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Abstract 

Magnetic resonance imaging (MRI) is a medical imaging modality that produces images 

of soft tissues and metabolic processes in the human body.  While contrast in conventional MRI 

is generated by protons with free mobility, magnetization transfer (MT) imaging is commonly 

recognized as a source of essential information about tissue microstructure because of its 

sensitivity to immobile macromolecular protons, which are invisible by conventional MRI.  Over 

past years, there has been a growing interest in advanced methods for quantitative 

characterization of the MT effect.  Such methods are intended to generate quantitative maps of 

molecular parameters describing the MT effect within the two-pool model.  Promising biological 

findings were reported for the bound pool fraction (the key parameter of two-pool model), which 

provides strong associations with myelin content in neural tissues.  This work describes recent 

development in quantitative magnetization transfer (qMT) imaging to correct the biases in cross-
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relaxation imaging (CRI), one of qMT methods, due to unaccounted biexponential behavior of 

the longitudinal relaxation of water protons. Furthermore, this work introduces the new three-

pool MT model to minimize the partial volume effects of non-exchanging component (i.e. CSF) 

in qMT measurements.  These new methods are validated through simulation, phantom 

experiment, animal model, and human subject and stability of these techniques is investigated.  

The research in this dissertation provided the foundation for continued development and 

translation of new biomarker for macromolecular content in tissue (i.e. myelin content in nervous 

system and collagen matrix in cartilage) and can assist in early detection and quantitative staging 

of diseases caused by loss of macromolecules in tissues (i.e. multiple sclerosis and 

osteoarthritis). 
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Introduction 

 

Magnetic resonance imaging (MRI) is a medical imaging modality that produces images 

of soft tissues and metabolic processes in the human body.  While contrast in conventional MRI 

is generated by protons with free mobility, magnetization transfer (MT) imaging is commonly 

recognized as a source of essential information about tissue microstructure because of its 

sensitivity to immobile macromolecular protons, which are invisible by conventional MRI (e.g., 

those associated with proteins and lipid bilayers of myelin, collagen matrix in cartilage, etc.) (1). 

Several studies have shown that conventional MT imaging methods (i.e. MT ratio) are 

sensitive to the macromolecular content (i.e. lipid bilayers of myelin) and they have suggested 

these methods to study diseases caused by loss of macromolecules in tissue.  Unfortunately, the 

parameters of such methods are not specific to different tissue abnormalities as they can be 

influenced by overall water and macromolecule content in tissues.  Furthermore, these 

parameters are sensitive to the sequence parameters and B0 and B1 inhomogeneities.  Therefore, 

over past years, there has been a growing interest in advanced methods for quantitative 

characterization of the MT effect (1-12).  Such methods are intended to generate quantitative 

maps of molecular parameters describing the MT effect within the two-pool model (1).  The key 

parameters of interest in this model are associated with the state of macromolecular protons, 

which is characterized by their molar fraction (bound pool fraction, f ), the rate constant 

describing cross-relaxation with water protons (k), and the transverse relaxation time of free and 

bound pools (T2
F and T2

B).  Particularly promising biological findings were reported for the 

bound pool fraction, which provides strong associations with myelin content in neural tissues 

(13-16) and was shown to allow tracking age-related changes of WM myelination in animal 
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studies (17).  The first two chapters of this dissertation introduces the basics of magnetic 

resonance imaging (MRI) and the principles of magnetization transfer (MT) imaging; also 

different MT methods such MT-ratio (MTR), MT-saturation (MT-Sat), and quantitative 

magnetization transfer will be introduced. 

The estimation of quantitative magnetization transfer (qMT) imaging is not 

straightforward.  Numerical or analytical modeling of magnetization effect and non-linear fitting 

of measured data are required to estimate these parameters.  For the last few years, my research 

has been focused on investigating the magnetization transfer effect, developing qMT imaging 

techniques, and applying qMT methods on both human and animal studies, which are included in 

this dissertation.  

Chapter 3 introduced the modified cross-relaxation imaging (mCRI) which corrects the 

biases in cross-relaxation imaging (CRI) due to unaccounted biexponential behavior of the 

longitudinal relaxation of water protons.  Chapter 4 describes a new method for fast and accurate 

bound pool fraction (f) and longitudinal relaxation time (T1) mapping within the two-pool MT 

model.  In chapter 5, the new three-pool MT model will be introduced to minimize the partial 

volume effects of non-exchanging component (i.e. CSF) in qMT measurements, the accuracy 

and precision of this model to the two-pool model will be compared through numerical 

simulation, phantom experiment, and in vivo study.  Chapter 6 presents the applications of MT 

imaging in animal study and human study to elucidate the sensitivity and specificity of qMT 

imaging to macromolecule such as myelin and collagen.  Chapter 7 summarizes the contribution 

of this dissertation in quantitative magnetization transfer imaging and suggests future work and 

directions that could promote clinical implementation of this work. 
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Chapter 1: The Basics of Magnetic Resonance Imaging 

 

  



	
   2	
  

1.1 Introduction 

Magnetic resonance imaging (MRI) is a medical imaging modality to produce images of 

soft tissues and metabolic processes in the human body.  MRI is based on the principles of 

nuclear magnetic resonance (NMR), a phenomenon that occurs when nuclei of certain atoms are 

placed in a static magnetic field and experience a second oscillating magnetic field.  Generally, 

all nuclei with an odd number of neutrons, protons, or both possess a net angular momentum 

(spin) and they are NMR active.  Hydrogen (1H) nucleus in water molecules is composed of a 

single proton (½ nuclear spin) and is abundant in the body, therefore it is the most widely imaged 

nucleus in MRI experiments. 

 

1.2 Magnetic Dipole Moment and Larmor Frequency 

A nucleus with a non-zero spin creates a circulating electric current and magnetic field 

around itself whose strength can be described as a magnetic dipole moment (𝜇).  The magnetic 

dipole moment (𝜇) is directly proportional to spin angular momentum (𝐽) by the proportionality 

constant called gyromagnetic ratio (𝛾), which depends on the nucleus.  The gyromagnetic ratio 

of proton is 2.675 × 108 rad/s/T. 

 𝜇 = 𝛾𝐽 [1.1] 

The direction of magnetic 𝜇 is completely random in the absence of an external magnetic 

field due to thermal random motion.  According to classical mechanics, if a spin with a magnetic 

dipole moment 𝜇 is placed in an external magnetic field 𝐵! it experiences a torque, which is 

equal to the rate of change of its angular momentum.  
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 𝑑𝐽
𝑑𝑡 = 𝜇  ×  𝐵! [1.2] 

Since 𝜇 = 𝛾𝐽, we have 

 𝑑𝜇
𝑑𝑡 = 𝛾𝜇  ×  𝐵! [1.3] 

This equation of motion characterizes the fundamental precession for a spin in an 

external magnetic field and it is a simple version of Bloch equation (figure 1.1). 

 

From figure 1.1, the differential changes in magnetic dipole moment is 

 𝑑𝜇 = 𝜇 sin𝜃 𝑑𝜑  [1.4] 

Also from equation 1.3 we have 𝑑𝜇 = 𝛾 𝜇  ×  𝐵! 𝑑𝑡 = 𝛾𝜇𝐵! sin𝜃 𝑑𝑡, therefore we can define 

the precession angular frequency, Larmor frequency, as 

 𝜔! =
𝑑𝜑
𝑑𝑡 = 𝛾𝐵! [1.5] 

 

𝜇⃗	
  

𝐵!!!!!⃗ 	
  

𝑑𝜇⃗	
  

𝜃	
  

0	
  

𝑑𝜑	
  

Figure 1.1: Precession of a proton’s spin about a magnetic field	
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1.3 Spin Alignment and Bulk Magnetization 

The macroscopic magnetization vector (𝑀 ) is defined as the vector sum of all 

microscopic magnetic dipole moments in the object.  In the absence of an external magnetic 

field, the direction of magnetic dipole moment is completely random so 𝑀 = 0.  In the presence 

of an external magnetic field 𝐵!, all magnetic dipole moments are either lined up parallel to 𝐵! 

(lower energy) or anti-parallel to 𝐵! (higher energy).  Based on Zeeman splitting phenomenon, 

the energy difference between these two spin states is given by 

 ∆𝐸 = 𝛾ℏ𝐵! [1.6] 

Where ℏ = ℎ/(2𝜋)  in terms of Planck’s constant ℎ .  According to Boltzmann 

relationship the spin excess on lower energy state can be given by 

 Spin excess ≈ 𝑁 !ℏ!!
!!"

 [1.7] 

Where N is the total number of spins presented in the object, K is Boltzmann constant, 

and T is absolute temperature of the spin system.  The spin excess is very small and it is only 10 

in a million spins for a magnetic field strength of 3T, but it generates detectable net 

magnetization 𝑀 due to large population of spins in the system. 

 

1.4 Resonance Condition and RF Excitation 

In order to detect the MRI signal, the magnetization vector must be tipped away from 𝐵! 

direction by applying a radiofrequency (RF) pulse.  This RF pulse is produced by another 

magnetic field (𝐵!) with relatively small field strength for a short time interval.  Under resonance 
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condition (𝜔!" = 𝜔!), the 𝐵! field is maximally synchronized to the tip the spin around its axis.  

A 𝐵! field is applied for a short time interval (𝜏) to rotate the spins around its axis, and the angle 

of rotation (𝛼) is determined by  

 𝛼 = 𝛾𝐵!𝜏 [1.8] 

 

1.5 The Bloch Equation and Relaxation 

The time-dependent behavior of 𝑀 in the presence of 𝐵!(𝑡) field is described by the 

Bloch equation: 

 𝑑𝑀
𝑑𝑡 = 𝛾𝑀×𝐵!"# +

1
𝑇!

𝑀! −𝑀! 𝑘 −
1
𝑇!
𝑀!" [1.9] 

In which 𝐵!"# = 𝐵! + 𝐵!.  Equation 1.9 can be written in a rotating frame, a coordinate 

system whose transverse plane is rotating clockwise at the Larmor precession frequency with 

orthogonal axes of 𝑥!,𝑦!,  and 𝑧!, as:  

 
𝑑𝑀!!

𝑑𝑡 = ∆𝜔𝑀!! −
𝑀!!

𝑇!
 [1.10] 

 
𝑑𝑀!!

𝑑𝑡 = −∆𝜔𝑀!! + 𝜔!𝑀!! −
𝑀!!

𝑇!
 [1.11] 

 
𝑑𝑀!!

𝑑𝑡 = −𝜔!𝑀!! −
𝑀!! −𝑀!

𝑇!
 [1.12] 

Where ∆𝜔 = 𝜔! − 𝜔, 𝜔! is the Larmor frequency, 𝜔! is the spin frequency due to RF 

field, 𝜔 is the RF frequency of oscillation; T1 and T2 are longitudinal and transverse relaxation 

time constants respectively. 
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When an RF pulse is applied to the spin system the magnetization is perturbed from its 

equilibrium, and if this external force is removed from the system magnetization will return back 

to its equilibrium state.  The recovery of the longitudinal magnetization (𝑀! ) is called 

longitudinal relaxation; and the destruction of the transverse magnetization (𝑀!") is called 

transverse relaxation.  The longitudinal and transverse relaxation are described by first-order 

process: 

 
𝑑𝑀!!

𝑑𝑡 = −
𝑀!! −𝑀!

𝑇!
 [1.13] 

 
𝑑𝑀!!!!

𝑑𝑡 = −
𝑀!!!!

𝑇!
 [1.14] 

The time evolution of the longitudinal and transverse magnetization can be obtained by 

solving the above equations and illustrated in figure 1.2: 

 𝑀!! 𝑡 = 𝑀!(1− 𝑒!!/!!)+𝑀!! 0! 𝑒!!/!! [1.15] 

 𝑀!!!! 𝑡 = 𝑀!!!! 0! 𝑒!!/!! [1.16] 

𝑀!! 0!  and 𝑀!!!! 0!  are the longitudinal and transverse magnetization immediately 

after RF pulse.  

 

 

 

 
𝑀!!(0!)	
  

𝑀!	
  

𝑡	
  

𝑀!!(𝑡) = 𝑀!(1 − 𝑒!!/!!)+𝑀!!(0!)𝑒!!/!! 	
  

𝑀!!!!(0!)	
  

𝑡	
  

𝑀!!!!(𝑡) = 𝑀!!!!(0!)𝑒!!/!!  

Figure 1.2: The regrowth of the longitudinal magnetization and the decay of transverse 
magnetization.	
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T1 is called spin-lattice relaxation time, which shows regrowth of longitudinal 

magnetization due to the proton interaction with the lattice.  The value of relaxation time T1 

depends of the tissue characteristics (tumbling rate) and the strength of the main magnetic field, 

i.e. the typical range of T1 values for white matter and gray matter at 3.0T are 1000-1100 ms and 

1700-1900 ms, respectively (18).  

The decay of transverse magnetization is characterized by T2, which is called spin-spin 

relaxation time.  The local field that spins experience is combinations of the main magnetic field 

and the fields produced by neighbor spins.  The variation in the local fields leads to different 

local precession frequencies of spins and causes dephasing of spins.  Therefore, T2 value depends 

on time spent in vicinity of nuclear neighbors and it is independent of the strength of the main 

magnetic field; more time near same neighbors causes shorter T2.  The typical range of T2 values 

for white matter and gray matter are 65-75 ms and 90-105 ms, respectively (18). 

In practice, there is an additional dephasing of the transverse magnetization caused by the 

external field inhomogeneities, which is characterized by 𝑇!!  decay.  Therefore, the total 

transverse magnetization decay can be characterized by 𝑇!∗, which is defined by 

 
1
𝑇!∗
=
1
𝑇!
+
1
𝑇!!

 [1.17] 
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1.6 MRI System, Image Formation, and Image Contrast 

An MRI scanner is composed of three major components: the main magnetic field, the 

RF system (transmitter and receiver), and the gradient system.  As mention before, the primary 

function of the main magnetic field is to generate a strong uniform static field (𝐵!).  The RF 

system consists of a transmitter coil to generate a rotating magnetic field (𝐵!) for excitation of 

spin system, and a receiver coil to convert the precessing magnetization into an electrical signal.  

The gradient system consists of three orthogonal gradient coils to localize the signal by 

generating spatially varying magnetic field so the spins at different location precess at different 

frequencies with different phases unique to their location.  The measured signal is then 

reconstructed by Fourier transform to produce the image of the volume. 

Conventional MRI methods (T1-weighted, T2-weighted, and PD-weighted) utilize the fact 

that different tissues have different T1, T2, and proton density (PD) to provide image contrast 

between tissues by setting the parameters of MRI scan such as repetition time (TR), echo time 

(TE), excitation flip angle (𝛼), etc.  There are other MRI methods that use different contrast 

mechanism to provide unique information about tissues, such magnetization transfer (MT) (19-

21), diffusion MRI (22-28), multicomponent relaxometry (29-35), functional MRI (fMRI) 

(36,37), and MR angiography (MRA) (38-42).  Among these advanced MRI methods, 

magnetization transfer imaging (MTI) is a novel method that shows promising results in 

assessing the information about macromolecule content in tissues, and it is the focus of this 

dissertation.  
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Chapter 2: Introduction to Magnetization Transfer Imaging 
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2.1 Introduction 

MRI can detect signal only from mobile protons (free water protons) that have 

sufficiently long T2 relaxation times (in the range of ms).  Less mobile protons (i.e. protons 

bound to macromolecules) have very short T2 relaxation times (in the range of µs) to be detected 

by traditional MRI because their signal has completely decayed before encoding.  However, 

dipolar coupling and chemical exchange facilitate an exchange of magnetization between these 

two pools of protons (free water protons and protons bound to macromolecules).  This 

mechanism is known as magnetization transfer (figure 2.1)(19-21). 

 

 

 

 

 

 

 

 

 

 

2.2 Principles of Magnetization Transfer 

While conventional MRI generates contrast by protons with free mobility, magnetization 

transfer imaging generates contrast from protons bound to macromolecules.  Magnetization 

transfer (MT) imaging is based on the exchange of magnetization between free pool and bound 
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Figure 2.1: Schematic of proton populations and magnetization transfer pathways between 
different proton pools (21). 
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pool in biological tissues.  The protons from the bound pool are strongly coupled resulting in a 

very broad absorption lineshape (frequency spectrum), while free water protons have very 

narrow frequency spectrum (the bandwidth is inversely proportional to T2).  It is possible to 

saturate the bound pool and leave free pool relatively intact by applying a strong off-resonance 

RF pulse at a frequency far from the free water resonance frequency.  This saturation of bound 

pool magnetization can be transferred to free pool magnetization causing a decrease in the 

detected signal from free pool (Figure 2.2).  While off-resonance RF pulse is typically used in 

MT approaches, on-resonance RF pulse or in fact any RF pulse that has different effects on each 

pool will induce MT.  Later in this dissertation, we will show the importance of considering two-

pool model even for on-resonance pulses. 

  

Figure 2.2: Schematic of the MT saturation process.  Off-resonance RF pulse saturates the 
magnetization of the bound pool.  Magnetization transfer between two pools attenuates the 
free water signal. 
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Most MT imaging methods are based on two-pool MT model (Figure 2.3), which 

considers that protons are either from free water (free pool) or from protons bound to the 

macromolecules (bound pool).  

 

Right after each RF pulse, some of the spins in each pool are in the longitudinal 

orientation (aligned spins) and some are saturated (saturated spins).  The time-dependent changes 

of the magnetization of each pool is given by different rate constants: R1
F,B = 1/ T1

F,B are the 

longitudinal relaxation rates of each pool, R is the exchange rate from free pool to bound pool, 

and k is the exchange rate from bound pool to free pool.  The MT exchange between two pools 

depends on the relative magnetization of each pool and the rate of the exchange between these 

pools.  At equilibrium, we have the same amount of magnetization transferring from each pool to 

the other, therefore: 

 𝑅×𝑓 = 𝑘×(1− 𝑓) [1.2] 

 

Figure 2.3: A two-pool MT model. M and R1 are magnetization and longitudinal relaxation of 
each pool; R is magnetization transfer exchange between two pools (1). 

