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Abstract 

Diffusion magnetic resonance imaging (dMRI) is a leading imaging modality for obtaining 

in-vivo information about brain connectivity and microstructure. In recent years, there has been 

increasing interest in using dMRI to investigate small brain structures, such as the cortex and 

hippocampus, driven by advancements in microstructure models and imaging technologies. 

However, achieving high and ultra-high effective resolutions with current diffusion imaging 

methods remains challenging, especially within reasonable scan times on clinical scanners. This 

PhD project 1) characterizes the effective resolution of dMRI that can be achieved using 2D 

sequences at 7 Tesla (T), and 2) introduces a novel SNR-efficient 3D sequence at 3 T that balances 

the trade-off between scan time and resolution. 

The first objective of this thesis was to evaluate the effective resolutions that can be 

achieved using an efficient single-shot spiral readout trajectory at 7 T to maximize the SNR. The 

difference between nominal and effective resolution of dMRI, due to T2
* decay during readout, has 

not been extensively studied at 7 T. First, I explored the effective resolution of dMRI through 

extensive sequence simulations and point spread function (PSF) characterization. A 2D single-shot 

spiral trajectory was implemented, and field monitoring probe measurements were integrated into 

the image reconstruction pipeline to correct distortions and artifacts caused by unwanted fields. 

Simulation results showed that the effective resolution of a spiral trajectory is ~25% lower than 

the nominal resolution at 3 T and ~45% lower at 7 T. However, in-vivo comparisons to a typical 

echo planar imaging (EPI) trajectory demonstrated that spirals provide ~40% higher SNR than EPI 

at a matching effective resolution of 1.5 mm at 7 T. 
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These results further indicated that even though using spirals at 7 T improves the SNR 

efficiency significantly, submillimeter effective resolutions require higher SNRs than can be 

achieved with a 2D single-shot spiral. To address these limitations and further increase SNR 

efficiency, the second objective of this thesis was to design a novel 3D Multishot Enhanced 

Recovery Motion Artifact Insensitive Diffusion (MERMAID) sequence. This sequence 

significantly enhances signal recovery by incorporating an additional inversion pulse immediately 

before the excitation pulse in a typical spin-echo sequence. Trajectory using radially batched 

internal navigator echoes (TURBINE) readout was employed to correct phase errors between shots 

caused by macroscopic motion. Phantom and in-vivo scans demonstrated that this new sequence 

improves SNR efficiency by 30-80% compared to typical multi-slice 2D spin-echo sequences. This 

improvement allowed for the acquisition of scans with nominal and effective resolutions of 0.74 

mm and ~0.9 mm, respectively, at 3 T, with a maximum b-value of 2000 s/mm² in 112 directions, 

all within 37 minutes. This is a significant improvement to most recent high-resolution dMRI 

works that acquire a similar diffusion protocol in 100 minutes at 3 T. 

The results of this PhD research show that 2D single-shot spiral imaging is more SNR 

efficient than typical 2D techniques for high-resolution (~1.5-1.2 mm effective resolution) imaging 

at 7 T. For submillimeter resolutions, the SNR efficiency of the 3D MERMAID sequence is 

required. This sequence holds great potential for investigating the microstructure of small brain 

structures within feasible scan times on clinical scanners. There is also potential to further improve 

SNR by implementing 3D MERMAID at 7 T, which would also address the challenges of B1
+ 

nonuniformity at ultra-high fields.  
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Résumé 

L'imagerie par résonance magnétique de diffusion (IRMd) est l'une des principales 

modalités d'imagerie permettant d'obtenir des informations in vivo sur la connectivité et la 

microstructure du cerveau. Ces dernières années, l'IRMd a suscité un intérêt croissant pour l'étude 

des petites structures cérébrales, telles que le cortex et l'hippocampe, grâce aux progrès réalisés 

dans les modèles de microstructure et les technologies d'imagerie. Cependant, l'obtention de 

résolutions effectives élevées et ultra-élevées avec les méthodes actuelles d'IRMd demeure un défi, 

surtout pour des temps de balayage raisonnables sur les scanners cliniques. Ce projet de doctorat 

1) caractérise la résolution effective de l'IRMd qui peut être atteinte en utilisant des séquences 2D 

à 7 Tesla (T), et 2) introduit une nouvelle séquence 3D efficace en terme de rapport signal/bruit 

(RSB) à 3 T avec un compromis optimal entre le temps de balayage et la résolution. 

