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Chapter 0: Basics of magnetic resonance imaging (MRI) and relaxation
Magnetic resonance imaging (MRI) is widely used in both scientific research and
clinical applications for in vivo brain imaging. In the past 40 years (5), tremendous
achievements have been made on the use of MRI for measurement of brain physiological
parameters, detection of brain functional activity, diagnosis of various brain diseases, and
other applications. Compared to other in vivo imaging modalities, such as X-ray
computed tomography (CT) and positron emission tomography (PET), MRI provides
superior contrast between soft tissues, such as grey matter (GM) and white matter (WM).
(In MRI, the contrast between two regions is defined as their difference in image
intensity averaged within each region, divided by the sum of their respective averaged
intensities.) However, previous studies have shown that a certain type of MRI contrast
often contains contribution from multiple factors, such as the longitudinal relaxation time
constant (T1), the transverse relaxation time constant (T2), and hydrogen (1H) proton
density. This makes it challenging to use MRI for studying the brain physiology and
tissue composition. The purpose of this dissertation is to quantitatively understand T1
relaxation, which is important for brain research and clinical diagnosis (to be discussed in
detail in Chapter 1).
Chapter 0 begins by introducing the principles of MRI, in Section 0.1. The origin of
intrinsic T1 relaxation in MRI is discussed in Section 0.2. Section 0.3 compares MRI with
CT and PET for in vivo brain imaging.

1

0 .1 Principles of MRI
The principle of MRI is based on manipulation and measurement of the magnetic
moments of 1H proton nuclear spins, which are abundant in human brain, and can be
polarized in a strong magnetic field 𝐵# ≡ 𝐵# 𝑧 (𝐵# is assumed to be in the 𝑧 direction).
The polarization of the 1H proton spins creates an ensemble magnetization 𝑀 , which is
aligned with the orientation of 𝐵# in equilibrium. When 𝑀 is perturbed (to be discussed
later in this section) from its equilibrium, there will be a net torque 𝑁=𝑀 ×𝐵# applied on
𝑀 and it will undergo precession, with a Larmor frequency of 𝜔# =gB0, as shown in Fig.
0.1. Over time, the longitudinal component of 𝑀 relaxes to its equilibrium, which is
referred to as longitudinal (𝑇& ) relaxation, and the transverse component of 𝑀 relaxes to
0, which is referred to as transverse (𝑇: ) relaxation. Taking into account the longitudinal
and transverse relaxation, the equation of motion for the ensemble magnetization 𝑀 can
be expressed as follows:
PQ
PR

= g 𝑀×𝐵# +

(QT UQV )W
XY

−

Q[ \]Q^ _
X`

( 0.1 )

which is referred to as the Bloch equation. The term with 𝑇& is the spin lattice (or
longitudinal) relaxation (to be discussed in detail in Section 0.2), the term with 𝑇: is the
spin spin (or transverse) relaxation, 𝑀# is the magnetization at equilibrium, and 𝑀=
𝑀\ 𝑥 + 𝑀_ 𝑦 + 𝑀W 𝑧. The transverse relaxation is induced by the local variations in 𝐵#
across the spin population, leading to different precession frequencies for different spins.
Over time the vector sum of the transverse magnetization of the spin population decays,
which is assumed to have an exponential form as shown in Eqs. 0.2 & 0.3, with a time
constant of T2. T2 relaxation will be discussed in detail later in this section.
2

Figure 0.1 Schematic representation of the MRI process. Precession of the
magnetization 𝑀 in a magnetic field 𝐵# 𝑧 ; the magnetization 𝑀 is perturbed from its
equilibrium, by RF pulses generated using an RF transmit coil; MRI measurement is
performed by measuring the change of magnetic flux induced by the rotation of the
transverse component of 𝑀, 𝑀^ , using an RF receive coil; the computer controls the
hardware, including the RF transmit coil and RF receive coil.
Solving Eq. 0.1 gives:
𝑀\ (𝑡) = 𝑒 UR/X` (𝑀\ (0) cos 𝜔# 𝑡 + 𝑀_ (0) sin 𝜔# 𝑡)

( 0.2 )

𝑀_ (𝑡) = 𝑒 UR/X` (𝑀_ (0) cos 𝜔# 𝑡 − 𝑀\ (0) sin 𝜔# 𝑡)

( 0.3 )

𝑀W (𝑡) = 𝑀W (0)𝑒 UR/XY + 𝑀# (1 − 𝑒 UR/XY )

( 0.4 )

In an MRI measurement, an RF pulse 𝐵& 𝑡 = 𝐵& (cos 𝜔# 𝑡 𝑥 − sin 𝜔# 𝑡 𝑦) is
generated using an RF transmit coil and perturbs 𝑀 from its equilibrium (Fig. 0.1). This
effect can be understood in a rotating reference frame, with an angular velocity of −𝜔# 𝑧.
The unit vectors 𝑥 j , 𝑦 j and 𝑧 j along the 𝑥 j -, 𝑦 j - and 𝑧 j -axis of the rotating frame can be
written in terms of the unit vectors 𝑥, 𝑦 and 𝑧 in the inertial (laboratory) frame:
𝑥 j = cos 𝜔# 𝑡 𝑥 − sin 𝜔# 𝑡 𝑦

( 0.5 )

𝑦 j = sin 𝜔# 𝑡 𝑥 + cos 𝜔# 𝑡 𝑦

( 0.6 )

𝑧j = 𝑧

( 0.7 )

The time derivative of any vector 𝐴j in the rotating frame can be written in terms
of its corresponding value in the inertial (laboratory) frame 𝐴, as following:
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Plm
PR

=

Pl
PR

+ 𝜔# 𝑧×𝐴

( 0.8 )

With the presence of the RF pulse, the torque on 𝑀 is 𝑀×(𝐵# + 𝐵& 𝑡 ) =
𝑀×(𝐵# + 𝐵& 𝑥 j ), based on Eq. 0.5. In the rotating reference frame, according to Eq. 0.8
j

and the precession term in Eq. 0.1, the equation of precession for 𝑀 can be written as:
PQ
PR

m

=

PQ
PR

j

+ 𝜔# 𝑧×𝑀 = g 𝑀 ×𝐵& 𝑥 j

( 0.9 )

As can be seen from Eq. 0.9 (similar to the precession term in Eq. 0.1),
j

𝑀 undergoes precession, with an angular velocity of 𝜔& 𝑥 j ≡ g𝐵& 𝑥 j , under the influence
j

of the RF pulse 𝐵& 𝑥 j , in the rotating reference frame. The angle of rotation for 𝑀 , ∆𝜃, is
determined by the RF pulse amplitude 𝐵& and pulse duration 𝑡P :
∆𝜃 = g𝐵& 𝑡P = 𝜔& 𝑡P

( 0.10 )

j

The effect of the RF pulse on 𝑀 is illustrated in Fig. 0.2.

j

Figure 0.2 Precession of magnetization 𝑀 under the influence of an RF pulse 𝐵& 𝑥 j ,
j
in the rotating reference frame; the angle of rotation for 𝑀 , ∆𝜃, is determined by the RF
pulse amplitude 𝐵& and pulse duration 𝑡P , through Eq. 0.10.
As can be seen from Eq. 0.4, the longitudinal magnetization 𝑀W (𝑡) relaxes
exponentially back to 𝑀# , with a rate of 𝑅& = 1/𝑇& . Fig. 0.3 shows the simulated
recovery of the longitudinal magnetization 𝑀W (𝑡) , following an inversion of the
4

longitudinal magnetization (rotation of the equilibrium magnetization 𝑀# 𝑧 by 1800
around 𝑥 j ) using an RF pulse. By monitoring signal recovery of 𝑀W (𝑡) at variable postinversion delay time 𝑡, and fitting to Eq. 0.4, T1 can then be determined.

Figure 0.3 Simulated recovery of the longitudinal magnetization 𝑀W (𝑡) following
an inversion; 𝑀W (0) is assumed to be -0.8 and T1 is assumed to be 1 s-1.
Measurement of the MRI signal is performed by flipping the longitudinal
magnetization into the transverse plane using RF pulses generated by an RF transmit coil,
followed by measuring the change of magnetic flux induced by the rotation of the
transverse component of 𝑀, 𝑀^ , using an RF receive coil, as shown in Fig. 0.1. However,
the 1H proton spins experience different local magnetic fields on top of the main
magnetic field 𝐵# 𝑧 , and thus have different Larmor frequencies. Therefore, their
precessions will eventually be out of phase and their ensemble transverse magnetization
𝑀^ decays to zero, as illustrated in Fig. 0.4. T2 is an important time constant, and its
magnitude relative to the time scale of MRI measurements, which is on the order of
milliseconds, determines if a certain species of 1H protons is detectable in MRI. WP T2 in
brain is on the order of 10-100 ms, while for MPs it is on the order of 10-100 µs, due to
their difference in magnetic environment. Therefore, MRI signals merely contain direct
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contribution from WPs, and MPs are invisible in MRI and only contribute to MRI signals
indirectly.

Figure 0.4 Illustration of T2 relaxation. The red arrows in the top three sub-figures
show that the spins are initially in phase and later become out of phase, and therefore the
vector sum of their transverse magnetization decays to zero eventually (the black curve in
the bottom sub-figure). The red curve shows the signal measured by RF coils, where the
oscillation is induced by the precession of the magnetization.
The RF pulses used in MRI often have to be applied several times for an
acquisition of an MRI image (refer to (6) for details of MRI image acquisition). In
practice, the repetition time (TR) between the acquisition RF pulses is often shorter than
T1, as it is limited by the total available image acquisition time. In this case, following an
acquisition RF pulse, instead of recovering back to its equilibrium 𝑀# , 𝑀W (𝑡) relaxes to
𝑀W (𝑇𝑅) = 𝑀W (0)𝑒 UXp/XY + 𝑀# (1 − 𝑒 UXp/XY ) according to Eq. 0.4, for the following
signal acquisition. Consequently, the acquired image contrast will depend on TR/T1.
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Therefore, T1 relaxation has unintended effects on all MRI images acquired with finite
TRs, and understanding T1 is important for interpreting image contrast.
Besides T1, other factors, such as 1H proton density (PD) and T2, may also have
unintended effects on an MRI measurement. PD in a certain region of brain tissue
determines the equilibrium magnetization, 𝑀# , and thus influences the transverse
magnetization 𝑀q (Fig. 0.1), which is the direct source of MRI signal. And T2 may also
have effects on 𝑀q , especially when T2 is comparable with the time scale of the image
acquisition, as illustrated in Fig. 0.4. Therefore, an MRI image often contains
contribution from multiple factors. For example, a T1 relaxation image measured using
magnetization-prepared rapid gradient-echo (MP-RAGE) sequence (7,8) also contains
unintended contribution from PD, and therefore the measured image is often referred to
as T1 “weighted” MP-RAGE image.

0 .2 The origin of the intrinsic T1 relaxation in MRI
The longitudinal relaxation (T1) of 1H proton magnetization in a magnetic field can
be understood on the basis of Boltzmann statistics and quantum mechanics. A 1H proton,
which possesses a spin of 1/2, undergoes Zeeman splitting in a magnetic field, B0, and the
two energy levels for quantum states | ↓ and | ↑ are 𝐸↓ = +ℏ𝜔# /2 and 𝐸↑ = −ℏ𝜔# /2
respectively, with 𝜔# = 𝛾𝐵# as the Larmor frequency and 𝛾 as the gyromagnetic ratio.
Besides the main magnetic field B0, a spin also experiences additional magnetic
field from its neighboring spins and atoms, which are referred to as the lattice in the
following text. The effects of the lattice magnetic field can be represented by a small
perturbation potential 𝑉. According to Fermi’s golden rule # 2, the transition rate for a
spin from initial quantum state |𝑖 to final quantum state |𝑓 is then
7

𝑃|} =

:~
ℏ

𝑓𝑉𝑖

:

𝛿(𝐸| − 𝐸} )

( 0.11 )

Each transition of a spin from |𝑖 to |𝑓 induces the lattice to change its state from
|𝑖€ to |𝑓€ , with the subscript 𝑙 denoting a quantum state for the lattice. For simplicity,
we assume the lattice also has two quantum states | − to | + . The energy difference
between |𝑖€ to |𝑓€ should be the same as the energy difference between|𝑓 and |𝑖 ,
according to the conservation of energy. Using 𝑠] and 𝑠U to represent the occupation
numbers of states | + and | − , with energy levels of 𝐸] and 𝐸U respectively, we then
have 𝐸] − 𝐸U = 𝐸↓ − 𝐸↑ = ℏ𝜔# . These two lattice states, | + and | − , can be assumed
to be in equilibrium, since the relaxation within the lattice is faster than the relaxation
between a spin and the lattice (9,10), and therefore 𝑠] and 𝑠U are two constants, related
by 𝑠] /𝑠U = exp (−ℏ𝜔# /𝑘𝑇), according to the Boltzmann statistics. Thus, the rate of
change in the number of spins in states | ↓ and | ↑ can be expressed respectively as:
P…↓
PR
P…↑
PR

= 𝑃↓↑ 𝑁↑ 𝑠U − 𝑃↑↓ 𝑁↓ 𝑠]

( 0.12 )

= 𝑃↑↓ 𝑁↓ 𝑠] − 𝑃↓↑ 𝑁↑ 𝑠U

( 0.13 )

where 𝑁 denotes the numbers of spins. Due to the symmetry between |𝑖 and |𝑓 in Eq.
0.11, it can be found that 𝑃↓↑ = 𝑃↑↓ , which is further redefined as 𝑃 in the following text.
The rate of change of the net polarization ∆𝑁 = 𝑁↑ − 𝑁↓ can then be written as the
following equation:
P(∆…)
PR

= 𝑃𝑁(𝑠U − 𝑠] ) − 𝑃∆𝑁(𝑠] + 𝑠U )

( 0.14 )

where 𝑁 = 𝑁↑ + 𝑁↓ is the total number of spins. When the system is in equilibrium, the
left hand side of Eq. 0.14 equals zero, and the equilibrium net polarization is (∆𝑁)†‡ =
𝑁(𝑠U − 𝑠] )/(𝑠] + 𝑠U ). With 𝑇& defined as 1/(𝑃(𝑠] + 𝑠U )), Ep. 0.14 can be rewritten as:
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P(∆…)
PR

=

(∆…)ˆ‰ U∆…
XY

( 0.15 )

This equation is generally true, whether or not the system is in equilibrium
(∆𝑁 = (∆𝑁)†‡ ). Non-equilibrium (∆𝑁 ≠ (∆𝑁)†‡ ) can be created by irradiating photons
with a common energy of ℏ𝜔# to induce transition from | ↑ to | ↓ . The photons
correspond to the RF pulses with angular frequency of 𝜔# classically, as discussed in
Section 0.1. Eq. 0.15 explains the origin of the intrinsic 𝑇& relaxation, which applies to a
uniform spin bath of 1H protons. The typical value for intrinsic 𝑇& of water is ~1 s, and
for macromolecules of brain tissue, it is on the order of hundreds of milliseconds (11,12),
shorter than that of water. This difference is attributed to the stronger coupling between
MPs in the semisolid macromolecules of brain tissue (12,13), than that of WPs in the
water, which exhibit Brownian motion. In Section 1.2, we will further discuss the
apparent 𝑇& relaxation when multiple species of 1H protons are present.

0 .3 Comparison with X-ray computed tomography (CT) and positron emission
tomography (PET)
Besides MRI, X-ray computed tomography (CT) and positron emission
tomography (PET), are also widely used for in vivo brain imaging. Compared to CT
(14,15), MRI provides better contrast between soft tissues, including WM and GM in
brain. CT also induces a risk of cancer for patients, because of the exposure to the higher
energy of ionizing radiation. PET has high specificity to the injected radiotracer (16,17) ,
which can specifically label a physiological process, such as glucose metabolism,
receptor binding potential, amino acid transport, and protein synthesis (16,18–21).
However, PET scans usually have lower resolution than CT and MRI, and due to their
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specificity only to the radiotracers, they often lose anatomical contrast (22), providing
poor distinction between WM and GM.
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Chapter 1: Longitudinal relaxation (T1) contrast in brain MRI and toward
quantitative understanding of the underlying mechanisms
This chapter provides an overview on the previous understanding of T1 contrast in
brain MRI and introduces our approach to quantitatively study the T1 contrast
mechanisms. The first section reviews the significance and previous studies of T1 contrast
and magnetization transfer (MT) associated with macromolecular 1H protons (MPs).
Section 1.2 explains the needs for studying the contribution of MT to T1 contrast, through
a two-pool exchange model. The last section summarizes this dissertation and our
approaches to quantifying MT and the T1 contrast mechanisms in brain MRI.

1 .1 Overview of the significance and previous studies of longitudinal relaxation
(T1) contrast and MT in brain MRI
T1, as the relaxation time constant of the longitudinal magnetization of 1H protons
in a magnetic field, is affected by the interactions of 1H protons with their surroundings
(6). T1 contrast is one of the most important MRI contrasts for studying brain morphology,
such as distinction and segmentation between different types of brain tissues, including
grey matter (GM), white matter (WM), and cerebrospinal fluid (CSF). It is widely used
for diagnosis in clinical applications (23–25). T1 contrast is dependent on tissue
composition, such as local concentration of proteins, lipids, and water, and their exchange
of magnetization, through magnetic dipolar coupling and chemical exchange (26,27). In
addition, paramagnetic and ferromagnetic molecules can contribute to longitudinal
relaxation as well, including endogenous (intrinsic) iron and deoxyhemoglobin (28–30),

11

and exogenous (injected) contrast enhancement agents, such as Gadolinium
diethylenetriaminepentacetate (Gd-DTPA) (31) and Feridex (32).
The distinct contrast of T1 relaxation between GM and WM has been attributed to
their differing content of myelin (12,13,30,33), which is a laminated membrane structure
surrounding the axon of a neuron (34) and is primarily composed of macromolecules (35),
including proteins and lipids. In the brain of a healthy adult, macromolecules contribute
up to 30% of the total 1H protons, in WM (36). In contrast, in GM, this fraction was
reported to be around 16% (36). 1H protons in these macromolecules (MPs), which are
invisible in MRI due to their short T2 (refer to Section 0.1 for an explanation), exhibit
rapid T1 relaxation (37–39) and can accelerate T1 relaxation of MRI-visible 1H protons
from water (WPs), through magnetization transfer (MT), which refers to the exchange of
magnetization between WPs and MPs. This occurs through magnetic dipolar coupling
and chemical exchange (40–42). Therefore, study of T1 relaxation may be helpful for
determination of myelin content in brain (33) and also provide insight into MT (43–45).
It has been reported that MT between the two 1H proton pools of water and
macromolecules leads to the bi-exponential evolution of the longitudinal magnetization
of WPs (46–49). This bi-exponential relaxation has been studied and used to quantify MP
fraction and MT (45,50). However, due to the difficulty in direct detection of MPs in
MRI owing to MPs’ short T2, the role of MPs in MT and their contribution to T1
relaxation has been poorly understood and is usually approximated in MRI experiments.
An often used assumption is that the magnetization of MPs is unaffected by the RF pulses
(45,50), which is generally not correct.
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Ignoring the bi-exponential recovery also leads to limited reproducibility of T1
quantification, as has been reported in the literature (49,51–53). As a result, it limits the
generalizability of using T1 to quantify brain myelination, and affects the accuracy of
tissue segmentation.
MT generally contributes to T1 contrast to some extent, and this contribution differs
by the different longitudinal magnetization levels of WPs and MPs created by RF pulses
(54), which in many cases are sensitive to both the characteristics of the RF pulses and
the spectral properties of WPs and MPs, including the lineshape, resonance frequency
and T2. The spectral properties are important, since they define the response of WPs and
MPs to an RF pulse (26), and further affect the MT between WPs and MPs (see Section
1.2 for detailed discussion). Therefore, the spectral properties of MPs, including their
lineshape, T2, and resonance frequency, are critical for quantification of MP fraction, and
further for estimation of how MPs contribute to the bi-exponential T1 relaxation through
MT. However the MP spectrum is difficult to measure directly, not only owing to MPs’
extremely short T2 as mentioned above, but also due to complications from MT, and
chemical exchange saturation transfer (CEST) effects (27,55).
Most previous direct measurements of the MP spectrum have been performed with
NMR spectrometers on ex vivo brain tissue samples and various membrane model
systems, including myelin extracts and lecithin.

These have shown that MPs have

complex lineshapes with varying widths and resonance frequencies (35,56–60). However,
due to the difference in physical environment between fixed and live tissues, the use of
these results to interpret in vivo studies is difficult (61,62).
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On the other hand, most in vivo conventional MT studies rely on an assumed
lineshape for the MP spectrum, often a super-Lorentzian (SL) (Eq. 1.1) line centering on
the water resonance (26,41,63), since data collected within the limited in vivo scanning
time does not support fitting of a general lineshape.
𝑔 𝐹, 𝑇: , 𝐴 = 𝐴

:

•
`

X`

~ # Ž ••‘ ` ’U&

𝑒𝑥𝑝 −2

:~”X`
Ž ••‘ ` ’U&

:

𝑠𝑖𝑛𝜃𝑑𝜃

( 1.1 )

Here, A is a scaling factor, F is the frequency of the applied RF pulse, and 𝑇: is the
transverse relaxation time constant. The SL lineshape as shown in Eq. 1.1 is an
integration of Gaussians over a uniform distribution of orientation 𝜃, which is the angle
between the lipid bilayer surface and the main magnetic field 𝐵# . The Gaussian is
considered appropriate to describe the lineshape of MPs induced by the dipolar
interaction of semisolid macromolecules (64).
However, this has been found to be inaccurate (65,66). For example, a lineshape
that contains more parameters to fit than SL, has been reported to better represent MP
spectrum than SL (65). In addition, some studies reported the MP spectrum to be shifted
by about -3 ppm relative to the WP resonance (35,66–69), which, if ignored, can induce
significant error for certain MT related applications, such as chemical exchange
saturation transfer (CEST) (27,66) and arterial spin labeling technique (67,69).
Besides the contribution from MPs through MT, T1 contrast was shown to be
dependent on the concentration of iron, which is superparamagnetic (28–30). In iron-rich
regions of brain, such as basal ganglia, iron concentration was found to account for 10-20%
variation of T1 (29), complicating the application of T1 to study MP content and the
quantification of MT between WPs and MPs.
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This dissertation details our work on the quantitative study of MT between WPs
and MPs, and to further quantify the relative contribution of MPs and iron to T1
relaxation. The properties of MPs in brain MRI, including their relative fraction,
exchange rate with WPs, T2, lineshape, and resonance frequency, which proves difficult
to measure as explained above, and have been less investigated in the past, are
extensively studied in the works described in this dissertation.

1 .2 Towards understanding of the T1 contrast mechanisms
As discussed in the previous section, T1 has been found to correlate with both MP
and iron. However, quantification of respective roles of MP and iron in T1 has proven
difficult. Quantification is not only confounded by the exchange between MPs and WPs
through MT, but also attributed to our limited knowledge of the properties of MPs, such
as their relative fraction in tissue and their NMR spectral properties. MP fraction
determines to what extent MPs contribute to MT and further to T1. On the other hand, MP
spectral properties define how MPs respond to an RF pulse. These complications
necessitate a simulation-based approach that uses a simplified model to represent MT in
brain tissue. The model should capture the kinetics of MT, in order to accurately establish
the contributions from relevant parameters, such as the relative fractions of MPs and WPs,
their respective intrinsic T1’s, and their MT exchange rates.
Previous studies have often assumed a simplified two-pool exchange model to
interpret MT phenomena in biological tissue (70). Even with the presence of multiple
species of 1H protons, including WPs (71,72) and MPs (40,70), this two-pool exchange
model can be used quite successfully for the quantification of MT in brain tissue. While
four-pool models have also been investigated and may provide a more accurate
15

description of the complexity of exchange processes in brain tissue, including the myelin
layers, interstitial water and axonal water (73–75), their precision is generally limited
because of the increased number of unknown parameters.
The two pool model can be schematically shown in Fig. 1.1.

