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Chapter 1: Introduction 

1.1. Objective 

The theories and experiments described in this thesis aim to advance the in vivo utility of 

magnetization transfer (MT) at clinical field strengths (e.g., 3 tesla (T)).  MT pulse sequences have 

the ability to probe tissue macromolecular content by exploiting dipolar and chemical exchange, 

a biophysical phenomenon where hydrogen atoms in macromolecular tissue components, such 

as in the myelin of white matter, exchange information with the surrounding hydrogen atoms 

attached to water.  MT experiments have been used to characterize healthy tissues such as in 

the brain (1-13), spinal cord (11,14,15), and muscle (16-22).  Additionally, MT has been shown to 

be sensitive to several different pathologies, including multiple sclerosis (MS) (13,23-29), Lupus 

erythematosus (30), dementia, Huntington’s, Parkinson’s (31), and schizophrenia (32). 

While the MT effect can be measured by utilizing a variety of pulse sequences, the focus 

of this thesis will be on off-resonance saturation-based MT, as formalized by Wolff and Balaban 

(33).  By applying a large amplitude saturation pulse off-resonance with respect to water, tissue 

macromolecules (so-called macromolecular pool) can be selectively saturated; the saturation will 

then exchange with water protons (so-called free pool) through the MT effect.  Previous work 

has built a solid foundation to study the MT effect in vivo (15,33-39); however, the existing 

literature has not explored in depth into how the MT effect can be better exploited to aid clinical 

diagnosis.  Several previous studies (40-43) have introduced new methods and concepts 

regarding the MT effect, however, many of these techniques have not been tailored towards  

clinical implementation in the human imaging domain.  Additionally, when MT is a confounding 

factor, a few researchers (40,43-45) have found ways to model the MT component in CEST, 

however, they have not provided a clinically utilizable acquisition and modeling strategy to 

effectively remove this effect to improve the sensitivity to the CEST effect alone, which this 

dissertation aims to overcome.  Advancing methods of characterizing tissues using MT will be 

valuable for understanding tissue macromolecular composition, as well as characterizing 

pathologies at clinical field strengths. 
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In this chapter, a brief summary of the history of MT is provided, followed by the 

fundamental background that explains the manner in which magnetic resonance imaging (MRI) 

works and the foundation of MT upon which this thesis is based.  This chapter then concludes 

with a brief overview of the body of work contained herein. 

1.2. Background Theory in MT 

1.2.1. A Brief History of Magnetization Transfer 

MRI has proven to be remarkably versatile since its inception, introducing many different types 

of contrasts that can provide exceptional anatomical detail, including the ability to quantitatively 

characterize the underlying tissue structure and function within organs and systems.  In 

particular, magnetization transfer (MT) has proven to be an important method of probing tissue 

macromolecular structure and composition that cannot be captured from conventional MRI 

contrasts alone. 

After Bloch discovered and formulated the now famous Bloch equations in 1946 (46,47), 

describing how the magnetic moments of nuclei will form a magnetization vector in a static 

magnetic field, a period of rapid discovery occurred.  Only a few years later, resonance shifts due 

to electronic shielding were observed in several different media (48-50).  In particular, in 1950 

Dickinson (49) & Proctor and Yu (50) each demonstrated that the resonance frequencies of F19 

and N14, respectively, would change depending on which compound they were within.  Later, 

Gutowsky, et al. (51) in 1953 discovered that nuclei could induce an observable magnetic 

moment on other nuclei, laying the foundations for exchange-related nuclear magnetic 

resonance (NMR) spectroscopy and for assessing physiologic processes such as chemical 

exchange. 

Finally, after several years of deriving line-shape reaction-rate formulas as solutions to 

the Bloch equations with exchange, in 1958 McConnell (52) simplified these equations to form 

the two pool (macromolecular and free) Bloch-McConnell equations, which was modified to add 

a chemical exchange component.  These equations are fundamental for describing how systems 

exchange NMR signal over time, and are the foundations for current research into multi -pool 

systems.  Experiments by Edzes and Samulski (16,53) in 1977 and 1978 demonstrated some of 

the first studies showing that water molecules in biological systems are perturbed by exchange 
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from other tissues.  By utilizing collagen and muscle tissue, they demonstrated that 

macromolecular protons affect water T1 relaxation, and thus, proved that exchange occurs 

between water and its surroundings in biological systems.  In 1986, Sobol, et al. (17) further 

demonstrated that T1 relaxation of water changes in biological tissues, and importantly, 

developed some of the first estimates of the exchange rate between water and the semi-solid 

macromolecular components. 

The first example of MT in vivo was performed in 1989 by Wolff and Balaban (33) in a 

rabbit kidney.  They demonstrated that by irradiating off-resonance from water, they could 

selectively saturate the restricted, macromolecular pool; this in turn attenuated the water signal 

through dipole-dipole (54) and chemical exchange (55) between macromolecular and free water 

protons.  A few years later, in 1991, Caines, et al. (18) utilized these experiments to incorporate 

off-resonance saturation effects into the Bloch-McConnell equations, providing one of the first 

models to simulate saturation transfer experiments.  To test these theories in vitro, in 1993 

Henkelman, et al. (34) applied these equations to agar phantoms, demonstrating that these 

models can be applied to quantify the MT effect.  The improvement from this group was the 

addition of a line shape function/model for the MT (macromolecular) pool, which is now adopted 

as current practice for modeling the MT pool.  Morrison (3,19) in 1995 refined the theories 

proposed by Henkelman and predecessors by incorporating a super-Lorentzian function for the 

MT pool line shape in tissues.  She theorized that membrane proteins or lipids are primarily 

participating in exchange in these large, solid tissues, and thus, can be approximated by using a 

super-Lorentzian line shape, while liquids like blood exhibit a more Lorentzian line shape due to 

the lack of these proteins and lipids. 

The robust translation towards human in vivo MT experiments was supported by Sled and 

Pike (35,36) in 2000 and 2001 when they developed a pulsed steady state spoiled gradient echo 

(SPGR) sequence to generate MT contrast that could be easily deployed on human scanners.  

Early MT acquisitions relied on continuous wave (CW) pulses (4,5), which are long high-amplitude 

RF saturation pulses.  However, CW pulses are difficult to employ in human scanners due to 

hardware (CW pulses utilize specialized transmit coils) and power (CW pulses typically require 

high amplitude pulses, which may exceed human safety limits) constraints.  Pulse trains were also 
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employed to reduce hardware constraints (56), but these were still not as time-efficient as the 

pulsed method Sled and Pike introduced.  Alternatively, Gochberg, et al. (57) demonstrated that 

a selective inversion recovery (SIR) acquisition scheme can also yield MT contrast and offer 

quantifiable indices, however, it was less time efficient than the pulsed approach presented by 

Sled and Pike.  Sled and Pike provided an acquisition method that was much faster than the above 

techniques, and could easily be deployed over large volumes with minimal hardware demands , 

making this acquisition strategy ideal for clinical use.  This pulse sequence has been so integral 

to fast imaging, that it is still one of the dominant strategies for in vivo MT imaging today.  

The progression of magnetization transfer theory has been rapid, and the growth of 

applications has been tremendous since the discovery of MT-based contrasts.  These newly 

developed acquisition strategies and processing techniques make MT an important investigatory 

tool for examining the underlying microstructure in a variety of tissues today, both in research 

and in the clinic and variants on such techniques are the benchmark for this body of work. 

1.2.2. Basic MR Theory 

The NMR phenomenon arises from nuclear spins interacting with a static magnetic field.  In order 

for a nucleus to be detectable in an NMR experiment, it must have intrinsic angular momentum 

(𝑺), known as spin.  This angular momentum induces a magnetic dipole in these nuclei, given by: 

 𝝁 = 𝛾𝑺 1.1 

where 𝛾 is the gyromagnetic ratio (42.58 MHz/T for protons).  From quantum mechanics, while 

the NMR phenomenon may arise within any nucleus with spin quantum number 𝐼 > 0, MRI is 

almost exclusively performed on the protons of water molecules (where 𝐼 = 1/2), and thus will 

serve as an example without loss of generality.  There are naturally 2𝐼 + 1 degenerate spin states 

for a nucleus of spin quantum number I, but placing the nucleus in an external magnetic field 

(𝑩𝟎) breaks the degeneracy by splitting the energy states (orientations) into high and low energy, 

and thus, for protons, this splitting results in two possible orientations, spin up (low energy) and 

spin down (high energy).  These orientations are governed by the thermal equilibrium condition, 

which is characterized by the Boltzmann distribution.  Letting N+ be the higher energy state (anti-

parallel to B0), and N- be the lower energy state, Boltzmann dictates: 
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 𝑁+

𝑁−
= 𝑒−

𝛥𝐸
𝑘𝑡  1.2 

where k is Boltzmann’s constant, T is temperature (in kelvin), and ∆E is the energy difference 

between the N+ and N- states, defined as 𝛥𝐸 =  𝛾𝐵0, where  is Planck’s constant. 

Returning to classical mechanics principles, these spins will attempt to align with the 

external magnetic field, and will therefore experience a torque.  This torque is defined as the rate 

of change of the angular momentum: 

 𝑑𝑺

𝑑𝑡
= 𝝁×𝑩 1.3 

Furthermore, unless these dipoles are perfectly aligned with the 𝑩𝟎 field, they will trace a circular 

path about the axis of 𝑩𝟎, which is called precession.  The rate of this precession is 𝜔0 = 𝛾𝐵0, 

where 𝜔0  is defined as the Larmor frequency. 

Multiplying both sides of Equation 1.3 by 𝛾 produces: 

 𝑑𝝁

𝑑𝑡
= 𝝁×𝛾𝑩 1.4 

And finally, considering that these forces will sum over a spin system (such as tissue), we find 

 𝑑𝑴

𝑑𝑡
= 𝑴×𝛾𝑩 1.5 

where M is the net magnetization.  These are the fundamental classical phenomenological 

equations that describe the precession of the net magnetic moment in a static magnetic field.  

Given enough time, M will reach an equilibrium, given by 

 
𝑀0 ≈

𝐵0𝛾
22𝑁

4𝑘𝑇
 1.6 

where N is the number of dipoles per unit volume and T is the temperature in kelvin. 

Interaction with an RF Field 
To generate signal in MRI, another magnetic field 𝑩𝟏, perpendicular to 𝑩𝟎 must first be applied 

at the precessional (Larmor) frequency of the magnetic moment.  As this happens to lie in the 

radio frequency (RF) range, it is termed an RF field.  Applying a 𝑩𝟏 field to M tips M away from 

𝑩𝟎; the magnitude of this tip is defined as the flip angle (𝛼), and is the integral of the envelope 

of 𝑩𝟏 (𝐵1
𝑒) over time: 
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𝛼 = 𝛾 ∫ 𝐵1

𝑒(𝑡)𝑑𝑡
𝑡

0

 1.7 

The effect of applying a 𝑩𝟏 field to M can be visualized in Figure 1.1.  If we consider the 

main magnetic field, B0, to be along the z-axis (termed the longitudinal axis), applying B1 along 

the x-axis at a frequency 𝜔0  will cause M to appear to corkscrew down (Figure 1.1a) towards the 

x-y plane (the transverse plane).  However, to better understand the effect of the B1 field, we can 

use the idea of the rotating reference frame.  We can imagine that we are rotating at the Larmor 

frequency of M, and thus, all rotational affects around the z-axis are removed.  In this reference 

frame, all corkscrew effects are removed, and application of an RF field on M will result in a 

simple rotation towards the transverse plane: this is referred to as nutation.  For ease, all further 

terminology will be described in the rotating reference frame. 

 

 

Figure 1.1.  The effect of a B1 pulse applied along 𝒆̂𝒙 on a magnetic moment aligned with B0.  In the laboratory 

frame (a.), the orientation of M follows a corkscrew pattern as it moves to the transverse plane.  However, in 

the rotating frame (differentiated here by the axes labeled [x’,y’,z’]) with rotational frequency 𝝎𝟎, M effectively 

tips away from B0 towards the transverse plane in a straight line. 

Now that the magnetization has been rotated away from B0 it will form a measureable transverse 

magnetization.  In the lab frame, this transverse magnetic moment will precess about the z-axis 

at the Larmor frequency.  This bulk magnetization can be observed by utilizing Faraday’s Law of 
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induction, which states that a current will be induced in a closed loop when in the presence of a 

changing magnetic flux oriented perpendicular to the plane of the loop: 

 
𝜖 =  −

𝜕𝛷

𝜕𝑡
 1.8 

where 𝜖 is the induced electromotive force and 𝛷 is the magnetic flux. 

Relaxation 

So far, we’ve manipulated M as if it were a constant, without other forces acting upon it – besides 

B1 – however, in practice this is not the case.  There are thermal processes that will tend to restore 

M back to the Boltzmann equilibrium state (aligned with the main magnetic field B0).  These 

processes are random, and will result in random fluctuations in the local magnetic field; this will 

in turn modulate the local magnetic field experienced by the individual magnetic moments.  The 

component of these random fluctuations that occurs at (or twice) the Larmor frequency is 

efficient at stimulating recovery of M back to the thermal equilibrium state. Decay of the 

transverse signal also occurs through spin-spin relaxation, which is sensitive to low-frequency 

random fluctuations in the local magnetic field. 
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Figure 1.2. (a.) Recovery of longitudinal magnetization following a 90  ̊pulse for white matter (blue, T1 = 0.8 s), 

grey matter (red, T1 = 1.2 s), and CSF (black, T1= 4 s).  Immediately after a 90  ̊pulse, M = 0, and magnetization 

will regrow with relaxation time T1.  (b.) Dephasing of the transverse magnetization after a 90  ̊pulse for white 

matter (blue, T2 = 65 ms) and grey matter (red, T2 = 88 ms).  Initially, all of the spins are in phase, but will lose 

coherence with relaxation time T2.  Note that T1 and T2 values are taken from the literature at 3.0T (58), and 

the plots were created from simulations of Equations 1.9 and 1.10. 

After application of an RF field, the tipped magnetization will return to its equilibrium 

state by dissipating energy to the surrounding protons.  As this process includes recovery of the 

z-component of M (see Figure 1.2a) it has been termed longitudinal relaxation and is governed 

by the relaxation constant T1: 

 𝑀𝑧(𝑡) = 𝑀0(1 − 𝑒−𝑡/𝑇1 ) 1.9 

The transverse magnetic moment decays due to perturbations in the magnetic field due to 

random field fluctuations, dipole-dipole interactions, and exchange processes, which causes the 

transverse component of M, Mxy, to begin to lose coherence (see Figure 1.2b).  Therefore, this 

process is called transverse relaxation, and is governed by the relaxation constant T 2: 

 
𝑀𝑥𝑦(𝑡) =  𝑀0𝑒

−
𝑡
𝑇2  1.10 

Combining both precession and relaxation into a single equation provides us with the seminal 

theory behind MRI: the Bloch Equations: 
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𝑑𝑴

𝑑𝑡
=

[
 
 
 
 
 
 −

1

𝑇2

𝛾𝐵0 0

−𝛾𝐵0 −
1

𝑇2

0

0 0 −
1

𝑇1]
 
 
 
 
 
 

𝑴 + [

0
0

𝑀0

𝑇1

] 1.11 

While T2 is generally used describe transverse relaxation, the observed signal after a 90 

degree RF pulse decays more rapidly than T2.  This is due to the fact that although we assume the 

main B0 field is homogeneous, local variations due to susceptibility of the different tissues within 

a sample cause this signal to decay faster than T2.  This relaxation, called T2*, is a combination of 

both spin-spin interactions (T2) and inhomogeneities in the static field (T2’): 

 1

𝑇2
∗
=

1

𝑇2

+
1

𝑇2
′
 1.12 

Pure T2 contrast can actually be obtained when a spin echo experiment is performed.  Spin 

echo experiments refocus the static field inhomogeneities by employing a 180˚ refocusing pulse, 

and, thus, the signal intensity will decay as a function of T2, similar to that shown originally in 

Equation 1.10.  However, when using a gradient echo sequence – such as are the majority of the 

pulse sequences used in this dissertation – no refocusing pulse is used, and therefore the signal 

will decay with T2*. 

Acquiring an Image with NMR 
Although we have described how to create an observable MR signal, we haven’t described how 

these signals can be manipulated to create an image.  Imagine we apply an RF pulse to a sample 

with frequency 𝜔0 .  The receiver coil that measures the resulting signal fluctuations will report a 

sinusoidal signal exponentially decaying with constant T2*, and is called free induction decay 

(FID).  If this sample consisted of a single proton moiety, the FID will be a single frequency 

oscillation at o decaying with a single T2* decay constant.  However, if there are many protons  

in different environments in this sample, the FID will be a sum of all of these signals at all spatial 

locations.  The spatial frequency dependence of these signals and their intensity is related by the 

Fourier transform.  We can therefore write the signal of our MRI experiment as the contribution 

of the proton densities distributed in the volume: 
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𝑆 = ∭ 𝜌(𝑥, 𝑦, 𝑧)𝑑𝑥𝑑𝑦𝑑𝑧

 

𝑉𝑜𝑙

 1.13 

Therefore, in order to gain spatial information about these different signals, we must 

apply linear magnetic field gradients to the sample to encode their frequency information in 

space.  Varying these gradients over time will allow us to “sweep” our frequency space, buildi ng 

a map of our Fourier space (or k-space): 

 
𝑆(𝑘𝑥 ,𝑘𝑦 , 𝑘𝑧) = ∭𝜌(𝑥, 𝑦, 𝑧)𝑒−𝑖2𝜋(𝑘𝑥𝑥+𝑘𝑦𝑦+𝑘𝑧𝑧)𝑑𝑥𝑑𝑦𝑑𝑧

 

𝑉𝑜𝑙

 

= ℱ[𝜌(𝑥,𝑦, 𝑧)](𝑘𝑥 ,𝑘𝑦 , 𝑘𝑧) 

1.14 

where kx, ky, and kz are the areas of the gradient wave forms multiplied by 𝛾.  Once a frequency 

map S has been constructed, the inverse Fourier transform can be applied to give a 3D image of 

the bulk proton signal over the sample. 

1.2.3. Magnetization Transfer Theory 

While the previous section describes basic MRI theory, these are not the sole methods to elicit 

contrast from tissue.  Magnetization Transfer (MT), the focus of this dissertation, has been 

developed to observe the exchange of information between bulk water and the surrounding 

tissue, as was qualitatively described in Section 1.2.1.  To summarize, the MT effect is a 

phenomenon where proton spins residing in two (or more) magnetic environments transfer their 

spin information either through space (magnetic dipole exchange) (54) or physically (direct 

chemical exchange) (55).  While this phenomenon occurs continuously, it can be exploited in an 

NMR environment to cause a visible attenuation in the observable signal  by perturbing the 

system away from equilibrium.  The MT effect is an umbrella term and generally thought to arise 

from the transfer of spin information from rotationally immobile protons, such as those found in 

semi-solid tissues or bound to macromolecules, to bulk water protons.  Additionally, as these 

immobile proton species are rotationally restricted, their T2 relaxation times occur on the order 

of microseconds and thus cannot be directly imaged using conventional MR methods (as data 

collection is on the order of milliseconds).  However, due to this exchange of information, the 

semi-solid protons can be imaged indirectly through the MT effect. 
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The MT effect has been exploited in many different ways in MRI imaging (1,18,33,59-61).  

However, the focus of this dissertation incorporates using off-resonance (with respect to water) 

selective saturation of the semi-solid tissue to measure the MT effect.  Selective saturation is 

made possible by the difference in line widths between the free water and semi-solid tissues: the 

line width is generally characterized as 1/T2.  Thus, the much shorter T2 in the semi-solid tissue 

will correspond to a line width much more broad than that of the free water, and which can 

therefore be selectively saturated.  This selective saturation of the semi-solid tissue will then be 

transferred to the water pool through the MT effect, and will induce an appropriate signal 

decrease when imaged with normal imaging methods.  This technique is similar to the saturation 

transfer experiments that have been performed in NMR (55). 

 

 

Figure 1.3.  Two-pool model system describing exchange between the free water and a macromolecular pool.   

M is the pool size in each pool, R1 and R2 are the longitudinal and transverse relaxation constants in each pool,  

and kmf and kfm are the exchange rates between the (m) and (f) pools, and vice versa, respectively. 

The Bloch-McConnell Equations 

Due to the exchange of RF information between these different proton environments, the simple 

Bloch equations (Equation 1.11) are no longer sufficient to describe the interactions occurring 

between these two environments, as well as their implications for observed signal changes after 

application of RF irradiation.  Therefore, a new model, first proposed by McConnell (52), and 
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further refined (1,18,19,34-36,60,62-64) since, has been developed to represent exchange-

related MRI relatively accurately.  Additionally, although the exchange dynamics between the 

water and semi-solid pool are much more complex, in practice it has been shown that a two-pool 

model (Figure 1.3) is well-suited to model the behavior between the semi-solid (referred to as 

the macromolecular pool, m) and the water (referred to as the free pool, f).  The two-pool Bloch 

equations with exchange are (34): 

 

𝑑𝑴

𝑑𝑡
=

[
 
 
 
 
 
 
 
 
 
 
 −

1

𝑇2𝑓
−𝛥𝜔 0 0 0 0

𝛥𝜔 −
1

𝑇2𝑓
0 0 −𝜔1 0

0 0 −
1

𝑇2𝑚
−𝛥𝜔 0 0

0 0 𝛥𝜔 −
1

𝑇2𝑚
0 −𝜔1

0 𝜔1 0 0 −(𝑅1𝑓 + 𝑘𝑓𝑚) 𝑘𝑚𝑓

0 0 0 𝜔1 𝑘𝑓𝑚 −(𝑅1𝑚 + 𝑘𝑓𝑚)]
 
 
 
 
 
 
 
 
 
 
 

𝑴 +

[
 
 
 
 
 

0
0
0
0

𝑅1𝑓𝑀0
𝑓

𝑅1𝑚𝑀0
𝑚]

 
 
 
 
 

 1.15 

where M is the magnetization components of the free and macromolecular spins (where 𝑴 =

[𝑀𝑥
𝑓 , 𝑀𝑦

𝑓 , 𝑀𝑥
𝑚, 𝑀𝑦

𝑚 , 𝑀𝑧
𝑓 , 𝑀𝑧

𝑚] ), T2f,m are the transverse relaxation time constants of each pool 

(free and macromolecular, respectively), R1f,m are the longitudinal rate constants (defined as 

𝑅1 = 1/𝑇1 ) for each pool, 𝛥𝜔 is the RF pulse offset with respect to water in hertz, 𝜔1 is the 

amplitude of an RF pulse,M0
f,m is the equilibrium concentration of spins in each pool, and kfm and 

kmf are the exchange rates from the free to the macromolecular pool, and vice versa, multiplied 

by the size of the bound and free pools, respectively.  Additionally, the exchange rates are related 

via mass balance by (65): 

 
𝑘𝑓𝑚 =

𝑀0
𝑚

𝑀0
𝑓

𝑘𝑚𝑓  1.16 

While Equation 1.15 will model the evolution of magnetization under two-pool exchange 

quite effectively, the very short T2 relaxation time in the macromolecular pool will destroy any 

transverse coherence between the two pools very rapidly, therefore, it is more convenient to 

model all transverse contributions in the macromolecular pool as a set of line shapes (53,66,67).  

Additionally, because the free water pool is much larger than the macromolecular pool, 𝑀0
𝑓  is 

generally set to 1 to normalize the experiment.  Thus, we can reduce Equation 1.15 to: 
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𝑑𝑴

𝑑𝑡
=

[
 
 
 
 
 
 −

1

𝑇2𝑓

−𝛥𝜔 0 0 0 0

𝛥𝜔 −
1

𝑇2𝑓

0 0 −𝜔1 0

0 𝜔1 0 0 −(𝑅1𝑓 + 𝑘𝑓𝑚) 𝑘𝑚𝑓

0 0 0 0 𝑘𝑓𝑚 −(𝑅1𝑚 + 𝑘𝑓𝑚 + 𝑅𝑟𝑓𝑚)]
 
 
 
 
 
 

𝑴 + [

0
0

𝑅1𝑓

𝑅1𝑚 ∗ 𝑃𝑆𝑅

] 1.17 

where PSR = 𝑀0
𝑚/𝑀0

𝑓
, and Rrfm is the RF saturation rate for the macromolecular pool, and can be 

defined as: 

 𝑅𝑟𝑓𝑚 = 𝜋𝛾2𝐵1
2𝑔𝑚(𝛥𝜔,𝑇2

𝑚) 1.18 

where gm is the line shape for the macromolecular pool for a given offset (𝛥𝜔) and T2.  It has been 

shown that, while a Lorentzian line shape is adequate to model the free pool, a Lorentzian cannot 

be used to model the macromolecular pool due to the partially ordered nature of tissue; instead 

a super-Lorentzian line shape has been shown to adequately model the absorption line shape for 

the macromolecular pool in living nervous system tissue (3,19,68): 

 

𝑔(𝛥𝜔, 𝑇2
𝑚) =  √

2

𝜋
∫

𝑇2
𝑚

|3 cos2 𝜃 − 1|
exp(−2 (

2𝜋𝛥𝜔𝑇2
𝑚

3𝑐𝑜𝑠2 𝜃 − 1
)

2

)sin 𝜃 𝑑𝜃

𝜋
2

0

 1.19 
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Figure 1.4. An example of a CW vs a pulse train acquisition.  In a CW experiment, a long, hard RF pulse is played 

out over several seconds to saturate the macromolecular pool.  Conversely, a pulse train uses a series of 

smaller, shaped RF pulses to achieve the same result.  A pulsed experiment uses one or a few saturation pulses 

combined with an SPGR acquisition in order to build up to a steady state over several acquisitions.  

MT Imaging in vivo 
While the above equations describe how to effectively model the MT effect, they do not describe 

how to acquire the data that will be applied to this model.  There are two main types of off-

resonance MT experiments: Continuous wave (CW) and pulse train, shown visually in Figure 1.4.  

In a CW experiment, a long (on the order of seconds) saturation pulse is played out at various B1 

amplitudes and offset frequencies to saturate the macromolecular pool; this saturation will then 

be transferred between each pool.  Applying a long, off-resonance pre-pulse is done with the 

purpose of establishing a steady state condition between the two pools, where the exchange 

rates have formed equilibrium saturation between the water and semi-solid pools that will 

remain constant even if more RF irradiation is applied.  However, while CW pulses will provide 

robust MT contrast, they are plagued by several factors that limit their deployment in vivo.  First, 

CW RF amplifiers are not widely available in clinically utilizable systems .  Second, they also require 

large power deposition, which is useful in the NMR domain, but quickly runs into safety issues 

when applied in vivo.  Third, while the advent of solid state amplifiers has decreased time 

required to reach full power, solid state amplifiers are also susceptible to “drooping,” or a 

decrease in RF power from what is prescribed.  This phenomenon has been seen to occur in as 

little as 100 ms, which prevents the long saturation pulses necessary in CW imaging from being 

employed in modern systems.  Last, but most importantly, they cannot efficiently cover a large, 
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3D volume effectively.  Indeed, it takes approximately 20 minutes to perform a CW experiment 

for minimal brain coverage at 1 offset frequency (69,70).  To remove these barriers to imaging in 

vivo, a pulse or series of pulses at a low duty cycle can be played out to saturate the solid pool 

(35); the water is then imaged using conventional pulse sequences. 

 

 

Figure 1.5. A simulation of the approach to steady state for an example data set.  The normalized signal rapidly 

drops away from its equilibrium value, and reaches steady state after approximately 40 repetitions.  Figure 

created using simulations from Equation 1.17. 

A more recent development involves the use of short pulses (around 10-40 ms) combined 

with a spoiled gradient recalled echo (SPGR) sequence to provide MT contrast (35,71).  Thus, 

instead of creating a steady state condition by using a long CW or pulse train, a smaller set (down 

to a single pulse) of pulses are played out, after which one of more lines of k-space is acquired.  

This method utilizes the idea that the saturation created from the MT pulse will create more 

saturation than the longitudinal relaxation can regrow.  A typical acquisition matrix for a 

reasonable resolution is around 150 – 200 pulses.  However, as can be seen from the simulations 

in Figure 1.5, this condition is reached in only 40 repetitions, but depends on T1, the repetition 

time (TR), and B1 of the saturation.  Thus, instead of needing to build up to a steady state before 

each pulse, and shortening the acquisition time by employing fast imaging methods, a steady 

state can be allowed to build up over several TR’s.  So long as steady state is achieved by the time 
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the k0 line of k-space is acquired, the contrast will be similar to that seen in a long pulse train.  

This greatly reduces the scan time required to perform MT imaging, and thus provides an 

opportunity to apply these pulses to large volumes in a much shorter scan time than can be 

achieved with a CW or a long pulse train. 

However, because performing the MT experiment at enough offsets and RF irradiation 

powers to effectively utilize the model from Equation 1.17 would require a significant amount of 

time, the magnetization transfer ratio (MTR), developed by Wolff and Balaban (33), is typically 

used to quickly quantify the MT effect: 

 
𝑀𝑇𝑅 = 1 −

𝑆(𝛥𝜔)

𝑆0

 1.20 

where 𝑆(𝛥𝜔) and 𝑆0 are the signals acquired with and without an RF irradiation at offset 𝛥𝜔, 

respectively.  The MTR has been shown to relate to white matter myelin density in the nervous  

system (2,13,72). Unfortunately, research has shown that the MT effect is only semi-

quantitatively characterized via the MTR, being sensitive to pulse sequence design, as well as B1 

and B0 inhomogeneities (6) and other non-MT-specific NMR parameters (34,73).   

If data are acquired over several offsets and RF irradiation powers, the normalized signal, 

𝑆(𝛥𝜔)/𝑆0, can be plotted as a function of offset, forming a so-called Z-spectrum (Figure 1.6).  A 

quantitative model, such as the two-pool model in Equation 1.17, can then be applied to this data 

to estimate the model parameters over different tissue types, and as well as correct some of the 

sensitivities inherent in the MTR (36,38,73-75). 
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Figure 1.6. Example Z-spectra for white matter (red) and grey matter (blue).  As the saturation pulse moves 

further away from the water resonance (the x-axis), the MT effect diminishes until it has no effect (around 100 

kHz).  Additionally, the MT effect is reduced for tissues with smaller semisolid components, such as in grey 

matter.  Figure created using simulations from Equation 1.17. 

