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Abstract 

Magnetization transfer (MT) imaging provides a contrast reflecting the properties of hydrogen atoms 

bound to macromolecules in the tissue. These components, which are short-lived in nature, cannot be 

captured by conventional MRI methods. However, by saturating the magnetization of macromolecules 

using an off-resonance radio-frequency pulse, a signal intensity drop is induced, enabling the generation 

of MT contrast. In principle, MT is expressed in two different ways: (a) Magnetization transfer ratio 

(MTR), which is a semi-quantitative measure, and (b) quantitative magnetization transfer (qMT) which 

represent quantitative parameters underlying the MT effect. Both methods have demonstrated their 

usefulness in the diagnosis and prognosis of various pathologies, such as multiple sclerosis (MS). 

However, the integration of MT imaging into daily clinical practice remains a challenge due to the 

general long acquisition time of qMT imaging, the transmit field nonuniformities at high field, and the 

limited signal-to-noise at low fields.  

This thesis aims to address these issues by developing fast and robust methodologies for MT imaging 

at both low (0.55 T) and high (3 T) field strengths. To this end, a fast spiral multi-slice spoiled gradient 

echo (SPGR) sequence, combined with a low-resolution B1-mapping for accurate MTR imaging in less 

than one minute was implemented. The same method was further developed to obtain accurate and 

easy-to-calculate whole-brain qMT maps within 5 minutes. Moreover, the feasibility of MT imaging at 

low field was investigated with an MT-sensitized balanced steady-state free precession (bSSFP) 

sequence, which slightly outperformed the product SPGR in terms of signal-to-noise ratio (SNR). We 

further demonstrated that an extremely efficient bSSFP-based sequence, termed bSTAR can be 

extended to MT imaging at low-field with a submillimeter isotropic resolution within the clinically 

acceptable scan time.  

The techniques presented in this thesis facilitate a wider use of MT imaging in clinics for the diagnosis 

and prognosis of various diseases.  
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Zusammenfassung 

Die Magnetisierungstransfer (MT) Bildgebung liefert einen Kontrast, der die Eigenschaften der an 

Makromoleküle im Gewebe gebundenen Wasserstoffatomen widerspiegelt. Diese Komponenten, die 

von Natur aus kurzlebig sind, können mit herkömmlichen MRT-Methoden nicht erfasst werden. Durch 

Sättigung der Magnetisierung der Makromoleküle mit einem off-resonanten Hochfrequenzpuls wird 

jedoch ein Abfall der Signalintensität induziert, der die Erzeugung des MT-Kontrasts ermöglicht. In der 

Praxis wird MT auf zwei verschiedene Arten dargestellt: (a) über das Magnetisierungstransferverhältnis 

(MTR), ein halbquantitatives Maß, und (b) über quantitativen Magnetisierungstransfer (qMT), der 

quantitative Parameter darstellt, die dem MT-Effekt zugrunde liegen. Beide Methoden haben ihren 

Nutzen bei der Diagnose und Prognose verschiedener Pathologien, wie z. B. der Multiplen Sklerose 

(MS), unter Beweis gestellt. Die Integration der MT-Bildgebung in die tägliche klinische Praxis ist 

jedoch nach wie vor eine Herausforderung, aufgrund der im Allgemeinen benötigten langen Messzeit, 

dem ungleichmäßigen Übertragungsfeld bei hohen Feldstärken und dem geringen Signal-Rausch-

Verhältnis bei niedrigen Feldstärken. 

Diese Arbeit zielt darauf ab, die genannten Probleme durch die Entwicklung schneller und robuster 

Methoden für die MT-Bildgebung sowohl bei niedrigen (0.55 T) als auch bei hohen (3 T) Feldstärken 

anzugehen. Zu diesem Zweck wurde eine schnelle Multislice-Spoiled-Gradient-Echo-Sequenz (SPGR) 

mit spiralförmiger Auslese in Kombination mit einem niedrig auflösenden B1-Mapping für eine genaue 

MTR-Bildgebung in weniger als einer Minute Messzeit implementiert. Dieselbe Methode wurde 

weiterentwickelt, um genaue und einfach zu berechnende qMT-Bilder des gesamten Gehirns innerhalb 

von 5 Minuten zu erhalten. Darüber hinaus wurde die Durchführbarkeit der MT-Bildgebung bei 

niedrigem Feld mit einer MT-sensibilisierten balanced steady-state free precession (bSSFP) Sequenz 

untersucht, welche die Produkt SPGR Sequenz in Bezug auf Signal-Rausch-Verhältnis übertraf. 

Darüber hinaus haben wir gezeigt, dass eine extrem effiziente bSSFP-basierte Sequenz, genannt 

bSTAR, auf die MT-Bildgebung bei niedrigem Feld mit einer isotropen Auflösung im 

Submillimeterbereich innerhalb einer klinisch akzeptablen Messzeit erweitert werden kann.  

Die in dieser Arbeit vorgestellten Techniken erleichtern den breiteren Einsatz der MT-Bildgebung in 

Kliniken für die Diagnose und Prognose verschiedener Krankheiten. 
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1.1 Magnetization Transfer Contrast 

Magnetic Resonance Imaging (MRI) is a tomographic imaging technique sensitive to the nuclear 

magnetic resonance (NMR) signal emitted by the excited hydrogen nuclei positioned in a strong 

magnetic field. In conventional MRI, the physiochemical properties of the tissue such as proton density, 

longitudinal (T1) and transverse (T2, T2*) relaxation times contribute to the signal formation, and 

therefore to the image intensity. Conventional MRI typically detects signals only from mobile hydrogen 

nuclei (water). In contrast to mobile protons, the MRI signal of immobile hydrogen protons 

(macromolecules) is extremely short-lived with decay times shorter than the smallest echo times 

possible (around 10 µs) and can thus not be captured by conventional MRI. 

Magnetization transfer (MT) was first demonstrated by Wolff and Balaban in the late 1980s introducing 

a new contrast beyond conventional T1, T2 and T2* weighted imaging (1). Generally, in biological 

tissue, the source of MT contrast is the exchange of magnetization between mobile hydrogen protons 

bound to water molecules and immobile hydrogen protons bound to semi-solid macromolecules and 

membranes. Exchange of magnetization is possible either by direct chemical exchange or by spin-spin 

interactions (2).  

 

 

 

Figure 1.1: Molecular representation for magnetization transfer. Hydrogen atoms attached to 

macromolecules (R) are relatively immobile and exhibit a short T2 compared to free hydrogen atoms 

of liquid water. Spins are in constant exchange of magnetization either by chemical or spin-spin 

interactions. (Figure is from (2)) 

Typically, free protons have a narrow absorption lineshape and can be excited by an on-resonance radio 

frequency (RF) pulse. In contrast, immobile protons demonstrate a broad lineshape (as shown in figure 

1.2). This offers the possibility of selective saturation of immobile pool without affecting the free pool 
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using an off-resonance RF pulse which is well away from the central narrow absorption line of the free 

pool (2,3). The saturated magnetization of the immobile pool is then reflected as a drop of the observed 

signal from free pool and forms a new contrast called MT. The resulting contrast indirectly describes 

the contribution of the underlying parameters that govern the transfer of magnetization from immobile 

protons to free protons. 

 

 

 

Figure 1.2: Absorption line-shape of water (solid line) and macromolecular pool (dashed line). 

Macromolecular pool can be selectively saturated by an off-resonance RF pulse away from the 

central line-shape of water. (Figure is adapted from (3)) 

 

1.1.1 Acquisition Strategies  

In principle, both spin echo (SE) and gradient echo (GRE) sequences can be used for MT imaging. 

Barker et al. (4) modified an interleaved dual SE sequence to produce MT images in the clinical setup. 

To overcome the lengthy acquisition time of SE, a short TR was utilized, which resulted in slight T1-

weighting in the MT-weighted images. In comparison, GRE sequences are faster and can be optimized 

to avoid T1-weighting by adjusting the flip angle. As a result, GRE based sequences are currently more 

popular for MT imaging (5). In general, there are several strategies to induce MT-weighting in GRE 

sequences. In the following paragraphs, we mention some of the most known methods. 

Ideally an MT experiment is performed using an off-resonant continuous wave (CW) irradiation pulse. 

From its narrow bandwidth, CW irradiation allows complete saturation of the macromolecular pool 

with minimum direct saturation of the free water pool. It is characterized as a low-amplitude pulse of 

typical 5 s duration, and an offset frequency of Δ (6). These pulse settings determine the amount of the 

MT effect. The saturation pulse is limited by the power deposition in the tissue, as expressed by the 

specific absorption rate (SAR). The implementation of CW experiments in-vivo was however not 

feasible, as it required hardware modification and was limited by the power deposition restrictions in 

the clinical workflow.  
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In contrast, pulsed MT irradiation experiments can be implemented on clinical systems without 

hardware modification. Pulsed MT imaging, takes advantage of the cumulative saturation caused by a 

train of short-length (about 10 ms to 30 ms) high-amplitude RF pulses, under the condition that the 

inter-pulse time is shorter than the spin-lattice and cross relaxation times (7).  

On-resonance binomial irradiation is the first proposed pulsed alternative MT method (8–10). The 

method was based on formation of “transparent pulses” which behave ideally as a zero-degree pulse for 

long-T2 species while symmetrically saturate a large range of short-T2 protons. Nevertheless, on-

resonance binomial technique lost popularity to shaped off-resonance pulsed method, as pulse 

imperfections caused direct saturation and as it offered limited control range over the saturation 

bandwidth (11,12).  

Shaped off-resonance pulsed irradiation, commonly used in MT experiments was first introduced to 

generate MT-weighted spoiled gradient echo (SPGR) images of the brain in MS patients (5) and has 

been since successfully incorporated in several other sequences (4,13–15). Generally, narrowband 

Gaussian-shaped or sinc-shaped off-resonance saturation pulses with a short duration are incorporated 

into the sequence kernel. Since direct saturation profile of the Gaussian saturation pulses decays faster 

than sinc-shaped pulses, they are more preferred (13). 

Steady-state free precession (SSFP) sequences are a type of rapid GRE sequence in which a steady, 

residual transverse magnetization is maintained between successive TR intervals. Balanced SSFP 

(bSSFP) is a specific variation of SSFP where the net gradients in each TR interval are equal to zero. 

The balanced gradients refocus the SSFP signal components at the exact center of the TR interval as a 

single echo. Bieri and Scheffler demonstrated that bSSFP is inherently MT-sensitive (16), and that the 

MT effect can be modulated by adjusting the RF pulse durations (TRF) (17).  

In the following sections (1.2 and 1.3), we will introduce two commonly used MT imaging (MTI) 

techniques, namely the magnetization transfer ratio (MTR) and quantitative magnetization transfer 

(qMT) and discuss their clinical applications and shortcomings.  

 

1.2 Magnetization Transfer Ratio 

Magnetization transfer ratio (MTR) is calculated pixel-by-pixel as subtraction of two proton density 

weighted (PDw) images: one without (M0) and one with (Ms) saturation of the immobile proton pool 

(5). Therefore, the following fraction (see 1. 1 ) represents the MTR in percent unit ([p.u.]) and 

indirectly quantifies size of the immobile proton pool in the tissue: 
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𝑀𝑇𝑅 =  100 × (𝑀0 − 𝑀𝑠)/𝑀0 1. 1 

Accordingly, higher signal loss is attributed to the larger size of immobile proton pool in a tissue. For 

instance, white matter has higher MTR than gray matter, and MTR signal from cerebral spinal fluid is 

equal to zero. Moreover, it has been shown that MTR is also dependent on two competitive parameters; 

(ⅰ) recovery of magnetization governed by longitudinal relaxation time of the free proton pool, and (ⅱ) 

loss of magnetization due to its transfer from the free to the bound pool (kf) (18,19).  

 

1.2.1 Clinical interest of MTR 

MTR was initially introduced as a method to detect hidden abnormalities in normal-appearing white 

matter of the brain (5). Since then, it has become a widely studied in-vivo biomarker for identifying  

underlying factors causing different abnormalities in the brain, such as brain tumors (20,21), early 

diagnosis of Alzheimer’s disease (22,23), or predominantly for detecting myelin changes in multiple 

sclerosis (MS) (24–26). Additionally, MTR has been used in head and neck imaging to detect various 

abnormalities (27,28), and has proven to be useful in cancer studies as well (29–31). 

Volumetric histogram analysis is a widely used and valuable approach to evaluate MTR images of the 

brain. Combining the sensitivity of MTR for both macroscopic and microscopic disease mechanisms 

with such a volumetric approach, enables the analysis of both focal and diffuse mechanisms underlying 

various diseases (32–35).  