Figure 1.1 Two-pool exchange model for MT. WP and MP represent water 1H
proton and macromolecular 1H proton pools respectively. R1 is the intrinsic longitudinal
relaxation rate, k is the exchange rate between the two pools; for each pool, the shaded
area represents the current longitudinal magnetization 𝑀(𝑡) and the whole square
(including the shaded and the blank areas) is the equilibrium longitudinal magnetization
𝑀(∞), as shown in Eqs. 1.2 & 1.3.
Taking into account of the exchange between the longitudinal magnetizations of
WP and MP pools, the z-components of the Bloch equations (Eq. 0.1) for the two pools
can be rewritten as:
PQ™š R
PR
PQ•š R
PR

= 𝑅&,›œ 𝑀›œ ∞ − 𝑀›œ 𝑡

− (𝑘/(1 − 𝑓))𝑀›œ 𝑡 + (𝑘/𝑓)𝑀Qœ 𝑡

( 1.2 )

= 𝑅&,Qœ 𝑀Qœ ∞ − 𝑀Qœ 𝑡

− (𝑘/𝑓)𝑀Qœ 𝑡 + (𝑘/(1 − 𝑓))𝑀›œ 𝑡

( 1.3 )

In these equations, MWP(t) and MMP(t) are the longitudinal magnetizations of the
two pools, 𝑀›œ ∞ and 𝑀Qœ ∞ are their longitudinal magnetizations at equilibrium,
R1,WP and R1,MP are their intrinsic longitudinal relaxation rates, 𝑓 = 𝑀Qœ ∞ /
(𝑀Qœ ∞ + 𝑀›œ ∞ ) is the relative fraction of MPs, and k is the MT exchange rate
constant. We further define 𝑘›Q ≡ 𝑘/(1 − 𝑓) and 𝑘Q› ≡ 𝑘/𝑓 as the MT exchange rate
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constants relative to WP and MP pool sizes respectively. f is related to kWM and kMW
through the following equation:
(1 − 𝑓)𝑘›Q = 𝑓𝑘Q›

( 1.4 )

This relation ensures that when the magnetization levels on the two pools are the
same, namely 𝑀›œ 𝑡 /(1 − 𝑓) = 𝑀Qœ 𝑡 /𝑓 , the exchange terms (last two terms) in
each of Eqs. 1.2 & 1.3 equal zero. In this case, there is no net magnetization exchange
between the two pools, in agreement with the assumption that the magnetization
exchange is driven by the difference in magnetization levels between the two pools.
Rewriting Eqs. 1.2 & 1.3 in terms of fractional saturations, 𝐹𝑆›œ 𝑡 = 1 −
𝑀›œ 𝑡 /𝑀›œ ∞ and 𝐹𝑆Qœ 𝑡 = 1 − 𝑀Qœ 𝑡 /𝑀Qœ ∞ , gives the following equations:
P”Ÿ™š R
PR
P”Ÿ•š R
PR

= −(𝑅&,›œ + 𝑘›Q )𝐹𝑆›œ 𝑡 + 𝑘›Q 𝐹𝑆Qœ 𝑡

( 1.5 )

= −(𝑅&,Qœ + 𝑘Q› )𝐹𝑆Qœ 𝑡 + 𝑘Q› 𝐹𝑆›œ 𝑡

( 1.6 )

These equations can be rewritten as:
P”Ÿ(R)
PR

= 𝑹 ∗ 𝐹𝑆(𝑡)

( 1.7 )

with:

𝑹=

𝐹𝑆 𝑡 = [𝐹𝑆›œ 𝑡 , 𝐹𝑆Qœ 𝑡 ]

( 1.8 )

−(𝑅&,›œ + 𝑘›Q )
𝑘Q›

( 1.9 )

𝑘›Q
−(𝑅&,Qœ + 𝑘Q› )

The two orthogonal modes for 𝐹𝑆 𝑡 can be found by solving for the eigenvalues,
−𝜆&,: , and the corresponding eigenvectors, 𝐴&,: , of 𝑹:
2𝜆&,: = 𝑅&,›œ + 𝑅&,Qœ + 𝑘Q› + 𝑘›Q ± (𝑅&,Qœ − 𝑅&,›œ +𝑘Q› − 𝑘›Q ): + 4𝑘Q› 𝑘›Q
( 1.10 )
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𝐴&,: =

1

(U§Y,` ]¨™• ]pY,™š )
¨™•

=

1
( 1.11 )

UpY,™š ]pY,•š U¨•™ ]¨™• ∓ (pY,•š UpY,™š ]¨•™ U¨™• )` ]ª¨•™ ¨™•
:¨™•

Here, λ1 and λ2 are fast and slow rate constants of two orthogonal modes for the fractional
saturations, which present the antiparallel and parallel modes respectively, as can be seen
from the corresponding eigenvectors 𝐴& (the two elements of vector 𝐴& have opposite
signs) and 𝐴: (the two elements of vector 𝐴: are both positive), in Eq. 1.11.
Therefore, FSWP and FSMP experience bi-exponential evolutions as follows (46–
49,76):
𝐹𝑆›œ 𝑡 = 1 −
𝐹𝑆Qœ 𝑡 = 1 −

Q•š R
Q•š «

=

Q™š R
Q™š «

= 𝑎& 𝑒 U§Y R + 𝑎: 𝑒 U§` R

-Y (U§Y ]¨™• ]pY,™š )
¨™•

𝑒 U§Y R +

( 1.12 )

-` (U§` ]¨™• ]pY,™š )
¨™•

𝑒 U§` R
( 1.13 )

𝑎&,: = ±

”Ÿ™š # pY,™š ]¨™• U§`,Y U”Ÿ•š (#)¨™•
§Y U§`

( 1.14 )

where a1 and a2 are the amplitudes of the fast and slow components, to be determined in
experiments. 𝐹𝑆›œ 0 and 𝐹𝑆Qœ 0 are the initial saturation effects created by the
preparation RF pulse on the two pools, WPs and MPs.
By monitoring longitudinal magnetization recovery of WPs following an RF pulse,
λ1, λ2, a1, a2 can be determined from fitting Eq. 1.12 to the fractional saturation of WPs
𝐹𝑆›œ 𝑡 , measured at variable delay time 𝑡. This leads to a problem of solving for 6
unknowns: FSWP(0), FSMP(0), R1,MP, R1,WP, kWM, and kMW, with only 4 equations shown in
Eqs. 1.10 & 1.14. To resolve this problem, at least two constraints need to be added to
the system of equations, and due to the invisibility of MPs in MRI, assumptions are
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usually made on FSMP(0) and R1,MP. Previous work has used simplifying assumptions of
equating FSMP(0) to either 1 (77) or 0 (35,45,50). Common assumptions for R1,MP include
taking it as 1 s-1 or the same as R1,WP (41,63,70). These assumptions are not necessarily
true and can lead to the wrong estimation of MP properties, such as underestimating MP
fraction by assuming a wrong R1,MP (11).
To obtain reliable solutions to Eqs. 1.10 & 1.14 for robust estimation of the twopool exchange model parameters, is the common starting point for all the works reported
in this dissertation. This two-pool exchange model is further extensively applied to
understand the MT between WPs and MPs under various experimental conditions, for
determination of the spectral properties of MPs.

1 .3 Outline of the dissertation.
This dissertation presents our work on quantitative understanding of the roles of
MPs and iron in the mechanisms of T1 contrast in brain MRI, and on determination of the
spectral properties of MPs in vivo, for understanding the mechanisms of other MT-related
applications, such as CEST (42) and magnetization transfer ratio (MTR) (41).
As discussed in Section 1.2, to determine two-pool exchange model parameters,
including the MP fraction, at least two assumptions have to be made. In Chapter 2, we
compare four different combinations of assumptions on values of R1,WP, R1,MP, FSMP(0),
and FSWP(0), and demonstrate methods for rapid in vivo measurement of MP fraction in
human brain.
In Chapter 3, R1,MP and FSMP(0) are estimated, based on experiments using high B1
amplitude RF pulses that almost completely saturate MPs, and are further used to
determine MP fraction and the exchanges rates between WPs and MPs. It is demonstrated
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that, the B1 amplitude of RF pulses used in this study is high enough to achieve near
complete saturation on MPs, such that this saturation effect is invariant for a broad range
of the reported T2 for MPs. Therefore, the MP fraction and their exchange rate with WPs
are measured without having to make assumptions on T2 or FSMP(0). The bi-exponential
behavior of longitudinal magnetization recovery of WPs and the contribution of MPs to
T1 through MT, are further analyzed.
With the application of the methods for quantifying MP fraction and MT kinetics
described in Chapters 2-3, the work in Chapter 4 further attempts to determine MP T2 by
measuring B1 (amplitude of the RF pulse) dependence of MP saturation effects created by
RF pulses, and compare this T2 value with Bloch equation simulation. A large range of B1
for the RF pulses (B1 ranged from 500 to 2000 Hz (1 Hz converts to 0.0235 µT) in this
study) is needed to simulate the B1 dependence of saturation effects on MPs, for robust
fitting of T2. This is enabled by performing the measurements on a marmoset brain in
vivo, in which case higher RF power deposition induced by high B1 and longer scanning
time are allowed, compared to in vivo human studies.
Our work in Chapter 5 measures the average resonance frequency and T2 of MPs in
a fixed marmoset brain ex vivo. The resonance frequency is measured by using offresonance RF pulses to saturate the MPs and WPs differentially, and then determine the
offset frequency dependence of saturation effects for both MPs and WPs, followed by
super-Lorentzian fit to MPs and Lorentzian lineshapes fit to WPs to determine their
respective resonance frequencies. MP fraction and MT kinetics are studied using methods
described in Chapters 2-3. The respective saturation effects on the MPs and WPs by the
off-resonance RF pulses are extracted based on the two-pool exchange model described
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in Section 1.2. Further, MP T2 is also measured following similar procedures to Chapter
4. Experiments are performed on a fixed marmoset brain sample, which allows for higher
power deposition than in vivo studies, such that complete saturation on MPs can be
achieved and FSMP(0) can be taken as 1.0 to simplify the fitting of the two-pool exchange
model, as discussed in Section 1.2.
While Chapter 5 dealt with measuring the resonance frequency and T2 for MPs, in
Chapter 6, comprehensive study on MP spectral properties in performed in vivo on
human brain, including determination of NMR lineshape, T2 and resonance frequency, by
using off-resonance low-power RF pulses to determine the offset frequency dependence
of MP saturation effects, created by the off-resonance RF pulses. The use of low power
for RF pulses ensures the saturation effect is linear with the intrinsic MP spectrum. The
two-pool exchange model, as described in Section 1.2, are used to account for direct
saturation effect on WPs, based on the MP fraction and exchange rates, measured using
methods described in Chapters 2-3. The measured MP spectral properties can be used as
predetermined knowledge in other applications of MT and CEST, to estimate the
response of MPs to RF pulses.
In Chapter 7, we applied the methods described in Chapter 2-3 to measure R1,WP
and correlate it with R2* as a surrogate of iron concentration, as well with putative iron
concentrations derived from previously published histological measurements (78,79).
R1,WP is found to linearly correlate with R2* and putative iron concentration respectively,
consistent with previous report (33). Importantly, R2* can be used to reliably estimate
R1,WP in iron-rich regions, to reduce the number of unknowns in Eqs. 1.10 & 1.14, and
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facilitate the extraction of other two-pool exchange model parameters, including MP
faction.
Finally, a summary of the thesis research is provided in Chapter 8.
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Chapter 2: Rapid Measurement of Brain Macromolecular Proton Fraction
with Transient Saturation Transfer MRI
As discussed in Chapter 1, the MRI-invisible MPs contribute to longitudinal
relaxation of WPs, introducing a bi-exponentiality. By monitoring the magnetization
level of WPs at variable delay times and fitting using a two-pool exchange model, the
initial signal magnitude and relaxation rate constant for each of the bi-exponential
components can be found, as described in Section 1.2. However, to further separate out
the respective contribution from WPs and MPs, six parameters including the initial
fractional saturation levels of MPs and WPs, their intrinsic longitudinal relaxation rates,
and exchange rates, have to be determined, with only four equations available. Therefore,
two parameters have to be fixed to allow for a solution. This chapter compares four
different combinations of assumed values for the unknowns and propose methods for
rapid measurement of relative fraction of MPs in vivo in human brain. This work is
adapted from our manuscript published in Magnetic Resonance in Medicine (1).

2 .1 Significance and previous attempts to quantify MP fraction in vivo
Although MRI almost exclusively measures the signal of water hydrogen protons
(WPs), a substantial fraction (‘f’) of tissue hydrogen protons resides in molecules other
than water, predominantly protein and lipid (here, for simplicity, these are categorically
indicated by “macromolecular hydrogen protons” or MPs). While MPs are generally not
directly visible because of their rapid transverse relaxation owing to restricted mobility,
they can dramatically affect the MRI signal and the apparent longitudinal and transverse
relaxation time constants (T1 and T2 respectively) through interaction with WPs.
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In human brain, a relatively high fraction of MP (f ~0.2-0.3) is found in white
matter (WM) (28,36,80–82), primarily because of its high content of myelin. Myelin,
which is important for nerve conduction, is rich in proteins and lipids, and may contain
up to 60% of MPs in white matter (35,59,83). Study of the effect of MPs on WP T1 and
T2 relaxation therefore provides an opportunity to indirectly detect myelin loss (84).
One way to study myelin loss is through T2 relaxation. In WM, T2 relaxation has
been shown to be multi-exponential, with the most rapid relaxation (shortest T2)
attributed to a pool of water trapped between the myelin layers, and strongly interacting
with MPs in these layers (84,85). The size of this pool has been shown to correlate with
brain myelin content (86). Similarly, the MPs in myelin are a strong contributor to T1
relaxation (12), and in fact it has been argued that outside the iron-rich subcortical grey
matter, f is the main determinant of T1 (28,33,87,88). Thus, changes in f related to myelin
loss may be sensitively detected by T1-weighted techniques. Nevertheless, it should be
realized that NMR relaxation processes are generally complex and that both changes in
T1 relaxation and T2 relaxation may not be specific to changes in f. A further complication
is a potential bias resulting from inter-compartmental exchange, which may lead to and
underestimation of tissue myelin content (85).
Another approach to investigate variations or changes in brain myelination is by
determining f through the classical MT experiment (89) in which radiofrequency (RF)
irradiation is used to selectively reduce (saturate) the longitudinal magnetization of MPs
and monitor the effect on the WP signal. This selectivity is based on the short T2 of MPs,
which has been found to be generally below 100 µs for proteins and lipids based on
super-Lorentzian lineshapes (35).
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To maximize the effect on WP saturation, most modern MT methods used for
studying pathological changes in f in human brain use the so called “steady state
approach”, in which the MT effect is measured after long (relative to the T1 of WP)
continuous or repeated pulsed irradiation. However, while steady state approaches allow
large saturation effects and provide good sensitivity, the loss of information about
transient aspects of the MT process complicates interpretation and quantitative
measurement of f, as the MT effects become strongly dependent of various parameters,
including irradiation specifics, T2 of the MP pool, and T1 of both WP and MP pools.
Mitigation of these issues is possible using so-called quantitative MT (qMT) techniques
(54,63,90–93), which have shown promise in detecting myelin loss in multiple sclerosis
and other neurological diseases (93–95). While rapid approaches may be possible (93),
accurate qMT techniques are generally time-consuming and require collection of several
reference datasets to mitigate confounds, such as variations in T1 and RF amplitude.
An alternative to the steady-state approach, and a potentially faster way to measure
f is to use of a “transient” MT approach which uses a single, brief irradiation pulse to
differentially affect the longitudinal magnetization (Mz) of MPs and WPs (e.g. saturation
of MP and inversion of WP magnetization) and monitors the equilibration process as a
function of delay after the MT pulse. This approach was initially implemented on NMR
spectrometers to study MT in tissue samples, and relied on direct measurement of signal
from both the short T2 MP pool and the longer T2 WP pool (47,76,96–98). Combining
this approach with a 2-pool model to fit to the MP and WP signal evolution allowed
quantification of f as well as MT exchange rates. Subsequently, a number of studies has
explored ways to use the transient MT approach to extract f without the need to detect the
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MP signal, which would make the method amendable for use on clinical MRI scanners
(44,74,91,99,100).
One of the outstanding issues with measurement of f using transient MT
approaches is the difficulty in estimating MP T1 (in the following referred to as R1,MP,
equal to the inverse of MP T1), a parameter in the 2-pool model whose value significantly
affects f. This is also an issue (possibly to a lesser extent) for steady state MT approaches,
which typically assume R1,MP to be similar to R1,WP (around 1 s-1 in white matter). It has
been pointed out however that actual values for R1,MP may be much higher, and that this
would lead to an underestimation of f (11). To address this for the transient MT approach,
we jointly analyzed MT and inversion recovery (IR) data from human brain using a 2pool model of exchange and explored the validity of a number of simplifying
assumptions. Based on this, we arrived at realistic estimates for R1,MP in human brain at 3
T and 7 T, allowing us to properly quantifying f from a transient MT experiment with a
measurement time as short as 5 minutes.

2 .2 Two-pool exchange model and MRI measurements
Our method for quantifying f is based on the notion that in most brain regions
outside the iron-rich sub-cortical grey matter (e.g. globus pallidus, caudate and red nuclei,
and substantia nigra), longitudinal WP relaxation has a dominant contribution from MT
with MP and that tissue contrast primarily results from variations in f (33). Thus, rather
than assuming R1,MP and R1,WP to be equal, as has generally been done in the analysis of
MT experiments, we allowed them to differ but assumed them to constant across the
brain. We then performed pulsed, transient MT using a highly efficient MP saturation
pulse, as well as inversion recovery (IR) to facilitate estimation of R1,MP and R1,WP. For
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this purpose MT and IR data were jointly analyzed with a 2-pool model of exchange,
during which R1,MP and R1,WP values were determined that led to realistic values of MP
saturation and allowed estimation of f. Additionally, we evaluated the feasibility of
estimating f from MT data only by introducing additional constraints.
MRI Scanning
Experiments were performed on 3 T and 7 T Siemens MRI scanners (Erlangen,
Germany; Skyra and Magnetom platforms respectively). Eleven subjects (6 female, ages
19-60, average 30) were scanned at both field strengths under an IRB-approved protocol
to investigate the robustness in determining 𝑓. On 5 subjects at the 3 T only, a second
scan was performed to assess test-retest reproducibility.

Figure 2.1 Image acquisition for the pulsed transient MT experiment. Five image
slices are acquired at incrementally increasing delay times t after an MT pulse. By
shifting the order of the slices in subsequent repetitions, all five delay times are sampled
for each slice location.
Our transient MT experiment (Fig. 2.1) used a brief, T2-selective composite RF
saturation pulse (33,35,36) to saturate MP, after which multiple image slices at variable
delay t were acquired with EPI. We first determined the appropriate RF pulse (in the
following called “MT pulse”) parameters to achieve optimal saturation characteristics,
and then studied the feasibility to robustly extract f using a two-pool model of exchange.
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The composite, phase modulated MT pulse had a constant B1 amplitude of 19.6 µT
and consisted of 17 sub-pulses of with nominal flip angles of 60o, -120 o,120 o,-120 o …, 120 o, 60 o. Its duration of 6 ms was sufficient to achieve a near optimal (about 90% of
maximum, see below) saturation of MP, as judged from the delayed effect on the WP
signal. This was based on initial experiments (n=6) that measured dependence of the
saturation effect on increasing the MT pulse duration from 6 up to 11 ms (by adding -120
o

,120 o pulse segments). Numerical simulation of the effects of the 6 ms pulse (based on

the Bloch equations), shown in Fig. 2.2, confirmed the efficient saturation of MPs
assuming a Lorentzian lineshape with T2 in the range of 20-400 µs. This range roughly
covers the range of values reported in literature (35,58,59). A Lorentzian line shape was
used in order to allow simulations using the time domain Bloch equations. In terms of the
saturation effect of our MT pulse, the applied Lorentzian T2 range is roughly equivalent
to the T2 range of 5-20 µs reported for super-Lorentzian MP lineshapes
(40,54,60,63,70,101,102). At the same time, the pulse had an only minor (<10%) effect
on T2 species > 20 ms (WPs), as long as it was applied close enough (<500Hz) to
resonance (Fig. 2.2). A simulation of the MP saturation as function of B1 amplitude for a
range of T2 values in shown in Fig. 2.3a, demonstrating that MP saturation is nearly
complete for the expected range of T2 and B1 values. At high B1 amplitude, only minimal
sensitivity of the saturation level to variations in B1 amplitude is observed. This is further
illustrated with the experimental data shown in Fig. 2.3b, confirming uniform MP
saturation at high B1.
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Figure 2.2 Mz after a 6 ms composite MT pulse, as function of T2 and frequency
offset (∆B0), based on simulation of the Bloch equations. The MT pulse effectively
saturates spins with a T2 in the range from 20 to 400 µs at all offset frequencies (for a
Lorentzian lineshape). Long T2 spins suffer only a small perturbation on resonance (< 5%
for T2 > 36 ms), with a larger effect for frequencies > 500 Hz.
The order of the five EPI slices acquired sequentially after each repetition of the
MT pulse (Fig. 2.1) was cycled to allow time-efficient collection of the five delay times
(103). Delay (t) values of 7, 69, 135, 255 and 597 ms were chosen to cover most of the
saturation dynamics. EPI scan parameters were: echo spacing 0.77 ms, bandwidth 250
kHz, 45% ramp-sampling, matrix size 144x108, FOV 240x180 mm2, SENSE rate 2, 2
mm slice thickness, 5.4 mm slice spacing (center to center), TE 30 ms (3 T) and 24 ms (7
T), TR = 3 s. The slice spacing was chosen relatively large to reduce potential MT effects
of the excitation pulses (Fig. 2.9). Artifacts from scalp lipids were suppressed by
acquiring every other repetition with a shifted EPI echo train (1.15 ms and 0.48 ms at 3 T
and 7 T respectively), which resulted in a phase-inverted lipid signal. Addition of the two
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repetitions allowed elimination of this lipid signal, assuming the T2 is small compared to
the applied shift in echo time. Twenty scan repetitions were performed at each slice
location, taking a total scan time of 5 minutes. Four of the 20 repetitions were acquired
without MT pulse to serve as reference signal.
IR scans were performed by replacing the MT pulse with a hyperbolic-secant
inversion pulse (5.12 ms, 19.6 µT maximum B1 amplitude, 830 Hz maximum frequency
modulation, β = 1400 s-1 (104) with an adjustment of the amplitude to start at zero B1).
Delay times t (also called inversion times (TIs)) of 6, 69, 135, 282 and 1197 ms were
used. The TR for these scans was 4 s, the number of repetitions was 18 for 3 T and 22 for
7 T. Again, four of the repetitions were acquired without inversion pulse to serve as
reference signal to calculate the fractional saturation resulting from the MT (or IR) pulse.

Figure 2.3 Robustness of transient MT approach to variations in B1. A) Simulated
MP saturation levels (FSMP(0)) after a 6 ms MT pulse for (Lorentzian) MP T2 values of
20, 32, 48, 72 and 109 µs. The curves for T2’s up to 400 µs fall between the 32 and 109
µs lines. The dashed line represents the nominal (brain-averaged) B1 of 833 Hz used in
the experiments. The plots show that MP magnetization is effectively saturated for a
range of B1 and T2 values, reducing the sensitivity of the experiments to variations in B1
amplitude. B) Experimental (7 T) demonstration of B1 dependence of MP saturation.
FSMP(0) was calculated with approach 1 from data at actual (833 Hz) B1 and a strongly
reduced (277 Hz) B1. Incomplete MP saturation is only seen at strongly reduced B1, in
particular towards the edges of the brain where B1 is lowest. The images were normalized
to level in the SCC.
Two-pool exchange model
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The extraction of f and other model parameters was based on fitting the delaydependent signal to a two-pool model of MT (43,47,76,105). The same model was used
for both preparation pulses (MT and IR pulses) albeit with different initial magnetization
levels for the MP and WP pools. The calculations were based on the fractional saturation
FS derived from the MT weighted signal S measured at delay t and reference signal 𝑆®¯° :

FSWP (𝑡) =

Ÿ´µ¶ UŸ(R)
Ÿ´µ¶

. For both WP and MP, FS(t) can be written as the sum of 2

exponentials (47):

FSWP (𝑡) = 𝑎𝑒 U§Y R + 𝑏𝑒 U§` R
FSMP (𝑡) = 𝑎 1 −
with:
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2𝜆&,:
= R&,¼½ + R&,¾½ + 𝑘¾¼ /(1 − 𝑓)
:
± (R&,¾½ − R&,¼½ ): + 2 R&,¾½ − R&,¼½ 𝑘¾¼ (1 − 2𝑓)/(1 − 𝑓) + 𝑘¾¼
/(1 − 𝑓):

( 2.3 )
In these equations, R1,MP, R1,WP are the longitudinal relaxation rates of both pools in
the absence of exchange; kMW and kWM refer to the rates of change in FSMP and FSWP due
to MT. These rates are the volume-fraction normalized equivalent of the often used crossrelaxation rate constant k, i.e. kMW = k/f, and kWM = k/(1-f) (see e.g ref. (74)).
Both MT and IR data can be analyzed by this model, and Eq. 2.1 will fit with the
same exponential rate constants (𝜆& and 𝜆: ) but with different coefficients (a and b).
After determining a, b, 𝜆& and 𝜆: from fitting of Eq. 2.1 to the experimental data, one can
proceed with solving for kMW, f, R1,MP and R1,WP using Eq. 2.3, and the initial saturation
levels FSWP(0) and FSMP(0) from Eqs. 2.1 and 2.2. This requires two additional pieces of
information, as we have only four equations for 6 unknowns.
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To solve this problem, and to investigate the possibility of omitting some of the
data from the analysis in order to shorten the measurement protocol, four analysis
approaches with different simplifying assumptions were evaluated. Briefly, four different
combinations of parameters were fixed to (field specific) values common to all brain
voxels: 1) R1,MP and R1,WP; 2) R1,MP and FSMP(0); 3) R1,MP, R1,WP and FSMP(0); 4) R1,MP,
R1,WP, FSMP(0) and FSWP(0). The extracted values for kMW and f were then compared
between the four approaches, as well as their consistency across field strengths.
Global, fixed values for R1,MP and R1,WP under approach 1 were estimated from
joint analysis of MT and IR data. Fixing R1,MP and R1,WP was motivated by a previously
proposed model of T1 relaxation, in which MT between WP and MP is the dominant
source of T1 contrast (28,33,87,88). This model has been shown to accurately describe T1
relaxation in most brain regions, perhaps with exception of iron-rich grey matter areas
(e.g. globus pallidus, caudate and red nuclei, substantia nigra) (13). To estimate R1,MP and
R1,WP, first the MT and IR data were fitted jointly in every voxel with Eq. 2.1, resulting in
one set of rate constants (𝜆& and 𝜆: ) and two sets of amplitudes (a and b) for every voxel.
Then R1,MP and R1,WP were varied to obtain reasonable values FSMP(0) values for both the
MT and IR data. That is, for each combination of R1,MP and R1,WP values (within a
realistic range), FSMP(0) for both the MT and IR experiments were calculated (together
with corresponding values 𝑘¾¼ and f ) in each voxel and the number of voxels with
permissible values was used as a criterion to select R1,MP and R1,WP that best described the
data. The permissible range was set as follows: FSMP(0) for both IR and MT experiments
could not exceed 1.0 (i.e. complete saturation), while the value for IR data should be
between 0.7 and 1.0 times that for MT (that is, the MP saturation after the inversion pulse
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is somewhere between 70 and 100% of the saturation after the MT pulse). The data from
all subjects was combined for this analysis, resulting in one global R1,MP and one global
R1,WP value for each field strength.
Under approach 2, we used the fixed value for R1,MP found with approach 1, and as
well as a fixed value for the FSMP(0) for the MT experiment. Again, as in approach 1, one
set of rate constants (𝜆& and 𝜆: ) and two sets of amplitudes (a and b) extracted from the
MT and IR data were used. The motivation of this approach was to evaluate the variation
in R1,WP, based on the notion that variation in FSMP(0) for the MT experiment was
constrained within a rather restricted range (between about 0.8 and 1.0, judged from
simulations (see above) and experiments (see RESULTS, first paragraph).
Under approach 3, fixing both R1,MP and R1,WP, as well as FSMP(0) allowed
omission of the IR data from the analysis. Now, only the MT data was fitted with Eq. 2.1,
which represented only three degrees of freedom due to the dependence introduced
between a, b, λ1 and λ2 by fixing the three parameters.
Finally, under approach 4, fixing a fourth parameter (FSWP(0)) obviated the need
for measuring Sref and reduced the 4 parameter model represented in Eq. 2.1 to a 3
parameter model:
𝑆(𝑡) = 𝑆# ( 1 − (𝑎𝑒 U§Y R + 𝑏𝑒 U§` R ))