A Simplified Model 
One model that has seen widespread use since its inception (37,76-81) is Yarnykh’s model (78,82) 

of quantitative magnetization transfer (qMT) for pulsed SPGR.  This models the pulsed SPGR 

sequence detailed above, and assumes that the direct effect on the free pool is negligible due to 

high offset frequency and low saturation pulse power, and that the sequence is ideally spoiled 

(83).  The pulse sequence is then split into four distinct evolution periods, defined as the off-

resonance saturation, spoiling, readout pulse, and relaxation.  Using these assumptions, the 

pulsed steady state magnetization (which is a solution to Equation 1.17 for an SPGR acquisition) 

is defined as (82): 

 𝑴𝒛 = (𝑰 − 𝑬𝒔𝑬𝒎𝑬𝒓𝑪)−𝟏{[𝑬𝒔𝑬𝒎(𝑰− 𝑬𝒓)+ (𝑰 − 𝑬𝒔)]𝑴𝒆𝒒 + 𝑬𝒔(𝑰 − 𝑬𝒎)𝑴𝒔𝒔} 1.21 

where Meq and Mss are the vectors of equilibrium and steady state longitudinal magnetization, I 

is the unit matrix, 𝑪 = 𝑑𝑖𝑎𝑔(cos(𝛼) , 1), which corresponds to an instantaneous rotation of 𝑀𝑧
𝑓  

by an RF irradiation of flip angle 𝛼, 𝑬𝒎 = exp((𝑹 + 𝑾)𝑡𝑚) describes off-resonance saturation 

with a duration tm, and the terms 𝑬𝒓 = exp(𝑹𝑡𝑟), and 𝑬𝒔 = exp(𝑹𝑡𝑠) describe relaxation during 
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the delays before (ts) and after (tr) the RF irradiation.  The vectors Meq and Mss, as well as R and 

W, are defined as follows: 

 𝑴𝒆𝒒 = [
1 − 𝑀𝑃𝐹

𝑀𝑃𝐹
] 1.22 

 
𝑴𝒔𝒔 =

1

𝐷
[
(1 − 𝑀𝑃𝐹)(𝐴 + 𝑅1

𝑓𝑅𝑟𝑓𝑚)

𝑀𝑃𝐹(𝐴 + 𝑅1
𝑚𝑅𝑟𝑓𝑓)

] 1.23 

 
𝑹 = [

−𝑅1
𝑓
− 𝑘𝑓𝑚 𝑘𝑚𝑓

𝑘𝑓𝑚 −𝑅1
𝑚 − 𝑘𝑚𝑓

] 1.24 

 𝑾 = −𝑑𝑖𝑎𝑔(𝑅𝑟𝑓𝑓 , 𝑅𝑟𝑓𝑚) 1.25 

where 

 𝐴 = 𝑅1
𝑓𝑅1

𝑚 + 𝑅1
𝑓𝑘𝑚𝑓 + 𝑅1

𝑚𝑘𝑓𝑚  1.26 

 𝐷 = 𝐴 + (𝑅1
𝑓 + 𝑘𝑓𝑚)𝑅𝑟𝑓𝑚 + (𝑅1

𝑚 + 𝑘𝑚𝑓 )𝑅𝑟𝑓𝑓 + 𝑅𝑟𝑓𝑓𝑅𝑟𝑓𝑚 1.27 

The MPF is defined as the macromolecular pool fraction, and is expressed as: 

 
𝑀𝑃𝐹 =

𝑀0
𝑚

𝑀0
𝑚 + 𝑀0

𝑓
 

=
𝑃𝑆𝑅

1 + 𝑃𝑆𝑅
 

1.28 

 

and Rrff and Rrfm are the effective saturation rates of the pools, where the free pool is modeled 

as a Lorentzian, while the macromolecular pool is defined as a super-Lorentzian. 

This model is the solution of Equation 1.17 for an SPGR acquisition, and can thus be solved 

much more rapidly than the full model.  Additionally, several iterations of this model have been 

developed which have decreased the number of independent MT observations  in order to reduce 

scan time (37,79,82) to create a clinically viable qMT model.  This was done by experimentally 

determining a set of constraints for most of the parameter estimates in this model, leaving the 

PSR as the only free parameter (37).  Creating a robust, clinically relevant set of constraints to 

reduce scan time using Yarnykh’s model is explored in more detail in Chapter 3 and Chapter 4. 

CEST 

Chemical exchange saturation transfer (CEST) imaging is a type of off-resonance saturation 

transfer imaging that relies on spectrally selective RF irradiation and exploiting a specific 
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exchange phenomenon.  Similar to an MT experiment, CEST relies on the direct chemical 

exchange of protons between small, mobile solutes and water (rather than dipole-dipole 

exchange and spin diffusion).  These small mobile solutes have protons that resonate at a 

frequency different from the bulk water protons (yet much closer to water than the bulk 

macromolecular spins), and thus can be selectively saturated using RF irradiation.  This saturation 

will subsequently be transferred by direct chemical exchange, resulting in an attenuation of the 

water signal, similar to what is observed in an MT experiment (84). 

 

 

Figure 1.7.  Sample CEST Z-spectrum.  0 ppm is assigned to water (as opposed to 4.75 ppm in NMR) to take 

advantage of the symmetry of direct water saturation.  Additionally, an APT effect (centered at 3.5 ppm), MT 

effect, and an NOE effect (centered at -4 ppm) are present in this spectrum.  Figure created using simulations 

based upon Equation 1.31. 
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The effects of this saturation can be visualized similarly to MT as a Z -spectrum (Figure 

1.7), with water centered at 0 ppm.  Exchangeable protons downfield (higher frequency) from 

water are produced from endogenous hydroxyls, amides, and amines when they are saturated 

at appropriate RF power, while nuclear Overhauser enhancement (NOE) effects contribute to the 

contrast upfield (lower frequency) from water.  Additionally, the MT effect confounds the entire 

spectrum due to its spectrally broad lineshape.  Additionally, it is important to note that these 

mobile solutes have a saturation efficiency that can be defined as (85-87): 

 
𝛼𝑒𝑓𝑓 ≈

(𝛾𝐵1)
2

(𝛾𝐵1)
2 + 𝑘𝑠𝑤

2
 1.29 

where  is the gyromagnetic ratio, B1 is the RF irradiation power of the saturation pulse, and ksw 

is the exchange rate from the solute to bulk water.  Therefore, rapidly exchangeable protons can 

only be saturated efficiently by applying more RF power, which is disadvantageous in vivo due to 

specific absorption rate (SAR) requirements.  Therefore, in order to efficiently selectively saturate 

solute protons, the CEST often relies on the condition of slow exchange (∆ >> ksw) on the MR 

time scale to be fulfilled, and the solute of interest must be present at a detectable concentration 

(84) (millimolar range).  This situation is still favorable when studying amide protons in peptides 

and small tissue proteins, as they have relatively slow exchange and high concentrations (on the 

order of 1% of bulk water content) (86,88), however, amines and hydroxyls have much faster 

exchange rates, and are therefore, difficult to measure under normal clinical conditions (89). 

Of particular clinical interest are endogenous CEST agents such as amide proteins on 

mobile proteins/peptides, which may relate to changes in protein concentrations and pH as seen 

in MS and other demyelinating diseases through protein accumulation in normal appearing white 

matter.  This amide proton transfer (APT) CEST imaging (88,90-92) has shown sensitivity to pH 

and protein concentration in stroke (93) and cancer (94-96). 

Most current research methods employ the MTRasym to analyze CEST data (97): 

 
𝑀𝑇𝑅𝑎𝑠𝑦𝑚(𝛥𝜔) = 𝑀𝑇𝑅(𝛥𝜔)− 𝑀𝑇𝑅(−𝛥𝜔) =

𝑆(−𝛥𝜔) − 𝑆(𝛥𝜔)

𝑆0

 1.30 

Where S is the observed signal at each frequency offset, and S0 is a reference measurement (in 

the absence of RF irradiation).  This model works well because it requires only three independent 

CEST measurements, allowing for clinical deployment of the method.  However, it also assumes 
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that all contributing exchange save for the CEST effect being studied are symmetric about 0 ppm, 

which is often incorrect, particularly in vivo (as can be seen in Figure 1.7).  In addition to the CEST 

effect seen upfield of water, NOE effects can be found downfield.  These effects are due to several 

different exchange mechanisms.  Exchange-relayed intramolecular NOEs occur when saturation 

is transferred from the backbone of aliphatic protons through amides, amines, and hydroxyls to 

water.  Direct intramolecular NOE also arise from direct exchange of the aliphatic protons with 

water (84).  MT contrast is also particularly apparent due to the broad macromolecular 

resonances MT is composed of, as well as the high concentration of semi-solid tissues in vivo.  

Furthermore, MT is asymmetric with respect to water (at -2.34 ppm), which will bias MTRasym 

measurements (90).  MT effects will also increase with increasing RF irradiation amplitude, 

preventing higher powers from being used effectively to measure CEST effects with MTR asym (40).  

Therefore, more sophisticated models that account for some (or all) of these effects must to be 

considered. 

 

 

Figure 1.8.  Three-pool model system describing exchange between free water (f) with a macromolecular pool 

(m), and free water with a solute pool (s).  The (s) and (m) pools are independent of one another, occur 

simultaneously and constantly, and will exchange their information with the (f) pool only.  Exchange with the 

(s) pool constitutes CEST, while exchange with the (m) pool consists of MT. 

Like MT, CEST can be modeled by the Bloch-McConnell equations (40).  In order to model 

exchange with a single CEST agent, such as amides, a separate solute pool (s) will be created that 

will be in exchange with water (Figure 1.8).  The evolution of the magnetization between these 
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two pools can be modeled similar to Equation 1.15, with a small modification to the transverse 

magnetization: 
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where 𝛥𝜔𝑠 is the offset between the solute of interest and water, and the subscript s represents 

the solute pool.  This can be further expanded by adding additional pools for different solutes, as 

well as the MT pool (see Figure 1.8), similar to that shown in Equation 1.17. However, adding 

more pools will complicate the model, as this will require more independent observations in 

order to properly estimate all of the parameters.  Importantly, modeling the MT effect in the 

CEST domain necessitates including the MT asymmetry in the model, which was not shown in 

Equation 1.17. 

While CEST can be effectively modeled by the Bloch-McConnell equations (40), 

successfully incorporating every source of saturation transfer into these equations makes this 

method of calculation increasingly complex and computationally intensive.  However, it has been 

shown that direct water saturation (DWS) can be modeled using a Lorentzian lineshape (98,99) 

convolved with the pulse parameters of interest.  Therefore, in a CEST experiment, it can be 

assumed that any deviation from a Lorentzian is caused by saturation other than water, avoiding 

the problems associated with the MTRasym.  Jones et al.  (43) used low RF power to minimize MT 

contributions, and measured the mean Lorentzian difference from 3.3-3.7 ppm (the frequency 

shift associated with APT contrast) to study CEST effects in white and grey matter.  They found 

that the MTRasym and the Lorentzian difference analysis differed greatly, due to the presence of 

NOE effects upfield from water.  Zaiss et al (42,45) created a multi-Lorentzian model which has 

allowed them to simultaneously map several different parameters at 7T.  They were able to show 

that their new AREX mapping could fit the CEST and NOE effects without confounds due to the 

MT effect, and were able to apply this technique to image human glioblastoma (42) and acute 
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stroke in mice (45).  However, the authors state that the AREX method can only be applied at 

high field strengths, and thus, cannot be utilized at 3T.  In conclusion, Lorentzian models present 

a strong alternative to MTRasym for analyzing CEST data.  Utilizing these types of models to fit the 

MT component in CEST imaging is explored more in Chapter 6. 

1.3. Clinical Significance of MT 

1.3.1. The role of MT Imaging in the CNS 

To fully understand the significance of these MT techniques, it is important to understand how 

these techniques have been employed to investigate pathology, particularly in the CNS.  In the 

CNS, white matter is the primary target of MT, due the abundance of myelin in these tissues.  

Briefly, myelin is a lipid-protein lamellar membranous structure that envelopes the axons in the 

central and peripheral nervous system.  Myelin in the CNS is produced by oligodendrocytes, 

which are wrapped around the axon in a concentric lamellar fashion.  These axons are focally 

unmyelinated at regular intervals, forming nodes of Ranvier: these nodes and the myelin 

between them allow for signals in white matter to be relayed across the axon much more rapidly 

than could be achieved without them (about 10 to 100 times that of an unmyelinated axon).  This 

speed is critical to allow the complex sensory, motor, and behavioral functions found in most 

vertebrates to occur (12).  Additionally, studies have shown that myelin also helps regulate axonal 

transport (100), maintain axonal integrity (101-103), regulate pH (104), as well as to maintain 

fluid volume and ion composition (105).  Thus, the integrity of myelin is of critical importance to 

maintaining neurological function.  Unfortunately, diseases such as MS create areas of focal and 

diffuse edema, inflammation, demyelination, and axonal loss (106).  However, the underlying 

mechanisms of this pathology are poorly understood, and current conventional MRI imaging 

techniques have difficulty identifying demyelination before it is widespread.  Thus, much of the 

pioneering work in MT and imaging myelin in general has been with the goal of elucidating the 

disease processes associated with MS (12). 

Several important studies have been published which demonstrate the importance of MT 

in imaging myelin.  van Waesberghe, et al. (107) compared MTR and T1-weighted images to 

axonal and myelin density in 17 MS subjects immediately postmortem.  They found that the MTR 

and T1 contrast correlate strongly with axonal density in lesions, while MTR alone correlated 
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strongly with axonal density in NAWM.  Schmierer, et al. (13) also found that MTR and T1 contrast 

correlate strongly with myelin content in 20 subjects immediately postmortem.  However, they 

also determined that the primary MR correlate of myelination appeared to be the MTR.  These 

and other studies have shown repeatedly that MT holds promise to help unravel the underlying 

pathophysiology surrounding myelin and pathologies which affect myelin. 

1.3.2. MS in the Spinal Cord and Optic Nerve 

The SC is linked to many CNS diseases, and in MS, it is hypothesized that SC damage is 

responsible for the bulk of clinical deficits (108).  The SC is less than one tenth the size of the 

brain, and thus a small, 3mm lesion in the brain would involve 20% of the SC, which would be the 

neurological equivalent of a 40mm lesion in the brain.  Indeed, a 3mm SC lesion in a white matter 

column can result in complete loss of function from that column.  In addition to the small size of 

the SC, white and grey matter MRI contrast is poor due to the similar relaxation times between 

these two tissues (58), preventing conventional imaging methods from identifying white matter 

lesions.  

The optic nerve is equally an integral part of the CNS and is indicated in the earliest 

manifestations of diseases such as MS, but due to the challenges associated with imaging the 

optic nerve, there has been little radiological development in this region. These challenges 

include: 1) the optic nerve is even smaller than the SC (< 4 mm), 2) is directly superior to the 

maxillary sinuses, and 3) is surrounded by a layer of orbital fat.  Clinically, the optic nerve is 

commonly affected by optic neuritis, a sudden inflammation of the optic nerve marked by pain 

during eye movement, as well as a decrease in visual acuity, color vision, contrast, and visual field 

defects (109).  Optic neuritis is the presenting symptom in 17 – 25% of all MS cases, while nearly 

two thirds of MS patients will experience optic neuritis in their lifetimes, and 40-60% will have 

visual deficits localized to the optic nerve (110).  However, despite the prevalence of optic nerve 

pathology in MS, no radiological biomarkers have been developed in the optic nerve that predict 

eventual development of MS. 

Thus, a significant portion of this dissertation has been focused on developing techniques 

that can accurately determine the myelin content within the optic nerve and SC.  The 

development of these techniques is fundamental to elucidating some of the disease processes 
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associated with MS and other demyelinating diseases that affect the entirety of the CNS, and 

may help provide a noninvasive way to diagnose and monitor disease progression.  These 

techniques are explored in more detail in Chapter 2, Chapter 3, and Chapter 4. 

1.4. Outline of Dissertation 

The overall goal of this dissertation is to develop a set of quantitative tools to probe tissue 

microstructure by exploiting the MT effect.  Advancing these methods of characterizing tissues 

using MT will be valuable for understanding the underlying tissue microstructure, as well as 

characterizing pathologies at clinical field strengths .   

The sensitivity of the MT effect to different neurological tissues will first be explored 

through the use of new techniques in the optic nerve and SC.  The optic nerve is a difficult tissue 

to image, due to the fatty connective tissue which surrounds the optic nerve, and exhibits 

markedly different MT properties than the nerve tissue.  Therefore, the qMT imaging protocol is 

modified to utilize the Dixon fat-water separation method (111) to reduce the influence of fat, 

and the MT effect was quantified in the nerve, and is summarized in Chapter 2.  Next, a single-

point methodology is applied to the SC to acquire high-resolution qMT in a clinically reasonable 

scan time.  This protocol is developed in a healthy cohort (Chapter 3), then applied to a cohort of 

patients with MS to determine the sensitivity of these measures to MS-induced changes to white 

matter (Chapter 4).  Lastly, this methodology is applied in the lumbar cord in controls to evaluate 

the sensitivity of this method over the entire spinal cord (Chapter 4). 

The specificity of the MT effect to white matter is next evaluated.  Recent experiments 

have demonstrated that white matter can be selectively highlighted using a set of pulse 

sequences sensitive to long fatty acid chains, such as those found in myelin (112,113).  However, 

these sequences utilize a long (≈2 sec) pulse train to saturate the semisolid pool, and therefore, 

they can only apply this experiment in 2D.  However, in this dissertation I have developed a 

method to utilize this technique in 3D, and show that this method is sensitive to white matter 

over the entirety of the brain (Chapter 5). 

Once I have demonstrated an understanding of the sensitivity and specificity of the MT 

effect, I investigate how it affects the accuracy of a similar technique: CEST.  I explore how to 

utilize the knowledge gained from previous chapters to remove the MT effect from a CEST 
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spectrum in order to more quantitatively evaluate both the CEST effect and effects due to 

aliphatic groups.  This technique also presents more accurate values of the T2f parameter, and 

thus provides more accurate qMT indices than have been acquired previously (Chapter 6). 
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Chapter 2: Incorporating Dixon Multi-Echo Fat Water Separation 

for Novel Quantitative Magnetization Transfer of the Human Optic 

Nerve In Vivo 

Text for Chapter 2 adapted from: 

Smith, AK, Dortch, RD, Dethrage, LM, Lyttle, BD, Kang, H, Welch EB, and Smith, SA. (2016). 

"Incorporating dixon multi-echo fat water separation for novel quantitative 

magnetization transfer of the human optic nerve in vivo." Magn Reson Med. Doi: 

http://dx.doi.org/10.1002/mrm.26164. 

2.1. Introduction 

The optic nerve (ON) is responsible for mediating visual information from the eyes to the optic 

chiasm and represents the sole pathway between the eyes and brain.  The integrity of these 

nerves is imperative in maintaining visual function; consequently, diseases of the ON can have 

dramatic effects on daily function.  One significant challenge in the management of patients with 

optic neuropathies (such as glaucoma, optic neuritis) has been the lack of robust, quantitative 

tools capable of characterizing the underlying pathophysiology.  For example, conventional MRI 

scan contrasts, e.g. spin-density, T1- and T2-weighted, currently do not provide significant 

diagnostic (114) or prognostic value over conventional ophthalmologic exams in optic 

neuropathies. 

Magnetization transfer (MT) imaging has emerged as an MRI technique capable of 

quantifying myelin density changes (2,13,72) brought about by neurodegenerative diseases 

affecting the brain, spinal cord, and peripheral nerves (38,115-123); it may therefore provide 

similar quantitative information in ON diseases.  MT MRI exploits the fact that there are protons 

residing on immobile macromolecules in tissue in addition to the free water protons observed 

with conventional MRI (33).  Conventional MRI cannot image these protons directly because their 

T2 relaxation times are too short (≈10 s) to be captured by typical readout schemes.  However, 

these macromolecular protons communicate with the surrounding water and can be indirectly 

imaged by exploiting this exchange, which is referred to as the MT effect.   

http://dx.doi.org/10.1002/mrm.26164
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The contrast in an MT experiment is generated via application of a radiofrequency (RF) 

irradiation pulse at an offset frequency with respect to water () to selectively saturate the 

spectrally broad macromolecular proton resonance.  This saturation is transferred to the free 

water pool via MT, resulting in an observed signal attenuation.  The MT effect is semi-

quantitatively characterized via the magnetization transfer ratio (MTR), which has been shown 

to correlate with myelin content (13).  Unfortunately, the MTR is also sensitive to pulse sequence 

design, RF transmit field (B1), and magnetic static field (B0) inhomogeneity (6), as well as by tissue 

relaxation times and other non-MT-specific NMR parameters (34,73), limiting researchers and 

clinicians from creating a standard MTR metric to define pathology.  To overcome some of these 

limitations and derive indices that are directly reflective of MT phenomena, quantitative MT 

(qMT) has been developed and implemented in the brain and spinal cord (36,73,74,76,78).  qMT 

typically requires images to be acquired at multiple RF irradiation powers and/or frequency 

offsets, generating a so-called MT z-spectrum for each voxel (124).  The resulting z-spectrum can 

be fit to a two (or more)-pool model to estimate quantitative indices, such as the pool size ratio 

(PSR), defined as the macromolecular pool size divided by the free pool size, the MT exchange 

rate from the macromolecular pool to the free pool (kmf), and the transverse and longitudinal 

relaxation times for each pool (57,73).  Often, the focus is on the PSR, as it has been shown to 

correlate well with white matter (WM) myelin density (13,125-127), and may offer a biomarker 

of demyelination and axonal loss in WM pathologies. 

MT imaging of the ON, therefore, has the potential to report on microstructural changes 

preceding atrophy, potentially offering greater insight into changes that may persist after 

transient inflammation has subsided.  Despite this promise, qMT applications in the ON have 

been limited to ex vivo studies (19,73), largely due to the technical challenges associated with 

quantitative imaging of the ON.  First, qMT methods often require long scan times for accurate 

data fitting (37).  The ON is approximately 3 mm in diameter (128), necessitating longer, higher-

resolution scans for whole-nerve quantification.  Short scan times are, however, often required 

for quantitative ON imaging, as eye fixation is advisable to reduce to impact of constant eye 

motion.  Secondly, fatty connective tissue surrounds the ON and exhibits markedly different MT 

properties than nerve, requiring fat suppression techniques to accurately separate the nerve 
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from the surrounding anatomy.  For conventional MRI, spectral fat suppression techniques, such 

as spectral presaturation with inversion recovery (SPIR) (129) or spectral attenuated inversion 

recovery (SPAIR) (130), are typically employed.  Unfortunately, these approaches are often 

incompatible with qMT imaging because they are performed with an off-resonance pulse that 

can affect MT quantification.  Short TI inversion recovery (STIR) methods have also been 

proposed (131), however, STIR results in significant water signal attenuation and a reduction in 

SNR.  Lastly on-resonant fat suppression techniques such as binomial spatial-spectral excitation 

pulses can be applied, however, they require a large, 3-D field of view and increased gradient 

demands, which may not always be achievable in vivo.   

We, therefore, propose a multi-echo Dixon fat-water separation approach (132-135) to 

remove the fat component from the MT images.  The Dixon method takes advantage of the 

differences in precession rates between water and fat by acquiring data at multiple echo times 

to separate the fat and water components of the signal (111).  While whole-brain fat and water 

images have been successfully implemented in slice locations that cover the ON (136), to the 

authors’ knowledge, Dixon-separated qMT has not been studied.  The importance of the work 

presented here is to evaluate the stability of qMT under multi-echo signal combinations and 

utilize this information to derive qMT indices reflective of myelination at resolutions that are 

typically prohibitive for qMT methods.  Toward this end, we performed in vivo qMT in the brain 

and ON of healthy volunteers using a three-echo Dixon method, and evaluated this technique 

against traditional single-echo out-of-phase imaging data. 

2.2. Methods 

All numerical simulations and data analyses were performed with scripts written in MATLAB 

2014a & 2015a (The MathWorks, Inc.; Natick, MA). 

2.2.1. Simulations 

To predict the effect from fitting a two-pool (water + MT) qMT model to a tissue that contains 

three effective pools (water + MT + fat), data were numerically generated from a three-pool 

model based on the equations from Portnoy and Stanisz (39).  A set of typical parameters for WM 

and fat (WM: R1obs = 0.9 s-1, T2f = 30 ms, T2m = 11 µs, kmf = 10 s-1, PSR = 0.15; Fat: R1obs,fat = 0.365 

s-1, T2,fat = 133 ms) (137) were used to model the tissue, and the sampling scheme included two 
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saturation powers at nominal flip angles (MT) of 900˚ and 1200˚, with frequency offsets (∆) of 

1, 1.5, 2, 2.5, 8, 16, 32, and 100 kHz.  The fat fractions were varied between 0.0 and 0.95, stepped 

by 0.05.  Gaussian noise was added to the data to simulate an SNR of 100 at thermal equilibrium 

(to match experimental parameters), and the two-pool model described by Yarnykh and Yuan 

(82) & Yarnykh (37), which does not account for the effect of fat on the observed signal fraction, 

was used to fit the noisy signal data at each fat fraction over 10,000 noise realizations per fat 

fraction.  The mean and standard deviation of the fitted qMT parameters were plotted as a 

function of fat fraction and used to predict the effect of an un-modeled fat component on the 

qMT analysis. 

2.2.2. Experimental Data 

Subjects 
Eight healthy controls were recruited and imaged for this study (mean age 29.4 ± 5.4, 4 female).  

The local Institutional Review Board approved this study, and signed informed consent was 

obtained prior to the examination. 

Data Acquisition 

All data was acquired on a 3.0 tesla Philips Achieva scanner (Philips Healthcare, Best, The 

Netherlands).  A 2-channel, multi-transmit body coil was used for excitation and an 8–channel 

head coil was used for signal reception.  The MT acquisition consisted of a single-slice with the 

field-of-view (FOV) centered along the ethmoid bone (using high-resolution T2 images (128)), 

perpendicular to both ONs, and spanned, at minimum, the width of the head in all subjects.  

Parallel imaging with sensitivity encoding (SENSE) and second-order shimming over both ONs was 

used to minimize image artifacts arising from susceptibility differences between bone, tissue, and 

air.  All images had an FOV of 150 x 150 mm2, a slice thickness of 3 mm, and included both the 

ON and the brain (see Figure 2.1a,b).  MT-weighted images were acquired using a 2D MT-

prepared, three-echo spoiled gradient echo sequence (SPGR) (36).  Nominal in-plane resolution 

was 1 x 1 mm2, (reconstructed to 0.3 x 0.3 mm2) with 2 signal averages, and a SENSE factor of 2.  

MT weighting was achieved using a 20 ms, single-lobed sinc-Gauss pulse, and the parameters 

listed in Table 2.1.  The water (W), in-phase, out-of-phase (OP), and fat images were 

reconstructed using the seven peak fat spectrum, multi-echo mDixon option in the Philips 
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scanner software (133,134).  Optic nerve motion artifacts were minimized by employing fixation 

every other dynamic using the Psychophysics Toolbox MATLAB extensions (138-141), resulting in 

32 dynamics with two full sets of (fixated and non-fixated) qMT data.  This consisted of an “on” 

dynamic, where subjects were asked to fixate on a white cross against a black background, and 

an “off” dynamic, where there was a black screen.  To help address eye fatigue, the subjects were 

encouraged to not focus during the “off” dynamics. 

 

Table 2.1 Scan parameters and MT prepulse parameters for the MT, B1, B0, and T1 scans. 

Scan: Scan Parameters: 
MT Prepulse Parameters: 

Scan Time (m:ss) 
∆ (kHz) Powers 

MT 
TR/TE1/∆TE/: 

78/5.8/3.1 ms/10˚ 

1, 2, 2.5, 4, 
8, 16, 32, 

100 
900˚, 1200˚ 6:32 

B1 
TR1/TR2/TE/: 

30/130/5.7 ms/60˚ 
  0:21 

B0 
TR/TE1/TE2/: 

50/5.8/8.1 ms/25˚ 
  0:34 

T1 
TR/TE: 20/5.7 ms 

: 5, 15, 20, 25, 30˚ 
  2:00 

   Total Time: 9:27 

 

To correct for B1 and B0 inhomogeneities present in the imaging volume, B1 (using the 

dual-TR actual flip angle GRE method (142)) and B0 (using dual-TE GRE) maps were acquired using 

fast 3D techniques over 3 slices, centered on the MT acquisition.  T1 mapping was performed 

using a multiple flip angle (MFA) acquisition over 3 slices, centered on the MT acquisition.  

Fixation was not employed for the B1, and B0 acquisitions because it was assumed that B1 and B0 

inhomogeneities will be slowly varying over the volume, while the T1 acquisition did not utilize 

fixation in order to save time on the acquisition due to eye fatigue.  Detailed scan parameters  

and acquisition times are listed in Table 2.1. 

2.2.3. Data Postprocessing 

Brain Data 
To determine the effects of the Dixon method on MT data, we first considered the W and OP 

data in the brain regions for all subjects.  Using the Brain Extraction Tool (BET (143,144)) and 
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FLIRT (145,146) packages from FSL (147), the skull and ONs were removed, and the data was co-

registered to the first MT offset for each image type, respectively.  Large ROIs were drawn in the 

WM of the right hemisphere of the brain using the ∆ = 1000 kHz offset (see Figure 2.1a,b), and 

these were propagated to the MT-weighted, T1, B1, and B0 images.  OP data was used to 

approximate a normal out-of-phase acquisition, and to ensure user error during ROI selection did 

not contribute to differences in parameter values. 
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Figure 2.1.  Panels (a.) and (b.) illustrate the MT effect at 1000 kHz with a saturation power of 900  ̊for the 

(a.) water and (b.) out-of-phase images for a slice immediately posterior to the globe (proximal retrobulbar).  