Le premier objectif de cette thèse était d'évaluer les résolutions effectives qui peuvent être 

atteintes en utilisant une trajectoire de lecture en spirale à 7 T pour maximiser le RSB. La différence 

entre la résolution nominale et effective de l'IRMd, due à la décroissance pondérée T2* du signal 

pendant la lecture, n'a pas fait l'objet d'études approfondies à 7 T. Tout d'abord, j’ai exploré la 

résolution effective de l'IRMd grâce à des simulations approfondies de séquences et à la 

caractérisation de la fonction d'étalement du point (PSF). Une trajectoire en spirale 2D à balayage 

unique a été mise en œuvre, et les mesures de variations du champs par des sondes additionnelles 

ont été intégrées dans le pipeline de reconstruction d'image pour corriger les distorsions et les 

artefacts causés par les champs indésirables. Les résultats de la simulation ont montré que la 

résolution effective d'une trajectoire en spirale est inférieure d'environ 25 % à la résolution 

nominale à 3 T et d'environ 45 % à 7 T. Cependant, des comparaisons in vivo avec une trajectoire 
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typique d'imagerie écho planaire (EPI) ont démontré que les spirales fournissent un RSB environ 

40% plus élevé que l'EPI à une résolution effective correspondante de 1,5 mm à 7 T. 

Ces résultats ont également montré que, bien que l'utilisation de spirales à 7 T améliore 

considérablement l'efficacité du RSB, les résolutions effectives submillimétriques nécessitent des 

RSB plus élevés que ceux que l'on peut obtenir avec une spirale 2D à balayage unique. Afin de 

remédier à ces limitations et d'augmenter l'efficacité du RSB, le deuxième objectif de cette thèse 

était de développer une nouvelle séquence 3D de diffusion insensible aux artefacts de mouvement 

(MERMAID). Cette séquence améliore considérablement la récupération du signal en incorporant 

une impulsion d'inversion supplémentaire immédiatement avant l'impulsion d'excitation dans une 

séquence de type écho de spin. La trajectoire de balayage TURBINE a permis de corriger les 

erreurs de phase entre les acquisitions causées par le mouvement macroscopique. Des scans sur 

fantôme et in vivo ont démontré que cette nouvelle séquence améliorait l'efficacité du RSB de 30 

à 80 % par rapport aux séquences 2D à écho de spin typiques. Cette amélioration a permis 

l'acquisition de scans avec des résolutions nominales et effectives de 0,74 mm et ~0,9 mm 

respectivement à 3 T, avec une valeur b maximale de 2000 s/mm² et 112 directions, le tout en 37 

minutes. Il s'agit donc d'une amélioration significative par rapport à des travaux qui permettent 

d'acquérir un protocole de diffusion similaire en 100 minutes à 3 T. 

Les résultats de cette recherche doctorale montrent que l'imagerie en spirale en un seul 

balayage améliore significativement le RSB pour l'imagerie 2D à 7 T. Cependant, pour des 

résolutions submillimétriques, l'efficacité RSB de la séquence 3D MERMAID est nécessaire. Cette 

séquence présente un grand potentiel pour l'étude de la microstructure des petites structures 

cérébrales dans des temps de scan réalisables sur des scanners cliniques. Il est également possible 

d'améliorer davantage le RSB lorsqu'elle est mise en œuvre à 7 T, ce qui peut également permettre 
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de relever les défis de la non-uniformité du champs de radio-fréquence B1+ aux des champs ultra-

élevés. 
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Original contributions 

Chapter 3 

The original contributions to methodology and knowledge of Chapter 3 are listed below. 

Three parameters were defined from point spread function (PSF) analysis to characterize 

image quality: specificity, sharpness and effective resolution. Sequence simulations were 

performed for echo planar imaging (EPI), partial Fourier EPI (PF-EPI) and spiral trajectories, and 

these parameters were calculated. 

At a matching nominal resolution, EPI has the highest specificity, sharpness and effective 

resolution compared to PF-EPI and spirals. 

Effective resolutions are ~45% and ~25% lower than nominal resolution at 3 T and 7 T, 

respectively. 