 

1.3 Quantitative Magnetization Transfer 

1.3.1 Two pool model for CW irradiation 

Early theory of magnetization exchange was developed based on modified Bloch equations that 

included additional terms for cross relaxation (36). This theory was referred to as the "two-pool model," 

the "two-pool Bloch model," or the "binary spin bath model”. In this model, macromolecular protons 

(restricted/immobile pool) are considered in magnetization exchange with free water protons (free 

pool). After the introduction of MT contrasts to the clinical field (1), Henkelman et al. used a similar 

set of modified Bloch equations to extract quantitative parameter involved in generation of MT contrasts 

(6). These set of Bloch equations are generally written as the sum of contribution of pool A and B (see 

figure 1.3): 

 

𝑑𝑀𝑥,𝑓

𝑑𝑡
= −

𝑀𝑥,𝑓

𝑇2,𝑓
− 𝑘𝑓𝑀𝑥,𝑓 + 𝑘𝑟𝑀𝑥,𝑟 + 2𝜋∆𝑀𝑦,𝑓 1.2.1 
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𝑑𝑀𝑦,𝑓

𝑑𝑡
= −

𝑀𝑦,𝑓

𝑇2,𝑓
− 𝑘𝑓𝑀𝑦,𝑓 + 𝑘𝑟𝑀𝑦,𝑟 − 2𝜋∆𝑀𝑥,𝑓 + 𝜔1(𝑡)𝑀𝑧,𝑓 1.2.2 

𝑑𝑀𝑧,𝑓

𝑑𝑡
= 𝑅1,𝑓(𝑀0,𝑓 − 𝑀𝑧,𝑓) − 𝑘𝑓𝑀𝑧,𝑓 + 𝑘𝑟𝑀𝑧,𝑟 − 𝜔1(𝑡)𝑀𝑦,𝑓 1.2.3 

𝑑𝑀𝑥,𝑟

𝑑𝑡
= −

𝑀𝑥,𝑟

𝑇2,𝑟
− 𝑘𝑟𝑀𝑥,𝑟 + 𝑘𝑓𝑀𝑥,𝑓 − 2𝜋∆𝑀𝑦,𝑟 1.2.4 

𝑑𝑀𝑦,𝑟

𝑑𝑡
= −

𝑀𝑦,𝑟

𝑇2,𝑟
− 𝑘𝑟𝑀𝑦,𝑟 + 𝑘𝑓𝑀𝑦,𝑓 − 2𝜋∆𝑀𝑥,𝑟 + 𝜔1(𝑡)𝑀𝑧,𝑟 1.2.5 

𝑑𝑀𝑧,𝑟

𝑑𝑡
= 𝑅1,𝑟(𝑀0,𝑟 − 𝑀𝑧,𝑟) − 𝑘𝑟𝑀𝑧,𝑟 + 𝑘𝑓𝑀𝑧,𝑓 − 𝜔1(𝑡)𝑀𝑦,𝑟 1.2.6 

 

where the subscripts r and f represent the restricted (immobile) protons and the free water (mobile) 

protons, respectively. The magnetization of each pool is described by its longitudinal (𝑀𝑧) and 

transverse (𝑀𝑥, 𝑀𝑦) components. The equilibrium magnetization of the free water pool 𝑀0,𝑓 is 

normalized to 1, and the net magnetization of the restricted pool is given as 𝑀0,𝑟. The 𝜔1(𝑡) = 𝛾|𝐵1(𝑡)| 

corresponds to shape of the CW pulse with constant saturation flip angle of 𝜔1 , and ∆ is the offset 

frequency of the CW RF pulse. 𝑅1,𝑓 and 𝑅1,𝑟 are the rates of longitudinal magnetization recovery (𝑅1 =

 1/𝑇1), in the absence of exchange. Whereas 𝑅𝑅𝐹,𝑟 and 𝑅𝑅𝐹,𝑓 represent the saturation terms responsible 

for longitudinal magnetization loss. The constant R governs the magnetization exchange rate between 

the two pools; therefore, directional exchanges are defined as pseudo-first order rate constants 𝑘𝑓 =

𝑅𝑀0,𝑟 (forward exchange rate; A→B), and  𝑘𝑟 = 𝑅𝑀0,𝑓 (reverse exchange rate; B →A).  

 
 

Figure 1.3: The two-pool model (also called the “two-pool Bloch model” or “binary spin bath 

model”) of magnetization transfer. (A) is the ‘free’ water spin pool, and (B) is the ‘restricted’ 

macromolecular spin pool. Saturated spins are shown as grey area. (Figure is adapted from (6))  
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Due to the very short T2,r , the exchange between transverse magnetization components (𝑀𝑥, 𝑀𝑦) can 

be neglected. Solving the remaining equations for the steady state condition leads to a closed form 

solution for the free pool longitudinal magnetization. 

 

𝑀𝑧,𝑓 =  
𝑅1,𝑓𝑅1,𝑟 + 𝑘𝑟𝑅1,𝑓 + 𝑘𝑓𝑅1,𝑟 + 𝑅𝑅𝐹,𝑟𝑅1,𝑓

(𝑅1,𝑟 + 𝑘𝑟 + 𝑅𝑅𝐹,𝑟)(𝑅1,𝑓 + 𝑘𝑓 + 𝑅𝑅𝐹,𝑓) − 𝑘𝑓𝑘𝑟

 Eq. 1.3 

where 

𝑅𝑅𝐹,(𝑓,𝑟) =
𝜔1

2𝑇2,(𝑓,𝑟)

1 + (2𝜋∆𝑇2,(𝑓,𝑟))2
 Eq. 1.4 

 

Generally, equation 1.4 is proportional to the Lorentzian line-shape. However, the Lorentzian line-shape 

is not adequate for describing the macromolecular component. Super-Lorentzian line-shape on the other 

hand was found to be a better approximation for numerical model fitting of the biological tissue, 

especially in WM (3,37). Assuming that 2𝜋∆𝑇2,𝑟 ≫ 1, Equation 1.4 can be rewritten as  

 

𝑀𝑧,𝑓 =

𝑀0,𝑓 [𝑅1,𝑟 (
𝑘𝑓

𝑅1,𝑓
) + 𝑅𝑅𝐹,𝑟 + 𝑅1,𝑟 + 𝑘𝑟]

𝑘𝑓

𝑅1,𝑓
(𝑅1,𝑟 + 𝑅𝑅𝐹,𝑟) + [1 + (

𝜔1
2𝜋∆

)
2

(
1

𝑅1,𝑓𝑇2,𝑓
)] (𝑅𝑅𝐹,𝑟 + 𝑅1,𝑟 + 𝑘𝑟)

 Eq. 1.5 

 

using five model parameters 𝑅, 𝑅1,𝑟, 𝑇2,𝑟, 
𝑘𝑓

𝑅1,𝑓
, and 

1

𝑅1,𝑓𝑇2,𝑓
, where 𝑅1,𝑓 can be estimated from Equation 

1.6 using an independently measured longitudinal relaxation rate (𝑅1,𝑜𝑏𝑠) when 𝑅 ≫ (𝑅1,𝑟 − 𝑅1,𝑜𝑏𝑠). 

 

𝑅1,𝑓 ≈ 𝑅1,𝑜𝑏𝑠 −
𝑘𝑓(𝑅1,𝑟 − 𝑅1,𝑜𝑏𝑠)

𝑅1,𝑟 − 𝑅1,𝑜𝑏𝑠 + 𝑘𝑟
 Eq. 1.6 

  

Since the exact value of 𝑅1,𝑟 has little influence on the MT signal, a constant value of 𝑅1,𝑟 = 1𝑠−1 (6) 

or 𝑅1,𝑟 = 𝑅1,𝑜𝑏𝑠 (38) can be presumed to further simplify the model. 

Ultimately, qMT parameters can be extracted from pixel-by-pixel fitting of Equation 1.5 to the 

experimental data sampled at multiple CW pulses with different saturation power ω1 and offset 

frequency Δ.  
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1.3.2 Two pool model for pulsed irradiation  

For pulsed MT experiments, three main methods were proposed by Sled et al. (39), Yarnykh et al. (40), 

and Ramani et al. (41), which were based on the adaptation of Henkelman's CW model. Comparison of 

these methods revealed that the approach proposed by Sled et al. produced the most accurate parameter 

estimates, albeit at a higher computational cost (42,43). Sled’s method involved approximating the 

pulsed off-resonance irradiation as a rectangular pulse with equivalent average power and a width equal 

to the full width at half maximum (FWHM) of the saturation RF pulse power 𝜔1
2(𝑡). Moreover, the 

direct saturation effect of the MT pulse on the free pool was assumed to occur instantly and was 

expressed as an scaling factor, S1,f, for the steady state longitudinal magnetization of the free pool. The 

S1,f was derived from numerical evaluation of a single pool Bloch equation for different T1,f  and T2,f 

values. From adaptation of the CW two-pool model to the described approximations, a closed form 

equation was derived. Fitting this equation directly to the signal produced qMT parameters, including 

the macromolecular pool ratio 𝐹 =  
𝑀0,𝑟

𝑀0,𝑓
=

𝑘𝑓

𝑘𝑟
 , forward exchange rate 𝑘𝑓, and relaxation times 𝑇2,𝑟. 

 

1.3.3 Two-pool model for bSSFP 

Gloor et al. (44) developed a qMT model for bSSFP by modifying Henkelman's two-pool model. Given 

all the pulses are played out on-resonance (∆→0) along the x axis, the set of Bloch equations can be 

simplified to equations 1.9, leading to a closed-form solution. The qMT parameters were estimated by 

fitting the model to data points acquired with various RF pulse durations and excitation flip angles. 

𝑑𝑀𝑦,𝑓

𝑑𝑡
= −

𝑀𝑦,𝑓

𝑇2,𝑓
+ 𝜔1(𝑡)𝑀𝑧,𝑓 Eq. 1.9.1 

𝑑𝑀𝑧,𝑓

𝑑𝑡
= 𝑅1,𝑓(𝑀0,𝑓 − 𝑀𝑧,𝑓) − 𝑘𝑓𝑀𝑧,𝑓 + 𝑘𝑟𝑀𝑧,𝑟 − 𝜔1(𝑡)𝑀𝑦,𝑓 Eq. 1.9.2 

𝑑𝑀𝑧,𝑟

𝑑𝑡
= 𝑅1,𝑟(𝑀0,𝑟 − 𝑀𝑧,𝑟) − 𝑘𝑟𝑀𝑧,𝑟 + 𝑘𝑓𝑀𝑧,𝑓 − 𝑊(∆→ 0, t)(𝑡)𝑀𝑧,𝑟 Eq. 1.9.3 

 

1.3.4 Clinical interest of qMT 

Similar to MTR, qMT parameters, specifically the macromolecular pool ratio F, have been 

demonstrated as a sensitive biomarker for myelin content in the brain (45–47). Compared to myelin 

measures based on diffusion, relaxation, and susceptibility, F has fewer physiological confounders and 

is independent of main magnetic field strength (48). Studies have even suggested that F may be a more 

specific marker of myelin content than MTR (49,50). Moreover, the qMT parameter of forward 

exchange rate (kf) has also been shown to be helpful in identifying the effects of mild systemic 

inflammation in the brain. (51).   
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1.4 Low-field MTI 

The MR scanners that operate at a magnetic field strength of less than 1 T and dubbed low field systems 

(52) are recently receiving renewed interest given advances in magnet technology, signal detection, data 

acquisition and processing. One of the primary advantages of low field MRI systems are reduced costs, 

making them more accessible to smaller clinics and hospitals. They are also considered safer and more 

comfortable than high field systems as they have reduced SAR and better implant compliance. Low 

field MRI systems are less likely to produce image artifacts, due to the lower magnetic field strength 

and the concomitant reduced sensitivity to tissue susceptibility. 

However, low field MRI systems have some limitations in terms of image quality and scan times. The 

lower magnetic field strength leads to less signal-to-noise ratio (SNR), resulting in images with lower 

resolution and less contrast. Therefore, they may require longer scan times to produce images with 

acceptable quality, which can be a disadvantage for patient’s comfort. 

MTI was first applied at low field almost 20 years ago (6,40), but it was limited to a small number of 

slice acquisitions at a rather long acquisition time. More recently, low-field MTI has been applied to 

provide fast macromolecular proton fraction mapping (53) although this method still requires a total 

scan time of 19 minutes.  

 

1.5 Challenges of MT  

As previously discussed, both MTR and qMT parameters proved to deliver useful measures of tissue 

pathology and demonstrated excellent sensitivity to microstructural damage or morphological changes 

in the brain caused by diseases. Despite the potential benefits of MT for the diagnosis and prognosis of 

abnormalities, its applicability in day-to-day clinical setting is rather limited, primarily due to the long 

acquisition times required. Therefore, the aim of this thesis is to develop and test new methodologies 

that enable fast and accurate whole-brain MT acquisition, both quantitative and semi-quantitative, at 

various field strengths. 

MTR, as a semi-quantitative measure, obtained from two images with and without MT saturation, is 

sensitive to several sources of variation beyond the exchange rate, such as sequence parameters and 

main magnetic field. Its dependence on both MT-weighted and non-MT-weighted scans makes it 

susceptible to motion artifacts. Differences in sequence parameters and vendor-specific characteristics 

can also lead to variations in MTR measurements. This limits its application in multi-center clinical 

studies. Furthermore, MTR is highly sensitive to transmit field B1 inhomogeneity (54). Therefore, it is 

crucial to minimize these sources of variation to ensure that reliable clinical conclusions are drawn 

based on MTR.  
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qMT, on the other hand, provides quantitative MT properties of the tissue, such as F and kf, that are 

independent of the sequence parameters and main field strength, thus allowing a more objective 

assessment of tissue characteristics as compared to MTR. However, MT parameter estimation requires 

acquisition of several data samples acquired with different MT sensitivities, which can result in a scan 

time of more than 30-60 minutes for whole-brain coverage. Therefore its application is mostly limited 

to small-scale or single-slice methodological studies (55). Moreover, B0 and B1 field imperfections (56) 

and intensive computational load hinder qMT application in the day-to-day clinical setting (57). As a 

result, fast and robust techniques are required for clinically feasible qMT imaging.   

The aforementioned challenges have impacted the use of MT imaging at high-fields, which has been 

the primary focus of researchers in last years, due to the higher achievable signal-to-noise ratio as 

compared to low field system. On the other hand, the feasibility of MTI at low field strengths is yet to 

be proven, but of great interest. In fact, recently, low-field systems have gained popularity in the clinical 

routine due to their higher cost-effectiveness and better safety profile, as well as advancements in 

hardware and software that allows for improved diagnostic image quality.  

Reducing the field strength from 3 T to 0.55 T is expected to result in an SNR reduction by a factor of 

approximately six. The signal loss could be in theory compensated by increasing the scan time, but it 

would be unfeasible to prolong the acquisition by a factor of 36 to maintain the image quality. 