Free Pool Bound Pool 
MF, R1

F 
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where f is the fraction of bound spins relative to the total spin:  

 𝑓 =
𝑀!

𝑀! +𝑀!
 [2.2] 

The model of MT exchange for a two-pool system has been proposed by (43) and can be 

written as: 

 
𝑑𝑀!

!

𝑑𝑡 = −
𝑀!
!

𝑇!!
− 2𝜋Δ𝑀!

! [2.3] 

 
𝑑𝑀!

!

𝑑𝑡 = −
𝑀!
!

𝑇!!
+ 2𝜋Δ𝑀!

! − 𝛾𝐵!(𝑡)𝑀!
! [2.4] 

 𝑑𝑀!
!

𝑑𝑡 = 𝛾𝐵! 𝑡 𝑀!
! − 𝑅!! + 𝑘 𝑀!

! + 𝑘(1− 𝑓)/𝑓𝑀!
! + 𝑅!!(1− 𝑓) [2.5] 

 𝑑𝑀!
!

𝑑𝑡 = −(𝑅!! + 𝑘(1− 𝑓)/𝑓 + 𝜋𝛾!𝐵!! 𝑡 𝑔(Δ,𝑇!!))𝑀!
! + 𝑘𝑀!

! + 𝑅!!𝑓 [2.6] 

 

where 𝑀!,!,!
!,!  are the x, y, and z-components of magnetization of the free (F) and bound (B) pools; 

Δ and 𝐵!(𝑡) are the frequency and the amplitude of the RF pulse; 𝑔(Δ,𝑇!!) is the absorption 

lineshape, which is the function of the frequency of RF pulse and transverse relaxation time 

constant of the bound pool (𝑇!!), and it is assumed by a Super-Lorentzian function for a 

biological tissues (2,3,44,45). 

 𝑔 Δ,𝑇!! =
2
𝜋

𝑇!!

3 cos! 𝜃 − 1 exp −2
2𝜋Δ𝑇!!

3 cos! 𝜃 − 1

!

sin𝜃
!
!

!
𝑑𝜃 [2.7] 
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2.3 Magnetization Transfer Imaging Techniques 

There are several methods using MT effect to generate a contrast and assess the 

macromolecular content in different tissues, and in general they use MT saturation pulse to 

selectively saturate the magnetization of protons bound to macromolecule and the magnetization 

of the free pool protons is indirectly affected by the saturation of bound pool protons.  As a part 

of this dissertation, we describe several methods using MT effect such as magnetization transfer 

ratio (MTR), magnetization transfer saturation (MT-Sat), and quantitative magnetization transfer 

(qMT) imaging. 

 

2.4 Magnetization Transfer Ratio (MTR) 

The most common approach using MT effect is MT ratio (MTR) (46) , calculated as the 

relative change in intensity of images acquired without (S0) and with (SMT) MT pulses: 

 𝑀𝑇𝑅 =   
𝑆! − 𝑆!"

𝑆!
 [2.8] 

Figure 2.4 shows an example of images from MTR experiment and obtained images with 

and without MT saturation pulse.  The higher MTR in white matter (WM) is associated with the 

proteins and lipids associated with myelinated axons (47). 

 

 

 

Figure 2.4.  Example images of MTR and obtained images with and without MT pulse . 



	
   15	
  

MTR has been shown to be proportional to the product of bound pool fraction (f) and 

observed 𝑇! of the free pool (𝑇!!"#) (48).  Yarnykh (3) expressed MTR from the approximated 

analytical model of pulsed MT as 

 𝑀𝑇𝑅 ≈
𝑠𝑊!

𝑃 + 𝑄𝑠𝑊! [2.9] 

where s = tm/TR is the duty cycle of the sequence given as ratio of time interval of MT pulse (tm) 

to the repetition time (TR); 𝑊! = 𝜋𝛾!𝐵!! 𝑡 𝑔(Δ,𝑇!!) is the average saturation rate for the bound 

pool given; P and Q are independent of the properties of a saturation RF field and are function of 

observed R1 of the free pool (𝑅!!"# = 1/𝑇!!"#), bound pool fraction (f), cross-relaxation rate (k), 

sequence parameters such as repetition time (TR) and excitation flip angle (𝛼) 

 𝑃 ≈ 𝑅!!"# −
1− 𝑓 ln cos𝛼

𝑇𝑅 𝑓!! [2.10] 

 𝑄 ≈ 𝑅!!"# −
ln cos𝛼
𝑇𝑅 𝑘!! + 1 [2.11] 

Although the MTR measurement is sensitive to macromolecular content of tissue it is 

highly dependent on pulse sequence parameters, magnetic field strength, B0 and B1 

inhomogeneity, as well as shape, amplitude, and offset frequency of MT pulse; these factors 

causes variability of MTR measurements across scanners, coils, and scanned objects.  Yarnykh 

(49) has proposed a analytical method to correct B1 errors in MTR experiment using an external 

B1 mapping.  Using the first-order approximation equation [2.9] can be written as  
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 𝑀𝑇𝑅 ≈
𝑘𝑓𝑠𝑊!

𝑘 𝑅! −
1− 𝑓 ln cos 𝛼

𝑇𝑅 + 𝑓𝑠𝑊!(𝑅! + 𝑘 −
ln cos 𝛼
𝑇𝑅 )

 [2.12] 

and B1 corrected MTR can be written as  

 𝑀𝑇𝑅!"# =
𝐴 𝑐 𝐵(𝑐)𝑀𝑇𝑅!"#

1− (1− 𝐴 𝑐 𝐵 𝑐 )𝑀𝑇𝑅!"#
 [2.13] 

Where 

 𝐴 𝑐 =
𝑅×𝑇𝑅 + 𝑐!𝑡!𝑊!

𝑐! 𝑅×𝑇𝑅 + 𝑡!𝑊!  [2.14] 

 𝐵 𝑐 =
𝑅!×𝑇𝑅 − ln cos 𝑐𝛼
𝑅!×𝑇𝑅 − ln cos 𝛼

 [2.15] 

and 𝑐 = 𝐵!/𝐵!!"#  is the scaling coefficient of B1 measured by any B1 mapping sequence.  

Figure 2.5 shows the effect of 𝐵! correction on MTR map, which shows more uniform MTR map 

after 𝐵! correction (50). 

 

Figure 2.5.  Effect of B1 inhomogeneity on MTR. Uncorrected MTR map (a) demonstrates by 
slow spatially varying intensity inhomogeneity (a). Correction of MTR using separately acquired 
B1 map eliminates the intensity bias (b) and leads to improved localization of WM and GM 
peaks on the corresponding whole brain histograms (c). 
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2.5 Magnetization Transfer Saturation (MT-Sat) 

MT-Sat method was proposed by in 2008 (51), where the empirical signal equation for a 

spoiled gradient echo sequence (SPGR) with MT pulse saturation was derived.  This equation is 

based on a biexponential time course including T1 relaxation and MT saturation.  MT-Sat map 

(𝛿!"") can be derived from three datasets of MT-weighted, PD-weighted, and T1-weighted SPGR 

sequence from following equations: 

 𝛿!"" =
𝐴!""𝛼!"
𝑆!"

− 1 𝑅!"##𝑇𝑅 −
𝛼!"!

2  [2.16] 

 𝐴!"" = 𝑆!"𝑆!!
𝑇𝑅!"𝛼!!/𝛼!" − 𝑇𝑅!!𝛼!"/𝛼!!
𝑆!!𝑇𝑅!"𝛼!! − 𝑆!"𝑇𝑅!!𝛼!"

 [2.17] 

 𝑅!"## =
1
2
𝑆!!𝛼!! 𝑇𝑅!! − 𝑆!"𝛼!" 𝑇𝑅!"

𝑆!"/𝛼!" − 𝑆!!/𝛼!!
 [2.18] 

where S is the signal,  𝛼 is the excitation flip angle, TR is the repetition, subscripts MT, PD, T1 

label different datasets, and subscript app is the apparent parameters without flip angle 

correction.  The major advantage of MT-Sat is that inhomogeneities of the receiver coil and the 

transmitted RF field are inherently accounted for.  Figure 2.6 shows an example of MT-Sat map. 

 PD-­‐weighted	
   T1-­‐weighted	
   MT-­‐weighted	
   MT-­‐Sat	
  

Figure 2.6.  Example of MT-Sat map and obtained PD-weighted, T1-weighted, and MT-
weighted SPGR. 
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2.6 Quantitative Magnetization Transfer (qMT) Imaging 

 
Several studies have shown that MTR and MT-Sat are sensitive to the macromolecular 

content and they have suggested these methods to study diseases caused by loss of 

macromolecules in tissue.  Although loss of macromolecules in tissue causes reduction of these 

parameters, other factors such as overall water and macromolecule contents, and other pathology 

(edema, inflammation, axonal loss, and etc.) can affect these parameters. Therefore, these 

parameters are not specific to different tissue abnormalities as they can be influenced by overall 

water and macromolecule content in tissues (52).  Furthermore, these parameters (specially 

MTR) are sensitive to the sequence parameters and B0 and B1 inhomogeneities so fully 

quantitative MT (qMT) methods are required to improve sensitivity, specificity, and stability of 

MT parameters.  Several methods have been proposed to quantify the MT parameters of the two-

pool model (1-12).  The key parameters of interest in this model are associated with the state of 

macromolecular protons, which is characterized by their molar fraction (f), the forward rate 

constant describing cross-relaxation with water protons (k), and transverse relaxation time T2
B. 

Cross-relaxation imaging (CRI) (7) is one of qMT methods, which maps the fundamental 

parameters (f, k, and T2
B) determining MT effect in tissues.  The theory of pulsed MT effect on 

the two-pool MT model has been described previously (3,7,53).  In summary, the vector of 

longitudinal steady state magnetizations of the SPGR acquisition in the presence of an off-

resonance saturation radio frequency (RF) pulse can be shown in the following matrix format: 

 𝐌𝐳 = 𝐈− 𝐄𝐬𝐄𝐦𝐄𝐫𝐂 !!( 𝐄𝐬𝐄𝐦 𝐈− 𝐄𝐫 + 𝐈− 𝐄𝐬 𝐌𝐞𝐪 + 𝐄𝐬 𝐈− 𝐄𝐦 𝐌𝐬𝐬) [2.19] 

where 𝐌𝐳 = 𝑀!
!     𝑀!

! ! , 𝑀!
!, 𝑀!

! are longitudinal magnetizations of free and bound protons, 

respectively; 𝐈 is the identity;  𝐄𝐦 = exp  ( 𝐑+𝐖 𝑡!)  describes off-resonance saturation by the 
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pulse with duration 𝑡! ; 𝐄𝐬 = exp  (𝐑𝑡!) and 𝐄𝐫 = exp  (𝐑𝑡!) describe longitudinal relaxations 

during delays before (𝑡!) and after (𝑡!) the excitation pulse; 𝐂 = diag  (𝑆! , 𝑆!), where 𝑆! =

cos  (𝛼), 𝑆! = 1 describe the attenuation of longitudinal magnetizations of free and bound 

protons by the on-resonance excitation pulse with the flip angle 𝛼, respectively; 𝐌𝐞𝐪 and 𝐌𝐬𝐬 are 

the vectors of equilibrium and steady-state longitudinal magnetization, and 𝐑 and 𝐖 are matrices 

of longitudinal relaxation and saturation defined as follows: 

 𝐌𝐞𝐪 =
1− 𝑓
𝑓  𝐌𝐬𝐬 =

1
𝐷
(1− 𝑓)(𝐴 + 𝑅!!𝑊!)
𝑓(𝐴 + 𝑅!!𝑊!)

 

[2.20] 

 𝐑 = −𝑅!! − 𝑘 𝑘(1− 𝑓)/𝑓
𝑘 −𝑅!! − 𝑘(1− 𝑓)/𝑓

 𝐖 = −diag  (𝑊! ,𝑊!) 

Where  

 𝐴 = 𝑅!!𝑅!! + 𝑅!!(1− 𝑓)/𝑓 + 𝑅!!𝑘 [2.21] 

 𝐷 = 𝐴 + 𝑅!! + 𝑘 𝑊! + (𝑅!! + 𝑘(1− 𝑓)/𝑓)𝑊! +𝑊!𝑊! [2.22] 

𝑅!! and 𝑅!! are the longitudinal relaxation rate of free and bound spins, respectively; the effective 

saturation rates of the pools 𝑊!and 𝑊!are calculated from the absorption line-shapes of the 

pools 𝑔!,!(Δ,𝑇!
!,!) and the root-mean-square amplitude of saturation pulse 𝜔!!"# averaged over 

the pulse duration as follows: 

 𝑊!,! = 𝜋𝜔!!"#! 𝑔!,!(Δ,𝑇!
!,!) [2.23] 

where absorption line-shape of the free and bound pools 𝑔!,!(Δ,𝑇!
!,!) are defined by the 

Lorentzian and Super-Lorentzian (or Gaussian for non-biological sample) functions, respectively 

(figure 2.7) (54).  
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Lorentzian lineshape: 

 𝑔 Δ,𝑇! =
𝑇!
𝜋

1
[1+ (2𝜋Δ𝑇!)!]

 [2.24] 

Super-Lorentzian lineshape: 

 𝑔 Δ,𝑇! =
2
𝜋

𝑇!
3 cos! 𝜃 − 1 exp −2

2𝜋Δ𝑇!
3 cos! 𝜃 − 1

!

sin𝜃
!
!

!
𝑑𝜃 [2.25] 

Gaussian lineshape:  

 𝑔 Δ,𝑇! =
𝑇!
2𝜋

exp  
−(2𝜋Δ𝑇!)!

2  [2.26] 
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Figure 2.7.  Lineshapes: Super-Lorentzian (𝑇!=17.7 µs), Lorentzian (𝑇!=17.7 µs), and 
Gaussian (𝑇!=29 µs). The lineshapes are 50 times magnified above 10kHz to better appreciate 
the differences (33). 
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The saturation rate of free pool at the offset frequencies much larger than the spectral line 

width of the free pool, (2𝜋Δ𝑇!!)! ≫ 1 (1,54), can be approximated by 

 𝑊! = (𝜔!!"#/2𝜋Δ)!/𝑇!! [2.27] 

Estimating of 𝑇!! can be obtained using the fact that the product of 𝑇!!𝑅!! is pretty constant in 

brain tissues and it’s approximately 0.022 at 3.0T.  

 𝑊! = (𝜔!!"#/2𝜋Δ)!𝑅!!/0.022 [2.28] 

where	
  𝑅!! can be estimated from the fact that the observed 𝑅! = 1/𝑇!, measured from variable 

flip angle (VFA) method is equal to the slow eigenvalue of matrix 𝐑 (1): 

 𝑅!! = 𝑅! −
𝑘(𝑅!! − 𝑅!)

𝑅!! − 𝑅! + 𝑘(1− 𝑓)/𝑓
 [2.29] 

and	
  𝑅!! cannot be experimentally measured but can be assumed as 𝑅!! = 1 (1,2,4,7,45,54).  The 

reconstruction of parametric maps is performed in two steps (figure 2.8 (7)).  During the first 

step, PD and R1 maps are calculated by fitting VFA SPGR data the Ernst equation (55): 

 𝑆! = 𝑃𝐷
1− exp  (−𝑅!𝑇𝑅)

1− cos𝛼 exp  (−𝑅!𝑇𝑅)
sin𝛼 [2.30] 

In the second step, the matrix model of pulsed MT is fitted to MT-weighted data, while 

R1 is supplied as an external parameter.  Prior to fit, MT data are normalized pixel-wise by an 

arbitrary reference image typically obtained without saturation to reduce the number of free 

parameters in the fit by excluding PD or synthesized from PD and R1 maps.  The normalized 
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data are then fitted to the corresponding ratio of analytical signal expressions with and without 

saturation (𝑆!"!!" ,	
  𝑆!"!!""): 

 𝑆!"!!" = 𝑃𝐷×𝑀!
! sin𝛼 [2.31] 

 𝑆!"!!"" = 𝑃𝐷×𝑀!
!(𝑊! = 0,𝑊! = 0) sin𝛼 [2.32] 

where 𝛼 is excitation flip angle and PD consists of the spin density, instrumental scaling, and the 

effect of 𝑇!∗ decay. 

 

Figure 2.8.  Cross-relaxation image processing scheme. In the step (A) PD and R1 maps are 
generated from VFA data, in step (B) synthetic S0 is computed from Ernst equation, and in the step 
(C) f and k maps are reconstructed from a set of MT-weighted data normalized to S0. Adapted from 
(7). 
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2.7 Optimization Strategies for Accurate Quantitative MT Imaging 

2.7.1 Introduction 

Quantification of two-pool MT (qMT) model parameters (longitudinal relaxation rate R1, 

bound pool fraction f, cross relaxation rate k, transverse relaxation times of the bound pool T2
B, 

and free pool T2
F) allows inferring useful information about MRI-invisible macromolecular 

tissue content such as myelin (2,6).  Many qMT methods such as cross-relaxation imaging (CRI) 

and modified CRI (mCRI) (7,53) use efficient pulsed MT in steady state, however data 

acquisition time may be too long for clinical applications.  One CRI acceleration approach is to 

exclude T2
F from estimation by sampling high offset frequencies (Δ>2.5 kHz) where direct 

saturation of free water is minimized.  Going from 1.5T, the system used in early qMT 

applications (2,6,7), to 3T may improve CRI by utilizing the field-dependent SNR increase (7).  

However, translation to 3T faces an increased specific absorption rate (SAR); the related 

decrease in highest attainable MT flip angle may lead to SNR loss in parametric maps.  In this 

section we study the challenges of CRI at 3T and proposes several optimizations at both 1.5 and 

3T field strengths. 

 

2.7.2 Effect of Experiment Design   

Two families of experiment designs were studied: 1) Standard CRI with higher 

Δ=2.5, 5, 9, 13 kHz (only R1, f, k, T2
B are estimated).  2) Extended design with additional 

optimized low Δ=0.8 kHz (T2
F is also estimated).  Data were synthesized for white matter for 

18ms Fermi MT pulse with flip angles 500˚ (1.5T and 3T) and 1100˚(3T) /1600˚(1.5T) (maximal 

allowed values on our GE Signa 1.5T and MR750 3T for the given patient weight and coil type).   