( 2.4 )

where 𝑆# is a scaling factor for the signal level, 𝜆& and 𝜆: are defined as above, and
two amplitudes a and b are now constants derived from the fixed average saturation
levels of the two pools at t = 0 (FSWP(0) and FSMP(0)). From the fitted parameters 𝑆# , 𝜆&
and 𝜆: , both f and kMW can be derived when applying Eq. 2.3 with fixed values for R1,MP
and R1,WP .
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All fitting was performed on both a pixel-by-pixel basis and on the average signal
in four region of interest (ROI): in white matter of the splenium of the corpus callosum
(SCC), in grey matter in the globus pallidus (GP), the putamen (Put) and the head of the
caudate nucleus (NC). The ROIs were manually selected directly on the EPI images using
both the implicit T2* contrast and the T1 contrast from the IR data. The SCC-ROI
encompassed 33-86 voxels (average 61), the GP-ROI size was 18-110 (67), the Put-ROI
86-245 (150) and the NC-ROI 73-143 (103). Fitting was based on a simple and robust
iterative grid search and refinement of the non-linear parameters to be optimized, in
combination with linear least squares (LLS) optimization for the linear parameters (either
𝑎, 𝑏 or 𝑆# ) (106). That is, for each choice of non-linear parameters, the linear parameters
(amplitude factors) were estimated using LLS, and the residual was calculated. For each
iteration, all combinations of parameters were tested in a search grid centered on the
initial values. After selection of the best set (the one with the lowest residual), the step
size was reduced to refine the search grid and next iteration was started using the current
best fit as initial values. During joint fitting of MT and IR data, a single set of decay rates
was used ( 𝜆& and 𝜆: ) while the amplitudes ( 𝑎, 𝑏 ) were allowed to be different to
accommodate for the different saturation levels resulting from the MT and IR pulse. For
both field strengths, average and standard deviation (SD) of the resulting parameter
values was calculated. Results obtained from the ROI analysis were reported as averages
and standard deviation over subjects. To investigate a potential bias related to magnetic
field strength, differences of the results on the same subjects at the two field strengths
were calculated for the SCC. The averages of the differences show a potential field
related bias, while the SD of the differences reflects variability excluding inter subject
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variations. Approach 1 was only used to analyze data from white matter, as the grey
matter ROIs are known to be high in iron and as a result have an R1,WP substantially
different from the global average. For the fixed R1,WP needed for approaches 3 and 4, the
average over subjects of the values fitted in approach 2 were used instead.
To estimate the precision (reproducibility) of the fitted parameters under influence
of noise in the input data, simulated noise was incrementally added to 3 T and 7 T model
curves, based on the average parameters found for the SCC. The resulting simulated data
were fitted for each noise realization and the SD of the extracted f and kMW values were
determined. The sensitivity of the fitted parameters to the variations in R1,MP and FSMP(0)
is shown in Fig. 2.10. The plots were derived by recalculating the fitted parameters for a
range of values for R1,MP and FSMP(0).
Image reconstruction and pre-processing
All image analysis was performed off-line using in-house IDL (Harris Geospatial
Solutions, Boulder, CO, USA) based software and C code. The SENSE unfolding matrix,
required for image reconstruction, was calculated from (multi–echo) GRE reference data
acquired at the same slice position and resolution as the EPI data. This reference data
were also used to derive field maps to calculate the geometric distortion corrections for
the EPI. All resulting images in each scan session were spatially registered to the first
volume to correct for in-plane motion. Through-plane motion was not corrected, as this
proved difficult with the limited number of slices and large inter-slice gaps. Image
registration included a fixed contrast adjustment to allow registration between reference,
IR and MT data.
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The addition of TE-shifted and non-shifted images for scalp lipid suppression was
performed after calculating signal magnitude from the complex valued data; this proved
sufficient and reduced problems with phase instabilities occasionally encountered at 7 T.
However, for the IR scans, images acquired at the longest delay t required complex
addition, due to the sign inversion of the longitudinal magnetization in some tissues. In
this case, occasional manual phase adjustment was necessary. For earlier TIs, data were
combined in magnitude mode and inverted (to reflect the negative polarity of the
magnetization).
For both MT and reference data, signals were averaged over repetitions. In
addition, for the reference signal (i.e. signal without inversion or MT), further averaging
was performed over the acquisition with the different delay times to further improve
image signal-to-noise ratio (SNR). Prior to multi-parametric fitting, voxels with a
reference signal below 5% were eliminated, and signal intensities (S(t)) were converted to
fractional saturation levels according to FSWP (𝑡) =

Ÿ´µ¶ UŸ(R)
Ÿ´µ¶

. With this normalization,

MT and IR signals decay from 1 to 0 and 2 to 0 with increasing delay t respectively.

2 .3 Comparison of 4 different assumptions for model parameters extraction
At both 3 T and 7 T, saturation of MP with a single, 6 ms MT pulse led to a delay
dependent reduction in WP signal. As expected, this reduction was strongest in white
matter and reached a maximum of around 15-20% at a delay between 150 and 250 ms
(see Figs. 2.4, 2.5). Fig. 2.4 shows the averages and SD of FSWP(t) obtained for SCC at
the two field strengths. The plots show high reproducibility over subjects, and
furthermore indicate that the MT effect is more pronounced at 7 T. This is attributed to
the slower T1-relaxation at high field. Fig. 2.5 shows the difference in saturation level
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between t = 7 ms and t = 255 ms, providing a model-free measure indicative of the MP
fraction in human brain. Comparison of the fractional saturation levels (FSWP(0) in
equations above) at t = 255 ms between the 6 ms and the 11 ms MT pulse (n=6)
suggested effective saturation of macromolecular protons for the 6 ms pulse (FSMP(0) =
0.88 ±0.03 and 0.93 ±0.02 at 3 T and 7 T respectively, this assumed FSMP(0) = 1.0 for the
11 ms pulse). These values were subsequently used for the extraction of kMW and f with
fitting approaches 2-4 (see Section 2.2).

Figure 2.4 Fractional saturation of water protons (FSWP) at delay time t after MT
pulse, for both 3 T and 7 T experiments. FSWP was averaged over ROI’s in the splenium
of the corpus callosum; error bars reflect the SD over subjects (n=11). Solid lines
represent 2-pool model fit with subject-averaged parameters.

Figure 2.5 Fractional MT-related signal change DS (at 7 T) calculated from signal
difference between images acquired at t = 7 ms and t = 258 ms ( ∆𝑆 =
Ÿ R5678 UŸ(R5:;<78)
).
Ÿ(R5678)
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Conjoint fitting of the IR and MT data using fitting approach 1 and 2 consistently
produced maps of the four fitted parameters a, b, 𝜆& and 𝜆: as exemplified in Fig. 2.6.
Estimation of appropriate R1,MP and R1,WP values common to all brain voxels with
approach 1 resulted in estimates of 4.0 s-1 and 2.05 s-1 for R1,MP 3 T and 7 T, and 0.40 s-1
and 0.35 s-1 for R1,WP at 3 T and 7 T. These were the values used for approaches 3 and 4.
At these values, the brain distribution of FSWP(0) derived from approach 1 (Fig. 2.7)
showed minimal variation at both field strengths, with values ranging between 0.8 and
1.0, confirming the validity of fixing this parameter in approaches 3 and 4. Similarly,
R1,WP (derived from approach 2) was rather uniform across the brain (Fig. 2.7), with
exception of the subcortical grey matter regions.

Figure 2.6 Single slice example of fitted parameters of the 2-pool model (Eq. 2.1)
for 7 T data.
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Figure 2.7 Variation in FSMP(0) and R1,WP over the brain, deduced with analysis
approaches 1 and 2 respectively.

Figure 2.8 MP fraction f and exchange rate constant kMW extracted with the four
analysis approaches for 3 T and 7 T.
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Figure 2.9 Simulation of effects of the slice excitation pulse on the MP saturation in
neighboring slices as function of T2. Considered are the four equally spaced slice
excitations one to four slices removed from the measurement slice (Δ=1 to 4). A small
but significant effect is seen that is strongest in the nearest slice and diminishes quickly
with increasing separation. The slices had a 5.4 mm center-to-center spacing, and a 2 mm
thickness, resulting in 3.7 kHz frequency offset between slices. Some flexibility exists in
minimizing these effects by judicially choosing slice selection parameters; in addition,
since the same saturation effects are present in the reference scans without MT pulses, to
first order approximation the small additional saturation from the excitation pulses will
cancel out.
All approaches allowed reliable extraction of 𝑓and kMW in most brain regions (Fig.
2.8, Table 2.1). Values for f were in the range of 5-30% across the brain, and in the range
of 20-30% in white matter. Exchange rate constant kMW varied in the range of 4-12 s-1.
Similar values for f were found between 3 T and 7 T, whereas values for kMW were
somewhat (5-20%) lower at 7 T (Table 2.1). Fit residuals (Table 2.1) indicate a somewhat
more robust fit at 7 T; this is attributed to the lower R1,MP and consequently a larger
available MT signal at the higher field strength. The average values for the WP exchange
rate kWM were 2.3 s-1 (3 T) and 1.9 s-1 (7 T). The SDs of the differences were similar to
SDs of the data acquired at each field, suggesting the inter-subject variability is small
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compared to the measurement induced SD and so these SDs are dominated by the
reproducibility of the experiments. The observed differences between field strengths are
not significant given the SDs of the data, with exception of the values for f and kMW in
approach 1. Analysis results of the grey matter ROIs are reported in Table 2.2. The R1,WP
values for these regions resulting from analysis approach 2 are given in Table 2.3. Slice
coverage in one subject did not allow creation of a GP ROI and this data was therefore
not included in this part of the study. The average kMW values in grey matter were higher
than the value found in SCC white matter. However, it should be realized that the SD of
the grey matter kMW values was relatively high (up to 20%), and kMW values themselves
were not consistent between field strengths, suggesting they should be interpreted with
caution.
The test-retest results (repeated scans at 3 T, n=5) indicated a 0.5% error for the
ROI average 𝑓 values in SCC, and a 5% error for the corresponding kMW values at 3 T.
Voxel-by-voxel test-retest analysis showed the error in 𝑓 and kMW in white matter to be
around 0.015 and 1.1 s-1 respectively equivalent to 6% and 18% errors. The signal to
noise ratio (SNR) in the (baseline) images was in the range of 200-400 at 7 T and 100250 for 3 T. The image stability, based on the average variance in the SCC ROI over the
repetitions within one scan series, was 2.9 (±0.4)% at 3 T and 1.7 (±0.4)% at 7 T.
Omission of the IR data from approaches 1 and 2 strongly affected the fitting procedure,
resulting in poor convergence and widely varying values for f and kMW. This was not the
case for approaches 3 and 4, in which the fixing of additional parameters improved fitting
stability, and which led to similar results as approaches 1 and 2 (Fig. 2.8 and Table 2.1).
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This indicates that IR data can be omitted from the analysis when fixing R1,WP and
FSMP(0) to values common to all brain pixels.
Table 2.1 Comparison of the four fitting approaches based on the 2-pool model,
progressively fixing more parameters. Averages (Av) and SD (n=11) are shown for f and
kMW for the SCC ROI, together with fit residue. The SD of the differences the 3 and 7 T
data (diff) is an indication of the intra-subject reproducibility, the residue is reflects the
fitting of the 2-pool model, which is the same for approaches 1 and 2 (both contain only 2
assumptions and therefore the same free fit of Eq. 2.1 to the data).

𝑓

kMW
[s-1]

Approach 1:

Approach 2:

Approach 3:

Approach 4:

Fixed R1,MP, R1,WP

Fixed R1,MP, FSMP(0)

+ fixed R1,WP

+ fixed FSWP(0)

Av

SD

Av

SD

Av

SD

Av

SD

3T

0.262

0.012

0.274

0.014

0.287

0.021

0.282

0.022

7T

0.293

0.010

0.273

0.012

0.267

0.013

0.266

0.013

diff

-0.031

0.008

0.002

0.015

0.020

0.022

0.016

0.023

3T

6.11

0.56

6.04

0.54

5.41

0.57

5.55

0.63

7T

5.01

0.29

5.13

0.32

5.30

0.45

5.30

0.46

diff

1.09

0.66

0.91

0.68

0.12

0.75

0.25

0.81

Residue
3T

1.7E-5

2.0E-5

1.8E-5

7T

0.6E-5

0.5E-5

0.5E-5

The estimated precision (the variability due to measurement noise) of the various
fitting results is shown in Table 2.4 for an input SNR (i.e. input to the fitting program) of
500. This estimate was derived from the stability of the SCC-ROI averaged signals over
repetitions, in combination with the effects of averaging over time and dividing by the
reference data. It was found that fitting errors simply scale (inversely) with SNR. The
test-retest errors for f and kMW were consistent with the numbers shown in the Table 2.4.
The simulation shows that in spite of the high input SNR, the precision of kMW is limited,
and the results need to be interpreted with some care.
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Table 2.2 Results of three grey matter ROIs: Globus Pallidus (GP), Putamen (Put)
and Head of the Caudate Nucleus (NC), shown as the average and SD over 10 subjects.
The R1,WP used in approaches 3 and 4 was taken from the result of approach 2, as use of
the global value for R1,WP is not suitable for these iron-rich regions.

f

B0

ROI

Approach 2:
Fixed R1,MP, FSMP(0)
Av
SD

Approach 3:
+ fixed R1,WP
Av
SD

Approach 4:
+ fixed FSWP(0)
Av
SD

3

GP

0.172

0.010

0.176

0.012

0.172

0.013

Put

0.124

0.009

0.125

0.010

0.122

0.010

NC

0.113

0.005

0.113

0.006

0.111

0.008

GP

0.181

0.013

0.185

0.015

0.182

0.015

Put

0.122

0.014

0.126

0.017

0.124

0.016

NC

0.114

0.011

0.116

0.015

0.114

0.013

GP

9.3

1.9

8.3

1.7

8.6

1.2

Put

10.2

1.3

9.8

1.3

9.9

1.2

NC

10.4

1.6

9.8

1.6

9.9

0.7

GP

7.1

1.3

6.3

1.3

6.4

1.2

Put

8.9

1.3

7.6

1.5

7.7

1.6

NC

8.4

1.3

7.8

1.7

7.9

1.7

7

-1

kMW [s ]

3

7

2 .4 Discussion and comparison with previous measurements of MP fraction
The experiments described in this work indicate the feasibility to measure the
macromolecular proton (MP) fraction in human brain in scan times as short as 5 minutes.
The measurement approach is based in instantaneous MP saturation, and analyzing the
transfer of this saturation to WP as function of delay after the MT pulse using a 2-pool
model of magnetization exchange.
The feasibility of this approach relies on the high (~90%) saturation efficiency of
the composite MT pulse, as well as several simplifying assumptions, including the notion
that R1 relaxivity in human brain white matter is linearly dependent on MP fraction.
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Strongly saturating MP while minimally (~10%) saturating WP is difficult to
achieve with conventional MT approaches that use continuous off-resonance RF
irradiation. A major advantage of the strong MP saturation achieved here is an excellent
sensitivity in extracting f, owing to the large MT effect. In addition, strongly saturating
MP reduces sensitivity to B1 inhomogeneities as confirmed with simulations and
experiments (Fig. 2.3). This property enabled reliable extraction of f, even at 7 T where
B1 inhomogeneity is substantial. In contrast, poorly designed MT pulses may show
reduced saturation in areas with low B1, which, if not accounted for, will cause f to be
underestimated.
Another advantage of the type of MT pulse used here is its minimal affect on WP,
by virtue of their long T2 WP, even in the presence of off-resonance effects due to B0
inhomogeneities. Sensitivity to the latter can be adjusted by changing the number of subpulses, while keeping pulse duration constant. The overall pulse energy (time integral of
B1 amplitude squared) determines the T2 value below which MPs are fully saturated,
while the combination of B1 amplitude and number of sub-pulses determines the T2
values above which WP magnetization is left untouched. Within the limits of the scanner
hardware and allowable tissue heating, this gives sufficient flexibility to efficiently
implement the pulsed MT approach at both 3 T and 7 T.
Quantifying f and kMW with the 2-pool model fitting approach required simplifying
assumptions which, in this study, involved fixing two or more parameters to values
common to all brain voxels and all subjects (n=11). These parameters included R1,MP,
R1,WP and the saturation levels of MP and WP resulting for the direct effect of the MT
pulse. Similar values for f and kMW were obtained for different sets of parameter
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combinations, and the similarity of the results between 3 T and 7 T supported the validity
of this approach. Importantly, fixing 3 or more parameters (approaches 3 and 4, see
METHODS) obviated the need for inclusion of IR data in the fitting process, reducing the
measurement time to only 5 minutes. The use of four fixed parameters (approach 4)
allows further scan time reduction as it removes the necessity of acquiring a reference
scan without MT pulse.
The excellent precision of the MP-pool fraction estimate, as determined from
simulations and the test-retest results, demonstrates the sensitivity of the proposed
transient MT approach. This is further supported by the small SD over subjects of the
difference of the measurements at 7 T and 3 T. The short, 5-minute scan time compares
favorably to the more traditional steady-state qMT methods, which generally require
longer scan times and may be difficult to perform at high field (7 T and above) due to the
significant RF power deposition associated by conventional saturation approaches. In
addition, in contrast to steady-state MT approaches, the transient MT approach proposed
here is minimally sensitive to variations in R1,WP, therefore obviating the need for
additional IR experiments. This is because of the assumed relationship between f and 𝜆: ,
and the relative low saturation level of WP resulting from the pulsed saturation.
Although resulting in a less direct measurement of f, the proposed method may be more
practical than approaches based on direct detection of MP signal at very short TE
(35,59,107,108), which suffer from limited sensitivity and are technically challenging.
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Figure 2.10 Simulated dependence of the extracted parameters (approach 2) on
values assumed for R1,MP and FSMP(0), based on experimentally derived values for a, b,
𝜆& and 𝜆: (Eq. 2.1). The dashed lines are for 3 T data, the solid lines for 7 T. Actual
(experimental) values were: R1,MP= 4.0 s-1 , FSMP(0)=0.88 for 3 T and R1,MP= 2.05 s-1,
FSMP(0)=0.93 for 7 T.
The white matter MP fractions reported here (f~15-25%) are substantially larger
than the range of 9-16% found previously with quantitative MT methods
(40,63,90,93,94,109). This may in part relate to methodological differences, for example
the efficiency of the MT pulses used to saturate MP between the different methods.
Nevertheless, our values seem reasonable considering the water content of white matter,
which has been reported to be around 70% (28,36,80–82). Since the proton density of the
30% non-water fraction is at least similar to that of water (e.g. proton density of myelin is
35% higher than that of water (59), while in proteins it may be somewhat lower than in
water), one would expect that the MP fraction in white matter to not be far below 30%.
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This of course assumes that all of the saturated MPs participate in the MT process. As in
white matter, the grey matter MP fractions found here are somewhat higher than
estimates from qMT measurements: 8-9% for GP, 7% for Put, and 5.3-6.7 % for NC
(63,90,110). On the other hand, the kWM are similar to literature values (1.4-2 s-1) (19).
Compared to estimates based on the non-water content of tissue (23-26% for GP, 18-21%
for Put and 17-19% for NC (28,36,80–82)), our MT-based estimates are somewhat low
but not entirely unreasonable given the uncertainty in grey matter 1H content.
In addition to differences in MP saturation levels, a reason for the relatively high
values of f reported here as compared to much of the MT literature may be differences in
assumed values for R1,MP. Previous MT studies have generally assumed R1 to be similar
between MP and WP (e.g. around 1 s-1 at 1.5 T), and it has been pointed out that this
value may be too low and lead to under-estimation of 𝑓 (34). In the current work much
higher values of 3.8 s-1 and 2 s-1 were estimated for R1,MP at 3 T and 7 T respectively,
based on fitting of the 2-pool model to the MT and IR data. Since much of the R1
relaxivity of WM is thought to originate from exchange with MP (12,33,88), such high
values for R1,MP are not unexpected. A further indication that R1,MP may previously have
been underestimated comes from the observation that fixing R1,MP to 1 s-1 during the
fitting procedure indeed led to lower values of f: reductions of about 20% and 10% were
estimated at 3 T and 7 T respectively (Fig. 2.10). However, under this condition, the fits
led to inconsistent values for k and f between the two field strengths.
The finding of R&,¾½ being substantially higher than R1,WP is consistent with earlier
analysis of the relationship between apparent R1 and f based on of large collection of
MRI brain data (33).

Further support for a relatively high R1,MP comes from
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measurements on membrane lipids in model systems, which have found values ranging
from 1.6 s-1 to 4.6 s-1 for R1,MP

at fields ranging from 8 to 1.4 T (37,56,111).

Nevertheless, it should be realized that R1,MP is difficult to measure directly and
dependent on experimental conditions (e.g. temperature). Thus, the precise value of R1,MP
remains uncertain and likely is not uniform across and within molecular species: for
example it may vary substantially between different lipids.
Table 2.3 The average and SD over ten subjects of the R1,WP values for the 3 grey
matter ROIs following from approach 2 as used in approaches 3 and 4.
B0

ROI

3

GP
Put
NC
GP
Put
NC

7

R1,WP [s-1]
Av
0.505
0.466
0.449
0.448
0.444
0.426

SD
0.035
0.018
0.016
0.032
0.018
0.021

Table 2.4 Estimated precision for f and kMW for an (ROI-) SNR of 500 (for both
saturation and reference scans), based on fitting of model data with simulated noise; the
model data was based on average values found for f and kMW in the SCC (Table 2.1).
The relative precision is given in parenthesis.