Additionally, the reduction in T1 values necessitates an efficient acquisition scheme to minimize loss of 

MTR contrast. Nonetheless, an efficient high-SNR MT imaging protocol that is suitable for low-field 

imaging has yet to be developed. 

 

1.6 Aim and approach 

This thesis addresses three challenges limiting the clinical application of MT: the B1 sensitivity of both 

MTR and qMT, the long acquisition time required for qMT imaging, and the feasibility of MT imaging 

at low field strengths. 

In the second chapter (first publication) of this thesis, an attempt is made to exploit speed and robustness 

of spiral trajectories in combination with an MT-prepared SPGR sequence to generate intrinsically B1-

corrected MTR images within a clinically acceptable scan time and resolution at 3 T.  The developed 

method is assessed for MTR reproducibility through volumetric histogram peak analysis. 

The same MT-prepared spiral interleaved SPGR sequence is used in the third chapter (second 

publication) to address the long acquisition time inherent to quantitative MT methods and derive an 

efficient acquisition scheme suited for the calculation of quantitative MT parameters. Furthermore, an 

attempt is made to simplify the complex two-pool model analysis while maintaining the accuracy of the 

pulsed-MT parameter estimates. The elimination of B1 and B0 field inhomogeneity effects on the 
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calculated qMT parameters is extensively investigated and its necessity for accurate parameter 

estimation has been explored.   

The fourth chapter (third publication) focuses on exploring the feasibility of MT imaging at low fields. 

To achieve this, a comparative study was conducted with the aim to determine whether bSSFP performs 

better than product SPGR at low fields as it does at high fields. Next, an efficient bSSFP-based sequence 

termed bSTAR was used to evaluate whether the signal intensity and MTR can be enhanced at low 

fields. Overall, the purpose of this chapter was to identify an efficient MT imaging approach that 

facilitates clinical routine at low fields while avoiding the known limitations that contribute to reduced 

image quality, such as reduced signal and low-performance gradients.  

For all three methods, numerical simulations and in-vivo data of healthy volunteers have been used to 

show feasibility and superiority of the proposed approaches compared to conventional methods.     
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Chapter 2 

First Publication: One-minute whole-brain magnetization transfer 

ratio imaging with intrinsic B1-correction 
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Abstract 

Purpose: Magnetization transfer ratio (MTR) histograms are widely used for the assessment of diffuse 

pathological changes in the brain. For broad clinical application, MTR scans should not only be fast but 

confounding factors should be minimized for high reproducibility. To this end, a one-minute whole 

brain spiral MTR method with intrinsic B1-field correction is introduced. 

Methods: A spiral multi-slice spoiled gradient echo sequence with adaptable magnetization transfer 

(MT) saturation pulses (angle ) is proposed. After a low-resolution single-shot spiral readout and a 

dummy preparation period, high-resolution images are acquired using an interleaved spiral readout. For 

whole brain MTR imaging, fifty interleaved slices with three different MT contrasts ( = 0°, 350°, 550°) 

together with an intrinsic B1-field map are recorded in 58.5s on a clinical 3T system. From the three 

contrasts, two sets of MTR images are derived and used for subsequent B1 correction, assuming a linear 

dependency on . For validation, a binary spin bath model is used. 

Results: For the proposed B1-correction scheme, numerical simulations indicate for brain tissue a 

decrease of about a factor of ten for the B1-related bias on MTR. As a result, upon B1-correction, MTR 

differences in gray and white matter become markedly accentuated and the reproducibility of MTR 

histograms from scan-rescan experiments is improved. Furthermore, B1-corrected MTR histograms 

show a lower variability for age-matched normal appearing brain tissue. 

Conclusion: From its speed and offering intrinsic B1-correction, the proposed method shows excellent 

prospects for clinical studies that explore MT-effects based on MTR histogram analysis. 
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Introduction 

Magnetization transfer (MT), reflecting the exchange of magnetization between mobile and bound 

protons (1), has shown potential for the diagnosis and prognosis of various neurological disorders, such 

as multiple sclerosis (for a comprehensive overview, c.f. (58)). Frequently, due to time constraints in 

the clinical workflow, MT effects are condensed into a simple measure in percent unit (pu), termed 

magnetization transfer ratio (MTR), that can be derived using only two scans performed with and 

without saturation of the bound pool protons, respectively (5). 

MTR imaging has been extensively explored to track morphological changes in brain, such as for the 

development of myelination in children (59) or within the context of aging (60), for the detection of 

microstructural damage in normal appearing white matter (5,61–64), or for the detection of a variety of 

brain disorders, such as Alzheimer’s disease (65) and predominantly multiple sclerosis (MS) 

(5,15,26,33,66). In this context, MTR histograms have proven to be highly indicative of both focal (2) 

and diffuse tissue damage (2,66–69). Moreover, they allow a distinction of different stages of MS 

disease (16), a differentiation of MS subgroups (68,69), an estimation of disease burden (32), or a 

correlation with microscopic changes in gray matter (GM) and white matter (WM) due to aging (70). 

It appears evident that a prerequisite for reliable detection of subtle changes in the MTR histogram is a 

minimization of any confounding factor, such as transmit field (B1) inhomogeneity or settings of the 

MT pulse (54). Due to safety limits for power deposition on patients, pulsed rather than continuous 

wave irradiation is used for MT contrast generation (71,72). This results in a strong but generally 

incomplete saturation of the bound proton pool. As a result, the observable amount of saturation transfer 

does thus depend on the off-resonance and the delivered irradiation power, which is locally modulated 

by B1 (73,74). 

Thus, several approaches were proposed to address B1-field related variations in MTR values. As a 

general recommendation, the body  coil should be used for transmission (54). Particularly, at high fields, 

however, object-related B1-field inhomogeneity becomes more pronounced and appropriate correction 

of excitation field nonuniformity appears mandatory for accurate estimation of MT effects. To this end, 

different approaches were suggested to account and correct for B1-field related MT miscalibrations 

(73,75–77). Especially, for proton-density weighted spoiled gradient echo (SPGR) MTR acquisitions, 

a linear correction was found to be adequate (73,76). 

For broad clinical translation, MTR scanning should be performed in a reasonable time, ideally without 

the need for the acquisition of a separate, additional, B1-field map. In contrast to Cartesian imaging, 

spiral trajectories might offer a considerable increase in the overall acquisition speed and have found 

application for rapid tissue quantification, such as MR fingerprinting (78), or for whole brain B1-field 

corrected T1 mapping within less than one minute (79). In this work, we explore the prospects of a one-

minute spiral imaging protocol for whole brain MTR imaging with intrinsic B1-correction. 
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Methods 

Spiral MT sequence 

For rapid whole-brain MTR imaging, a prototype interleaved 2D multi-slice SPGR sequence with dual-

density spiral-out trajectory (80,81) at a receive bandwidth of 400 kHz was implemented. The spiral 

trajectory was calibrated in a one‐time process using the Tan‐Meyer eddy current model (82).  

For B1-correction of MTR, low resolution B1 mapping was combined with the acquisition of two MTR 

scans. The two MTR scans were derived from three repetitions of the same sequence using a non-MT-

weighted scan and two scans with different off-resonance saturation (angle: ) (Figure 1A). To mitigate 

possible slice cross-talk and excitation-related MT-effects in neighboring slices, each repetition features 

two concatenations enabling an interleaved slice excitation scheme for the prototype sequence.  

For each slice, a B1 map was derived from the acquisition of two low-resolution PD-weighted images 

with nominal flip angles of 90° (PD1 in Rep1) and 45° (PD2 in Rep2) using a single-shot spiral readout 

(Figure 1C). The single-shot contrast image in repetition three is acquired but currently not used for the 

calculations. A recovery period of about 4 s between repetitions one and two is used to allow for 

recovery of residual slice cross talk effects in the second single-shot contrast image from the acquisition 

of the second concatenation in repetition one (Figure 1B and Figure 1C). After the single-shot spiral 

acquisition, the subsequent interleaved spiral readout preceded a dummy period of about 2 s (MT-

preparation, slice excitation and gradients are played out, but no readout is performed) to mitigate 

transient effects (Figure 1C). The TR was set to 650 ms, offering space for the acquisition of 25 

interleaved slices within one concatenation (Figure 1D).  

For MT preparation, a Gaussian-shaped off-resonance irradiation pulse of 7.68 ms duration was used 

(off-resonance ∆ = 2.2 kHz). Generally, 3-mm slices with an in-plane resolution of 1.3 ×1.3 mm2 (field-

of-view: 256 × 256 mm2) were acquired using a sinc-shaped RF pulse of 2 ms duration, with a time-

bandwidth product of 2.7 and a nominal flip angle  of 35°. Single-shot and interleaved spiral imaging 

was performed with readout durations of 18.24 ms and 7.88 ms, respectively.  

For MTR imaging, 20 spiral interleaves in combination with an acceleration factor R = 2 were used, 

thus, effectively reducing the number of required spiral interleaves by 50%. The acquisition time for 

one concatenation was 9.1 s (including the single-shot spiral readout, the dummy preparation period, 

and the spiral interleaves). The overall acquisition time for the complete scan was 58.5 s (for three 

repetitions and the recovery).  
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Figure 1: Scheme of the prototype 2D interleaved multi-slice spiral MTR imaging approach. (A) 

three repetitions are acquired with different MT-weightings (: MT-saturation flip angle). (B) Each 

repetition features two concatenations with 25 slices each (50 slices in total). Between repetition one 

and two an additional delay of six TR (about 4 s) allows for full recovery of the concatenations. (C) 

Each concatenation starts with a single-shot spiral TR, yielding low-resolution PD-weighted images, 

followed by a dummy period of three TR (about 2 s) without readout (RO), and being terminated by 

the acquisition of high-resolution PD to mildly T1-weighted images using a series of N spiral 

interleaves (N=20). (D) Building block illustrated for one spiral interleave within the 1st 

concatenation of repetition 2 of the 2D interleaved multi-slice acquisition. The TR is built from 25 

interleaved MT-prepared (∆: off-resonance) slice excitations (flip angle α). (E) legend. 

 

In-vivo imaging 

Imaging was performed on three healthy volunteers (a female at age 28 and two males at ages 31 and 

32) at 3T (Magnetom Prisma, Siemens Healthcare, Erlangen, Germany) using a 20-channel receive 

head coil and approved by the local ethics committee.  From a single scan, three repetitions performed 
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with nominal MT-saturation flip angles of 0°, 350° and 550°. In addition, a standard T1-weighted scan 

(MPRAGE (83)) was acquired for brain segmentation. 

To test the scan-rescan repeatability and reproducibility, the MTR scan was first run 10 times without 

breaks and then 10 times with short breaks by taking the volunteer out after every single acquisition 

(repositioning), and thus forcing a new scanner adjustment. Subsequently, scan-rescan data was co-

registered and an MTR histogram analysis was performed for segmented whole-brain, WM and GM. 

Peak positions were extracted from the segmented GM and WM MTR histograms using non-linear 

least-squares fitting of a simple Gaussian distribution (54). Subsequently, standard deviation and 

coefficient of variation (cv: standard deviation over mean of the peak positions) were calculated and 

boxplots were generated for the assessed peak positions, serving as indicators of repeatability for the 

scan-rescan experiment. 

 

Image reconstruction, postprocessing and simulations 

Spiral image reconstruction was performed online using a spiral version of the iterative self-consistent 

parallel imaging reconstruction method (SPIRiT) (84). An auto‐stop criterion was used, also in case the 

k‐space was fully sampled at the Nyquist rate, to implicitly derive the optimal density compensation 

function for the gridding algorithm. 

Image post-processing and simulation were performed using MATLAB R2019a (The MathWorks, Inc., 

Natick, MA). For skull stripping, WM and GM segmentation of the T1-weighted (MPRAGE) images, 

and co-registration of the derived masks to the spiral-MT image, the standard software package FSL 

(FMRIB Software Library v6.0, Oxford, UK) was used. 

From the signal intensities of the two low-resolution single-shot PD-weighted spiral scans acquired in 

repetition one and two (PD1 and PD2), B1 can be estimated using (85) 

𝐵1 = 𝜁 ⋅ (4/π) ⋅ cos−1 (
𝑃𝐷1

2 ⋅ 𝑃𝐷2
) [1] 

where 𝜁 = 1.15 takes into account the exact excitation profile and was derived using CoMoTk (86) and 

is approximately constant within the expected typical B1 range (variation is less than 1% within B1 = 

0.7 – 1.3). Only the first concatenation was used for B1 calculation. 

Two sets with different MTR contrast can be derived from the interleaved spiral images (I) acquired 

within the three repetitions with variable MT-saturation flip angles of 0 = 0°, 1 = 350° and 2 = 550° 

(c.f. Figure 1),  

𝑀𝑇𝑅1,2 =
𝐼0 − 𝐼1,2

𝐼0
 , 𝑤ℎ𝑒𝑟𝑒 𝐼0,1,2 = 𝐼(𝛽0,1,2) [2] 
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Assuming a linear dependency of the observable MTR contrast for a reasonable range of flip angle 

modulations of the MT-preparation pulse, a B1-corrected MTR image (MTRc) can be derived using 

𝑀𝑇𝑅𝑐 = 𝑀𝑇𝑅𝑎𝑣𝑔 + (1 − 𝐵1) ⋅ 𝑏 ⋅ Δ𝑀𝑇𝑅 [3] 

where 

𝑀𝑇𝑅𝑎𝑣𝑔 ≜ (𝑀𝑇𝑅1 + 𝑀𝑇𝑅2)/2, 

Δ𝑀𝑇𝑅 ≜ 𝑀𝑇𝑅2 − 𝑀𝑇𝑅1, 

and 

𝑏 ≜ 0.5 ⋅ (𝛽1 + 𝛽2)/(𝛽2 − 𝛽1). 