Monte-Carlo simulations were performed to find noise level σ in qMT estimates (figure 2.9).  
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Efficiency was defined as 1/σ and did not include field dependent SNR gain.  Using low Δ 

significantly improved estimation of CRI measures (especially k) despite dimensionality increase 

(T2
F estimation).   

 

 

 

 

 

 

 

2.7.3 Effect of MT Pulse Shape   

The effect of using MT pulses with low (Gaussian) and high (Fermi) SAR-efficiency (56) 

(figure 2.10) on the qMT mapping performance were examined for Design #2.  The pulses had 

same duration and peak SAR.  Fermi pulse was more SNR-efficient for parameter estimation 

than Gaussian pulse with most gain observed for k (Table 2.1). 

  

 

 

 

 

 

R1 f k T2
B T2

F 

1.0413 1.5820 2.9149 1.7558 1.9361 

Figure 2.9:  Relative efficiency of CRI parameter mapping at 3T using regular (#1) and 
extended (#2) designs (normalized to 1.5T values). 

Table 2.1:  Efficiency of Fermi relative to that of Gaussian MT pulses (σgauss/σfermi). 
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2.7.4 Effect of MT Pulse Bandwidth  

Higher BW (shorter) Fermi pulse may cause large errors in qMT maps using low offset 

frequencies (Table 2.2).  The standard approach is to use Lorentzian lineshape to model the 

effect of MT pulse on free pool. 

 

 R1 f k T2
B T2

F 
8ms Fermi -11.33 40.7 -48.7 18.23 -83.33 
20ms Fermi -0.01 -0.12 -3.24 -0.32 -31.72 

 

The approach fails to adequately describe the behavior of free pool in the range<1kHz 

(figure 2.11).  The deviation is due to Rabi oscillations arising in near-resonance excitation 

regime, the effect highly dependent on local B1 distribution not accounted for in realistic qMT 

models (57).    

 

 

Table 2.2:  Percent of error in CRI parameters for different MT pulse widths (Design #2). 

 

 

 Gaussian
 Fermi

Figure 2.10:  Fermi pulse and Gaussian pulse. 
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The MT signal is much more sensitive to changes in B0 and B1 for shorter pulse (figure 

2.12).  The effect is hard to account for in realistic qMT models (57) because it is highly 

dependent on local distribution of transmit field B1 (figure 2.11 and 2.12).  The accuracy loss for 

20 ms pulse (narrower bandwidth) was much less for most measures (R1, f, k, T2
B) while still 

significant for T2
F (Table 2.2). 
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Figure 2.11:  The Rabi oscillations make the standard Lorentzian lineshape approximation 
inadequate to model effect of higher BW pulse on free pool for low offset frequencies. 
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Figure 2.12:  Normalized MT signal vs. offset frequency and MT flip angles for 8ms (left) and 
20ms (right) MT pulse widths shows significant Rabi oscillations for higher BW pulse. 
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2.7.5 Phantom Results  

MT weighted data of FBRIN phantom (http://www.birncommunity.org.) were acquired at 

offset frequencies 0.6 and 20kHz with 8ms Fermi MT pulse with flip angle 750˚.  Range of 

offset frequency in the phantom was provided using shim gradients and measured using IDEAL 

(58).  Flip angle map was measured by optimized AFI method (59).  The 3D images of MT ratio 

(SMT(0.6kHz)/SMT(20kHz)) were plotted against local flip angle (~B1) and B0 values (figure 

2.13).  The observed oscillations were consistent with simulations for free water magnetization 

(figure 2.11 and 2.12) (full quantitative comparison between theoretical predication phantom 

data was not made because of additional MT effect in the agar phantom and uncertainties in B1 

field determination from actual flip angle values). 
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Figure 2.13:  MT signal from FBRIN phantom for the range of Δ and αMT. The observed 
oscillations were consistent with simulations for free water magnetization 
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2.7.6 Discussion  

We studied several ways to optimize efficiency of CRI at both 1.5 and 3T.  We showed 

(for 3T case) that the CRI efficiency might be improved by including extra sample(s) from low Δ 

range (<1 kHz).  Further, we demonstrated that SAR-efficient pulses might provide additional 

large efficiency gains in CRI.  At the same time, high bandwidth SAR-efficient pulses may lead 

to a significant error in qMT measures for the low offset frequency designs.  One simple solution 

is to resort to longer SAR-efficient pulses.  We found the reasonable tradeoff to be 16-20 ms 

Fermi pulses. Therefore, cross-relaxation imaging (CRI) and other related qMTI methods may be 

optimized to significantly improve their accuracy and efficiency.  
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Chapter 3: Analysis and Correction of Biases in Cross-Relaxation 

MRI Due to Biexponential Longitudinal Relaxation 
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3.1 Introduction 

Magnetization transfer (MT) effect is commonly recognized as a source of important 

information about tissue microstructure due to its sensitivity to immobile macromolecular 

protons not detectable by the conventional MRI (e.g., those associated with proteins and lipid 

bilayers of myelin, collagen matrix in cartilage, muscle fibers, etc.) (1,19).  Various approaches 

have been proposed to quantify the MT effect in-vivo including empirical indexes characterizing 

signal saturation due to MT (19,46,51) and methods for quantitative mapping of specific 

parameters describing MT within the two-pool model (1-12).  The key parameters of interest in 

this model are associated with the state of macromolecular protons, which is characterized by 

their molar fraction (bound pool fraction, f), the forward rate constant describing cross-relaxation 

with water protons (k), and the transverse relaxation time T2
B.  Particularly promising findings 

were reported for the bound pool fraction, which was found to be correlated with the myelin 

content in neural tissues (13-16) and was shown to be capable of tracking age-related changes of 

the white matter (WM) myelination in animal studies (17).   

One group of quantitative MT methods termed cross-relaxation imaging (CRI) (3,7,9) is 

specifically targeted at mapping the parameters f, k, and T2
B or their subsets in the isolation from 

relaxation properties of the water proton magnetization.  Collectively, these techniques rely on 

the approximate two-pool pulsed MT formalism (3,7) where the action of off-resonance 

saturation pulses on the macromolecular proton pool is described by an effective time-

independent saturation rate calculated for a square pulse with the equivalent power and duration.   

Further, direct saturation of the free water proton pool is either neglected (3) or estimated within 

the stationary approximation sufficiently far from the resonance(7).  These techniques allow 3D 

acquisition with clinically acceptable scan times and resolution based on a limited number of 
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MT-weighted images obtained with variable off-resonance saturation.  The common feature of 

CRI and other off-resonance qMT techniques is the need for complementary T1 mapping, which 

allows decoupling of the two-pool model parameters from the longitudinal relaxation rate 

R1=1/T1 (2-4,7,9).  Because of the need for the fast 3D acquisition, T1 maps are often generated 

using the variable flip angle (VFA) method with a spoiled gradient-echo (SPGR) sequence (55).   

It has been realized recently that the VFA method originally derived for the single-pool model 

inaccurately describes the SPGR signal, which often leads to biased R1 estimation in tissues with 

rich macromolecular content.  This bias is due to unaccounted cross-relaxation caused by 

magnetization transfer effect between macromolecular and water protons, which leads to the bi-

exponential behavior of longitudinal relaxation of water proton magnetization in such tissues 

(60).  The cross-relaxation contribution was shown to dominate R1 of water in hydrated collagen 

(60) and more recently in neural tissues (61).  Deviation of longitudinal relaxation from a single-

exponential behavior due to cross-relaxation significantly affects signal intensities in the fast 

gradient-echo sequences (62,63) and introduces a bias in VFA R1 measurements that depends on 

the pulse sequence parameters and may reach up to 14-15% in brain white matter (WM) (62).   

Apart from biasing VFA R1 estimation, systematic errors from unaccounted bi-

exponential relaxation may further propagate into the two-pool model parameters estimated by 

quantitative MT techniques such as CRI.  Conversely, an unbiased determination of R1 values in 

tissues requires the knowledge about the rest of parameters of the two-pool model, which may 

not be practical for data correction within the VFA method alone (62).  In this study, we propose 

the unified treatment of VFA and MT SPGR signals using a modified CRI analysis, which 

enables simultaneous corrections of R1 and two-pool MT model parameters.  In particular, we 

theoretically and experimentally characterize systematic errors in CRI caused by bi-exponential 
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relaxation in VFA R1 mapping and demonstrate a new processing algorithm, which corrects for 

such errors and yields accurate parametric f, k, T2
B, and R1 maps.  Additionally, we propose an 

analytical correction procedure allowing recalculation of previously obtained cross-relaxation 

parameter values with acceptable residual errors.  
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3.2 Theory 

3.2.1 Analytical Theory of the SPGR Signal in the Presence of Cross-Relaxation 

To estimate the effect of cross-relaxation on the apparent R1 measured by the VFA 

method, we employ the previously described pulsed steady-state formalism (3,7) in the 

simplified form, where no off-resonance saturation is applied.  The matrix model of the 

longitudinal magnetization (based on Eq. [3.1] in Ref. (7)) can be rewritten as: 

 𝐌𝐳 = (𝐈− 𝐄𝐂)!! 𝐈− 𝐄 𝐌𝐞𝐪 [3.1] 

Where 𝐌𝐳 = 𝑀!
!     𝑀!

! !  corresponds to the longitudinal magnetization before the 

excitation pulse, 𝑀!
! , 𝑀!

!  are the longitudinal magnetizations of free and bound protons, 

respectively, 𝐌𝐞𝐪 = 𝐌𝟎 1− 𝑓        𝑓 ! is the vector of equilibrium magnetization,  𝐈 is the identity 

matrix, the matrix 𝐄 = exp  (𝐑𝑇𝑅)  describes relaxation during repetition time 𝑇𝑅, and the 

diagonal matrix 𝐂 = diag  (𝑆! , 𝑆!), 𝑆! = cos  (𝛼), 𝑆! = 1 corresponds to the instant rotation of 

the magnetization 𝑀!
! by an excitation pulse with the flip angle 𝛼.  The relaxation matrix R is 

defined as follows: 

 𝐑 = −𝑅!! − 𝑘 𝑘(1− 𝑓)/𝑓
𝑘 −𝑅!! − 𝑘(1− 𝑓)/𝑓

 [3.2] 

where 𝑅!!  and 𝑅!!  are the longitudinal relaxation rates of the free pool and bound pool 

respectively.  Applying the first-order approximation to the exponential terms, Eq. [3.1] can be 

simplified to  

 𝐌𝐳 ≈ (𝐑𝑇𝑅 − ln𝐂)!!𝐑𝐌𝐞𝐪𝑇𝑅 [3.3] 
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Corresponding approximated expression for the observed signal can be explicitly written 

as follows: 

 𝑆 ≈
𝑀!(1− 𝑓)(𝑅!!𝑅!! + 𝑅!!𝑘(1− 𝑓)/𝑓 + 𝑅!!𝑘) sin𝛼 exp(−𝑇𝐸/𝑇!∗)    

𝑅!!𝑅!! + 𝑅!!𝑘(1− 𝑓)/𝑓 + 𝑅!!𝑘 − (𝑅!! + 𝑘(1− 𝑓)/𝑓)𝑇𝑅!! ln(cos𝛼)
 [3.4] 

We further assume that 𝑅!! = 𝑅!! = 𝑅! similar to earlier studies (3,9) that corresponds to 

the fast exchange conditions (51).  With these assumptions, the signal intensity is expressed as: 

 𝑆 ≈
𝑀!(1− 𝑓)𝑅!𝑇𝑅 sin𝛼 exp(−𝑇𝐸/𝑇!∗)    

𝑅!𝑇𝑅 − ln(cos𝛼)+
𝑘 ln(cos𝛼)
𝑅! + 𝑘/𝑓

 [3.5] 

Finally, the relaxation rate R1 can be neglected in the sum with a much larger term k/f, 

thus providing the signal equation  

 𝑆 ≈ 𝑀!(1− 𝑓)
𝑅!𝑇𝑅    

𝑅!𝑇𝑅 − (1− 𝑓) ln(cos𝛼)
sin𝛼 exp(−𝑇𝐸/𝑇!∗) [3.6] 

By comparing Eq. [3.6] with the first-order approximation of the Ernst equation (64) (not 

shown for brevity), the relationship between the true 𝑅! and its apparent value 𝑅!
!"" estimated 

from VFA data becomes evident: 

 𝑅!
!"" ≈ 𝑅!/(1− 𝑓) [3.7] 

Equation [3.7] demonstrates that the bias in 𝑅! caused by cross-relaxation is on the order 

of f and independent of the sequence parameters (𝑇𝑅  and flip angles), if the first-order 

approximation is justified by a short 𝑇𝑅 .  More general treatment for arbitrary sequence 

parameters can be found in Ref. (62,63).   
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3.2.2 Effect of Apparent R1 on the CRI Parameters 

The next goal is to estimate systematic errors in the two-pool model parameters due to 

𝑅!
!"" in the CRI method.  We start our analysis with a simplified CRI model (3), which allows 

analytical investigation of errors in the estimated parameters in the regime where the direct 

saturation effect is negligible (Δ> 2.5 kHz) (57).  According to this model, the ratio of signals 

with and without off-resonance saturation in a pulsed MT experiment can be expressed as 

 
𝑀!
!(𝑊!)

𝑀!
!(𝑊! = 0) ≈

𝑃 + (𝑄 − 1)𝑠𝑊!

𝑃 + 𝑄𝑠𝑊!  [3.8] 

Where 

 𝑃 ≈ 𝑅! −
1− 𝑓 ln cos𝛼

𝑇𝑅 𝑓!! [3.9] 

 𝑄 ≈ 𝑅! −
ln cos𝛼
𝑇𝑅 𝑘!! + 1 [3.10] 

and 𝑊! is the saturation rate of the bound pool scaled by the duty cycle of the saturation pulse  

(s = tm/TR, where tm is the pulse duration).  The saturation rate 𝑊! depends on the offset 

frequency and the flip angle of the saturation pulse and is determined by the parameter T2
B based 

on an appropriate spectral line shape model (typically Super-Lorentzian (44)).  If the data are 

fitted in the form given by Eq. [3.8], the fitting algorithm searches for the optimal parameters P, 

Q, and T2
B regardless of an actual R1.  

The effect of R1 errors on the two-pool model parameters originates from the dependence 

of the coefficients P and Q on R1 (Eqs. [3.9] and [3.10]).  Accordingly, if R1
app is supplied as 

input information, apparent values fapp and kapp will be obtained.  The relationships between the 
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true f and k and their apparent values can be derived from the conditions P(R1
app, fapp)= P(R1, f)  

and Q(R1
app, kapp)= Q(R1, k), which result in the simple recalculation formulas: 

 𝑓 = 𝐶𝑓!"",     𝑘 = 𝐶𝑘!"" [3.11] 

  Where the correction coefficient C is the same for both f and k and depends on TR and 

the flip angle: 

 𝐶 = (𝑅!
!"" − 𝑇𝑅!! ln cos𝛼 )/(𝑅!

!"" − 𝑇𝑅!! ln cos𝛼 + 𝑓!""𝑅!
!"") [3.12] 

The above analysis also suggests that R1 errors should not affect T2
B, since WB is 

independent of R1 (3).  We refer below to the recalculation formulas (Eqs. [3.11] and [3.12]) as 

CRI with 1st order correction.  

  

3.2.3 Standard and Modified CRI Approaches 

 In the original CRI approach (7), reconstruction of parametric maps is performed in two 

stages (figure 3.1).  During the first stage, R1 map is calculated by fitting VFA SPGR data the 

Ernst equation (55).  During the second step, the matrix model of pulsed MT is fitted to MT-

weighted data, while R1 is supplied as an external parameter.  Prior to fit, MT data are 

normalized pixel-wise by an arbitrary reference image typically obtained without saturation.  The 

purpose of this normalization is to reduce the number of free parameters in the fit by excluding a 

multiplicative factor commonly referred to as proton density, which absorbs the effects of spin 

concentration, T2
* decay, and coil sensitivity.  The normalized data are then fitted to the 

corresponding ratio of analytical signal expressions with and without saturation 𝑀!
!(𝑊!)/

𝑀!
!(𝑊! = 0).  As an alternative to the standard CRI approach, we propose a modified CRI 
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(mCRI) reconstruction algorithm to perform a global fit of VFA and MT SPGR data 

simultaneously (figure 3.1).  On the first stage, similarly to the standard CRI approach, the 

normalization procedure is uniformly applied to both VFA and MT data to exclude the common 

proton density term.  Then, the normalized images are simultaneously fitted to the corresponding 

ratios of analytical signal expressions with and without saturation using Eq. [3.1] from this paper 

and Eq. [1] from Ref. (7), respectively.  Accordingly, the global fit simultaneously yields all the 

remaining parameters (R1, f, k, T2
B) and automatically takes into account the cross-relaxation 

contribution into VFA data (figure 3.1).   

 

 

3.3 Materials and Methods 

3.3.1 Simulations 

To estimate errors in the two-pool model parameters caused by the unaccounted bi-

exponential relaxation, synthetic VFA and MT SPGR signal intensities were generated using Eq. 

[3.1] from this paper and Eq. [1] from Ref. (7), respectively.  Then, datasets were fitted using the 

Figure 3.1.  Original CRI and mCRI processing pipelines. 
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original CRI algorithm.  The first-order correction formulas (Eqs. [3.7], [3.11], and [3.12]) were 

also evaluated.  Specific parameters used in the simulations were taken from ROI measurements 

in the genu of corpus callosum (WM) and thalamus (GM) from full mCRI fit of the in vivo data 

presented below: 1) WM: R1 = 0.97s-1; f = 15.36 %; k = 2.70s-1; T2
B = 9.84µs; 2) GM: R1 = 0.71s-

1 ; f = 8.8% ; k = 1.57s-1 ; T2
B = 10.21 µs.  To study the effect of approximations of the 1st order 

correction in realistic the imaging regime, pulse sequence parameters and sampling scheme in 

these simulations corresponded to those used in the in-vivo experiments detailed below.   