The cutoff area of the brain on the outer edges of the volume in the water image is indicative of poor 

shimming in these regions, and thus, a mislabeling effect of the Dixon method (see arrows).  The ROIs in (a.) 

and (b.) display the area used to compare the water and out-of-phase qMT parameters in the brain and optic 

nerve.  The optic nerve ROI in (a.) is propagated to (b.) for analysis in the out-of-phase images.  (c) Example 

MT-weighted data in the optic nerve for the water and out-of-phase images.  Notice the increased 

conspicuity of the optic nerve against the surrounding tissue in the water images compared to the out -of-

phase images. 

Optic Nerve Data 

ROIs were drawn in the W only images for each offset of the MT-weighted data of the ON (see 

Figure 2.1a) in each eye, as well as for the T1, B1, and B0 data.  As the W and OP images were 

taken from the same acquisition, the ROIs in the W images were also propagated to the OP 
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images.  Following the ROI selection, W and OP qMT parameters were generated in both ONs for 

each volunteer using the methods described above. 

Parameter Generation 
The resulting data was used to generate qMT parameters for each volunteer using the qMT 

model described in Yarnykh (78) & Yarnykh and Yuan (82).  This model contains six independent 

parameters: R1m, R1f, T2m, T2f, PSR = M0m/M0f, and 𝑘𝑚𝑓 = 𝑘𝑓𝑚 𝑃𝑆𝑅⁄ .  The R1obs (1/T1obs) maps were 

independently reconstructed by regressing MFA data to the SPGR signal equation in the steady-

state (148); these maps were used during MT parameter estimation (below) to estimate the 

parameter R1f (78,82).  Henkelman, et al. (34) & Morrison and Henkelman (19) showed that the 

signal dependence on R1m is weak; therefore, it was set equal to the R1f as well (37).  The 

remaining MT parameters (PSR, kmf, T2f, and T2m) were estimated for the W and OP brain data by 

fitting the qMT data to the two-pool model (78,82).  For all fitting, the nominal offset frequency 

and RF amplitudes were corrected using B0 and B1 maps, respectively (74). 

Statistical Analysis 
The mean and standard deviation for each image type (W and OP) were calculated for each qMT-

derived index in the brain and ONs.  Statistical variations between the left and right ON (for both 

W and OP image types) and between the W and OP brain data were evaluated using the non-

parametric Wilcoxon signed rank test, with a threshold for significance of p < 0.05, for each qMT 

parameter (PSR, kmf, T2f, and T2m). 

MAD Analysis: While the statistical analysis above is straightforward in the brain, due to the 

relatively homogeneous ROIs taken in each image type, the Wilcoxon signed rank test in the ON 

is more complicated (see Results), because this approach does not capture the potential for 

nested variance structures or an asymmetric number of voxels between eyes, and thus may 

potentially underestimate the true variance between each image type.  Therefore, we also 

computed the mean absolute difference (MAD) of all possible left and right ON voxel pairs drawn 

from an empirically determined distribution (below).  If there are n voxels in the right and m 

voxels in the left ON for a single subject, then the MAD is given by 

 
𝑀𝐴𝐷 = (

1

𝑚𝑛
)∑ ∑|ℎ𝑘(𝐿𝑒𝑓𝑡) − ℎ𝑙(𝑅𝑖𝑔ℎ𝑡)|

𝑛

𝑙=1

𝑚

𝑘=1

 2.1 
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where ℎ𝑘(𝐿𝑒𝑓𝑡) denotes a measure (e.g., PSR) on the kth voxel in the left ON, and similarly, 

ℎ𝑙(𝑅𝑖𝑔ℎ𝑡) denotes the same measure (e.g., PSR) on the lth voxel of the right ON.  The distribution 

of data for each qMT parameter was empirically constructed via the bootstrap method with 3000 

iterations (149).  For each iteration, the subject-level MT data were resampled with replacement 

to generate a Z-spectrum, and qMT parameter maps were determined from this sampled MT 

data.  The ROI-derived values for the T1, B1, and B0 data from each subject was used in each case 

to avoid biases due to the variance that could occur from these parameters.  The data for each 

subject was then combined, and a total MAD score was calculated.  The empirical 95% confidence 

interval of the MAD for each parameter of interest was computed and examined for statistical 

significance. 

We assumed no differences would exist in healthy subjects for each qMT parameter 

between the left and right ON, and that a low MAD indicates a greater symmetry between the 

right and left ON for a given qMT parameter and image type.  Comparing across image types, we 

calculated the ∆MAD% as the difference in MAD values for each technique relative to the MAD 

for the OP acquisition as summarized in the following equation: 

 
∆𝑀𝐴𝐷% =

𝑀𝐴𝐷(𝑊) −  𝑀𝐴𝐷(𝑂𝑃)

𝑀𝐴𝐷(𝑂𝑃)
×100 2.2 

A negative ∆MAD% indicates a lower W MAD score compared with the OP MAD, and the ∆MAD% 

is an estimate of the relative improvement (or worsening) when using the Dixon method relative 

to using an OP image. 

2.3. Results 

2.3.1. Simulations 

Figure 2.2 illustrates the effect of fat on the qMT parameters where the qMT-derived indices 

(from simulation) are shown against the fat fraction.  Note the dotted black line is the true, 

expected value and the blue line shows the fit results for each parameter, with the error bars 

representing one standard deviation over 10,000 noise iterations at each point.  The PSR never 

significantly diverges from the true PSR value (larger than one standard deviation from the true 

value); however, the kmf and T2f parameters significantly diverge from the true value for fat 

fractions greater than 0.3 and 0.1, respectively.  Furthermore, the variance in the PSR and T2m 
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increase as a function of fat fraction, which can generally be assumed as instability in the fitting 

algorithm at higher fat fractions. 

 

 

Figure 2.2.  Results of the numerical simulations of the qMT parameters as a function of fat fraction, focusing 

on (a.) PSR, (b.) kmf, (c.) T2f, and (d.) T2m.  Notice that (a.), (b.), and (d.) all show increased variance with 

increasing fat fraction, while (b.) and (c.) show significantly different deviations from the true value at relatively 

low fat fractions (20% and 30% fat, respectively). 

2.3.2. Experimental Data 

Representative MT data for the W and OP image types are displayed in Figure 2.1.  The 

conspicuity between the ON and surrounding tissue increases dramatically in the W images 

compared to the OP images (Figure 2.1c).  Furthermore, fixation provides a marked increase in 

ON visualization, as can be seen in Figure 2.3a. 
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Figure 2.3.  Example MT data with (a.) and without (b.) fixation.  The nerve is much more clearly delineated 

when using fixation.  An example ROI is also presented in (a.) to illustrate the area used to quantify the MT 

data. 

Brain Data 
The results comparing the qMT-derived indices between the W and OP image types in the brain 

are shown in Table 2.2.  The mean values across methods are indistinguishable indicating no 

effect from combining multiple echoes for all qMT-derived indices.  Further, all parameter p-

values are well above the threshold for significance (p-values: PSR = 0.64, kmf = 0.95, T2f = 0.38, 

T2m = 0.25), indicating there is no statistical significance between the W and OP images when no 

fat is expected to be present.  Therefore, the Dixon method does not alter the MT-weighted 

observations and resulting fits during the multi-echo reconstruction. 

 

Table 2.2 Mean and Standard Deviation of qMT Parameters in the Brain.  

 PSR (%) kmf
 (1/s) T2f (10-2) T2m (µs) R1obs (1/s) 

Water 17.0±1.7 17.2±5.2 1.8±0.2 11.1±0.8 
1.15±0.17 

Out-of-Phase 17.6±3.7 17.6±7.1 1.9±0.3 11.3±1.3 

 

Optic Nerve: W vs OP Data 

qMT-derived indices for the ON are presented in Table 2.3, with an example of the fits displayed 

in Figure 2.4.  Compared to the brain, the qMT-derived indices from the W ON data are different 

in the ON (lower for PSR, kmf, and T2m, higher for T2f), which may be driven by differences in the 
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neurological tissue between the brain and ON (as is seen in the spinal cord (76)), or minor partial 

volume effects from cerebrospinal fluid (CSF). 

 

 

Figure 2.4.  Example optic nerve Z-spectra for the out-of-phase and water images for a single subject.  The 

water images (normalized residual = 0.0035) show better goodness of fit, and visually performed better 

compared to the out-of-phase images (normalized residual = 0.0228). 

However, the kmf in the OP data has a much higher mean and standard deviation than the 

W data (Table 2.3).  Although the OP images have approximately √2 more noise than the W 

images, this does not fully account for the larger standard deviation seen in the OP images 

relative to the W images, as can be seen in Figure 2.5, which displays a box plot of the qMT 

parameters.  This is important, as the PSR, T2f, and T2m seem to be relatively consistent across 

image types, indicating that the kmf may be sensitive to the unmodeled fat components in the 
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tissue.  When considering the MT-weighted data and the resulting fits (Figure 2.4 and Figure 2.5), 

the fits for the OP data were worse than those for the water separated data, indicating that some 

fat may be influencing the OP image data (see Figure 2.4 for representative residual values). 

 

 

Figure 2.5.  Box plots illustrating the variance in the a.) PSR, b.) kmf, c.) T2f, and d.) T2m for the left (L) and right 

(R) optic nerves in both the water (W) and out-of-phase (OP) images.  The kmf shows a large amount of variation 

in the OP images, and small variation in the W images.  A similar trend is seen in the PSR, indicating that the 

two-pool qMT model used here did not fit the OP data well.  
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Table 2.3 Mean and Standard Deviation of qMT Parameters for Left and Right Optic Nerves.  

 PSR (%) kmf (1/s) T2f (10-2) T2m (µs) R1obs (1/s) 

Left Right Left Right Left Right Left Right Left Right 

Water 15.8±4.4 14.7±2.7 11.1±3.6 10.2±3.2 2.9±1.8 2.3±1.0 8.5±2.7 8.3±1.1 

0.94±0.19 0.82±0.12 

Out-of-

Phase 
34.0±31.6 18.2±11.2 28.5±44.3 41.5±41.6 2.9±1.8 2.0±0.6 9.9±2.8 7.9±3.4 

 

Table 2.4 MAD Between Left and Right Optic Nerves at the Initial Point and 95% CI (MAD) and relative improvement (-) or Worsening (+) of Dixon Water 

Images Versus Out-of-Phase Images. 

 PSR (%) kmf (s -1) T2f (ms) T2m (µs ) 

MAD 95% CI ∆MAD% MAD 95% CI ∆MAD% MAD 95% CI  ∆MAD% MAD 95% CI ∆MAD% 

Water 7.69 [7.11, 7.83] 

-4.46 

9.16 [8.92, 9.57] 

-6.76 

6.50 [5.99, 7.08] 

-5.63 

1.24 [1.13, 1.27] 

-11.32 

Out-of-

Phase 
8.05 [7.40, 8.04] 9.83 [9.80, 10.19] 6.88 [6.24, 7.35] 1.40 [1.22, 1.40] 
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Optic Nerve: Left vs.  Right Data 

Comparing the left and right ON data for each method, no significant differences can be seen for 

either method (p-values range from 0.11-0.95).  This is expected, as the ONs in healthy subjects 

should not be significantly different from one another.  We used this result to increase the power 

of the statistical test between image types (W versus OP) by combining the left and right ON data.  

Evaluating the mean qMT-derived indices in the W and OP data, there were no significant 

differences between any of the qMT parameters when employing the Wilcoxon signed rank test 

(p-values: PSR = 0.13, kmf = 0.44, T2f = 0.64, T2m = 0.92).  However, this is most likely due to the 

large variances found in the OP parameters (as seen in Figure 2.5), which ensures a high likelihood 

that each image type will be determined to be from the same distribution.  The kmf in particular 

displayed a large variance in the fitting derived from the OP images (L/R = 28.5±44.3/41.5±41.6 

s-1), implying that the OP images did not always yield high-quality fits to the data (see Table 2.3). 

MAD Analysis 

Table 2.4 provides the results of the MAD calculation (mean absolute difference between the left 

and right ONs drawn from an empirically determined distribution).  We report the initial MAD 

value, the 95% CI for MAD from 3000 bootstrap iterations, and the ∆MAD%, which is the relative 

difference between the W and OP parameter values (note a negative value indicates improved 

MAD in the W images relative to the OP images).  Recall that the MAD is a reflection of the 

variation across eyes rather than a variation of the mean qMT-derived index of interest.  The 

variation across eyes for each qMT parameter are approximately the same between image types, 

and indeed, most of the 95% CI overlap one another (PSR, T2f, T2m).  However, the kmf 95% CI for 

each image type (W and OP) do not overlap, indicating that they may be drawn from separate 

distributions, and thus, these image types may show significantly different fits .   

We next assessed the ∆MAD%, which is a reflection of the relative improvement (a 

negative ∆MAD%) or worsening (a positive ∆MAD%) of the variability across ONs (assumed to be 

small) when considering two different techniques.  The ∆MAD% is negative for each qMT-derived 

index, indicating a general reduction in the variation across eyes derived from the W images 
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compared to the OP images.  Therefore, the W imaging data from which we derive our qMT-

indices outperform the same data considered from only OP images .   

2.4. Discussion 

The goal of this study was to demonstrate that qMT techniques will not be adversely affected by 

the use of the Dixon method.  Furthermore, when considering regions, like the ON, where fat 

may influence the image, Dixon qMT imaging may derive higher fidelity fits and more accurate 

quantitatively derived indices.  We compared the impact of fat on qMT-derived PSR, kmf, T2f, and 

T2m via simulations (indicating the importance of accurate fat removal), and across healthy 

volunteers in the brain, where there is no fat, and in the ON, which is surrounded by a fatty 

sheath.  Lastly, we evaluated the statistical impact of removing fat contamination from qMT data 

in difficult anatomies.  We show that the OP images do not provide robust estimations of qMT-

derived indices in the presence of fat, and that the Dixon method can be employed to reliably 

separate fat and water without altering the ability to characterize the MT effect using a two-pool 

qMT model.  The ability to generate accurate qMT parameter maps while utilizing the Dixon 

method may increase the clinical applicability of qMT, as it provides a method to apply MT 

saturation in anatomies where fat may be in abundance, such as in the muscle (20), breast (150), 

or even the peripheral nervous system where fat is interlaced within the nerves (116). 

2.4.1. Strength of Dixon Method 

While on-resonant fat separation methods exist, they do not have the same advantages as the 

Dixon method.  Binomial pulses may be used for fat suppression, however, clinically available 

gradient strengths/slew rates require implementation of large 3D volumes, which may not be 

suitable in anatomies prone to significant amounts of motion, such as the ON or abdomen, and 

may also significantly increase scan time.  While echo planar imaging trains can be used to reduce 

scan time, employing these sequences in anatomies with large B0 inhomogeneities, such as the 

ON and parts of the abdomen, may cause undesirable image distortion artifacts (151).  The Dixon 

method, however, can be employed over any chosen (i.e. smaller) volume, reducing scan time, 

to accurately separate fat and water images.  It should also be noted that the Dixon method is 

relatively robust to B0 inhomogeneities, which can be problematic across different anatomies 

(132). 
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2.4.2. Statistical Implications 

While the Wilcoxon signed rank test failed to statistically quantify the differences between the 

W and OP images in the ON, several conclusions can be drawn from the data itself .  The kmf 

parameter has a much higher variance in the OP images compared with the W images (Figure 

2.5), suggesting that kmf is sensitive to the underlying distribution.  Therefore, if there are tissue 

components in a voxel that are not accounted for in the model, kmf will be difficult to characterize, 

thus producing inaccuracies in the other qMT parameters .  This is further confirmed utilizing the 

MAD data (Table 2.4).  The ∆MAD% illustrates an improvement in the consistency of each qMT-

derived index between eyes when the W only images are considered relative to the OP images.  

Furthermore, although there is a factor of √2 difference in SNR between the OP and W images, 

the MAD utilizes empirical data, which reduces the influence of nested variance and differences 

in noise between image types.  Particularly important to this argument is the fact that our results 

from the brain indicate these differences are not due to variations driven by the different 

reconstruction methods (Dixon vs.  non-Dixon) (see Table 2.2), suggesting the kmf in tissues where 

voxels have a combination of tissue types is poorly characterized. 

2.4.3. Simulations 

Considering the simulations further (Figure 2.2), T2f and kmf deviate significantly as the fat fraction 

increases.  Additionally, the PSR and T2m show larger variance in their fit as the fat fraction 

increases, indicating greater instability in the fitting algorithm due to the presence of fat.  This 

indicates that the errors from the kmf and T2f may be influencing the stability of the PSR and T2m.  

This may also be the case in the OP ON images: although the PSR, T2f, and T2m are not significantly 

different from the W images, the kmf is significantly different, indicating there may be errors 

present within the other OP qMT parameters as well.  Therefore, ensuring all parameters in the 

qMT model are well determined is important to accurately model the MT effect, particularly in 

tissues where there may be significant partial volume effects present. 

2.4.4. Data Reduction Strategies 

While this study utilized a single slice acquisition to explore the Dixon method for fat suppression, 

an expanded 3D volume may be considered.  However, scan time cannot be disregarded with any 

qMT method due to the number of powers and/or offsets that are required for appropriate 
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fitting.  A single-point qMT model (1 MT-weighted volume with the addition of T1, B1, and B0 

maps) has been introduced to reduce the scan time to a clinically appropriate length, and has 

been applied to the brain (37), spinal cord (76) and muscle (152).  However, the assumption for 

single-point qMT is that the parameters kmf, T2f, and T2m are well-determined from prior scans 

utilizing a full qMT acquisition.  Therefore, without adequate fat suppression, variance in the 

assumed model parameters may result in a poorly constrained model and will be hampered in 

tissues where fat cannot be excluded such as the ON, peripheral nerves, and muscle.  

Importantly, these experiments utilized out-of-phase images to perform the T1 mapping.  

However, this may introduce fat signal into the T1 data, confounding the results.  While the 

observed T1 does not seem to be adversely affected by the presence of fat here, this will 

potentially limit the scan if appropriate fat suppression techniques are not employed. 

 This study used a fixation cross to help minimize motion across dynamics, due to the large 

saturation and readout times for each MT dynamic (approximately 10 seconds), which resulted 

in large amounts of motion blur (Figure 2.3).  To minimize tiring during fixation, we utilized a 1-

on and 1-off acquisition scheme (one dynamic under fixation and the next dynamic without), 

which effectively doubles the scan time.  Requiring fewer dynamics would significantly alleviate 

these challenges. 

2.4.5. Limitations 

While fat was the target of this study, the CSF surrounding the ON may also influence the signal 

from nerve tissue due to partial volume effects.  CSF will reduce the MT effect within the nerve 

and thus partial volume effects will result in an underestimation of the PSR, kmf, and T2m and 

overestimation of T2f (Table 2.2 and Table 2.2).  Researchers have investigated the use of 

inversion recovery pulses in diffusion imaging for CSF suppression (153,154) however, this would 

add significantly to the scan time and may introduce extraneous off-resonance effects for nearby 

slices.  Additionally, while techniques such as DANTE (155) may provide advantages over 

inversion recovery methods, they would still introduce extra off-resonance saturation effects, 

which would alter the observed MT effect and would need to be incorporated into the model.   

Therefore, to preserve the fidelity of the observed MT effect in tissue, alternative 

techniques can be considered to accurately suppress CSF.  A three-pool model (2 MT pools, and 
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1 non-exchanging pool) was recently introduced by Mossahebi, et al. (156) to fit the CSF pool 

(non-exchanging) in the brain.  Their results suggest that the PSR can be accurately quantified 

even in the presence of significant amounts of CSF contamination.  Research has also been 

performed to separate the CSF sheath from the ON using a model derived using T2-weighted 3-D 

spin echo sequences with a turbo spin echo readout (128).  These sequences have similar contrast 

to the small offset MT scans, and thus may be applicable to the MT-weighted data.  Thus, further 

research is warranted to address the removal of the CSF sheath from the ON. 

2.5. Conclusions 

The results of this study demonstrate the ability to successfully remove the fat component from 

MT images using the Dixon fat-water separation method.  The development of this technique 

provides a method to perform qMT while in the presence of significant B0 inhomogeneities, and 

over small imaging volumes.  Future work includes further investigation of this technique in the 

presence of disease, and application of this method in other anatomies with large fat 

components. 
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Chapter 3: Rapid, High-Resolution Quantitative Magnetization 

Transfer MRI of the Human Spinal Cord 

Text for Chapter 3 adapted from: 

Smith, AK, Dortch, RD, Dethrage, LM, and Smith, SA. (2014). "Rapid, high-resolution quantitative 

magnetization transfer MRI of the human spinal cord." NeuroImage 95: 106-116. 

3.1. Introduction 

The spinal cord (SC) is responsible for mediating neurological function between the brain and the 

peripheral nervous system and is somatotopically organized — sensory information is conveyed 

through the dorsal columns, while the lateral columns convey a significant fraction of motor 

function.  The integrity of these organized columns is vital to preserving specific neurological 

function; therefore, even small SC lesions (e.g. multiple sclerosis (MS)) can result in severe 

neurological impairment.  While the absolute mechanism of the pathophysiology of MS and 

nervous system tissue deterioration remains challenging to unravel, there is a body of evidence 

that suggests that axonal loss resulting in SC atrophy may relate to clinical impairment (157,158).  

Conventional MRI (i.e. spin-density, T1- and T2-weighted) can be used to measure atrophy or 

determine the location of inflammatory lesions in the spinal cord, but the relationship between 

conventional MRI indices (e.g. atrophy, lesion burden) and nervous system function and disease 

progression over time tends to be poor (159). 

More quantitative MRI measurements, such as magnetization transfer (MT) and diffusion 

tensor imaging (DTI) metrics have been applied to the cervical spinal cord to investigate the 

relationship between neurological function and SC microstructure (38,115,117-123,160).  

Importantly, as these measurements report on microstructural changes that may precede 

atrophy, they potentially offer greater prediction of SC function than conventional methods .  

While quantitative MRI methods have shown promise for characterizing SC damage in diseases 

such as MS (161,162), widespread adoption has been challenged by the low signal to noise ratio 

(SNR), long acquisition times, and sensitivity to motion.   

The focus of this work is on magnetization transfer (MT) imaging.  Briefly, in addition to 

free water protons observed with conventional MRI, there are protons residing on immobile 
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macromolecules in tissue (33).  Conventional MRI cannot image these protons directly because 

their T2 relaxation times are too short (≈10 s) to be captured by typical readout schemes.  

However, these macromolecular protons communicate with the surrounding water and, thus, 

can be indirectly imaged by exploiting this exchange, which is referred to as the MT effect.  

Importantly, MT imaging can serve as a surrogate marker for white matter myelin density in 

nervous system tissue (2,13,72) and, therefore, may be a more specific biomarker of disease 

evolution.  Despite this promise, MT imaging has faced significant challenges in the spinal cord.   

The contrast in an MT experiment is generated via application of a radiofrequency (RF) 

irradiation pulse at an offset frequency with respect to water () to selectively saturate the 

spectrally broad macromolecular protons.  This saturation is then transferred to the free water 

pool via MT, resulting in an observed signal attenuation.  The MT effect is often semi-

quantitatively characterized via the MTR, which has been shown to correlate with myelin content 

(13).  Unfortunately MTR is also sensitive to pulse sequence design, B1 and B0 inhomogeneity (6), 

as well as by tissue relaxation times and other non-MT-specific NMR parameters (34,73).  This 

limits the ability of researchers and clinicians to create a standard MTR metri c to define 

pathology.  To overcome some of these limitations and to derive indices that are directly 

reflective of MT phenomena, quantitative MT (qMT) has been developed and implemented in 

the brain, but rarely in the spinal cord (36,38,73-75).  qMT typically requires images to be 

acquired at multiple RF irradiation powers and/or offsets, generating a so-called MT z-spectrum 

for each voxel (124).  The resulting z-spectrum can then be fit to a two (or more)-pool model to 

estimate quantitative indices, such as the macromolecular proton fraction (MPF), defined as the 

macromolecular pool size divided by the sum of the macromolecular and free pool sizes, or f, as 

reported by Yarnykh (37), the MT exchange rate from the macromolecular pool to the free pool 

(kmf), and the transverse and longitudinal relaxation times for each pool (73).  Often, the focus is 

on the MPF as it has been shown to correlate well with white matter myelin density (13,125-

127), and may offer a biomarker of demyelination and axonal loss in white matter pathologies .   

While qMT offers indices reflective of tissue physiology, translation of this methodology 

into the spinal cord within a clinically feasible scan time has proven to be a challenge.  Even in 

the brain, collection of multi-power, multi-offset, high SNR, voxel-wise MT z-spectra can result in 
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scan times as long as 30-45 minutes for whole-brain coverage at low resolution (37).  As the cord 

is small (only 1.5 cm in diameter at the cervical levels), with its component white and grey matter 

groups on the order of millimeters, even higher resolution is necessary, exacerbating the scan 

time problem.  Additionally, at these high-resolutions, transverse SC motion resulting from 

cardiac and respiratory cycles, as well as cerebrospinal fluid pulsation, can lead to substantial 

artifacts.  Lastly, the SC is surrounded by large bones that create spatially varying susceptibility 

gradients.  Importantly for qMT, these susceptibility gradients can alter the effective B 1 and B0 

fields, leading to spatially dependent RF powers and offset frequencies .  Fortunately, when 

performing qMT in the spinal cord, the model incorporates both B1 and B0 corrections, which can 

minimize the impact of spatially varying B1 and B0 errors in the estimated MPF value. 

A new method to perform a qMT analysis using only a single MT-weighted acquisition and 

a reference measurement (no RF saturation) has been recently proposed for the brain (37).  This 

method imposes constraints on the two-pool model in order to derive quantitative maps of the 

MPF in tissue from a single offset measurement (n.b., additional T1, B1, and B0 measurements are 

also performed).  Using this model, improved resolution or reduced sensitivity to motion can 

potentially be realized in clinically relevant scan times, making it a viable approach for the SC .  

Thus, the goal of this study was to determine the feasibility of translating this single-point 

approach to the cervical SC as a means of performing high resolution, rapid qMT imaging .  Toward 

this end, we performed in vivo qMT in the cervical spinal cord of healthy controls and MS patients 

using (i) a low-resolution, multi-offset and power MT acquisition with a full model fit (the gold-

standard); and (ii) high-resolution, single-point fits using the optimal offset and power from 

numerical simulations (c.f.  Methods).  We evaluated the robustness of the single-point methods 

and sensitivity for disease in patients with MS.  Additional numerical studies were performed to 

assess the effect of the constraints on the single-point qMT parameters.  Lastly, the 

reproducibility of the acquisition and analysis methods was experimentally studied. 
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3.2. Materials and Methods  

3.2.1. Data Acquisition 

The local Institutional Review Board approved this study, and signed informed consent was 

obtained prior to the examination.  Data were obtained from ten healthy volunteers (5 male, age 

range 23 – 28 years, mean age 25.6±1.7 years) and two female relapsing-remitting MS (RRMS) 

patients (31 and 25 years) on a 3.0 tesla Philips Achieva scanner (Philips Healthcare, Best, The 

Netherlands).  A quadrature body coil was used for excitation and a 16-channel neurovascular 

coil was used for signal reception.  A second acquisition was acquired on five of the volunteers 

after a minimum of two weeks to address reproducibility.  The field-of-view (FOV) was centered 

between the C3 and C4 vertebral bodies, and spanned, at minimum, the C2 to C5 vertebral levels 

in all subjects.  Parallel imaging with sensitivity encoding (SENSE) and second-order shimming 

was used to minimize image artifacts arising from susceptibility differences between bone and 

tissue.   

Two MT protocols were performed:  1) a low spatial resolution acquisition (1 x 1mm2) at 

8 offsets (∆) and 2 powers (RF) with a “full-fit” analysis (78,82) and 2) a high-resolution 

acquisition (0.65 x 0.65 mm2) at 1 offset and power with a “single-point” analysis (37).  For the 

full-fit qMT experiment, MT-weighted images were acquired using a 3D MT-prepared spoiled 

gradient echo sequence (36) with a GRE readout, TR/TE/ = 50 ms/2.3 ms/6˚, and SENSE 

acceleration factor = 2.  Nominal resolution was 1 x 1 mm2 in-plane (reconstructed to 0.6 x 

0.6mm2) over 12 slices (5 mm reconstructed slice thickness).  Other parameters were: FOV = 150 

x 150 mm2, and 2 signal averages.  MT weighting was achieved using a 20-ms, single-lobed sinc 

pulse with Gaussian apodization, RF = 360˚ and 820˚, and offset frequencies (∆ω) = 1, 1.5, 2, 2.5, 

8, 16, 32, 100 kHz (chosen to approximately logarithmically sample the expected MT z-spectra 

(37)).  The total scan time for the low-resolution, full-fit acquisition was 12 minutes, 15 seconds.  

High-resolution, single-point MT-data were acquired using the same parameters, except: 

nominal in-plane resolution = 0.65 x 0.65 mm2, and six signal averages.  It should be noted that 

six signal averages for the single-point scan were chosen to approximate the SNR of the full-fit 

acquisition while also minimizing blurring due to intra-scan motion.  MT weighting was achieved 

using the same pulse as the full-fit experiment but at = 2.5 and 100 kHz, and an RF of 820˚.  
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The single point RF irradiation offset was chosen based on numerical simulations to minimize bias 

in the MPF estimate (c.f.  Results).  The total scan time for the high-resolution, single-point 

acquisition was 7 minutes. 

To correct for B1 and B0 inhomogeneities across the spinal cord, B1 and B0 maps were 

acquired using fast 3D techniques — B0: dual-TE GRE with TR/TE1/TE2 = 50/4.6/6.9 ms and  = 

60˚; B1: dual-TR actual flip angle (AFI) GRE method (142) with TR1/TR2/TE = 30/130/2.8 ms and  

= 60˚.  T1 mapping was performed using a multiple flip angle (MFA) acquisition with TR/TE = 

20/4.6 ms and  = 5, 10, 15, 20, 25, 30˚.  A high-resolution multi-echo gradient echo (mFFE) scan 

was also performed and all echoes were averaged to generate a high contrast reference image 

for registration (163).  The mFFE was obtained with TR/TE/∆TE = 700/7.2/8.8 ms and  = 28˚.  