Effective resolutions of spiral trajectory are ~10% and ~20% lower than EPI trajectories at 

3 T and 7 T, respectively. 

At a matching effective resolution, spirals offer ~50% higher SNR efficiency than EPI and 

PF-EPI trajectories at 7 T. 

A framework was developed for simulating and characterizing dMRI scans acquired with 

EPI, PF-EPI, and spiral trajectories which is available on GitHub and re-used by another group 

(https://github.com/TardifLab/dMRI_sequence_simulations). 

dMRI sequences using EPI and spiral trajectories were implemented on a 7 T scanner, 

optimized for the use of field monitoring probes. A multi-echo GRE sequence, adapted for field 

https://github.com/TardifLab/dMRI_sequence_simulations
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monitoring probes, was also implemented to enhance ΔB0 field mapping. These sequences can be 

shared with other sites through sharing websites. 

Field measurements described using spherical harmonic terms were incorporated into an 

image reconstruction pipeline. This pipeline uses a forward model to correct the effects of B0 field 

nonuniformities and other gradient imperfections, resulting in scans with minimal artifacts and 

distortions. It is available on GitHub (https://github.com/TardifLab/ESM_image_reconstruction). 

Chapter 4 

The original contributions to methodology and knowledge of Chapter 4 are listed below. 

The novel 3D MERMAID sequence was developed to improve the SNR efficiency of 

dMRI and address most limitations of 2D, 3D, and multi-slab acquisitions. The sequence is 

available to share with other sites. 

Several techniques were incorporated into the developed sequence at 3 T to overcome 

practical challenges: a single-shot-projection TURBINE trajectory to correct phase errors between 

shots, double gradient and RF spoiling to eliminate stimulated echoes, the simultaneous use of fat 

suppression pulses and water excitation to remove strong fat signals, and the use of adiabatic 

inversion and refocusing pulses to achieve a uniform excitation profile. 

The SNR of 3D MERMAID sequence increases exponentially as a function of TR, which 

shows a significant SNR efficiency compared to other 2D and 3D sequences with increased SNR 

as a function of √𝑁𝑎𝑣𝑒𝑟𝑎𝑔𝑒𝑠. 

Phantom and human scans using 3D MERMAID showed SNR efficiency improvements 

of 30-80% compared to 2D multi-slice sequences at different resolutions and b-values. 

https://github.com/TardifLab/ESM_image_reconstruction
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Scans using 3D MERMAID with isotropic resolutions of 0.74 mm and maximum b-value 

of 2000 s/mm2 were demonstrated that have an effective TR of 19 s, compared to similar scans 

using gSlider method with a minimum effective TR of ~45 s. 

A complete image reconstruction pipeline was developed for the 3D MERMAID sequence, 

which includes GRAPPA reconstruction of individual TURBINE projections, motion correction 

through phase removal and rejection of magnitude-affected projections, and compressed sensing 

reconstruction to enable high radial undersampling factors. The pipeline is available on GitHub at 

(https://github.com/TardifLab/diffusion_mermaid).

https://github.com/TardifLab/diffusion_mermaid
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Chapter 1 

Introduction 

1.1. Motivation 

MRI is a unique and versatile tool for imaging human anatomy and measuring 

physiological mechanisms. Diffusion, which refers to the random motion of particles due to 

thermal energy, is a phenomenon that can be detected using diffusion MRI (dMRI). In biological 

tissues, the diffusion of water molecules is constrained by the local microstructure of the tissue. 

dMRI is thus a non-invasive method to probe the diffusion of hydrogen atoms in water molecules, 

providing insights into tissue microstructure in vivo. 