 

3.3.2 Phantom Preparation 

Five cross-linked BSA samples (98% bovine serum albumin, essentially fatty acid free, 

Sigma-Aldrich Corp., St. Louis, MO) were prepared with BSA percent weight of 10, 15, 20, 25, 

and 30 as described in (65).  The BSA was dissolved in distilled water and was placed in the ice 

bath for 10 minutes.  Then, 50 µl/ml of an ice-cold 25% glutaraldehyde solution (Sigma-Aldrich 

Corp., St. Louis, MO) were added to the BSA solution while stirring with a syringe needle.  The 

samples were kept at the room temperature for two hours and then stored at 4º C.   

 

3.3.3 Data Acquisition 

Imaging experiments were carried out on a 3.0T GE Discovery MR750 (GE Healthcare; 

Waukesha, WI) using either an eight-channel transmit/receive knee coil (for phantom scans) or 

eight-channel phased array head coil (for a volunteer scan).  All data were acquired with the 3D 

MT-weighted SPGR sequence in a strong spoiling regime (66) (spoiling gradient area AG = 450 

mT·ms/m, RF phase increment 169º).  In the phantom experiment, eight Z-spectroscopic datasets 

were acquired (TR/TE=37/2.3ms, excitation flip angle α=15˚) with the 18 ms Fermi saturation 
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pulse applied at the offset frequencies Δ = 2.5, 10, 18, 26 kHz with two nominal saturation flip 

angles αMT = 850˚ and 1300˚.  Additionally, four VFA SPGR datasets were acquired using the 

same sequence with Δ = 250 kHz to ensure that the transmitter operates with identical gain 

settings (no MT effect is observed at this frequency) and flip angles optimized for the range of T1 

values in the phantoms (α = 6˚, 15˚, 35˚, and 50˚).  The SPGR dataset with the highest signal-to-

noise ratio (α = 15˚) was used as a reference image to normalize both Z-spectroscopic and VFA 

data as explained in the previous section.  All datasets were acquired with FOV 

=140×105×48mm and matrix = 128×96×24.  Single-slice 2D inversion-prepared spin-echo (IR) 

data were collected to determine reference T1 values in the phantoms (TR/TE =5000/8.2ms, TI = 

0.3, 0.5, 0.7, 0.9, 1.2, 1.6, 2s).   

Informed written consent was obtained from a healthy volunteer in accordance with the 

local institutional policy.  Eight Z-spectroscopic datasets were acquired using the same pulse 

sequences (Δ =2.5, 5, 9, 13 kHz, αMT = 500˚, 1100˚, α=10˚).  Four VFA datasets were acquired 

with flip angles α = 5˚, 10˚, 20˚, and 30˚.  The image with α = 10˚ was used as a reference 

dataset.  All Z-spectroscopic and VFA data were acquired with TR/TE = 40/2.0ms, FOV = 

240×180×80mm and matrix = 128×96×42.  The total scan time for this protocol was 35 minutes. 

B0 and B1 maps were used to correct flip angle and local off-resonance frequency values 

in both phantom and volunteer studies.  B1 maps were acquired using the actual flip angle 

imaging (AFI) method (59) (TR1/TR2/TE = 37/185/2.3 ms, α= 55˚, FOV =240×180×80mm, 

matrix = 96×72×28) with the strong spoiling regime.  B0 maps were calculated from the 3D fat-

water separation method known as “iterative decomposition of water and fat with echo 

asymmetry and least squares estimation” (IDEAL) with FOV =240×180×80 mm and matrix = 
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256×256×42 (58).  The scan time for these additional B0 and B1 mapping sequences was 10 

minutes.  

 

3.3.4 Image Processing and Analysis 

The standard CRI processing workflow (figure 3.1) was implemented according to (7,67).  

In mCRI, all parametric maps were generated by fitting the normalized VFA and MT data 

simultaneously as described above (figure 3.1) using in-house-written C and MATLAB 

(MathWorks, Natick, MA) software utilizing a standard “lsqnonlin” function for nonlinear least 

squares voxel-based fitting (http://www.medphysics.wisc.edu/~samsonov/qmap).  All 

quantitative parameters estimated in phantom scans and in-vivo were obtained from parametric 

maps in manually drawn regions-of- interest (ROIs). 

To study the association between BSA content and the bound pool fraction determined by 

different processing approaches, we performed linear regression analysis using the following 

model: 

 𝑓 = 𝛽!×𝐵𝑆𝐴%+ 𝛽! [3.13] 

The strength of anticipated linear relationships was assessed using the Pearson’s 

correlation coefficient.  We additionally tested if the intercept  is significantly different from 

zero (the anticipated value for f at BSA%=0).  Statistical significance of differences between 

parameter measurements by CRI, mCRI, and CRI with the first-order correction was assessed 

using a paired two-tailed t-test.   

 

0β
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3.4 Results 

3.4.1 Simulations 

Table 3.1 shows the systematic errors in the estimated parameters in WM and GM 

obtained from the original CRI method, mCRI, and CRI with the first-order correction.  As 

predicted by the theory, the R1 bias propagates into f and k measurements but does not affect T2
B, 

and it is most prominent for WM.  A major portion of the biases is removed by proposed the 

first-order correction, with R1 and f being corrected most efficiently (<1% residual error).  

 
Original CRI 1st Order Correction 

R1 f k T2
B R1 f k 

WM  16.92% 12.42% 15.20% -0.08% -0.96% -0.42% 2.04% 

GM  8.88% 5.95% 6.46% -0.07% -0.64% -0.24% 0.24% 

 

Figure 3.2 further illustrates the dependence of the biases on the fraction of bound 

protons in WM.  Again, unaccounted bi-exponential relaxation in the SPGR signal model 

introduces a substantial bias into all quantitative MT parameters except for T2
B when estimated 

by the original CRI method.  These errors affect most significantly R1 values, then k and f values.  

They are steadily growing with the bound pool fraction as predicted by Eqs. [3.7] and [3.11].  

The first-order correction (Eqs. [3.11] and [3.12]) removes most of the bias for a wide range of f 

values, while the level of residual errors increases with an increase in f.  The first-order 

correction is less accurate for k values where the residual bias may reach up to ~5% for tissues 

with a higher macromolecular content.   

Table 3.1.  Simulated relative bias in two-pool MT model parameters obtained by the original 
CRI and its first-order correction due to unaccounted bi-exponential relaxation for WM and GM.	
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3.4.2 Phantom Studies 

Figure 3.3 shows estimates of the two-pool MT model parameters in the BSA phantoms 

obtained by the original CRI, mCRI, and CRI with the first-order correction, as well as R1 values 

from the reference IR experiment.  Both mCRI fit and the first-order correction of CRI fit 

provide a good agreement with the reference IR R1 measurements, while the standard VFA 

method results in substantial discrepancy with IR R1 estimates.  The difference between R1 

values measured by the VFA method and IR method increases with BSA concentration as 

predicted by Eq. [3.7] and the simulations (figure 3.2).  

Similarly, the original CRI tends to overestimate bound pool fraction f and cross-

relaxation rate k in the phantoms with a higher concentration of BSA.  Although the first-order 

correction of f provides a good agreement with the mCRI fit for all concentrations, an increase in 
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Figure 3.2.  Relative bias in parameters estimated using original CRI before and after first-
order correction vs. bound pool fraction. The other two-pool model parameters were fixed with 
values corresponding to WM. 
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the macromolecular content leads to a poorer first-order correction for k, as predicted by the 

simulations (figure 3.2).  T2
B is consistent among different concentrations of BSA. 
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Figure 3.3.  Comparison of qMT parameters estimated using original CRI (without and with 
first-order correction) and mCRI in phantoms with different BSA concentrations. a: R1 
measurements. IR R1 values are shown for reference. b–d: f, k, and T2

B measurements, 
respectively. Error bars indicate standard deviations in ROI measurements taken from 
parameter maps. 
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Figure 3.4 and Table 3.2 show results of linear regression analysis of f from phantom 

data.  The bound pool fraction strongly correlates with BSA concentration for both CRI and 

mCRI, though the original CRI estimation lead to a somewhat weaker correlation (Table 3.2).  

The intercept of the fitted line for mCRI and the first-order correction is not significantly 

different from zero, thus reflecting the anticipated absence of the bound proton pool at 0% BSA 

concentration.  At the same time, the intercept of the fitted line for original CRI is significantly 

different from zero and appears in the physically unrealistic range (~ -2.5%). 

 

 

 β0 (p-value) β1 R2 

CRI -2.46e-2 ± 0.18e-3 (<10-4)* 1.02e-2 ± 8.63e-5 0.965 

First Order Correction -0.25e-2 ± 1.31e-3 (0.053) 0.81e-2 ± 6.16e-5 0.972 

mCRI -0.14e-2 ± 1.27e-3 (0.256) 0.80e-2 ± 6.00e-5 0.972 

Table 3.2.  Results of linear regression analysis for bound pool fraction f in BSA phantoms. 

Asterisk (*) indicated that the difference between the intercept of the fitted line and zero is 
statistically significant.   
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Figure 3.4.  Results of linear regression of bound pool fraction values derived by CRI, CRI 
with the first-order correction, and mCRI vs. BSA concentration. Error bars indicate standard 
deviations in ROI measurements taken from parameter maps. 
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3.4.3 In-Vivo Results 

Figure 3.5 compares parametric maps obtained using the mCRI processing approach with 

original CRI and its first-order correction.  Table 3.3 provides quantitative comparisons of qMT 

parameters in several WM and GM regions of interest.  Processing with mCRI resulted in 

structurally similar, but quantitatively different parametric maps. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 3.5.  Parametric MT maps estimated using original CRI and mCRI (a), and errors of 
original CRI and its first-order correction [CRI (1st)] presented as difference maps with respect 
to mCRI (b). Note the consistency between levels of error in individual maps vs. 
macromolecular content as revealed by the bound pool fraction. 
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For all parameters except for T2
B, the error images reveal dependence of the bias on the 

macromolecular content as predicted by simulations and phantom studies.  First-order correction 

efficiently minimizes the errors in f and R1.  However, there is still visible residual error for k 

values after first-order correction, with most appreciable residue in WM regions, which is in 

agreement with simulations and phantom experiments (figures 3.2 and 3.3, Table 3.1).  Statistical 

analysis of ROI data detected significant differences between CRI and mCRI for all parameters 

except for T2
B in gray matter (Table 3.4).  The effect of first-order correction was also significant 

Regions of 
Interest 

mCRI Original CRI 1st Order Correction 

R1 (s-1) f (%) k (s-1) T2
B 

(µs) R1 (s-1) f (%) k (s-1) T2
B 

(µs) R1 (s-1) f (%) k (s-1) 

White Matter            

Cerebral peduncle 0.933 14.81 2.064 11.560 1.088 16.54 2.353 11.556 0.928 14.73 2.097 

Corona radiata 0.894 13.87 1.979 11.731 1.032 15.44 2.247 11.722 0.889 13.87 2.019 

Corpus callosum, 
genu 0.966 15.36 2.702 9.844 1.133 17.28 3.115 9.836 0.959 15.30 2.758 

Corpus callosum, 
splenium 0.942 14.92 2.517 10.197 1.105 16.75 2.890 10.187 0.940 14.90 2.570 

Frontal white 
matter 0.898 13.93 2.161 11.231 1.036 15.49 2.445 11.223 0.892 13.90 2.196 

Internal capsule, 
anterior limb 0.932 13.88 2.327 10.171 1.085 15.52 2.651 10.162 0.934 13.91 2.378 

Internal capsule, 
posterior limb 0.903 15.33 2.048 11.836 1.057 17.20 2.356 11.829 0.896 15.26 2.092 

Middle cerebrallar 
peduncle 0.855 14.28 1.993 10.473 0.999 15.99 2.220 10.443 0.855 14.33 1.990 

Occipital white 
matter 0.924 14.79 1.898 10.628 1.080 16.73 2.198 10.621 0.919 14.89 1.956 

Gray Matter            

Cerebral cortex 0.739 6.6 1.102 9.023 0.781 6.89 1.122 8.987 0.729 6.58 1.072 

Caudate nucleus 0.655 6.42 1.321 9.628 0.702 6.71 1.380 9.619 0.657 6.43 1.322 

Putamen 0.710 7.29 1.432 9.736 0.770 7.66 1.512 9.728 0.714 7.29 1.439 

Substantia nigra 0.788 8.59 1.371 9.817 0.863 9.14 1.462 9.808 0.789 8.59 1.375 

Thalamus 0.707 8.77 1.569 10.208 0.780 9.36 1.682 10.198 0.711 8.8 1.583 

Table 3.3.  In vivo measurements of the two-pool MT model parameters using modified CRI 
(mCRI), original CRI, and CRI with first-order correction. 
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for R1, f, and k.  There were significant differences between mCRI and the first-order correction 

for R1 and k.  These systematic errors as well as bias between mCRI and the first-order correction 

(Table 3.4) are consistent with the estimates predicted in simulations (Table 3.1).  

  

 

 

3.5 Discussion 

MT imaging offers unique sensitivity to macromolecular content in tissues that cannot be 

assessed with conventional MRI.  Accurate modeling of MT processes using the two-pool model 

is essential to yield specific parameters characterizing the macromolecular fraction in both 

normal and pathological conditions.  This study demonstrates on the example of CRI, one of 

qMT methods based on SPGR pulse sequence, that separate treatment of VFA and MT data may 

cause non-negligible systematic errors in both R1 and quantitative MT parameters such as bound 

pool fraction f and cross-relaxation rate k.  Specifically, this type of errors can be characterized 

as overestimation of R1, f, and k with a relative bias comparable with magnitude of f (figure 3.2, 

Tables 3.1, 3.3, and 3.4).  As the effect of the MT-induced bi-exponential longitudinal relaxation 

on the parameter estimates strongly depends on the macromolecular content in tissues (figure 

3.2), the original CRI method and other qMT analysis techniques that do not take into account 

this effect may make interpretation of quantitative parameters inconsistent for different tissues 

types in different pathological conditions.  It is also important to emphasize that apparent R1 

 
CRI 1st Order Correction 

R1 f k T2
B R1 f k 

WM  15.33% 11.34% 13.21% 0.09% -0.41% -0.06% 1.85% 

GM  7.94% 5.39% 5.2% 0.15% 0.03% 0.05% 0.06% 

Table 3.4.  Average relative bias between mCRI and CRI without and with first-order correction 
calculated from in vivo ROI measurements (Table 3).  Bold font indicates significantly different 
results (p<0.05). 
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values obtained from the standard single-compartment VFA technique are biased proportionally 

to f, and, hence, represent non-specific measures containing contributions from both intrinsic T1 

relaxation properties of water protons in tissues and cross-relaxation.   

We demonstrated that the accuracy of CRI estimates could be noticeably improved with 

the proposed combined data fit algorithm.  Our modified CRI (mCRI) data processing approach 

does not require any additional measurements, thus maintaining the same time-efficiency as the 

original CRI technique.  The mCRI method yields unbiased VFA R1 estimation, resulting in a 

decrease in R1 values by approximately 15% in WM and 8% in GM (Tables 3.3 and 3.4), which 

agrees well with the bias predicted earlier (62).  In addition to the modified CRI fit, we have 

proposed simple analytical first-order approximated correction formulas allowing recalculation 

of original CRI-based parameters.  The residual bias of such correction was shown both 

theoretically and experimentally to increase with macromolecular content due to violation of the 

first-order approximation.  It may reach about 2% for k and 1% for f and R1 in the ranges of 

physiologically reasonable values for brain tissues.  Nevertheless, first-order correction 

employed as a simple post-processing step in the original CRI processing pipeline (figure 3.1) 

may be a valid alternative to mCRI when either faster processing is required or previously 

computed parameter values need to be refined.  Since the residual error after first-order 

correction increases with f, care must be taken when applying this approach to tissues with a 

markedly high macromolecular content.  Additionally, a combination of either mCRI fit or the 

first-order correction with the recent single-point CRI technique (9) provides a promising 

approach for fast and unbiased estimation of water proton R1 values within the VFA method 

(68).  Finally, it should be pointed out that other sources of bias in the VFA method need to be 

eliminated in conjunction with the proposed methodology, similar to the procedures described in 
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this study.  Practically, VFA R1 mapping should be performed with a 3D sequence providing a 

uniform slab profile, B1 correction, and appropriate spoiling conditions (65,66).  

The described analysis and correction methods have several potential limitations.  One is 

the fundamental limitation of the two-pool model for accurate description of multiple exchanging 

compartments in biological tissues (47,69).  Another is a specific assumption about the 

longitudinal relaxation rate of the bound pool R1
B.  Particularly, a recent study (51) demonstrated 

that widely adapted approximations 𝑅!! = 1𝑠!!  (1,2) or 𝑅!! = 𝑅!!  (3,9) may considerably 

underestimate actual values of this parameter.  Accordingly, this may cause an additional bias in 

the two-pool model parameters obtained using all qMT techniques based on the above 

assumptions about 𝑅!!.  However, it remains unclear at this point whether a faster longitudinal 

relaxation rate of the bound pool is an intrinsic property of macromolecular protons or a 

manifestation of more complex equilibriums involving water proton fractions with different 

mobility.  The later hypothesis is logical in view of a shorter T1 found for the short-T2 water 

fraction commonly termed “myelin water” (33,35,47,70,71).  Yet another limitation is the 

assumption about a negligible effect of the excitation pulse on the bound pool.  This 

approximation is common for off-resonance pulsed quantitative MT methods employing low-

angle excitation pulses (2-4,7,9), which cause negligible on-resonance saturation of the bound 

pool magnetization.  However, as was shown earlier (63), the effect of on-resonance saturation 

should be taken into account for sequences with very short TR and high flip angles, the 

conditions typical for balanced steady state precession (bSSFP) imaging.  In the two-pool 

formalism with pulsed excitation (Eq. [3.1]), on-resonance saturation of the bound pool can be 

taken into account by assigning an actual saturation factor Sb<1 in the diagonal matrix C.  