Nominal in-plane resolution was 0.65 x 0.65 mm2.  Acquisition times were 45 seconds for the B0 

map, 1 minute 12 seconds for the B1 map, 1 minute 30 seconds for the T1 map, and 5 minutes 30 

seconds for the mFFE, resulting in a total acquisition time of ≈32 minutes. 

3.2.2. Image Processing 

All data analyses were performed in MATLAB R2013a (MathWorks, Natick, MA).  Prior to data 

fitting, all images were cropped to an area immediately around the spinal cord and co-registered 

to the mFFE volume using the FLIRT package from FSL v5.0.2.1 (FMRIB, Oxford, UK) (145,146).  

The co-registration was limited to translation and rotation (±5˚) in-plane only (i.e. translation in 

x and y, and rotation about the z-axis).  Following co-registration, qMT parameter maps were 

generated for each volunteer and patient using the full-fit qMT model described in Yarnykh (78) 

& Yarnykh and Yuan (82).  This model contains six independent parameters: R1m, R1f, T2m, T2f, MPF 

= M0m/(M0f + M0m), and kmf = kfm*(1-MPF)/MPF.  It has been shown that the signal dependence 

on R1m is weak (19,34); therefore, it was set to 1 s-1 for fitting purposes.  R1obs (1/T1obs) maps were 

reconstructed by regressing MFA data to the spoiled gradient echo signal equation in the steady-

state (148).  The resulting maps were then used to determine the parameter R1f, as described by 

Yarnykh (78) & Yarnykh and Yuan (82).  The remaining parameters were estimated for each voxel 

by fitting the full-fit qMT data to the two-pool MT model (78,82).  For all fitting, the nominal 

offset frequency and RF amplitudes were corrected in each voxel using B0 and B1 maps, 

respectively.   
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It has been shown that T2m, kmf, and the product T2fR1f can all be fixed during the fitting 

process because they all exhibit relatively constant values across tissues  (82).  Note that T2f can 

be determined from the constrained T2fR1f value and an R1f estimate from the MFA data, while 

kfm can be determined using the first-order mass action kinetics (127).  Thus, these constraints 

result in a model where MPF is the only free parameter.   

To estimate reasonable fixed parameter values for the single-point qMT analysis, 

histograms of T2fR1f, kmf, and T2m were created over the spinal cord for all slices and healthy 

volunteers from the full-fit analysis, and the median value of each histogram was chosen to enter 

into the single-point qMT analysis.  Then, using the median values of the constraints and the 

optimal offset and power (determined from the numerical analysis below), the high-resolution, 

single-point data were analyzed to generate high-resolution MPF maps.   

To numerically evaluate the error from only using a single offset to calculate MPF, Monte 

Carlo simulations were performed.  For the simulations, we chose to study white matter, but also 

considered the case where the MPF and T1 may be altered to model changes that may be 

experienced in pathologic conditions such as MS (so-called “lesion” in the Results).  We do note, 

however, that modeling a lesion in this manner underestimates the complexity of the disease 

process, but nevertheless provides an estimate of the bias in the MPF that may be encountered 

in vivo in patient populations.  All data were numerically generated from the equations provided 

in Portnoy and Stanisz (39).  Gaussian noise was added to the data (SNR = 70 at thermal 

equilibrium to match experimental studies), and a single-point analysis was performed over 

10,000 noise realizations for each of the following: (i) at each sampled offset and power to 

numerically evaluate the optimal sampling parameters for the single-point analysis, and (ii) over 

a range for fixed values for kmf, T2fR1f, and T2m to evaluate the potential bias generated by the 

incorrect assumptions about these values.  For the first set of simulations, the relative root mean 

square (RMS) error (Relative RMS Error=
√𝑀𝑃𝐹𝑎𝑐𝑡−𝑀𝑃𝐹𝑒𝑠𝑡̅̅ ̅̅ ̅̅ ̅̅ ̅̅ ̅̅ ̅̅ ̅̅̅ ̅̅ ̅̅ ̅̅2

𝑀𝑃𝐹𝑎𝑐𝑡
∗ 100%, where MPFact and MPFest are 

the actual and estimated MPF values, respectively) was  calculated in order to assess the 

combined effect of noise and bias for each combination of offset and power.  For the second set 

of simulations, only the bias (Relative Bias = 
|𝑀𝑃𝐹𝑎𝑐𝑡−𝑀𝑃𝐹𝑒𝑠𝑡 |

𝑀𝑃𝐹𝑎𝑐𝑡
∗ 100% ) resulting from the 
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constrained parameters was assessed. 

3.2.3. Statistical Analysis 

Mean MPF values for the single-point and the full-fit scans were calculated in the following 

regions of interest (ROI) for each slice: dorsal column, left lateral column, right lateral column, 

and grey matter, as shown in Figure 3.1b.  ROIs were placed manually using MIPAV (NIH, 

Bethesda, MD) for each slice of each subject.  In subjects with MS lesions, lesion ROIs were placed 

fully circumscribing lesions identified on the mFFE, while white matter and grey matter ROIs were 

placed in normal appearing regions in a similar fashion as the healthy volunteers .  Statistical 

comparisons were performed on the mean MPF values from each ROI i) between the left and 

right lateral columns, ii) between the lateral and the dorsal columns, iii) between white matter 

and grey matter, iv) across slices and across subjects, and v) across time.  Non-parametric 

Wilcoxon rank-sum tests were performed for the difference tests and the Kruskal-Wallis (non-

parametric ANOVA) test was performed to evaluate differences across slices and volunteers .  To 

avoid confounds of multiple-comparisons, we chose the significance threshold to be p < 0.01.  

Reproducibility and variability across time was assessed using Bland-Altman analysis (164).  For 

each time point, each volunteer contributed a single MPF value for white matter (WM) and grey 

matter (GM), which were averaged over the entire cord.  As part of this analysis, the normalized 

Bland-Altman difference (DBA), 95% confidence interval for the difference, and the limits of 

agreement (1.96*SD of the difference across scans) were calculated. 
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Figure 3.1. Full fit qMT data for a representative subject at C3/C4.  (a.) Raw qMT data cropped to be centered 

around the spinal cord.  (b.) The high-resolution anatomical image used to co-register the images, with ROIs 

drawn indicating the left and right lateral columns (red), the dorsal column (green) and the grey matter (blue).   

(c.) Z-spectra fit to experimental data taken from the dorsal column between C3 and C4.  (d.) Representative 

full fit MPF map determined from the qMT data shown in (a.).  (e.) Example R1,obs map of the spinal cord.  (f.  & 

g.) Example B0 and B1 maps of the SC, respectively. 
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3.3. Results 

3.3.1. Data Acquisition 

Representative MT-weighted images in a healthy volunteer at the level of C3/4 are shown in 

Figure 3.1a, and corresponding high-resolution mFFE data are given in Figure 3.1b.  Note that the 

cropped images shown in Figure 3.1a and Figure 3.1d-g are derived from the registration process 

(c.f.  Methods).  Figure 3.1c shows mean ROI data (circles) placed in the lateral column white 

matter of a healthy volunteer at powers = 360˚ (black) and 820˚ (blue).  The solid lines denote the 

full-fit qMT analysis, which agrees well with the experimental data (2 = 0.005, p < 0.001).  Figure 

3.1d shows the derived MPF map at the same level.  Note that in the MPF (and R1,obs) map, the 

grey matter is clearly delineated from the surrounding white matter as indicated by lower MPF 

(and R1,obs) values in general.  Note also the poor quality of the fitting near tissue interfaces (such 

as the spinal cord bordering the CSF), which may be related to a poor estimation of kmf in these 

regions due to partial volume effects with CSF, and may be further exacerbated by the choice of 

motion correction strategies, spatial interpolation and within scan motion.  For comparison, R1obs, 

B0, and B1 maps are shown in Figure 3.1e, f, and g respectively.  The average T1,obs values for the 

lateral columns, dorsal column, and grey matter were found to be 1.24±0.20, 1.24±0.23, and 

1.33±0.19 seconds, respectively.

Figure 3.2 shows whole cord histograms for each single-point constrained parameter (kmf, 

T2fR1f, T2m) derived from the full-fit analysis approach over all healthy volunteers for white matter 

and grey matter.  All histograms have a single peak for each tissue type, although kmf and T2fR1f 

are left-skewed with long tails at high values, and each histogram has similar peaks across tissue 

types.  The median values of each parameter used for single-point fitting constraints were: kmf = 

8.95 s-1, T2fR1f = 0.0232, T2m = 10.8 µs. 
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Figure 3.2. Histograms of the full fit model parameters for the control group subjects for (a) the exchange rate 

constant kmf, (b) T2fR1f , and (c) T2m, normalized to the total number of voxels and computed with the bin sizes 

0.78 s-1, 0.0031, and 0.37 µs for kmf, T2fR1f, and T2m, respectively. 

3.3.2. Numerical Error Analysis 

Figure 3.3 shows the numerical analysis of errors comparing full-fit qMT estimates of the MPF to 

the single-point methods.  The MPF relative RMS error as a function of RF offset and power is 

shown in Figure 3.3a for simulated healthy white matter (dashed) and lesion data (solid).  For 

healthy white matter, a minimum RMS error is seen for MT offsets between 1.5 and 3 kHz for 

both RF values.  The lesion has a slightly greater RMS error over all offsets and powers, but tracks 

with the healthy (dashed) values at intermediate offset values .  In fact, lesion and white matter 

RMS error were statistically indistinguishable at offsets = 1.5 to 3 kHz at RF = 820˚. 
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Figure 3.3. Analysis of the errors associated with the single-point analysis of MPF.  (a) The RMS error associated 

with each offset and power for white matter and a lesion.  (b, c, & d) The relative bias associated with inaccurate 

fixed values for kmf, T2fR1f, and T2m, respectively.  The dotted line represents median value for each parameter 

over all healthy subjects, which was the fixed value for all analyses, and the (+) and (-) represent the sign of the 

bias on either side of the inflection point for each plot.  When not varied, parameters were set to: ∆ = 2.5 

kHz, RF power = 820˚, T2m = 10.8 µs, T2fR1f = 0.0232, and kmf = 8.95 s-1. 

The bias in the estimated MPF value associated with incorrect parameter choices for kmf, 

T2fR1f, and T2m are shown in Figure 3.3b, c, and d, respectively.  Note that T2fR1f and T2m stay below 

20% for all constrained parameter values and tissue types indicating that incorrect assumptions 

for T2fR1f and T2m values do not introduce a significant source of bias in the MPF estimate.  

Incorrect assumptions about kmf can result in a significant level of MPF bias in some cases, 

however, a 50% increase/decrease in kmf will result in a 20% bias in the observed MPF, or an over-

/underestimation of only 0.02 for an MPF of 0.1.  While the kmf chosen for this analysis is chosen 
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via histogram analysis derived from healthy control data, simulations predict that the slightly 

elevated kmf in lesions biases estimates of the MPF by less than 10%.  The estimates for the other 

median MT parameters values in the MS patients are similar to the healthy controls (kmf = 8.54 s-

1, T2fR1f = 0.0311, and T2m = 10.3 µs); therefore, we do not expect assumptions regarding these 

parameters to be a significant source of bias in lesions. 
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Figure 3.4. Comparison of full-fit and high-resolution single-point MPF maps for two controls (a-f) and high-

resolution single-point MPF maps for two MS subjects (g-j). 

3.3.3. Comparison to MS 

Anatomical mFFE and MPF maps are displayed in Figure 3.4.  Figure 3.4a-c and Figure 3.4d-f 

illustrate results in two different healthy volunteers at the level of C3/4 with full-fit and high-

resolution single-point maps taken at ∆ = 2.5 kHz and RF = 820˚.  Note that the contrast is such 

that dense white matter regions (lateral, dorsal, and ventral columns) have a higher MPF value 
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(red) compared to the grey matter (green), while the CSF exhibits little to no MT effect (blue).  

The single-point maps show contrast between white and grey matter more clearly than the full -

fit MPF maps, and agreed with the size and location of the anatomical definition shown in the 

mFFE.  Additionally, the single-point MPF shows more consistent values in the CSF and at the 

boundary between the spinal cord and CSF.  Note the artifact in Figure 3.4e (arrow), which is not 

seen in the single-point method.  Since the constraints are applied rather than calculated for each 

slice, aberrant data points (due to motion, or pulsation) may have a smaller impact on the overall 

quality of the fit.  Additionally, the application of median values also reduces the artifacts that 

arise due to poor fitting at tissue interfaces.  Lastly, at higher resolution, the detail of the grey 

matter butterfly can be appreciated in Figure 3.4f.  Figure 3.4g shows an mFFE at the level of C3/4 

in a patient with relapsing-remitting MS who presented with sensory deficits localized to lesions 

in the dorsal column (Figure 3.4g).  The high-resolution, single-point MPF map (Figure 3.4i) shows 

a reduced MPF value (0.09±0.01) in the lesion compared to the lateral and ventral columns (red, 

0.17±0.02) and compared to healthy control white matter (0.16±0.01).  Importantly, the single-

point MPF maps show similar MPF values to the full-fit maps even when pathology is present.  

While simulations (Figure 3.3) predict an underestimation of the MPF of approximately 5% due 

to the decrease in kmf of approximately 0.5 s -1, this does not solely explain the large decrease in 

MPF observed in the lesion.  For example, if the normal white matter MPF = 0.16, this 

underestimation would change this MPF estimate to 0.15, which is still within one standard 

deviation of the normal white matter MPF.  This is also the case when looking at the MPF maps 

for the second MS patient (Figure 3.4j-l).  This patient presented with difficulty walking, sensory 

and motor impairment; examination of the mFFE reveals lesions in both lateral columns, and 

fasciculus gracilis of the dorsal column, but the ventral columns appear intact.  The MPF (Figure 

3.4k,l) corroborates the location of tissue damage and the high-resolution single-point MPF map 

more clearly delineates intact ventral columns (0.14±0.01) even though the majority of the cord 

shows a substantially lowered MPF (0.07±0.01) compared to healthy volunteers. 
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Figure 3.5. MPF maps caudal (a-b) and rostral (e-f) to the lesion (c-d) shown for the first MS patient (shown in 

Figure 3.4g-i). 

Figure 3.5 shows images of the MPF and the mFFE at spinal cord levels caudal to (Figure 

3.5a, b), at the level of (Figure 3.5c, d), and rostral to the dorsal column lesion (Figure 3.5e, f) in 

the first MS patient.  The MPF of the dorsal column lesion seen in Figure 3.5d appears to not be 

well visualized at more rostral and caudal levels.  At the level of C2/3 (rostral to the dorsal column 

lesion), the right lateral column appears to be normal on the mFFE, and this is confirmed by the 
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MPF values (C2/3:0.16±0.01, C3/4:0.09±0.01, C4/5:0.15±0.01), which indicates the white matter 

MPF returns to normal values rostral and caudal to the lesion.   

 

Table 3.1 Mean MPF and Wilcoxon rank-sum tests for the difference between the full-fit and the high-

resolution single-point fit for the dorsal column (DC), lateral columns (LC), and grey matter (GM).  

 Mean MPF Wilcoxon Rank-Sum 

 Full Fit Single Point p-value 

    

DC 0.16±0.01 0.15±0.01 0.79 

LC 0.16±0.02 0.16±0.01 0.57 

GM 0.14±0.01 0.13±0.01 0.06 

 

3.3.4. Statistical Analysis 

Table 3.1 shows mean column wise MPF (±SD) values over healthy controls and the p-value for 

the Wilcoxon rank-sum comparison between the full-fit and single-point derived MPF.  

Importantly, there is no significant difference between the MPF estimates from each method for 

white matter (p > 0.5), but a trend is noted for grey matter (p = 0.06), which is likely due to the 

quality of the full-fit near tissue boundaries and especially in the small grey matter structures. 

Table 3.2 shows the p-values for Wilcoxon Rank-Sum comparisons across columns (Left 

vs.  Right Lateral Column, Dorsal Column vs.  Lateral Column, and white matter vs.  grey matter) 

and Kruskal-Wallis comparisons across volunteers.  There were no statistical differences between 

left and right lateral columns (p = 0.39, p = 0.57) or between lateral and dorsal columns (p = 0.43, 

p = 0.52) for either the single-point method or the full-fit analysis, respectively.  However, the 

MPF was significantly different between white and grey matter for both the full -fit (p = 0.001) 

and the single-point fit (p < 0.001).  When comparing across volunteers and slices, there were no 

significant differences across slices and volunteers in both the full -fit and single-point fit for all 

tissue types, indicating the ability for both single- and full-fit analyses to robustly generate similar 

MPF values throughout the cervical spinal cord.  It should be pointed out that the Kruskal-Wallis 
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test shows a trend towards significance when comparing across volunteers with the single-point 

method. 

 

Table 3.2 P-values for the Wilcoxon rank-sum test and the Kruskal-Wallis test for full-fit and high-resolution 

single-point MPF maps.  Tests were performed to evaluate the lateral column left vs right column differences 

(Left/Right), dorsal column vs lateral column differences (DC/LC), and white matter (lateral column and dorsal 

column) vs grey matter (WM/GM) differences. 

Wilcoxon Rank-Sum Kruskal-Wallis 

 Full Fit Single Point  Full Fit Single Point 

Left/Right 0.57 0.39 WM 0.15 0.04 

DC/LC 0.52 0.43 GM 0.75 0.05 

WM/GM 0.001 <0.001    

 

Table 3.3 The 95% confidence intervals, and limits of agreement for the Bland-Altman test for the full-fit and 

high-resolution single-point fit in white matter and grey matter in 5 volunteers.  The table also displays the p-

values for the paired t-test. 

  White Matter Grey Matter 

  Full Fit Single Point Full Fit Single Point 

Mean Difference  -0.02±0.03 -0.008±0.016 -0.005±0.018 -0.001±0.008 

95% Confidence Intervals  (-0.06,0.02) (-0.03,0.01) (-0.03,0.02) (-0.01,0.008) 

Limits of Agreement  (-0.08,0.05) (-0.04,0.02) (-0.04,0.03) (-0.02,0.01) 

p-value  0.29 0.34 0.56 0.76 

DBA (%)  10.26 5.33 3.84 0.90 

 

Table 3.3 shows the Bland-Altman analysis of reproducibility of the MPF values for white 

and grey matter.  The confidence intervals for white and grey matter overlap zero for both the 

full-fit and the single-point MPF and, thus, are not significantly different from time point one to 

time point two.  Interestingly, in white and grey matter, the single-point, high-resolution images 

have approximately 2-fold smaller limits of agreement and 95% confidence intervals, and also 
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display lower DBA values, indicating that the MPF derived from single-point methods are less 

variable across time compared to the lower resolution scans. 

3.4. Discussion 

The goal of this study was to demonstrate the feasibility of high-resolution MPF mapping of the 

human spinal cord in vivo.  We compared the MPF across volunteers, between left and right 

lateral columns, between lateral and dorsal columns, between white and grey matter, and 

evaluated the slice-wise variability as well as the test-retest reliability for white and grey matter 

in the cervical SC.  We show that the MPF can be consistently obtained in healthy volunteers, and 

that the MPF is significantly decreased in the lesions of patients with MS.  The ability to generate 

MPF maps from only a single qMT measurement may increase the clinical applicability of SC qMT 

imaging because of the opportunity to obtain either high-resolution quantitative mapping, or 

rapid estimation (46 seconds/offset at 1x1x5 mm3) of the MPF at lower resolution.   

Currently, qMT of the spinal cord at 3.0-T has been limited (15), although several semi-

quantitative measurements using the MTR (6) and MTCSF (14) have been reported 

(11,24,115,165,166).  One challenge facing the MTR and MTCSF is that they are sequence and 

scanner dependent (6,34,73) and, therefore, cannot readily be used to quantitatively study tissue 

changes in the spinal cord across sites.  In contrast, qMT-derived MPF values have been shown 

to be scanner independent and correlated with myelin content (13,125-127), but typically suffer 

from long acquisition times.  Utilizing a single-point qMT measurement (with appropriate 

constraints) estimates of the MPF can be obtained in less time and at higher resolution.  As can 

be seen from Figure 3.4, the higher resolution gained from only utilizing one off-resonance 

measurement provides benefits in characterizing the MPF at tissue interfaces in the spinal cord.  

The increased resolution also provides more accurate delineation of white and grey matter in 

healthy tissue, and additionally allows for straightforward lesion detection in demyelinating 

diseases such as MS.  It should be pointed out that other novel methods have been presented to 

obviate the long acquisition times and derive MT indices that quantitatively reflective the 

magnitude of the MT effect (75).  They differ from the method proposed in this manuscript by 

employing a fit to the signal equation for an MT-prepared FLASH sequence rather than imposing 

constraints on the two-pool model for MT.   
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It is important to note, that while MPF mapping of the human spinal cord in vivo has also 

been limited (15), MPF measurements of SC white matter in this study agree well with previously 

published MPF data in the brain (37) for the single-point methodology as well as the multi-point 

acquisitions (28).  The lack of significant differences between the lateral and dorsal columns could 

be related to the fact that in the healthy cord, there are only subtle differences between the 

myelin density of the dorsal and lateral column.  The qMT-derived MPF values for grey matter 

are also in good agreement with literature reports of grey matter in the brain. 

Interestingly, when comparing the single-point and full-fit estimates of the MPF, a trend 

towards significance is seen from the former when evaluating the MPF across healthy volunteers .  

The complete analysis is shown in Table 3.2, which displays the results of the Kruskal-Wallis (non-

parametric ANOVA) test.  When examining controls across slices and across subjects, the full -fit 

displayed no significant variation across subjects (p > 0.1), whereas the single-point MPF trended 

towards significance at the p = 0.01 level (p = 0.04 and p = 0.05, respectively).  This is intriguing 

because it offers the possibility that the single-point method may be sensitive to subtle 

differences between volunteers; or it may be that an improvement in the resolution minimized 

sensitivity to tissue interfaces.   

The test-retest values of the model also did not demonstrate significant bias, indicating 

the model may be able to allow one to follow the MPF over time.  Furthermore, as can be seen 

from the Bland-Altman analysis shown in Table 3.3, the single-point analysis displayed less 

variability over time than the full-fit analysis.  This suggests that the temporal variability in the 

single-point method is less susceptible to day-to-day variations in the scanner as well as patient 

motion, potentially due to the constraints that are applied to generate the MPF index.  We should 

point out, however, that differences in resolution, SNR, and CNR play a role in test-retest 

reliability, making it difficult to compare across protocols .  Another confound is that for high-

resolution scans, the within scan motion can be greater and is challenging to correct post-hoc, 

especially in the cord.  Nevertheless, both the full-fit and single-point methods provide relatively 

robust test-retest reliability, which may have important implications for tracking pathology.   

When choosing constraints for the one-point analysis, care must be taken when choosing 

the value for kmf, as substantially erroneous estimates of kmf can lead to large variations in the 
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MPF estimates (Figure 3.3).  The median kmf in the MS patients (kmf = 8.54) was slightly different 

from that observed in the controls (kmf = 8.95), which may have led to some of the observed 

differences in the MPF when lesions are present.  According to Figure 3.3, this kmf error would 

lead to an inflation of the estimated MPF of < 5% in patients .  This is also seen experimentally in 

Figure 3.4h, j, k, and l, where, although there are minor differences between the full -fit and 

single-point MPF maps, the overall spatial correspondence of the lesion and magnitude of the 

estimated MPF are similar.  When comparing the single-point MPF map of the patients to the 

anatomical images, the single-point, high-resolution MPF image more accurately depicts the 

pathology seen in the anatomical image, indicating that any small inaccuracies in the MPF do not 

change the impression of decreased MPF in lesions and are tolerable when considering trade-

offs with respect to motion artifacts, etc.  This is also the case when examining the areas around 

the lesion, where the MPF does not show appreciable partial volume effects. 

Additionally, it is important to consider when the single point method may fail.  The 

central theory behind the single point method is that the constraints chosen for kmf, T2fR1f, and 

T2m represent the majority of the tissue parameters present in a given tissue type.  Therefore, 

from this theory, it is assumed that the variations (as seen in Figure 3.2) within these parameters 

are due primarily to parameters, such as noise, that are independent of the tissue.  However, in 

pathology, these parameters may be seen to vary; Tozer, et al. (167) demonstrated that T2m 

changes significantly in patients with glioma when compared with healthy controls.  Therefore, 

it is important to ensure the constrained parameters do not change when applying the single 

point model in pathology. 

The current clinical gold standard for visualizing white matter pathology is the MTR, 

however, it has been shown to be sensitive to B1 and B0 effects, pulse sequence design, hardware 

limitations, and scanner field strength (6,34,73).  Nevertheless, it is important to cast the findings 

of our single-point method in light of the conventional MTR.  To compare the single-point qMT-

derived MPF to the MTR, we calculated the MTR using the high-resolution single-point MT data 

(RF = 820˚,  = 2.5kHz) which is defined as: MTR = 1-S()/S0, where S() and S0 are the 

signals obtained with and without RF irradiation, respectively.  Similar to the MPF, the MTR in 

healthy controls shows no differences between dorsal (0.45±0.02) and lateral (0.45±0.02) 
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columns (p=0.68), but significant differences between white (0.45±0.02) and grey (0.42±0.02) 

matter (p = 0.009) are noted and expected.  However, the MTR across slices and volunteers shows 

significant differences (Kruskal-Wallis, p < 0.001).  While it is difficult to assume that either the 

MPF or MTR should (or should not) be different across volunteers, it has been shown that over a 

small segment of the spinal cord, tissue relaxation and myelin density should not vary 

significantly.  Thus, we hypothesize that a measure sensitive to these phenomena should also not 

be different.  Since the MTR varies over slices for healthy volunteers whereas the MPF does not, 

we postulate that the B1, B0, and T1 correction applied to generate the MPF minimizes the impact 

of slice-wise, periodic fluctuations that can directly impact the accuracy of the estimate of MT-

derived indices.   

When considering reproducibility, the MTR shows no significant differences over time for 

both white (p = 0.63) and grey (p = 0.21) matter.  However, Bland-Altman analysis shows that the 

MTR has a larger LOA and 95% confidence interval span (MTR LOA white matter = (-0.06,0.07), 

gray matter = (-0.03,0.06); 95% CI white matter = (-0.03,0.05), gray matter = (-0.01,0.05)), which 

underscores the importance of correcting both B1 and B0 in the MPF calculation.   

In the two patients studied, we found that the MPF and MTR show different sensitivities.  

For the first patient (Figure 3.4g-i), the MPF in the lesion shows approximately a 50% reduction 

in the MPF value (0.09±0.01) compared to the lateral and ventral columns (0.17±0.02), and 

compared to healthy control white matter (0.16±0.01).  The MTR, however, shows a 7% reduction 

(0.41±0.02) in the lesion compared to the lateral and ventral columns (0.44±0.06).  For the second 

patient (Figure 3.4j-l), the MPF in the ventral columns (0.14±0.01) is slightly reduced (by 9%) yet 

it is still similar to the healthy control average in the ventral columns; the majority of the cord, 

however, is substantially lower (0.07±0.01).  The MTR for this patient in the same regions shows 

a larger reduction (0.31±0.02) over the bulk of the cord compared to the ventral columns 

(0.44±0.01), and compared to healthy volunteers but still a smaller relative change than the MPF.  

We hypothesize that the change in T1 between lesion types may play a role in the observed 

sensitivity of the MTR to different lesions, which are removed in the single-point MPF calculation.  

In summary, the MPF in well-delineated (Figure 3.4g-i) and diffuse (Figure 3.4j-l) lesions show a 

greater relative signal reduction than the MTR, yet neither the MPF nor the MTR reveals rostral-
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caudal reductions at vertebral levels above and below the lesion (MTR C2/3:0.44±0.02, 

C3/4:0.41±0.02, C4/5: 0.43±0.03). 

It should be pointed out that for both the single-point and full-fit MPF calculations, motion 

correction is important in determining the fidelity of the derived indices.  In this work, we chose 

to use a standard motion correction package, FLIRT (FSL, FMRIB, Oxford UK), and the resulting 

images were transformed using linear interpolation.  While visually this resulted in excellent 

spatial agreement between the target and the MT-weighted scans, alternative methods for 

spatial interpolation could be considered.  Indeed, the interpolation choice may have an impact 

on the magnitude of partial volume effects at the cord boundary.  A future study could examine 

the impact of motion correction on the derived maps.  Additionally, motion within the scan 

cannot be overlooked.  For high-resolution scans, the spinal cord will move more rapidly than the 

time it takes to sample the full k-space for our 3D acquisition and may result in blurring at the 

interfaces.  Ideally cardiac and/or respiratory triggering could be used, but the dynamic change 

in the TR with each trigger may influence the assumption of a steady state magnetization.  The 

findings herein suggest that while this motion may result in blurring, the constraints of the single-

point model minimize the impact of motion on the estimated MPF values, especially at tissue 

interfaces.   

While the scan times were within the clinical domain, this study did not pursue fast 

imaging methods such as segmented EPI to further accelerate scan times .  These methods could 

be utilized to further decrease scan times, although additional considerations (e.g., susceptibility 

effects) need to me made when employing EPI readouts.  This study also did not optimize the 

excitation flip angle in the qMT sequence.  While the small flip angle was chosen to reduce T1 

effects that may be present at larger flip angles, a larger flip angle would provide more signal  

and, therefore, may be necessary in order to provide balance between scan time and SNR.   

