CBFlux change in the rat brain in response to
a forepaw electrical stimulus. Failure to detect flux changes is likely due to
poor SNR, as highlighted by the CBFlux calculation during the hypercapnia
challenge performed at 7 T.

The SNR of the flux-weighted image is increased by the implementation
of the FENSI technique at UHF. At 17.2 T, our calculations exhibit temporal
SNR values (tSNRgenst = 1.1) similar to that of QqFENSI (tSNRqrenst = 0.8) or VS-
ASL (tSNRys.asL = 1.1). During stimulation, both qFENSI and VS-ASL methods
were proven capable of quantifying blood flux and blood flow changes,
respectively (59,85). Based on these results, we believe that the FENSI
technique can be successfully applied to preclinical functional MRI.

Provided functional FENSI experiments can be performed on a large
database, the comparison of the BOLD and CBFlux based activation maps can
be of prime interest to characterize the tight relationships between neural
activity, brain metabolism, cerebral blood flow and the hemodynamic
response.

The spatial localization of brain activity is especially relevant, as the
BOLD contrast mainly comes from susceptibility changes from the venous
network whereas FENSI labels at microvascular level. FENSI has the potential
to reveal the metabolic changes following stimulation at sub-millimeter level
and investigate highly localized flux changes. However, the temporal resolution
of FENSI (8-10 seconds / flux-weighted image) will not help resolve problems
of causality or neural inference.
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Pharmacological MRI / Treatment follow-up

As opposed to BOLD, FENSI quantifies a true biological marker of the
brain metabolism. This allows for repeated and/or longitudinal studies, and
possible comparison of datasets between research centers. These
characteristics make FENSI suitable for pharmacological MRI as well as
diagnostic and treatment follow-up.

Cerebrovascular diseases, ischemia and collateral flow

Most of ASL (with the possible exception of VS-ASL and FAIR)
techniques cannot accurately quantify slow flows due to the elevated transit
times between the labeling and imaging positions. The different ASL methods
implemented in routine on clinical scanners have been adjusted to be sensitive
to regular blood transit times. This can result in CBF quantification failure in
patients suffering from AVM, arterial occlusion, ischemia or other
cerebrovascular diseases.

On the other hand, the Flow Enhanced Signal Intensity technique is
suited for microvascular flow characterization. By labeling spins at capillary
level, the flux-weighted image can be sensitized to a wide range of velocities,
ranging from 1 to 30 mm/s. These can reflect the blood flow inside the
capillaries, arterioles, venules and small blood vessels in general.

By the means of extended saturation durations, spins flowing at
reduced speed can accumulate into the imaging slice and generate flux
contrast. Compared to conventional ASL, the FENSI technique is less sensitive
to transit time variations. It is, along with VS-ASL or FAIR, better suited to
characterize local micro-perfusion due to the labeling/imaging slice proximity.

Regarding ischemic patients, ASL is often used to localize the
‘penumbra’, defined as the hypo-perfused area surrounding the infarction that
can recover when properly treated. Although the gold standard to characterize
the penumbra is PET, MRI can be used to accurately localize this area. The
diffusion /perfusion mismatch reveals for instance the area of low CBF (visible
with ASL) that is not subject to cellular death (visible with DWI) and is
therefore a good match for the penumbra.

Quantification of the penumbra volume is crucial as it correlates with
neural recovery. Microvascular CBFlux quantification can inform further on
the flow dynamics at capillary level. In addition, the FENSI technique could be
used to investigate the collateral flow circulation (16), whose role is to feed the
brain with blood through collateral vascular channels when the main arteries
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are blocked. This secondary vascular network is characterized by extended
blood transit times and has a major impact on recovery from cerebral ischemia
(17-18).

Muscular diseases

Last but not least, we recommend that the FENSI technique is tested in
conditions that do not favor conventional ASL. In the absence of a well-defined
and straight feeding artery, ASL methods suffer from poor SNR due to an
inefficient labeling and reduced blood velocities. Theoretically, FENSI can
provide an accurate measurement of the local blood flux in structures distal
from the macrovasculature. It may for instance be suited to characterize non-
invasively microvascular perturbations in muscles using MRI. There is at the
moment no evidence of the functioning of the FENSI technique in tissues
located outside the brain. This research area is soon to be investigated.
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General conclusion

non-invasive quantitative perfusion MRI sequence - the FENSI
technique - and its potential application to the characterization of
microvascular flow dynamics.