The signal-to-noise ratio (SNR) of dMRI is inherently low due to the method used to 

encode diffusion in the MR signal. As a result, image resolution on clinical scanners is limited, 

particularly for studying tissue microstructure in vivo (typically ~2.5-1.5 mm at 3 Tesla (T)), 

compared to other imaging contrasts where resolutions of ~0.8-1.0 mm are more commonly 

acquired. 
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Ex-vivo dMRI studies of healthy human brains have been performed at isotropic 

resolutions of ~100-650 µm and validated using histology (Budde & Annese, 2013; Roebroeck et 

al., 2019; A. Seehaus et al., 2015; A. K. Seehaus et al., 2013). These studies have captured the 

complex geometry and microstructure of crossing fibers in the white matter, the layered 

intracortical myeloarchitecture showing radial and tangential cortical projections, as well as short-

range U-fibers (Aggarwal et al., 2015; Leuze et al., 2014; Ly et al., 2020). High-resolution post-

mortem dMRI has also revealed microstructural alterations of cortical grey matter and small 

structures in patients such as the hippocampus in Alzheimer's (Zhao et al., 2023), seizures (Ke et 

al., 2020), and hippocampal sclerosis (Coras et al., 2014), the substantia nigra in Parkinson’s 

(Knossalla et al., 2018), and the corpus callosum in Amyotrophic lateral sclerosis (ALS) (Cardenas 

et al., 2017). These high-resolution ex-vivo dMRI studies have motivated the development of MRI 

techniques to enhance SNR efficiency of dMRI to achieve higher resolutions in vivo.  

1.2. Rationale and objectives 

Current techniques to acquire high-resolution dMRI scans in vivo will be reviewed in 

Chapter 2. While these methods improve the SNR of dMRI and, consequently, the resolution, a 

common drawback of most of these techniques is the long scan times, which limits their 

applicability in clinical settings. Specifically, dMRI experiments designed for microstructure 

mapping require significant amounts of data, resulting in scan times ranging from ~60 to 100 

minutes for resolutions of ~0.75-0.85 mm. Therefore, there remains a need to develop pulse 

sequences and techniques that are more SNR-efficient and capable of high-resolution diffusion 

imaging within shorter scan times for studying brain microstructure in vivo. 

The specific objectives of this thesis are the following: 
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- To investigate the effective resolution that can be achieved using efficient, 2D single-

shot readout trajectories at ultra-high field. 

- To improve SNR efficiency of dMRI further by developing a 3D pulse sequence to 

achieve submillimeter effective resolutions suitable for investigating microstructure in 

a feasible scan time on clinical scanners. 

1.3. Thesis outline 

Chapter 2 provides background on the principles of NMR, as well as the processes of image 

acquisition and reconstruction, followed by a literature review of existing dMRI sequences and 

acquisition methods. Chapter 3 and Chapter 4 present a published peer-reviewed journal article 

and a manuscript submitted for peer-review corresponding to the first and second objectives, 

respectively. Chapter 3 details the methods used to characterize image quality, the implementation 

of spiral trajectories at 7 T, and includes extensive SNR measurements along with comparisons 

between nominal and effective resolutions. Chapter 4 introduces a novel 3D dMRI pulse sequence 

with high SNR efficiency. The article presents simulation and phantom results, and comparisons 

with standard 2D dMRI sequences and demonstrates the sequence's ability to acquire high-

resolution scans within a feasible scan time. The significance of this research, practical 

considerations of techniques used, and future work to further improve and apply the findings are 

discussed in Chapter 5. Finally, Chapter 6 concludes by summarizing the main contributions of 

this thesis.
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Chapter 2 

Background 

This chapter will briefly explain the basics of nuclear magnetic resonance (NMR) 

phenomena, the process of image acquisition and image reconstruction, and the fundamentals of 

diffusion encoding and microstructure modeling. 

2.1. Principles of nuclear magnetic resonance  

2.1.1. Magnetization and precession 

A brief explanation of NMR is provided here, with more detailed descriptions available in 

Haacke et al. (1999), Nishimura (1996) and Bernstein (2004). Although NMR operates on a 

quantum mechanical scale, it can be explained using classical physics. Atomic nuclei with an odd 

number of protons and/or neutrons, such as ¹H, ²³Na, and ³¹P, exhibit spin angular momentum, or 

spin, due to their charge (Gerlach & Stern, 1922). When these atoms are exposed to a static 

magnetic field (B0), two phenomena occur: the formation of a macroscopic magnetization and 
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precession. 

In an ensemble of spins, and in the absence of a static magnetic field, spins are randomly 

oriented such that no macroscopic magnetization is observed. However, when placed in a static 

magnetic field, the individual magnetic moments align with or against B0 and sum up to form a 

macroscopic magnetization along the z-axis referred to as the equilibrium magnetization M0 

calculated using Equation (1) (Bloch, 1946a) and illustrated in Figure 2.1A. 