The linear (first order) correction proposed in Eq. [3] also requires that the B1-related change in the 

observable MTR contrast is dominated by the variation of the saturation pulse amplitude only, i.e. 

 

𝜕𝐵1
𝑀𝑇𝑅(𝐵1𝛼, 𝐵1𝛽) ≈ 𝜕𝐵1

𝑀𝑇𝑅(𝛼, 𝐵1𝛽) [4] 

 

which appears reasonable for PD to mildly T1-weighted images (76). To this end, numerical simulations 

of the binary spin-bath model were performed with MATLAB as described in details elsewhere (7)  

assuming ideal spoiling for the free pool and using [M0,r = 0.137; T2,r = 12 μs, R1,r = 1 s-1, kf = 4.3 s-1; 

R1 = 1.17] for WM and [M0,r = 0.062; T2,r = 10μs, R1,r = 1s-1, kf = 1.8 s-1; R1 = 0.803] for GM at 3T. 

Observable T1 tissue parameters for bulk GM (1264 ms) and bulk WM (838 ms) at 3T were taken from 

(79). For tissues, a super-Lorentzian lineshape was used. Simulations took into account the actual slice 

excitation profile and were performed with the spiral MT pulse sequence parameters (cf, “spiral MT 

sequence”) until a steady state was reached. 

 

Results 

The sequence provided artifact-free images in all volunteers. Example results are shown in Figure 2. 

As compared to the non-MT weighted images (Figure 2A), MT-weighted images show increasing MT 

contrast for tissues (and thus incomplete saturation) with increasing MT-saturation flip angles (Figures 

2B and 2C). Typically, over the whole brain, nominal MT-saturation flip angles were modulated by the 

B1 field by as much as ±30% (cf. Figure 2D). Visual comparison of the images showed a change in the 

MTR contrast similar in magnitude to the modulation of the B1 field. As the measured B1 differences 

were as large as ±30%, they corresponded to an approximate range of effective MT-saturation flip 

angles from 350° to 550°. 
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Figure 2: Illustrative axial, sagittal and coronal views of: non-MT-weighted images (A), MT-

weighted images acquired with an MT-saturation flip angle of 350° (B), MT-weighted images 

acquired with an MT-saturation flip angle of 550° (C), and a corresponding B1-map (D), derived 

from PD1 and PD2 (c.f. Figure 1).  

 

The simulated sensitivity of MTR on B1 is specific for the TR and flip angle used (see ‘In-vivo imaging’ 

in the ‘Methods’ section) and is shown in Figure 3 for GM and WM. Generally, both GM and WM 

MTR show a slight non-linear dependency on B1 and increase with increasing B1. From the two-pool 

model simulation, the expected B1-related variation in MTR (for B1 = 0.7 to B1 = 1.3) is about 16 – 17 

pu (for GM and WM, respectively) and decreases to about 2 pu upon B1-correction. Overall, the simple 

linear correction scheme, as proposed in Eq. [3], is able to reduce B1-related MTR variations by almost 

a factor of ten. 

Average MTR images (MTRavg), B1-corrected MTR images (MTRc), as well as absolute difference 

images are shown in Figure 4. For regions with a B1 close to 1 no difference is observed, whereas 

uncorrected MTRavg values are overestimated for the deep parts of the brain, thus predominantly white 

matter, but underestimated for peripheral regions, such as cortical gray matter. In general, B1 

inhomogeneity leads to up to 8 pu (roughly 16 percent change) changes in MTR values at 3T.  
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Figure 3: Two-pool model simulations of the B1-dependency of MTR for (A) GM and (B) WM before 

(MTRavg: dashed blue line) and after correction (MTRc: solid red line) using Eq [3] (for simulation 

parameters, see ‘Methods’ section). 

 

 

 

Figure 4: Example views in axial, sagittal and coronal orientation of average MTRavg (A) and B1-

corrected MTRc (B) together with the corresponding absolute difference map (C). 
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The overall effect of B1 correction is further analyzed using MTR histograms (Figure 5). As can be 

expected from Figure 4, B1 correction leads to a shift of the whole-brain average MTRavg histogram 

towards lower values (Figure 5A). In addition, the apparent shoulder in the MTRavg histogram becomes 

markedly accentuated in the B1-corrected MTRc histogram, indicating the presence of (at least) two 

tissue classes (presumably WM and GM; cf. Figure 4B) with different MT properties that become more 

separated. Thus, the observed average and B1-corrected whole brain MTR histograms are further 

analyzed based on the underlying, segmented, WM and GM (cf. Figures 5B and 5C). The fitting of the 

Gaussian model resulted in a MTRavg peak at 48.05 pu with a cv = 0.100, and a MTRc peak at 46.76 pu 

with a cv is 0.085 for bulk WM. Similarly, for bulk GM, the MTRavg peak was at 39.76 pu with a cv = 

0.213, whereas for MTRc the maximum was at 38.48 pu and the cv was 0.230. 

 

 

Figure 5: (A) Whole brain histograms for average (black solid line) and B1-corrected (red solid line) 

MTR values of an exemplary subject (B) Average MTRavg histogram (black solid line) segmented into 

WM (black dashed line) and GM (black dotted line). (C) B1-corrected MTRc histogram (black solid 

line) segmented into WM (black dashed line) and GM (black dotted line). 

 

The results of the consecutive scan-rescanning are summarized in Figure 6. B1-correction of MTR did 

not result in higher peak variability (standard deviation of the WM peak location changed from 0.15 pu 

to 0.12 pu and for GM from 0.15 pu and 0.09 pu after to B1 correction), indicating a high stability for 

the B1 measurement (Figure 6). While a repositioning of the volunteer and forcing a new scanner 

adjustment prior to any new MTR scan resulted in a higher variability for the MTR peak positions 

compared to the consecutive scan-rescan scenario, a lower variability was observed after B1 correction 
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(standard deviation of the WM peak location changed from 0.22 pu to 0.14 pu and for GM from 0.21 

pu to 0.09 pu after B1-correction) (Figure 7). This is in line with expectations since a different 

positioning will generally lead to slightly different B1-field distributions. As a result, this is expected to 

become especially accentuated for brain MTR histograms extracted from different volunteers.  

 

 

 

 

Figure 6: Repeatability assessment from scan-

rescan experiments (without repositioning) 

using an MTR histogram peak analysis as 

shown in Figure 5. (A) Average MTRavg peak 

values for segmented GM (orange) and WM 

(blue). (B) Corresponding boxplots, showing 

median, lower and upper quartiles, as well as 

the maximum and minimum values. (C) B1-

corrected MTRc peak values for segmented GM 

(orange) and WM (blue). (D) Corresponding 

boxplots, showing median, lower and upper 

quartiles, as well as the maximum and minimum 

values.  

  

Figure 7: Reproducibility assessment from 

scan-rescan experiments (with repositioning) 

using an MTR histogram peak analysis as 

shown in Figure 5. (A) Average MTRavg peak 

values for segmented GM (orange) and WM 

(blue). (B) Corresponding boxplots, showing 

median, lower and upper quartiles, as well as 

the maximum and minimum values. (C) B1-

corrected MTRc peak values for segmented GM 

(orange) and WM (blue). (D) Corresponding 

boxplots, showing median, lower and upper 

quartiles, as well as the maximum and minimum 

values.  

 

Finally, GM and WM MTR histograms are shown in Figure 8 for three volunteers of highly similar age 

(30y ± 2y). Average MTRavg histograms for segmented WM and GM are depicted in Figures 8A and 

8B. For WM, before B1 correction the peaks varied within a range of 2.5 pu (46.8 pu to 49.3 pu), which 

was reduced to 0.9 pu (46.6 pu to 47.5 pu) after correction. Similarly, for GM, before B1 correction the 

peaks varied within a range of 2.8 pu (38.7 pu to 41.5 pu), which was reduced to 2.0 pu (38.2 pu to 40.2 

pu) after correction. Generally, B1-correction of MTR values leads to a lower variability for MTR brain 

histograms, as can be expected for age-matched, normal appearing, brain tissue.  
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Figure 8: Average MTRavg histograms for three age-matched healthy volunteers for segmented WM 

(A) and GM (B). Corresponding B1-corrected MTRc histograms for segmented WM (C) and GM (D). 

 

Discussion 

A fast whole-brain MTR imaging method with intrinsic B1-correction was introduced. The use of spiral 

imaging together with iterative parallel image reconstruction enabled an overall acquisition time for B1-

corrected MTR imaging of less than one minute for clinically acceptable resolutions. As a result, MTR 

scanning has the potential to be performed in the clinical routine setting without any significant 

workflow or patient throughput sacrifices. 

Generally, non-uniform B1-fields lead to a local variation of the applied MT-saturation power. As a 

result, even for a homogeneous tissue, any B1-field variation will lead to a variation in the MT contrast, 

as long as an incomplete saturation can be presumed. Due to safety restrictions, however, saturation can 

never be complete, especially for in-vivo human MRI. As a result, all human MTR scans are subjected 

to B1-field miscalibrations that become increasingly severe with increasing field strength. 

A linear (first order) correction was suggested and implemented to remove the B1-field related bias in 

derived MTR values; similar to previous studies and findings (73,75,76). For the suggested protocol, 

numerical simulations indicate that B1-related MTR modulations become efficiently reduced. 

Generally, the quality of B1-compensation relies on the longitudinal relaxation times and thus on the 

TR and flip angle settings and is expected to decrease with increasing T1-weighting. In principle, it 

appears likely that this could be counterbalanced by a non-linear correction scheme, i.e. using a second 

order approach, but only at the expense of an overall prolonged scan time (using at least three MT-

weighted scans).  
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In this work, we explored the limits for spiral whole brain MTR imaging in terms of resolution and 

acquisition speed. Since the proposed linear B1-correction relies on the acquisition of PD to mildly T1-

weighted images, a rather long TR is required, as preferred by a 2D multi-slice protocol. As a result, 

scanning is typically performed with high in-plane but low slice resolution. Furthermore, efficient k-

space sampling strategies, such as spiral readouts, can only accelerate imaging as long as the signal-to-

noise-ratio (SNR) is not limiting. Similarly, resolution can only be increased at the expense of SNR. In 

summary, it can be expected that with decreasing SNR (and thus with increasing resolution), the 

proposed spiral imaging approach will offer decreasing benefits in terms of acquisition speed as 

compared to traditional Cartesian sampling schemes.   

Using an integrated B1-field map acquisition with (almost) no loss of scanning efficiency, we have 

shown in a scan-rescan experiment that B1-corrected MTR values as compared to uncorrected ones are 

not subjected to a higher variability for consecutive scans but are less affected by repositioning and 

forced scanner readjustments. As a result, B1-field correction might show added value for single patient 

follow-up studies, where typically special care is taken that scan-rescans can be performed on the same 

system (c.f. recommendations from the EURO-MT study, (87)). Our measurements, however, indicate 

that especially studies based on normative group comparisons, frequently used to assess diffuse 

pathologic alterations in normal appearing brain tissue, such as for Alzheimer’s disease (65,88,89), may 

profit from the removal of any B1-field related variations. Generally, B1-corrected MTR histograms 

should reveal a lower spread and thus group comparisons should require a smaller cohort size for a 

given effect size.       

 

Conclusion 

In conclusion, we have introduced a one-minute whole brain MTR mapping method, offering intrinsic 

B1-field correction. Generally, B1-field corrected MTR values show a lower variability in scan-rescan 

experiments as compared to uncorrected ones and might thus be especially beneficial within the context 

of follow-up studies or for the investigation of diffuse pathological changes based on large patient 

cohorts. Due to its speed, the proposed method thus not only shows excellent prospects for broad clinical 

translation but also for application in a variety of clinical studies that explore MT-effects based on a 

simple MTR analysis. 
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Chapter 3 

Second Publication: Rapid whole-brain quantitative MT imaging  
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Abstract 

Purpose: To provide a robust whole brain quantitative magnetization transfer (MT) imaging method 

that is not limited by long acquisition times.  

Methods: Two variants of a spiral 2D interleaved multi-slice spoiled gradient echo (SPGR) sequence 

are used for rapid quantitative MT imaging of the brain at 3 T. A dual flip angle, steady-state prepared, 

double-contrast method is used for combined B1 and-T1 mapping in combination with a single-contrast 

MT-prepared acquisition over a range of different saturation flip angles (50 deg to 850 deg) and offset 

frequencies (1 kHz and 10 kHz). Five sets (containing minimum 6 to maximum 18 scans) with different 

MT-weightings were acquired. In addition, main magnetic field inhomogeneities (∆B0) were measured 

from two Cartesian low-resolution 2D SPGR scans with different echo times. Quantitative MT model 

parameters were derived from all sets using a two-pool continuous-wave model analysis, yielding the 

pool-size ratio, F, their exchange rate, kf, and their transverse relaxation time, T2r.  

Results: Whole-brain quantitative MT imaging was feasible for all sets with total acquisition times 

ranging from 7:15 min down to 3:15 min. For accurate modeling, B1-correction was essential for all 

investigated sets, whereas ∆B0-correction showed limited bias for the observed maximum off-

resonances at 3 T. 