𝑓

𝑘Qœ [s-1]

Approach 1,2:

Approach 3:

Approach 4:

Fixed R1,MP, FSMP(0)

+ fixed R1,WP

+ fixed FSWP(0)

3T

0.0081 (3%)

0.011 (4%)

0.0084 (3%)

7T

0.0054 (2%)

0.0064 (2.5%)

0.0054 (2%)

3T

0.32 (6%)

0.39 (7%)

0.25(5%)

7T

0.22 (4%)

0.26 (5%)

0.17 (3%)

In order to be able to estimate kMW and f without the use of IR data, we assumed
R1,WP to be constant over the brain. This was motivated by the notion that much of T1
relaxation in brain tissue is mediated by MT between MP and WP. Nevertheless, there
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are other contributions to T1 relaxation, most notably those from paramagnetic substances
such as iron. In fact, in regions richest in iron such as the basal ganglia (concentration up
to 0.2 mg/g (79)), R1,WP may increase by as much as 0.15 s-1 at 7 T (33). This was also
observed in the results of analysis approach 2, in which R1,WP was allowed to vary (Fig.
2.6). Failure to take this into account will affect the values of kMW and f: simulations
indicate that it will bias their estimates by about 15% (data not shown). Thus, accurate
determination of kMW and f throughout all of the brain may require collection of
additional data (e.g. T2*-weighted MRI (112)) from which the local concentration of iron
can be inferred, and then used to adjust R1,WP. Alternatively, R1,WP can be estimated using
joint analysis of IR and MT data, as was done here with analysis approach 2. The
resulting R1,WP values were indeed higher than the global values, consistent with the
effect of iron on R1 relaxivity (33).
The values for exchange rates kMW and kWM found here are somewhat lower than
those reported in literature. For example, the value of ~2 s-1 for here for kWM found here
is somewhat below the range of 2.5-3.9 from previous studies (90,109,113). Again (as
with f), a potential source for this discrepancy is the value used for R1,MP which we
estimated higher than assumed previously. It is also interesting to compare the exchange
rates found here with those from fitting of transient MT data to a 4-pool model in a
previous study (74). This study reported on cross-relaxation time constants TCR, a
measure of exchange rates defined by TCR= kMW

-1

+ kWM-1. In SCC, TCR representing

exchange between MP in myelin to WP outside the myelin sheath (i.e. the water visible
in our study) was reported to be at least 1280 ms and limited by exchange between water
compartments within and outside the myelin sheath (74). A similar calculation based on a
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3-pool exchange model for rat optic nerve data yields a TCR of 890 ms (85). These values
compare to a value of about 600 ms calculated from Table 2.1. Thus, while our exchange
rates appear somewhat slower than reported in previous MT studies, they are higher than
those suggested by cross-relaxation studies that take into account a myelin water
compartment. Due to the short T2* of myelin water, our measurements were dominated by
signal from axonal and interstitial water, and therefore could not account for the effect of
inter-compartmental water exchange on kWM.
Although the fitting results suggest that both kMW and f can be robustly estimated
with the proposed method, there are several factors that can affect the accuracy of the
estimated values. We will discuss a few of them, realizing that our list may be
incomplete.
First, it is possible that a sizeable fraction of MP is incompletely saturated, which
would lead to a commensurate underestimation of f. If not properly taken into account,
this can bias 𝑓 and therefore also 𝑘¾¼ . From experiments with varying MT pulse
durations, in particular the comparison of the 6 ms saturation to the 11 ms pulse, it is
apparent that the longer pulse is only 10% more effective, suggesting these pulses
saturate the MP-pool nearly completely (if not, dependence on pulse duration should be
stronger). This notion of nearly complete saturation with the 6 ms pulse is only valid for
MP with T2 < 400 µs, i.e. those that are relatively immobile; protons on freely rotating
end-groups of larger molecules are not included in the measured MP-fraction as they are
not efficiently saturated by the MT pulse. Fortunately, such mobile protons form only a
small fraction of the total MP pool, and will therefore not substantially affect the estimate
of f.
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Secondly, a small error is introduced due of the incomplete signal recovery
associated with the finite TR in our experiments. The TR of 3 s for the MT experiment
was substantially longer than the effective T1 in tissue, but not sufficiently long to ignore
incomplete signal recovery: ideally this should be incorporated in the analysis model.
Fortunately, because this issue affects both the MT and the reference data, simulations
indicated that associated errors were small, i.e. lower than 2% for f and 7% for kWM and
kMW,. Nevertheless, when using the proposed method with a shorter TR to increase time
efficiency, it may become necessary to account for incomplete signal recovery effects in
the model equations.
Third, the precision of the exchange rates kMW and kWM estimate depends on the
available signal differences and therefore on the size of the MP-pool. If the MP-pool
fraction f is low, the precisions of kMW and kWM will be low too. This effect and possibly
partial volume effects with CSF explain the brighter pixels towards the edge of the brain
slices shown in Fig. 2.8, especially for the (lower SNR) 3 T images.
Fourth, the two-pool model applied here is a gross simplification and may cause
significant systematic errors in the estimates of f and the exchange rates. For example,
accurately representing magnetization transfer through multiple myelin layers and
between white matter water compartments (e.g. intra-axonal versus interstitial) may
require a many-pool model, or the modeling of a diffusion process. This problem may be
exacerbated when the actual MP and WP R1 strongly deviate from their assumed average
values, or have a distribution that is not accurately represented by an average. The values
of 𝑘¾¼ and 𝑓 also depend somewhat on the measurement approach, and the extent to
which TE and TR affect the visibility of the different water pools. For example, about
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15% of WP in WM may be situated between the myelin layers (72,85,86) and only
marginally visible at the long TEs used in our experiments. This biases f, because of an
underestimation of WP volume. Similarly, limited visibility of WP between the myelin
layers biases kMW, as its determination, in our experiments, depends on mixing of the
magnetization between the various WP pools.
Fifth, as indicated above, the assumption of single value of R1,WP and R1,MP for all
brain tissues may not be valid, and lead to inaccuracies in kMW and f. For example, in
disease, R1,WP and R1,MP could change due to iron accumulation or changes in tissue
molecular structure respectively; also, it is possible that pathological conditions could
render kMW too low to cause WP saturation levels sufficient for accurate quantification of
f. It remains to be seen to what extent these issue arise in practice.
Our approach compares favorably with previous methods proposed for rapid
measurement of f. An interesting comparison is with IR-based methods (47) which have
the potential in providing improved sensitivity (compared to out MT approach) owing to
a potentially 2-fold increase in initial saturation difference between MP and WP.
However, this improvement may not be realized in practice due to the difficulty in
inverting WP without substantial saturation of MP. In addition this MP saturation will be
dependent on B1 power, rendering the quantification of f sensitive to B1 inhomogeneities.
Alternatively, rapid measurement of f can be performed with a transient MT method
based on a stimulated echo preparation (99): this approach however suffers from a 2-fold
sensitivity reduction associated with stimulated echoes, and furthermore has substantial
sensitivity to B1 inhomogeneities.
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In the presented experiments, only few slices were acquired, the number of which
was tied to the number of delay times. One way to extend slice coverage is to move the
selected set of slices with successive repetitions of the MT pulse, while shortening the
MT repetition time. When keeping the slice repetition time (i.e. time between successive
excitations of the same slice) constant, this should only minimally affect the sensitivity of
the experiment, as the WP saturation caused by the MT pulse is a small fraction of the
total magnetization. Alternatively, or additionally one can perform simultaneous multislice acquisitions, or acquire data in 3D fashion, where the excitation is performed over
the entire brain and phase encoding is performed over the through-plane direction
(perpendicular to the plane encoded by EPI). This would allow large brain coverage in
clinically feasible scan times, in particular when reducing the number of delay times to
three (or even two) by fixing an increasing number of model parameters. The practical
benefits of these approaches are currently being investigated in our laboratory.
We implemented a rapid, transient MT approach to measure the fraction of
macromolecular protons f. Because of its insensitivity to B1 inhomogeneities, and its
minimal RF power deposition, the approach can be readily applied at high field, where its
sensitivity benefits substantially from the slower T1 relaxation of macromolecular
protons. Values of f in white matter, obtained by fitting the MT data to a 2-pool model,
and assuming a dominant contribution of MT to longitudinal relaxation, were found to be
about 50% higher than previous estimates. This is partly attributed to discrepancies in
the estimates of R1 of macromolecular protons, which was much higher here than
reported previously.
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Chapter 3: Effects of Magnetization Transfer on the T1 Contrast of Human
Brain White Matter
In most of the previous transient MT experiments reported in literature, the effect
of RF pulses used for image acquisition on MP magnetization has been ignored or
assumed negligible (45,50). However, this assumption is not generally valid. Here we
take MP magnetization in consideration and present robust estimation of two-pool
exchange model parameters, as introduced in Section 1.2. We do this by using RF pulses,
whose amplitude is high enough (B1=833 Hz) to almost completely saturate MPs,
independent of the (unknown) T2 of MPs. The two-pool exchange model parameters are
then reliably determined and contribution of MPs to T1 contrast through MT is quantified.
This work is adapted from our manuscript published in Neuroimage (2).

3 .1 The importance and previous studies on T1 weighted contrast
Longitudinal proton relaxation (also called T1 relaxation) is one of the major MRI
contrast mechanism used for studying brain morphology, and is widely used for clinical
diagnosis. Resulting from the magnetic interaction of protons with their environment, it is
dependent on tissue composition and structure, including the local concentration of
proteins and lipids. Additional, and sometimes strong contributions may come from
atoms and molecules with para- and ferromagnetic properties such as endogenous iron
and deoxyhemoglobin, or injected contrast agents such as Gd-DTPA and Feridex.
T1-weighted MRI techniques such as MP-RAGE (8) and inversion recovery (IR) fast
spin echo (see e.g. (114–118)), both of which are based on signal recovery after
instantaneous magnetization inversion, are being extensively used for the distinction
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between brain tissue types, including the segmentation of grey matter, white matter, and
CSF. The distinctly different T1 relaxation between grey and white matter has been
attributed on their different myelin content: myelin rich white matter contains an up to
30% fraction of proteins and lipids (36), whose largely invisible hydrogen (1H) protons
exhibit rapid T1 relaxation (37–39) and, through magnetization transfer, accelerate T1
relaxation of MRI-visible water 1H protons (WP’s). Thus, study of T1 relaxation with
inversion recovery may allow quantification of this magnetization transfer (MT) (43–45)
and aid in determining brain myelin content (119), which has important neuro-scientific
and clinical applications (25). MRI techniques such as MP2RAGE (7,120) and
DESPOT1 (121) have recently been proposed and are increasingly being used for this
purpose (122).
One of the outstanding issues with quantification of the T1 time constant is the limited
reproducibility of the various methods and the variation in T1 estimates reported in
literature (see e.g. (49,51)). While incompletely understood, this variability can be partly
attributed to imperfect WP inversion, and a potential bi-exponential character of the
relaxation that is not properly accounted for during analysis (49,51–53). As a result,
generalizability of T1 quantification results is rather limited, hampering the study of brain
myelination, and affecting the accuracy of tissue segmentation.
The goal of the current work was to investigate the presence of bi-exponential
longitudinal relaxation in human brain and its dependence on experimental parameters,
including inversion pulse type and magnetic field strength. For this purpose, dedicated IR
experiments were performed at 3 T and 7 T, as well as MT experiments in which nonwater 1H protons were selectively saturated by replacing the inversion pulse by an MT
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pulse. Conjoint analysis using a two-pool model of MT showed that in white matter, T1
relaxation is strongly dependent on the effect of the inversion pulse not only on WPs, but
also on the non-water 1H protons. In addition, we provide realistic estimates for the T1 of
these protons, an essential parameter for the interpretation and quantification of T1 and
MT data.

3 .2 Two-pool exchange model
Background
Myelin is an important contributor to T1 contrast between brain regions (12). The
mechanistic interpretation has been that 1H protons on larger molecules (such as the
proteins and lipids that are abundant in myelin) have short T1 and this affects the T1 of
WPs by means of MT through mechanisms such as dipolar coupling and chemical
exchange. This notion is corroborated by the fact that, in human brain, the relaxation rate
R1 (=1/T1) strongly correlates with (semi) solid (i.e. non-water) fraction (33,80,87).
Similarly, study of MT effects with experiments that selectively affect (i.e. saturate) the
(semi) solid proton fraction (from here onwards categorically, but somewhat incorrectly,
indicated by macromolecular proton fraction, or MP fraction) have found a dominant
effect in myelinated tissue, and such experiments have been used to measure myelin loss
in diseases such as MS. Thus, MT is an important mechanism underlying T1 relaxation in
the human brain.
Study of T1 relaxation in-vivo is typically performed with IR-type experiments (of
which MPRAGE is an example) that measure recovery of the longitudinal magnetization
(indicated with M(t)) at one or more time-point(s) t after inversion of the WP
magnetization by a radiofrequency (RF) inversion pulse. In pure liquids with only one
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species of 1H, M(t) can generally be described by a single exponential function,
characterized by time constant T1. For the more complex situation of brain tissue, it has
been suggested that M(t) can be approximated by using a two-pool model of MT between
WP and MP, which leads to bi-exponential behavior (46–49):
𝐹𝑆›œ 𝑡 = 1 −

Q™š R
Q™š «

= 𝑎& 𝑒 U§Y R + 𝑎: 𝑒 U§` R

( 3.1 )
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( 3.4 )

Here, M(t) is converted to fractional saturation FS(t), which can range from 0-2.
Indices WP and MP refer to water protons and macromolecular protons respectively. The
fast (λ1) and slow (λ2) rate constants are determined by the intrinsic relaxation and
exchange rates of the tissue, while the amplitudes (a1 and a2) depend on the
conditions of the experiment, including the properties of the RF pulse. These
equations broadly apply to any type of RF pulse, including imperfect inversions or MT
pulses that selectively saturate the MP pool. The first order MT rate constants from WP
to MP and vice versa are given by kWM and kMW respectively; these relate through the MP
pool fraction f according to Eq. 3.4 (Because of this relation between the exchange rates,
the model can be equivalently be described in terms of one of the two rate constants (k)
and the MP-pool fraction (f)). R1,WP and R1,MP are relaxation rates in absence of exchange.
Importantly, the amplitudes of the two exponential functions (a1 and a2) are not
only dependent on the effect of the RF pulse on WP, but also on MP. Because the latter
(i.e. FSMP(0)) is difficult to estimate (𝐹𝑆Qœ is not directly visible), previous work has
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used simplifying assumptions equating

FSMP(0) to either 1 (77) or 0 (35). In the

following, we will show that under practical conditions, the actual value of FSMP(0) can
differ substantially from these values, and demonstrate the effect of FSMP(0) on the biexponential nature of the recovery curve. For this purpose, estimates of FSMP(0) were
derived from joint analysis of recovery curves obtained with four different inversion
pulses and one MT-type RF pulse (the latter referred to as “MT data”), as detailed in the
next section. Qualitative estimates were also derived from simulations of the MT and
inversion pulses with numerical solution of the Bloch equations (see section
“simulations” below).

3 .3 Estimating FSMP(0) experimentally
While λ1, λ2, a1, a2 can be directly determined from fitting of 𝐹𝑆›œ 𝑡 in Eq. 3.1 to
IR or MT data, estimation of FSMP(0) requires subsequently solving Eqs. 3.2 and 3.3,
which represent 4 equations with the 6 unkowns: FSWP(0), FSMP(0), R1,MP, R1,WP, kWM, and
kMW. To resolve this, at least two constraints need to be added to the system of equations.
Here, this was done in a two-pronged, sequential analysis approach: 1) A voxel-wise
analysis was performed which assumed R1,MP and R1,WP to be constant across the brain
and determined their approximate values by constraining FSMP(0) to have realistic values
for both IR and MT data; 2) Then a region-of-interest (ROI) analysis was performed
which used R1,MP found from the global analysis and fine-tuned R1,WP using assumed
FSMP(0) for the MT data, and then accurately determined FSMP(0) for the four different
inversion pulses. Further details are provided below under “data analysis”.
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The rationale for assuming constant R1,MP and R1,WP is based on the abovementioned the notion that in WM, the dominant source of T1 contrast are variations in f ,
with the two having a close to linear relationship (11,12,28,33,80,123,124)

3 .4 MRI measurements
Ten subjects participated in this study (ages 19-60, average 30.4, 6 female), after
consenting into an IRB approved protocol. Subjects were scanned at both 3 T and 7 T
scanners (Siemens, Erlangen, Germany; Skyra and Magnetom platforms respectively)
using 32-channel receive arrays.
IR measurements were performed using and adiabatic pulse and 3 different
composite pulses. The adiabatic pulse (indicated by ‘A5.1’) was a commonly used
hyperbolic secant of 5.12 ms duration, 0.51 (µT)2s energy, a B1 modulation frequency of
833 Hz and a β of 1400 s-1 (104); for optimal inversion efficiency, its amplitude was
adjusted to smoothly start and end at zero. The three composite inversion pulses (900x1800y-900x) were designed to lead to different levels of FSMP(0) by varying their energy.
For this purpose, pulse duration was varied between 1.2, 3.6 and 6.9 ms (pulses indicated
by ’C1.2’,’C3.6’ and ‘C6.9’ respectively; corresponding B1’s: 833, 278 and 145Hz,
energies: 0.46, 0.15, and 0.08 (µT)2s). The MT pulse consisted of a train of 17 hard
pulses with angles 60°, -120°, 120°, -120°, …., -120°, 60°, a total length of 6 ms and a B1
amplitude of 833 Hz.
Image data were acquired with single-shot EPI, sampling 5 slices consecutively
after each RF inversion or MT pulse; cycling the slice order over 5 repetitions thus
resulted in acquisition of 5 delay times for each slice (125). Slices of 2 mm thickness
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were placed with 1.5 mm separation parallel to AC-PC line and encompassed the central
part of the corpus callosum. The inversion delay (TI) values were 9, 71, 147, 283 and
1200 ms at 3 T and 7, 64, 145, 283 and 1200 ms at 7 T (defined as the time from the
center of the inversion pulse to the center of the EPI excitation pulse). The delay times
for the MT experiments were: 10, 72, 138, 258 and 600 ms for 3 T, and 8, 62, 137, 256
and 600 ms for 7 T. The times were chosen to preferentially sample the early part of the
IR curve, within the constraint of the minimal slice TR set by the duration of the EPI
readout. The image resolution was 144x108 with SENSE rate-2 acceleration, the field-ofview was 240x180mm. The echo time (TE) was 30 ms at 3 T and 24 ms at 7 T, the TR 4
s for the inversion experiments, and 3 s for the MT experiment. In order to suppress
signals from scalp lipids, the TE was increased on even numbered repetitions. This
increase amounted to 1.15 and 0.48 ms for 3 T and 7T respectively, resulting in a phase
inversion of the lipid signal with respect to water (assuming a 3.5 ppm frequency
difference between lipid and water). Summation of odd and even numbered images thus
resulted in cancellation of lipid signal. Fourteen repetitions were acquired at 3 T and 18 at
7 T, the first 4 of which omitted the inversion (or MT) pulse and used to provide a
reference signal to estimate 𝑀›œ ∞ in Eq. 3.1, and allow conversion of the measured
signals to saturation levels (FSWP(t)).

3 .5 Data processing and estimation of R1,MP
Pre-processing
Pre-processing included motion correction, averaging, polarity correction, and
calculation of signal saturation levels. Prior to averaging repetitions, complex images
were spatially registered to correct for motion. Only in-plane registration was performed,
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as the small number of slices did not support through-plane motion correction. For the
inversion data, polarity correction was applied to the magnitude signal based on the phase
difference with the (un-inverted) reference image. This was a largely automatic
procedure, however, in a small number of voxels manual signal polarity adjustment was
required for the longest TI. The fractional magnetization level expressed in Eq. 3.1 was
determined by dividing each inversion image by the corresponding reference image (i.e.
data acquired without inversion pulse). This was done for all voxels where the reference
signal exceeded 5% of maximum. Analogous analysis was performed for the MT data,
however without performing the signal polarity adjustment. All processing was done in
IDL (Exelsis Visual Information Solutions, Boulder, CO, USA).
Voxel-wise analysis
To derive estimates for R1,WP and R1,MP, data from a single IR experiment (using
the adiabatic pulse) was analyzed jointly with the MT data on a voxel-wise basis (Fig.
3.1). This was done for both field strengths and involved the following steps:
1.

Jointly fit MT and IR data to Eq. 3.1, yielding one pair of decay rates
(λ1, λ2) and two pairs of amplitudes (a1, a2) for each voxel.

2.

Assuming global values for R1,WP and R1,MP, calculate corresponding
levels of FSMP(0) for IR and MT experiments for each voxel, based on
decay rates and amplitudes found in step 1.

3.

Adjust R1,WP and R1,MP and recalculate FSMP(0) to maximize the number
of voxels with FSMP(0) values consistent with pre-determined
constraints.
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Figure 3.1 Voxel-wise fitting and parameter extraction to derive global R1,MP and
R1,WP estimates. First (step 1) is the combined fitting of bi-exponential model to data from
MT experiment and a single (A5.1 pulse) IR experiment. In step 2, FSMP(0) values are
calculated for both experiments based on global values for R1,MP and R1,WP. Then (step 3)
R1 values are adjusted iteratively (repeating step 2) to maximize the fraction of voxels
with FSMP(0) values within in the expected boundaries, outlined by the red triangle.
The constraints for step 3 were as follows: a) FSMP(0)<1 for both IR and MT data
(MP can not be inverted due to their short T2) , b) based on the pulse durations and
energy (6.0 resp. 5.1ms, 2.3 resp. 0.51 (µT)2s), the ratio of FSMP(0) for the adiabatic
inversion pulse and the MT pulse is between 0.7 and 1.0 as determined from simulations
(details below and in Fig. 3.3a and c).
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Figure 3.2 ROI-based fitting and calculation of FSMP(0) and FSWP(0) for IR data.
First, (step 1), ROI-averaged data from MT experiment and IR experiments with four
different inversion pulses are fitted to the bi-exponential model, resulting one set of λ's
and 5 sets of values for a1 and a2. Then (step 2), based on global R1,MP from voxel-wise
analysis (see Fig. 3.1), and assumed FSMP(0) for MT experiment, the MT parameters
extracted in step 1 are used to calculate R1WP, kWM, kMW and f. Then, in step 3, R1WP, and
kWM are combined with the IR a's and λ's from step 1 to calculate the FSMP(0) and
FSWP(0) for each IR experiment.
ROI-based analysis
ROI analysis was performed on all datasets in order to fine-tune R1,WP and
calculate FSMP(0) for each of the four inversion pulses (Fig. 3.2). For this purpose, in
each subject, a WM ROI in the splenium of the corpus callosum was selected manually,
and R1,MP was set to the value found by the voxel-wise analysis. Furthermore FSMP(0)
values for the MT pulse were set to 0.88 and 0.92 for 3 T and 7 T respectively, based on
previous measurements that investigated FSMP(0) dependence on MT pulse length. The
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rationale for fine-tuning R1,WP based on assumed levels of FSMP(0) for the MT experiment
was that the latter was relatively well known, compared to the significant uncertainty in
R1,WP found in the voxel-wise analysis.
The ROI-based analysis involved the following steps:
1.

Jointly fit MT and IR data to Eq. 3.1, yielding one pair of decay
rates (λ1, λ2) and five pairs of amplitudes (a1, a2).

2.

Using the fixed values for R1,MP , and FSMP(0) for the MT data, as
well as the decay rates and MT amplitudes from step 1, calculate
R1,WP and MT rates (kWM and kMW).

3.

Calculate FSMP(0) for each of the four inversion experiments using
their specific pairs of amplitudes.

Finally, in order to estimate reproducibility, for each fitted parameter, the standard
deviation (SD) over subjects was calculated.
Simulations
Simulations were performed to study the various aspects of the experiment,
including the effects of the IR and MT pulses on FSWP(0) and FSMP(0), the effect of
FSMP(0) on the IR signal trajectory, the effect of noise and finite TR on parameter fitting.
All simulations were performed in IDL.
Effect of inversion and MT pulses on FSWP(0) and FSMP(0)
Simulations of the effects of the inversion and MT pulses on FSWP(0) and FSMP(0)
were based on the Bloch equations and investigated dependence on T2 , assuming single
exponential T2 decay. For this purpose, temporal evolution was discretized using 1 μs
time steps, and the evolution of the three Cartesian components of the magnetization was
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effectuated by successively applying rotations and multiplications to represent effects of
the RF pulse and T2 decay respectively. One hundred different T2 values were used,
exponentially distributed between 1 μs and 1 s. In a second simulation, pulse length of
the composite inversion pulse was varied (and as a result its energy) at a single T2 (70 μs,
in the estimated range of MP), to illustrate the effect on FSMP(0). Exchange was ignored
in both simulations, as the applied RF pulses are short compared to the relevant exchange
rates. A Lorentzian line shape (implicit in the exponential solution to the time domain
Bloch equations) was used for three reasons: a) calculations with different line-shapes
requires treatment in the spectral domain, which implies linearity of the system, an
assumption that is applicable for small tip-angles experiments but not necessarily for
inversions and/or short, high-power MT pulses; b) it has been suggested that in myelin,
MP may exhibit a Lorentzian lineshape (59) with a T2 in 60-100μs range; c) this
simulation is meant as a general illustration of the pulse effects, not as an exact study of
MP T2 values and line shapes, and it can be reasonably assumed different line-shape
models would show similar trends as function of pulse power.
The effect of FSMP(0) on the IR signal trajectory
To investigate the effect of FSMP(0) on T1 relaxation, the magnetization trajectory
of the two pools in the IR experiment was simulated using the two-pool model equations
(Eqs. 3.1-3.4) and the parameters found from fitting of the experimental data obtained at
7 T. Two extreme cases were simulated: one with complete saturation of the MP pool
(FSMP(0)= 1.0) and one without any saturation (FSMP(0)= 0.0), while the WP pool was
assumed to be perfectly inverted in both cases (FSWP(0)= 2.0). This simulation was run
for both field strengths separately, as the R1,MP was found to be field dependent. From this
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data, the relative contribution of the rapidly relaxing component (rate λ1) to the IR curve
was estimated and a TI value was extracted above which its contribution becomes
negligible. This was done by calculating the instantaneous T1 (from -S(t)/(dS(t)/dt)) and
ascertain when this reaches 95% of its long TI limit value, which is the inverse of the
slow component rate (λ2).
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Figure 3.3 Simulated effect of IR pulses (a,b,d) and MT pulse (c) on longitudinal
magnetization (M). A: Effect of inversion pulse on M as a function of T2. While different
inversion pulse types similarly invert long T2 species characteristic of WP (grey band),
they differentially affect the short T2 MP (blue band). B: For MP (T2 = 70μs),
magnetization (black) after a composite inversion pulse and the latter’s energy (red)
depend strongly on pulse duration C: Effect of MT pulse on M as a function of T2. Nearly
complete saturation (M~0) is achieved for MP, while WPs are minimally affected. D:
Calculated MP (dashed lines) and WP (solid lines) magnetization following inversion, as
function of (TI) time, for two extreme cases: no MP saturation (green), and complete MP
saturation (blue). Parameters for this simulation were taken from mean 7 T values of
Table 3.2. Perfect WP inversion was assumed.
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Figure 3.4 Effect of inversion pulse type (rows) on apparent (instantaneous) R1
(scale in seconds), at increasing TI (columns). Apparent R1, as calculated from adjacent
TI’s, was highest for lowest power composite pulse (C6.9) and short TI.
The effect of noise and finite TR on parameter fitting
To gain some insight into the stability of the two-pool model fitting procedure
under influence of noise, noise was added to a synthetic signal recovery curve (using Eq.
3.1) generated based on subject averaged model parameters extracted with the ROI-based
fitting procedure (Table 3.2). The noise level was determined from the experimentally
determined ROI-based fitting residue and corresponded to a SNR of 500:1 in the ROIaveraged signal. After each of 100,000 realizations of noise addition, the data was
subjected to the ROI-based fitting procedure (Fig. 3.2), after which the SD of the
extracted parameters was determined.
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Figure 3.5 Demonstration of bi-exponential IR, based on measured and fitted SWP
in corpus callosum ROIs at 3 T (A) and 7 T (B). Subject and ROI-averaged IR data are
shown in range of 0-300ms, where strongest effects of the bi-exponential nature of the
decay is observed. The dashed lines are the single-exponential fits to the two longest TI’s
(283 and 1200 ms). Deviation form linearity (i.e. from single-exponential behavior) is
strongest at early TI’s and low-power pulses (C3.6 and C6.9) at 7 T. At 3 T, the adiabatic
(A5.1) and shortest composite pulse (C1.2) produced virtually identical results.
To investigate the influence of the finite TR and incomplete magnetization
recovery between scan repetitions on the extracted parameters, the evolution of the
magnetization in the IR and MT experiments was simulated, again based on the
experimentally determined two-pool model parameters (k, f, and R in Table 3.2). This
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was done both for the actual TRs used in the experiments (4 s and 3 s for IR and MT)
respectively), as well as for a TR of 12 s at which complete recovery was assumed. Both
conditions were subjected to the ROI-based fitting procedure and the resulting parameter
values were compared.