𝑀0 =
𝜌𝛾2ℏ2𝐼𝑧(𝐼𝑧 + 1)𝐵0

3𝑘𝑇
 (1) 

ρ represents the number of nuclear spins per unit volume, Iz is the spin operator in quantum 

mechanics, k is Boltzmann’s constant, T is the temperature in Kelvin, ℏ is Planck’s constant, and γ 

is the gyromagnetic ratio, which is unique to different nuclei.  

The other phenomenon is precession, typically described as the rotation of individual spins 

around an axis aligned with the static magnetic field B0. The rate (𝜔0) at which the spins rotate is 

known as the Larmor frequency, which can be calculated using Equation (2) (Larmor, 1897). 

𝜔0 = 𝛾𝐵0 (2) 

This demonstrates the dependence of the Larmor frequency on the specific nuclei and the 

magnetic field it experiences. Hydrogen is the most abundant atom in the body and the primary 

focus for imaging. The gyromagnetic ratio of the hydrogen proton is 42.577478461 MHz/T. In 

clinical whole-body scanners, the static magnetic field typically ranges from 0.5 to 3 T and is 

generated by magnets constructed from niobium-titanium, a superconducting material cooled by 

helium to -269 °C, near absolute zero. Accordingly, the Larmor frequency for hydrogen is 128 

MHz at 3 T, and 298 MHz at 7 T. 
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Figure 2.1. A: magnetization at the equilibrium (M0) along Z, and generated transverse 

magnetization (Mxy) after applying B1
+. B: the path at which magnetization is recovered back 

along Z, rotating at the Larmour frequency around Z. 

2.1.2. Nuclear magnetic resonance phenomenon 

When an RF field (B1
+) at the Larmor frequency is applied perpendicular to B0, it interacts 

with the spins and a resonance phenomenon occurs (Bloch, 1946a; Purcell et al., 1946). The B1
+ 

field is generated by RF coils, such as the body coil inserted into the bore of the magnet or a local 

coil close to the organ to be imaged. The energy of the B1
+ field with the same frequency as the 

spins’ precession frequency is efficiently transferred to the spins, causing them to transition into 

an excited state resulting in rotation of the macroscopic magnetization vector M towards the 

transverse x-y plane (perpendicular to the z-axis) (Figure 2.1A). The axis of B1
+ and amount of 

energy deposited by B1
+ determines the axis of rotation and flip angle; a 90-degree flip angle 

rotates the magnetization M into the transverse plane. The resulting transverse magnetization Mxy 

formed in the x-y plane rotates about the z-axis at the Larmor frequency. 

After the RF pulse is applied, the longitudinal magnetization Mz relaxes back to its 
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equilibrium state M0. Simultaneously, the transverse magnetization Mxy, in the XY plane, decays 

over time, but at a different rate (Figure 2.1B). This return to equilibrium is characterized by two 

MR parameters: the T1 and T2 relaxation time constants. 

The behaviour of the NMR signal after excitation along three axes was formulated by 

Bloch in (1946a) as shown in Equations (3). 

𝑀𝑥(𝑡) = 𝑀0𝑒
−

𝑡
𝑇2 𝑠𝑖𝑛𝜔0𝑡 

𝑀𝑦(𝑡) = 𝑀0𝑒
−

𝑡
𝑇2 𝑐𝑜𝑠𝜔0𝑡 

𝑀𝑧(𝑡) = 𝑀0(1 − 𝑒
−

𝑡

𝑇1) 

(3) 

These equations describe the effects of relaxation and procession on the magnetization as 

a function of time.  

2.1.3. Free induction decay 

The longitudinal magnetization Mz is not directly measurable. It is the transverse 

magnetization Mxy precessing about the z-axis that is measured using a receiver coil due to 

Faraday’s law of induction (Equation (4)). 

𝜖 = −
𝜕Φ⃗⃗⃗⃗

𝜕𝑡
 (4) 

The induced electromotive force ϵ is calculated using the changing flux Φ in the coil over 

time t. The same RF coil used to generate the B1
+ can be used to detect Mxy, although more 

commonly, a separate RF receive coil with multiple channels and placed closer to the body is used. 

The signal induced in the receive coil is demodulated at the Larmor frequency. 