Conclusion: The combination of rapid B1-T1 mapping and MT-weighted imaging using a 2D multi-

slice spiral SPGR research sequence offers excellent prospects for rapid whole brain quantitative MT 

imaging in the clinical setting. 
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Introduction  

In its simplest and traditional form, magnetization transfer (MT) contrast (1) is quantified from the 

acquisition of two scans: one without and one with the MT-preparation module (5). The two signals are 

then condensed within the so-called magnetization transfer ratio (MTR) and a great effort has been 

undertaken to ensure high reproducibility taking into account intrinsic, as well as possible extrinsic, 

confounding factors (54). It has, however, also been realized that the phenomenological reduction of a 

complex tissue system down to a single parameter may lack pathologic specificity making MTR results 

incomplete and controversial, especially in the brain (90). As a result, biophysical models of MT have 

been developed that allow the quantitative estimation of the compartmental tissue properties. To this 

end, two-compartment (or binary) spin-bath models are most commonly considered to yield quantitative 

MT parameter (qMT) estimates, such as the pool-size ratio of the two compartments, their rate of 

magnetization exchange, and the compartmental relaxation properties (6,38,39,41). As with any other 

quantitative MRI method, however, accurate estimation of the underlying tissue model parameters may 

depend on deviations from the presumed radiofrequency (RF) excitation field (B1), and inhomogeneities 

in the main magnetic field (∆B0). 

Generally, qMT imaging requires multiple MT-weighted measurements and thus prolonged image 

acquisitions which may prevent widespread clinical use and applicability (38,41). This can, for instance, 

be addressed by a reduction of the number of free MT model parameters (thus reducing the number of 

measurements) (38,91).Alternatively, rapid imaging concepts, such as MT-sensitized balanced steady 

state free precession (bSSFP) (17) or highly efficient k-space sampling schemes, such as MT-sensitized 

single-shot echo planar imaging (EPI) (14) can be used to reduce the scan time for qMT imaging down 

to ~10-15 min.  

Only recently, a spiral imaging concept was proposed for rapid whole brain MTR imaging with intrinsic 

B1-correction within less than one minute (92). The method takes advantage of an MT-weighted multi-

slice spiral spoiled gradient echo (SPGR) research sequence offering whole brain coverage for the 

acquisition of a single MT-weighted volume within 20 s. Notably, the same underlying spiral SPGR 

research sequence was also suggested for rapid intrinsically B1-corrected whole brain T1 mapping in 

less than one minute (79,81,93). In this work, we thus propose to fuse these two concepts for rapid, 

whole brain, in-vivo qMT imaging using a two-pool model analysis. We will show that the proposed 

method allows rapid whole brain qMT imaging in less than typically 5 minutes thus being compatible 

with the clinical workflow.  
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Methods 

Imaging sequences and image reconstruction 

MT-weighted imaging was performed with an interleaved, multi-slice, spiral SPGR research sequence, 

as described in (79,92). The MT-preparation module had a duration of 19.1 ms and consisted of a 17.92 

ms non-selective, unapodized, Gaussian-shaped, radio-frequency saturation pulse with variable 

frequency offset (∆) and variable flip angle (β) and crusher gradients. Slice selection was performed 

with a sinc-shaped RF pulse of 0.6 ms duration and a time-bandwidth-product of 1.6. A flip angle of α 

= 25 deg and a slice thickness of 3 mm was used. The total acquisition duration of the imaging kernel 

(including slice selection, spiral readout, and crusher gradients) was 9.75 ms.  

For each slice, Nsp = 20 spiral interleaves in combination with an acceleration factor of two were used; 

thus effectively reducing the acquisition to 10 spiral readouts per slice. Data was reconstructed online 

on the scanner with an in-plane resolution of 1.3×1.3 mm2 using a spiral version of the “iTerative Self-

consistent Parallel Imaging Reconstruction” method (SPIRiT) (84). An auto-stop criterion was used, 

also when the k-space was fully sampled at the Nyquist rate, to implicitly derive the optimal density 

compensation function for the gridding algorithm. A single high-resolution MT-weighted volume was 

reconstructed from the acquisition of Nsl = 50 interleaved slices with a repetition time (TR) of 1650 ms 

(Figure 1). The overall acquisition time for a single MT-weighted whole-brain volume was 19.8 s; 

including a dummy preparation period of 2×TR (i.e., without readout) to reach the steady state for 

tissues (see Figure 1A). 

In addition, a T1-map and a low-resolution B1-map were acquired based on the same spiral research 

sequence, described in detail in (79). Generally, B1 field inhomogeneities lead to local deviations from 

the nominal flip angle, 𝛼𝑛𝑜𝑚 → 𝛼𝑎𝑐𝑡 = 𝜁𝐵1 · 𝛼𝑛𝑜𝑚, using a scaling factor 𝜁𝐵1. Essentially, the same 

resolution and number of slices were used as for the MT-weighted scans (94). Two scans with optimal 

variable flip angles (VFA) of 17 deg and 80 deg for a TR of 250 ms were used. The overall acquisition 

time for the combined B1 (≡ 𝜁𝐵1) and-T1 mapping was 53 s.   

Moreover, a ∆B0 map (as usual given in Hz via the association ∆𝐵0 ⟼ 𝛾 · ∆𝐵0) was derived from the 

acquisition of two multi-slice GRE volumes with different echo times, TE1 = 1.45 ms and TE2 = 1.90 

ms. Each acquisition had 50 slices with slice thickness of 3 mm measured with a TR of 180 ms, in-

plane resolution of 1.3×1.3 mm2, and FOV of 256×256 mm2. The total acquisition time for the ∆B0 

mapping was 22 s. 
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Figure 1: Scheme of the proposed MT-weighted multi-slice interleaved spiral SPGR sequence. (A) 

After a dummy preparation period of two TR, data in each slice is sampled by Nsp spiral interleaves 

separated by TR. (B) Within each TR, Nsl slices are acquired in an interleaved manner. For each 

slice, MT preparation with a non-selective gaussian-shaped saturation pulse of variable frequency 

offset (∆) and variable flip angle (β) preceded slice excitation with a flip angle (α) using a sinc-

shaped excitation pulse. (C) From the interleaved slice acquisition, each slice excitation effectively 

preceded a train of Nsl MT-saturation pulses separated by short free precession (FP) periods.   

 

MT signal modelling and numerical simulation  

From the interleaved slice acquisition (see Figure 1B), pulsed MT-contrast in each slice is generated by 

a train of Nsl MT pulses separated by short free precession periods (see Figure 1C), having an effective 

duration of 1650 ms (TR) and corresponding mean saturation rate �̅� (71): 

�̅� = 𝑁𝑠𝑙

𝜋

𝑇𝑅
∫ 𝜔1

2(𝑡)
𝑇𝑅𝐹

0

𝑑𝑡 𝐺(∆)              [1] 

where 𝐺(∆) is the absorption line shape, which is assumed to be super-Lorentzian for tissues, and �̅� 

depends on the duration 𝑇𝑅𝐹 and the shape 𝜔1(𝑡) = 𝛾|𝐵1(𝑡)| of the MT pulse.  
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Consequently, if a fractional saturation of the free pool due to the given train of MT pulses is avoided, 

the steady state signal S may approximate the situation that is established by a long period of 

continuous-wave irradiation of the restricted pool protons (see Eq. A5 in ref. (39)):  

𝑆 = 𝑐 · 𝑀0,𝑓

𝑅1,𝑟𝑘𝑓 + 𝑅1,𝑟𝑅1,𝑓 + 𝑅1,𝑓𝑘𝑟 + �̅�𝑅1,𝑓

𝑅1,𝑟𝑅1,𝑓 + 𝑅1,𝑟𝑘𝑓 + 𝑅1,𝑓𝑘𝑟 + �̅�𝑅1,𝑓 + �̅�𝑘𝑓

        [2] 

where 𝑀0,𝑓 is the equilibrium magnetization of the free pool; 𝑅1,𝑟 and 𝑅1,𝑓 are the longitudinal 

relaxation rates of the restricted and of the free pool, respectively; 𝑘𝑓 and 𝑘𝑟 are the first order exchange 

rates between the free and the bound pool protons, respectively; and c collects all other parameters, 

such as coil sensitivities. The exact value of R1r has only a minor influence on MT imaging (39). 

Following Yarnykh (38), 𝑅1,𝑟 = 𝑅1,𝑜𝑏𝑠 is chosen, leading to 𝑅1,𝑓 = 𝑅1,𝑜𝑏𝑠 (cf. Eq. [10] in Ref.(39)). In 

this work, 𝑅1,𝑜𝑏𝑠 = 𝑅1,𝑟 = 𝑅1,𝑓 = 1/𝑇1 is derived from a spiral VFA measurement. Overall, excellent 

agreement between the spiral VFA method and IR reference measurements were observed (81).   

For validation purposes, numerical simulations of the set of coupled Bloch equations including the 

exchange of longitudinal magnetization in the two-pool model were performed as described in detail, 

elsewhere (95). Within the context of this work, however, perfect spoiling of transverse magnetization 

was assumed (note that an interleaved acquisition scheme with a TR of 1650 ms was used) and it was 

presumed that the offset frequency of the MT-saturation pulse will be chosen large enough to avoid any 

direct fractional saturation effects of the free pool. For numerical simulation of the steady state signal, 

we thus proceeded as follows: 

MT-pulses were simulated using the coupled Bloch equations, which are reduced to a set of two coupled 

differential equations for the longitudinal magnetization components, 

𝑑𝑀𝑧,𝑓

𝑑𝑡
= 𝑅1,𝑓(𝑀0,𝑓 − 𝑀𝑧,𝑓) − 𝑘𝑓𝑀𝑧,𝑓 + 𝑘𝑟𝑀𝑧,𝑟                                     [3𝑎] 

𝑑𝑀𝑧,𝑟

𝑑𝑡
= 𝑅1,𝑟(𝑀0,𝑟 − 𝑀𝑧,𝑟) + 𝑘𝑓𝑀𝑧,𝑓 + 𝑘𝑟𝑀𝑧,𝑟 − 𝜋𝜔1

2(𝑡)𝐺(Δ)         [3𝑏] 

Note that the train of MT pulses is interleaved by free-precession periods which were simulated by 

setting 𝜔1 in Eq. 3b equal to zero. At the end of the pulsed-MT-free-precession train, RF excitation of 

the free pool occurs, which was assumed to act instantaneously on the longitudinal component of the 

free pool. The overall succession of MT-pulses, free precession periods, and RF excitation, was repeated 

until a steady state was reached; which was typically established after two to three repetitions.        

 A standard ODE solver was used to simulate the time evolution of the longitudinal magnetization 

components according to Eq. 3 with common white and gray matter MT tissue parameters (96). 
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Data evaluation 

Whole brain voxel-wise B1 maps, together with B1-corrected 𝑇1,𝐵1 and B1-uncorrected 𝑇1 maps were 

generated from the two VFA spiral SPGR scans as described elsewhere (79), whereas ∆B0 maps were 

derived from the phase factor 𝑒−𝑖𝛾∆𝐵0(𝑇𝐸2−𝑇𝐸1), relating to the two low-resolution SPGR phase images, 

acquired with different echo times TE1 and TE2. Generally, B1 effects enter the MT model (cf. Eqs. 1,2) 

by: (i) a modulation of 𝜔1
2 ⟼ 𝜁𝐵1

2 · 𝜔1
2, and (ii) a correction of the observed 𝑇1 → 𝑇1,𝐵1; field 

inhomogeneities lead to a shift of the off-resonance irradiation frequency ∆ ⟼ ∆ − ∆𝐵0. Finally, voxel-

wise estimates for the pool-size ratio F, kf, and T2r were derived from a non-linear least-squares (NLLS) 

fit of Eqs. 1,2 to a set S of MT-weighted signal observations. 

The standard software package FSL (FMRIB Software Library v6.0, Oxford, UK) was used for co-

registration and skull stripping of the MRI datasets. All other image postprocessing, simulations and 

visualizations were performed using MATLAB R2019a (The MathWorks, Natick, MA).  

In-vivo imaging 

Three volunteers were scanned at 3 T (MAGNETOM Prisma, Siemens Healthcare, Erlangen, Germany) 

using a 20-channel receive head coil. Written informed consent was obtained from participants and 

measurements were approved by our local ethics committee.  

Quite some effort has been undertaken to find optimal sets of MT sampling points that yield robust MT 

parameter estimates within clinically acceptable scan times (94,97). For 3D scans, about 10 

measurements are required (94,97). Similarly, Ramani et al (41) observed a minimum number of about 

10 MT measurements using a 2D multi-slice approach with six offset frequencies (∆) ranging from 1 – 

15 kHz using three different saturation flip angles (β). Furthermore, it was observed that at least one 

point (potentially better two points) with either large ∆ or small β (and thus with no MT weighting) 

should be included (97). 

Following Ramani (41), a lower limit of ∆min = 1 kHz was used to mitigate direct saturation effects (cf. 

Eq. 2), whereas the upper bound for the saturation flip angle was βmax = 850 deg due to limits from the 

specific absorption rate (SAR). The upper limit of ∆max = 10 kHz was configured to maximize the MT 

signal sensitivity to F and T2r (98). No MT weighting was achieved from using a lower bound of βmin = 

50 deg. In order to explore a range of 18 down to 6 MT sampling points for subsequent qMT parameter 

estimation, two base sets of MT-weighted data were acquired:  

𝑆1 ≔ {∆ = 1, 10 [kHz] ∧  β = 50, 150, 250, 350, 450, 550, 650, 750, 850 [deg]}  

𝑆2 ≔ {∆ = 1, 10 [kHz] ∧  β = 50, 184, 316, 450, 584, 716, 850 [deg]} 

From the base sets, the following subsets were synthesized and also analyzed:   
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𝑆3 ≔ {∆ = 1, 10 [kHz] ∧  β = 50, 250, 450, 650, 850 [deg]} 

𝑆4 ≔ {∆ = 1, 10 [kHz] ∧  β = 50, 316, 584, 850 [deg]} 

𝑆5 ≔ {∆ = 1, 10 [kHz] ∧  β = 50, 450, 850 [deg]} 

The scan times for the base sets S1 (2 × 9 scans) and S2 (2 × 7 scans) were 6:00 min and 4:40 min; 

respectively. The synthetic data sets S3 (2 × 5 scans), S4 (2 × 4 scans) and S5 (2 × 3 scans) have notional 

scan times of 3:20 min, 2:40 min and 2:00 min, respectively. For qMT imaging, this leads to scan times 

that range from 7:15 min down to 3:15 min (including 53 s for the two VFA scans for B1-T1-mapping 

and 22 s for the two GRE scans for ∆B0 mapping). 