Corresponding Sb values can be estimated from the properties of the excitation pulse (duration 
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and flip angle) and a spectral line shape of the bound pool (8,60).  Based on this approach, we 

found for a particular pulse used in our sequence that on-resonance saturation of the bound pool 

results in an almost negligible effect on the accuracy of the two-pool model parameters 

determined by mCRI (<1% relative error for comparison between fits with actual Sb vs. Sb =1).  

However, this aspect of the technique could be important in the context of its standardization for 

future multi-center clinical studies since variations in the shape, duration, and flip angle of the 

excitation pulse may introduce a small but non-negligible bias dependent on a particular 

sequence implementation. Similarly, the approximation of the effect of the excitation pulse on 

the free pool by the term cos𝛼 in the matrix C (Eq. [3.1]) may not be absolutely correct due to 

relaxation during RF pulses of finite duration.  Such an effect has been recently described (72), 

and its role for both VFA R1 and CRI parameter measurements remains to be investigated.  In 

summary, while this study relies on the commonly accepted in the quantitative MT methodology 

approximations, future refinements of CRI accuracy seem to be possible based on 

accommodation of multi-compartment magnetization exchange schemes and a more rigorous 

analysis of magnetization dynamics during RF pulses.  
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3.6 Conclusions 

This study demonstrates on the example of CRI that the accuracy of quantitative MT 

imaging can be considerably improved by taking into account the contribution of bi-exponential 

longitudinal relaxation into VFA R1 measurements.  We have developed the two technical 

approaches allowing correction of biases in CRI parameter estimates caused by the MT-induced 

bi-exponential behavior of longitudinal relaxation of water spins based on either the global fit of 

both VFA and MT SPGR data to the two-pool signal model or the simple analytical recalculation 

formulas for key cross-relaxation parameters.  While the choice between these techniques 

depends on a tradeoff between the correction accuracy and image processing speed, both 

approaches do not require extra data compared to the original CRI method. 
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Chapter 4: Rapid and Accurate Bound Pool Fraction (f ) and T1 

Mapping 
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4.1 Introduction 

Several studies have found a strong association between bound pool fraction (f) and the 

myelin content in neural tissues (13-15,17,73-75).  In previous chapters, we demonstrated cross-

relaxation imaging method (7) to estimate f and other parameters of a two-pool MT model and 

showed the method to correct the biases in CRI parameters and R1 (1/T1) estimation caused by 

on-resonance MT effect (53).  

Furthermore, variable flip angle (VFA) acquisition using spoiled gradient echo (SPGR) 

(55,76) has become a widely accepted approach for fast high resolution mapping of longitudinal 

relaxation rate R1=1/T1.  However, recent studies have shown that magnetization transfer (MT) 

between free and bound protons due to the application of an on-resonance excitation pulses 

causes a significant bias in steady state MR signal in tissues with natural abundance of 

macromolecular content (53,63).  Ou et al. predict up to 14% error in white matter (WM) VFA 

T1 values (62), an effect comparable to white matter T1 changes observed in multiple sclerosis 

(77).  Explicit consideration of a two-pool MT model in VFA experiments may improve the 

accuracy of T1 estimation (53,62).  However, due to very low sensitivity of the modified VFA 

signal model to parameters of the two pool MT model such as bound pool fraction (f), cross-

relaxation rate (k), transverse relaxation times of the bound pool T2
B, and free pool T2

F, the 

feasibility of MT-corrected in vivo T1 mapping using VFA measurements only is limited.  Cross-

relaxation imaging (CRI) provides a convenient framework to model the effect of both off-

resonance MT and on-resonance excitation pulses on bound and free proton pools (7).  It was 

recently demonstrated that combination of VFA and pulsed MT-weighted SPGR measurements 

within modified CRI (mCRI) framework might be used to remove bias due to on-resonance MT 

in both VFA R1 values and two-pool MT parameters (53).  However, this approach requires 
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augmenting VFA measurements with multiple MT acquisitions (more than 4) to allow estimation 

of the full set of parameters.   

Here, we demonstrate a method to obtain accurate f and T1 maps of clinical quality; using 

a standard set of VFA datasets augmented with just a single off-resonance MT-weighted SPGR 

scan. 

 

4.2 Theory 

The theory of pulsed MT was comprehensively described in chapter 2.  In summary, the 

longitudinal magnetization in the pulsed steady state derived for SPGR sequence with MT pulse 

for two-pool MT model can be expressed as:  

 𝐌𝐳 = 𝐈− 𝐄𝐬𝐄𝐦𝐄𝐫𝐂 !!( 𝐄𝐬𝐄𝐦 𝐈− 𝐄𝐫 + 𝐈− 𝐄𝐬 𝐌𝐞𝐪 + 𝐄𝐬 𝐈− 𝐄𝐦 𝐌𝐬𝐬) [4.1] 

The above equation is used to estimate the parameters (PD, T1, f, k, T2
B, T2

F) of two-pool 

model from several SPGR data without and with MT pulse at different offset frequency (Δ) and 

MT pulse power (𝛼!").  To target this approach for fast f and T1 mapping, we simplify the full 

model by constraining some of the parameters (k, T2
B, T2

F) of two-pool model for brain proposed 

by previous studies (9,13).  Estimating of 𝑇!! can be obtained using the fact that the product of 

𝑇!!𝑅!! is pretty constant in brain tissues and it’s approximately 0.022 at 3.0T.  It was shown that 

the reverse constant rate (R) could be fixed to 19.0 s-1 within tissue as tissue-dependent 

variability R is much smaller compared to the other parameters of two-pool MT model, which 

makes the forward rate constant k constrained. 

 𝑅 = 𝑘(1− 𝑓)/𝑓 [4.2] 
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Another parameter that can be constrained in brain is T2
B, which is shown to be less 

variable within the whole brain and the average-brain T2
B is 10 µs.  The specific values of these 

fixed parameters are listed in the literature from different ROIs of brain (7,9,13,67), but the 

choice of MT measurement is important to preserve the accuracy and precision of f and T1 

estimation.  

The sensitivity analysis of pulsed z-spectra in white matter, gray matter, and MS lesion 

has been demonstrated by (9) to examine the effect of two-pool MT parameters on the signal 

across the range of Δ and 𝛼!", where the relative sensitivities are defined as:  

 𝑠! =
!!!
!"

!
!!

,        where  𝑝 ≡ 𝑓,𝑅,𝑇!! ,𝑇!! [4.3] 

Which shows the percentage change in the signal caused by a percentage change of each 

parameter.  Therefore, if the sensitivity to a particular parameter is low then we could use this 

knowledge for model reduction.   

It has been shown that the sensitivity to f has the largest value compared to the other 

parameters of two-pool model, and the sensitivity to the other parameters (𝑅,𝑇!! ,𝑇!!) has its 

minimum value in ranges Δ = 4-7kHz, and 𝛼!" = 600°-900° (9). 

 

4.3 Simulation 

Furthermore, we run simulations to identify the ranges of an offset frequency and an MT 

flip angle of a VFA-augmenting MT scan for which the effect of such constraints on accuracy of 

T1 and f is minimal.  Figure 4.1 illustrates the effect of two-pool MT model parameters on 
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observable T1 values when calculated using standard VFA method.  The error in T1 increases 

almost linearly with f for typical values of k observed in neural tissues (>1) and hence is 

expected to be most biased in macromolecular-rich tissues such as white matter.  The sensitivity 

of T1 to T2
B was negligible.   

 

 

 

 

 

 

 

 

 

Figure 4.2 shows the effect of off-resonance frequency and MT flip angle of a VFA-

augmenting MT scan on the average loss in R1 and f for the proposed simultaneous constrained 

estimation of these parameters.  Similar to observations in [7], there is a range of Δ and MT flip 

angle with low sensitivity to the fixed parameters (Δ=4-6kHz, αMT=400-600˚).  

 

0
10

15
20

1
2

3
4

     5

 10

   15

 20

Bound Pool Fraction (%)

Error in T1(%)

Exchange Rate (1/s)
     5

Figure 4.1.  Error of VFA T1 values vs. quantitative MT parameters f and k. The error in T1 
increases almost linearly with f for typical values of k observed in neural tissues. 
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4.4 Rapid and Accurate T1 Mapping 

Accurate estimation of T1 values from VFA measurements requires consideration of 

magnetization transfer effects, which may introduce T1 bias roughly proportional to the 

macromolecular content.  The fast T1 correction protocol (VFA-MT) requires a single MT scan 

in addition to regular VFA measurements for accurate T1 mapping. 

 

4.4.1 Phantom Experiment  

The proposed method was applied to correct T1 mapping in the 25% gelatin phantom 

(f≈4%).  Phantom protocol included acquisition of 3D VFA data α = [7, 15, 35, 50]˚ and MT 

SPGR data (α = 15˚, offset Δ  = 2.5, 5, 9, 13 kHz, αMT = [850,1300]˚, 18ms Fermi pulse, 

120×120×88mm FOV, 128×128×44 matrix, TR/TE=37/2.3ms).  Single-slice, 2D inversion-

prepared spin-echo (IR) data was collected to determine a reference T1 value in the phantom 

(TR/TE=5000/8.2ms, TI = 0.05, 0.1, 0.2, 0.3, 0.5, 0.7, 0.9, 1.2, 1.6, 2s).  Examination of mean 

phantom T1 values obtained with full mCRI (12 measurements), proposed constrained VFA-MT 

(3 measurements) and VFA (2 measurements) confirmed that both full mCRI and VFA-MT 

Figure 4.2.  Dependence of error in estimation of R1=1/T1 (left) and f (right) due to 
constraining vs. offset frequency and MT flip angle for proposed 3-point protocol. We have 
lowest error in R1 and f estimation in the ranges of Δ = 4-6kHz, αMT = 400-600˚. 
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provide excellent agreement with the reference IR T1 measurement (figure 4.3).  At the same 

time, VFA T1 was biased by approximately f, which is consistent with simulations in figure 4.1. 

 
 
 
 
 
 
 
 
 
 

 

 

4.4.2 In Vivo Experiment 

Volunteer brain data included 3D VFA (α = [5, 10, 20, 30]˚) and MT SPGR (α = 10˚, 

Δ=2.5, 5, 9, 13 kHz, αMT = [500,1100]˚, 18ms Fermi pulse, 240×180×80mm FOV, 128×96×40 

matrix, TR/TE=40/2.0ms).  The reference MT-corrected T1 maps were obtained by simultaneous 

fit of all VFA and all MT data to the modified CRI model.  Figure 4.4 reveals that there is a 

visible bias in T1 map obtained with regular VFA compared to T1 maps obtained with on-

resonance MT effect correction.  The MT-corrected values (T1WM=1050±25, T1GM=1537±25) 

agree well with literature (78) (T1WM≈1060, T1GM≈1630), while VFA underestimated them 

(T1WM=931±34, T1GM=1462±28).  
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Figure 4.3.  Phantom T1 values calculated by different methods. Both mCRI and proposed 3-
point method provide excellent agreement with the reference IR T1 measurement. 
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The whole brain T1 histograms (figure 4.5) show excellent correlation between reference 

mCRI values and proposed 3-point VFA-MT approach.  The method corrected VFA T1 values by 

11.5% in WM and 6.2% in GM, which agrees well with the bias predicted by (62).   

 

 

4.5 High Resolution and Rapid f And T1 Mapping 

The presented approach is promising for fast high-resolution whole brain f and T1 

mapping within clinically acceptable scan times.  The original mCRI protocol was using 12 

measurements (4 SPGR and 8 MT-weighted SPGR) to estimate all parameters of two-pool 

Figure 4.5.  Brain T1 histograms from different methods. There is a great correlation in T1 
estimation between full mCRI and constrained. 

c b a 
0.0 

2.5 

3.0 

2.0 
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Figure 4.4.  In vivo T1 maps estimated by full mCRI (a), 3-point VFA-mCRI (b), and VFA (c). 
There is a visible bias in T1 map obtained with regular VFA compared to T1 maps obtained 
with on-resonance MT effect correction. 
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model.  The total scan time with this protocol is about 40 minutes at 2×2×2 mm3 resolution.  

With new proposed 3-point constrained method, we can correctly estimate f and T1 of the brain 

using 3 measurements (2 SPGR and one MT-weighted SPGR) in 20 minutes at 1×1×2 mm3.  

Figure 4.6 shows the results of brain f and T1 mapping using the full mCRI protocol and 

the new 3-point constrained method from separate scan of the same volunteer.    

 

	
  Furthermore, the 3-point constraint protocol can even get faster using parallel MRI.  We 

recently, acquire high-resolution (1.3×1.3×1.3 mm3) sagittal brain f and T1 in 15 minutes, which 

makes this protocol clinically convenient (figure 4.7). 

High-Resolution Constrained mCRI Low-Resolution Full mCRI 

f T1 f T1 

Figure 4.6.  Brain f and T1 maps generated by different methods. Using 3-point constrained 
mCRI method we can acquire 4 times higher resolution f and T1 maps in half the scan time 
compared to full mCRI method.  

Figure 4.7.  Brain PD (a), T1 (b), and f (c) maps generated by 3-point mCRI method using 
parallel MRI in 15 minutes.  

a b c 
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4.6 Discussion  

Accurate estimation of f and T1 values requires consideration of magnetization transfer 

effects, which may introduce T1 bias roughly proportional to the macromolecular content.  The 

optimized fast f and T1 correction protocol developed in this work (VFA-MT) requires a single 

MT scan in addition to regular VFA measurements for accurate T1 mapping.  Our results show 

that accuracy of the original CRI approach is improved with the proposed combined data fit, 

which accounts for MT effects on the apparent T1.  In brain imaging, the method corrected VFA 

T1 values by 13% in WM and 5% in GM, which agrees well with the bias predicted by (62).  The 

presented approach is promising for fast high-resolution whole brain f and T1 mapping with 

correction of MT effects within clinically acceptable scan times (~15 minutes).  
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Chapter 5: Modeling and Minimization the Effects of a Non-

Exchanging Water Component in Quantitative 

Magnetization Transfer Imaging 
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5.1 Introduction 

Multiple sclerosis (MS) is a chronic demyelinating disease that affects both the gray 

matter and white matter of central nervous system.  Recently, it has been shown different 

pathological abnormalities in the gray matter of MS patients such as hypo-metabolism (79), 

atrophy (80,81), direct plaque formation (82),  depletion of neuronal metabolites (80),  and 

change in imaging parameters such as reduced MTR (83-85),  increased diffusivity (86),  and T2 

hypo-intensity (87).  This demonstrates MS as a whole brain disease in which gray matter 

involvement has been identified pathologically and through imaging (79-85,88-95).  Therefore, 

there is a need to correctly characterize the changes in GM due to disease process. 

Magnetization transfer (MT) imaging provides essential information about tissue 

microstructure due to its sensitivity to immobile macromolecular protons not detectable by 

conventional MRI.  MT imaging including both semi-quantitative, MT ratio (MTR), and 

quantitative (qMT) approaches serve as natural indicators of tissue microstructural properties 

such as myelination level in both gray and white matter structures.  Various methods have been 

proposed to quantify the MT effect in tissue (2,3,6,7).  Such quantitative MT (qMT) imaging 

methods provide unique parameters sensitive to macromolecular tissue composition, which is 

useful for assessing pathological tissue conditions (13,17). 

The majority of in vivo qMT imaging methods are based on a two-pool model, in which 

macromolecular protons (bound pool) are assumed in exchange with free water protons (free 

pool).  The two-pool MT model often provides a reasonable tradeoff between accuracy of 

complex MT models (96) and feasibility of in vivo application (47), and this two-pool model is a 

good approximation for homogenous tissue with no partial volume effect (PVE) with non-

exchanging or very slow exchanging components such as cerebrospinal fluid (CSF).   
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Its applications to cortical GM characterization, however, have to take into account 

additional factors pertinent to anatomical organization of cortical GM such as partial volume 

effect with CSF, the significant confounder in many quantitative MRI techniques (97-99).  

Therefore, a better characterization of CSF contamination effects in different cortical regions is 

required in order to disentangle actual changes in microstructure of GM itself from changes due 

to other effects such as macroscopic morphological changes (97).  However, at typical MRI 

resolutions, the two-pool model is inadequate to describe the signal behavior with partial volume 

effect with non-exchanging compartments.  The presence of these non-exchanging or very 

slowly exchanging compartments will underestimate key qMT parameters, especially in gray 

matter (GM) where significant CSF partial volume voxels exists (98,99).   

To minimize partial volume effects in qMT measurements, we propose an extended MT 

model where a two-pool MT subsystem is augmented by a third non-exchanging and very slowly 

exchanging (NE) pool.  We compare the accuracy and precision of the three-pool model to the 

two-pool model through numerical simulation, and we validate the three-pool model in phantom 

experiment and in vivo study. 

 

5.2 Theory 

5.2.1 Cross-Relaxation Imaging 

The theory of pulsed MT effect on the two-pool MT model has been described previously 

(3,7,53).  In summary, the vector of longitudinal steady state magnetizations of the SPGR 

acquisition in the presence of an off-resonance saturation radio frequency (RF) pulse can be 

shown in the following matrix format:  
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 𝐌𝐳 = 𝐈− 𝐄𝐬𝐄𝐦𝐄𝐫𝐂 !!( 𝐄𝐬𝐄𝐦 𝐈− 𝐄𝐫 + 𝐈− 𝐄𝐬 𝐌𝐞𝐪 + 𝐄𝐬 𝐈− 𝐄𝐦 𝐌𝐬𝐬) [5.1] 

Where 𝐌𝐳 = 𝑀!
!     𝑀!

! !  , 𝑀!
! , 𝑀!