The simplest way to acquire a signal from a spin ensemble is by applying an excitation RF 
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pulse and recording the induced signal in the receive coils corresponding to the transverse 

magnetization during readout at a specific time called the echo time (TE). This process is repeated 

at regular intervals known as the repetition time (TR). The signal acquired this way is called the 

free induction decay (FID). Figure 2.2 shows the evolution of the transverse magnetization, along 

with a diagram of the different elements, referred to as the sequence diagram. 

 
Figure 2.2. FID acquisition. The sequence diagram is shown at the top, and the transverse 

magnetization is plotted at the bottom (TR >> 5T1). 

In practice, the signal acquired from an ensemble of spins decays faster than T2. This is due 

to magnetic susceptibility effects and main magnetic field inhomogeneities, which slightly alter 

local precession frequencies resulting in enhanced dephasing of the spins and therefore a more 

rapid decay of the transverse magnetization. This phenomenon is characterized by the time 

constants T2
* and T2', as shown in Equation (5). 

1

𝑇2
∗ =

1

𝑇2
+

1

𝑇2
′ (5) 
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2.2. Spatial encoding and image reconstruction 

2.2.1. Spatial encoding 

The transverse magnetization of an ensemble of spins measured at time TE can be 

expressed as in Equation (6). 

𝑴𝒙𝒚 = ∑ 𝒎𝒏𝒆𝒊𝜽𝒏

𝑁

𝑛=1

 (6) 

m is the magnitude of an isochromat at the TE, θ is the accumulated phase of a spin at TE, 

and N is the number of spins of an ensemble. This aggregate signal does not include any 

information about the spatial location of the individual spins. To encode spatial information, 

gradient coils are used, generating linearly varying magnetic fields along the x, y, and z axes, 

typically in the range of several mT/m. The addition of these gradient fields to the main magnetic 

field creates unique magnetic fields at different spatial locations, leading to specific precession 

frequencies based on the positions of the spins. This variation in precession frequencies causes the 

spins to accumulate different phases as a function of their location, as formulated in Equation (7), 

which is described in a frame of reference that rotates at the Larmour frequency.  

𝜃(𝑥, 𝑦, 𝑧, 𝑡) = 𝛾 ∫ 𝐵(𝑥, 𝑦, 𝑧, 𝜏)𝑑𝜏
𝑡

0

 (7) 

B is the total magnetic field at a specific time and location in space that can be decomposed 

into linear and non-linear components as described using spherical harmonics in Equation (8) 

(Haacke et al., 1999). 

𝐵(𝑥, 𝑦, 𝑧, 𝑡) = ∑𝑘𝑙(𝑡)ℎ𝑙(𝑥, 𝑦, 𝑧)

𝑁𝑙

𝑙=0

 (8) 
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hl denotes the l-th spherical harmonic basis function, and kl the corresponding expansion 

coefficient. Table 2.1 presents the spherical harmonic basis functions up to the 3rd order, and Figure 

2.3 shows the corresponding functions plotted at the center x-y plane of the scanner's bore, known 

as the isocenter. 

Table 2.1- Spherical harmonics basis functions up to 3rd order 

0th order 1st order 2nd order 3rd order 

 
 

 h9 = 3yx2 − y3 

h4 = xy h10 = xyz 

h1 = x h5 = zy h11 = (5z2 − (x2 + y2 + z2)) y 

h0 = 1 h2 = y h6 = 3z2 − (x2 + y2 + z2) h12 = 5z3 − 3z (x2 + y2 + z2) 

 

h3 = z h7 = xz h13 = (5z2 − (x2 + y2 + z2)) x 

 
h8 = x2 − y2 h14 = x2z − y2z 

 h15 = x3 − 3xy2 

 

 
Figure 2.3. Spherical harmonic functions at the isocenter x-y plane of a scanner’s bore. 

The gradient coils are designed to generate linear magnetic fields, corresponding to the 1st 

order of spherical harmonics. By varying the magnitude of these gradient fields over time, unique 

phase terms are generated as the spins accumulate phase, which encodes their spatial information. 