3.5. Conclusions 

The results of this study demonstrate the feasibility of performing qMT imaging in human spinal 

cord in vivo.  The development of this technique allows for a higher resolution quantitative scan 

of the spinal cord in less time than is needed for a conventional full-fit qMT acquisition.  In healthy 

subjects, intra-subject reliability (i.e. test-retest) and through cord similarities were 



 68 

demonstrated for both full-fit and single-point acquisitions.  This method was also performed on 

patients with multiple sclerosis with well-described spinal cord lesions, providing preliminary 

evidence that this method can be utilized to illustrate pathology in vivo.  Future work includes 

further investigating the effects of pathology on the kmf, and high field applications of this 

methodology.  
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Chapter 4: qMT Characteristics of Multiple Sclerosis in the Cervical 

Spinal Cord and Single Point qMT Application to the Lumbar Cord 

4.1. Influence of Multiple Sclerosis on the Constraints of the Single Point model in the Cervical Spinal 

Cord 

4.1.1. Introduction 

The spinal cord (SC) is involved in many central nervous system (CNS) diseases, and in multiple 

sclerosis (MS), it is hypothesized that SC damage is  responsible for the bulk of clinical deficits 

(108,168).  The SC is less than one tenth the size of the brain, and thus a small, 3mm lesion in the 

brain would encompass approximately 20% of the SC; the neurological equivalent of a 40mm 

lesion in the brain.  Importantly, a 3mm SC lesion in a white matter column can result in complete 

loss of function from that column due to the somatotopic organization of the SC.  Radiologically, 

conventional T1 and T2  methods are sensitive to necrosis, inflammation, or atrophy (169), while 

axonal damage and neurological disease progression occurs largely independently of changes in 

T2 (170).  Several studies have shown that SC pathology may provide a more direct indicator of 

disease progression and clinical disability than the brain can provide alone (171,172). 

Magnetization transfer (MT) imaging has emerged as a viable alternative to conventional 

structural MRI indices, and has been shown to be remarkably sensitive to changes in myelin 

associated with pathologies such as MS (2,13,72).  In particular, several studies have shown that 

MT may be able to estimate the severity of meningeal inflammation, which has been associated 

with axonal loss in postmortem SC studies (173,174).  Furthermore, MT imaging may show 

abnormalities near the pia mater of the outer cord early in the disease course, before the 

development of significant atrophy, suggesting that the outer cord may be involved in disease 

progression (175) 

Thus, employing MT contrast in MS and other demyelinating pathologies may provide a 

more sensitive biomarker of disease evolution than conventional MRI.  MT is the biophysical 

phenomenon whereby free water protons observed with standard MRI methods (T1 and T2-

weighted imaging) are in exchange with protons associated with immobile macromolecules in 

tissue (33).  While conventional MRI cannot detect the protons associated with macromolecules  
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due to their short (≈ 10 µs) T2 relaxation time, they are in constant exchange with water through 

dipole-dipole and direct chemical exchange; this exchange has been called the MT effect.  

Contrast in an MT experiment is generated via application of a radiofrequency (RF) irradiation 

pulse at an offset frequency with respect to water () that selectively saturates the spectrally 

broad macromolecular proton resonance.  This saturation is then transferred to the free water 

pool via the MT effect, resulting in an observed water signal attenuation.  MT has traditionally 

been quantified through the use of the magnetization transfer ratio (MTR), and has been used in 

several studies to show that MT is correlated with myelin content (11-13).  However, the MTR is 

dependent on the acquisition parameters, as well as B1 and B0 inhomogeneities (6) and other 

non-MT-specific NMR parameters (34,73). 

Some of the limitations of the MTR have been rectified by modeling (often via a two-pool 

model) the signal changes resulting from MT contrast (35,36) and deriving quantitative indices, 

which is referred to as quantitative MT (qMT).  qMT typically requires the acquisition of several 

images at multiple RF irradiation powers and/or offsets, from which a so-called MT Z-spectrum 

can be generated for each voxel (124).  The resulting Z-spectrum can be fit to estimate several 

indices, including the macromolecular (m) to free (f) pool size ratio (PSR) (15,59), MT exchange 

rate from the macromolecular to pool to the free pool (kmf), and the transverse and longitudinal 

relaxation rates for each pool (73).  Interest in estimating the PSR in particular has been driven 

by several studies (13,125,127,176-178), which have shown a strong correlation between the PSR 

and white matter myelin density.  Indeed, several studies of MS have already incorporated the 

improvements of qMT, and have shown associations between the PSR and myelin (25,28,179).  

However, these studies have been limited by long acquisition times due to the need to collect 

multiple MT-weighted images, and thus, are hindered for clinical application. 

Recently, fast whole-brain mapping of the PSR between the macromolecular and free 

pools using only a single MT-weighted image (and a reference image) (37) has been developed, 

and was subsequently applied in the SC (76) and the thigh (152) in healthy volunteers.  This fast 

qMT estimation procedure (so-called single-point qMT) is accomplished by imposing constraints 

on the two-pool model, providing an opportunity to utilize the scan time savings for improved 

resolution or reduction of the sensitivity of the model to motion.  Single-point qMT has also been 
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applied in the brain in MS patients (180) utilizing constraints derived from healthy volunteers.  I 

seek to further this work by addressing whether or not a healthy-cohort derived set of constraints 

will hold true in patient populations, specifically in the cervical spinal cord of patients with MS.  

Therefore, my goal is to test whether or not single-point qMT model constraints need to be 

adjusted for measured model inputs from a patient population, and the impact these 

assumptions have on the estimation of the PSR in patients with MS.  Toward this end, I i.) acquired 

low-resolution MT data in vivo in the cervical SC of healthy controls and MS patients, ii.) imposed 

a full two-pool model fit in both cohorts, and iii.) derived constraints to apply in a single-point 

model of the data.  These constraints were then compared across cohorts to determine which 

set of parameters were more appropriate to use in the patient cohort.  Lastly, I iv.) estimated PSR 

indices in each cohort for each set of constraints. 

4.1.2. Materials and Methods 

Data Acquisition 

The local Institutional Review Board approved this study, and signed informed consent was 

obtained prior to examination.  Data were obtained from two cohorts: 1.) thirteen healthy 

volunteers (8 male, age range 24 – 33 years, mean age 25±2.5 years), and 2.) eight relapsing-

remitting MS (RRMS) patients (4 male, age range 30 – 49 years, mean age 40.5±5.37 years, mean 

EDSS score = 0.5±1.17) and a primary progressive MS (PPMS) patient (male, 60 years old, EDSS 

score 5) on a 3.0 tesla Philips Achieva scanner (Philips Healthcare, Best, The Netherlands).  A 

quadrature body coil was used for excitation and a 16-channel neurovascular coil was used for 

signal reception.  The field-of-view (FOV) was centered between the C3 and C4 vertebral bodies, 

and spanned, at minimum, the C2 to C5 vertebral levels in all subjects.  Parallel imaging with 

sensitivity encoding (SENSE) and second-order shimming was used to minimize image artifacts 

arising from susceptibility differences between bone and tissue. 

The same MT protocol from Chapter 3 was used here: two MT protocols were performed:  

1) a low spatial resolution acquisition (1 x 1mm2) at 8 offsets (∆) and 2 powers (RF) with a “full-

fit” analysis (78,82) and 2) a high-resolution acquisition (0.65 x 0.65 mm2) at 1 offset and power 

with a “single-point” analysis (37).  For the full-fit qMT experiment, MT-weighted images were 

acquired using a 3D MT-prepared spoiled gradient echo sequence (36) with a GRE readout, 
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TR/TE/ = 50 ms/2.3 ms/6˚, and SENSE acceleration factor = 2.  Nominal resolution was 1 x 1 

mm2 in-plane (reconstructed to 0.6 x 0.6mm2) over 12 slices (5 mm reconstructed slice thickness).  

Other parameters were: FOV = 150 x 150 mm2, and 2 signal averages.  MT weighting was achieved 

using a 20-ms, single-lobed sinc pulse with Gaussian apodization, RF = 360˚ and 820˚, and offset 

frequencies (∆ω) = 1, 1.5, 2, 2.5, 8, 16, 32, 100 kHz (chosen to approximately logarithmically 

sample the expected MT z-spectra (37)).  The total scan time for the low-resolution, full-fit 

acquisition was 12 minutes, 15 seconds.  High-resolution, single-point MT-data were acquired 

using the same parameters, except: nominal in-plane resolution = 0.65 x 0.65 mm2, and six signal 

averages.  MT weighting was achieved using the same pulse as the full -fit experiment but at 

= 2.5 and 100 kHz, and an RF of 820˚.  The total scan time for the high-resolution, single-point 

acquisition was 7 minutes. 

To correct for B1 and B0 inhomogeneities across the spinal cord, B1 and B0 maps were 

acquired using fast 3D techniques — B0: dual-TE GRE with TR/TE1/TE2 = 50/4.6/6.9 ms and  = 

60˚; B1: dual-TR actual flip angle (AFI) GRE method (142) with TR1/TR2/TE = 30/130/2.8 ms and  

= 60˚.  T1 mapping was performed using a multiple flip angle (MFA) acquisition with TR/TE = 

20/4.6 ms and  = 5, 10, 15, 20, 25, 30˚.  A high-resolution multi-echo gradient echo (mFFE) scan 

was also performed and all echoes were averaged to generate a high grey/white matter contrast 

target image for registration (163).  The mFFE was obtained with TR/TE/∆TE = 700/7.2/8.8 ms 

and  = 28˚.  Nominal in-plane resolution was 0.65 x 0.65 mm2.  Acquisition times were 45 

seconds for the B0 map, 1 minute 12 seconds for the B1 map, 1 minute 30 seconds for the T1 map, 

and 5 minutes 30 seconds for the mFFE, resulting in a total scan time of ≈32 minutes. 

Image Processing 

All data analyses were performed in MATLAB R2016a (MathWorks, Natick, MA).  Prior to data 

fitting, all images were cropped to an area immediately around the SC and co-registered to the 

mFFE volume using the FLIRT package from FSL v5.0.2.1 (FMRIB, Oxford, UK) (145,146).  The co-

registration was limited to translation and rotation (±5˚) in-plane only (i.e. translation in x and y, 

and rotation about the z-axis).  Following co-registration, qMT parameter maps were generated 

for each volunteer and patient using the full-fit qMT model described in Yarnykh (78) & Yarnykh 

and Yuan (82).  This model contains six independent parameters: R1m, R1f, T2m, T2f, PSR = M0m/M0f, 
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and kmf = kfm/PSR.  The R1obs (1/T1obs) maps were independently reconstructed by fitting the MFA 

data to the SPGR signal equation in the steady-state (148); these maps were used during MT 

parameter estimation (below) to estimate the parameter R1f (78,82).  Henkelman, et al. (34) & 

Morrison and Henkelman (19) showed that the signal dependence on R1m is weak; therefore, it 

was set equal to the R1f (37).  The remaining parameters were estimated for each voxel by fitting 

the full-fit qMT data to the two-pool MT model (78,82).  For all fitting, the nominal offset 

frequency and RF amplitudes were corrected in each voxel using B0 and B1 maps, respectively. 

The single-point method has demonstrated that kmf, T2m, and the product T2fR1f can all be 

fixed during the fitting process because they all exhibit relatively constant values across tissues 

(37,76).  To estimate reasonable fixed parameters values for the single-point qMT analysis, 

histograms of kmf, T2m, and T2fR1f were created (see section Comparison of Control Data and 

Patient Data below), and the median value of each parameter was chosen to enter into the single-

point qMT analysis; the high-resolution MT-weighted images were then analyzed to estimate 

high-resolution PSR maps. 

Comparison of Control Data and Patient Data 

To determine whether the healthy control-derived constraints (assumptions) were similar to 

those from the MS patient cohort, mean parameter values for SqMT = [T2fR1f, kmf, T2m] were 

calculated over each slice for each subject, and the non-parametric Kruskal-Wallis (non-

parametric ANOVA) test was performed to evaluate if differences exist between cohorts for all 

SqMT parameters.  Next, to estimate reasonable fixed parameter values  to enter for the single-

point qMT analysis, histograms of SqMT that were derived from the full-fit analysis were created 

over the SC for all slices and for each cohort of subjects. Lastly, the median value of each 

parameter from SqMT in each cohort was determined.  The calculated constraints (assumptions) 

from the control cohort were applied to the high-resolution qMT data to derive the PSR maps.  

The results of the Kruskal-Wallis test above (see section 4.1.3) were used to determine the 

constrained SqMT parameters to estimate the high-resolution PSR maps for the patient cohort. 

Tissue Segmentation 

The WM and GM in the control cohort were segmented from the mFFE images using the multi-

atlas segmentation tool (181,182) previously developed for mFFE acquisitions.  Each GM/WM 
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ROI was eroded using the imerode tool from MATLAB to ensure only WM and GM were selected, 

and the mean PSR values from the single-point data were calculated from each volunteer. 

 

Figure 4.1.  High-resolution anatomical images in a healthy control (a.), and an MS patient for rater #1 (b.) and 

rater #2 (c.) with ROIs drawn for WM (blue), GM (green), and lesions (red).  The WM ROIs encompassed all SC 

data that was not labeled GM, central canal (see (b.), or lesion. 

Since the multi-atlas procedure does not account for lesions, in the patient cohort, ROIs 

were drawn manually by two independent raters for each slice in the GM, NAWM, and lesions 

on the high-resolution mFFE image (shown in Figure 4.1b and c).  ROIs were placed manually 

using MIPAV (NIH, Bethesda, MD) for each slice of each subject.  Lesion ROIs were defined by 

areas of increased signal intensity relative to the surrounding white matter.  The ROIs were then 

eroded as for the multi-atlas method to ensure only the WM, GM, and Lesion were identified and 

that partial volume effects were minimized.  The mean single-point PSR was calculated for each 

subject and tissue type (white matter (normal appearing), grey matter, and lesion). 

Statistical Analysis 

Statistical comparisons were performed on the mean PSR values i) between raters for the patient 

cohort, ii.) between each tissue type in the patient cohort (NAWM, GM, and lesions), and iii) 

between the healthy control cohort (WM and GM) and the patient cohort for each tissue type.  

We chose the significance threshold to be p < 0.05 for all statistical comparisons.  The Wilcoxon 

rank-sum test was used for comparisons ii) and iii), while the Bland-Altman analysis (164) was 

used for the inter-rater comparisons. 
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4.1.3. Results 

Comparison of Control and Patient Parameter Data 

The histograms derived from the low-resolution, full fit qMT analysis for kmf, T2fR1f, and T2m over 

the whole cord are shown in Figure 4.2 for both the control and patient groups.  Although not 

significant, the kmf was found to be lower in the patients (7.54 s -1) relative to the controls (8.45 s-

1, p-value: 0.059).  All histograms are single-peaked and are skewed in a similar manner between 

cohorts – the kmf and T2fR1f are skewed to the left with long tails at high values, while the T2m 

presents little to no skew.  The median values for the control and patient cohorts are: [8.45, 7.54] 

s-1, [0.0239, 0.0279], and [10.66, 10.3] µs for the kmf, T2fR1f, and T2m, respectively, and are also 

shown in Table 4.1. 

There were no significant differences found between the control and patient cohorts for 

any of the calculated constraints, however, kmf is approaching a significant difference (p = 0.059).  

This suggests that, while not significant, there may be some differences in the assumed values 

between cohorts that need to be accounted to accurately model the single-point qMT data.  

Therefore, going forward, all patient data utilized the patient-derived full-fit constraints to 

calculate the high-resolution, single-point PSR data. 

 

Table 4.1 Median estimated parameter values for the kmf, T2fR1f, and T2m in the control and patient cohorts, 

and the p-value from the Kruskal-Wallis test comparing each parameter in each cohort over all slices.  

 Control Patient p-value 

kmf (s-1) 8.45 7.54 0.059 

T2fR1f 0.0239 0.0279 0.102 

T2m (µs) 10.66 10.3 0.656 
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Figure 4.2. Parameter histograms over the whole SC for the healthy controls (blue) and patients (red) derived 

from (a.) the exchange rate, kmf, (b.) the T2fR1f, and (c.) the T2m. 

High-Resolution Single Point Data 
Anatomical images, R1obs maps, and PSR maps are displayed in Figure 4.3 for a healthy control 

and a patient with MS, and mean single-point PSR values for the healthy controls and MS patient 

groups are shown in Table 4.2.  Note that the contrast in the PSR is such that WM areas have a 

higher PSR value (yellow-red) than GM (green), while the CSF exhibits little to no MT effect (dark 

blue).  The average T1obs values for the healthy GM and WM are [GM: 1.37±0.08 s, WM: 1.28±0.08 

s], while the average T1obs values in the patient GM, NAWM, and lesions are: [GM: 1.49±,0.16 s, 

NAWM: 1.38±0.14 s, Lesions: 1.49±0.19 s].  Importantly, several differences can be appreciated 

when the PSR in the healthy control and patient are compared.  In areas associated with a lesion 

on the anatomical image, we see a concurrent decrease in the PSR of the patient (0.11±0.03).  
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Importantly, this is reduced compared to the NAWM (0.14±0.04), and the control WM 

(0.16±0.03).   

 

 

Figure 4.3. Anatomical data (a.), R1obs (b.), and PSR (c.) data for a typical healthy control and patient with MS.  

Notice the decreased PSR over areas where a lesion is present, and in the areas surrounding these lesions.   
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Table 4.2 Mean PSR values for white matter (WM), grey matter (GM) and lesion data. 

  WM GM Les 

Controls 0.18±0.01 0.15±0.01 N/A 

Patients 
Rater 1 0.17±0.03 0.14±0.02 0.14±0.03 

Rater 2 0.16±0.03 0.15±0.03 0.13±0.03 

 

Table 4.3 The 95% confidence intervals, mean difference, Bland-Altman difference, and limits of agreement for 

the Bland-Altman test for the inter-rater reproducibility in the normal appearing white matter (NAWM), grey 

matter (GM), and lesion values in the MS patients.  The table also displays the p-values for the paired t-test. 

 NAWM GM Lesion 

Mean Difference 0.0006±0.002 0.006±0.01 0.007±0.002 

95% Confidence Interval  (-0.003,0.001) (-0.01,0.0006) (-0.009,0.02) 

Limits of Agreement (-0.006,0.005) (-0.02,0.011) (-0.03,0.05) 

p-value 0.480 0.07 0.355 

DBA(%) 0.398 3.975 5.267 

 

Table 4.4 Statistical comparisons between the healthy (WM and GM) and patient (NAWM, GM, and Lesions) 

cohorts using the Wilcoxon rank-sum test for a single rater.  Bolded values are considered significant results. 

 Healthy WM Healthy GM NAWM Pat GM Lesion 

Healthy WM 1 <0.001 0.161 0.006 0.005 

Healthy GM  1 0.052 0.689 0.046 

NAWM   1 0.094 0.015 

Pat GM    1 0.139 

Lesion     1 

 

The Bland-Altman analysis for the inter-rater comparison is displayed in Table 4.3.  The 

95% confidence intervals for all tissues overlap zero, indicating there are no significant 

differences between raters; this is further confirmed by the p-values.  Interestingly, the lesions 

had the largest DBA and limits of agreement, indicating that description of lesion boundaries  

varied among the raters. 
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The statistical comparisons between the healthy and patient cohorts from the Wilcoxon 

rank-sum test displayed in Table 4.4.  The WM in the healthy controls was significantly different 

from both the GM and lesions (p-values <0.01 in all cases).  The NAWM was also significantly 

different from the lesion data (p-values = 0.015), however, the NAWM was not shown to be 

significantly different from either the healthy WM or the patient GM. 

 

 

Figure 4.4. Histograms of the high-resolution qMT data for (a.) the whole cord PSR, and (b.) PSR in the healthy 

WM, NAWM, and lesions (using the ROIs from rater 1).  When taken as a whole, the PSR in the controls shows 

a small, non-significant difference from the control data.  However, separating this data into (NA)WM and 

lesions shows there are marked differences between the control and patient data.  In particular, the NAWM 

appears to have a significant tail on the lower part of the PSR spectrum (arrow). 

Figure 4.4 shows histogram of the calculated PSR data derived from the single-point, high-

resolution data in the healthy controls and MS patients.  The PSR over the entire cord (Figure 

4.4a) shows no significant differences between healthy controls and patient with MS, although 

there is a left shift in the patients.  Subdividing the PSR values into healthy WM, NAWM, and 

lesion data (Figure 4.4b), elucidates several significant differences.  First, the lesion PSR values 

(red line) are shifted (lesion median: 0.121, healthy WM median: 0.173) left, and statistically 

different from healthy controls (p-value = 0.008).  Second, while the NAWM and healthy WM 

showed no significant differences (p-value = 0.16) the NAWM has an apparent left-skewed tail 

for lower PSR (arrow), which may indicate that the PSR may be sensitive to WM damage that was 
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not observed in the anatomical mFFE.  Furthermore, removing individual patients did not reduce 

this tail, indicating a systemic low PSR seen over multiple patients.   

4.1.4. Discussion 

The goal of this study was to evaluate how applying assumed constraints derived from a full qMT 

analysis and applied to a single-point qMT method are different in pathology, such as in MS.  We 

compared the calculated constraints for each patient population and evaluated the PSR across 

patients (using patient-centric assumptions) in the NAWM, GM, and MS lesions, as well as 

between MS patients and healthy controls.  We demonstrate that it is important to evaluate the 

constraints necessary to perform a data-reduction single-point qMT strategy in a cohort of 

patient data in order to determine how the parameter maps obtained in a disease model may 

vary from those obtained in healthy controls. 

Even though the constraint estimates were not significantly different between cohorts, 

kmf approached a significant different (p-value = 0.059) and needs to be considered further. Based 

on the difference in kmf histogram shapes and apparent downward shift shown in Figure 4.2 we 

considered the validity of using patient-derived parameter constraints in the patient cohort 

(rather than those derived for healthy cohorts) for the high-resolution single point analysis.  

When constraining a model, it is important to understand how these constraints may be biased 

in pathological conditions.  For instance, although the T2m parameter is relatively consistent 

across controls and patients in MS (37), it has been shown to differ in other disease models.  

Tozer, et al. (167) , demonstrated that T2m is just one of the parameters that changes significantly 

in glioma in vivo – PSR was also shown to change significantly.  Applying a constrained model, 

such as the single point method presented here, would suffer from inconsistencies in the 

assumptions in this disease model.  Thus we propose that it is important to evaluate the 

difference in the assumed constraints when applying them to a patient cohort.   

A downward bias was observed in the patient single point PSR data when utilizing the 

constraints derived from the control population.  While this wasn’t shown to be significant in this 

population (p-values ≈ 0.12, one-sided Wilcoxon rank-sum test), this may be attributed to the 

relatively low EDSS scores present over the patient cohort (mean EDSS: 1.06±1.88).  However, 

comparing the PPMS patient (EDSS score = 5) PSR histogram data between the control-derived 
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and patient-derived single point data demonstrated a trend towards lower PSR data in the 

control-derived data set.  Therefore, utilizing the control-derived single point PSR may lead to 

inaccurate estimates of the white matter integrity in the patient population, and thus, may 

reduce the sensitivity of these measurements to true changes associated with MS.  However, 

before this can be definitively answered, more data in a larger patient cohort with varying levels 

of clinical deficits is necessary.   

Comparing the cohorts using the high-resolution single-point PSR data yielded some 

interesting insights into the tissue changes resulting from MS.  Since most of the patients 

presented with low neurological deficits (mean EDSS: 1.06±1.88) the manifestation of damage in 

the spinal cord is expected to also be low. The low-moderate impact on the spinal cord is 

reflected in the whole-cord PSR histograms, which did not show significant differences between 

healthy volunteers and patients with MS. However, when separating lesion and NAWM in the 

patient cohort, differences with healthy control volunteers was noted. In Figure 4.4b, we can see 

that the NAWM has a long tail towards low PSR. The low PSR in in the NAWM may indicate sub-

radiological disease processes such as non-inflammatory processes, which is not observed in the 

anatomical mFFE.  Indeed, it has been shown in animal models that PSR and myelin content are 

well-correlated (125-127,176).  This lower PSR is further illustrated in Table 4.4: the NAWM is 

trending towards significance when compared with both the control and patient WM, which may 

indicate both “normal” and demyelinating NAWM. 

Magnetization Transfer Ratio 

Performing the same analyses as that in Table 4.4 provides significant differences between all 

control data and all patient data (p < 0.01).  However, as was stated previously, the MTR is 

strongly affected by B1 and B0 inhomogeneities (6), as well as changes in T1 (73).  When subjected 

to the same Kruskal-Wallis test as the SqMT (similar to that reported in Table 4.1), it was found 

that B1 (p-value: <0.001), B0 (p-value: 0.047), and R1 (p-value: <0.001) were all significantly 

different between the control and patient cohorts, which may account for at least part of the 

significance seen between the control and patient cohorts.  Therefore, it is not possible to derive 

true estimates of the differences between the control and patient cohorts using the MTR in this 

study. 
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Limitations 

Although the patients in this study presented with multiple focal lesions, their clinical disability 

scores were fairly low.  While the highest Expanded Disability Status Scale (EDSS) score in the 

patient cohort was >6, most of the patients had EDSS scores of 1 or 0, which bias es correlations 

that could be performed.  Yarnykh, et al. (180) performed a larger study of MS patients with a 

range of clinical deficits, and although the correlation between brain involvement in MS and 

clinical disability has been shown to be low (183), they found significant correlations between 

clinical disability and PSR.  In the SC, radiological findings have been shown to be well -correlated 

with clinical deficits, providing strong indications of clinically isolated syndrome transitioning to 

MS (171).  Therefore, a larger study of the patient population that includes a wider range of 

disability scores should provide strong correlations between clinical disability and PSR. 

4.1.5. Conclusions 

This study demonstrated that a patient model of the single point method should be developed 

independently from a control cohort in order to accurately map PSR data in patients.  Our results 

also demonstrate that the PSR is an important tool to quantify MS, and may provide a more stable 

measure of the effects of demyelination and axonal damage than can be provided through the 

MTR or conventional imaging alone.  Developing clinically-oriented metrics to quantify tissue 

pathologies may offer additional insights into disease diagnosis and progression. 

4.2. The Lumbar Cord 

4.2.1. Introduction 

While the spinal cord (SC) is somatotopically organized in cross -section, it is also organized into 

distinct levels: the cervical, thoracic, and lumbar.  Furthermore, each of these areas of the cord 

interact with specific regions of the body.  For instance, the cervical cord interfaces with the neck, 

arms, and hands, while the lumbar cord controls many lower body functions including the bowel , 

bladder and legs.  As each area of the cord is responsible for sensorimotor interactions at specific 

dermatome levels, damage to a specific segment can be devastating to the processes that 

depend upon that area of the cord.  MS is one such pathology, and thus will cause increasing 

clinical impairment over the course of the disease (157,158,184,185).  However, while MS has 

been found to be an increasingly systemic pathology, most studies of MS have been limited to 
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the brain and cervical spinal cord, with only a few studies in the thoracolumbar spinal cord (TLC).  

Dorenbeck, et al. (186) showed that MRI provides an accurate, less invasive way to evaluate 

lumbar spine degeneration.  Mori, et al. (187) demonstrated that the lumbar cord (at L5) is one 

pathway where immune cells may enter the nervous system in a mouse model of MS.  They also 

found indications of inflammation in the mouse model, as well as lactic acid buildup when carried 

over to human imaging.  Another study by Wujek, et al. (188) found that increasing axonal loss 

throughout the spinal cord was correlated with disability in a mouse model of MS.  Overall, as 

the lumbar cord controls many functions such as bowel/bladder, lower limb, and sexual function, 

providing an early assessment is vital to preserving patient quality of life. 

One challenge associated with characterizing the lumbar cord is translating MRI 

sequences from the brain and cervical spinal cord to the lumbar regions.  This  challenge is due to 

the unique anatomy present in the lumbar cord: the lumbar cord is approximately 1 cm across, 

and has a higher ratio of GM to WM, requiring high resolution to visualize tissue properties.  The 

difficulties associated with imaging the TLC are further due the unique anatomy whereby the TLC 

quickly tapers into the conus medularis and cauda equina, separating into the component nerves 

of the sacral cord and lower limbs. 

Quantitative magnetization transfer (qMT) imaging has the potential to quantify the 

underlying tissue macromolecular structure (2,13,72), and conventional MRI poorly characterizes 

disease progression over time (159).  However, qMT suffers from long scan times; in the brain, 

collection of multi-power, multi-offset, high SNR, voxel-wise MT z-spectra can result in scan times 

as long as 30-45 minutes for whole-brain coverage at low resolution (37).  As the TLC is smaller 

than the cervical spinal cord, even higher resolution is necessary, exacerbating the scan time 

problem.  Recently, a new method (37) has been developed that reduces the number of 

independent MT observations to a single off-resonance observation and a reference 

measurement (with no RF saturation) by constraining the two-pool qMT model.  We have 

previously shown this approach can be utilized in the cervical spinal cord (see Chapter 3 and 

Smith, et al. (76)) to provide high-resolution (sub-millimeter in plane) estimates of the 

macromolecular to free pool size ratio  (PSR).  Transitioning to the TLC provides information about 

the tissue properties in this area relevant to disease processes.  Thus, the goal of this study was 
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to translate the single point qMT approach to the TLC to offer high-resolution, rapid estimates of 

the lower thoracic and lumbar cord. Specifically, I performed in vivo qMT of the TLC in healthy 

controls using a low-resolution, multi-offset and power MT acquisition, and a second high-

resolution, single-point acquisition, similar to what was described in Smith, et al. (76).  Next, I 

imposed a full two-pool model fit in the low-resolution acquisition, and derived constraints to 

apply in a single-point model of the data.  Last, PSR values were compared between the low-

resolution and high-resolution data, as well as between the high-resolution data TLC and the 

high-resolution cervical spinal cord data from section 4.1. 

4.2.2. Materials and Methods 

The local Institutional Review Board approved this study, and signed informed consent was 

obtained prior to the examination.  Data were obtained from four healthy volunteers (1 male, 

mean age 26.5±5.5 years) on a 3T Philips Achieva scanner (Philips Healthcare, Best, The 

Netherlands).  A quadrature body coil was used for excitation and a 6 channel CTL whole spine 

clinical standard phased array was used for signal reception.  The field-of-view (FOV) was 

centered on the thoracolumbar bulge between the T12-L1 vertebral bodies (see Figure 4.5), and 

spanned, at minimum, the T11 to L2 vertebral levels in all subjects. 
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Figure 4.5. (a.) Low-resolution, multiple RF power raw MT-weighted data for the middle slice of the FOV (b.) in 

a single volunteer.  (b.) A T2-weighted sagittal slice over the full spinal cord.  The blue box indicates the scan 

volume for all quantitative data. (c.) Anatomical mFFE and high-resolution MT-weighted data at the same slice 

as that in (a.).  Notice improved GM/WM contrast.  MT-weighted images with ROIs for the GM (red) and WM 

(green) are shown as well. (d.) R1, and associated full fit PSR from the data in (a.).  