3 .6 MT related parameters and bi-exponential recovery of T1
Initial evaluation of the effect of inversion pulse type on T1 relaxation was
performed with simulations. Fig. 3.3a shows the effect of the each of the experimentally
used inversion pulses on M as a function of T2. While all inversion pulses nearly fully
invert the long T2 WP (T2 > 20 ms), a highly variable saturation is observed for T2 values
typical of MP (60-100 μs for Lorentzian lineshape, which has linewidth equivalent to 1015 μs Superlorentzian). The increasing saturation of MP (i.e. FSMP(0)) with decreasing
inversion pulse duration is attributed to the increased pulse energy (Fig. 3.3b). The T2
dependence of the saturation efficiency of the MT pulse (Fig. 3.3c) indicates almost
complete saturation for MP and negligible saturation for WP. Simulation of the effect of
variable MP saturation of the inversion pulse on IR characteristics shows an increasingly
bi-exponential recovery with reduced MP saturation (Fig. 3.3d). As a result, a relatively
high relaxation rate at the initial part of the recovery curve is observed.
Results of the experimental investigation into the effect of inversion pulse
characteristics on T1 relaxation are summarized Figs. 3.4-3.6, and Tables 3.1 and 3.2. In
brief, a bi-exponential recovery is observed that is dependent on pulse type, consistent
with the notion that increasing pulse energy leads to a higher FSMP(0). As illustrated in
Fig. 3.4, following WP inversion, the initial (apparent) relaxation rate is increased
compared to the rate at longer TI, and this is dependent on pulse type. Between 7 and 64
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ms after the inversion, rates in excess of 2 s-1 are observed for the lowest energy pulse
(6.9 ms composite pulse), which is about twice the rate observed at the long TI’s in our
experiments, and in previously published work (33). This observed behavior is consistent
with the notion that the decay for the shorter TI’s is accelerated by the initially large
difference in MP and WP magnetization (FSMP(0) << FSWP(0)), resulting in strong MT
effects. This is further exemplified in Fig. 3.5, showing IR data from the corpus callosum
ROI together with single- and bi-exponential fits. A clear deviation from single
exponential relaxation is observed at short TI, which again is strongest for the lowest
energy inversion pulse and high field (7 T). The vertical offset of the curves is attributed
to variable WP inversion efficiency, which is particularly pronounced at 7 T (see Table
3.1 for estimated inversion efficiency).

Figure 3.6 Example of voxel-wise fitting of bi-exponential relaxation behavior.
Shown are results for a single slice in a single subject at 7 T. The contribution of the fast
component (represented by a1) increases with increasing pulse length for composite
pulses C1.2-C6.9 (decreasing energy). The voxels with CSF where masked out from the
images, as their fits resulted in extreme values for some of the parameters due to a close
to single-exponential nature of IR in CSF.
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Further analysis focused on two-pool model fitting based on the procedures
outlined in Figs. 3.1 and 3.2. First, bi-exponential fitting was performed to the MT and
inversion data (Step 1 in Fig. 3.1). An example of the extracted values for amplitudes (a1
and a2) and rates ((λ1 and λ2) of the two exponential components is shown in Fig. 3.6.
The relative values of a1 and a2 varied strongly with inversion pulse type, with that of the
rapidly relaxing component a1 increasing with lower pulse energy. This was particularly
apparent in WM, consistent with its higher MP fraction. The slowly relaxing component
amplitude (a2) varied little over the brain, indicating an efficient inversion. Exceptions
were areas of in the posterior brain, attributed to off-resonance effects.
Table 3.1 Pulse-dependent results of two-pool fitting in corpus callosum white
matter of IR experiments at 3 T and 7 T (n=10). Reported are subject averages (and SD’s)
of amplitudes (a1 and a2) and saturation levels assuming f =0.27 (based on MT data).
Pulse energy is integral of B12 in units of (μT)2s. Range indicates theoretically possible
values for all possible effects of inversion pulse on MP, while assuming a 100%
inversion of WP.
B0

Type

Energy

a1

a2

FSMP

FSWP

3T

A5.1

0.51

0.116 (0.009)

1.854 (0.008)

0.87

1.97

C1.2

0.46

0.113 (0.010)

1.860 (0.009)

0.89

1.97

C3.6

0.15

0.170 (0.011)

1.781 (0.011)

0.62

1.95

C6.9

0.08

0.194 (0.013)

1.725 (0.015)

0.48

1.92

range (theory)

0.08-0.30

1.92-1.71

0.0-1.0

A5.1

0.51

0.173 (0.012)

1.769 (0.010)

0.87

1.94

C1.2

0.46

0.170 (0.012)

1.714 (0.044)

0.84

1.88

C3.6

0.15

0.225 (0.016)

1.605 (0.047)

0.56

1.83

C6.9

0.08

0.245 (0.026)

1.538 (0.052)

0.46

1.78

0.16-0.40

1.84-1.60

0.0-1.0

7T

range (theory)
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Figs. 3.7a and b illustrate the extraction of global R1,MP and R1,WP values based on
constraints on FSMP(0), for 3 T and 7 T data respectively (see also Fig. 3.1). Maximizing
the number of voxels satisfying this constraint (indicate by the shaded area in the top
right corner of each figure) led to an R1,MP estimate of 4.0 s-1 and 2.0 s-1 at 3 T and 7 T
respectively, while R1,WP values were 0.40 s-1 and 0.35 s-1. Based on the sensitivity of the
FSMP(0) distribution to changes in the R1,MP value, the R1,MP error margin can be
estimated to be about 10%, while that for R1,WP was estimated at 20%.
Quantitative results of bi-exponential fitting and parameter extraction based on the
ROI-based analysis (outlined in Fig. 3.2) are summarized in Tables 3.1 and 3.2. Table 3.1
shows subject-averaged values for pulse type-dependent parameters a1, a2, FSMP(0), and
FSWP(0), confirming the decreased FSMP(0) and increased contribution of the rapidly
relaxing component for low energy inversion pulses. This trend was strongest for the 7 T
data, which is attributed to the lower R1,MP at this field strength. Subject- and ROIaveraged values for parameters considered common to all pulse types (i.e. λ1, λ2, R1,MP,
R1,WP, kWM, kMW , and f) are shown in Table 3.2. As indicated above, R1,MP was taken from
the voxel-wise analysis, whereas R1,WP was fine-tuned based on ROI-averaged signals.
Changes in R1,WP with fine-tuning were within 20% of the original values. Note that
although k and f values are expected to not depend on field strength, appreciable
differences in k-values were observed. This suggests that the experimental data are not
fully described by our model.
Results of the noise simulations that evaluated the stability of the fitted
parameters are shown in Table 3.3. These results indicate a precision that was for most
parameters about 3%, with 7 T data generally showing smaller values compared to 3 T
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data. Note that the precision of R1,WP in this analysis is substantially better than the
margin estimated in the voxel-wise analysis (for estimation of the global values for R1,MP
and R1,WP). This suggests that the accuracy of R1,WP is limited by the accuracy of R1,MP,
rather than by the noise (or inter-subject variations, judging from the low SD over
subjects reported in Table 3.2).
Simulations of finite TR (incomplete signal recover between repeated
measurements) on extracted parameter values showed relatively minor effects (Table
3.4). Strongest effects were observed at 7 T, as expected based on the slower T1 recovery.
Finite TR resulted in an underestimation of λ1, and an overestimation of λ2. As a result
R1,WP was overestimated, while kWM was underestimated. Little effect on f was observed.
Table 3.2 The average (SD) of extracted two-pool model parameters (using Eq. 3.13.4) in corpus callosum ROI (n=10), R1,MP is reported without SD as a single value was
assumed for all subjects; all rates are reported in s-1.
B

0

λ1

λ2

f

R1,WP

R1,MP kWM

kMW

3T

12.11 (0.83) 1.103 (0.034) 0.265 (0.014)

0.410 (0.027)

4.0

2.39 (0.26) 6.61 (0.64)

7T

9.25 (0.68) 0.773 (0.016) 0.268 (0.013)

0.406 (0.018)

2.0

2.04 (0.15) 5.58 (0.54)

Table 3.3 Noise simulation results: the SD (absolute and relative percentage) of
fitted and derived parameters for simulated data with baseline (ROI) SNR of 500 (based
on the R2 of the actual fit results), all rates are in units of s-1.
B0
3T
7T

SD
%
SD
%

a1,a2

λ1

λ2

f

R1,WP

kWM

kMW

FSMP(0)

0.0035

0.32
2.8
0.21
2.3

0.0025
0.23
0.0021
0.25

0.0054
2.7
0.0036
1.8

0.014
3.5
0.0067
1.9

0.069
3.3
0.052
2.5

0.26
4.6
0.17
3.0

0.032
3.2
0.022
2.2

0.0035
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Table 3.4 Comparison the fitting results from simulations (based on the parameters
printed in Table 3.2) run with the experimental TR and a TR four times as long, all rates
are in units of s-1.
B0
3T
7T

TR

f

R1,WP

kWM

kMW

12,9
4,3
12,9
4,3

0.271
0.270
0.268
0.262

0.363
0.391
0.405
0.455

2.39
2.33
2.04
1.85

6.45
6.32
5.56
5.21

The presence of a second, rapidly relaxing component to T1 relaxation can
interfere with attempts to quantify T1 relaxation based on the conventional assumption
that the inversion recovery is single-exponential. This is particularly true at short TI, as is
strikingly apparent from the instantaneous T1 shown in Fig. 3.8. Therefore, when
quantifying T1 relaxation assuming single-exponential behavior, it may be advantageous
to exclude the recovery at short TI. Simulations show that for T1 to be within 95% of 1/λ2
(i.e. for the instantaneous T1 to stabilize), the minimum TI would need to be between 176
and 299 ms at 3 T, and between 324 and 443 ms at 7 T, with lower and upper values
reflecting maximal and minimal MP saturation respectively.
Figure 3.7 (next page) Voxel-wise analysis approach to extract global values for
R1,WP and R1,MP. Contour plots of 2D histograms show the distribution of calculated
FSMP(0) values for IR (horizontal axis) and MT data (vertical axis). Histograms were
calculated for a range of R1WP and R1MP values (columns and rows respectively, values in
s-1), and reflect all voxels in all subjects at 3 T and 7 T (A and B respectively). The
dashed lines in each histogram show the range of expected FSMP(0) values (both
FSMP,Inv(0) and FSMP,MT(0) <1.0 and 0.7 < FSMP,Inv(0) / FSMP,MT(0) < 1.0; the area is
indicated with shading in top right plots). The numbers printed in the plots are the
fractions of the number of brain voxels falling within the expected range (see also Fig.
3.1). The histogram with the highest fraction (in red) was identified to deduce the
appropriate values for R1,WP and R1,MP for each field strength.
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3 .7 Discussion and comparison with previous on T1 relaxation and MT
The experiments described in this work demonstrate a dependence of IR on the
parameters of the RF inversion pulse.

Specifically, a bi-exponential recovery was

observed, in which the amplitude of the rapid component depended on the power of the
RF pulse. This finding is consistent with the notion that this component originates from
MT between WP and MP, whose magnetization difference resulting from the inversion
pulse is expected to depend on RF pulse energy. Simulations of the effects of the
inversion pulses used in this work indeed indicated a highly variable magnetization
difference between WP and MP.
Previous studies have recognized the potential contribution of MT to biexponential signal recovery after inversion of WP magnetization, and were able to
explain experimental IR data with a two-pool model of MT between WP (47–49,77). The
RF energy dependence of the recovery observed in the current study further solidifies this
notion. In addition, the analysis presented here further characterizes the contribution of
MT by comparing inversion recovery data with MT data. Use of the known MP
saturation resulting from the MT pulse, and assuming R1,MP and R1,WP constant over the
brain, allowed full characterization of MP and WP magnetization recovery and extraction
of the two-pool model parameters. The resulting estimates for f in corpus callosum were,
as expected, virtually identical for 3T and 7 T (0.266 versus 0.268) and consistent with
what would be expected based on the close to 30% fraction of proteins and lipids (and
hence an approximately MP fraction of 30%, considering that the hydrogen proton
fraction in proteins and lipids is similar to that in water) (36,80). Our estimates
furthermore appear consistent with previous MRI measurements of proton density not
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relying on MT contrast, which found WM water content to be around 70%
(81,82,123,126). Nevertheless, our estimate of f is somewhat higher than previous MT
studies (40,90,93,94,109). While this may, in part, be due to incorrect values for R1,MP
assumed in these studies (11), and their different approach for MT contrast generation,
the reasons for this discrepancy remain poorly understood and require further
investigation.
In this study, significant efforts were made towards estimation of R1,MP, because
of its importance in quantification of MT and T1 relaxation. In our approach, both R1,MP
and R1,WP and were assumed to be constant over the brain, which likely is inaccurate
considering the diversity in molecular structure in brain tissues and the potential
contribution of paramagnetic species (e.g. iron) to T1. Nevertheless, our values of 4.0 and
2.0 s-1 for R1,MP at 3 T and 7 T respectively are in the range of average values of between
2-5 s-1 reported for membrane model systems at fields from 8 T down to 1 T (37,56,127)
or 2.3-6 s-1 derived from the dependence of R1 on f at fields ranging from 7 T down to to
1.5 T (11,28,33,123,124).
Among the parameters extracted with the presented analysis is kWM (and related
parameter kMW) representing the MT rate between WP and MP. Values of between 2.4
and 2.0 s-1 were found in the corpus callosum ROI at 3 T and 7 T respectively, which is
on the low end of the 2.5-4 s-1 range reported in literature (45,90,109,113). In part, this
may be related to methodological differences. In this regard, it should also be noted that
kWM represents an aggregate of processes that may contribute in varying amount between
different methods: these include spin diffusion (38,128), MT between MP and WP in
myelin water, and MT between myelin water and water in other compartments. This may
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also explain the (small) differences seen in our 3 T and 7 T values. A slight
underestimation of kWM also appeared likely resultant from the finite TR used in our
experiments (Table 3.4).
The finding of a bi-exponential T1 recovery and its origin in MT effects has
important implications for T1-weighted MRI, in particular when reproducible contrast and
accurate recovery rates are required. Bi-exponential fitting of MRI data acquired at a
number of TI values would be one way to address this issue. As demonstrated above, this
leads to T1 estimates (from the slow component, i.e. λ2-1) in corpus callosum white matter
of 905±27ms and 1293±28ms for 3 T and 7 T respectively (See Table 3.1), which both
are somewhat higher than reported previously (for overview see (33)). However, this type
of fitting is notoriously difficult to do, as signal to noise ratio is often limited and only
few TI values are sampled. Fortunately, in human brain, the rate constants (λ1, λ2) differ
substantially, with λ1 being much higher than λ2. Thus, at TI values much larger than λ1-1,
the recovery can be characterized by a single-exponential function with rate constant λ2,
which then can be interpreted as an apparent R1 value. This is further illustrated in the
simulations shown in Fig. 3.8, indicating the minimum TI values at which the apparent
(instantaneous) T1 becomes independent of TI. This conclusion was also reached in a
very recent paper investigation bi-exponential relaxation (129). The effects of biexponential relaxation in IR experiments can be further minimized by the use of highpower adiabatic inversions that fully invert WP and fully saturate MP. Under this
condition, contribution of the fast component is smallest and least variable. In alternative
(non-IR) techniques for T1 quantification, such as mcDESPOT (121), MT may be a
confound (130), and its contribution will depend on experimental parameters.
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Figure 3.8 The instantaneous T1 (= −S(t)/(
)) calculated from two-pool model
,4
simulated data (using the average parameters from Table 3.2), for the minimum and
maximum effects (high- and low-power inversion) (red/orange= 3 T, green/blue 7 T,
orange/blue minimum effect, red/green maximum). The vertical lines indicate the
minimum TI for an error smaller than 5% in the calculated (single-exponential) T1.
In addition to affecting quantification, variable MP saturation can have influence
on the contrast in T1-weighted MRI and techniques that use inversion pulses for tissue
suppression, and these effects extend beyond TI times indicated above (i.e. around 300
and 440 ms for worst cases, i.e. minimal MP saturation at 3 T and 7 T respectively).
Examples of the latter are the use of double inversion recovery to selectively image grey
or white matter (131), IR–based myelin imaging using ViSTa (132). For consistent
results, optimization of TI values ideally would take into account the power of the RF
inversion pulse. As shown in Fig. 3.3d, the zero crossing of the IR curves depends on the
MP saturation level and therefore on the applied RF energy. Of course, such optimization
would not be sufficient to account for variations in f.
As indicated above, the contribution of the rapidly relaxing component to the
inversion recovery is, aside from f, dependent on RF pulse parameters, and field strength.
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The latter dependence originates from the effect of field strength on R1,MP : a1 increases
with decreases in R1,MP at higher field in the complicated fashion indicated by equations
(1-4). Thus, at fields above 7 T, contribution of the fast component should further
increase. Together with the increase in SNR available at high field, this would improve
determination of a1, a2, λ1, and λ2, and potentially allow robust quantification of MT
exchange rates (kMF and kWF) from IR data only, without the need for dedicated MT
experiments. Conversely, at 1.5 T, the deviation from single-exponential inversion
recovery is expected to be smaller.
Although our analysis of T1 relaxation assumed a dominant contribution from
MT, it should be realized that in some brain regions, paramagnetic species such as iron
may contribute as well. For example, in the iron-rich grey matter of the globus pallidus,
this may increase the relaxation rate by as much as 0.3 s-1 at 7 T (33). This complicates
the extraction of parameters such as f and kWM from the bi-exponential fit, which may
require additional information (e.g. estimates of local iron content based on R2* data).
A few limitations of the current study deserve further attention. One limitation is
the assumed efficiency of MT pulses, which was based on experimental variation of pulse
duration. This implicitly assumed a narrow distribution of T2 values for the MP pool.
However, it is possible that a fraction of MPs escape saturation, due to an either very
short or very long T2. This would then lead to an underestimation of f. Judged from the
similarity between fitted R1WP found by either assuming fixed MT efficiency (in the ROI
analysis) or fixed (global) R1,WP (in the voxel-wise analysis), this appeared not to be a
major issue.

Another limitation is the sensitivity of multi-exponential fitting and

parameter extraction to measurement noise. The SD value of some of the ROI-derived
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parameters reached 5% even is the presence of a high (500:1) SNR. This is attributed to
the inherent difficulty of the fitting problem, combined with temporal instabilities (caused
by e.g. head motion). Finally, the limited accuracy of the R1MP value also limits the
accuracy in other derived parameters, in particular R1WP and the kMW.
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Chapter 4: Study of Magnetization Transfer and Macromolecular Proton T2
in Marmoset Brain
One way to study MP T2 is to measure the dependence of MP saturation on the B1
amplitude of an RF pulse, and compare it with the Bloch equations simulation (Fig. 4.2).
A large range of B1 values for the RF pulses is needed to reliably simulate the B1
dependence of saturation effects on MPs to infer T2. This is attempted by studying
marmoset brains in vivo using MRI, in which case the application of RF pulses with high
B1 (up to 2000 Hz in this study) is possible. However, use of such a high B1 is not
feasible in vivo human studies, due to the restriction on specific absorption rate (SAR)
and the limited instrument capability of the human MRI scanners. This work is partially
adapted from our conference abstract (3).

4 .1 Importance of determination of the MP T2 for MT applications
Magnetization Transfer (MT) contrast has been used to study brain myelination and
relies on selectively saturating semi-solid protons (often referred to as macromolecular
protons (MPs) in literature) based on their rapid T2 relaxation. Optimization of this
selectivity and quantification of MT contrast requires knowledge of the macromolecular
proton T2, which has proven difficult to measure. The range of reported estimates (10 to
60 µs (35,59,60,63,75,96,113)) is rather large, likely due to differences in experimental
conditions, measurement method and sample type. The lack of knowledge about MP T2
and the large uncertainty in determination of it often lead to inaccurate assumptions on
response of MPs to RF pulses in MT applications (45,50) and may result in wrong
estimation of MP fraction (11). With the goal of optimizing the measurement of the MP
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fraction using MT experiments (45,50,74), we set out to study the MT-related parameters
and further determine the MP T2, in white matter, grey matter and muscle in marmosets
in vivo.

4 .2 Two-pool exchange model and MRI measurements
One in vivo scan of a common marmoset (Callithrix jacchus) was performed on a
Bruker 7 T scanner. In order to study MT without CEST and direct WP saturation effects,
we followed a recent approach based on monitoring the saturation of WP signal
following a brief, 2 ms MP saturation pulse (1,2). The effect of a binomial saturation
recovery (SR) pulse (133) on MP magnetization was studied as a function of postsaturation delay t (measured from the center of the pulse) using a multi-gradient echo
sequence, after which the amplitude of the saturation effect and its dependence on SR
pulse amplitude were calculated and compared with simulated values to determine MP T2.
First, experiments were performed to determine parameters describing MT kinetics,
assuming a two-pool model of exchange between MPs and WPs (defined as Experiment
I), and subsequently, MP T2 was investigated by studying the magnitude of the MP
saturation effects as a function of B1 amplitude of the MP saturation pulse (defined as
Experiment II).
Two-pool model
Following an initial RF pulse that differentially saturates the WP and MP pools, we
assume that the fractional saturations of the two pools, FSWP and FSMP, experience biexponential evolutions as described in Eqs. 1.12-1.13 (1,2,76).
Experiment I: Determination of MT parameters
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To measure the parameters related to the two-pool exchange model, two types of
preparation pulses, namely a WP IR pulse and a composite broadband MP SR pulse were
used to saturate the two pools to different extents. After variable delay t, MGRE image
acquisition was performed to sample FSWP(t). The use of two different preparation pulses
facilitated fitting λ1 and λ2, and furthermore allowed extraction of kMW, kWM, f, and R1,WP
by assuming R1,MP = 2 s-1 and FSMP(0) = 1.0 for the SR experiments, the later of which
was determined by simulations using the Bloch equations (Fig. 4.2), based on the
reported T2 values, 10-60 µs (35,59,60,63,75,96,113). The inversion pulse was a hard
pulse, with pulse duration of 0.5 ms, B1 (amplitude of the RF field) of 2000 Hz (1 Hz
equals 0.0235 µT). The SR pulse had a duration of 2 ms and consisted of a train of hard
pulses with angles 45°, -90°, 90°, -90°, …., -90°, 45°, the number of pulses and B1
amplitude were 17 and 2000 Hz respectively.
Experiment II: Determination of MP T2
To determine MP T2, the SR pulse was repeated using different combinations of
number of pulses and B1 amplitudes, including 3 & 250 Hz, 5 & 500 Hz, 9 & 1000 Hz,
13 & 1500 Hz, with the same pulse duration of 2 ms and a train of variable number of
hard pulses with angles 45°, -90°, 90°, -90°, …., -90°, 45°.
Image acquisition
For both IR and SR experiments, image data were acquired using MGRE, sampling
a single slice after the preparation pulse. The delay times for the IR experiment were 1.5,
50, 200, 400, 800 and 1200 ms (defined as the time from the center of the inversion pulse
to the center of the MGRE excitation pulse). The delay times for the SR experiments in
Experiment I were: 2.2, 49, 99, 199, 399 and 799 ms and for SR experiments in
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Experiment II were: 2.2 and 99 ms. The IR and SR delay times in Experiment I were
chosen to sample the signal recovery dynamics. The image resolution was 0.28mm. The
echo time (TE) was 2.4 ms, and TRs were 3 s for all IR and SR experiments. For all IR
and SR experiments, only one measurement were performed, one reference signal was
acquired by the preparation pulse to provide to estimate 𝑀›œ ∞ , and allow conversion
of the measured signals to FSWP(t), in Eq. 1.12.
Pre-processing
Pre-processing included signal polarity correction, and calculation of FSWP(t).
Polarity correction was needed only for IR (magnitude) data, because of signal
rectification during the complex-to-magnitude conversion. It was performed based on the
phase difference between the IR images with the (un-inverted) reference image. The
FSWP(t) level expressed in Eq. 1.12 was determined by dividing each IR image by the
corresponding reference image (i.e. data acquired without preparation pulse). Analogous
analysis was performed for the SR data, however without performing the signal polarity
adjustment. All processing was done in IDL (Exelsis Visual Information Solutions,
Boulder, CO, USA).
ROI selection
Regions of interest were selected in white matter, grey matter, and muscle
respectively, as illustrated in Fig. 4.1d.
Dependence of MP saturation on B1 of SR pulses
To determine λ1, λ2, kWM, kMW, and R1,WP, both the IR and the SR data from
Experiment I were analyzed on a voxel-wise basis. Defining FSMP(0, B1) as the FSMP(0)
created by a SR pulse with a specific B1 in Experiment II, FSMP(0,B1) can be then
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calculated based on analysis of the SR data in Experiment II. The following steps were
involved:
[1] Fit Eq. 1.12 to the IR and SR data in Experiment I jointly, yielding one pair
of decay rates (λ1, λ2) and two pairs of amplitudes (a1, a2) for each voxel.
[2] Assuming R1,MP=2 s-1 (2) and FSMP(0) for the SR experiment in Experiment
I to be 1.0 as discussed above, calculate kWM, kMW, R1,WP, using Eqs. 1.10 &
1.14, based on the decay rates and amplitudes found under Step [1].
[3] Fit Eq. 1.12 to the SR data from Experiment II, to find a pair of amplitudes
(a1(B1), a2(B1)) for every voxel at each B1, using decay rates (λ1, λ2) found
under Step [1]. Then calculate FSMP(0,B1) using these (a1(B1), a2(B1)) pairs,
according to Eq. 1.13 by setting t=0 s, with all other parameters known
from Steps [1] and [2], as shown in Eq. 4.1.
𝐹𝑆Qœ 0, 𝐵& =

-Y ÀY (U§Y ]¨™• ]pY,™š )
¨™•

+

-` (ÀY )(U§` ]¨™• ]pY,™š )
¨™•

( 4.1)

Determination of MP T2 in three ROIs
This estimate of FSMP(0,B1) was then averaged over each ROI and compared with
the simulated dependence of longitudinal magnetization (after the SR pulse) on T2 and B1
(Fig. 4.2), assuming a single (average) T2 of the MPs, obtained from simulations of the
Bloch equations, to find T2 for MPs in white matter, grey matter and muscle respectively.