The phase terms, usually displayed as a waveform as a function of time and referred to as the 

readout trajectory, encode the location in 3 dimensions from which the MR signal is originating. 
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When only linear field terms are considered, the 3-dimensional space through which the readout 

trajectory traverses is known as k-space, as illustrated in Figure 2.4A. K-space, as defined in 

Equation (7), corresponds to the Fourier space that represents an image in the spatial frequency 

domain. 

 
Figure 2.4. K-space and different readout trajectories. A: acquired data of a k-space plane. B: 

2D Cartesian (top- Echo Planar Imaging (EPI)) and non-Cartesian (bottom-spiral) readout 

trajectories. C: a 3D non-Cartesian readout trajectory (TURBINE). 

2.2.2. Forward model representation 

The signal in Equation (7) is continuously measured along the k-space readout trajectory 

for each location over time. By using the known phase terms generated by the readout trajectory 

and the corresponding measured signals, the image can be reconstructed using the forward model 

(Haacke et al., 1999; Wilm et al., 2011). The matrix form of the forward model is presented in 

Equation (9). 

𝒔 = 𝑬𝒎 (9) 

s is the measured signal at different time points, E is the encoding matrix that includes the 
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phase information generated by the gradient fields, and m is the magnetization to be determined. 

This matrix format discretizes the spins in space, and the acquired signal in time. Each 

discretization step in space represents an ensemble of spins referred to as an isochromat, and the 

signal is acquired at different time points representing a measured value corresponding to a phase 

term generated by the readout trajectory. Combining (6), (7), and (8) leads to the encoding matrix 

in (10). 

𝑬(𝒙, 𝒚, 𝒛, 𝒕) = 𝒆𝒊[𝛾 ∑ 𝒌𝒍(𝒕)𝒃𝒍(𝒙,𝒚,𝒛)
𝑵𝒍
𝒍=𝟎 ] (10) 

A special case of the forward model occurs when the readout trajectory used to encode 

spatial information follows a Cartesian path, resulting in a Cartesian k-space (such as rectilinear 

readout and echo planar imaging trajectories, shown in Figure 2.4B-top). In this case, the encoding 

matrix takes the form of a Fast Fourier Transform (FFT), which significantly reduces 

computational complexity. The magnetization m can be calculated by directly applying the inverse 

FFT to the measured signal matrix. This is the most common approach for spatial encoding and 

image reconstruction in MRI. Alternatively, a non-Cartesian readout trajectory (such as a 2D spiral 

or 3D TURBINE readout trajectory, displayed in Figure 2.4) can be used. In such cases, the 

acquired data can be projected onto a Cartesian grid using a technique known as gridding, followed 

by the application of an inverse FFT to reconstruct the image (Schomberg & Timmer, 1995; Baron 

et al., 2018). 

A powerful aspect of the forward model is its versatility in accounting for various events 

during acquisition. Any deviations from the nominal encoding matrix, such as imperfect gradient 

performance, unwanted magnetic fields (Ahn & Cho, 1991), subject motion (Atkinson et al., 

1997), or non-uniformity of the main magnetic field, can be modeled and corrected using the 

forward model (Wald, 2019). 
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2.2.3. Parallel imaging 

A minimum number of spatial encodings in the encoding matrix E is required to reconstruct 

an image. In the Cartesian case, the minimum values are described as 1/FOV for the minimum 

distance between two adjacent samples in each direction of k-space, and 1/resolution for the 

minimal extent of k-space coverage. Acquiring fewer data points than these minimums results in 

undersampling artifacts, which appear as multiple replicas of the FOV for Cartesian images, or as 

specific aliasing patterns for non-Cartesian images, depending on the trajectory shape. 

Modern receive coils consist of multiple channels arranged at different locations in space 

to cover the full FOV, as shown in Figure 2.5. It is possible to undersample k-space and use parallel 

imaging techniques to estimate the missing samples by leveraging the spatial information encoded 

using the different sensitivity profiles of the coil channels. Among the various proposed 

techniques, SENSE (Pruessmann et al., 1999) and GRAPPA (Griswold et al., 2002), which are 

used in this work, are the most common and will be briefly described. 