 86 

Two MT protocols were performed: 1) a low spatial resolution acquisition (1.5 x 1.5mm2) 

at 8 offsets (∆) and 2 powers (RF) with a “full-fit” analysis (78,82) and 2) a high-resolution 

acquisition (0.65 x 0.65 mm2) at 1 offset and power with a “single-point” analysis (37).  For the 

qMT experiments, MT-weighted images were acquired using a 3D MT-prepared spoiled gradient 

echo sequence (36), and TR/TE/ = 55 ms/4.5 ms/15˚, with oversampling in the P/A direction of 

30/60 mm.  Nominal resolution for the low resolution, full model acquisition was 1.5 x 1.5 mm2  

in-plane (reconstructed to 0.6 x 0.6mm2), and 0.65 x 0.65 mm2 for the high-resolution, single-

point acquisition, over 8 slices (5 mm reconstructed slice thickness).  Other parameters were: 

FOV = 150 x 150 mm2, and 3 and 4 signal averages for the full-fit and single point acquisitions, 

respectively.  MT weighting was achieved using a 20-ms, single-lobed sinc pulse with Gaussian 

apodization, RF = 450˚ and 900˚, and offset frequencies (∆ω) = 1, 1.5, 2, 2.5, 8, 16, 32, 100 kHz 

(chosen to approximately logarithmically sample the expected MT z-spectra (37)).  MT weighting 

for the high-resolution, single-point data was achieved using the same pulse as the full-fit data, 

but at  = 2.5 and 100 kHz, and an RF of 900˚.  The total scan time for the low-resolution, full-

fit acquisition was 19 minutes, 20 seconds, and the scan time for the single-point acquisition was 

7 minutes, 23 seconds. 

To correct for B0 inhomogeneities across the spinal cord, B0 maps were acquired using 

fast 3D techniques: dual-TE GRE with TR/TE1/TE2 = 50/4.6/6.9 ms and  = 60˚.  T1 mapping was 

performed using a multiple flip angle (MFA) acquisition with TR/TE = 20/4.6 ms and  = 5, 10, 15, 

20, 25, 30˚.  A high-resolution multi-echo gradient echo (mFFE) scan was also performed and all 

echoes were averaged to generate a high contrast reference image for registration (163).  The 

mFFE was obtained with TR/TE/∆TE = 700/7.2/9.3 ms and  = 33˚, with a slice thickness of 3 mm, 

and a gap of 2 mm.  Nominal in-plane resolution was 0.65 x 0.65 mm2.  Acquisition times were 

34 seconds for the B0 map, 2 minute 30 seconds for the T1 map, and 5 minutes 30 seconds for 

the mFFE, resulting in a total acquisition time of ≈36 minutes. 

Image Processing 
All data analyses were performed in MATLAB R2015b (MathWorks, Natick, MA).  Prior to data 

fitting, all images were cropped to an area immediately around the spinal cord and co-registered 

to the mFFE volume using the FLIRT package from FSL v5.0.2.1 (FMRIB, Oxford, UK) (145,146).  
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The co-registration was limited to translation and rotation (±5˚) in-plane only (i.e. translation in 

x and y, and rotation about the z-axis).  Following co-registration, qMT parameter maps were 

generated for each volunteer and patient using the full-fit qMT model described in Yarnykh (78) 

& Yarnykh and Yuan (82).  This model contains six independent parameters: R1m, R1f, T2m, T2f, PSR 

= M0m/M0f, and kmf = kfm/PSR.  It has been shown that the signal dependence on R1m is weak 

(19,34); therefore, it was set to R1f for fitting purposes.  R1obs (1/T1obs) maps were reconstructed 

by regressing MFA data to the spoiled gradient echo signal equation in the steady-state (148).  

The resulting maps were then used to determine the parameter R1f, as described by Yarnykh (78) 

& Yarnykh and Yuan (82).  The remaining parameters were estimated for each voxel by fitting the 

full-fit qMT data to the two-pool MT model (78,82).  For all fitting, the nominal offset frequency 

was corrected in each voxel using B0. 

It has been shown that T2m, kmf, and the product T2fR1f can be fixed during the fitting 

process because they exhibit relatively constant values across tissues  (82).  Note that T2f can be 

determined from the constrained T2fR1f value and an R1f estimate from the MFA data, while kfm 

can be determined using the first-order mass action kinetics (127).  Thus, these constraints result 

in a model where PSR is the only free parameter.  To estimate reasonable fixed parameter values 

for the single-point qMT analysis, T2fR1f, kmf, and T2m were estimated over all voxels from all 

subjects, and histograms were created over the spinal cord for all slices from the full-fit analysis. 

The median of each histogram was chosen to enter into the single-point qMT analysis.  Then, 

using the median values of the constraints and the optimized offset and power (determined in 

Chapter 3), the high-resolution, single-point data were analyzed to generate high-resolution PSR 

maps. 

Mean PSR values for the single-point and the full-fit scans were calculated from regions 

of interest (ROI) for each slice in the GM and WM, as shown in Figure 4.5c.  ROIs were placed 

manually using MIPAV (NIH, Bethesda, MD) for each slice of each subject. The mean values from 

each ROI were then compared between the full fit and single point data, and between the lumbar 

cord and cervical cord data (see Chapter 3). 
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4.2.3. Results 

Data Acquisition 

Representative MT-weighted images in a single volunteer at the L1 level are shown in Figure 4.5a, 

with the corresponding PSR maps and R1 shown in Figure 4.5c.  All quantitative imaging was 

performed in a volume centered around the thoracolumbar bulge, as shown in Figure 4.5b.  High-

resolution MT-weighted data is shown in Figure 4.5c at the same level as that in Figure 4.5a.  Note 

that the cropped images in Figure 4.5a and Figure 4.5c-d are derived from the registration process 

(c.f. Section 4.2.2).  Figure 4.5c shows ROI placement for white matter (green) and grey matter 

(red).  The PSR and R1obs are shown in Figure 4.5d: notice that the GM and WM are clearly 

distinguishable in the PSR map, with the GM containing a lower PSR (and R1obs) in general.  

However, also note that the fitting near interfaces (such as the SC and CSF interface) is poor, 

which was also seen in the cervical cord (Chapter 3). 

Full Fit Constraints 
Figure 4.6 shows whole cord histograms for each estimated qMT index derived from the full-fit 

analysis over all healthy controls.  All histograms display a single peak, with all histograms outside 

of the T2m parameter displaying a left-skewed profile.  Interestingly, the PSR has a peak near 0.12, 

which is more normally associated with GM.  This peak can either be due to the increased GM to 

WM ratio in the lumbar cord, compared to the cervical cord, or it could arise from partial volume 

effects associated with the low-resolution of the full fit data.  In order to perform the single point 

analysis, median values were taken for each parameter to be constrained (kmf, T2fR1f, and T2m): 

kmf = 7.37 s-1, T2fR1f = 0.024, and T2m = 12.5 µs.  Table 4.5 displays the median parameter values 

from the TLC and the cervical spinal cord median parameter values from the control cohort from 

section 4.1.  The kmf and T2m are different between levels, however, this may be just due to the 

lower number of volunteers in the TLC, and thus, more data must be collected to fully evaluate 

these differences. 
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Table 4.5 Median parameter values derived from the full fit analysis to be used as constraints for the single 

point analysis in the TLC and cervical spinal cord.  Cervical spinal cord values were taken from the control cohort 

from section 4.1. 

 kmf (1/s) T2fR1f T2m (µs) 

TLC 7.37 0.024 12.5 

Cervical spinal cord 8.45 0.024 10.66 

 

Single Point qMT 
The high-resolution MT-weighted data, and full fit and single point PSR for two volunteers are 

shown in Figure 4.7 at the L1 level.  Note that the contrast in the WM regions displays higher PSR 

values (orange-red) compared to that in the GM regions (green-yellow), while the CSF exhibits 

little to no MT effect (blue).  The single point high resolution PSR shows contrast between the 

WM and GM more clearly than the full fit PSR maps, and also agrees relatively well with the size 

and location of the anatomical definition shown in the MT-weighted data (left panel).  In control 

one, the full fit PSR appears lower than the single-point PSR due to the increased influence of GM 

in the full fit data relative to the single point data.  Furthermore, the single point PSR is more 

continuous near tissue boundaries compared to the full fit estimation, as can be seen in the 

ventral part of the spinal cord abutting the CSF in control two.  There is less ambiguity of the 

location of the cord/CSF boundary in the single point PSR compared with the full fit PSR.  This 

increased conspicuity is likely due to the fact that the constraints reduce the number of 

independent free parameters necessary to fit the PSR, reducing the inconsistencies of fits that 

would occur at these interfaces due to movement and other in vivo confounds. 
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Figure 4.6. Histograms of the full fit model parameters for the control group subjects for (a.) the PSR, (b.) the 

exchange rate constant kmf, (c.) T2fR1f , and (d.) T2m over the total number of voxels in all subjects. 
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Figure 4.7. MT-weighted data, full fit PSR, and single point, high resolution PSR for two controls.  Notice the 

clear delineation between the cord and CSF in the single point data, as well as the GM/WM differences.  Also 

note the dorsal roots protruding from the dorsal GM (arrows). 

Table 4.6 shows the mean PSR values for WM and GM in the lumbar SC for the full fit and 

single point data, with a comparison to the single point data in the cervical SC from section 4.1.  

We can see that the full fit and single point data in WM and GM agree with one another.  

Furthermore, the standard deviation in the measures also decreased in both WM and GM, which 

may be due to the reduction of motion-induced errors near tissue boundaries in the single point 

fit compared with the full fit.  Importantly, the WM and GM data match closely to the data 

obtained in the cervical spinal cord.  However, due to the low sample size, statistical comparisons 

did not yield significant differences.   
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Table 4.6 Mean PSR values for the full fit and single point PSR in the white matter and grey matter ROIs for all 

volunteers.  The cervical spinal cord (C-Spine) PSR from section 4.1 is also provided as a comparison. 

 White Matter Grey Matter 

Full Fit PSR 0.18±0.09 0.16±0.07 

Single Point PSR 0.18±0.05 0.14±0.03 

C-Spine PSR 0.18±0.01 0.15±0.01 

 

4.2.4. Discussion 

The goal of this study was to demonstrate that the single-point qMT method can be easily applied 

to other anatomies outside of the cervical SC and brain.  I compared the PSR across volunteers  

and between grey and white matter.  My results demonstrate the PSR can be consistently 

obtained in the lumbar SC of healthy volunteers.  The ability to generate these high-resolution 

PSR maps from only a single qMT measurement may increase the clinical utility of this method, 

as well as provide an opportunity to further study the effects of demyelinating diseases, such as 

MS, in the TLC. 

To the author’s knowledge, this is the first in vivo qMT study of the lumbar cord in 

humans.  However, several other studies have investigated the effects of MS-related 

neurodegeneration in animal models.  In particular, Wujek, et al. (188) found that axonal loss 

throughout the entire length of the cord is correlated with clinical disability in a mouse model of 

MS.  Therefore, developing a method that can reliably determine pathological changes in 

macromolecular content non-invasively is paramount for early detection and management of 

MS.  The data shown here may provide an avenue to quantitatively characterize the SC at all 

levels, and thus, may help improve detection of MS before large-scale clinical symptoms are 

manifest. 

Although this study was only performed in four subjects, importantly, I show that this 

methodology can be easily applied in any difficult-to-image anatomy.  The single-point method, 

when applied and constrained appropriately, can provide an opportunity to examine anatomies 

such as the TLC anatomies at high-resolution, and thus, provides an opportunity to characterize 

underlying tissue physiology.  Furthermore, since the long ascending and descending tracts in the 
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spinal cord should be similar between the cervical and lumbar cord, the similarity between the 

cervical and TLC estimates of PSR is promising.  Additionally, Bosma and Stroman (189) 

performed a diffusion tensor imaging (DTI) study along the entire length of the SC in healthy 

controls, and found that DTI indices in both GM and WM were consistent along the entire length 

of the cord, further demonstrating that the PSR estimates obtained in the cervical and lumbar 

regions of the cord may be equivalent as well. 

Although this study demonstrated the ability to apply the single point method in the 

difficult to image area of the TLC, it was limited through several factors.  Most importantly, the 

low number of volunteers limited the statistical power of this study.  The low number of 

volunteers also potentially biased the constraints derived from the full-fit parameter estimates, 

as more volunteers would provide a more representative distribution of data.  Of similar 

importance was the lack of B1 mapping techniques.  Although B1 images were acquired, their 

values were inconsistent, and would routinely provide estimates that were on the order of 80% 

or below, and were found to be as low as 20% in some volunteers.  As the amount of saturation 

was consistent across volunteers, I conclude that the B1 mapping technique I utilized was not 

well-suited to estimate B1
+ and B1

- from the plank coil.  More accurate techniques for B1
+ mapping 

must therefore be pursued.  For instance, the Bloch-Siegert B1 mapping method has been shown 

to be relatively robust to B0 inhomogeneities, chemical shift, and MT effects (190,191), and can 

be made relatively insensitive to B1
- effects (192). 

4.2.5. Conclusions 

The results of this study demonstrate the feasibility to translate single-point qMT into the human 

thoracolumbar cord in vivo.  The development of this technique may provide an opportunity to 

further research the lumbar cord and determine its relationship to clinical measures of spinal 

cord pathology.  Future work involves collecting data in more volunteers, and applying this 

methodology in patients suffering from lower limb, bladder, and/or bowel dysfunction to 

determine how the thoracolumbar cord may play a role in these disease processes. 
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Chapter 5: Rapid, Whole-Brain, High-Resolution Inhomogeneous 

Magnetization Transfer in vivo 

5.1. Introduction 

Magnetization transfer (MT) has shown great promise for imaging in the central nervous system 

(CNS), as it has emerged as an MRI technique capable of characterizing myelin changes (12,13).  

These, and many other studies of white matter (WM) disease have reported a relationship 

between MT contrast and WM integrity, which may then relate to macromolecular pathology 

and tissue damage in diseases such as multiple sclerosis (MS) (157,158,184,185). 

The MT phenomenon has its origin in the existence of both semisolid molecules and 

water-like protons which are present in most tissues (such as the myelin in WM).  Although semi-

solid protons in tissue cannot be imaged directly, due to their short T2 (≈10 ms), there is a 

constant interplay between the semi-solid and water-like protons through exchange of spin 

information, which is termed the MT effect (33).  This exchange can be exploited to indirectly 

study the semisolid component (also called “pool”) by using radiofrequency (RF) irradiation to 

selectively saturate the broad semisolid proton resonance.  Through the MT effect this saturation 

will be transferred throughout the tissue via spin diffusion and exchanged (through dipole-dipole 

and direct chemical exchange) with the unsaturated water, thereby attenuating the observed 

water signal (54,55).  The MT effect, and by extension, the water signal attenuation due to MT 

has been classically quantified with the magnetization transfer ratio (MTR), however, while 

sensitive to macromolecular concentration, the MTR is not a specific measure of tissue 

macromolecular composition (e.g. myelin (34,73)), and not easily reproduced across scanners, 

hardware, vendors, and field strengths (6) due to the differences in RF pulse shapes, sequence 

timing and saturation powers.  Additionally, while quantitative methods have been developed 

that obviate these concerns and may more directly measure myelin content (12,13,125-127), 

they are hampered by long scans times, and are still non-specific to myelin changes. 

Recent studies have demonstrated that complex macromolecular structures, such as 

those found in the myelin sheath, are different in their organization, packing, and exchange 

phenomena, and thus, their MT effects may be more complex than the conventional two pool 
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model (113,193).  The increased complexity was originally described as inhomogeneous  

broadening of the lipid line shapes, and thus has been termed inhomogeneous MT (ihMT) 

(112,113).  ihMT has demonstrated a remarkable specificity to white matter when compared with 

the conventional MTR.  Indeed, Varma, et al. (112) and Girard, et al. (113) demonstrated that the 

white matter to grey matter ratio in metrics of ihMT imaging were significantly greater than the 

white matter to grey matter ratio in the MTR.  However, existing ihMT studies in vivo have 

deployed pulse trains for narrow-bandwidth, high power RF saturation, which due to the 

requirement of steady state saturation, many investigators have focused their studies on only 

single slice methods due to the long scan times necessary to acquire sufficient signal to 

appropriately study the ihMT phenomenon (112,113,193).  There is currently only one report of 

a 3D variant of the ihMT imaging method (194): this 3D method requires a customized sampling 

of k-space, and application of MT saturation only near the center of k-space in order to reduce 

the specific absorption rate (SAR) to a level acceptable to image in an acceptable scan time.  Thus, 

in order to improve coverage, the proposed 3D ihMT method is challenging to employ clinically 

as it requires extensive modification of the acquisition and reconstruction software on the 

scanner.  Conventional MT methods have recently utilized a spoiled gradient echo (SPGR) 

approach with high power saturation and high-duty cycle TRs to build a steady state signal over 

several TRs (35), however, this methodology has not been expanded to ihMT imaging.  Therefore, 

in this chapter I have developed a 3D, whole brain ihMT imaging methodology that takes 

advantage of the theoretical framework formalized originally by Sled and Pike (35,36).  I show 

that this method requires minimal changes to the pulse sequence design, and thus can be easily 

deployed on any scanner to acquire rapid, high-resolution, whole-brain ihMT images at 3T. 
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Figure 5.1. The structural formula for a methylene chain.  Each pair of hydrogen atoms in the methylene chain 

(represented by the green boxes) can be approximated as coupled spin-1/2 protons.  These effectively form a 

spin-1 system. 

5.2. Theory 

5.2.1. Basics of ihMT: Broadening from inhomogeneous lines 

The original theory proposed by Varma, et al. (112) theorized that the ihMT effect arises from 

inhomogeneously broadened lineshapes.  Large membranes, such as the myelin sheath in white 

matter, may not be homogeneously broadened (112).  This is due to the fact that lipids and 

proteins within the membrane of myelin will fully rotate only around an axis perpendicular to the 

surface of the membrane (195).  Furthermore, spin diffusion in membrane lipid molecules are 

significantly reduced with respect to outside the membrane because the small fluctuations in the 

bond angles of the lipids inhibits this motion (196).  Because these mechanisms of homogeneous 

broadening are absent from myelin membranes, it is believed that inhomogeneous broadening 

occurs in these membranes (112).  This has lead Varma et al. (112,113) to develop 

inhomogeneous MT (ihMT). 

 

5.2.2. Basics of ihMT: Contrast specific to spin-1 systems 

An alternate theory of the ihMT effect proposed by Manning, et al. (197) describes the ihMT 

effect as a result of differences in the magnetic properties of water and lipid chains.  This theory 

can be explained by understanding the biochemical nature of the long methylene chains present 

in most lipid bilayers, such as that in myelin.  Protons in lipid bilayers have unique so-called 

thermal averaging due to their restricted motion within these lipid chains: the methylene chains 

spin, translate, and vibrate along the chain’s length which results in an averaged dipolar coupling 

rate between the protons (112,193) (rather than a specific dipolar coupling), which alters the 
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saturation diffusion throughout lamellar structures.  The result of these motion-restricted 

methylene chains in highly organized lipid structures (see Figure 5.1), such as myelin, is that the 

methylene chains effect the dipolar coupling such that it appears as an approximate spin-1 

system derived from the “coupled” spin-1/2 systems of the protons (197), and the resulting 

energy spectrum has three spin states and two transitions between states.  By applying a 

modified MT saturation pulse (or series of pulses), (see Figure 5.2), it is possible to selectively 

highlight this spin-1 system.   

5.2.3. The ihMT Experiment 

An ihMT experiment is performed using a saturation pulse (or pulse train) 1) applied at +∆ 

(Figure 5.2a), 2) at -∆ (Figure 5.2b) and 3) at both +∆ and -∆ simultaneously (Figure 5.2c).  In 

vivo, the motion-restricted and dipolar averaged spin-1 system undergoing saturation transfers 

this saturation to the observable free water system (as with conventional MT), and results in a 

concurrent reduction in the water signal (197).  The three observations are combined as a 

difference between the ± saturation and the MTR (i.e. difference between conventional MTR and 

ihMT) and defined as the inhomogeneous MTR (ihMTR) Varma, et al. (112): 

 
𝑖ℎ𝑀𝑇𝑅 =

𝑆(+𝛥𝜔)+ 𝑆(−𝛥𝜔)− 2𝑆(±𝛥𝜔)

𝑆0

 5.1 
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Figure 5.2. A typical pulse train ihMT experiment.  In (a.) a series of pulses are played out at an offset ∆, 

similar to a normal pulse train MT experiment.  Next, in (b.), that same series of pulses is played out at  -∆.  

Lastly, in (c.), the offset of each pulse in the pulse train is alternated between +∆ and -∆.  Adapted from 

Varma, et al. (112). 

5.2.4. A Quantitative SPGR Model 

The biochemical interactions embodied in the ihMT phenomenon can be formalized by modifying 

the two-pool Bloch-McConnell equations, as has been shown in earlier experiments (3,198,199).  

Instead of using a two-pool model, as shown in Equation 1.17, an extra dipolar order pool is 

introduced that is in exchange with the macromolecular pool.  Importantly, interaction between 

the dipolar and macromolecular pools can only occur when off-resonance irradiation is applied 

(193), resulting in the following set of equations: 
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where 𝑴 = (𝑀𝑥
𝑓 , 𝑀𝑦

𝑓 , 𝑀𝑧
𝑓 , 𝑀𝑧

𝑚, 𝛽), 𝛽 is the inverse spin temperature associated with the dipolar 

order, 𝑇2
𝑓,𝑚  are the transverse relaxation times for the free (f) and macromolecular (m) pools, 

𝑅1
𝑓,𝑚 = 1/𝑇1

𝑓,𝑚 are the longitudinal relaxation constants for each pool, 𝛥𝜔 is the RF pulse offset 

with respect to water, 𝜔1 is the RF pulse amplitude, 𝑘𝑚𝑓  and 𝑘𝑓𝑚 are the exchange rates between 

the macromolecular and free pools, and vice versa, respectively, 𝑅𝑟𝑓𝑚 is the RF saturation rate 

for the macromolecular pool, and is defined as: 

 𝑅𝑟𝑓𝑚 = 𝜋𝜔1
2𝑔𝑚(2𝜋𝛥𝜔) 5.3 

is the normalized line shape of the macromolecular pool, D is the second moment of g m, and T1D 

is the relaxation time of the dipolar order.  However, if the power is simultaneously divided 

between +∆ and -∆ with the same total amplitude, it can be shown that the dipolar order term 

becomes zero, which eliminates the dipolar order pool (193), reducing Equation 5.2 to: 
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] 5.4 

The approximation in Equation 5.4 has been shown to be valid for ihMT quantification, as long as 

the MTR asymmetry is less than 4% (200). 

5.3. Materials and Methods 

All numerical simulations and data analyses were performed with scripts written in MATLAB 

2015b (MathWorks, Natick, Massachusetts), unless otherwise noted. 

5.3.1. Simulations 

The full Bloch equations from Equations 5.2 and 5.4 were simulated to steady state using tissue 

parameters typical for WM: PSR = 0.2, kmf = 10 1/s, TD = 3.3 ms, T1f = T1m = 700 ms, T2f = 70 ms, 

and T2m = 10 µs.  A pulse train sequence using parameters from Varma, et al. (193) was compared 
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against the proposed pulsed steady state SPGR sequence to demonstrate that each sequence is 

producing similar contrast, and the ihMTR for each method was plotted to illustrate these 

similarities.  Specific pulse parameters are listed in Table 5.1. 

 

Table 5.1 Pulse Parameters used for the simulated data.  The TR for the pulse train was set at 3 seconds, similar 

to Varma, et al. (193), while the TR for the pulsed SPGR data was derived from the time to simulate the full MT 

acquisition with a 10 ms readout time. 

 Pulse Train Pulsed SPGR 

MT Pulse length (ms) 0.5 5 

Number of MT Pulses 1000 8 

MT Pulse train Duty Cycle 0.25 1 

TR (ms) 3000 52 

 Common to Both Sequences 

Max B1MT (µT) 4, 8, 12 

Excitation flip angle (degrees) 10 

Excitation pulse length (ms) 2 

 

5.3.2. MRI Experiments 

All MRI experiments were performed on a 3T Philips Achieva (Philips Healthcare, Best, The 

Netherlands) system.  A two-channel multi-transmit body coil was used for excitation.  All ihMT 

experiments resulted in a set of 4 images: MT weighted images at +∆, -∆, ±∆, and a reference 

image at 100,000 kHz (S0). 

Phantom experiments 

Imaging was performed on a set of phantoms consisting of several different concentrations of 

agarose (1, 2, 3, and 4% by mass), as well as TreSemmeTM hair conditioner, which has been 

described as having macromolecular and lamellar structure similar to WM (112,201). A phantom 

consisting of phosphate buffered saline (PBS) was also included as a control.  These phantoms 

were immersed in a container filled with water to reduce B0 inhomogeneities, and a 16 channel 

neurovascular coil was used for signal reception.  The nominal in-plane resolution of 1.15 x 1.15 
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mm2 (reconstructed to 0.86 x 0.86 mm2), slice thickness of 5 mm, with a SENSE factor of 2 (RL 

direction), with an in-plane field of view (FOV) of 220 x 220 mm2.   

Two ihMT experiments were performed: a 2D, pulse train acquisition using the MT 

parameters from Varma, et al. (193) (the gold standard), and a 3D pulsed steady state 

experiment.  The pulse train experiment consisted of an MT preparation with a multi -shot EPI 

readout, with an EPI factor of 5, TR/TE/ 𝛼 = 2800 ms/5 ms/15˚, and 4 averages .  The MT 

preparation was applied for 2 seconds with 0.5 ms pulses every 1.5 ms (for a duty cycle of 0.25), 

with: B1,max = 8 µT, |∆| = 7 kHz, and used a single-lobed sinc pulse with Gaussian apodization.  

The total acquisition time for the 2D pulse train experiment was approximately 18 minutes. 

The pulsed steady state sequence consisted of an 3D SPGR sequence with multi-shot EPI 

readout with the following parameters: EPI factor of 3, TR/TE/𝛼 = 198 ms/4.0 ms/10˚, and 4 

averages, a 5 mm slice thickness over 10 slices, covering 50 mm through-plane.  The MT 

saturation pulse consisted of eight, 5 ms pulses with a duty cycle of 1.0, B1,max = 8 µT, and |∆| 

= 7 kHz, and used a single-lobed sinc pulse with Gaussian apodization.  Additionally, the sequence 

duty cycle (i.e. the rate of saturation played out over the acquisition) is approximately 0.25, which 

is the same sequence duty cycle used in previous acquisitions by Varma, et al. (112).  The total 

acquisition time for the pulsed SPGR experiment was approximately 14 minutes. 

In vivo experiments 
The local Institutional Review Board approved this study, and signed, informed consent was 

obtained prior to the examination.  Data were obtained on six healthy controls (all female, age 

range 21 – 37 years, mean age 26.3 ± 5.7 years).  A 32-channel head coil was used for signal 

reception.  All parameters for the in vivo experiments were kept constant to the phantom 

imaging, except the in vivo imaging employed 2 averages.  The FOV for all sequences is: 220 x 202 

x 100 mm3, with nominal in-plane resolution of 1.15 x 1.15 mm2 (reconstructed to 0.86 x 0.86 

mm2), slice thickness of 5 mm, and 20 slices, with a SENSE factor of 2 (RL direction), and covered 

the entire brain volume.  The total acquisition time for full brain coverage was 19 minutes.  

A sagittal volume in one of the volunteers was also collected over the corticospinal tract, 

brain stem, and upper cervical spinal cord to demonstrate that this technique is specific to 

neurological tissue.  This acquisition covered 10 slices used the same parameters as the a xial 
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acquisition, with the exception of the following parameters: in-plane FOV: 250 x 250 mm2, 

nominal in-plane resolution of 1.5 x 1.5 mm2 (reconstructed to 1 x 1 mm2), and TR/TE = 218/3.5 

ms. 

5.3.3. Image Processing and Analysis 

Phantom Experiments 

The MTR( = +7 kHz) and ihMTR were first calculated in both experiments, and, the mean 

ihMTR and MTR of each phantom (and each z-phase encode for the 3D pulsed experiment) for 

each experiment was determined.  For the 3D experiment, the ihMTR and MTR were plotted over 

slices two through nine in all of the MT phantoms (conditioner and agarose phantoms) as well in 

order to demonstrate that the ihMTR effect is equivalent over the full volume.  The first and last 

slice were excluded due to interference from air and the phantom holder. 

In-vivo experiments 

Before fitting, all in vivo images were co-registered using tools from FSL v5.0.2.1 (FMRIB, Oxford, 

UK) (145,146).  First, all images were brain-extracted using the brain extraction tool (BET) 

(143,144), then all of the subject-level data was co-registered to the S0 image using FLIRT 

(145,146).  Next, the ihMTR and MTR(+ 7 kHz) were calculated for each subject before performing 

group-level co-registration. 

Sagittal volume inter-subject registration was performed by drawing a manual mask over 

the entire brain and spinal cord using MIPAV (NIH, Bethesda, MD) to preferentially register the 

neurological tissue; these images were then registered to the S0 using FLIRT and registration 

matrices were generated.  The registration matrices were then used to co-register the unmasked 

data to the S0 image and the ihMTR was calculated. 

Axial volume group-level registration was performed by using the non-linear FNIRT 

package from FSL (147,202,203).  The S0 image from each subject was registered to a reference 

subject – choosing the first subject as the reference – and then these warping fields were applied 

to the ihMTR and MTR to move all of the data into a single subject space.  The resulting registered 

MTR, ihMTR, and S0 images were imported into MATLAB for further processing.  Due to the 

changes in brain volume between volunteers, as well as registration errors caused by s light 

changes in positioning within the different volunteers, the first five and last two slices were 
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excluded from the analysis, resulting in 13 slices spanning from the superior portion of the brain 

stem to the superior cerebrum. 