Figure 4.1 Fractional difference between images at two delays, divided by the
reference image (𝐼𝑚 𝑡 = 2.2 ms − 𝐼𝑚 𝑡 = 99 ms )/𝐼𝑚(𝑅𝑒𝑓) for SR experiments
with B1 of 500 Hz(a), 1000 Hz(b), 1500 Hz(c), and 2000 Hz(d); (d) show the ROI’s in
WM (purple), GM (cyan), and muscle (yellow).
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Figure 4.2 Lines show the fractional saturation created by a SR pulse as function of
T2 for five different combinations of number of hard pulses and B1: 3 & 250 Hz (black), 5
& 500 Hz (red), 9 & 1000 Hz (blue), 13 & 1500 Hz (green), and 17 & 2000 Hz (gold)
with the same pulse duration of 2 ms, simulated using the Bloch equations. Fitting these
simulated fractional saturations to those measured in WM (square symbols), GM
(diamond symbols) and muscle (triangular symbols) ROI’s, resulted in MP T2 of 107, 135
and 26 µs respectively.
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Figure 4.3 Twop-pool model fitting (shown in lines) to ROI averaged FSWP(t)
(shown in dots) for the SR experiments in Experiment I, in WM (black), GM (brown) and
muscle (red).
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Table 4.1 Fitting results for two-pool exchange model parameters averaged within
each ROI; R1,MP was taken as 2.0 s-1 as determined previously (2); R2 was adjusted for
degrees of freedoms.
a1(IR)

a2(IR)

a1(SR)

a2(SR)

λ1

λ2

R1, WP

f

kWM

kMW

R2

WM

0.24

1.68

-0.15

0.24

17.39

0.70

0.45

0.18

2.73

12.92

0.999

GM

0.10

1.95

-0.041

0.076

37.65

0.77

0.69

0.059

2.08

33.64

0.989

Muscle

0.073

1.93

-0.051

0.11

52.64

0.87

0.76

0.081

4.11

46.62

0.981

Table 4.2 Results for fitting of MP T2 and R2 (adjusted for degrees of freedoms),
for ROI’s in WM, MG and muscle.
T2 (µs)
R

2

WM

GM

Muscle

107

135

26

0.89

0.93

0.90

4 .3 Extraction of MT related parameters and fitting of MP T2
Fig. 4.1 shows the fractional difference between images at two delays (𝐼𝑚 ∆=
2.2ms − 𝐼𝑚 ∆= 99ms )/𝐼𝑚(𝑅𝑒𝑓) for different powers levels (500Hz, 1000Hz,
1500Hz, and 2000Hz). It shows the B1 dependence of saturation effects, and stronger
saturation effect can be achieved by increasing B1, for up to 2000 Hz.
Voxel-wise fitting of the two-pool model (Eq. 1.12) to the IR and SR data allowed
robust extraction of the model parameters. ROI averaged results are shown in Fig. 4.3
and Table 4.1. The ROI-averaged values for R1,WP, f, and kMW were similar to those found
in recent in vivo studies on human brain based on similar methods at 7 T (1,2).
Comparing the measured FSMP(0,B1) (Eq. 4.1) with the simulated saturation effect on
MPs based on Bloch equations, resulted in MP T2 of 107, 135 and 26 µs in the ROI’s of
WM, GM and muscle respectively, as shown in Fig. 4.2 and Table 4.2.
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4 .4 Discussion and comparison
This study proves that the SR pulse used here can selectively saturate MPs in brain
within only 2 ms in vivo. This short pulse duration is advantageous for studying MT as it
minimizes the confounding CEST effects, which relies on applying RF pulses with long
durations (on the order of seconds) to saturate exchangeable protons (27) and would
otherwise complicate interpretation. Further our simulation shows that by changing the
number of sub-pulses, and B1, one can change the saturation effects on MPs with short T2
without altering WPs with long T2, which can be appreciated from Fig. 4.2.
A potential source of error is the wrong assumption of FSMP(0). An improvement
could be made by applying SR pulses with even longer pulse duration or higher B1 to
achieve complete saturation on MPs, for precise extraction of the two-pool exchange
model parameters, which will be demonstrated in our study on a fixed marmoset brain ex
vivo in Chapter 5. However, our experiments in this study were interrupted due to the
failure of the receive RF coil. For the range of reported T2 values, from 10 to 60 µs
(35,59,60,63,75,96,113), Bloch equations simulation shows that FSMP(0) varies from 0.93
to 1.0, as can be seen from Fig. 4.2. By changing FSMP(0) to 0.93, the ROI averaged MP
fractions change to 0.19 for WM, 0.064 for GM, and 0.088 for muscle, which have slight
increase, compared to the case of assuming FSMP(0) as 1.0, as shown in Table 4.1.
Therefore, the error in estimation of MP fraction induced by assumption of FSMP(0) is
small.
However, by assuming FSMP(0) as 1.0, the estimated fractional saturation levels for
SR experiments with B1 of 250-1500 Hz (symbols in Fig. 4.2), can not reliably fit to the
simulated saturation effects on MPs (lines in Fig. 4.2) to infer MP T2. The resultant T2 of
89

107 µs for WM and 135 µs for GM fall out of the range of the reported T2 values, from
10 to 60 µs (35,59,60,63,75,96,113). Overall the fittings of T2 for all ROI’s are not robust,
as can be seen from their adjusted R2 values, shown in Table 4.2. Besides the error
caused by the wrong assumption on FSMP(0), the discrepancy may partially be attributed
to the intrinsic insufficiency to use Bloch equations, which assume a Lorentzian
lineshape (134), to simulate the effects of RF pulses on MPs, which exhibits a superLorentzian lineshape (26,134).
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Chapter 5: Determination

of

the

resonance

frequency

and

T2

for

macromolecular protons in a fixed marmoset brain
Previous work has reported an asymmetry of MT around WP resonance frequency,
resulting from a mismatch between the resonance frequencies of WPs and MPs (66).
Studying of asymmetry in MT is essential for precise estimation of related parameters for
MT and CEST experiments. In this chapter, we measure the resonance frequency of MPs
relative to that of WPs, by applying off-resonance RF pulses to measure offset frequency
dependent saturation effects on WPs and MPs respectively. Similar to Chapter 4, MP T2
was also studied by applying RF pulses with different B1 (amplitude of the applied RF
pulses) and then simulating the B1 dependence of saturation effects on MPs, based on
Bloch equations simulation. The experiments were performed on fixed marmoset brain
samples, which allowed for much higher B1 than in vivo studies, due to the restriction on
specific absorption rate (SAR) for in vivo studies. The large B1 for RF pulses used in this
work (B1 ranged from 250 up to 5000 Hz) allowed us to achieve maximal saturation
effect on MPs (see Fig. 5.2), such that FSMP(0) could be taken as 1.0, which simplified
the two pool model fitting, as discussed in Section 1.2. This work is adapted from our
conference abstract (4).

5 .1 Importance of studying MP resonance frequency and MT asymmetry
Magnetization Transfer (MT) contrast has been used to study brain myelination and
for characterization of myelin disorders (63,135,136). Most MT studies ignore potential
chemical shifts between macromolecular protons (MPs) and water protons (WPs)
(26,63,135,136), despite the evidence to the contrary (66,67). Ignoring chemical shift
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results in errors in estimation of MT parameters, especially at high field. Experiments
with steady state off-resonance RF irradiation have been performed to characterize MP
chemical shift and its effect on MT; however, these generally suffer from confounds
related to direct WP saturation and CEST effects. Here, we propose a novel approach to
studying the MP chemical shift based on a delay-dependent pulsed MT experiment.
MP T2 was also studied, following methods similar to those described in Chapter 4,
by measuring the B1 (amplitude of the applied RF pulse) dependence of saturation effects
on MPs and comparing it with simulated saturation effects as a function of T2 and B1 (Fig
5.4), based on the Bloch equations.

5 .2 Two-pool exchange model and MRI measurements
One ex vivo scan of a fixed marmoset brain (Callithrix jacchus) was performed on a
Bruker 4.7 T scanner. In order to study MT without CEST and direct WP saturation
effects, we followed a recent approach based on monitoring the saturation of WP signal
following a brief, 4 ms MP saturation pulse (1,2). MP T2 was studied by applying RF
pulses with different B1 to saturate MPs to different extent and measuring the B1
dependence of saturation effects on MPs. This was further compared with the simulated
saturation effects as a function of B1 and T2, based on Bloch equations, to infer MP T2.
Further, the effect of an off-resonance frequency-specific saturation recovery (SR) pulse
(45,50,133) on both MP and WP magnetizations was also studied as a function of postsaturation delay t measured from the center of the pulse) using a multi-gradient echo
sequence. Then the amplitude of the saturation effects and its dependence on the offresonance frequency of the frequency-specific SR pulse were calculated and modeled
using a super-Lorentzian (SL) lineshape for MPs and a Lorentzian lineshape for WPs to
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determine their off-resonance frequencies respectively. First, experiments were
performed to determine parameters describing MT kinetics and MP T2, assuming a twopool model of exchange between MPs and WPs (defined as Experiment I), and
subsequently, both MP and WP resonance frequencies were investigated by fitting SL
and Lorentzian lineshapes to the magnitude of the saturation effects as a function of offresonance frequency of the frequency specific SR pulse respectively (defined as
Experiment II).
Two-pool exchange model
Following an initial RF pulse that differentially saturates the WP and MP pools, we
assume that the fractional saturations of the two pools, FSWP and FSMP, experience biexponential evolutions as described in Eqs. 1.12-1.13 in Chapter 1 (1,2,76).
Experiment I: Determination of MT parameters and MP T2
To measure the parameters related to the two-pool exchange model and MP T2, two
types of preparation pulses, namely a WP IR pulse and six composite broadband MP SR
pulse with varying B1 amplitude were used to saturate the two pools to different extents.
After variable delay t, MGRE image acquisition was performed to sample FSWP(t). The
inversion pulse had a constant B1 of 2000 Hz (1 Hz equals 0.0235 µT) and a pulse
duration of 0.5 ms. The six SR pulses had a common duration of 4 ms, each consisting of
a train of variable number of hard pulses with angles 90°, -180°, 180°, -180°, …., -180°,
90°. The six different combinations of number of pulses and B1 amplitude for the SR
pulses, included 3 & 250 Hz, 5 & 500 Hz, 9 & 1000 Hz, 17 & 2000 Hz, 33 & 4000 Hz
and 33 & 5000 Hz. The use of multiple different preparation pulses facilitated fitting λ1
and λ2, and furthermore allowed extraction of kMW, kWM, f, and R1,WP, and R1,MP. The use
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of multiple B1’s for the SR pulses allowed us to measure the B1 dependence of saturation
effects on MPs to infer MP T2, based on Bloch equations simulation (Fig. 5.4), similar to
the study in Chapter 4. By using the large range of B1 (from 250 up to 5000 Hz), we also
found that the saturation effect on MPs, FSMP(0), maximized for B1 of 2000Hz and above,
such that FSMP(0) for the pulses with B1 of 2000-5000 Hz was taken as 1.0, to simplify
the two-pool exchange model fitting, as discussed in Section 1.2.
Experiment II: Determination of resonance frequency for MPs and WPs
To determine MP and WP resonance frequencies, the broadband SR pulses were
replaced by a frequency-specific SR pulse and applied at 23 different frequency offsets
(F), ranging from -30 kHz to 30 kHz (-30, -15, -8, -5, -2, -1, -0.7, -0.4, -0.2, -0.1, 0, 0.1,
0.2, 0.4, 0.7, 1, 2, 5, 8, 15, 30 kHz). The pulse had a duration of 12 ms, a B1 amplitude of
500 Hz, and a hyperbolic secant envelope for its amplitude, with a β of 600 s-1 (104). The
full width at half maximum (FWHM) of its power spectral density is 119 Hz.
Image acquisition
For all IR and SR experiments, image data were acquired using multiple gradient
echo (MGRE), sampling only one slice after the preparation pulses. The delay times in
Experiment I were 3.8, 8, 28, 58, 98, 198, 398, 798 and 1598 ms (defined as the time
from the center of the inversion pulse to the center of the MGRE excitation pulse). The
delay times for the frequency-specific SR experiments in Experiment II were: 7.8, 57.8,
107.8, 207.8 and 407.8 ms. The IR and SR delay times were chosen to sample the signal
recovery dynamics. The isotropic image resolution was 0.25 mm. The echo time (TE)
was 3 ms, and TRs were 3 s for all IR and SR experiments. For all IR and SR
experiments, only one measurement were performed, and one reference signal was
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acquired by omitting the preparation pulse to provide to estimate 𝑀›œ ∞ in Eq. 1.12,
and allow conversion of the measured signals to FSWP(t).
Pre-processing
Pre-processing included signal polarity correction, and calculation of FSWP(t).
Polarity correction was needed only for IR (magnitude) data, because of signal
rectification during the complex-to-magnitude conversion, during image reconstruction.
It was performed based on the phase difference between the IR images with the (uninverted) reference image. The FSWP(t) level expressed in Eq. 1.12 was determined by
dividing each IR image by the corresponding reference image (i.e. data acquired without
inversion pulse). Analogous analysis was performed for the SR data, however without
performing the signal polarity adjustment. All processing was done in IDL (Exelsis
Visual Information Solutions, Boulder, CO, USA).
ROI selection
Regions of interest were selected in white matter and grey matter, as illustrated in
Fig. 5.1. All data are averaged within the WM and GM ROI’s respectively for further
analysis.

Figure 5.1 ROI’s in WM (purple) and GM (cyan).
Dependence of MP and WP saturations on frequency offsets of SR pulses
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To determine λ1, λ2, kWM, kMW, R1,MP and R1,WP, both the IR and the broadband SR
data from Experiment I were analyzed. Defining FSMP(0, B1) as the FSMP(0) created by a
broadband SR pulse with amplitude of B1 in Experiment I, and defining FSMP(0, F) as the
FSMP(0) and FSWP(0, F) as the FSWP(0) created by a frequency-specific SR pulse at
frequency offset F in Experiment II, FSMP(0, B1), FSMP(0,F) and FSWP(0, F) can be then
calculated based on analysis of all the data in Experiment I & II. The following steps
were involved:
[1] Fit Eq. 1.12 to the IR and broadband SR data in Experiment I jointly,
yielding one pair of decay rates (λ1, λ2) and seven pairs of amplitudes (a1,
a2) for GM and WM ROI’s respectively.
[2] R1,MP and R1,WP were assumed to be the same for WM and GM, as suggested
by previous report that the contrast between WM and GM primarily
originates from their difference in MP fraction (2,12,13). FSMP(0) was taken
as 1.0 for the SR experiment with B1 of 2000 Hz in Experiment I, based on
the observation from Fig. 5.4 that FSMP(0) maximized for B1 of 2000-5000
Hz. Then calculate kWM, kMW, R1,WP, R1,MP using Eqs. 1.10 & 1.14, based on
the decay rates and amplitudes found under Step [1].
[3] Fit Eq. 1.12 to the frequency-specific SR data from Experiment II, to find a
pair of amplitudes (a1(F), a2(F)) at each F, using decay rates (λ1, λ2) found
under Step [1]. Then calculate FSMP(0,F) and FSWP(0,F) using these (a1(F),
a2(F)) pairs, according to Eqs. 1.12-1.13 by setting t=0 s, with all other
parameters known from Steps [1] and [2], as shown in Eqs. 5.1-5.2.
𝐹𝑆Qœ 0, 𝐹 =

-Y ” (U§Y ]¨™• ]pY,™š )
¨™•
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-` (”)(U§` ]¨™• ]pY,™š )
¨™•

( 5.1 )

𝐹𝑆›œ (0, 𝐹) = 𝑎& (𝐹) + 𝑎: (𝐹)

( 5.2 )

[4] Using the amplitude pairs (a1(B1), a2(B1)) ((a1, a2) pair for broadband SR
experiments with amplitude of B1 in Experiment I) and decay rates (λ1, λ2)
found in Step [1], calculate FSMP(0,B1) using these (a1(B1), a2(B1)) pairs,
according to Eq. 1.13 by setting t=0 s, with all other parameters known
from Steps [1] and [2], as shown in Eq. 5.3.
𝐹𝑆Qœ 0, 𝐵& =

-Y ÀY (U§Y ]¨™• ]pY,™š )
¨™•

+

-` (ÀY )(U§` ]¨™• ]pY,™š )
¨™•

( 5.3)

Determination of resonance frequencies for MPs and WPs in WM and GM ROI’s
A SL lineshape (Eq. 5.4) was fit to the WM and GM ROI averaged FSMP(0,F)
respectively, following previous work (26,65). A Lorentzian lineshape (Eq. 5.5) was fit to
the WM and GM ROI averaged FSWP(0,F) respectively.
𝑔ŸÃ

𝐹 − ∆𝐹ŸÃ , 𝑇:,ŸÃ , 𝐴ŸÃ =
𝐴ŸÃ

:

•
`
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𝑔Ã ((𝐹 − ∆𝑓# (𝐹) − ∆𝐹Ã ), 𝑇:,Ã , 𝐴Ã ) = 𝐴Ã
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( 5.4 )
`

( 5.5 )

In Eqs. 5.3-5.4, A is a scaling factor, F is the frequency of the applied frequencyspecific SR pulse as mentioned above, and ΔF is the resonance frequency.
Determination of MP T2 for WM and GM ROI’s
Similar to the study in Chapter 4, FSMP(0,B1) was compared with the simulated
dependence of longitudinal magnetization following a broadband SR pulse on T2 and B1
(Fig. 5.4), obtained from simulations of the Bloch equations, to find T2 for MPs in WM
and GM respectively.
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Table 5.1 Fitting results of the two-pool exchange model parameters for WM and
GM ROI’s; R2 is adjusted for degree of freedoms.
λ1

λ2

R1, WP

R1, MP

f

kWM

kMW

R2

WM

28.04

2.11

1.44

3.97

0.29

7.11

17.64

0.999

GM

21.04

1.75

1.44

3.97

0.14

2.44

14.95

0.999

Figure 5.2 Fractional saturation of WPs in WM (a) and GM (b) ROI’s as a function
of delay time t for broadband SR pulses in Experiment I with different parameters: 250
Hz with 3 flips (black), 500 Hz with 5 flips (red), 1000 Hz with 9 flips (blue), 2000 Hz
with 17 flips (cyan), 4000 Hz with 33 flips (green), 5000 Hz with 33 flips (yellow). Solid
lines are two pool model fits to measurement data (symbols).

Figure 5.3 MP (black) and WP (red) fractional saturation in WM as a function of
frequency offset. Black line shows SL fit to FSMP(0,F) (black squares) and the red line
shows Lorentzian fit to FSWP(0,F) (red triangles).

98

Figure 5.4 Fractional saturation created by a SR pulse as function of T2 for four
different combinations of number of hard pulses and B1: 3 & 250 Hz (black), 5 & 500 Hz
(red), 9 & 1000 Hz (blue), and 17 & 2000 Hz (green) with the same pulse duration of 4
ms, simulated using the Bloch equations. Fitting these simulated fractional saturations to
those measured in WM (triangular symbols) and GM (square symbols) ROI’s resulted in
MP T2 of 36 µs for WM and 39 µs GM respectively.
Table 5.2 Results for fitting of MP T2 and R2 (adjusted for degrees of freedoms),
for ROI’s in WM and GM.
T2 (µs)
R

2

WM

GM

36

39

0.96

0.88

5 .3 Resonance frequencies of MPs and WPs and MP T2
Fig. 5.2 shows the fitting of FSWP(t) for the SR experiments in Experiment I to Eq.
1.12, for both WM and GM ROI’s. As can be seen, FSWP(t) maximized at 2000 Hz pulse
amplitude, suggesting full (100%) MP saturation. Table 5.1 shows the corresponding
two-pool exchange model parameters. The MP fraction and all the exchange rates,
including kMW, kWM, and R1,WP, and R1,MP in both WM and GM are higher than those

99

measured on marmoset brain in vivo reported in Chapter 4 (3), which may be attributed to
the dehydration effect induced by fixation.
Dependence of the fractional saturations of MPs and WPs on offset frequency of
the off-resonance RF pulse (Fig. 5.3) shows a maximum at -544 Hz (-2.72 ppm) for MPs
and 10 Hz (0.05 ppm) for WPs, in both WM and GM ROI’s. Overall, the resonance
frequency of MPs has a shift of -2.77 ppm relative to that of WPs.
Fitting of FSMP(0,B1) to the simulated saturation effects on MPs as a function of B1
and T2 is shown in Fig. 5.4. The MP T2 was found to be 36 µs for WM and 39 µs for GM
respectively, as summarized in Table 5.2.

5 .4 Comparison and discussion
The frequency specific SR experiments allowed investigation of MT asymmetries
without confounding effects from direct WP saturation and CEST (27). The former was
effectively accounted for in the 2-pool exchange model fitting approach, whereas the
latter was avoided due to the short duration of the MT pulse. Based on this, the MT effect
was found to be symmetric around -2.77 ppm, which is consistent with previous work
(66). The resonance frequency of MPs relative to WPs agrees with the range of chemical
shift of alkyl protons, which are abundant in membrane lipids and constitute a major
fraction of MPs. The observed MP chemical shift should be accounted for in the analysis
of MT or CEST experiments, that aim at quantifying parameters such as MP pool fraction
(f) and MT exchange rates (kMW and kWM), or the content and spectral properties of
exchangeable protons (27).
Experiments on the fixed marmoset brain allowed us to apply high-power RF pulse
(up to B1=5000 Hz in this study), and further to confirm in experiments, that using the SR
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pulse with 17 flips and B1 of 2000 Hz, the saturation effect on MPs maximized, as can be
seen from Fig. 5.4. Therefore, SR pulse with 17 flips and B1 of 2000 Hz proved to
completely saturate the MPs and the corresponding FSMP(0) could be taken as 1.0 to
simplify the fitting of two-pool exchange model as discussed in Section 1.2. This
determination of FSMP(0) provides improved estimation of two-pool exchange model
parameters and MP T2, compared to the study in Chapter 4, where FSMP(0) was estimated
only based on Bloch equations simulation.
R1,MP is found to be much higher than R1,WP, confirming our previous in vivo study
on human brain (2), reported in Chapter 3. However, in most conventional MT studies,
R1,MP was either assumed to be 1.0 s-1 or to be the same as R1,WP, which had been reported
to result in error in estimation of MP fraction (11). This may explain the high MP fraction
determined using our transient MT method (1,2), compared to the conventional steady
state MT approach (63,135).
The T2’s for WM and GM were found to be 36 and 39 µs respectively, consistent
with the reported T2 values, from 10 to 60 µs (35,59,60,63,75,96,113). However, both
T2’s are much smaller than 107 µs for WM and 135 µs for GM measured in vivo reported
in Chapter 4. Besides the difference in physiological conditions, this discrepancy can also
be caused by the improved determination of FSMP(0) using experiments with a large
range of B1 for the RF pulses in this study, whereas FSMP(0) was estimated only based on
Bloch equations simulation in Chapter 4.
Experimental data from Fig. 5.4 (symbols) shows that, increasing B1 from 1500 Hz
to 2000 Hz resulted in increase of FSMP(0,B1) from 0.93 to 1.0 for both WM and GM.
However, simulation based on Bloch equations shows no difference between saturation
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effects for RF pulses with B1 of 1500 Hz (the blue line in Fig. 5.2) and 2000 Hz (the
green line in Fig. 5.2), for T2 in the range of 30 to 400 µs, as can be seen from Fig. 5.4.
This may suggest that a portion of MPs has T2 values outside the range of 30 to 400 µs.
This is in agreement with the previous reported MP spectrum exhibiting a SL lineshape
(26,134), which is summation (or integration) of Gaussians with a range of T2 values
(74,102). The situation may be further complicated by the high B1 used in this study (up
to 2000-5000 Hz), which causes the saturation effects to be nonlinear with the power of
an RF pulse (the integral of squared B1 amplitude over the pulse duration) (137,138).
Altogether, this suggests that simulation based on Bloch equations, which assume a
single Lorentzian line for MPs, is insufficient to interpret the measured B1 dependence of
saturation effects on MPs in this study.
A potential confound is the effect of tissue heating, caused by the RF pulses with
high B1 (up to 5000 Hz) used in this study. Tissue heating may affect nuclear magnetic
resonance (NMR) properties, including T2 (139). To estimate the specific absorption rate
(SAR) and temperature change in the brain sample, we assume the RF pulse amplitude
B1=5000 Hz (117.4 µT) is uniform across the sample. Then the amplitude of the electric
field 𝐸 and SAR can be calculated as:
𝐸 = 𝐵& / 𝜀Ç 𝜀# 𝜇#

( 5.6 )

𝑆𝐴𝑅 = s𝐸 : /r

( 5.7 )

Here s= 0.67 S/m (140) is the conductivity and r=1000 kg/m3 is the density, 𝜀Ç =51 is the
relative permittivity (140), of the brain sample, 𝜀# and 𝜇# are the permittivity and
permeability of vacuum. Then the temperature increase ∆𝑇 created by each pulse can be
calculated as:
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∆𝑇 =

Ÿlp∗XÉ
Ê

( 5.8 )

where 𝑇P =4 ms is the pulse duration, and 𝐶=3600 J/kg/K (141) is the specific heat of
brain tissue. And ∆𝑇 is found to be 0.018 K, induced by the pulse with the highest B1 of
5000 Hz, for each cycle with TR of 3 s. Assuming the weight of the brain sample as 0.01
kg, then the power deposition rate can be written as:
𝑃=

Ÿlp∗#.#& ¨Ì∗ªÍ‘
Ž‘

( 5.9 )

Assume the temperature of the brain sample and air are in equilibrium, according to
Fourier’s law, the temperature difference between the brain sample and air can be
calculated as:
∆𝑇 =

œ∗Î

( 5.10 )

¨∗-

where a=0.001 m3 is the estimated surface area of the tube hosting the brain sample,
k=0.3 W·m−1·K−1 is the thermal conductivity of Fomblin filling in the tube, and b=0.003
m is the estimated distance from the brain sample to the interface of the tube and air.
With these assumptions, we found ∆𝑇=1.3 K. Therefore, the temperature change and the
thus induced change of tissue properties, caused by the high B1 RF pulses, are small and
unlikely to affect MP T2 values.
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Chapter 6: Spectral characteristics of semi-solid protons in human brain
white matter at 7 T
Due to the difficulty in the detection of MPs in MRI because of their short T2,
interpretation of MT contrast has generally relied on various assumptions about the
spectral properties of MPs and the effect RF pulses on their magnetization. For example,
in steady state MT, a super-Lorentzian lineshape centering at resonance frequency of
WPs is often assumed for MP spectrum (26,63); in previous transient MT experiments,
MPs were often assumed unaffected by the RF pulses (45,50). To better understand the
roles and behaviors of MPs in human brain MRI and further improve MT related MRI
techniques, the spectral properties of MPs, which define the response of MPs to a certain
RF pulse, have to be determined in vivo, and this is the goal of the work described in this
chapter. Low-amplitude (B1=200 Hz) RF pulses are used to measure the dependence of
the saturation effects of MPs on RF pulses applied at different frequency offsets and to
further determine the spectral properties for MPs, including their lineshape, T2, and
resonance frequency. Direct saturation on WPs is accounted for by the two-pool
exchange model described in Section 1.2. Confounds from CEST effects is minimized by
using RF pulses with short pulse durations of 6-12 ms. This work is adapted from our
manuscript accepted for publication in Magnetic Resonance in Medicine.