 

Results 

Figure 2 shows a comparison of the continuous-wave (CW) approximation (Eq. 2) with numerical 

simulations for white and gray matter using parameter values from (96). Within the range of 

experimentally applied offset irradiation frequencies (1 and 10 kHz) and saturation flip angles (β = 50 

to 850 deg) the CW solution overestimates MT-saturation effects by maximal 1.5% at 10 kHz, and at 1 

kHz the maximum relative error amounts to less than 5% for WM and less than 3.5% for GM. In 

summary, good agreement between the CW solution and the numerical simulations was found.  

Figure 3 summarizes in-vivo CW model fitting results (Eqs. [1,2]) for the average signal of two small, 

presumably homogeneous, regions of interest (ROI1 = 42 pixels, ROI2 = 24 pixels) using data from the 

18-samples set S1. Overall, the fitting residuals indicate appropriate modelling of the data. Upon B1 and 

ΔB0 correction, T1 and qMT parameter estimates for ROI1 (∆B0 = 2.9 Hz, 𝜁𝐵1 = 1.11) change for T1 

from 1182 ms to 873 ms, for F from 14.3±1.2 % to 15.0±1.2 %, for kf from 3.1±0.4 s-1 to 4.2±0.6 s-1, 

and for T2r from 12.0±0.4 μs to 12.0±0.4 μs. For ROI2 (∆B0 = 90 Hz, 𝜁𝐵1 = 0.98), T1 is changed from 

1526 ms to 1597 ms, F is changed from 7.7±0.7 % to 7.4±0.7 %, kf is changed from 1.9±0.3 s-1 to 

1.8±0.3 s-1, and T2r is changed from 11.3±0.5 μs to 11.2±0.5 μs. In summary, kf is most sensitive to and 

severely affected only by B1 field miscalibrations, F is affected by both B1 and ∆B0 field variations but 

more strongly by B1 than ∆B0 field miscalibrations, whereas the overall bias in T2r appears neglectable.        

This finding is further corroborated and summarized in Figure 4, showing the overall bias as introduced 

by B1 field miscalibrations only on both T1 and qMT parameter maps for a single axial slice using again 

the data from the 18-samples set S1. The typical B1 range of about ±25 % at 3 T results in an about two-

fold stronger bias in kf (±50 %), whereas variations in F are about three-fold less (±8 %). 
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Figure 2: Bloch simulation (solid line) versus CW two-pool model predictions (Eq. 2, dashed line) 

for typical MT parameter values at 3 T for (A) white matter (F = 13.7 %, kf = 4.3 s-1, R1,f  = 1.17 s-1, 

T2r = 12 µs), (B) gray matter (F = 6.2 %, kf = 1.8 s-1, R1,f   = 0.8 s-1, T2r = 10 µs), and their relative 

difference (C, D) as a function of the saturation flip angle beta at two different offset irradiation 

frequencies. 

 

Generally, T2r estimates are not affected by B1. This is in contrast to ∆B0 field variations where the 

maximum observed local off-resonances near the nasal cavity in the order of about +100 Hz lead to 

local variations in F by a few percent (less than about -3 %) and to overall changes in T2r by less than 

about 1 %. The forward exchange rate, kf, is unaffected (see Figure 5 for the assessment of ∆B0-field 

miscalibrations on qMT parameter maps).    

Figures 3, 4 and 5 were derived using the 18-samples set S1. In Figure 6, the effect of reduced sample 

sizes (and thus shortened scan times) on qMT parameter estimation is shown. Generally, qMT 

parameter maps show no marked fitting failures, even for the 6-samples set S5. As can be expected, 

however, the uncertainty in the parameter estimates increases with decreasing number of samples: for 

a ROI in WM (cf. Figure 6), F and kf estimates change from 16.3±1.1 % in set S1 to 16.2±2.1 % in the 

10-samples set S3 to 15.2±5.2 % for the 6-samples set S5, and from 3.7±0.4 s-1 in S1 to 3.8±0.8 s-1 in S3 

to 4.2±2.6 s-1 in S5, respectively. Overall, a similar trend is observed for T2r and similar observations 

were made for gray matter.  
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 Figure 3: (A) In-vivo CW two-pool model 

analysis (solid line) of MT-weighted 

signals from set S1 for two regions of 

interest, located in cortical brain tissue 

(ROI1, blue box, ∆B0 =2.9 Hz, 𝜁𝐵1 =1.11) 

and in the white matter (ROI2, red box, 

∆B0 =90 Hz, 𝜁𝐵1 =0.98). Square dots 

correspond to regional average signals 

from the MT-weighted images acquired 

with an offset frequency of Δ = 10 kHz, 

whereas round dots are representing 

regional average signals from MT-

weighted images acquired with Δ = 1 kHz. 

(B) Fitting residuals. 
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Figure 4: B1 bias on qMT model parameters. (A) B1-corrected T1,B1, FB1, kf,B1, and T2r,B1 parameter 

maps. (B) B1-map together with its relative contribution to uncorrected T1, F, kf, and T2r parameter 

estimates. 

 

 

 

 

Figure 5: ∆B0 bias on B1-corrected qMT model parameters. (A) ∆B0-B1-corrected F∆B0B1, kf,∆B0B1 and 

T2r,∆B0B1 parameter maps. (B) ∆B0-map together with its relative contribution to B1-corrected FB1, 

kf,B1 and T2r,B1 parameter estimates. 
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Discussion 

Generally, qMT parameter mapping requires a set of measurements with different MT-weighting and 

might thus suffer from over-lengthy scan time requirements in the clinical setting. One obvious strategy 

to reduce scan time is to reduce the number of MT sampling points and state-of-the-art methods 

typically require about a minimum of 10 sampling points (94,97). Alternatively, efficient sequences 

that offer short repetition times, such as bSSFP, can be used to reduce the overall scan time (17). Ideally, 

however, efficient signal acquisition is combined with a low number of sampling points. To this end, 

in this work, rapid whole brain qMT imaging was explored using an interleaved multi-slice spiral 

research sequence at 3 T for combined B1 and T1 mapping, as well as for the acquisition of a set of MT-

weighted signals with different saturation powers and off-resonances. Due to the interleaved multi-slice 

acquisition, a simple two-compartment CW MT model could be used to model the data. Without ∆B0 

correction, the total scan time of the investigated B1-corrected qMT protocols ranges from 6:53 min for 

the 18-samples set down to 4:13 min for the 10-samples set and finally down to 2:53 min for the 6-

samples set, yielding 50 slices with a resolution of 1.3×1.3×3.0 mm3 for T1, F, kf and T2r.  

 

 

Figure 6: Effect of sampling point reduction on B1-corrected qMT parameter estimates.  

 

Conventional qMT methods use sampling schemes covering a broad range of off-resonances (∆) at a 

rather limited number of MT saturation powers (β) (40,41,95). In this work, MT contrast was explored 
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using a broad range of saturation powers measured at two off-resonances. The latter approach was 

preferred since conventional methods include low off-resonances (∆ < 1kHz) but Eq. [2] does not 

account for direct saturation effects. Thus, MT saturation cannot be explored at low off-resonance 

frequencies. No such restriction, however, applies for the MT saturation power. Moreover, a different 

signal model is used and it is a priori unclear whether conventional optimal sampling schemes apply 

here as well.   

Overall, no systematic investigation was performed to find the optimal {β,∆} sampling pattern for a 

given number of measurements. Thus, different {β,∆} patterns might be found that even lead to more 

robust parameter estimates. The 6-point sampling pattern, however, embraces 3 MT saturation powers 

at two offset frequencies and comes close to the minimal number of scans required (94), indicating a 

reasonable choice of the sampling pattern. The 10-point sampling scheme together with the combined 

B1-T1 mapping can be performed in less than 5 minutes. Overall, estimated MT parameters were well 

within the range of what was previously reported  (95). 

In contrast to related work (56), a higher B1 bias is observed for F upon using B1 uncorrected VFA T1 

values (for the settings used here, about three-fold). Consequently, appropriate B1 correction appears 

mandatory but requires no extra scan time using the proposed rapid dual-contrast VFA approach (79).  

This is in contrast to ∆B0, where the typical maximum bias on F is limited to a few percent and is 

negligible for all other qMT parameter estimates. Thus, the bias in F from ∆B0 is on the order of the 

uncertainty of the measurement, especially for measurements using 10 or less sampling points. Thus, 

whether ∆B0 correction needs to be performed depends on the desired accuracy for the qMT parameter 

estimates, as well as whether the additional required 22 s needs to be spent or not.   

 

Conclusion 

A fast qMT imaging method is proposed based on two variants of an interleaved multi-slice spiral 

research sequence at 3 T. B1-correction was mandatory for appropriate MT parameter estimation while 

the overall effect of ∆B0 can be neglected. The 10-point MT-weighted sampling scheme together with 

the B1-T1 acquisition offers whole brain qMT imaging with clinically relevant resolutions in less than 

5 minutes and thus offers excellent prospects for widespread clinical translation and use. 
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Chapter 4 

Third Publication: Magnetization transfer ratio brain imaging at 

0.55 T 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

A modified version of this work is submitted to Magnetic Resonance in Medicine  
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Abstract 

Purpose: To provide a fast high-resolution magnetization transfer (MT) imaging method based on half-

radial double-echo bSSFP-sequence (bSTAR) at 0.55 T 

Methods: MT-prepared spoiled gradient echo (SPGR) was compared to MT-sensitized balanced steady 

state free precession (bSSFP) for magnetization transfer ratio (MTR) imaging at 0.55 T using 

simulations and measurements. The total scan time for MTR imaging was fixed to 5 minutes for both. 

MT-weighted and non-MT-weighted MRI was performed with an isotropic resolution of 1.5 mm. In 

addition, an MT-sensitized bSTAR was evaluated offering high sequence efficiency at low field. The 

reproducibility of MTR MRI with bSTAR was assessed using a histogram peak analysis of twelve 

consecutive scan-rescan experiments. 

Results: At low field, bSSFP MRI of the brain was essentially artifact-free. For 3D MTR imaging, both 

SPGR-MT and bSSFP-MT offered similar performance. The limited sequence efficiency of bSSFP-

MT, however, can be overcome by bSTAR, offering high-resolution MTR MRI with a nominal 

resolution of 0.87 mm isotropic of the brain within 5 minutes with values comparable to those reported 

at high field and showing excellent reproducibility.  

Conclusion: At low field, a double-echo half-radial bSSFP-based approach, known as bSTAR, 

produces reliable sub-millimeter isotropic MTR maps of the brain with acquisition times comparable 

to those of high-field methods. 
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Introduction 

Magnetization transfer (MT) was first demonstrated by Wolff and Balaban in the late 1980s introducing 

a new contrast beyond conventional T1, T2 and T2* weighted imaging (1) and has found wide-spread 

application to assess neurological disorders, such as tumors (20,21), Alzheimer’s disease (22,23,89,99), 

and multiple sclerosis (2,25,100,101), or to monitor brain developmental processes (102,103).  

The most commonly used method for MT imaging is based on spoiled gradient echo (SPGR) 

techniques. In this approach, additional off-resonance radio-frequency (RF) irradiation pulses  are 

played out at every repetition time (TR) interval with a high flip angle to induce a strong saturation in 

the macromolecular pool protons (7,71,87). Upon magnetization exchange processes, saturation is 

transferred to mobile protons, leading to a prominent and observable signal loss, generating the MT 

contrast. It is evident that the need for such MT-preparation modules will lower the overall sequence 

efficiency. In contrast, balanced steady-state free precession (bSSFP) has demonstrated high sensitivity 

to MT effects (16) that can be modulated by a simple adaptation of the duration of the RF pulses used 

for excitation (17). As a result, no special MT-preparation modules are required with bSSFP. It has been 

shown that at high field, 3D bSSFP-MT offers a three to about four times increase in the signal-to-noise 

ratio (SNR) for magnetization transfer ratio (MTR) imaging of the brain as compared to contemporary 

2D SPGR-MT protocols (104). Brain MRI with bSSFP, however, can be hampered in regions of 

prominent susceptibility variations, such as near the nasal cavities especially at higher field strengths, 

leading to prominent signal drops, so called banding artifacts (105).  

At low field, such as 0.55 T, susceptibility-related field inhomogeneities are considerably reduced, and 

bSSFP has shown excellent prospects for a wide range of clinical applications (106–109). Obviously, 

MT imaging of the brain with bSSFP will no longer be challenged by the presence of severe off-

resonance artifacts. As a result, following the observations at high field, bSSFP-MT imaging can be 

expected to represent the ideal choice to perform MTR imaging of the brain at low field. In general, 

however, longitudinal relaxation (T1) will also be enhanced at low field (110,111), thus affecting not 

only the steady state of SPGR and bSSFP sequences, but also the amount of MT-related saturation 

transfer effects that can be imprinted on the steady state signal. Moreover, at 0.55 T the overall SNR 

will be considerably reduced, and it is thus questionable whether MTR imaging of the brain can be 

performed with similar sensitivity and quality as compared to high field. 

In this work, we analyze and compare the prospects of 3D volumetric MTR imaging of the brain with 

isotropic resolution at low field using either SPGR-MT or bSSFP-MT.        
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Methods 

MT imaging 

MRI was performed on a commercially available 0.55 T low-field MR-system offering 25 mT/m 

maximum gradient amplitude and 40 mT/m/ms maximum gradient slew rate (MAGNETOM Free.Max, 

Siemens Healthineers, Erlangen, Germany). The 12-channel head coil was used for signal reception. 