!  are longitudinal magnetizations of free and bound 

protons, respectively; 𝐈  is the identity;   𝐄𝐦 = exp  ( 𝐑+𝐖 𝑡!)   describes off-resonance 

saturation by the pulse with duration 𝑡! ; 𝐄𝐬 = exp  (𝐑𝑡!)  and 𝐄𝐫 = exp  (𝐑𝑡!)  describe 

longitudinal relaxations during delays before (𝑡! ) and after (𝑡! ) the excitation pulse; 𝐂 =

diag  (𝑆! , 𝑆!) , where 𝑆! = cos  (𝛼) , 𝑆! = 1  describe the attenuation of longitudinal 

magnetizations of free and bound protons by the on-resonance excitation pulse with the flip 

angle 𝛼, respectively; 𝐌𝐞𝐪 and 𝐌𝐬𝐬 are the vectors of equilibrium and steady-state longitudinal 

magnetization, and 𝐑 and 𝐖 are matrices of longitudinal relaxation and saturation defined as 

follows: 

 𝐌𝐞𝐪 =
1− 𝑓
𝑓  𝐌𝐬𝐬 =

1
𝐷
(1− 𝑓)(𝐴 + 𝑅!!𝑊!)
𝑓(𝐴 + 𝑅!!𝑊!)

 

[5.2] 

 𝐑 = −𝑅!! − 𝑘 𝑘(1− 𝑓)/𝑓
𝑘 −𝑅!! − 𝑘(1− 𝑓)/𝑓

 𝐖 = −diag  (𝑊! ,𝑊!) 

Where  

 𝐴 = 𝑅!!𝑅!! + 𝑅!!(1− 𝑓)/𝑓 + 𝑅!!𝑘 [5.3] 

 𝐷 = 𝐴 + 𝑅!! + 𝑘 𝑊! + (𝑅!! + 𝑘(1− 𝑓)/𝑓)𝑊! +𝑊!𝑊! [5.4] 

𝑅!! and 𝑅!! are the longitudinal relaxation rate of free and bound spins, respectively; the 

effective saturation rates of the pools 𝑊!and 𝑊!are calculated from the absorption line-shapes 

of the pools 𝑔!,!(Δ,𝑇!
!,!)  and the root-mean-square amplitude of saturation pulse 𝜔!!"# 

averaged over the pulse duration as follows: 
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 𝑊!,! = 𝜋𝜔!!"#! 𝑔!,!(Δ,𝑇!
!,!) [5.5] 

Where absorption line-shape of the free and bound pools 𝑔!,!(Δ,𝑇!
!,!) are defined by the 

Lorentzian and Super-Lorentzian (or Gaussian for non-biological sample) functions, respectively 

(44,54).  

Therefore, a general form of the SPGR signal for a two-pool MT model with and without 

MT saturation  (𝑆!"!!" ,	
  𝑆!"!!"") can be expressed as: 

 𝑆!"!!" = 𝑃𝐷×𝑀!
! sin𝛼 [5.6] 

 𝑆!"!!"" = 𝑃𝐷×𝑀!
!(𝑊! = 0,𝑊! = 0) sin𝛼 [5.7] 

Where α is excitation flip angle and PD consists of the spin density, instrumental scaling, 

and the effect of T2
* decay. 

 

5.2.2 Enhanced 3-pool mCRI Model 

The outline of image processing has been previously proposed by the modified cross-relaxation 

imaging (mCRI) approach (7,53).  This approach acquires SPGR data with varying excitation 

flip angles (𝛼) (VFA) and MT-weighted SPGR data with several combinations of off-resonance 

frequencies (Δ) and powers (𝛼!") of MT saturation pulse, which are fit simultaneously to the 

following signal model to yield bound pool fraction f, longitudinal relaxation rate R1
F, cross-

relaxation rate k, transverse relaxation time of the bound pool T2
B, and proton density term PD.  

Therefore, the signal equation can be derived from Eq. [5.6] in the unified format: 

 𝑠 = 𝑆!,!,!!"
!" (𝑃𝐷,𝑅!!, 𝑓, 𝑘,𝑇!!) [5.8] 
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In the absence of direct saturation due to off-resonance irradiation (Δ>2.5 kHz) (57), the 

signal from NE pool is independent of Δ and 𝛼!" and may be described by a standard single 

pool SPGR signal equation.  As a result, the compartment contributes to the total signal in 

additive fashion:  

 𝑠 = 𝑆!,!,!!"
!" 𝑃𝐷,𝑅!!, 𝑓, 𝑘,𝑇!! + 𝑆!!"#$ 𝑃𝐷!",𝑅!!"  [5.9] 

Where PDE =PDF+PDB, R1
F, PDNE, and R1

NE are proton density and longitudinal 

relaxation rate of exchanging subsystem and non-exchanging pool, and the SPGR signal for non-

exchanging component is defined by 

 𝑆! = 𝑃𝐷
1− exp  (−𝑅!𝑇𝑅)

1− cos𝛼 exp  (−𝑅!𝑇𝑅)
sin𝛼 [5.10] 

The resulting NE-mCRI method fits an extended set of VFA and MT measurements to 

the signal equation to yield all seven parameters describing both exchanging subsystem and non-

exchanging pool (figure 5.1).  The acquisition protocol consists of acquisition of SPGR data with 

varying excitation flip angles (𝛼) (VFA) and MT-weighted VFA SPGR data with several 

combinations of off-resonance frequencies (Δ) and powers (𝛼!") of MT saturation pulse.  These 

data are fit simultaneously to the unified signal model as described in Eq. [5.9]. 
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5.3 Materials and Methods 

5.3.1 Simulations 

To estimate errors in the two-pool model parameters and MTR caused by unaccounted 

partial volume with the non-exchanging component especially in GM, synthetic VFA and MT 

SPGR signal intensities were generated using the three-pool model (figure 5.1) and equation 

[5.9] with the pulse sequence parameters of the in vivo study, then the dataset were fit by 

standard two-pool mCRI model (53).  Specific parameters used in the simulation were taken 

from region-of-interest (ROI) measurements in the thalamus (GM) from (53) (R1 = 0.71s-1; f = 

8.8%; k = 1.57s-1; T2
B = 10.21 µs). 

Additional numerical simulations were used to compare the accuracy and precision in 

fitting both two-pool and three-pool models over the range of experimental conditions. 

Theoretical data were generated using the three-pool model (figure 5.1) and equation [5.9] for 

the range of brain bound pool fraction f (%) = (2, 4, 6, 8, 10, 12, 14, 16, 18, and 20) in the 

f=MB/(MF+MB) 

Free Pool Bound Pool NE Pool 
MNE,R1

NE MF, R1
F 

 
MB, R1

B 

 MT 

R=k(1-f)/f 

fNE=MNE/(MF+MB+MNE) 

Saturated Spins 

Aligned Spins 

Figure 5.1. Proposed Three-Pool Model. There is a magnetization exchange within exchanging 
compartment (free pool and bound pool) while there is no magnetization exchange between 
non-exchanging pool and the exchanging component. 
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presence of different amount of non-exchanging fraction NEf = (0, 0.05, 0.10, 0.15, 0.20, 0.25, 

0.30, 0.35, 0.40, 0.45, and 0.50).  This provided a 10×11 bound pool fraction (f) vs. non-

exchanging fraction (NEf) grid.  For each simulation, 10,000 signals were generated from 

theoretical data with Gaussian-distributed additive noise.  Then, the parameters of each model 

were estimated by fitting the synthetic data to both two-pool and three-pool models. 

 

5.3.2 Data Acquisition 

Imaging experiments were carried out on a 3.0T GE Discovery MR750 (GE Healthcare; 

Waukesha, WI) using either an eight-channel transmit/receive knee coil (phantom scans) or 

eight-channel phased array head coil (volunteer scan).  All data were acquired with the 3D MT-

weighted SPGR sequence in a strong spoiling regime (66) (spoiling gradient area AG5450 

mT.ms/m, RF phase increment 169°).  The appropriate experimental design was first determined 

using Monte-Carlo simulations for both phantom and in-vivo experiments.  B0 and B1 maps were 

used to correct flip angle and local off-resonance frequency values in both phantom and 

volunteer studies.  B1 maps were acquired using the optimized actual flip angle imaging (AFI) 

method (TR,1/TR,2/TE = 37/185/2.3 ms and α= 55˚, strong spoiling regime) (59).  B0 maps were 

calculated from the 3D spoiled multi-gradient echo (SPGR) sequence and calculated using 

IDEAL technique (58).  
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5.3.3 Phantom Experiment 

25% gelatin phantom was scanned in tilted position in respect to the imaging plane to 

introduce partial volume effect from surrounding water varying along the phantom axis.  Z-

spectroscopic datasets were acquired using a 3D MT-weighted SPGR sequence with 18 ms - 

Fermi saturation pulse with different excitation flip angle α and the combination of offset 

frequencies Δ and effective MT flip angles αMT (α=19˚, Δ=2.5,5,9,13kHz, αMT=[800,1300]˚) and 

(α=[3,7,40]˚, Δ=2.5,13 kHz, αMT =[800,1300]˚).  Additionally, four VFA SPGR datasets were 

acquired using the same sequence with Δ = 250 kHz (no MT effect at this frequency) and flip 

angles α= 3˚, 7˚, 19˚, and 40˚.  The subset of data at α=7˚, Δ=2.5 kHz, αMT=1300˚ and 

corresponding SPGR dataset was used to calculate MTR.  All datasets were acquired with 

TR/TE=37/2.3ms, FOV =140×140×60mm and matrix = 128×128×20. 

 

5.3.4 In-vivo Experiment (Standard Protocol) 

The standard mCRI protocol is used in healthy volunteer experiments.  Z-spectroscopic 

datasets were acquired using 18 ms - Fermi saturation pulse (Δ = 2.5, 5, 9, 13 kHz, αMT = 500˚, 

1100˚, α=10˚) and (α=[5,20,30]˚, Δ=2.5 kHz, αMT =[785]˚).  Four VFA data were acquired with 

flip angles α= 5˚, 10˚, 20˚, and 30˚.  All Z-spectroscopic and VFA data were acquired with 

TR/TE=40/2.0ms, FOV =240×180×80mm and matrix = 128×96×40. 

 

5.3.5 In-vivo Experiment (Optimized Protocol) 

The optimized qMT design was determined using Monte-Carlo simulations with less 

number of measurements.  In order to introduce more partial volume with non-exchanging 

component and better appreciate the effect of partial volume with non-exchanging component 
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the slice thickness was doubled to 4mm.  Five z-spectroscopic datasets were acquired using 18 

ms - Fermi saturation pulse (Δ/αMT/α  = 2 kHz/ 1170˚/ 4˚, 2 kHz/ 1170˚/ 14˚, 2 kHz/ 1170˚/ 26˚, 2 

kHz/ 600˚/ 14˚, 8kHz / 1170˚/ 14˚) with TR/TE=40/2.0ms.  Three VFA data were acquired with 

flip angles α= 4˚, 14˚, and 26˚ with TR/TE=23/2.0ms.  All Z-spectroscopic and VFA data were 

acquired with FOV =220×220×176mm and matrix = 150×150×44. 

 

5.3.6 Image Processing 

All parametric maps were generated by fitting the VFA and MT data simultaneously to 

the general signal equation based on the two-pool (Eq. [5.8]) and three-pool (Eq. [5.9]) models 

using in-house-written C and MATLAB (MathWorks, Natick, MA) software utilizing a standard 

“lsqnonlin” function for nonlinear squares voxel-based fitting. 

 

5.4 Results 

5.4.1 Simulations 

Figure 5.2 illustrates the level of errors of estimated parameters in gray matter with 

partial volume effect with non-exchanging component using two-pool model.   

As expected, partial volume effect with the non-exchanging component progressively 

decreases apparent estimates of all qMT parameters and MTR.  The effect of non-exchanging 

component on k is higher than f, MTR, and T2
B.  MTR and f have almost the same level of error in 

the presence of non-exchanging component while T2
B is less sensitive to the presence of non-

exchanging component.  In contrast, as hoped, NE-mCRI corrects partial volume effect errors in 

all qMT parameters (f, k, and T2
B). 
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Figure 5.3 shows the estimated bound pool fraction across the range of f and NEf values 

for both mCRI (two-pool model) and NE-mCRI (three-pool model) methods.  As expected, 

mCRI method increasingly underestimates the bound pool fraction as the NEf increases, while 

NE-mCRI method correctly estimates the bound pool fraction for the range of NEf, which can be 

appreciated by the uniform bound pool fraction estimated for each f for the range of NEf (across 

each column). Also this figure contains histograms showing the distribution of the fitted bound 

pool fraction and non-exchanging fraction for 10,000 simulation realizations for the case of f = 

10% and NEf = 25%. The results show Gaussian distributions for each parameter, centered about 

the “true” value, suggesting that the algorithm is converging to the same solution repeatedly. 
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Figure 5.2. Percent error in estimation of MT parameters in the presence of Non-Exchanging 
pool from numerical simulation. 
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5.4.2 Phantom Experiment 

Figure 5.4 shows MTR and estimated parameters using mCRI and NE-mCRI in the 

gelatin phantom along the line profile.  The NE water fraction estimated by NE-mCRI follows 

the expected linear dependence along the tilted phantom.  These changes are accompanied by 

Figure 5.3. Numerical simulation results. a) Comparing mCRI and NE-mCRI models in 
estimation of the range of bound pool fraction (f) in the presence of non-exchanging 
component. b) Histogram of estimated bound pool fraction (f ) and non-exchanging fraction 
(NEf) for the case of f = 10% and NEf = 25% and mean and standard deviation of estimated 
parameters [Mean(Std. Dev.)]. 

mCRI (2 Pool) NE-mCRI (3 Pool) a 

b Estimated Bound Pool Fraction (f) Estimated Non-Exchanging Fraction (NEf) 

f (%) NEf (%) 

10.0 25.0 
10.01 (0.30) 25.07 (1.46) 
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decrease of MTR and f estimated by standard two-pool model mCRI.  NE-mCRI estimate of f 

shows much less variability along the phantom reflecting uniform composition of MT phantom 

rather than macroscopic partial volume. 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 5.4.  a: Estimated non-exchanging PVE component with line profile (red) used to track 
parameters in b,c,d.  b,c,d: MTR, f, and NE (PV) fractions, respectively.   

a b c d MTR f (%) NE-fraction (%) 

f  (mCRI) f  (NE-mCRI) Ratio 

Figure 5.5. a, b: MRI raw image at different plane, white arrow shows the slice shown in 
quantitative maps. c: Bound pool fraction (f) estimated from different methods. d: The ratio of 
bound pool fraction maps (fmCRI/fNE-mCRI) maps shows underestimation of mCRI (two-pool 
model) in peripheral regions of phantoms. The phantom container is masked out in the 
quantitative maps. 

a b c 

d 
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Figure 5.5 shows the bound pool fraction maps estimated with mCRI and NE-mCRI 

along with the MRI raw image to show the position of phantom and the corresponding slice from 

the volume.  In order to better appreciate the affect of using three-pool model the ratio of bound 

pool fraction maps (fmCRI/fNE-mCRI) were generated showing the underestimation of bound pool 

fraction in partial volume pixels (peripheral pixels). 

5.4.3 In Vivo Experiment (Standard Protocol) 

Figure 5.6 shows that NE-mCRI efficiently decomposes the standard two-pool (PD) 

model into exchanging and non-exchanging terms (PDE and PDNE), the latter showing high 

contrast and expected anatomical distribution for CSF.  The removal of the CSF component 

markedly increases the apparent size of GM structures on f map in the areas with partial volume 

effect from CSF (red arrows, bordering the ventricles and CSF).  Model preference is quantified 

in the figure 5.6, which compares mCRI (two-pool model) and NE-mCRI (three-pool model) fit 

residuals as well as results of a model selection approach using the Bayesian information 

criterion  (BIC, (100)), which shows NE-mCRI approach to be justified over the majority of 

brain voxels.  

The removal of CSF partial volume effect also significantly affects several key qMT 

parameters in GM (figure 5.7), especially the cross-relaxation rate k.  The histograms in figure 

5.7 demonstrate underestimation in GM f, R1, and k values obtained with standard mCRI fit 

(black arrow).  The removal of CSF partial volume effect (shown in figure 5.7) using NE-mCRI 

removes the bias and corrects the effect of presenting non-exchanging component.  
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Figure 5.6. First row: Anatomical image and proton density (PD) estimated by each method. 
Second row: Bound pool fraction (f) estimated by each method and non-exchanging fraction 
map (NEf) estimated by NE-mCRI method. Third and forth rows: Zoom areas of f maps and 
corresponding NEf map. Last row: Residual maps from each method and BIC map.  
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Further investigation of accuracy of three-pool model in region with and without partial 

volume effect with CSF is shown in figure 5.8, which shows raw SPGR and MT-weighted SPGR 

data vs. flip angle and off-resonance frequency curves for intact white matter, gray matter, and 

partial volume regions of interest (ROIs) and reconstructed two-pool and three-pool model 

curves.  Although insignificant differences are apparent between these two models for intact 

white matter and gray matter ROIs, both models fit pretty well with the acquired MT and VFA 

data.  In partial volume ROI, mCRI (two-pool model) was not able to fit well to the acquired data 

while NE-mCRI (three-pool model) still fits pretty well with the acquired data.  This observation 

demonstrates that two-pool model is not adequate to estimate parameters in the presence of non-

exchanging components. 

 

  

Figure 5.7. GM histograms of key qMT parameters. Arrows point to the histogram areas most 
affected by CSF partial volume effect.     
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Figure 5.8. Example of SPGR and MT-weighted SPGR raw data and reconstructed two- and 
three-pool signal curves for intact white matter, gray matter, and partial volume regions. The 
two-pool model is shown by the solid line, and the three-pool model is shown by the dashed line. 
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5.4.4 In Vivo Experiment (Optimized Protocol) 

The optimized qMT design was determined using Monte-Carlo simulations with less 

number of measurements.  In order to introduce more partial volume with non-exchanging 

component and better appreciate the effect of partial volume with non-exchanging component 

the slice thickness was doubled to 4mm. 

Figure 5.9 compares the quantitative maps estimated by both mCRI and NE-mCRI.  NE-

mCRI decomposes the standard two-pool (PD) model into exchanging and non-exchanging 

terms (PDE and PDNE).  PDNE has high contrast and expected anatomical distribution for CSF.   