6 .1 Significance and previous attempts to quantify spectral properties of MP
In MRI of human brain, Magnetization Transfer (MT) contrast (142) has been used
extensively to study tissue composition, specifically the fraction of hydrogen (1H) protons
with restricted mobility, often referred to as semi-solid protons or macromolecular
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protons (MPs) (2,54,63,135,136). These protons, having a short T2, are generally not
directly detectable by MRI but, through MT, exert an influence on 1H protons in water
(WPs), the primary contributors to the MRI signal. Measures of the magnitude of this MT
effect have been used to study MP content in brain tissue (63,135,136) and characterize
alterations in brain myelin content in multiple sclerosis (94,143) and other pathology
(144–146).
The mechanisms underlying MT contrast are complex (147,148), often rendering
interpretation and quantification difficult. Generally, the strongest contributions to MT
come from MPs such as proteins and lipids, whose protons can affect WP magnetization
through dipolar coupling and chemical exchange (26,54,147,149). However, chemical
exchange effects of smaller molecules may contribute as well (42,150). And chemical
exchange effects can be enhanced by using long RF irradiation as is done in so called
chemical exchange saturation transfer (CEST) techniques (27). While MT generally
contributes to MRI contrast to some extent, this contribution is amplified by differentially
perturbing WP and MP magnetization levels from their thermal equilibrium values (54).
Because of this, MT contrast is not only dependent on dipolar coupling strength and
exchange rate between WP and MP, but also on specifics of the MRI pulse sequence
(54). It is the latter principle that has been exploited to highlight certain contributions to
MT, rendering a contrast that emphasizes either MPs (59,63,70,135,136) or exchangeable
protons (27,150) with some chemical specificity (27). On the other hand, MP
magnetization levels are often not well known and difficult to control, due to the short
transverse relaxation time (T2) of MPs. Therefore, for proper quantification of MT, and
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avoid unintended contribution of MT in general (non-MT) MRI applications, MP
magnetization levels need to be estimated.
Apart from the exchange rate between MPs and WPs, MT contrast is dependent on
the characteristics of the radiofrequency (RF) irradiation, the spectral characteristics of
MPs and WPs, and T1 relaxation. Of these factors, the MP spectrum may be the most
critical and most difficult to measure, because of MPs extremely short transverse
relaxation time constant (T2). Direct measurements with NMR spectrometers on ex-vivo
brain tissue samples and various membrane model systems, including myelin extracts and
lecithin, have shown that MPs have complex lineshapes with varying width and offresonance frequency, dependent on the host molecules and strength of dipolar coupling
with neighboring MPs (35,56–60). Typically, at field strengths up to 9.4 T, superLorentzian (SL) and Lorentzian lineshapes have been reported over a spectral range of
about 6 ppm and T2 values of 20-100 µs (35,56–60,111). The general understanding is
that in membrane-rich white matter, lipid methylene and methyl groups are the major
contributors to these spectra (13,35,59,111).
Because MP spectral characteristics may be quite different in-vivo, and at higher
field strengths, various attempts have been made to infer the MP spectrum from their
effect on the easier detectable WP signal using steady state MT experiments. Studies at
clinical field strengths up to 3 T have reported a SL lineshape with a T2 of in the range of
9-15 µs for white matter (WM) in-vivo (63,66,102), similar to the range of 9-13 µs found
for tissue samples using this approach (26,65,75,135), but below the 20-100 µs range
directly measured by NMR spectroscopy. In addition, several studies have found the MP
spectrum to be shifted by about -3 ppm relative to the WP resonance (66–69), consistent
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with the chemical shift of lipid methylene protons. However this has proven difficult to
reproduce, in particular at high field, due to confounding CEST effects (55), and
increased tissue heating associated with RF irradiation. Currently, most quantitative MT
methods assume the MP spectrum to be centered on the water resonance.
To further investigate MP spectral characteristics, with the ultimate purpose of
better quantifying MT contrast in MRI of brain tissue, we applied an indirect
measurement approach based on transient MT effects after MP saturation with a brief, RF
pulse (98). Using a range of specific RF frequencies allowed us to characterize MP
spectral characteristics in human brain at 7 T in an efficient manner, while minimizing
effects of CEST, tissue heating, and direct WP saturation.

6 .2 Two-pool exchange model and MRI measurements
MRI experiments were performed on eight human subjects (ages 20-49, average
30.6, 4 female), scanned under an IRB approval on a 7 T Siemens scanner using a 32channel receive array. In order to study MT without CEST and direct MP saturation
effects, we followed a recent approach based on monitoring the saturation of WP signal
following a brief, 6-12 ms MP saturation pulse (1,2). This saturation recovery (SR)
approach resembles the selective inversion recovery (IR) approach (45,50), but sacrifices
some sensitivity to obtain an improved estimate of initial MP magnetization level, and
render this level insensitive to B1 variation (1,2). Like the IR approach, it allows sensitive
determination of the parameters describing the MT process, by accounting for the direct
water saturation effects (1,2,45,50), and minimization of CEST effects and tissue heating.
First, experiments were performed to determine parameters describing MT kinetics,
assuming a two-pool model of exchange between MP and WP (defined as Experiment I),
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and subsequently, MP spectral characteristics were investigated by studying the
magnitude of the MT effects as a function of the frequency of narrowband MP saturation
pulse (defined as Experiment II).
Two-pool exchange model
Following an initial RF pulse that differentially saturates the WP and MP pools, the
fractional saturations of the two pools, FSWP and FSMP, experience bi-exponential
evolutions as follows (1,2,76):
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In these equations, MWP and MMP are the longitudinal magnetizations of the two
pools, R1,WP and R1,MP are their relaxation rates, λ1 and λ2 are fast and slow rate constants
of the saturation recovery, and a1 and a2 are the corresponding amplitudes. Parameters
kWM and kMW represent the MT exchange rate constants relative to WP and MP pool sizes
respectively.
Experiment I: Determination of MT parameters
To measure the parameters related to the two-pool exchange model, two types of
preparation pulses, namely a WP inversion recovery (IR) pulse and a composite
broadband MP saturation recovery (SR) pulse, were used to saturate the two pools to
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different extents. After variable delay t, EPI image acquisition was performed to sample
FSWP(t). The use of two different preparation pulses facilitated fitting λ1 and λ2, and
furthermore allowed extraction of kMW, kWM, f, and R1,WP by assuming R1,MP = 2 s-1 and
FSMP(0) = 0.93 for the broadband SR experiment as determined previously (2). The
inversion pulse was adiabatic, with a hyperbolic secant envelope, duration of 5.12 ms,
energy of 0.51 (µT)2s, B1 (amplitude of the RF field) modulation frequency of 833 Hz
and β of 1400 s-1 (104). The broadband SR pulse had a duration of 6 ms and consisted of
a train of 17 hard pulses with angles 60°, -120°, 120°, -120°, …., -120°, 60°, with a B1
amplitude of 833 Hz (2).
Experiment II: Determination of MP spectral characteristics
To determine MP spectral characteristics, the broadband SR pulse was replaced by
a frequency-specific SR pulse and applied at 12 different frequency offsets (F) with
respect to the water resonance frequency, ranging from -16 kHz to 16 kHz (-16, -8, -4, -2,
-1, -0.5, 0.5, 1, 2, 4, 8, 16 kHz). The order of scans for different values of F was
randomized for each subject. The pulse had a duration of 12 ms, and a hyperbolic secant
envelope for its amplitude, identical to that used for the inversion pulse described above,
with a β of 600 s-1 (104). The full width at half maximum (FWHM) of its power spectral
density is 119 Hz. A relatively low B1 amplitude of 200 Hz was used in order to avoid
saturation and the non-linear relationship between FSMP(0) and the integral of squared B1
amplitude over the pulse duration for all values of F (137,138). This simplified the
derivation of the MP spectrum from the experimental data.
Image acquisition
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For both IR and SR experiments, image data were acquired using single-shot EPI,
sampling 5 slices consecutively after the preparation pulse; cycling the slice order over 5
repetitions thus resulted in acquisition of 5 delay times for each slice (125). Axial-oblique
slices of 2 mm thickness were placed, with 3.4 mm inter-slice gap, parallel to AC-PC line
and encompassed the central part of the corpus callosum. The delay times for the IR
experiment were 6, 63, 144, 282 and 1200 ms (defined as the time from the center of the
inversion pulse to the center of the EPI excitation pulse). The delay times for the
broadband SR experiments were: 7, 127, 258, 401 and 559 ms and for the frequencyspecific SR experiments were: 10, 130, 260, 402 and 559 ms. The IR and SR delay times
were chosen to sample the signal recovery dynamics, within the constraint of the minimal
slice repetition time (TR) set by the duration of the EPI readout. The image resolution
was 144x108 with SENSE rate-2 acceleration, the field-of-view was 240x180 mm. The
echo time (TE) was 24 ms, TRs were 6 and 3 s for IR and SR experiments respectively.
In order to suppress signals from scalp lipids, the TE was increased by 0.49 ms on even
numbered repetitions (2). A multi gradient echo (MGRE) sequence with TR of 0.2 s, TE
of 2.5 ms, 7 echoes with echo spacing of 0.74 ms, the same resolution and field-of-view
as the EPI scans and total scan time of 21.6 s, was scanned before all IR and SR
experiments. This MGRE sequence served as reference to reconstruct the accelerated EPI
scans and was also used to estimate the B0 (amplitude of the static field) inhomogeneity.
For IR experiments, six repeat measurements were performed, the first two of which
omitted the inversion pulse and were used to provide a reference signal to estimate
𝑀›œ ∞ in Eq. 6.1, and allow conversion of the measured signals to FSWP(t). Similarly,
ten repetitions (including two serving as reference) and six repetitions (including one
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reference) were acquired for the broadband and frequency-specific SR experiments
respectively.
Pre-processing
Pre-processing included motion correction, signal polarity correction, averaging,
and calculation of FSWP(t). Prior to averaging repetitions, complex images were spatially
registered to correct for motion. Only in-plane registration was performed, as the small
number of slices did not support through-plane motion correction. Polarity correction was
needed only for IR (magnitude) data, because of signal rectification during the complexto-magnitude conversion. It was performed based on the phase difference between the IR
images with the (un-inverted) reference image. The FSWP(t) level expressed in Eq. 6.1
was determined by dividing each IR image by the corresponding reference image (i.e.
data acquired without inversion pulse). Analogous analysis was performed for the SR
data, however without performing the signal polarity adjustment. All processing was
done in IDL (Exelsis Visual Information Solutions, Boulder, CO, USA).
Voxel-wise determination of MP saturation
To determine λ1, λ2, kWM, kMW, and R1,WP, both the IR and the broadband SR data
from Experiment I were analyzed on a voxel-wise basis. Defining FSMP(0, F) as the
FSMP(0) created by a frequency-specific SR pulse applied at frequency F, FSMP(0,F) can
be then calculated based on analysis of the frequency-specific SR data in Experiment II.
The following steps were involved:
1.

Fit Eq. 6.1 to the IR and broadband SR data jointly, yielding one pair of
decay rates (λ1, λ2) and two pairs of amplitudes (a1, a2) for each voxel.
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2.

Assuming R1,MP=2 s-1 and FSMP(0) for the broadband SR experiment to
be 0.93 as determined previously (2), calculate kWM, kMW, R1,WP, using
Eqs. 6.3-6.4, based on the decay rates and amplitudes found under Step
(a).

3.

Fit Eq. 6.1 to the frequency-specific SR data, to find a pair of
amplitudes (a1(F), a2(F)) for every voxel at each F, using decay rates
(λ1, λ2) found under Step (a). Then calculate FSMP(0,F) using these
(a1(F), a2(F)) pairs, according to Eq. 6.2 by setting t=0 s, with all other
parameters known from Steps (a) and (b), as shown in Eq. 6.6.

𝐹𝑆Qœ 0, 𝐹 =

-Y ” (U§Y ]¨™• ]pY,™š )
¨™•

+
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Calculation of B0 shift for frequency-specific SR scans
B0 inhomogeneity and its drift over the course of the experiments can potentially
change the effective F for each of the frequency-specific SR pulses. B0 measurement with
methods like WASSR (151) can be used to correct for these effects. Here, B0
inhomogeneity for each scan was calculated voxel-wise as follows:
(a) The phase of even echoes of the MGRE scan was fitted to a linear model to
estimate spatial variations (inhomogeneity) in B0.
(b) The EPI (either IR or SR) scan following the MGRE was assumed to suffer
from the same B0 inhomogeneity as the MGRE scan.
(c) The relative B0 shift between successive EPI scans (temporal drift) was
determined from their relative phase.
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(d) The absolute B0 shift, ΔB0, for a specific EPI scan was calculated by summing
over all its previous relative B0 shifts and the B0 inhomogeneity of the first
EPI scan, as determined in Step (c) and Step (b) respectively.
MP spectral characteristics in a WM region of interest
To infer MP spectral characteristics in WM in human brain, we performed region
of interest (ROI) analysis. Since the total scan time for each subject took up to ~1.35
hours and only motion within the axial plane was corrected for by in-plane registration,
care was taken to select the ROI well within WM. This was done from images of the MP
fraction f thresholded at 0.2, and Gaussian smoothed over a kernel of 7 voxels. Fig. 6.1
shows an example of WM ROI’s on five slices for one of the 7 subjects studied.

Figure 6.1 Example of WM ROI selection. ROI location is shown superimposed on
EPI scan (top row), together with corresponding f maps. Selection was based on
thresholding f at 0.2, followed by Gaussian smoothing with a 7 voxel kernel.
The ROI averaged FSMP(0,F) was calculated for each subject. Following previous
work (26,65), a SL lineshape (Eq. 6.7) and Lorentzian (L) lineshape (Eq. 6.8) were fit to
this data.
𝑔ŸÃ

𝐹 − ∆𝑓# 𝐹 − ∆𝐹ŸÃ , 𝑇:,ŸÃ , 𝐴ŸÃ =
𝐴ŸÃ

:

•
`

X`,ÄÅ

~ # Ž ••‘ ` ’U&

𝑒𝑥𝑝 −2

:~(”U∆|T (”)U∆”ÄÅ )X`,ÄÅ :
Ž ••‘ ` ’U&

113

𝑠𝑖𝑛𝜃𝑑𝜃

( 6.7 )

𝑔Ã ((𝐹 − ∆𝑓# (𝐹) − ∆𝐹Ã ), 𝑇:,Ã , 𝐴Ã ) = 𝐴Ã

X`,Å
~ &] :~(”U∆|T (”)U∆”Å )X`,Å

`

( 6.8 )

In Eqs. 6.7 and 6.8, A is a scaling factor, F is the frequency of the applied
frequency-specific SR pulse as mentioned above, and ΔF is the resonance frequency of
MPs. Δf0(F) is the WM ROI averaged frequency offset caused by the B0 shift for a
frequency-specific SR scan applied at frequency F, and is equal to γΔB0/2π, with ΔB0
determined above and γ being the gyromagnetic ratio. The averages and standard
deviations were calculated for T2 and ΔF over subjects for both lineshapes. Fitting using
the sum of two Lorentzians to individual subject FSMP(0,F) was also performed, using a
common ΔFL determined from the single Lorentzian fit for both Lorentzians, to account
for the potential contribution of two MP pools with distinct spectral characteristics (73–
75,152). Finally, fitting SL, Lorentzian and sum of two Lorentzians to FSMP(0,F) data
combined from all subjects was also performed.
Effects of number of voxels selected in ROI on T2 and ΔF fitting
The number of voxels in the above-mentioned WM ROI for each subject ranged
from 2648 to 5580. To investigate the effects of number of voxels in ROI on fitting of T2
and ΔF, we reduced the number of voxels for each subject to 1024, 512, 256, 128, 64, 32,
16, 8, 4, 2, 1. These new voxels were randomly selected from the original WM ROI and
this process was repeated 50 times. Following each selection of variable number of
voxels, we repeated the processes of fitting to SL and Lorentzian as described above, to
find T2 and ΔF. The standard deviations for both T2 and ΔF were calculated over the 50
selections and 7 subjects (50*7=350 samples for T2 and ΔF, respectively), and were then
plotted as a function of the number of voxels in the ROI’s.
Potential effects of B1 amplitude on the MP spectrum
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The validity of our approach to infer the MP spectrum implicitly assumes a linear
relationship between FSMP(0,F) and the power of off-resonance MT pulses, which holds
true only when the B1 amplitude is low enough to avoid substantial saturation (137,138).
To study the effect of B1 amplitude of the frequency-specific SR pulse on the inferred
MP spectrum, we fitted a Lorentzian lineshape to simulated FSMP(0,F)’s using Bloch
equation. First, FSMP(0,F) for the MPs with a T2,input of 65 µs is simulated, under the
influence of frequency-specific hyperbolic secant SR pulse with a duration of 12 ms and
a B1 of 200 Hz (matching the preparation pulses used in the frequency-specific SR
experiments), applied at several different frequency offsets, ranging from -16 kHz to 16
kHz. A Lorentzian fit yielded a T2,output. Then, dependence of T2,output on T2,input and B1
were studied by varying T2,input while keeping B1 fixed as 200 Hz, and varying B1 while
keeping T2,input fixed as 65 µs, respectively. A Lorentzian rather than a SL lineshape was
used in all these simulations, due to the lack of a rigorous way to simulate Bloch
equations incorporating a SL lineshape, under influence of a shaped MT pulse (134).
Quantification of the symmetry of the MP spectrum
The effect of CEST on our spectrum measurements is expected to be small because
of the short, 12 ms duration of the RF pulses used for the SR experiment. To investigate
the presence of any remaining CEST effect, we analyzed spectral symmetry with the
notion that any asymmetries would point to a potential CEST contribution
(66,68,137,138). Symmetry was shown by inspecting the residuals after subtracting the
fits from ROI averaged FSMP(0,F) of all subject, done for all types of lineshapes,
including SL, Lorentzian and sum of tow Lorentzians.
Potential effects of assumptions for the values of R1,MP and FSMP(0)
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A potential source for inaccuracies in the extracted parameters are incorrect
assumptions for the values of R1,MP and FSMP(0). For the broadband SR experiment
(Experiment I), R1,MP=2.0 s-1 and FSMP(0)=0.93 were assumed, and these may not be
entirely accurate. We investigated the effect of changes in these values on the MP T2
determined in Experiment II, based on subject and ROI averaged values of decay rates
(λ1, λ2) and amplitudes (a1, a2) for all IR and SR experiments, which were fitted without
using any assumption. By varying R1,MP from 1 to 3 s-1 and FSMP(0) from 0.8 to 1.0
respectively, and going through procedures described above, new T2 values were found
for both SL and Lorentzian lineshapes, and these were compared with the original values.

6 .3 The spectral properties of MPs
Voxel-wise fitting of the 2-pool model (Eq. 6.1) to the IR and broadband SR data
allowed robust extraction of the model parameters. ROI averaged results are shown in
Fig. 6.2 and Table 6.1. A single set of rate constants (λ1 and λ2) fitted both IR and SR data
well, as judged from the close fit to the data apparent in Fig. 6.2. The ROI-averaged
values for R1,WP, f, and kMW were similar to those found in a previous study based on IR
and SR measurements at 7 T (1).
With the voxel-wise fast (λ1) and slow (λ2) rate constants known, voxel-wise twopool model fitting of FSWP(t) to the frequency-specific SR data yielded maps of
coefficients a1(F) and a2(F), as exemplified in Fig. 6.3 (top two rows). Next, using Eq.
6.6, voxel-wise values for a1(F) and a2(F) were used to calculate FSMP(0,F), whose maps
is shown as the bottom row of Fig. 6.3, and further ROI-averaged values for FSMP(0,F)
were determined for each subject. Before proceeding with fitting line shapes to these data,
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small adjustments to the data were made to correct for potential shifts in F due to
instrument drift. These correction values Δf0(F) were small relative to the spectral range.
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Figure 6.2 Two-pool model fitting (shown in lines) to subject and WM ROI
averaged FSWP(t) (shown in dots) of IR (a) and broadband SR (b) experiments, with the
error bars representing the standard deviations over subjects.
Table 6.1 Average (standard deviation) of the extracted two-pool model parameters
in WM ROI’s over subjects from Experiment I, with R1, MP assumed as 2.0 s-1 uniform
across the brain for all subjects, as determined previously by van Gelderen et al (1,2); all
rates are reported in s-1; R2 was adjusted for degrees of freedoms.
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Figure 6.3 Examples of maps of -a1(F) (first row) and a2(F) (second row), and
FSMP(0,F) (third row), for the frequency-specific SR data fit, at different frequency F
(from left to right: -16, -8, -4, -2, -1, -0.5, 0.5, 1, 2, 4, 8, 16 kHz); the bright spots are
created by amplification of noise in regions with low signal, through the data processing.
Table 6.2 summarizes the results of fitting a SL (Eq. 6.7), Lorentzian (Eq. 6.8), and
sum of two Lorentzians to subject-wise ROI-averaged FSMP(0,F). T2,SL of 9.6±0.6 µs and
ΔFSL of -773±14 Hz (-2.58±0.05 ppm), and T2,L of 65±2 µs and ΔFL of -727±28 Hz (2.42±0.09 ppm) were found for SL and Lorentzian fitting respectively. For the twoLorentzian fit, a common ΔFL of -727 Hz (-2.42 ppm) determined from the single
Lorentzian fit was used. This fitting resulted in a 74±3% fraction of MPs with a T2 of
23±5 µs, and a 26±3% fraction with a T2 of 124±13 µs. Judging from the R2 (adjusted for
degrees of freedoms) values, the SL and sum of two Lorentzians had similar performance
in the fitting, and both provided better fit than Lorentzian.
Table 6.2 Results of T2, ΔF and R2 (adjusted for degrees of freedoms) for fitting of
SL, Lorentzian and sum of two Lorentzians lineshapes to FSMP(0,F) data, report in the
form of subject average±(standard deviation over subjects); for sum of two Lorentzians
fit, a common ΔFL for both Lorentzians was assumed to be -727 Hz (-2.42 ppm),
identical to that obtained from the single Lorentzian fit. The component with T2 of
23±5µs, composes 74±3% of the total MPs, and the other component with T2 of 124±13
µs composing the rest.
SL

Lorentzian

Sum of 2 Lorentzians

T2 (µs)

9.6±0.6

65±2

23±5/124±13

ΔF (Hz)

-773±14

-727±28

-727

0.982±0.005

0.939±0.013

0.989±0.003

R

2
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SL and Lorentzian fits to ROI averaged FSMP(0,F) data were also performed on all
subjects jointly (but without averaging over subjects, since Δf0(F) is different across
subjects). This is shown in Fig. 6.4a, yielding T2,SL of 9.5 µs and ΔFSL of -781 Hz (-2.60
ppm) for the former, and T2,L of 65 µs and ΔFL of -726 Hz (-2.42 ppm) for the later.
Fitting to the same data using sum of two Lorentzians, resulted in T2,L ‘s of 23 µs (73%)
and 122 µs (27%), as shown in Fig. 6.4b.
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Figure 6.4 A SL lineshape (shown as the red dashed curve in a) and a Lorentzian
lineshape (shown as the black solid curve in a) fitting to the WM ROI averaged
FSMP(0,F) of all subjects jointly (shown in blue dots); sum of two Lorentzians (shown as
the curve in b) fits to the same data (shown in blue dots).
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Figure 6.5 Standard deviations (SDs) of T2,SL (a), ΔFSL (b), T2,L (c), and ΔFL (d),
calculated over 7 subjects and 50 random selections of voxels within WM region for each
subject, as functions of number of voxels.
Fig. 6.5 shows the standard deviations (SDs) of T2 and ΔF over 7 subjects and 50
random selections of voxels within the WM region for each subject, as functions of
number of voxels, which included 1024, 512, 256, 128, 64, 32, 16, 8, 4, 2, 1, for both SL
and Lorentzian fitting. As can be seen, the standard deviations for T2,SL , ΔFSL, T2,L , and
ΔFL all increase, as the number of selected voxels decreases. And even with only one
voxel selected for each subject, the standard deviations of T2,SL , ΔFSL, T2,L , and ΔFL are
all less than 30% of their respective average values, as shown in Table 6.2. Therefore, our
method to fit T2 and ΔF also works for reduced number of voxels included in ROI, but at
the penalty of greater uncertainty.
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Assuming the total variance 𝑉R (= 𝑆𝐷: ) is equal to the sum of inter subject variance
𝑉} and variance from the image noise 𝑉Ð /𝑁: 𝑉R (𝑁) = 𝑉} + 𝑉Ð /𝑁, with 𝑁 as the number of
voxels selected. Then we have 𝑉R 1 = 𝑉} + 𝑉Ð > 𝑉Ð and 𝑉R (1024) = 𝑉} + 𝑉Ð /1024. As
can be seen from Fig. 6.5, 𝑉R 1 /1024 and 𝑉Ð /1024 (< 𝑉R 1 /1024) for T2,SL, ΔFSL,
T2,L, and ΔFL are all negligible compared to 𝑉R (1024), we then have 𝑉R (1024) ≈ 𝑉} .
Therefore, the SDs at 𝑁 = 1024 (=

𝑉R (1024)= 𝑉} ) may only reflect the inter subject

variability. And all SDs at 𝑁 = 1024 shown in Fig 6.5 are close to those reported in
Table 6.2, where 𝑁 ranges from 2648 to 5580 for different subjects.
After subtraction of the fitted (symmetric) lineshapes from the spectral data,
residual signal appears small for the SL fit (Fig. 6.5a), and the fit of two Lorentzians (Fig.
6.5c). The small residuals and the absence of any clear asymmetry in their distribution is
consistent with expected suppression of CEST effects, and associated asymmetries, with
the measurement approach followed here. However, deviation of the residuals from zero
is obvious for the Lorentzian fit (Fig. 6.5b), confirming previous steady state MT studies
(63,70,135,136) where SL provided a fit superior over a Lorentzain lineshape.
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Figure 6.6 Residuals for the SL fit (a), single Lorentzian fit (b), and sum of two
Lorentzians fit (c) subtracted from the WM ROI averaged FSMP(0,F) of all subjects
(shown in dots), with data in range of 0 Hz<F<1500 Hz marked in red and -1500
Hz<F<0 Hz marked in blue.
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Results of the simulations performed to investigate the influence of the B1
amplitude on inferred T2 are shown in Fig. 6.6. As expected, for an actual MP T2 (T2,input)
of 65 µs, the inferred T2 (T2,output) drops precipitously with RF power (Fig. 6.6b).
However, at the experimental B1 amplitude of 200 Hz, this drop remains limited: the
T2,output of 60 µs underestimates T2,input by 5 µs, i.e. less than 10%. According to Fig.
6.6b, variation of B1 by 25 Hz results in an error in the estimation of T2,output on the order
of 1 µs, which suggest a low sensitivity to B1 inhomogeneity. Similarly, at other values of
T2,input , and B1 =200 Hz, the difference between T2,input and T2,output remains modest (Fig.
6.6c).
The extracted MP T2 values proved robust against small changes in assumed values
for R1,MP and FSMP(0). Changing R1,MP from 1 to 3 s-1 resulted in very little change in
FSMP(0,F). For the SL lineshape, T2,SL changed from 9.4 to 9.3 µs, while for the
Lorentzian, T2,L changed from 65 to 64 µs. Changes of FSMP(0) from 0.8 to 1.0 resulted in
a similar T2,SL in the range of 9.3-9.4 µs, and T2,L remained at a constant value of 64 µs,
although increasing FSMP(0) of the broadband SR experiment results in increased
FSMP(0,F).