Statistical Analysis 
The mean and standard deviation for the MTR and ihMTR values were calculated for grey matter 

(GM) and WM over all subjects by thresholding the ihMTR for each subject below and above 10% 

of the maximum ihMTR for each subject, respectively.  A statistical analysis was then performed 

using the Wilcoxon rank-sum test to compare WM vs GM for both the ihMTR and MTR.  Measures 

of the ihMTR and MTR images were also taken in the following regions of interest (ROIs): the 

splenium of the corpus callosum (Sp) and the posterior leg of the internal capsule (IC) to 

represent WM, and the putamen (P) and the occipital calcarine cortex (OCC) to represent GM 

(see Figure 5.8a).  The ratio of WM to GM was then calculated for each combination of WM and 

GM ROI (i.e. Sp vs P, Sp vs OCC, IC vs P, and IC vs OCC) for both the ihMTR and MTR.  The one-

tailed Wilcoxon rank-sum was then used to determine if the WM/GM ratio in the ihMTR was 

statistically greater than that in the MTR.  Statistical significance for all comparisons was defined 

as p < 0.05. 

5.4. Results 

5.4.1. Simulations 

The ihMT from the simulations for the pulsed SPGR and pulse train are shown in Figure 5.3.  

Although the effect is smaller in the pulsed approach compared to the pulse train 

(∆ihMTR(7 kHz) = 1.1%) there still exists a significant ihMTR for a given B1 value.  The reduction 

in ihMTR signal is most likely due to the large delay between TRs, which will provide more time 

for relaxation effects to play a role.  Additionally, the spectral location of the peak for the ihMTR 

can be seen to vary in offset frequency change offset value as the B1 is modified: this is most 

likely due to changes in the Z-spectrum of each respective pulse, and how efficiently the dipolar 

order transfers magnetization to the macromolecular pool at a given B1 power.  Importantly, the 

pulse train data produces values similar to those seen in simulations by Varma, et al. (193). 
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Figure 5.3. Simulation results for the ihMTR found from the (a.) pulsed SPGR approach and the (b.) pulse train 

approach using Equations 5.2 and 5.4. 

5.4.2. Phantoms 

Phantom data for the two central slices of the phantom using the SPGR experiment, and data 

from the gold standard pulse train experiment are shown in Figure 5.4.  While all of the MT 

phantoms illustrate varying levels of MTR contrast, only the conditioner displays ihMTR contrast.  

This is due to the lipids present in the conditioner, allowing it to form a series of spin-1 systems, 

and thus producing ihMT contrast.  Furthermore, this contrast is consistent across all slices, which 

illustrates that the pulsed SPGR sequence can be consistently deployed across large volumes.  

Finally, the pulsed approach and the gold standard pulse train approach show very similar ihMT 

contrasts, demonstrating that these methods are producing similar results. This is in contrast to 

the MTR which shows contrast for all agarose and hair conditioner phantoms. 
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Figure 5.4. ihMTR and MTR data at 7 kHz for the central two slices for the phantom experiment using a pulsed 

SPGR experiment, and using a pulse train acquisition.  The conditioner phantom is the central phantom, and 

the outer phantoms are (clockwise from the bottom left): 4% agarose, 3% agarose, 2% agarose, 1% agarose, 

and PBS.  All of the MT phantoms (agarose and conditioner) show varying amounts of MTR, however, the 

conditioner produces a strong ihMTR, with no significant ihMTR appearing in the other phantoms.   Additionally,  

the ihMTR effect is visually equivalent between the SPGR and pulse train acquisitions. 

Looking more quantitatively at the data in Figure 5.5, where the mean MTR and ihMTR 

values from each of the phantoms are plotted over all slices, illustrates  that the ihMTR from the 

pulsed approach is consistent across the volume.  While the MTR displays the expected variance 

in parameter values across phantoms, the ihMTR is only significantly present in the conditioner 

phantom (therefore agarose phantoms were not plotted), indicating that the spin system is 

indeed different in the conditioner than in agarose.  Furthermore, plotting the mean value from 
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the 2D pulse train approach (19.3%±1%, red bar) against the mean values for the pulsed approach 

(Figure 5.5b) confirms that the pulsed acquisition and gold standard pulse train acquisition are 

similar.  Lastly, the ihMTR difference between the gold standard and SPGR sequences are 

displayed, further illustrating that we see very similar (and within error) levels of contrast across 

the volume. 

 

 

Figure 5.5. Plots of the (a.) MTR and (b.) ihMTR at 7 kHz from the second to ninth slice for the SPGR experiment.  

The MTR shows the expected variance in values between the different phantoms, while the only the 

conditioner displayed significant ihMTR contrast.  The ihMTR from the pulse train acquisition (mean - dotted 

line, standard deviation – red shaded area) is plotted to illustrate that both methods are producing similar 

results.  A difference curve is also included in (b.) (right axis) to more directly quantify the difference between 

the SPGR and pulse train experiments. 

5.4.1. In Vivo 

Figure 5.6a shows the ihMTR over the full measurable volume for a single volunteer, spanning 

from the superior brain stem and midbrain to the superior cerebrum.  The ihMTR appears to be 

specific to white matter, showing high contrast in the main WM tracts within the brain, with little 

to no contrast in the surrounding GM (WM ihMTR = 4.84%±1.8%, GM ihMTR = 1.35%±0.79%, > 

50% reduction in ihMTR signal from the WM to the GM).  This is in contrast to the MTR (Figure 

5.6b), which is not specific to WM, displaying relatively high MTR values across neurological tissue 

(WM MTR = 18.86%±1.78%, GM MTR = 16.40%±2.59%, ~ 10% reduction).  Furthermore, taking a 
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sagittal slice that encompasses the brain stem and spinal cord illustrates the specificity of the 

ihMTR to WM throughout the CNS (Figure 5.6c).  The brain stem, cerebellum, and spinal cord 

form the only coherent ihMTR contrast below the cerebrum, with most other high ihMTR 

contrast attributed to motion or registration artifacts. This can be seen particularly well in the 

tongue, where there are significant edge effects due to movement between different 

acquisitions, but no major contrast within the tongue. 
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Figure 5.6. (a.) ihMTR over the full brain, spanning from the superior brain stem to the superior cerebrum.  The 

ihMTR shows marked specificity for the WM throughout the entire brain. (b.) MTR in the central slices of the 

brain (corresponding to the slices as those in red boxes in (a.).  Notice the reduced specificity for WM compared 

with the ihMTR. (c.) Sagittal ihMTR, illustrating that the ihMT effect can be seen to traverse the full brain stem 

and cervical spinal cord.  Notice that WM areas, such as the corpus callosum, brain stem, and spinal cord, are 

much brighter than the surrounding tissue, due to their much higher myelin content. 
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Threshold Analysis 

The 10% threshold is illustrated visually in Figure 5.7 and the mean ihMTR values for WM and 

GM over all subjects are listed in Table 5.2 with the MTR for comparison.  The 10% threshold 

appears to separate the GM and WM consistently across slices, and the low threshold value 

demonstrates that the ihMTR may be specific to myelin content.  Furthermore, the WM and GM 

are well-separated over all slices, indicating that the pulsed SPGR method can be consistently 

applied across a volume of interest, and is not restricted to a pulse train acquisition.  Statistically, 

the ihMTR was found to be significantly different between GM and WM (p = 0.002), while the 

MTR was not statistically different (p = 0.132), indicating that the ihMTR and MTR are providing 

different values from one another. 

 

 

Figure 5.7. The result of the threshold analysis separating GM and WM.  A threshold of 10% of the maximum 

ihMTR in each volunteer was used to separate GM and WM and can be seen in the left set of images.  The 

GM/WM separation was also applied to the MTR (right set of images) to compare to the ihMTR. 
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Table 5.2 Mean ihMTR and MTR values over the full brain, and the results from the Wilcoxon rank-sum test.  

The ihMTR is statistically different between GM and WM over the whole brain, while the MTR has shown to 

not be statistically significant. 

 ihMTR (%) MTR (%) 

 Mean p-value Mean p-value 

White Matter 4.84±1.8 
0.002 

18.86±1.78 
0.132 

Grey Matter 1.35±0.79 16.40±2.59 

 

A plot comparing the WM/GM ratio between the ihMTR and the MTR, with a 

representative slice showing the locations of the ROIs is shown in Figure 5.8.  The WM/GM 

contrast between the ihMTR and MTR was found to be significantly greater in the ihMTR in all 

cases (p < 0.01), indicating that the ihMTR is more clearly distinguished between WM and GM 

when compared to the MTR. 

 

 

Figure 5.8. a.) Reference (S0) image with ROIs in the splenium (green), internal capsule (red), putamen (yellow),  

and occipital calcarine cortex (blue).  Bar plots of the WM/GM ratio in several different ROIs for both the ihMTR 

and MTR, with errors bars of the standard deviation across subjects –  **p < 0.01 (one-tailed rank-sum test).  

Notice that the WM/GM ratio is significantly different in all cases, indicating that the contrast between the 

WM and GM in the ihMTR is more apparent than that in the MTR. 
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5.5. Discussion 

MT experiments have exemplified marked sensitivity to many different pathologies, including MS 

(13,23-29), Lupus erythematosus (30), dementia, Huntington’s, Parkinson’s (31), and 

schizophrenia (32).  However, researchers have not yet been able to demonstrate that MT is 

specific to myelinated tissues, and thus, cannot definitively determine the underlying cause of 

diseases shown to damage WM.  ihMT has demonstrated that it may provide indices more 

specific to myelin (112,113,197), however, previous acquisition techniques are not applicable to 

human disease models since they cannot be deployed over a large volume in a reasonable scan 

time.  The research presented here has rectified this, and provides an opportunity to start 

evaluating ihMT in the presence of disease. 

5.5.1. Generalized ihMT Equations 

While this new contrast has been developed and applied in several different volumes 

(112,204,205), the biophysical mechanisms underlying this contrast have not been extensively 

explored.  Varma, et al. (193) were able to demonstrate that this contrast depends on a dipolar 

reservoir present in systems that contain lamellar structures, however they only developed 

equations that can be satisfied after a long saturation pulse, limiting their applicability towards  

understanding the pulsed acquisition strategy we have developed.  In order to evaluate the effect 

of sequence design on the ihMT effect, we have therefore expanded their theories here to a set 

of ODE’s (Equations 5.2 and 5.4) which can be applied across many different types of acquisition 

strategies, and have demonstrated that the ihMT effect can be obtained using a variety of pulse 

sequence types (Figure 5.2).  This is an important development, as it provides a generalized model 

that is not dependent on any particular acquisition strategy, and thus this technique will not be 

limited by hardware specifications, acquisition volume, or sequence design. 

5.5.2. Comparison of gold standard with pulsed SPGR technique 

Comparing the pulsed acquisition strategy with the gold standard pulse train strategy 

demonstrated several important improvements.  Although the readout was different in the gold 

standard acquisition, the MT preparation was similar to one of the sequences applied in Varma, 

et al. (193), and yielded contrast similar to that seen previously (112).  Importantly, all ihMT 

techniques demonstrated marked specificity for the conditioner, which is considered a lamellar 
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structure (as seen in Figure 5.4).  However, applying the gold standard acquisition strategy took 

significantly longer than the pulsed approach, and could only be applied over a 2D cross -section 

of the volume, whereas the pulsed approach covered the entire volume of interest.  Additionally, 

even applying the sequence used by Varma, et al. (112) in the phantoms here would result in a 

2.5 minute scan per slice, which translates to a 25 minute scan over the same volume the pulsed 

scan covers, which almost doubles the effective scan time. 

One additional added benefit of utilizing a pulsed SPGR sequence is that there are less 

opportunities to incur image distortion due to B0 and B1 inhomogeneities, which can accrue in 

fast acquisition strategies such as the single shot EPI or HASTE sequences.  An SPGR sequence 

also provides more SNR per unit time relative to the HASTE sequence used previously, which 

provides an opportunity to move to higher resolution while still holding the SNR above what can 

be achieved in a HASTE sequence in an equivalent amount of scan time.  Employing small field of 

view, fast imaging strategies may also provide additional scan time improvements without 

adversely distorting the image, as was seen here with an EPI factor of 3. 

5.5.3. Whole Brain ihMT 

Moving from a 2D acquisition to a 3D acquisition makes this method a viable alternative to 

conventional MT imaging.  There are minimal differences (maximum difference = 3.5% ihMTR) 

between the 2D pulse train acquisition and the 3D pulsed SPGR acquisition in the phantoms, as 

seen in Figure 5.5b.  Importantly, this trend is seen across the entire scan volume, indicating that 

the pulsed SPGR experiment is a viable alternative to the 2D experiment for generating ihMTR 

contrast. 

While important for developing a new acquisition type, and for understanding the 

underlying scientific processes controlling ihMT, a 2D acquisition would be difficult to employ in 

pathology.  Most diseases present in the CNS are heterogeneous, and require a large volume 

acquisition in order to accurately characterize the tissue.  Therefore, it is important to be able to 

employ a 3D acquisition to cover the full extent of the pathological tissue.  Importantly, the 

increased SNR from a 3D volume acquisition will provide an opportunity to reduce the 

reconstructed slice thickness to more accurately characterize pathology.  Previous experiments 

have required quite large slice thicknesses (on the order of 10 mm) (112,113,193,204) to produce 
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enough SNR to capture the ihMTR effect.  However, many pathologies may require higher 

resolution to accurately characterize their effects in vivo.  In particular, WM diseases, such as MS, 

can present with small, localized lesions (12), which may be difficult to fully characterize when 

using a 2D acquisition strategy. 

The acquisitions here were optimized to produce the maximum ihMTR contrast in the 

minimum scan time possible.  This can be seen from the simulations in Figure 5.3, where an 8 µT 

pulse at 7 kHz was selected.  However, additional optimization of the pulse sequence may be 

possible to maximize the ihMT contrast.  My work here found that increasing the pulse power 

and number of pulses produced negligible increases in ihMTR due to the concurrent increase in 

TR to account for the higher SAR.  Additionally, while we used a 5 mm slice thickness here to 

reduce scan time, the through-plane resolution can be easily reduced without significantly 

sacrificing SNR in order to characterize pathologies which require high resolution. 

While previous methods have shown ihMT acquired over a full volume, they did not 

employ standard imaging methods in order to achieve this effect (194).  This limits the 

applicability of this method, as it requires modifying both the acquisition and reconstruction 

significantly in order to reduce the SAR to shorten the TR.  At this time, this is the only technique 

using a pulsed SPGR strategy to produce the ihMT effect over a large volume. 

5.5.4. Quantitative MT 

The evolution of this new contrast type follows a trend seen previously with conventional MT 

imaging.  Sled and Pike (35) developed the first SPGR MT experiments, which reduced the scan 

time by a large margin, providing an opportunity to move to more quantitative methods.  

Previous methods required large pulse trains or a special RF coil that would produce a continuous  

wave irradiation (4,5).  These have seen much use since their inception in the brain (13,35-

37,74,78,206,207), spinal cord (14,38,76), optic nerve (77), and muscle (152).   

Due to the specificity of ihMT to coupled spin-1/2 systems, quantifying this effect in vivo 

may improve our understanding of how this effect characterizes these systems, as well as how 

this effect changes in pathology.  Although ihMT has been shown to be more specific to myelin 

than conventional MT imaging, the ihMTR is still only be semi-quantitative in nature, as it is 

dependent on B0 and B1, similarly to what has been seen with the MTR (6).  Therefore, to truly 
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test the specificity of this technique, quantitative ihMT methods must be employed.  While this 

has been attempted previously (193), the researchers here utilized a pulse train methodology, 

and therefore, could only collect a full quantitative dataset over a single slice.  Moving to the 

acquisition strategy here would provide an opportunity to cover a large volume, or collect data 

more rapidly to build a larger quantitative dataset than what was collected previously. 

5.5.5. Specificity to Myelin 

This acquisition has shown a marked specificity towards myelin.  This can be seen in Figure 5.6, 

where there is a large contrast difference between the WM and GM, and in Table 5.2, which 

indicates significant differences between WM and GM using the ihMTR, but no significant 

differences using the MTR.  Additionally, the statistical tests (see Figure 5.8) comparing the 

GM/WM ratios in the ihMTR and MTR demonstrate that the ihMTR is may be more selective for 

WM than the MTR.  However, in order to truly test this specificity, more studies need to be 

employed, particularly in pathologies such as MS, where there is a significant loss of myelin.  

While conventional MT and qMT have proven sensitive to myelin, they have not definitively 

shown this was specific to changes in myelin alone.  While studies have shown that some qMT 

parameters are more specific to myelin in certain disease models (177), there may be other 

biophysical parameters, such as water infiltration, that may bias these decreases.  Therefore, 

quantifying the ihMT effect may provide parameters more specific to these changes in myelin 

content (such as the T1D parameter), which are not affected by other confounding factors. 

5.5.6. Limitations 

While the ihMTR is an important improvement to conventional MT imaging, it has several 

limitations.  First, since the ihMTR calculation involves a subtraction, high SNR must be obtained, 

or any coherent signal may be overshadowed by noise, which implies that higher resolution 

imaging may require additional signal averaging to effectively calculate the ihMTR.  Additionally, 

the ihMTR is also biased by B1 inhomogeneities, which prevented this study from studying the 

cerebellum, as B1 inhomogeneities introduced a bias in some volunteers which significantly 

affected our inter-subject registration.  Moving towards more quantitative methods would solve 

this problem, however, this also requires optimizing the protocol to account for the increased 

scan time necessary to collect enough data to completely characterize the ihMT model (193).   
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While this method uses an EPI train with an EPI factor of 3 to decrease scan time, other 

methods of decreasing scan time may be employed.  For instance, reducing the number of pulses 

in the pulse train may serve to decrease the scan time, however, this may also decrease the 

ihMTR contrast.  Additionally, alternate methods to employ the ihMT pulse may be utilized, such 

as switching the frequency between TR’s and not between individual pulses, may provide similar 

contrast; however, this has not been explored in detail, and would be the subject of future 

studies. 

5.6. Conclusions 

This work has demonstrated for the first time that the ihMT technique can be applied over a large 

scan volume in a reasonable scan time in vivo.  We demonstrated that we receive similar metrics 

using a pulsed SPGR strategy to that observed using a long pulse train in both simulations and in 

phantoms.  This technique was then demonstrated in healthy controls over the full brain volume.  

Future work involves applying this technique in patients with MS, and developing a quantitative 

method of evaluating this technique in vivo.  
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Chapter 6: A New Combined Model for Quantifying the CEST Effect 

in the Presence of MT 

6.1. Introduction 

Chemical exchange saturation transfer (CEST) is a magnetic resonance imaging (MRI) technique 

sensitive to the presence of low concentration mobile protons exchanging with water.  While 

chemical exchange has been understood for decades using nuclear magnetic resonance (NMR) 

techniques (17,51,53,55), recently  chemical exchange has been exploited as an imaging method 

(92).  CEST techniques are sensitive to several different small, soluble metabolites , such as the 

backbone amide protons of proteins and peptides (88).  Its versatility as a contrast mechanism 

has been demonstrated in many different clinical applications , including multiple sclerosis (208), 

cancer (42,209,210), and stroke (45,93,211-213), and thus CEST has added a new dimension to 

the detection and monitoring of these and other pathologies. 

CEST contrast can be generated in a similar manner to saturation-based MT techniques 

(33), but with several important differences.  In a typical saturation MT technique, a 

radiofrequency (RF) irradiation pulse is applied at a frequency off-resonance to water.  This 

saturation is then transferred to water through both dipole-dipole exchange and direct chemical 

exchange, resulting in an observed signal attenuation.  Because MT is primarily concerned with 

saturating the broad spectral linewidth (3) of the semi-solid components, the sequences 

employed by MT imaging will typically employ short pulses.  However, because the solutes of 

interest have small, relatively narrow resonance frequencies, CEST imaging must utilize a much 

narrower RF irradiation bandwidth (which translates to a longer pulse width or pulse train) to be 

sensitive to these solutes.  Additionally, CEST contrast is generated through direct chemical 

exchange; however, MT contrast and CEST contrast are not mutually exclusive events, thus a bulk 

water proton can experience both types of exchange and as a result will produce a similar 

observable signal attenuation.  Therefore, CEST contrast will be corrupted in the presence of 

semi-solid components.  Last, the CEST z-spectrum is a narrow, asymmetric lineshape given that 

the assumption of slow exchange on the MR timescale (i.e. exchange rate k < chemical shift of 

the labile protons) is met. 
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The primary method to quantify the CEST effect in vivo is the magnetization transfer 

asymmetry ratio (MTRAsym), which is found using Equation 1.30, and assumes in a saturation 

transfer experiment, the only asymmetrical effect present over the Z-spectrum is the CEST effect 

downfield from water.  However, the symmetry assumed by the MTRasym has been shown to not 

be the case, as inherent asymmetries, such as MT (90) and the nuclear Overhauser effects (NOE) 

upfield from water (84) have been shown to significantly affect these measurements (43).  While 

several methods have been developed to ignore these upfield effects (43,214), several studies 

have been recently published that have indicated the NOE effects may have clinical importance 

(213,215,216).  Therefore, methods which can simultaneously model the MT and direct water 

saturation (DWS) effects are needed in order to appropriately detect effects both upfield and 

downfield of water. 

Several researchers have developed methods to model more components of the CEST 

spectrum.  Zaiss et al (42,45) developed a multi-Lorentzian model, which they used to 

simultaneously map the CEST effect, MT effect, and NOE effect at 7T.  However, this method is 

restricted to high field strengths due to the need for the increased spectral resolution obtained 

at these higher field strengths, and thus, cannot be utilized at clinical fields (i.e. 3T).  Desmond 

and Stanisz (40) also recently demonstrated that a CEST spectrum can be fit utilizing a full three-

pool model of the Bloch-McConnell equations, however, fitting the full set of differential 

equations for each point in a data set would quickly become computationally intensive for a full 

brain volume. 

Yarnykh and Yuan (82) recently showed that the two-pool Bloch-McConnell equations can 

be solved in the steady state in order to greatly decrease computational power.  However, they 

made several approximations which prevent them from applying this model at offset frequencies 

smaller than 1 kHz away from water.  In this work, I have removed these approximations, and 

now demonstrate that these improved steady state equations can be used to fit the CEST and MT 

effects simultaneously, providing new information about the entire CEST spectrum at clinical field 

strengths, as well as the typical values estimated from the two pool MT model.  To this end, I i.) 

performed simulations demonstrating the superiority of this new two-pool qMT model over a 

simple Lorentzian difference method, and ii.) applied this model to in vivo data in the brain. 
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6.2. Theory 

The steady state equations in their current form approximate a typical pulse sequence as a series 

of constant events, as shown in Figure 6.1.  During each of these events, a constant process is 

occurring, which can be represented by the equations from Yarnykh (78) & Yarnykh and Yuan 

(82): 

 

 

Figure 6.1. Visual representation of the different events within a typical MT SPGR pulse sequence.  This 

sequence can be broken into four basic parts: the MT pulse (m), the prepulse spoiling (s), the excitation pulse 

(p), and the readout and delay before the next pulse (r).   

 𝑴𝑚 = exp((𝑹 + 𝑾)𝑡𝑚) 𝑴𝑟 + (𝑰 − exp((𝑹 + 𝑾)𝑡𝑚))𝑴𝑠𝑠  6.1 

 

 𝑴𝑠,𝑟 = exp(𝑹𝑡𝑠,𝑟) 𝑴𝑚,𝑝 + (𝑰 − exp(𝑹𝑡𝑠,𝑟))𝑴𝑒𝑞 6.2 

 

 𝑴𝑝 = 𝑪𝑴𝑠 6.3 

where R is the relaxation matrix (Equation 1.24), Mss is the steady-state magnetization vector 

(Equation 1.23), W is the average saturation rate for each pool (free (f) and macromolecular (m)) 

(Equation 1.25), Meq is the equilibrium magnetization vector: 

 𝑴𝑒𝑞 = [
1

𝑃𝑆𝑅
]  6.4 

and 𝑪 = 𝑑𝑖𝑎𝑔(cos(𝛼) , 1) is the instantaneous rotation of the magnetization in the free pool by 

an excitation pulse with a flip angle 𝛼.  The pool size ratio (PSR) from Equation 6.4 is the ratio of 
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the macromolecular (m) to free (f) pools, and is correlated with white matter myelin density 

(13,125,126).  Equations 6.1-6.4 can then be substituted into Ms (Equation 6.2)to solve for the 

magnetization in the free pool.  These equations have been shown to well-approximate the two-

pool Bloch-McConnell equations when using a variety of MT pulse saturations.  However, these 

equations are valid only with two fundamental approximations: 1) the pulse is ideally spoiled, 

and 2) that the saturation pulse in phase m of the pulse sequence shown in Figure 6.1 can be 

substituted for its mean-square value (i.e. an amplitude of an effective rectangular pulse with the 

same duration producing the same average power) (78,82).  While the first approximation is 

generally assumed to be correct for most SPGR sequences, the approximation of the RF pulse 

removes the amplitude modulation required to accurately model the effect of the water pool on 

the magnetization.  While approximating the RF pulse is generally inconsequential for MT 

applications, where the offset frequency of the MT pulse is greater than 1 kHz, this approximation 

becomes problematic when applying the steady state model to data with a significant water 

contribution.  Therefore, in order to more accurately model the MT pulse, we can instead model 

the MT phase (m in Figure 6.1) of the pulse sequence as a series of n smaller time points that will 

more accurately describe the shape of the MT pulse; breaking the MT pulse into many smaller 

pieces that can be approximated at a constant RF power over a small interval in time, ∆t, without 

losing the overall shape of the RF pulse.  The expansion of 𝑴𝑚 will result in the following set of 

equations: 

 𝑴𝑚,1 = exp((𝑹 + 𝑾1)∆𝑡)𝑴𝑟 + (𝑰 − exp((𝑹 + 𝑾1)∆𝑡))𝑴𝑒𝑞  6.5a 

 

 𝑴𝑚,2 = exp((𝑹 + 𝑾2)∆𝑡) 𝑴𝑚,1 + (𝑰 − exp((𝑹 + 𝑾2)∆𝑡))𝑴𝑠𝑠,1 6.5b 

⋮ 

 𝑴𝑚,𝑛 = exp((𝑹 + 𝑾𝑛)∆𝑡) 𝑴𝑚,𝑛−1 + (𝑰 − exp((𝑹 + 𝑾𝑛)∆𝑡))𝑴𝑠𝑠,𝑛−1  6.5c 

Including these equations in the equation for Ms will result in the following equation: 
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𝑀𝑧 = {𝑰 − 𝑬𝑠 ∏ 𝑬𝑚,𝑖

𝑛

𝑖=1

𝑬𝑟𝑪}

−𝟏

∗ 

       ∗ {[𝑬𝑠 (∏ 𝑬𝑚,𝑖

𝑛

𝑖=1

(𝑰 − 𝑬𝑟) + ∏ 𝑬𝑚,𝑖

𝑛

𝑖=2

(𝑰 − 𝑬𝑚,1)) + (𝑰 − 𝑬𝑠)]𝑴𝑒𝑞

+ 𝑬𝑠 [∑ ∏ 𝑬𝑚,𝑗

𝑛

𝑗=𝑖+1

(𝑰 − 𝑬𝑚,𝑖)𝑴𝑠𝑠,𝑖−1

𝑛−1

𝑖=2

+ (𝑰 − 𝑬𝑚,𝑛)𝑴𝑠𝑠,𝑛−1]} 

6.6 

where 𝑬𝒎,𝒊 = exp((𝑹 + 𝑾𝒊)∆𝑡) describes off-resonance saturation at each pulse interval, i, 

𝑬𝒓 = exp(𝑹𝑡𝑟) describes the relaxation during the acquisition/repetition delay, and 𝑬𝒔 =

exp(𝑹𝑡𝑠) describes the relaxation during the spoiling delay after the MT pulse.  The term Wi is 

described by: 

 𝑊𝑓,𝑚 = 𝜋𝜔1,𝑖
2 𝑔𝑓,𝑚 (𝛥𝜔, 𝑇2

𝑓,𝑚) 6.7 

where 𝜔1,𝑖  is the interpolated of the B1 amplitude at the time point, tm,i, of the MT pulse.  

Modeling W for each small time point tm,i removes the approximation from the MT pulse, and 

therefore Equation 6.6 can be extended below 1 kHz.  If the number of MT pulses is reduced to 

a single pulse, Equation 6.6 will be reduced to: 

 𝑀𝑧 = {𝑰 − 𝑬𝑠𝑬𝑚𝑬𝑟𝑪}−𝟏 ∗ {[𝑬𝑠𝑬𝑚(𝑰 − 𝑬𝑟)+ (𝑰 − 𝑬𝑠)]𝑴𝑒𝑞 + 𝑬𝑠(𝑰 − 𝑬𝑚)𝑴𝑠𝑠} 6.8 

Which is the same equation as that proposed by Yarnykh and Yuan (82) 

Fitting Equation 6.6 to MT and CEST data simultaneously will generate a set of qMT 

parameters – the PSR, macromolecular (m) to water (f) pool exchange rate (kmf), and the 

relaxation rates in each pool, T2f and T2m – which can then be used to model the MT effect in the 

CEST regime.  The measured signal intensity in Equation 6.6 is proportional to the longitudinal 

magnetization of the free pool before an excitation pulse, Mz
f: 

 
𝑆𝑀𝑇 = 𝑀𝑧

𝑓 exp(−
𝑇𝐸

𝑇2
∗
)sin(𝛼) 6.9 

However, these multiplicative factors can be excluded by normalizing the signal to a reference 

measurement M0, typically taken at an offset of 100 kHz to minimize MT effects,  

 
𝑚𝑧 =

𝑆𝑀𝑇

𝑆𝑟𝑒𝑓

=
𝑀𝑧

𝑓(𝛥𝜔)

𝑀𝑧
𝑓 (𝛥𝜔 = 100 𝑘𝐻𝑧)

 6.10 
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and the resulting signal can be directly fit to the model described in Equation 6.6, normalized by 

the same reference measurement  at 𝑀𝑧
𝑓 (𝛥𝜔 = 100 𝑘𝐻𝑧).  This new model is referred to as the 

qMT model or qMT fit in subsequent sections. 