Written informed consent was obtained from participants and measurements were approved by our local 

ethics committee. Three healthy volunteers were scanned (two females and one male with average age 

of 31.3 years) using a product 3D spoiled gradient echo (SPGR) sequence (87), a custom 3D balanced 

steady state free precession (bSSFP) sequence (44), and a half-radial dual-echo bSSFP sequence, termed 

bSTAR (112).  

For MT weighting, the product SPGR sequence used a Gaussian-shaped non-selective RF pulse of 7.68 

ms duration, played out with an off-resonance of 1500 Hz and a flip angle of 500°. The custom bSSFP 

and bSTAR sequence used a short non-selective RF excitation pulse of 140 µs duration to generate MT-

weighting. Non-MT-weighted imaging with bSSFP and bSTAR was performed with a non-selective 

RF excitation pulse of 1400 µs and 1800 µs duration, respectively.    

For SPGR, imaging was performed with a bandwidth (BW) of 110 Hz/Px and a TE / TR of 5.86 ms / 

23 ms (sequence efficiency: 𝜂 = (𝐵𝑊 · 𝑇𝑅)−1 ~ 40 %). A field of view (FOV) of 240 × 240 × 240 

mm3 and a matrix size of 160 × 160 × 160 was used yielding an isotropic resolution of 1.5 mm. The 

acquisition time was 2:46 min for one scan. Six pairs of MT-weighted and non-MT-weighted SPGR 

scans were acquired with flip angles of 5°, 10°, 15°, 20°, 25°, and 30°.  

For bSSFP, MT-weighted imaging was performed with a bandwidth of 868 Hz/px and a TE / TR of 

2.15 ms / 4.3 ms (sequence efficiency: 𝜂 ~ 27 %). The same FOV and matrix size was used as with 

SPGR, but with a phase oversampling of 9% to fine tune the overall acquisition time of bSSFP MT-

weighted scans averaged five times to the acquisition time of one single SPGR scan. Non-MT-weighted 

bSSFP imaging was performed with a bandwidth of 919 Hz/px, a TE / TR of 2.75 ms / 5.5 ms (sequence 

efficiency: 𝜂 ~ 20 %) and a phase oversampling of 6 % for bSSFP scans with four averages. Four pairs 

of MT and non-MT-weighted bSSFP scans were acquired for flip angles of 30°, 40°, 50°, and 60°.  

The bSTAR sequence employs a simple bSSFP-kernel with a non-selective RF excitation, a single 

bipolar gradient for image encoding, and one single ADC spanning the entire length of the bipolar 

gradient. The two echoes are sampled with center-out and center-in half-radial projections, following 

an Archimedean spiral trajectory. More technical details about the pulse sequence can be found in (112). 

Brain MRI with bSTAR was performed with a flip angle of 40°, using 775 Hz/px bandwidth, 40’000 

radial half-projections, 208 samples per half-projection for a FOV of 256×256×256 mm3. MT-weighted 

images were produced with TE1 / TE2 / TR of 0.10 ms / 2.62 ms / 2.9 ms (sequence efficiency: 
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𝜂 ~ 89 %); non-MT-weighted with TE1 / TE2 / TR of 0.93 ms / 3.49 ms / 4.5 ms (sequence efficiency: 

𝜂 ~ 57 %). The acquisition times were 1:57 and 3:01 min for the MT-weighted and the non-MT-

weighted bSTAR scans, respectively.  

Data from the bSTAR scans were reconstructed off-line to its nominal isotropic resolution of 0.87 mm, 

as well as to lower resolutions of 1 mm and 1.5 mm, using a GPU accelerated compressed sensing 

reconstruction with a fast iterative shrinkage-thresholding algorithm (FISTA)(113). The reconstruction 

time of a single dataset with a reconstruction matrix 3203 took approximately 50 seconds using 10 

FISTA iterations. The in-house developed software for image reconstruction was written in C++ (GNU 

Compiler Collection 12.2 64-bit on Linux operating system) and CUDA Toolkit 12.0 (NVIDIA Corp., 

Santa Clara, CA). The reconstruction workstation was equipped with 2x Epyc 7502 CPU (AMD Inc. 

Santa Clara, CA) and Quadro RTX 8000 GPU (NVIDIA Corp.).  

 

Data evaluation 

MTR contrast was calculated from using two acquisitions (5): one without (S) and one with (SMT) the 

MT-saturation according to  

𝑀𝑇𝑅 = 100 × (𝑆 − 𝑆𝑀𝑇)/𝑆                [1] 

and reported in percent unit ([p.u.]). 

For a comparison between SPGR-MT and bSSFP-MT, we computed average SNR values for MTR 

images based on the “difference method” (114), as follows: 

From two identical and consecutive SPGR (or bSSFP) scans, a third image volume was derived by 

taking the difference between the two recorded image volumes. A region-of-interest (ROIs) was placed 

in the frontal white matter (WM) and noise was estimated from the difference image. Since the same 

bandwidth and TR was used for all SPGR measurements, noise was estimated from two consecutive 

non-MT-weighted SPGR acquisitions with a flip angle of 30° and considered to be constant for all 

SPGR scans. Due to different bandwidths and repetition times used with bSSFP, noise estimation was 

performed independently for MT-weighed and non-MT-weighted bSSFP acquisitions at flip angle of 

40°. The SNR of MTR was then calculated as the ratio of the ROI’s average MTR to its standard 

deviation of noise (as given and measured by the difference method). Finally, the mean and standard 

deviation of the resulting average SNR of MTR were calculated over all volunteers.  

To assess reproducibility, pairs of MT-weighted and non-MT-weighted bSTAR scans were acquired 

twelve times. The volunteers were repositioned inside the MR-scanner prior to each consecutive scan. 

Subsequently, MTR histogram analysis of the segmented WM and gray matter (GM) was performed 

for each MTR image. Histogram peak positions were extracted from bulk GM and WM using non-
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linear least-square fitting of a simple Gaussian distribution (54). Box plots were generated for the 

assessed peak positions, serving as indicators of reproducibility for the scan–rescan experiment. 

Skull-stripping and WM and GM segmentation was performed using a standard MPRAGE scan and the 

results were co-registered to the bSTAR images. The standard software package FSL (FMRIB Software 

Library v6.0, Oxford, UK) was used for segmentation of the MRI datasets. 

 

Numerical Simulations  

For SPGR, a numerical simulation of the two-pool model for MT was performed (6). A standard ODE 

solver was used to retrieve the time evolution of the magnetization from the set of coupled ordinary 

differential equations (assuming ideal spoiling of reminiscent transverse magnetization); as described 

in detail elsewhere (95). For the simulation, the same SPGR-MT sequence timings, and MT pulse 

settings were used as for imaging (for details, cf section ‘MT Imaging). 

For bSSFP, MT effects were simulated at on-resonance and based on the analytical two-pool bSSFP 

model; as described in detail elsewhere (see Eq. 10 in ref. (44)). For the simulation, the same bSSFP 

sequence and RF pulse settings were used as for the imaging (for details, cf. section ‘MT Imaging’).  

For the two-pool model, the following white matter brain tissue parameters were assumed: F = 15.8 %, 

kf = 4.9 s-1, T2,r = 12 µs, R1,r = R1,f (44) with field dependent relaxation times: T1,f = 493 ms, T2,f = 89 ms 

at 0.55 T, and T1,f = 900 ms, T2,f = 50 ms at 3T. (44,111,115,116). A super-Lorentzian line shape with 

G(∆→0) = 1.4×10-5 s-1 was assumed for bSSFP.  

Monte Carlo simulations were performed to simulate the SNR of MTR imaging as per Eq. [1].  For 

SPGR-MT imaging, a noise level of nSPGR = 0.005 [M0] (where M0 is the equilibrium magnetization) 

was assumed for both scans; that is without and with MT-weighting. The SNR of MTR for SPGR was 

simulated as a function of the flip angle and finally normalized to its maximum value. For bSSFP-MT, 

the noise level was adjusted to the difference in sampling time per unit time, i.e., the sequences 

bandwidth (BW) per unit time, according to   

𝑛𝑏𝑆𝑆𝐹𝑃

𝑛𝑆𝑃𝐺𝑅
= √

𝑇𝑅𝑏𝑆𝑆𝐹𝑃

𝑇𝑅𝑆𝑃𝐺𝑅
·

𝐵𝑊𝑆𝑃𝐺𝑅

𝐵𝑊𝑏𝑆𝑆𝐹𝑃
            [2] 

yielding nbSSFP = 0.006 [M0] for the MT-weighted bSSFP scan and nbSSFP = 0.007 [M0] for the non-MT-

weighted bSSFP scan. Finally, the SNR of bSSFP-MTR was divided by the maximum value of the SNR 

of SPGR-MTR.  

Simulations, and all other image postprocessing and visualizations were performed using MATLAB 

R2019a (The MathWorks, Natick, MA). 
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Results 

Numerical simulations of both MT-weighted and non-MT-weighted, white matter SPGR and bSSFP 

signals are shown in Figure 1 at 0.55 T and 3 T as a function of excitation flip angle. As can be expected, 

the shortening of the T1 relaxation time with decreasing main magnetic field leads to an increase in the 

steady state signal for the SPGR (Figure 1A) and bSSFP (Figure 1B) without MT-weighting. Similarly, 

the MT-weighted steady state is increased for both methods as a result of reduced persistent MT 

saturation transfer effects in the liquid pool protons due to enhanced re-polarization (see Figures 1A 

and 1B). As a result, MTR for SPGR is monotonically increasing with decreasing flip angle, reaching 

its maximum in the limit of zero flip angles and thus in the limit of zero steady state (Figure 2A), 

whereas MTR for bSSFP exhibits a pronounced maximum for flip angles that also yield close-to-

maximum steady state values (Figure 2B). SNR for SPGR-MTR maximizes for flip angles 𝛼 ∼ 10° – 

15° (Figure 2C), and thus with reduced MTR values as compared to the limit of 𝛼 → 0, whereas SNR 

for bSSFP-MTR maximizes around its maximum MTR value (Figure 2D). Overall, both methods show 

a similar SNR performance at low field; with a small advantage for bSSFP (predicted SNR gain of 13 

%).       

 

 

 

 

 
 

Figure 1: Simulated MT-weighted (dashed line) 

and non-MT-weighted (solid line) signal from 

(A) SPGR and (B) bSSFP for typical white matter 

values at 0.55 T (red line), and 3 T (green line) 

as a function of excitation flip angle. 

 

The results of SPGR-MT imaging are collected in Figure 3 for a range of flip angles covering both the 

expected maximum MTR and the expected maximum SNR for MTR imaging (see Figure 2). The 

predicted monotonical decrease in the MTR values with increasing flip angles is apparent. Similarly, a 

strong modulation of the non-MT-weighted and the MT-weighted SPGR signals is observed, as 

expected; with a pronounced signal drop as the flip angle approaches zero. This is in contrast to the 

signal modulations, as observed for bSSFP (Figure 4), around its expected maximum MTR and its 

expected maximum SNR for MTR imaging. Visually, as imaging is performed around the steady state 

maximum (Figures 1B and 1D), no pronounced dependence on the flip angle setting is apparent neither 
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in the MT-weighted and non-MT-weighted bSSFP images, nor in the corresponding MTR image. 

Generally, due to mitigated susceptibility-related off-resonances at low-field, bSSFP imaging is 

essentially free of banding artefacts. 

 

 

Figure 2:   Simulated MTR and SNR of MTR as a function of flip angle for typical white matter values 

at 0.55 T using (A,B) SPGR and (C,D) bSSFP. The relative SNR (rSNR) values were derived by 

normalizing to the maximum SNR of MTR from SPGR. 

 

An estimate of the resulting MTR values and their corresponding SNR is given in Figure 5 as a function 

of the flip angle for brain white matter. For SPGR, MTR values increase with decreasing flip angles 

(Figure 5A) with a maximum SNR for a flip angle of 15° (Figure 5B); in agreement with simulations 

(see Figures 2A and 2B). Likewise, and in agreement with simulations (see Figures 2C and 2D), MTR 

values and SNR maximizes for bSSFP for a flip angle around 40° to 50° (Figure 5 C and 5D). In 

agreement with predictions, MTR imaging with bSSFP offers a slight increase in the SNR of about 13 

%, as compared to SPGR at low field.  
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Figure 3: From top to bottom: non-MT-weighted, MT-weighted, and MTR images produced by 

product SPGR sequence using different excitation flip angles. An exemplary ROI is shown on the top 

left image. 

 

 

 

 

Figure 4: From top to bottom: non-MT-weighted, MT-weighted, and MTR images produced by 

Cartesian bSSFP sequence at different excitation flip angles.   
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Figure 5: Mean and standard deviation of MTR values obtained from ROIs in brain white matter 

along with their corresponding SNR, acquired with (A,B) SPGR and (C,D) bSSFP at 0.55 T. the 

average values are represented by circles, while the vertical lines indicate the standard deviation. 

 

In this study, however, Cartesian bSSFP imaging suffers from limited gradient switching times leading 

to a rather low sequence efficiency at low field as compared to what can be achieved on clinical state-

of-the-art systems at high field. This results in an unnecessary drop in the overall SNR performance for 

bSSFP, as compared to SPGR imaging. The sequence efficiency of bSSFP can be considerably 

increased by using half-radial encoding, as proffered by bSTAR (see ‘Methods’ section). The prospects 

of bSSFP-MT brain imaging at low field are thus further explored with bSTAR using optimal MTR flip 

angle settings (see Figures 5C and 5D). The corresponding results are shown in Figure 6; reconstructed 

to the nominal isotropic resolution of 0.87 mm, as well as to lower resolutions of 1 mm and to 1.5 mm 

for direct visual comparison with the results from Cartesian bSSFP MTR imaging (Figure 4). Generally, 

the shortened TR with bSTAR, as compared to Cartesian bSSFP, results in an increase of the local 

average MTR value of frontal white matter from approximately 38 [p.u.] to about 46 [p.u.] due to 

increased saturation effects. For completeness, sagittal and coronal views of bSTAR-MTR imaging 

with nominal 0.87 mm isotropic resolution are shown in Figure 7. Observed MTR values were well 

within the typical expectation from high-field MT imaging (5,117). 
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Figure 6: From left to right: non-MT-weighted, 

MT-weighted, and MTR images produced by 

bSTAR sequence with flip angle of 40° and 

reconstructed with different resolutions.  