The removal of the CSF component can be noticed in all quantitative maps (R1, f, k, and T2
B).  

The correction of partial volume effect with CSF is more appreciated in k map and less in T2
B, 

which is in agreement with simulations (figure 5.2).  Difference maps between mCRI and NE-

mCRI for each quantitative map better shows the effect of correction using three-pool model on 

partial volume regions.  Model preference is quantified in the figure 5.9, which compares mCRI 

(two-pool model) and NE-mCRI (three-pool model) fit residuals as well as results of a model 

selection approach using the Bayesian information criterion  (BIC, (100)), which shows NE-

mCRI approach to be justified over the majority of brain voxels.  
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Figure 5.9. First row: PD estimated by each method and NEf map. Second-fifth rows: R1, f, k, 
T2

B estimated by each method and the difference map. Sixth row: Zoom areas of f maps and 
corresponding NEf map. Last row: Residual maps from each method and BIC map.  
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5.5 Discussion 

MT imaging offers unique sensitivity to macromolecular content of tissues typically non-

accessible with conventional MRI.  Accurate modeling of MT exchange processes is essential to 

yield specific characterization of the macromolecular fraction in both normal and pathological 

conditions.  This study demonstrates that partial volume effect with non- or slowly- exchanging 

compartments, i.e. CSF influences both MTR and key two-pool MT parameters.  As partial 

volume effect with CSF may be significant for gray matter at typical resolutions of quantitative 

techniques (98,99), CSF may be a serious confounder for MT-based characterization of GM 

myelination using either MTR or f potentially affecting both histogram- and voxel-wise analysis.   

To compensate this effect, we have proposed a new MT model with an additional non-

exchanging compartment (NE-mCRI), which removed CSF (non-exchanging) contamination 

from brain qMT maps.  The biases are elevated for fast single point (constrained) mCRI f 

mapping presumably due to deviations of the apparent cross-relaxation rate in partial volume 

effect voxels from its assumed constraining value.  Our results demonstrate that explicit 

modeling of partial volume effect using our NE-mCRI approach efficiently corrects the biases 

due to partial volume effect with CSF in mCRI.  Hence, combination of NE-mCRI with the 

constrained fit may be particularly promising for unbiased f mapping in cortical GM in clinically 

acceptable scan times.   

It is not clear now if similar correction is possible for MTR, as the proposed approach 

involves detailed modeling of the MT effect.  Our results show higher non-exchanging fraction 

in WM compared to intact GM.  While association of the NE compartment with microscopic 

structures is yet to be revealed, several interesting observations can be made.  WM has many free 

water compartments associated with axonal, myelin, and extra-axonal water, all described by a 
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single pool in the standard two-pool model.  Myelin water is expected to have the highest rate of 

MT exchange with macromolecular-rich myelin, mediating MT with other compartments 

primarily through diffusion at much lower rates.  Hence, the NE pool may be considered as an 

approximation to such more slowly exchanging compartments.   

Finally, the NE-mCRI may enable direct estimation of partial volume effect with CSF 

and circumvent assumptions of image-based estimation of PVE during segmentation.  The direct 

estimation of partial volume effect may be potentially useful to improve accuracy of brain 

atrophy measurements in multiple sclerosis and Alzheimer disease, and in older patients who 

often have enlarged perivascular spaces and/or chronic lacunar infarcts filled with CSF.  With 

the feasibility of in vivo imaging, NE-mCRI may improve existing tradeoffs with 4-pool models 

and provide more accurate characterization of WM.  Additionally, it has potential to improve 

accuracy of qMT in edematous conditions or in fat (non-exchanging) liver. 
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Chapter 6: Applications of Quantitative Magnetization Transfer 

Imaging 
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6.1 Introduction 

In previous chapters, we have discussed the principle of the quantitative magnetization 

transfer (qMT) imaging and how to determine the parameters of two-pool model using qMT 

imaging. This chapter will focus on the clinical application of qMT imaging method in brain and 

knee imaging.  One of the main applications of qMT imaging is on myelin imaging.  Many 

studies have shown the great sensitivity and specificity of qMT parameter to the myelin content 

in the central nervous system (13-17).  Therefore, this chapter will begin with an introduction to 

myelin and myelin related diseases and then we will discuss the application of MT methods in 

myelin imaging. 

 

6.2 Myelin and Multiple Sclerosis 

Neurons in brain continually send and receive signals through axons, which are protected 

by a type of insolation called myelin sheath (figure 6.1).  

 

 

 

 

 

 

 

 

a b 

Figure 6.1. Structure of a typical neuron (http://en.wikipedia.org/wiki/Neuron.) (a), 
Transmission electron micrograph of myelinated axons generated at Trinity College, Hartford, 
CT (b). 
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Myelin sheaths are an extension of a glial plasma membrane layers wrapped around the 

axon of nerve fibers that facilitate conduction and accelerate the propagation of electric impulses 

(101).  In multiple sclerosis (MS), these myelin sheaths are eroded (demyelination) and the 

underlying nerve fiber could also be damaged due to mistaken attack by immune system (figure 

6.2).  This leads to a failure in the ability of nerve cells to transmit signals and causes symptoms 

that can range from numbness and tingling to blindness and paralysis.  MS is a complex disease 

that is highly variable in symptoms, clinical course, and underlying pathological changes in 

neural tissues.   

 

 

 

 

 

 

 

The estimated total economic cost of MS to the U.S. is between $6.8 to $11.9 billion 

annually (102) and the annual healthcare cost for each MS patient is between $8,528 to $54,244 

(2013 data) (103).  An early detection of the inflammatory process at early stages enables 

patients to begin the treatment, which can hinder the degenerative progression of MS. Therefore; 

new diagnosis and treatment approaches are continuously being sought.  Since its introduction by 

Young et al. (104), MRI has become an important diagnostic tool providing noninvasive 

Figure 6.2. Structure of a normal nerve fiber and damaged nerve in multiple sclerosis  
(http://www.medicinenet.com/image-collection/) 
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evidence of MS lesions in the central nervous system (CNS).  Lesions that are hyperintense on 

T2-weighted scans can be seen in the brains of more than 95% patients with established MS (105-

108), and active lesions are enhanced on T1-weighted scans after the administration of 

gadolinium contrast (109).  Areas of permanent tissue damage (e.g., irreversible demyelination 

and axonal loss) may be identified as profound hypointense regions on T1-weighted scans 

without administration of gadolinium contrast (110,111).   

Unfortunately, conventional MRI correlates poorly with clinical disability (112-117) and 

its prognostic value is very limited (112,113,117-122), and it has limited sensitivity and 

specificity to the pathological substrates of MS including demyelination, re-myelination, 

inflammation, edema, and axonal damage.  Various MRI methods such as magnetization transfer 

(1-12), diffusion MRI (25,26,28,123), and multicomponent relaxometry (29,31,33,35) have been 

proposed to characterize white matter (WM) tissue properties specifically the myelin content.  

Among these methods, quantitative magnetization transfer (qMT) imaging shows promising 

results in assessing the myelin content (13-16). 
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6.3 MT Imaging Reveals Severe Demyelination in Cats on Irradiated Diet 

6.3.1 Introduction  

Cats fed an irradiated diet develop a profound, widespread demyelinating disease of the 

CNS with severe neurologic dysfunction, including development of ataxia, paresis/paralysis, and 

blindness (124).  There is no confounding inflammation or axonal loss in this animal model, 

making it a good model for investigating the myelin content in the brain.  Several quantitative 

MRI methods have been proposed to measure the myelin content and axonal density of brain 

tissues.  In this study, we report results from Magnetization Transfer (MT) imaging (19) on cats 

fed an irradiated diet.  MT indirectly detects macromolecular associated hydrogen nuclei via 

their magnetic interaction with the observable water.  In the normal CNS, white matter exhibits 

the largest MT effect due to the macromolecular content of the highly structured and lipid rich 

myelin.  Pathologies that alter the structural integrity and the relative macromolecular-water 

composition show abnormal MT (125).  

 

6.3.2 Materials and Methods 

In this study a new and unique large animal model is being used to answer unresolved 

questions on endogenous remyelination of the CNS (124).  One control cat and one diseased cat, 

which was fed a diet of irradiated dry food, and after being off the diet (Recovery stage) were 

scanned on a 3.0T GE Discovery MR750 (GE Healthcare; Waukesha, WI) using an HD knee 

coil.  Two 3D spoiled gradient echo (SPGR) scans were acquired at TR/TE = 18/3.3 ms with 

different flip angles (4˚, 30˚), and two MT-weighted 3D gradient echo (SPGR) scans were 

acquired with TR/TE = 28/3.3 ms, α = 10˚, one with an MT pre-pulse (Fermi shape, 3 kHz offset 

frequency, effective flip angle of 790˚), and one with different offset frequency (200 kHz) to 

have no MT effect.  The matrix size was 192×192×56.  Two measures of MT effect, the 
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magnetization transfer ratio (MTR) and magnetization transfer saturation (MT-Sat) (51) were 

calculated as a percentage of signal loss, and the additional saturation due to MT effect 

respectively. 

 

6.3.3 Results  

It took 3-4 months for cats on the irradiated diet to develop clinical signs.  If returned to a 

non-irradiated diet, the disease cat recovered gradually to the healthy condition.  At the height of 

the acute disease, there was a widespread vacuolation of myelin, myelin breakdown and 

extensive demyelination, especially in the optic nerves but also along the entire spinal cord and 

multifocally in the brain (figure 6.3).    

 

 

 

Figure 6.3:  a) Spinal cord from a cat at peak of disease. The lateral and ventral columns show 
extensive vacuolation.  b) At higher power, numerous axons are undergoing myelin degeneration 
(*) but the axon is intact.  Numerous demyelinated axons (arrows) and remyelinated axons (thin 
myelin sheaths) are present.  c) In the recovered cat spinal cord numerous remyelinated axons are 
present (thin myelin) with no loss of axons. d, e) In the optic nerve in acute disease there is 
widespread demyelination with only occasional preserved sheaths.  f, g) In the recovered cat 
there is complete remyelination with almost all axons having thin myelin sheaths (g) except for 
one axon with normal thickness sheath (arrow).  In the control cat (h, i) the normal pattern of 
myelination in the optic nerve is seen (Results from (107)). 
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Figure 6.4 is the representative coronal slices of MT-Sat maps for the control cat, diseased cat at 

the peak of the disease and the recovery stage.    

 

Table 6.1 and Figure 6.5 represent the MTR and MT-Sat results from different white 

matter ROIs (periventricular (PV), pyramidal tract (PT), and subcortical (SC)).  MTR and MT-Sat 

are sensitive to the amount of myelination, hence they are visibly decreased in white matter of 

the diseased cat compared to the control, while the increase in these parameters can be appreciate 

in the recovery stage compared to the peak of the disease.   

 

 

 

 

 

 

 

 

 

Figure 6.4: MT-Sat maps for control cat (left), diseased cat (middle), and recovered cat (right). 
MT-Sat is significantly decreased in WM of the diseased cat, leading to the loss of contrast 
between WM and GM in diseased animal compared to control. 

Figure 6.5: Mean MTR and MT-Sat from WM ROIs.  
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Compared to MTR, MT-Sat shows more significant discrimination between all disease 

stages confirmed both qualitatively (figure 6.4) and quantitatively (figure 6.5, Table 6.1).   In the 

control animal, there is a significant contrast between white matter and gray matter, while this 

contrast is not noticeable in the diseased cat at both the peak of the disease and the recovery 

stage.  MT imaging also reveals spatial heterogeneity of demyelination level in the diseased cat 

(figure 6.4).  These results are consistent with anatomical maps from T2-wieghted images (figure 

6.6), showing the loss of contrast between WM and GM for the diseased cat. 

 

6.3.4 Conclusions  

The irradiated diet is a novel feline animal model featuring both demyelination and 

remyelination.  There was no confounding effect of inflammation and axonal loss in this animal 

study, making it a good model for investigating the myelin content in the brain.  Markedly 

reduced MTR and MT-Sat in the diseased cat reflects the degeneration of myelin characteristic of 

 Control Diseased Recovered 

ROI PV PT SC PV PT SC PV PT SC 

MTR (%)  55 3.5 52 4.3 54 3.7 46 2.4 44 6.0 43 5.8 50 2.5 49 2.7 50 2.1 

MT-Sat(%)  4.9 1.1 4.1 1.0 4.6 1.2 2.7 0.4 2.8 0.7 2.1 0.6 3.1 0.3 3.2 0.5 3.0 0.3 

Table 6.1: Mean MTR and MT-Sat from WM ROIs.  

Figure 6.6: T2-weighted images for control (left), diseased (middle), and recovered (right) cats. 
High contrast between WM and GM is noticeable in control animal. 
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this animal model and increase of these parameters in the recovery phase reveals the 

remyelination process.  MT imaging also shows the spatial heterogeneity of the as-yet poorly 

understood disease process, making it a useful tool for further study in this novel animal model. 

MT-Sat measures were more discriminative between different disease stages than MTR, which 

may imply more specific nature of MT-Sat measure. 
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6.4 Quantitative MRI Analysis of MS Patients vs. Healthy Control  

6.4.1 Introduction 

Quantitative MTI promises new ways to characterize MS disease burden and predict the 

development of MS lesions through sensitive and truly quantitative, noninvasive biomarkers.  

Over the past few years, bound pool fraction (f ) has become a center of attention as a potential 

biomarker of myelin in brain tissues.  QMT imaging showed that the bound pool fraction is 

greater in white matter than in gray matter (126), and smaller in MS lesions than in normal white 

matter (2), which suggests that bound pool fraction is capable of reflecting myelin contents in 

tissue.  However, clinical applications of bound pool fraction mapping have been hindered due to 

the absence of fast and accurate qMT imaging.  In our study, the optimized qMT imaging with 

less number of measurement and new fast bound pool fraction mapping based on single MT 

measurement (9) have been utilized along with other establish MRI methods such as MTR, T1, 

and DTI for brain characterization in MS patients. 

 

6.4.2 Materials and Methods 

This study is longitudinal study involving 18 relapsing-remitting MS patients and 12 

healthy control subjects.  MS patients have a neurological examination before MRI scan.  

Neurological status is reported as the Expanded Disability Status Scale (EDSS) and Multiple 

Sclerosis Functional Composite (MSFC).  In the first phase of study, MS patients had EDSS 

range 1.0-5.0.  MRI data includes pre- and post-contrast anatomical images (BRAVO, T2-

FLAIR), IDEAL (B0 mapping and R2* for quantifying iron content in tissue), DTI (25 

directions), AFI (B1 mapping), 4 MT weighted data (α=13˚, Δ(kHz)/αMT(˚) = [2.5/1150 ,2.5/550 

,5/650 ,11/1150], TR/TE = 40/3.4ms), and 2 SPGR data at flip angles α= [5˚, 30˚], TR/TE = 

30/4.7ms.  All images were coregistered to high resolution BRAVO (0.86×0.86×1.5 mm3) using 
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a brain extraction tool and rigid body coregistration (BET and FLIRT, FSL, Oxford, UK).  

Anatomical data were intensity corrected using Jim software (Xinapse systems, Aldwincle, UK).  

Brain segmentations were done on BRAVO using FSL software (FSL, Oxford, UK) with FAST 

automated single-channel procedure applying three classes of tissue for healthy control brains 

and four classes of tissue for MS patients.   

MS lesions were independently segmented from T2-FLAIR images by the region-growing 

semi-automated algorithm using Jim software (Xinapse Systems, Aldwincle, UK).  Since MS 

lesions potentially can fall into any tissue class during brain segmentation, lesion masks were 

excluded from WM and GM masks obtained by FSL, thus providing masks of normal appearing 

brain tissues.  DTI data were corrected for eddy-current distortion prior to coregistration to 

BRAVO images and then processed using FSL software (FSL, Oxford, UK).  Flip angle (B1) 

and field (B0) maps were measured by AFI (59) and IDEAL (58).  Parametric maps were 

generated from both mCRI (53) and fast single-point (9) methods.  MTR maps were generated 

with the correction of B1 errors (49).  MT saturation maps (51) were generated using SPGR data 

and one MT data with the highest MT power.   

 

6.4.3 Results 

Figure 6.7 shows the example of different maps obtained from an MS patient.  BRAVO 

data is used for brain segmentation using FSL software, and T2 lesion maps is generate from T2-

FLAIR data by Jim software. 
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Mean parameters values (± standard deviation) in segmented brain tissues are listed in Table 6.2.  

 

 

 

Parameter  
Normal Appearing White Matter Gray Matter Lesion 

Control MS Effect Size  
(%) Control MS MS 

FA 0.46±0.014 0.44±0.021* 4.44 0.17±0.008 0.17±0.008 0.28±0.031 

AD 1.14×10-3±1.95×10-5 1.17×10-3±2.54×10-5 *** -2.60 0.98×10-3±2.46×10-5 0.98×10-3±4.09×10-5 1.53×10-3±1.05×10-4 

RD 5.38×10-4±1.81×10-5 5.70×10-4±2.98×10-5 ** -5.78 7.55×10-4±1.29×10-5 7.60×10-4±5.86×10-5 10.1×10-4±9.29×10-5 

MD 7.39×10-4±1.65×10-5 7.71×10-4±2.57×10-5 *** -4.24 8.29×10-4±1.65×10-5 8.34×10-4±3.55×10-5 11.8×10-4±9.36×10-5 

MTR 0.530±0.007 0.524±0.017 *** 1.14 0.400±0.001 0.405±0.012 0.409±0.0241 

MTS 6.31×10-2±2.37×10-3 5.98×10-2±3.98×10-3 ** 5.37 2.97×10-2±0.88×10-3 3.18×10-2±1.18×10-3 *** 3.53×10-2±3.84×10-3 

R1 (s-1) 0.808±0.026 0.783±0.051 3.14 0.521±0.017 0.531±0.027 0.592±0.040 

f (%) 12.4±0.39 11.5±0.71 *** 7.53 6.43±0.16 6.57±0.022 * 7.18±0.72 

T2
B (µs) 11.2±0.24 11.3±0.30 -0.89 9.87±0.39 10.7±0.73 *** 10.3±0.56 

BRAVO T2-FLAIR WM GM CSF T2 Lesions 

MTR MT-Sat T1 f   FA 

Figure 6.7. Example of anatomical images, segmented normal appearing WM, normal 
appearing GM, CSF, lesion masks, MT ratio (MTR), MT saturation (MT-sat), T1, bound pool 
fraction (f ), and fractional anisotropy (FA) maps obtained from an MS patient.	
  