The objective of this work was to investigate the development of a new

The stakes of perfusion MRI in neuroimaging are presented. The
conventional methods - ASL, DSC-MRI - used to derive perfusion (in units of
cerebral blood flow) are detailed and their advantages and drawbacks
discussed. We introduce the FENSI technique, a recently developed MRI
sequence that can characterize microvasculature (in units of cerebral blood
flux) and is of potential interest compared to ASL methods. Different issues
must however be addressed. The flux-weighted signal can be contaminated by
MT effects that prevent the possible quantification of blood flux at capillary
level. A post-processing correction method is proposed to compensate for MT
effects. The first FENSI parametric flux maps are derived at 7 T. A second
approach is considered where MT effects are fully balanced between the
control and tag images, allowing for a truly non-invasive quantification of
cerebral blood flux in-vivo.

We characterize cerebral microvasculature at different stages of the 9L
gliosarcoma tumor growth using the MT-balanced FENSI technique. Our
CBFlux results at early stage (tumor diameter < 3 mm) reflect major inter-
individuals variations of the glioma global vasculature. Late stage gliomas
(tumor diameter > 3 mm) exhibit significantly lower blood flux (-40 %), in good
agreement with literature on 9L perfusion. In addition, different tumor
compartments can be visualized on the flux parametric maps. The comparison
with immunohisto-chemistry suggests that CBFlux correlates with the local
microvessel concentration.

Many efforts have been made during this thesis to investigate the
temporal dynamics of microvascular flow and the potential of FENSI when
applied to functional MRI. A fMRI protocol is implemented at 7 T, and the
hemodynamic response to a forepaw electrical stimulus characterized based
on BOLD contrast. Regarding dynamic acquisitions, the FENSI technique does
not meet our expectations at 7 T due to low temporal SNR and seems better
suited to characterize longitudinal CBFlux changes. As opposed to BOLD, it
does not suffer from large scales signal fluctuations and provides a truly
quantitative measurement of the brain metabolism. The implementation of the
sequence at UHF gives rise to serious hopes regarding the use of FENSI in
fMRI. We highlight at 17.2 T specific contrasts due to the use of various
anesthetics commonly used in the clinic.

139



The adjustment of different imaging parameters sensitizes the FENSI
technique to various velocities and increases the number of potential
applications. After exploring the influence of the experiment’s geometry on the
flux-weighted contrast, we highlight in this manuscript a different use for
FENSI that can reveal the vascular spin fraction. The method remains however
sensitive to flow directionality. Its strengths and weaknesses compared to
conventional perfusion MRI are discussed. Sadly, using FENSI does not
increase the SNR compared to optimized ASL strategies. The method will
however benefit from the actual trend towards higher magnetic field MRI
scanners. Potential applications range from fMRI and DWI characterization to
pharmacological MRI and stroke treatment. The large majority of
cerebrovascular disorders affect the blood transit times. FENSI can be used as
a complement of ASL to help resolve the apparent hypo-perfused areas
highlighted by CBF mapping.

Different tools and techniques were developed during this PhD. For the
first time, a completely non-invasive quantification technique was
implemented on two preclinical high field MR scanners at 7 and 17.2 T. A
robust and reproducible rat functional MRI protocol - now up and running -
was designed and optimized at different field strengths, including meticulous
animal preparation. Methodological developments included the programming
and implementation of perfusion MRI and triggered fMRI acquisitions. Image
processing was performed using custom-written software to automate
calculations. The 9L gliosarcoma model characterized in this manuscript is
now commonly used to study cerebrovascular perturbations associated with
tumor growth in the rodent brain.

Beyond methodological and experimental developments, we begin to
understand the underlying mechanisms of Flow Enhanced MRI and non-
invasive microvascular contrast. The possible characterization of ischemic
patients using the FENSI technique will be assessed in the following months.
The performances of FENSI at UHF are promising and will be used to study
the precise locations of neural activity beyond the venous contribution that is
accessible with BOLD fMRI. Additional and extensive investigations on the 9L
rat brain tumor model must validate the correlation of CBFlux with
microvessel concentration. The future comparison of IVIM and FENSI based
vascular fraction maps with immunohisto-chemistry is expected to clarify the
true nature of Intra Voxel Incoherent Motion. In addition, the different
experiments that we performed raise questions of potential interest in clinical
practice. Can we monitor the effects of anesthetics on the central nervous
system in real time using MRI?
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