  

Figure 7: Exemplary coronal and sagittal view 

of non-MT-weighted, MT-weighted, and MTR 

images from bSTAR sequence reconstructed 

with 0.87 mm resolution. 

 

Corresponding whole-brain, white and gray matter, MTR histograms are shown in Figure 8. The whole 

brain MTR histogram peak is located at 42.1 [p.u.] whereas white and gray matter peaks are located at 

43.6 [p.u.] and 40.7 [p.u.]; respectively. The result of reproducibility assessment is summarized in 

Figure 9, showing the bulk white and gray matter histogram peak location values from 12 independent 

measurements (Figure 9A), as well as their mean and standard deviation (Figure 9B) for white matter 

(43.5 ± 0.08 [p.u.]) and gray matter (40.5 ± 0.2 [p.u.]). 

 

 

Figure 8:  MTRbSTAR histogram for whole 

brain (green line), segmented white 

matter (blue line) and segmented gray 

matter (red line) of a healthy subject. 

bSTAR images were reconstructed to 0.87 

mm isotropic resolution. MTR values of 

CSF were removed from the histogram. 
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Figure 9: Reproducibility assessment from 

scan–rescan experiments using an MTR 

histogram peak analysis of bSTAR images 

reconstructed offline with 0.87 mm isotropic 

resolution. (A) Histogram peak values of 

segmented WM (red) and segmented GM (blue) 

extracted from 12 repetitions. (B) 

corresponding box plots for WM and GM 

representing the median, lower and upper 

quartiles, as well as the maximum and 

minimum peak values. 

 

 

Discussion 

At high field, MT imaging is commonly performed with SPGR using either 2D multi-slice (87) or 3D 

volumetric acquisitions (39). Generally, within the context of MT imaging, 2D multi-slice SPGR 

imaging offers a proton-weighted imaging base contrast, whereas 3D SPGR is typically T1-weighted. 

MT imaging with bSSFP builds-up from a T2/T1-weighted image contrast. In this work, we compared 

3D isotropic SPGR and bSSFP imaging for their prospects of MT imaging at low field. As shown by 

simulations, 3D SPGR imaging at low field results in a pronounced flip angle dependency in its steady 

state, as well as in the MTR, with rather diametral requirements: very low flip angles for maximum 

MTR values, but moderate flip angles close to the Ernst angle (118) to achieve a reasonable SNR for 

MTR imaging. This issue is of course also present at high field, but less accentuated as a result of the 

prolonged T1 time with increasing main magnetic field (resulting in a decrease of the Ernst angle). Of 

course, also bSSFP shows some dependency on the field strength for MTR imaging, requiring higher 

flip angles for lower fields. For bSSFP, however, MTR maximizes around its optimal flip angles 

settings.  

At low field, 3D MTR imaging of the brain with either SPGR or bSSFP offered an overall comparable 

SNR. For SPGR, a product sequence was used without further modification or optimization of the MT 

contrast; i.e., by optimizing the off-resonance irradiation frequency or the saturation power of the MT-
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preparation pulses. For bSSFP, a custom sequence was used, offering a freely adjustable RF pulse 

duration. Since the RF pulse is used for both excitation and MT saturation, the flip angle cannot be 

adjusted freely to maximize the MT contrast. Typically, the flip angle is adjusted to the maximum 

bSSFP signal, and the MT contrast is optimized by minimizing the TR and the RF pulse duration for 

the MT-weighted bSSFP scan. This requirement, in combination with the low performance gradient 

system used in this work, resulted in a considerable drop in bSSFP’s sequence efficiency, as compared 

to implementations on contemporary high-field systems. In order to bypass the issue of limited slew 

rates, a half-radial dual-echo bSSFP method, termed bSTAR, was used, offering maximum sequence 

efficiency. From the short TR, as proffered by bSTAR, MTR imaging of the brain at low field was 

essentially free of banding artifacts.  

In combination with the compressed sensing reconstruction, bSTAR was able to provide MTR images 

of the brain down to sub-millimeter isotropic resolutions for acquisition times of less than 5 minutes. 

As a result, MTR brain imaging with bSTAR appears to be able to easily compete in terms of resolution 

and scan time with contemporary high-field MTR methods; offering unprecedented and rather 

unexpected performance for neurological examinations of the brain at low field. Its clinical value and 

sensitivity, however, still needs to be demonstrated and shown.      

 

Conclusion 

At low field, a half-radial double-echo bSSFP approach, termed bSTAR, in combination with a 

compressed sensing approach, offers sub-millimeter isotropic MTR imaging of the brain within 

comparable acquisition times to contemporary high-field imaging methods. MTR MRI of the brain with 

bSSFP thus offers excellent prospects for neurological examinations at low field; potentially without 

any noticeable limitations in terms of resolution and scan time due to the markedly reduced SNR at low 

field as compared to high field.   
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Chapter 5 

Discussion, Outlook, and Conclusion 
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5.1 Discussion 

The purpose of this thesis was to establish new imaging methodologies for rapid and robust MT imaging 

of the brain at both low (0.55 T) and high (3 T) field strength, with prospects for clinical routine 

application. At high fields, a spiral whole-brain MT-prepared SPGR technique was explored with 

regards to speed and accuracy. At low-fields, efficiency, and speed of a bSSFP-based technique 

(bSTAR) was expanded to sub-millimetre MT imaging of the brain. The main outcomes and 

shortcomings of these efforts are briefly described in the following: 

Chapter 2. Current standard methods for MTR imaging on high-field MRI devices requires 

approximately 6 minutes of scanning time (87). To correct for B1 non-uniformity, an additional B1-map 

must be acquired, which can take between 1 to 10 minutes depending on the method used (73,75–77). 

In this chapter, a MT-prepared prototype interleaved 2D multi-slice SPGR sequence with spiral 

trajectory was combined with a low-resolution B1-mapping acquisition to produce B1-corrected MTR 

images in less than one minute. By encoding B1 information within the same sequence scheme, B1-

correction could be achieved without incurring any extra scan time. Simulation results from the two-

pool model for the specific TR and flip angle used in this study demonstrate that the B1-related MTR 

variation in typical white matter and grey matter can be reduced by a factor of 10 when a simple first-

order correction scheme is applied. Reproducibility assessments using the volumetric histogram peaks 

showed that B1-correction reduced the scan-rescan variability of MTR. Overall, generated B1-corrected 

MTR values were highly reproducible and in good agreement with previous work, offering potential 

for longitudinal studies.  

It is important to note that the linear B1-correction method used here is only suitable for PD-weighted 

images and may not be applicable when T1-weighting of the MT-weighted signal cannot be ignored. In 

such cases, a nonlinear correction scheme may be necessary, which could increase the scan time. 

Furthermore, the speed of the proposed method in this study offers a reduced likelihood of motion-

related artifacts between MT-weighted and non-MT-weighted images, however, some residual 

influence of non-matched motion states might still persist. 

Chapter 3. Quantitative MT parameter estimation relies on the collection of multiple data points. To 

date, several qMT imaging methods have been proposed that take between 30 to 60 minutes (39–41,44). 

However, the lengthy acquisition time poses a challenge regarding their incorporation into clinical 

practice. The work presented here showed that highly accurate whole-brain B1-corrected qMT 

parameter estimates can be obtained in less than 5 minutes using an MT-prepared interleaved multi-

slice SPGR sequence similar to the one described in chapter 2. Numerical simulations confirmed 

suitability of a simple CW two-pool model in describing the data derived from the interleaved multi-

slice scheme. An evaluation of 5 different sets of MT-weighted images consisting of 6 to 18 data points, 
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confirmed the stability of the proposed two-pool model. The results suggest B1-correction is necessary, 

while B0-related errors appear negligible.  

The proposed rapid B1-corrected qMT imaging method for 3 T is assumed to be faster than any 

previously reported method in the literature. However, it is important to keep the sampling scheme 

limited to off-resonances higher than 1 kHz to avoid direct saturation. This constraint enables further 

simplification of the two-pool model leading to reduced computational load but prevents exploration of 

low off-resonances. Furthermore, the sampling pattern for the series of acquired MT-weighted contrasts 

proposed in this work can further be optimized, potentially leading to an increase in accuracy of the 

qMT parameter estimates.  

Chapter 4. MT imaging was previously performed at 0.5 T and 0.6 T field strengths almost three 

decades ago (6,40). However, due to the limited gradient efficiency at low fields, the resulting image 

resolution was poor, prompting the clinical MRI community to shift to higher fields for MT imaging. 

Nevertheless, with the recent re-introduction of clinical low-field MRI, new hardware and software 

advancements could improve MT imaging quality at low fields and thereby make it suitable for clinical 

applications. Here, a product SPGR sequence was compared to a MT-sensitized bSSFP.  

Results from a comparison between commonly used MT-prepared SPGR and MT-sensitized bSSFP 

demonstrated that bSSFP slightly outperforms SPGR in terms of SNR, particularly at low fields, where 

reduced field inhomogeneities can ensure artifacts free bSSFP images. Furthermore, it was shown that 

the sequence efficiency of bSSFP can be improved considerably using a bSSFP-based method termed 

bSTAR, which utilizes a very high fraction of TR for signal sampling to achieve sub-millimeter MT 

images with higher SNR and increased MT sensitivity within the same scanning time as bSSFP. The 

bSTAR method was capable to provide MTR data at a nominal isotropic resolution of 0.87 mm.  

 

5.2 Outlook 

In this section an account of possible future work using the outcomes of this thesis is proposed.  

Clinical environment: this thesis presents fast and robust MTR and qMT imaging approaches that 

enable further integration of MT parameter maps into clinical routine.  Therefore, future work may 

focus on implementing the proposed methods into clinical practice. In this context, three areas can be 

explored: first, the fast and reliable MTR imaging methods proposed in chapters 2 and 4 are well-suited 

for longitudinal and multi-center studies. Therefore, it is important to develop a standard protocol aimed 

at achieving high inter-scanner reproducibility, similar to what has been done previously for MT-SPGR 

(87). Second, the qMT method proposed in chapter 3 provides reliable estimation of macromolecular 

proton fraction in brain tissue within a short acquisition time of 5 minutes. Although this parameter has 

demonstrated great potential in studying diseases such as MS and Alzheimer's due to its pathological 



57 
 

specificity (for a comprehensive review see (48)), its application has been limited by long acquisition 

times and complicated analysis pipelines, leading to a scarcity of trial studies and publications in this 

area. Therefore, it may be worthwhile to explore quantitative MT parameters as a complementary or 

alternative marker in studies related to the evolution and diagnosis of such diseases, using the method 

presented in this work. third, the submillimeter MTR imaging method proposed for low field systems 

in Chapter 4 has potential applications in high acuity brain imaging (119) for quickly identifying acute 

problems in patients in a cost-effective and safe manner, particularly when implants and metal objects 

are present. This technique could be incorporated into the emergency ward routine, e.g. for cases of 

stroke (120) or other traumatic brain injuries (121). 

Optimized sampling pattern: The proposed qMT imaging pattern can be further optimized to decrease 

uncertainty in the MT parameter estimates. Perhaps an iterative reduction approach as reported in ref. 

(94) or a Cramer Rao Lower Bound  method as suggested in ref. (97) could be adapted to our proposed 

qMT imaging technique. To which extent each of the quantitative parameter maps will benefit from the 

optimized sampling scheme is yet to be determined.  

qMT at low-fields:  At low-field strengths, sub-millimeter MTR maps of the brain have been obtained 

with bSTAR imaging. Since MTR is a semi-quantitative rather than a fully quantitative measure, a 

natural extension of this method will be the extraction of the qMT parameters to further enhance the 

great potential of bSTAR in the field of MT imaging for clinical applications. To this end, a previously 

proposed qMT bSSFP two-pool model (44) can be adjusted to our application to provide quantitative 

MT estimates and thus a more objective tissue characterization as compared to MTR . The limitations 

and potential of this method in modeling the bSTAR MT data at low fields is still subject to research.  

Deep learning: In this thesis, we addressed the lengthy acquisition time required for qMT imaging. As 

a continuation of this work, the post-acquisition time required for voxel-by-voxel two-pool model fitting 

can be reduced by using an artificial neural network (ANN)-based method as it was used for MR 

fingerprinting (122) or diffusion MRI (123). Deep learning, an ANN-based approach, can reduce the 

post-processing time for two-pool model fitting. Recently, such an approach was applied to accelerate 

qMT model fitting (124), and it can be employed in conjunction with the method developed in chapter 

three to further enhance the efficiency of the proposed framework. 

 

5.3 Conclusion  

In conclusion, this thesis successfully addressed some of the current challenges of MT imaging by 

developing rapid and robust approaches in both high and low fields. At low field, the efficiency of the 

proposed acquisition scheme was leveraged to achieve MTR maps of submillimeter resolution within 

5 minutes. At high field, the speed of the spiral acquisition was invested to obtain reliable B1-corrected 
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MTR maps in only one minute and fully quantitative B1-corrected MT parameter maps in only five 

minutes. Overall, the proposed methods promote practicality of MT imaging in clinical settings.  
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