Table 6.2. Group comparison between imaging parameters in tissues. 

Comparison with control: *P<0.05, **P<0.01, ***P<0.001	
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Mean parameter values computed within each tissue mask were compared between 

control subjects and MS patients using independent two-tailed t-tests.  Significant changes in the 

value of all parameters except T1 and T2
B can be seen in normal appearing white matter between 

two groups, while the significant changes in value of parameters for normal appearing gray 

matter can be seen only in MT-saturation (MT-Sat), bound pool fraction (f ), and T2 of bound 

pool (T2
B).  Furthermore, the effect size of each parameter in normal appearing white matter were 

calculated to quantify the difference between control and MS patient using each parameter, 

which is defined as 

 𝐸𝑓𝑓𝑒𝑐𝑡  𝑆𝑖𝑧𝑒 𝑋,𝑌 =
𝑚𝑒𝑎𝑛 𝑋 − 𝑌

0.5×𝑚𝑒𝑎𝑛 𝑋 + 𝑌 ×100% [6.1] 

 

6.4.4 Discussion 

The new fast and accurate qMT imaging with less number of measurement and new fast 

bound pool fraction mapping based on single MT measurement (9) have been utilized along with 

other establish MRI methods such as MTR, T1, and DTI for brain characterization in MS patients.  

The initial result of this ongoing study shows that bound pool fraction (f) has higher sensitivity in 

differentiating the normal appearing white matter for the lesion comparing to other parameters 

including MTR, T1, and DTI results. Next step of qMT-MS study is to compare the parameters 

between two groups in different white matter regions of interest (ROIs) and find the correlation 

between these parameters, lesion volume, and the neurological exam scores.  Therefore, MNI152 

standard-space T1-weighted template from FSL is coregistered to BRAVO image of each subject 

using affine coregistration by FSL, and the transform matrices are applied to DTI-based white 

matter ROIs (Laboratory of Brain Anatomical MRI, Johns Hopkins University). 
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6.5 Factors Influencing QMT Parameters of Articular Cartilage 

6.5.1 Introduction 

Osteoarthritis is one of the most prevalent chronic diseases in the United States and 

worldwide, which is characterized by a loss of proteoglycan content and disruption of the highly 

organized collagen fiber network of articular cartilage (127-129).  Early detection of 

osteoarthritis is important for slowing down or even stopping the disease progression (130,131).  

Thus, there is need to develop new and improved non-invasive methods to identify patients with 

early osteoarthritis and to monitor disease-related and treatment-related changes of articular 

cartilage in osteoarthritis research studies.   

Magnetization transfer (MT) may provide information about the macro molecular content 

(i.e. collagen and proteoglycans), but standard MT ratio (MTR) is a pulse sequence-dependent 

composite and it is not specific to any particular cartilage components.  Quantitative 

magnetization transfer (qMT) imaging can be used to probe macromolecular tissue composition 

typically non-accessible by conventional MRI techniques (132).    

Cross-relaxation imaging (CRI), an efficient qMT approach, yields unique measures 

including the fraction of protons bound to macromolecules (f), the cross-relaxation (exchange) 

rate between water protons and bound protons (k), and the transverse relaxation time of 

macromolecular bound protons (T2
B) (7) and has been applied for qMT parameter mapping in 

human patellar cartilage in vivo at 3.0T with a scan time under 30 minutes (133).  Several studies 

reported that qMT parameters are correlated with macromolecular content in ex-vivo cartilage 

samples (134,135) and change with age and activity level in human patellar cartilage in-vivo 

(133).  However, the mechanisms responsible for changes in qMT parameters with cartilage 

degeneration remain unknown.  Thus, this study was performed to investigate the factors leading 
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to changes in qMT measures of cartilage in controlled conditions including phantom experiments 

and an ex-vivo bovine cartilage degradation model. 

 

6.5.2 Materials and Method  

Magnetization Exchange Model in Articular Cartilage: Articular cartilage is a highly 

complex and dynamic tissue.  Recently, the magnetization exchange within the collagen-bulk-

water, proteoglycan-collagen, and the collagen fibrillar water-collagen cartilage subsystems were 

modeled and quantified (figure 6.8) (136).  It has been shown that the magnetization exchange 

rates for proteoglycan-collagen and collagen fibrillar water-collagen were 120s-1 and 4.4s-1, 

respectively (136), which shows a strong magnetization exchange rate between the matrix 

molecules (collagen and proteoglycan) and an intermediate magnetization exchange rate between 

collagen fibrillar water and collagen. 

 

 

 

 

Collagen Bulk 
Water 

PG 

Collagen 
Bound Water 

PG Bound 
Water 

Figure 6.8. Left: Extracellular matrix of collagen with different classes of proteins such as 
collagen and proteoglycan. Right: The model of magnetization exchange between different 
subsystems of cartilage. The width of arrows represents the magnetization exchange rates 
between these subsystems.	
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Estimation of all parameters of this model is not feasible in clinical MRI so we can 

simplify this complex model to the two-pool model with reasonable approximation (figure 6.9). 

 

 

 

 

 

6.5.3 Phantom Studies  

Phantom solutions containing 5% to 25% collagen and proteoglycan (PG) were prepared 

by dissolving bovine Achilles tendon type 1 collagen and bovine trachea chondroitin sulfate 

(Sigma-Aldrich, St. Louis, MO) respectively in saline.  The second set of phantom solutions 

containing 20% collagen were prepared in the same manner and heated at temperatures ranging 

between 20ºC and 100ºC for 30 minutes.  This heating protocol was shown in previous studies to 

cause incremental increases in denaturation of type 1 collagen solution starting at threshold 

temperatures between 50ºC and 60ºC (137).   

 

6.5.4 Ex-Vivo Bovine Cartilage Study  

A fresh bovine patella specimen was excised from a skeletally mature cow.  A transverse 

cut was made through the cartilage and bone separating the patellar specimen into superior and 

inferior halves, which allowed one portion of the cartilage to be immersed in 25 mg/ml of trypsin 

solution and the other portion to be immersed within saline solution for 24 hours with antibiotics 

added to both solutions (figure 6.10).  

Bound 
Protons 

M0
B, R1

B, T2
B 

Free 
(Water) 
Protons 

M0
F, R1

F, T2
F 

Figure 6.9. Two-pool model approximates the magnetization exchange within articular 
cartilage complex system.	
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6.5.5 Data Acquisition  

All phantoms and the bovine patellar cartilage specimen before and after enzymatic 

degradation were placed in a container filled with saline solution and imaged on a 3.0T scanner 

(Discovery MR750, GE Healthcare; Waukesha, WI) using an single-channel wrist coil.  For the 

phantom study, variable flip angle (VFA) SPGR data were acquired at excitation flip angles (FA) 

α=[4,6,15,25,35,50]˚ and MT-weighted SPGR data were acquired at α=15˚ for several off-

resonance frequencies Δ=[2.5,4,6,8,10,12,14,18,20,22] kHz and MT saturation powers 

αMT=[850,1300]˚ with TR/TE=37/2.1ms and 1.5×1.5×2 mm3 voxel size.  For the bovine cartilage 

study, VFA data were acquired at FAs α=[4,10,20,30]˚ and MT-weighted data were acquired 

(α=13˚, Δ(kHz)/αMT(˚)=2/750,2/1550,5/750,11/1350,13/1250,13/1350,20/1550,21/950) with 

TR/TE=41/3.8ms and 0.5×0.5×3 mm3 voxel size.  Spatially varying flip angle (B1) map was 

measured by AFI (59) for subsequent flip angle corrections.  

 

 

Figure 6.10. Ex-vivo proteoglycan degradation experiment. Transverse cut of specimen into 
superior and inferior portions. One  portion immersed in 25mg/ml trypsin, the other portion in 
saline for 24 hours. 	
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6.5.6 Data Processing   

The qMT processing workflow was implemented according to (53) (figure 6.11).  All processing 

has been done by in-house-written C and MATLAB (MathWorks, Natick, MA) software using 

nonlinear least squares fitting. 

 

 

 

 

 

 

 

6.5.7 Results 

As shown in the first row of figure 6.12, there was a large incremental increase in f with 

increasing collagen concentration.  At the same time, the level of f associated with PG was minor 

compared with that of collagen at all concentrations, although some minimal incremental 

increase was observed in f with increasing PG concentration.  No significant changes in both R 

and T2
B were observed with increasing collagen and proteoglycan concentrations.   
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Figure 6.12. Comparison of qMT parameters estimated in phantoms with different 
concentrations of collagen and proteoglycan.  	
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Figure 6.11. Modified cross-relaxation imaging processing pipeline for cartilage imaging.	
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Figure 6.13 and table 6.3 show result of a linear regression analysis of bound pool 

fraction and MTR from both collagen and proteoglycan phantoms.  There is a stronger 

correlation between bound pool fraction and concentration than MTR and concentration.  Higher 

slope of fitted line for collagen shows higher sensitivity of bound pool fraction to the collagen 

concentration. 
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Figure 6.13. Comparison of bound pool fraction and MTR estimated in phantoms with 
different concentration of collagen and proteoglycan.  	
  

Table 6.3. Results of Linear Regression of Bound Pool Fraction and MTR in phantoms. 
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The dependence of qMT parameters on denaturation temperature is shown in figure 6.14.  

There was an incremental decrease in f and incremental increase in T2
B with increasing 

temperature above the critical temperature threshold of 50oC when collagen denaturation begins.  

No significant changes in both R and MTR were observed with increasing the temperature.   

	
   

 

 

 

 

 

 

As shown in figures 6.15 and 6.16, trypsin induced proteoglycan loss in bovine cartilage 

resulted in no significant change in f, but a decrease in R, and an increase in T2
B.	
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Figure 6.14. Comparison of qMT parameters and MTR with increasing the temperature.	
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Figure 6.15. Ex-vivo proteoglycan degradation parametric maps. Significant decrease in R and 
increase in T2

B after proteoglycan loss (red arrows).	
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6.5.8 Discussion   

Our study suggests that f is primarily influenced by the content of structurally intact 

collagen as f significantly increased with increasing collagen solution concentration and 

fragmentation of collagen solution due to thermal denaturation resulted in a decrease in f.  The 

minimal influence of proteoglycan content on f is illustrated in both the phantom studies in 

which there was only a negligible increase in f with increasing proteoglycan solution 

concentration and the bovine cartilage study in which f did not change with proteoglycan loss 
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Figure 6.16. Ex-vivo proteoglycan degradation results. Significant reduction in R and increase 
in T2

B after proteoglycan loss.	
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due to trypsin degradation.  Also we have shown that the exchange rate (R) is strongly affected 

by proteoglycan content.  Loss of proteoglycan within trypsin degraded bovine cartilage resulted 

in more than 35% decrease in R; this can be justified by the loss of the magnetization exchange 

pathways in cartilage (figure 6.8), where loss of proteoglycan removes the one of main 

magnetization exchange pathway between collagen and bulk water through proteoglycan.  Also 

loss of bulk water from cartilage due to decreased proteoglycan content may reduce the exchange 

rate between mobile and collagen-bound protons.  There is no significant change in R was seen 

with different collagen concentrations in phantoms.  

Factors leading to changes in T2
B appear to be more complex.  Both thermal denaturation 

of collagen solution and loss of proteoglycan within trypsin degraded bovine cartilage resulted in 

an increase in T2
B.  Fragmentation of collagen due to denaturation may increase mobility of the 

molecules and thereby increase T2
B.  The decreased organization of the cartilage matrix due to 

proteoglycan loss may increase spin diffusion of collagen-bound protons, the primary 

mechanism defining T2 relaxation time in the semisolid fraction (60), and thereby also increase 

T2
B.  However, exact mechanisms of the observed dependencies require further investigation.   

Our results showing strong association of f with collagen content differ from those of 

previous studies which have shown that f is correlated with PG content in human cadaveric 

cartilage (133) and that trypsin degradation of bovine cartilage leads to a decrease in f (134).  

However, some previous studies have used qMT-fitting models, which fixed T2
B.  Such 

constraint may cause significant bias in the measurement of other qMT parameters if significant 

variability of T2
B is present.  The high sensitivity of T2

B to denaturation of collagen solution and 

trypsin degradation of bovine cartilage noted in our study suggests that T2
B may change 
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significantly with cartilage degeneration, and, hence, should be estimated along with the other 

qMT parameters.  Another potential source of discrepancy is the differences in the measurement 

and estimation approaches.  Also we have shown that the decrease in R can be an indicator of 

proteoglycan loss.  While proteoglycan appears to provide minor contribution to bound pool 

fraction as measured by the two-pool MT model, it efficiently facilitates magnetization transfer 

between water and collagen.  In conclusion, our study has shown that while some qMT measures 

may have utility for direct assessment of collagen content (f), multiple factors may be 

responsible for changes in qMT parameters at different stages of cartilage degradation.  The 

observed trends and unique sensitivity of qMT measures to macromolecules, however, suggest 

that a multivariate analysis involving all qMT parameters may be the most specific method to 

analyze the complex changes, which occur during cartilage degeneration. 
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Chapter 7: Conclusion and Future Direction 
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Since its introduction by Wolff and Balaban in 1989 (19), magnetization transfer has 

been widely used in research and clinical studies to assess the information about the 

macromolecular content of tissue.  Magnetization transfer imaging including both semi-

quantitative, MT ratio (MTR) and MT-saturation (MT-Sat), and quantitative (qMT) approaches 

serve as natural indicators of tissue microstructural properties such as myelination level in both 

gray and white matter structures.  The most common approach for characterizing MT effect is 

MTR, but this approach has several issues such as lack of reproducibility of MTR using different 

scanners and sequence parameters and also being sensitive to B0 and B1 inhomogeneities.  

Therefore, fully quantitative MT (qMT) methods are required to estimate all the parameter of 

MT model with high sensitivity and specificity to biological changes.  The main goal of this 

dissertation was to develop, evaluate, and apply qMT imaging methods to correctly characterize 

the changes in biological tissues. 

Chapter 1 and 2 of this dissertation introduced the fundamental theory of magnetic 

resonance imaging (MRI) and magnetization transfer (MT) imaging.  In chapter 2 the most 

common MT model (two-pool model) was discussed and different MT methods was introduced. 

Chapter 3 demonstrated the method mCRI to improve the accuracy of cross-relaxation 

imaging (CRI) by taking into account the contribution of bio-exponential longitudinal relaxation 

into variable flip angling (VFA) method.  Two technical approaches have been develop to 

correct the biases in CRI parameter estimation caused by the MT-induced bi-exponential 

behavior of longitudinal relaxation of water spins based on either the global fit of both VFA and 

MT SPGR data to the two-pool signal model or the simple analytical recalculation formulas for 

key cross-relaxation parameters.  While the choice between these techniques depends on a 
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tradeoff between the correction accuracy and image processing speed, both approaches do not 

require extra data compared to the original CRI method.  

Chapter 4 introduced new fast and accurate f and T1 mapping which considers the 

magnetization transfer effects.  The optimized fast f and T1 correction protocol developed in this 

work (VFA-MT) requires a single MT scan in addition to regular VFA measurements for 

accurate T1 mapping.  The presented approach is promising for fast high-resolution whole brain f 

and T1 mapping with correction of MT effects within clinically acceptable scan times.  

In Chapter 5, the new qMT model has been proposed where a two-pool MT subsystem is 

augmented by a third non-exchanging and very slowly exchanging (NE) pool.  It has been shown 

that the partial volume effect with non- or slowly- exchanging compartments, i.e. CSF influences 

both MTR and key two-pool MT parameters.  The proposed method (NE-mCRI) efficiently 

corrects the biases due to CSF partial volume effect in mCRI and may enable direct estimation of 

partial volume effect with CSF and circumvent assumptions of image-based estimation of partial 

volume effect during segmentation.  The direct estimation of PVE may be potentially useful to 

improve accuracy of brain atrophy measurements in multiple sclerosis and Alzheimer disease, 

and in older patients who often have enlarged perivascular spaces and/or chronic lacunar infarcts 

filled with CSF.   

Chapter 6 focused on the clinical application of qMT imaging method in brain and knee 

imaging.  The new bound pool fraction mapping was applied in MS study along with other 

establish MRI methods such as MTR, T1, and DTI for brain characterization in MS patients.  The 

initial result of this ongoing study shows that bound pool fraction (f) has higher sensitivity in 

differentiating the normal appearing white matter for the lesion comparing to other parameters 
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including MTR, T1, and DTI results.  In knee imaging, we have shown that qMT parameters are 

useful in characterizing both collagen and proteoglycan content.  Our results show that bound 

pool fraction appears to be an indicator of the content and the molecular structure of collagen 

while decrease in the exchange rate (R) can be an indicator of proteoglycan loss.  The observed 

trends and unique sensitivity of mCRI parameters to macromolecules suggest that a multivariate 

analysis involving all parameters may be the most specific method to analyze the complex 

change occurring during cartilage degeneration. 

Several studies have already applied different quantitative magnetization transfer method 

in brain imaging.  New advances in qMT imaging such improving in the accuracy and shortening 

the scan time make the parameters of this method as new biomarker in the diagnosis of many 

human CNS diseases. Ideally, the combination of different quantitative MRI method such as 

qMT, DTI, and multicomponent relaxometry (mcDESPOT) can serve as a standard clinical 

setting to diagnose white matter/gray mater abnormalities and differentiate demyelination, 

inflammation, edema, and axonal degeneration in the brain of patients and if early detection of 

pathologic tissue changes, better discrimination between differently affected tissue, and sensitive 

monitoring of treatment response is possible.  
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