6.3. Materials and Methods 

All numerical simulations and data analyses were performed with scripts written in MATLAB 

2016a (MathWorks, Natick, Massachusetts), unless otherwise noted.  Additionally, because the 

most often reported CEST effect in vivo is amide proton transfer (APT) CEST, which is sensitive to 

amide protons associated with proteins and peptides resonating 3.5 ppm downfield from water, 

the APT CEST effect was the target of all simulations and imaging protocols.  Furthermore, since 

a CEST effect will bias the CEST z-spectrum away from a spectrum composed entirely of MT and 

water, the area from 3 to 4 ppm was ignored in all fits.  The area between -1 to 1 ppm was also 

ignored in the fitting due to minor differences seen between the generated Bloch equation data 

and the qMT fitting parameters at the water resonance. 

6.3.1. Simulations 

A three pool model consisting of a bulk water pool (f), an MT pool (m), and a solute pool (s) was 

created by combining Equations 1.17 and 1.31, and was used to generate steady state signal data 

for healthy white matter (WM), healthy grey matter (GM), and an MS lesion.  The tissue 

parameters for the water pool used for the simulations are listed in Table 6.1.  The tissue 

parameters for the MT pool and solute pools were defined as: kmf – 10 1/s, the exchange rate 

from the solute pool to the water pool, ksf = 40 1/s, a solute concentration relative to water of 

0.1%, R1m = R1f for each tissue type, R1s = 1 1/s, T2m = 10 µs, and T2s = 160 ms. 

 

Table 6.1 Tissue parameters used for the Simulations.  Values were chosen from typical values in each 

respective tissue.   

 White Matter Grey Matter MS Lesion 

PSR 0.20 0.13 0.08 

R1f (1/s) 0.77 0.69 0.51 

T2f (ms) 70 100 120 
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Three-pool data was generated for two different experiments: an MT experiment in order 

to appropriately estimate the MT parameters, and a CEST experiment to fit the CEST and water 

pool data.  The MT experiment included two saturation powers at nominal flip angles (𝛼𝑀𝑇) of 

360˚ and 820˚ applied over 20 ms, with frequency offsets of 1, 1.5, 2, 2.5, 4, 64, and 100 kHz.  The 

CEST experiment was performed over a single saturation power in all cases, with a saturation 

length of 150 ms, with 31 frequency offsets evenly spaced between -5 and 5 ppm, with a 

reference measurement at 100 kHz.  Other relevant simulation parameters for the specific cases 

are listed below. 

Simulation 1 

The first set of simulations demonstrate the impact of modeling the a two-pool MT model, 

instead of approximating the curve from a Lorentzian fit.  To this end, signal data was generated 

using the parameters above with two maximum B1 saturation powers (2 and 3 µT) for all tissue 

types listed in Table 6.1.  The resulting data was then fit using Equation 6.6 to estimate a set of 

qMT parameters that fit both the MT and CEST data, and a z-spectrum over ±5 ppm was 

generated.  Next, the Lorentizan function from Jones, et al. (43) was fit to the same data and a 

z-spectrum of this data was generated as well.  Last, signal data from a two-pool model 

(water+MT) was generated in order to illustrate what z-spectrum the qMT fit should be 

generating.  The resulting z-spectra for all fits were plotted for each B1 power and tissue type. 

Simulation 2 

The second simulation demonstrates how both the Lorentzian and qMT fits behave under non-

ideal conditions.  To determine this, Monte Carlo simulations were performed by first adding 

Gaussian noise (SNR = 60 at thermal equilibrium) to the generated data, and the qMT and 

Lorentzian fits were performed over 100 noise realizations for each tissue type.  The maximum 

B1 saturation power was fixed at 2 µT in order to simulate a similar effect to what was prescribed 

in vivo (see Section 6.3.2 below).  The area under the curve (AUC) was taken by finding the 

integral of the residuals (difference between the CEST data and the generated fits) from 3 to 4 

ppm for the Lorentzian and qMT fits.  The ideal signal data for a two-pool model with no CEST 

effect was also generated, similar to what was done in Simulation 1.  The AUC for this generated 

data was also calculated to represent the ideal AUC.  A two-sample t-test was then used to 
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determine if the Lorentzian and qMT fits were significantly different from the ideal AUC for a 

threshold of p < 0.05. 

6.3.2. In Vivo Imaging 

The local Institutional Review Board approved this study, and signed informed consent was 

obtained prior to examination.  A single volunteer (female, age 22 years old) was imaged in a 3T 

Philips Achieva scanner (Philips Healthcare, Best, the Netherlands).  A two-channel, 

multi-transmit body coil was used for excitation, and a 32-channel head coil was used for signal 

reception.  Two experiments were performed: a qMT acquisition, which consisted of acquiring 

MT-weighted images, T1-weighted images, and B1 and B0 maps to correct for field 

inhomogeneities, and a CEST acquisition, which consisted of acquiring CEST-weighted images and 

a water saturation shift referencing (WASSR) image (217) to correct B0 inhomogeneities in the 

CEST spectrum.  All acquisitions used a FOV of 220 x 220 x 20 mm3 over four slices, used a SENSE 

(RL) factor of 2 where appropriate, and were acquired at a resolution of 1 x 1 x 5 mm3, unless 

otherwise specified.  Additionally, all images were reconstructed to the same in-plane matrix size 

of 256 x 256. 

The MT protocol was acquired at 8 offsets (∆) and 2 RF powers (𝛼𝑀𝑇) over 2 signal 

averages, and an echo planar imaging (EPI) factor of 5 and TR/TE/𝛼𝐸𝑋=50 ms/7.4 ms/10˚.  MT 

weighting was achieved using a 20-ms, single-lobed sinc pulse with Gaussian apodization, 𝛼𝑀𝑇= 

360˚ and 900˚, and offset frequencies (∆ω) = 1, 1.5, 2, 2.5, 8, 16, 32, 100 kHz (chosen to 

approximately logarithmically sample the expected MT z-spectra).  To correct for B1 and B0 

inhomogeneities across the volume, B1 and B0 maps were acquired using fast 3D techniques — 

B0: dual-TE GRE with TR/TE1/TE2 = 50/3.4/5.7 ms and  = 25˚ at a resolution of 2 x 2 x 5 mm3; B1: 

dual-TR actual flip angle (AFI) GRE method (142) with TR1/TR2/TE = 30/130/1.88 ms and  = 60˚ 

at a resolution of 2 x 2 x 5 mm3. T1 mapping was performed using a double angle acquisition, as 

described in Smith, et al. (58), with TR/TE =100/10 ms and  = 15˚ and 60˚. Acquisition times 

were 3 minutes for the MT weighted images, 30 seconds for the B0 map, 50 seconds for the B1 

map, and 2 minutes for the T1 map. 

The CEST protocol was acquired over 36 offsets, applied asymmetrically between ±5 ppm 

with a TR/TE/𝛼𝐸𝑋=302 ms/8.6 ms/15˚.  CEST saturation was achieved with a shaped 2 µT pulse 
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(a single 150 ms RF sinc-Gauss pulse).  An additional image at an offset of 100,000 ppm was 

acquired for a reference, yielding a total of 37 individual images.  Additional parameters for the 

CEST acquisition were an EPI factor of 7, and 1 signal average.  The WASSR images used the same 

parameters as the CEST acquisition, except: The saturation pulse was a 0.5 µT pulse, and this 

protocol was acquired over 21 offsets between ±1 ppm, with an additional reference image 

acquired at 100,000 ppm.  Acquisition times were 14 minutes, 22 seconds for the CEST protocol, 

and 8 minutes, 42 seconds for the WASSR protocol, resulting in an overall scan time of 

approximately 30 minutes. 

6.3.3. Image Analysis 

Before fitting, all in vivo images were co-registered using tools from FSL v5.0.2.1 (FMRIB, Oxford, 

UK) (145,146).  First, all images were brain-extracted using the brain extraction tool (BET) 

(143,144), then all of the subject-level data was co-registered to the S0 image from the MT 

imaging data using FLIRT (145,146).  All image data was then imported into MATLAB for further 

processing. 

An R1obs (1/T1obs) map was independently reconstructed by using the double angle formula 

originally proposed by Smith, et al. (58), which calculates a T1 value for each voxel after correcting 

for B1 inhomogeneities.  To correct for B0 inhomogeneities in the CEST spectrum, the mean 

absolute frequency shift was calculated from the WASSR scan and the CEST z-spectrum was 

shifted accordingly. 

Finally, the normalized to S0 MT and CEST data was used to generate qMT parameter 

maps for each voxel.  This model contains six independent parameters to accurately fit the two 

pool signal model: R1m, R1f, T2m, T2f, PSR = M0m/M0f, and kmf = kfm/PSR.  R1f was set equal to the 

R1obs, and as the signal dependence on R1m is weak (19), this was set to R1obs as well (37).  The 

remaining parameters were estimated for each voxel using Equation 6.6.  Additionally, the B0 

map was used to correct field inhomogeneities in the MT portion of the qMT fit, and the B 1 map 

was used to correct B1 inhomogeneities in both the CEST and MT portions of the qMT fit. 

To estimate the CEST effect in vivo, the estimated parameter maps from the qMT fit were 

then used to generate signal data from 3 to 4 ppm.  The APT CEST effect was calculated using an 
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AUC analysis from 3 to 4 ppm, as performed in the simulations above.  To compare against a 

“gold standard” calculation, the data was also fit to the Jones Lorentzian function (43). 

Mean parameter values for each fitting methodology, and for all qMT parameters, were 

calculated from regions of interest (ROI) in the GM and WM, as shown in Figure 6.4a.  ROIs were 

placed manually using MIPAV (NIH, Bethesda, MD).  The mean values for each tissue type and 

fitting methodology were then compared. 

6.4. Results 

6.4.1. Simulations 

Z-spectra from simulation 1 are displayed in Figure 6.2 for (a., d.) white matter, (b., e.) grey 

matter, and (c., f.) lesion data.  The qMT fit data approximates the ideal two pool signal data very 

well, with the exception of around the water resonance.  However, comparing the qMT fit with 

the Lorentzian fit illustrates a striking difference: the Lorentzian data underfits the signal data in 

every example (a-f) at the target of 3-4 ppm.  This is particularly apparent in Figure 6.2a, where 

the Lorentzian model cuts directly through the CEST effect. 

This effect is more clearly seen in Figure 6.3, where the results of the Monte Carlo analysis 

are shown.  The Lorentzian fit (AUC: WM = 1.1±1.0%, GM = 2.0±1.0%, Lesion = 2.9±1.0%) was 

found to have a much lower AUC than the qMT fit (AUC: WM = 2.5±1.3%, GM = 3.2±1.1%, Lesion 

= 4.1±1.0%), and the ideal fit (AUC: WM = 2.7±1.3%, GM = 3.5±1.6%, Lesion = 4.3±1.6%).  The 

Lorentzian difference was also found to be significantly different than both the qMT fit and the 

ideal fit (p < 0.0001), for all simulated tissue types, indicating that the Lorentzian method is not 

describing a true fit of the model data. 
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Figure 6.2. Simulations of the Z-spectra for the three pool CEST signal data (blue circles), ideal two pool signal 

data (light blue line), qMT fit (red dash), Lorentzian fit (black dots) for 2 µT (a-c), and 3 µT (d-f) for healthy white 

matter, grey matter, and lesion tissue parameters.  Notice that the Lorentzian fit underestimates the CEST 

effect in all cases, while the qMT fit more closely approximates the ideal two pool signal data. 



 127 

 

Figure 6.3. Results from the Monte Carlo analysis.  The Lorentzian fit was found to be significantly different 

(***, p<0.0001) from the qMT and ideal data fits. 

6.4.2. In vivo data 

Anatomical and qMT parameter maps are displayed in Figure 6.4, with the mean values from the 

ROIs for WM and GM listed in Table 6.2.  The PSR (WM = 23.3±3.3%, GM = 11.8±1.7%) clearly 

delineate the different tissues within the brain, while the kmf (WM = 12.3±3.9 1/s GM = 

9.1±3.0and T2m (WM = 9.9±0.3 µs, GM = 9.9±0.1 µs) are largely unaffected by tissue type (i.e. 

white matter and grey matter).  Interestingly, the T2f (WM = 50.0±3.1 ms, GM = 66.1±5.6 ms) 

displays higher values than has been reported previously (36,37), however, these increased 

values do not seem to be due to a misfit of the data.  Instead, this may be indicative of a more 

realistic fit of the T2f parameter, as these values are within 20 ms of what has been reported 

previously for T2 (frontal WM = 69±2 ms, frontal GM = 88±3 ms) values in the brain previously at 

3T (218).   
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Figure 6.4. a.) Anatomical image illustrating the area of the brain under analysis, with the ROIs for the GM 

(blue) and WM (red) displayed as well.  The T1obs map for the brain is shown in b.), with the corresponding 

estimates from the qMT fit shown in (c.-f.), corresponding to the PSR, T2f, kmf, and T2m, respectively. 
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Figure 6.5. AUC maps for the (a.) qMT fit and (b.) Lorentzian fit, with corresponding CEST spectra in the (c.) 

grey matter and (d.) white matter.  Notice that the Lorentzian fit severely underestimates the positive side of 

the spectrum, particularly in the presence of significant MT effects, as is typical in white matter. 

AUC maps for the qMT and Lorentzian fits are shown in Figure 6.5a and b, respectively, 

with representative CEST z-spectra from a point in the grey matter and white matter displayed in 

Figure 6.5c and d, respectively.  Additionally, mean values for the AUC using the qMT fit and the 

Lorentzian fit are listed in Table 6.2.  A majority of the fits in the Lorentzian model were found to 

be below 0, indicating that the Lorentzian fit was underfitting the spectrum from 3-4 ppm (WM: 

-1.5±0.4%, GM: -0.6±0.3%).  This is confirmed in the z-spectra in Figure 6.5c and d: the Lorentzian 

fit was biased toward the negative side of the spectrum.  However, this trend is not present in 
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the qMT fitting model, which fits both sides of the CEST spectrum adequately, and thus, provides 

positive AUC values (WM: 0.3±0.05%, GM: 1.1±0.2%). 

 

Table 6.2 Mean (±SD) values for ROIs drawn in the white matter and grey matter of the brain.  qMT parameter 

values are derived from the two pool fit, while the AUC for each fitting methodology was found by finding the 

integral from 3 to 4 ppm. 

 White Matter Grey Matter 

PSR (%) 23.3±3.3 11.8±1.7 

kmf (1/s) 12.3±3.9 9.1±3.0 

T1 (s) 1.1±0.1 1.7±0.2 

T2f (ms) 50.0±3.1 66.1±5.6 

T2m (µs) 9.9±0.3 9.9±0.1 

qMT AUC (%) 0.3±0.05 1.1±0.2 

Lorentzian AUC (%) -1.5±0.4 -0.6±0.3 

 

6.5. Discussion 

The purpose of this study was to derive a more accurate steady state model of the two-pool Bloch 

equations that could be utilized in CEST imaging.  I compared simulations of the Lorentzian fit 

originally described by (43) with the new qMT fit presented here, and found that the qMT fit 

more accurately describes a standard two pool model over the range of values typical for a CEST 

spectrum.  This new model will improve our sensitivity to deviations in the CEST spectrum due to 

CEST (upfield from water) and NOE (downfield from water) moieties, and thus may help better 

characterize the underlying chemical environment within tissues. 

The Lorentzian method has only been shown to be valid when the presence of MT effects 

is not significant.  In their paper presenting the Lorentzian fit, (43) applied a short, low power (1 

µT) saturation pulse in order to minimize the MT effect in the z-spectrum.  While the Lorentzian 

fit can be used with low power CEST acquisitions to generate accurate measures of the AUC, 

utilizing the Lorentzian fitting strategy at higher saturation powers will yield results similar to 

what is seen in this paper (Figure 6.2).  This poor fit will in turn underestimate the CEST effect, 
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and lead to reduced sensitivity to changes in the moiety of interest.  By incorporating the MT 

effect into the two-pool model I have effectively increased our sensitivity to CEST effects because 

I have removed some of the influence of MT signal from the fitting model.  Therefore, deviations 

from the expected signal should be primarily influenced by CEST effects.  The in vivo estimates of 

the CEST effect further confirm this conclusion.  Because asymmetry exists in the CEST spectrum 

due to the MT effect, a Lorentzian function will not be able to adequately capture both sides of 

the curve.  Therefore, the fitting function for the Lorentzian will either overestimate the 

downfield side of the z-spectrum, or underestimate the upfield side of the z-spectrum; the latter 

was seen in this analysis, which provided negative AUC values for the APT effect.  However, the 

qMT fit was able to adequately capture both sides of the z-spectrum, and thus, was able to 

properly fit the CEST data. 

In addition to downfield CEST effects, this new qMT model can also be used to estimate 

NOE effects on the upfield side of the curve when in the presence of significant MT signal.  

Because deviations from the qMT model should indicate areas where there are effects  not 

related to water or MT, finding a significant deviation on the upfield side of the z-spectrum should 

indicate the presence of NOE effects.  This may be particularly useful at higher field strengths, 

where several studies have shown the presence of NOE signal in both healthy controls and 

patient populations (42,216), as well as in animal models (215,219) of disease.  Furthermore, as 

the MT and CEST protocols are acquired separately, this new qMT model should be able to be 

combined with any qMT imaging method to accurately map the MT effect in the CEST spectrum.  

Therefore, by utilizing alternative methods, such as selective inversion recovery (59,220), the 

qMT fitting model may be applied to any set of data that contains both MT and CEST components .  

Employing a fit closer to the water resonance has also improved the estimates of the T2f 

parameter in the pulsed saturation qMT model.  The original experiments performed by Sled and 

Pike (36) found that the T2f was approximately 30% lower in the model fits than was found in 

multi-echo T2 experiments.  Indeed, a similar trend has been seen in experiments since then, with 

Yarnykh’s experiments in the brain (37,78,82), and my own experiments in the spinal cord (76), 

the T2f was found to be around 20-30 ms.  Sled and Pike postulated that this decrease in the T2 

was due to improperly modeling the number of pools necessary to accurately depict the multiple 
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free water components present in vivo (221,222).  However, the original steady state equations 

may not have been able to adequately model the water component because the RF 

approximation restricted the two-pool model to offsets above 1 kHz, thereby underestimating 

the T2f parameter.  Indeed, the experiments performed here reported much higher 

(approximately double) T2f values compared to those found in Yarnykh (37), which are more in 

line with what has been reported for quantitative T2 values in the brain (218). 

While the qMT model has shown that it can more accurately fit the CEST curve than 

traditional Lorentzian methods when in the presence of significant MT effects, there are several 

limitations.  As can be seen from Figure 6.2, this model does not fit the area directly surrounding 

the water resonance well.  This deviation in the model may be due to the approximation that is 

made with the water lineshape.  Water has been shown to be well-approximated by a Lorentzian 

lineshape, however, this may not be adequate to resolve the actual lineshape of water near 0 

ppm.  Therefore, it may be necessary to develop a set of steady state equations that directly 

model the transverse effects of the water components to completely model this signal at 0 ppm, 

or develop a lineshape that more accurately captures the water lineshape near 0 ppm. 

Importantly, while the qMT portion of the acquisition presented here adds additional scan 

time, it is not significant if the benefits of this acquisition are considered.  The entire qMT 

acquisition takes only 6.5 minutes longer for the volume scanned here, and fast acquisition 

strategies can be pursued to decrease the scan time further.  However, the added value provided 

by acquiring the qMT data may reduce the detrimental aspects of acquiring more data.  Indeed, 

the qMT data, and in particular, the PSR, has been shown to be well-correlated with myelin 

content (25,28,179), and thus, CEST studies that seek to characterize white matter may benefit 

from the additional information provided by the qMT data. 

Additionally, while this model accounts for the MT portion of the CEST curve, it has not 

completely isolated the CEST effect.  As can be seen in Figure 6.2, the CEST effect is still slightly 

dependent on the MT effect (seen in the changes between tissue types) and B1, therefore, there 

are still areas of this method that can be improved.  Desmond and Stanisz (40) demonstrated 

that a three pool model (CEST, MT, water) can be used to quantitatively estimate the CEST effect 

in vitro using the full Bloch equations.  While the Bloch equations take a significantly long period 
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to properly fit a CEST spectrum, solving for a three-pool steady state model using the same 

approach applied in this paper and in Yarnykh (78) could quantify the CEST effect efficiently, 

isolating it from the B1 and MT effects that may affect an accurate characterization of the CEST 

effect. 

One of the main drawbacks of the qMT model is that it takes a much longer time to fit all 

of the parameters than a simple Lorentzian model would take.  This is most likely due to the large 

number of points, and the need to completely characterize the RF pulse shape for each offset 

and power in both the CEST and MT parts of the spectrum.  However, several optimizations can 

be made to improve the efficiency of the qMT fitting model.  The original derivation of the steady 

state signal equations by Sled and Pike (35) found that modeling the bandwidth of the saturation 

pulse was negligible in their initial experiments.  This was also observed in the experiments here 

when modeling the MT (i.e. > 1kHz) part of the spectrum, thus, this model may become more 

efficient by approximating the RF pulse in the MT part of the spectrum.  Additionally, this model 

used 100 individual points to accurately capture the RF bandwidth, however, the number of 

points may be able to be reduced without detrimentally affecting the model.  Lastly, the number 

of individual offsets can potentially be reduced through interpolation or efficient sampling of the 

Z-spectrum in order to reduce the amount of data needed to fit the model. 

6.6. Conclusion 

This study demonstrates that the MT effect can be effectively modeled in a CEST Z -spectrum.  

The model described here provides a more accurate measure of the CEST effect than is provided 

by a conventional Lorentzian fit, and also improves the accuracy in estimates of T2f.  Future work 

includes deriving a three-pool model in order to quantify CEST effects, comparing the measures 

obtained from the qMT fit against quantitative T2 data, as well as improving the goodness of fit 

of this model around the water resonance. 
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Chapter 7: General Discussion and Conclusions 

The overall goal of this dissertation was to further the understanding of quantitative 

magnetization transfer (qMT) imaging at clinical MRI field strengths.  Since qMT imaging has been 

shown to be sensitive to myelin pathology, the first goal of this thesis was to expand these metrics 

to areas outside of the brain, into the optic nerve and spinal cord (SC), where radiological changes 

may be better correlated with clinical disability.  Next, I expanded a new MT imaging method, 

inhomogeneous magnetization transfer (ihMT), that has been shown to be speci fic to WM, and 

thus, may provide a better indicator of changes in myelin than traditional MT imaging.  Finally, I 

developed a steady state model of the two-pool Bloch equations that would fit both the MT and 

water pools in CEST to more appropriately isolate the CEST effect. 

MT imaging has been shown to be remarkably sensitive to changes in myelin content 

(13,159,168), with the macromolecular to free pool size ratio (PSR) correlating well with myelin 

content in the brain (13,125-127).  However, there has been a clinical need to move these 

quantitative MT techniques to areas of the central nervous system (CNS) outside of the brain.  

The SC and optic nerve in particular have been shown to exhibit symptoms in multiple sclerosis 

(MS) that may correlate strongly with other clinical deficits (108,110).  Therefore, the first goal of 

this dissertation was to explore the sensitivity of qMT to anatomies outside of the brain.  First, 

the full two-pool model was applied in the optic nerve.  This required a modification to the 

standard MT acquisition due to the unique anatomy of the optic nerve: the optic nerve is 

surrounded by fatty connective tissue, necessitating fat suppression techniques to accurately 

visualize the nerve.  Therefore, I demonstrated that the Dixon fat-water separation method can 

be used to suppress the fat signal in MT-weighted images, which allowed me to quantify the 

macromolecular signal in the optic nerve.  The PSR proved robust to the potential changes in 

signal due to the Dixon fat-water separation method, while not utilizing the Dixon method in the 

presence of fat proved to significantly confound the two-pool qMT model and deliver inaccurate 

estimates of the PSR. 

Next, a new qMT method was applied in the SC in order to rapidly acquire estimates of 

the underlying macromolecular structure of the SC.  While the SC macromolecular structure has 

been quantified in the past (15), the small size of the SC has necessitated high resolution imaging 
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in order to accurately visualize the composition within the SC.  However, the conventional qMT 

acquisition strategy would require a significantly long scan time in order to accurately estimate 

quantitative parameters in the SC.  Therefore, I applied the single point qMT model, as formalized 

by Yarnykh (37), to the SC, and derived a set of constraints that could be used to increase the 

resolution in the qMT acquisition without significantly sacrificing scan time.  The estimates of the 

PSR from the single point method were robust over time, and were shown to be similar to their 

counterparts from the conventional qMT model.   

When this qMT method was applied in a patient cohort, statistical comparisons of the 

constrained parameters from the full qMT between the healthy and patient groups 

demonstrated a trend towards a significant p-value.  Therefore, contrary to what Yarnykh, et al. 

(180) demonstrated in the brain, it is necessary to derive constrained parameters to us e in the 

single point model in the pathology of interest.  When appropriately constraining the model for 

the SC in the patient cohort, the high-resolution PSR maps provided several important differences 

from the healthy control group.  First, they demonstrated a significant specificity to lesions with 

respect to both the white matter (WM) in the control group and the normal appearing white 

matter (NAWM) in the patient group.  Second, histograms of the NAWM versus the healthy 

control WM illustrated a large difference between the two groups.  Specifically, the NAWM 

contained a significant amount of low PSR values, which may indicate that the PSR is sensitive to 

changes that may be occurring in the pathological tissues before they are appear in conventional 

imaging metrics.  The increased sensitivity to the subtle changes in the patient cohort offered by 

the high-resolution PSR maps may provide a more accurate method to diagnose and treat 

disease, such as MS, in the SC. 

The single point qMT method was also applied in the thoracolumbar SC to demonstrate 

that these constraints can be derived along the entire SC in order to facilitate high-resolution 

imaging.  Although the power of the sample size prevented statistical comparisons, the PSR in 

grey matter (GM) and WM was shown to be similar to what was found in the cervical SC.  Applying 

the single point method in the thoracolumbar cord will provide an opportunity to both 

quantitatively characterize this area of the cord in healthy tissue, and determine how the 

thoracolumbar region of the SC is affected by neurodegenerative pathologies, such as MS. 
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While the sensitivity of qMT has been well-established, the specificity of MT to myelin 

content has not been definitively demonstrated.  However, there have been recent strides to 

improve upon this by utilizing a new type of MT contrast called ihMT (112,113).  ihMT has been 

shown to be remarkably specific to myelin content in the brain and SC, however, under its current 

implementation, it cannot collect data in a large, 3D volume, and thus cannot be effectively 

employed to investigate pathology.  The work in this dissertation demonstrated that by using a 

pulsed acquisition strategy, we can acquire a full volume of ihMT data in the same scan time that 

a single slice would need under the original acquisition methodology.  Importantly, the change in 

acquisition method (from a pulse train to a pulsed acquisition) did not significantly affect the 

ihMT scan, indicating that the pulsed acquisition strategy fundamentally improves the ihMT 

technique.  This research lays the groundwork for application of this technique in a patient model, 

such as MS, where the increased specificity offered by ihMT may improve early detection of 

disease, and may offer a more accurate measure of tracking treatment course. 

The last major part of this dissertation involved utilizing the Bloch equations to improve 

our understanding of the confounding effects in the CEST spectrum.  MT effects dominate the 

entire CEST spectrum, corrupting most conventional measures of the CEST effect.  However, this 

dissertation has demonstrated that these confounding effects in the CEST spectrum can be 

minimized by utilizing the Bloch equations to account for both MT and DWS effects.  Accurate 

detection of low concentration metabolites with CEST may provide additional information about 

the underlying chemical and neurological processes involved in MS and other neurodegenerative 

disorders. 

The effect of MT on the CEST spectrum was modeled by developing a set of steady state 

equations that could be effectively modeled at resonance offset (with respect to water) 

frequencies below 1 kHz.  Previous attempts (35,82) could not extend below 1 kHz due to the 

approximations those models made about the RF saturation pulse: by as suming it was a square 

wave, they removed the spectral bandwidth of the pulse, and thus their models differed 

significantly from observed data.  However, by appropriately modeling the RF saturation pulse, 

the work presented in this dissertation has removed the 1 kHz limitation of previous models.  

Thus, this new qMT model can be used to improve upon current CEST techniques by fitting the 
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MT and water components of the CEST spectrum.  This  qMT fit model will more appropriately 

isolate the CEST effect, and thus will provide more accurate measurements of the CEST effect 

than previous methods have been able to achieve.  One side effect of previous approximations 

of the Bloch equations was that the T2 of the free pool could not be adequately modeled due to 

the 1 kHz restriction, and thus, most qMT models have shown a reduction in the T2 in the water 

pool.  However, because the qMT model presented in this dissertation can extend below 1 kHz, 

it can more appropriately fit the water components of the model, and will therefore provide a 

more accurate estimate of the T2 of the water pool. 

Additionally, while not included in the text of this dissertation, DWS has prevented CEST 

species with resonance frequencies close to the water resonance from being detected at clinical 

field strengths.  However, uniquely sampling the CEST spectrum using a variable power CEST 

(vCEST) technique will minimized DWS, increasing the sensitivity of CEST at resonances close to 

water.  This technique was employed to measure the hydroxyl CEST effect in the knee cartilage 

of several patients, and our results demonstrated increased sensitivity to this CEST species over 

conventional CEST imaging.  This work has been summarized in Clark, et al. (223).  It is also 

theorized that fast exchanging species, such as glutamate, may display higher sensitivity when 

utilizing the vCEST method, however, previous attempts were significantly confounded by MT 

effects.  By combining the new qMT model described in Chapter 6 with vCEST, these fast 

exchanging species may be able to be detected. The ability to detect these fast exchanging 

species at clinical field strengths greatly extends the versatility of CEST, and offers a viable 

alternative to CEST imaging in vivo at 7T. 

In conclusion, qMT has been shown to be a remarkably important technique towards  

understanding the properties of myelin.  The studies described here have provided further 

evidence that investigating the quantitative nature of MT can provide important benefits towards  

understanding and diagnosing neurodegenerative diseases.  Gaining a fundamental 

understanding of how these disease processes affect the macromolecular structure of neural 

tissues may facilitate advances in the way we diagnose, treat, and hopefully cure disease.  qMT 

may provide key contributions to this puzzle, and the studies described here have hopefully laid 

a foundation to drive these future discoveries. 
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