6 .4Discussion and comparison with previous MP spectral studies
In order to aid interpretation of MT contrast at high field, we investigated MP
spectral characteristics in human brain WM at 7 T. For this purpose, we used a dedicated
indirect measurement approach that minimized direct saturation of WPs, CEST effects,
and tissue heating, problems often associated with the generation of MT contrast in-vivo.
We found that at 7 T, the MP spectrum is well represented by a symmetric, SL lineshape
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with a time constant T2,SL of 9.6±0.6 µs, and shifted by -2.58±0.5 ppm relative to the
water resonance. As will be discussed in the following, these results are consistent with
previous findings and mechanistic interpretations of MT from studies at lower field and
point to dipolar coupling between methylene protons as a major determinant of the MP
spectral characteristics. We anticipate that these values for the MP spectral characteristics
will help design and quantification of future MT studies at 7T.
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Figure 6.7 Simulations of influence of B1 amplitude on inferred T2: (a) Lorentzian
fit (the curve) to simulated FSMP(0,F) (the dots) of MP pool with T2,input of 65 µs, using
Bloch equation, under the influence of frequency-specific hyperbolic secant pulses with
B1 of 200 Hz, a common pulse duration of 12 ms, resulting in a T2,output of 60 µs; (b) B1
dependence of T2,output by varying B1 while keeping T2,input fixed as 65 µs; (c) T2,input
dependence of T2,output by varying T2,input while keeping B1 fixed as 200 Hz.
As has been found with previous indirect measurement of MP spectral
characteristics at 1.5 T and 3 T, (26,63,135,136) the 7 T data could be reliably fit with a
SL lineshape. This is consistent with a dipolar coupling mechanism in semi-solids such as
membrane proteins and lipids (26,60,102,153). In addition, it was found that the 9.6 µs
T2,SL at 7 T was similar to the 9.2 µs - 13.1 µs range of values found in previous studies at
lower fields between 0.5 T and 3 T (40,63,66,135,136). Like the SL lineshape, the field
independence of the linewidth is suggestive of a dominant contribution of dipolar
coupling, rather than width being determined by chemical shift differences between the
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1

H species contributing to MT (111). Previous direct measurements of MP spectral

characteristics on fixed human WM tissue samples have found 50- 65 µs for T2,L (58,59)
at 7 T and 4.7 T. These values were based on Lorentzian lineshapes, and translate into
T2,SL values of 16-21 µs for SL lines of the same FWHM. These ex-vivo Lorentzian
linewidths therefore are quite consistent with the in-vivo values, especially when
considering the differences in measurement conditions.
Our MT study at 7 T found that the center of the MPs spectrum is shifted upfield
relative to the resonance frequency of WPs by -2.58 ppm. This result agrees well with
values of -2.34 ppm previously reported at 3 T (66), and the -2.55 ppm reported in WM
of cat brain at 4.7 T (67). Combined, these studies show that the absolute spectral
frequency shift is proportional to field strength, an observation consistent with a
chemically shifted proton species contributing to MT. The value of the shift is somewhat
smaller than the range of -3.2 to -3.9 ppm measured for methylene protons, the dominant
proton species in myelin (35). While methylene protons are most abundant in WM (59), a
not insignificant contribution to our MT signal may have come from, more downfield
shifted proton species (e.g. in proteins and smaller molecules). These protons, while
measured together with the methylene protons, may shift the combined spectral line
downfield from the -3.2 to -3.9 ppm range.
To the extent that MT is caused by methylene protons in myelin lipids, their
substantial orientational order may introduce a dependence of spectral linewidth on the
direction of white matter fibers relative to the magnetic field. In fact, a recent study found
that T2,SL may vary between 12 and 15 µs, dependent on fiber orientation (102). Due to
lack of information about fiber orientation, we could not confirm this dependence in our
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own data. Nevertheless, if confirmed, a fiber-orientation dependent MP T2 would further
underscore the importance of the dipolar coupling mechanism for the apparent MP T2,
and furthermore predict an orientation dependence of MT effects. Similarly, since the
effect of an inversion RF pulse on MP magnetization depends on MP spectral
characteristics (2), orientation dependence of MP T2 may also render apparent T1 (as
measured from an IR experiment (2)) orientation dependent.
An advantage of the proposed method for the measurement of MP characteristic is
the insensitivity to CEST effects, which can substantially contribute to so called “zspectra” typically acquired to quantify MT effects (66,147,154), and thus confound
interpretation. When generating MT contrast with seconds-long RF irradiation, MT from
exchangeable protons can reduce the amplitude of the WP signal by as much of 2-4%,
which is substantial when considering that typical asymmetry in z-spectra due to nonexchanging protons is only on the order of 1-2% (66). Although currently several
approaches exist to distinguish CEST from other (non-exchange) MT effects
(138,154,155), CEST effects were not explicitly excluded from z-spectrum asymmetry
quantifications reported previously (66,67). Nevertheless, it appears that the quantitative
shifts characterizing this asymmetry are quite similar between the proposed and previous
methods and amount to about -2.6 ppm.
A potential source for inaccurate quantification of MP spectral characteristics with
the proposed method is the potential dependence on RF irradiation strength (B1
amplitude). Preliminary experimental study of effects of B1 on the spectrum measurement
was performed on two subjects in a similar manner as described above. Experiment I was
done in exactly the same way as described in Method for both subjects. In Experiment II,
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multiple B1’s were used for the frequency-specific SR experiment, to quantify the B1
dependence of ROI averaged FSMP(0,F). In lack of a rigorous way to do the simulation
based on a SL lineshape (134) as mentioned above, attempts were made to simulate these
data using single Lorentzian and a combination of multiple Lorentzians respectively,
however no close fit was found. This may reflect the intrinsic insufficiency of a
Lorentzian lineshape to represent the underlying interaction between the immobile MPs.
The situation may be further complicated by the existence of multiple MP species, each
with a SL lineshape centered on a different resonance frequency (35). Thus, while our
spectral measurements provide a measure of linewidth and chemical shift, both of which
provide insights into the molecular source of MT in white matter, uncertainty remains
about the precise lineshape.
The similar failure to simulate dependence of the saturation effects of MPs on B1
was also found in our study on a marmoset brain in vivo reported in Chapter 4 and on a
fixed marmoset brain ex vivo reported in Chapter 5. As discussed in Section 5.4, the study
Chapter 5 provided improved estimation of MT parameters than Chapter 4, therefore we
will only compare the results between Chapter 5 and this study here. In this study, we
found MP T2 of 65 µs for human brain WM in vivo assuming a Lorentzian lineshape,
while in Chapter 5, MP T2 was found to be 36 µs for WM. The fractional saturations
FSMP(0,F), as shown in Fig. 6.4a, are less than 0.3 for all frequency offsets, whereas in
Chapter 5 the fractional saturations FSMP(0,B1), as shown in Fig. 5.4, ranged from 0.3 up
to 1.0. Therefore, this study is less subject to influence from the nonlinear relation
between saturation effects on MPs and the RF power (137,138), and the reported MP T2
is more reliable than that in Chapter 5.
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The skin depth, 𝛿, for the RF pulses can be calculated using the following formula:
𝛿=

:Ô
ÕÖ

1 + (𝜌𝜔𝜀): + 𝜌𝜔𝜀

( 6.9 )

Here 𝜌= 1.49 Ω⋅m is the resistivity of brain tissue (156), 𝜔=2p*300 MHz is the angular
frequency of resonance at 7 T, 𝜇=1.26*10−6 N·A−2 is the magnetic permeability, and
𝜀=4.6*10-10 F/m is the permittivity at 7 T (140). This results in a 𝛿 of 6 cm, compared to
the typical adult head’s diameter of 16 cm (156). However, in practice, multiple RF coils
are posited around the head of a subject, in a cylindrical shape. The coils create
cylindrical RF field with the highest B1 at the center, as shown in previous studies (156),
providing enough RF amplitude to image the whole brain.
A novel approach was introduced to study MPs spectral characteristics while
minimizing effects of RF-related tissue heating, direct saturation of WPs and CEST
effects. Applied to WM in human brain at 7 T, MPs were found to have a symmetric, SL
lineshape with a T2,SL of 9.6 µs and an resonance frequency ΔFSL of -773 Hz (-2.58 ppm),
consistent with previous results at low field, and consistent with a previously suggested
major contribution of dipolarly-coupled lipid methylene protons. These results, as well as
the proposed measurement approach, are expected to facilitate the use and interpretation
of quantitative MT approaches at high field.
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Chapter 7: Combination of MT and R2* measurements to distinguish
between contributions of semisolids and iron to R1
In human brain, the apparent longitudinal relaxation rate (R1) primarily originates
from magnetization transfer (MT) effects associated with the macromolecular 1H-proton
(MP) fraction (f), as demonstrated in Chapter 3. However, in iron-rich regions, the iron
concentration may contribute significantly as well (33). To quantify the relative
contributions of iron and macromolecules at 7 T, we measured f and R1 of water protons
(R1,WP) corrected for MT effects, using the methods described in Chapters 2 & 3. Using
values of brain iron levels from literature, the relationship between iron concentration, R1,
and R2* was investigated and found to be approximately linear. The results indicate that
the combination of R2* and MT measurements may provide a sensitive means to quantify
R1,WP, f and iron concentration.

7 .1 Correlations of the apparent R1 with iron concentration
Previous studies have shown that R1 contrast in brain is predominantly determined
by the macromolecular 1H-proton (MP) fraction f (2,33). Therefore, methods (1,45,50)
based on monitoring the longitudinal relaxation of water 1H-protons (WPs) followed by a
two pool, i.e., WPs and MPs, exchange model analysis have been used (2,45,50) to
estimate f. However, these studies generally require extensive experiments to solve for
the unknown parameters in the two-pool model, often requiring a number of simplifying
assumptions (1,45,50), as discussed in Chapter 1. These assumptions may not be correct
in regions with high iron concentration. For example, iron may affect the intrinsic R1 of
WPs (R1,WP) in the absence of MT effects and in iron-rich brain regions the iron
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concentration has been found to correlate with the apparent R1 (33). Here, we applied a
previously introduced pulsed MT method to measure R1,WP, described in Chapters 2-3 and
correlated it with R2* as a surrogate indicator of iron concentration, as well with putative
iron concentrations derived from previously published histological measurements
(78,79).

7 .2 Two-pool exchange model and MRI measurements
MRI experiments were performed on seven human subjects (ages 23-49, average
age 32.3, 3 females), scanned under an IRB approval on a 7 T Siemens scanner. This
study included measurement of R1,WP, And R2* was measured using a MGRE sequence.
Details of experiments and data processing procedure are described below.
Measurement of R1,WP
R1,WP was measured using the same procedure as presented in subsections of
Experiment I: Determination of MT parameters and Image acquisition in Chapter 6.
Basically, two types of preparation pulses, namely a WP inversion recovery (IR) pulse
and a composite broadband MP saturation recovery (SR) pulse, were used to saturate the
two pools to different extents. This was followed by EPI image acquisition at variable
delay t, to sample FSWP(t), as shown in Eq. 1.12. (Refer to the two relevant subsections in
Chapter 6 for details.)
Measurement of R2*
R2* was measured using a MGRE sequence with TR of 1 s, TE of 3.2 ms, 28 even
echoes with spacing of 1.54 ms, the same resolution and field-of-view as the EPI scans,
and 2 repetitions.
Data Analysis
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Pre-processing
Pre-processing of MGRE images for R2* determination included removing both
constant phase and linear phase drift for all echoes, such that only the dephasing induced
by the local magnetic field inhomogeneity was kept. The magnitude values of these
images were used for R2* fitting. On EPI images, distortion due to B0 inhomogeneity was
corrected by subtraction of a linear phase from the EPI images, calculated by fitting a
linear phase drift through echoes using the MGRE images. Then all MGRE and EPI
images were registered to correct only for in-plane motion, since the small number of
slices did not support through-plane motion correction. For IR images, polarity correction
was performed for their magnitude data, based on the phase difference between the IR
images with the (un-inverted) reference image, to correct for signal rectification during
the complex-to-magnitude conversion. Then averaging over repetitions was performed
for all images. FSWP(t) as expressed in Eq. 1.12 was calculated by dividing each IR image
by the corresponding reference image (i.e., data acquired without inversion pulse).
Analogous analysis was performed for the SR data, however without performing the
signal polarity adjustment. All processing was done in IDL (Exelsis Visual Information
Solutions, Boulder, CO, USA).
Voxel-wise determination of R2*
A single exponential decay, as shown in Eq. 7.1, was fitted to the magnitude data of
the images acquired using the MGRE sequence, in a voxel wise fashion.
𝑀q 𝑡 = 𝑀q# 𝑒 Up`

∗R

( 7.1 )

Here, 𝑡 is the time of each echo, 𝑀q 𝑡 is the magnitude of the corresponding
transverse magnetization at echo time 𝑡 , and 𝑀q# is the magnitude of the initial
transverse magnetization at 𝑡 = 0. The first 3 echoes were dropped, and only echo times
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between 7.8 ms to 44.8 ms (including 25 echoes) were used for the fitting, to avoid
influence from the fast decaying myelin water component, whose T2* is on the order of 7
ms (72).
Voxel-wise determination of R1,WP
To determine λ1, λ2, kWM, kMW and R1,WP, both the IR and the SR data were fitted to
the two-pool exchange model, on a voxel-wise basis, following these steps:
(a) Fit Eq. 1.12 to the IR and SR data jointly, yielding one pair of decay rates
(λ1, λ2) and two pairs of amplitudes (a1, a2) for each voxel.
(b) Assuming R1,MP=2 s-1 and FSMP(0) for the SR experiment to be 0.93 as
determined previously (2), calculate kWM, kMW, R1,WP, using Eqs. 1.10 &
1.14, based on the decay rates and amplitudes found in Step (a).
ROI selection
Four ROI’s were drawn in Caudate nucleus (CN), Putman (PUT), Thalamus (TH)
and Frontal white matter (FWM), as exemplified by Fig. 7.1.

Figure 7.1 Example of hand drawn ROI’s (a) on Caudate Nucleus (CN) (pink),
Putamen (PUT) (green), Thalamus (TH) (yellow) and Frontal White Matter (FWM) (red).
ROI locations are shown superimposed on a MGRE image at echo time of 32.5 ms,
together with the corresponding f (b) and R2* (c) maps.
Estimation of iron concentration
Iron concentration in the four ROI’s was calculated using formulae published in a
study by Hallgren et al. (79) as follows:
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Caudate nucleus: 𝑦 = 96.6 1 − exp −0.05𝑥
Putman: 𝑦 = 146.2 1 − exp −0.04𝑥

+ 3.3

+ 4.6

( 7.2 )
( 7.3 )

Thalamus: 𝑦 = 141.9 exp −0.013𝑥 − 134.4 exp −0.0439𝑥

( 7.4 )

Frontal white matter: 𝑦 = 39.5 1 − exp −0.10𝑥

( 7.5 )

+ 3.1

where 𝑦 is the fresh weight concentration of non-heme iron in parts per million (ppm),
and 𝑥 is the age of the subject in years. In Hallgren et al.’s original report (79), no
formula was provided for TH, but the TH data was later fitted to a bi-exponential model
as shown in Eq. 7.4 reported in another study (78).
Correlation of R2*with putative iron concentration and MP fraction
The subject-wise ROI-averaged correlations between R1,WP and the iron
concentration, between R1,WP and R2*, and between R2* and the iron concentration were
studied using linear regression, respectively.

7 .3 Correlation of R1,WP with R2* and putative iron concentration
Table 7.1 shows the fitting results of R2*. Results on the two-pool model parameters
fitting, including f and R1,WP, are shown in Table 7.2. The fittings of R2* and R1,WP are
both robust, as demonstrated by the adjusted R2 values in Table 7.1-7.2.
Linear regression of R2* with the iron concentration gives: 𝑅:∗ 𝐶”† = 0.218𝐶”† +
28.1 with adjusted R2 of 0.79, where 𝐶”† is the fresh weight concentration of non-heme
iron in parts per million (ppm). Linear regression of R1,WP with the iron concentration
gives: 𝑅&,›œ 𝐶”† = 0.00118𝐶”† + 0.33 with adjusted R2 of 0.78. And linear regression
of R1,WP with R2* gives: 𝑅&,›œ 𝑅:∗ = 0.00433𝑅:∗ + 0.22 with adjusted R2 of 0.60. These
three correlations are shown in Fig. 7.2.
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Table 7.1 ROI averaged R2* (in Hz), averaged (±standard deviation) over all
subjects; R2 was adjusted for degrees of freedom.
CN

PUT

TH

FWM

R2*

45±5

51±5

40±3

38±2

R2

0.997±0.004

0.999±0.001

0.999±0.001

0.994±0.005

Note: Caudate Nucleus (CN), Putamen (PUT), Thalamus (TH) and Frontal White
Matter (FWM)
b
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Figure 7.2 Linear correlations between R1,WP and iron concentration (a), between
R1,WP and R2* (b), and between R2* and iron concentration (c), with iron concentration as
weight fraction.

7 .4 Comparison and discussion
As shown in Table 7.2, 𝑅&,›œ varies from 0.37 to 0.45 s-1 in all ROI’s. Taking
parameters from TH as an example, varying 𝑅&,›œ from 0.37 to 0.45 s-1, but keeping
other parameters unchanged, results in change of 0.0097 s-1 in l1 and 0.0702 s-1 in l2,
corresponding to 0.2% and 10.5% of l1 and l2 respectively. This is in agreement with a
report by Rooney et al. (29) that, in iron-rich regions, iron concentration accounts for 1020% change in the apparent R1.
R2* is found to linearly correlate with the iron concentration, consistent with
previous reported linear correlation of R2* with iron (157–159). Importantly, R2* can be
used to reliably estimate R1,WP to reduce the number of unknowns in Eqs. 1.10-1.14 and
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can possibly be used to facilitate the extraction of two-pool exchange model parameters,
including MP fraction.
Table 7.2 Average (standard deviation) of the ROI averaged two-pool model
parameters over subjects, where R1,MP was assumed as 2.0 s-1 uniform for all brain
regions, as determined previously (1,2); all rates are reported in s-1; R2 was adjusted for
degrees of freedoms.
ROI
CN

PUT
TH
FWM

a1(IR)

a2(IR)

a1(SR)

a2(SR)

λ1

λ2

R1, WP

R1, MP
2.0

0.08

1.86

-0.08

0.14

15.3

0.56

0.42

(0.01)

(0.02)

(0.01)

(0.01)

(2.6)

(0.01)

(0.02)

0.08

1.85

-0.09

0.16

12.6

0.60

0.45

(0.01)

(0.01)

(0.01)

(0.01)

(2.0)

(0.02)

(0.02)

0.10

1.85

-0.12

0.20

11.4

0.63

0.41

(0.01)

(0.01)

(0.01)

(0.01)

(0.9)

(0.02)

(0.01)

0.24

1.72

-0.20

0.26

9.37

0.72

0.37

(0.02)

(0.03)

(0.01)

(0.01)

(0.52)

(0.02)

(0.02)

2.0
2.0
2.0

f

kWM

kMW

R2

0.10

1.27

12.2

0.9998

(0.01)

(0.19)

(2.4)

(0.0001)

0.11

1.20

9.6

0.9998

(0.01)

(0.20)

(1.8)

(0.0001)

0.16

1.53

8.1

0.9997

(0.01)

(0.12)

(0.8)

(0.0001)

0.26

1.97

5.8

0.9999

(0.02)

(0.13)

(0.4)

(0.0001)

Note: Caudate Nucleus (CN), Putamen (PUT), Thalamus (TH) and Frontal White
Matter (FWM)
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Chapter 8: Summary
In summary, this dissertation presents our quantitative study of the mechanisms of
T1 relaxation in brain MRI, with an emphasis on understanding the contribution from
magnetization transfer. Properties of MPs, including their relative concentration, their
exchange rate with WPs, T2, lineshape, and resonance frequency are extensively
investigated. Our approach, based on transient MT followed by two-pool exchange model
fitting, has much lower RF power deposition than conventional MT methods and thus can
be applied safely on human in vivo, even at high field strength.
The two-pool exchange model, as introduced in Section 1.2, proves to fit robustly
to the longitudinal magnetization relaxation of WPs for all three types of tissues,
including human brain in vivo, marmoset brain in vivo, and fixed marmoset brain ex vivo.
The recovery of WP longitudinal magnetization is confirmed to follow a bi-exponential
evolution, with two distinct rate constants, which are different from the intrinsic R1’s (=1/
T1) of WPs and MPs. T1 contrast is dominated by MT between WPs and MPs (2).
Through the study of MT, we quantified the properties of MPs in human brain in
vivo, including their relative fraction, exchange rate with WPs, based on experiments
using high B1 RF pulses to achieve almost complete saturation on MPs, followed by twopool exchange model analysis. This method provides a fast and practical way to measure
MP fraction and to quantify contribution of MPs to T1 contrast. MPs were found to
constitute up to 27% of total 1H protons in human brain white matter, which is consistent
with previous reports based on chemical analysis (36) and MRI based proton density
studies (81,126).
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For the first time, we demonstrated a novel approach to investigating the spectral
properties of MPs in vivo at high field, including the lineshape, T2, and resonance
frequency. This was achieved by applying low-power RF pulses at different frequency
offsets and using a two-pool exchange model to account for the direct saturation effect on
WPs. CEST effects, which can be magnified by applying long RF pulses and often
confound the steady state MT experiments, are minimized in our method through using
RF pulses with short pulse duration. We have shown that in white matter, at 7 T, the MP
spectrum can be approximated using a super-Lorentzian line with a resonance frequency
of -2.58±0.05 ppm, and a transverse relaxation time constant T2 of 9.6±0.6 µs, which is
consistent with previous results in vivo at lower field strength (66,136). The measured
spectral properties of MP together with the understanding of MT, can serve as
predetermined knowledge for interpretation of other studies of MT and CEST, can help
better understand MRI contrasts, and can further be useful for developing new MRI
techniques at high field.
Our method of measuring MP fraction can potentially be used to study brain tissue
changes in neurodegenerative diseases (160), such as multiple sclerosis and Parkinson’s
disease. These diseases are found to be associated with loss of myelin, which constitutes
most of the MP content in WM (35), functions as insulating layers surrounding axons
(86,144), and is essential for neural signal transmission. Previous studies (93) have
shown that MS lesions have lower MP fraction than healthy brain tissue. Compared to the
conventional z-spectra method (54,136), our way to measure MP fraction is fast and the
fitting to the two-pool exchange model is robust. However, our method must be expanded
from the current two-dimensional image acquisition to three-dimensional image
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acquisition if it is to be applied for clinical diagnosis and for monitoring the process of
treatment. This is currently being investigated.
The work presented in Chapter 7 demonstrated the linear correlation between the
intrinsic longitudinal relaxation rate of WPs, R1,WP, with the transverse relaxation rate, R2*.
Therefore, when using the two-pool exchange model as introduced in Section 1.2, instead
of fitting R1,WP as an independent parameter, it can be estimated using R2*, which can be
quickly and reliably determined using a MGRE sequence. In this case, only three
independent parameters have to be fitted as discussed in Section 1.2, and only MP
saturation pulses are needed for measurement of MP fraction, as discussed in Chapter 2
(1). This will further save the scanning time and make the two-pool exchange model
more reliable for studying the MP fraction, making our method more feasible for clinical
applications.
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