 
Figure 2.5. Individual images of 8 coils around the FOV (adapted from (Deshmane et al., 

2012)). 
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2.2.3.1. Sensitivity encoding (SENSE) 

This technique operates in the image domain, using the undersampled images from each 

coil channel to reconstruct the final combined image. It relies on solving an equation generated by 

pixel-wise multiplication of the desired final image and the coil sensitivity profile. Conceptually, 

each pixel in the final image is a weighted combination of the corresponding pixels from each coil 

channel, with the weights determined by the coil sensitivity profile. This equation is integrated 

into the forward model, and the encoding matrix in Equation (10) is modified in Equation (11) to 

incorporate the coil sensitivity profile. 

𝑬(𝒙, 𝒚, 𝒛, 𝒕) =

[
 
 
 
 
 𝑐1(𝑥, 𝑦, 𝑧)𝒆𝒊[∑ 𝒌𝒍(𝒕)𝒃𝒍(𝒙,𝒚,𝒛)

𝑵𝒍
𝒍=𝟎 ]

𝑐2(𝑥, 𝑦, 𝑧)𝒆𝒊[∑ 𝒌𝒍(𝒕)𝒃𝒍(𝒙,𝒚,𝒛)
𝑵𝒍
𝒍=𝟎 ]

⋮

𝑐𝑛 (𝑥, 𝑦, 𝑧)𝒆𝒊[∑ 𝒌𝒍(𝒕)𝒃𝒍(𝒙,𝒚,𝒛)
𝑵𝒍
𝒍=𝟎 ]]

 
 
 
 
 

 (11) 

Where cn is the value of the coil sensitivity map of the nth channel at x, y, and z, and E 

includes all coil channels. s in Equation (9) also includes the measurements of all coil channels. 

Solving for m results in a single combined image without undersampling artifacts. 

2.2.3.2. Generalized autocalibrating partially parallel acquisitions (GRAPPA) 

Unlike SENSE, GRAPPA is applied in k-space within the Cartesian grid (Griswold et al., 

2002). In this method, a set of weights is calculated from autocalibration signal (ACS) lines, which 

are fully sampled reference scans (Figure 2.6b) around the k-space centre. These weights serve as 

coefficients that establish the relationship between a missing k-space sample and its neighboring 

samples (within the GRAPPA kernel window) across all coil channels (Figure 2.6c). The calculated 

weights are then used to fill in the missing data of k-space using the acquired samples, as shown 

in Figure 2.6d. The resulting image, displayed in Figure 2.6e, is free of undersampling artifacts. 
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K-space undersampling reduces the scan time significantly, however it comes at the cost 

of SNR loss due to sampling less data and a g-factor penalty that is related to the coupling between 

coil channels as a result of coil design. Coil sensitivity estimation and GRAPPA weights are not 

perfect, which may cause residual artifacts in the reconstructed images as well. 

 
Figure 2.6. Schematic of GRAPPA kernel estimation and reconstruction. a: undersampled k-

space with every other line missing. b: fully sampled ACS lines. c: calculating GRAPPA 

weights. d: fill the missing k-space lines using the weights to reconstruct the image in e. 

(adapted from (Deshmane et al., 2012)). 

2.2.4. Magnetic field monitoring 

Imperfections in gradient coils, eddy currents, and concomitant fields induce unwanted 

linear and non-linear magnetic fields, which adversely affect spatial encoding. This results in a 

readout trajectory that deviates from the prescribed one. The actual field experienced during the 

scan can be measured using NMR field probes (De Zanche et al., 2008; Wilm et al., 2015, 2017). 

These probes consist of a capillary containing an NMR-active sample, such as water or fluorine 
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(19F), to generate the NMR signal, and a solenoid for excitation and signal reception as shown in 

Figure 2.7. 

 
Figure 2.7. NMR field probe consisting of a sample droplet and solenoid coils for excitation 

and receiving the NMR signal (adapted from De Zanche et al., 2008). 

Probes are placed at multiple locations in space to estimate the local magnetic field by 

measuring the deviation of the precession frequency from the Larmor frequency. Spherical 

harmonic coefficients are then fitted to the field measurements of the probes using Equation (8). 

The number of probes required depends on the number of spherical harmonic coefficients needed; 

for instance, measuring the field up to the 3rd order requires 16 probes that are uniformly distributed 

on a sphere. The measurement can be performed simultaneously, during the imaging scan, using 

probes integrated into a receive coil, or in a separate scan session using the same acquisition 

protocol on a phantom. In this thesis, the Skope system (Skope MRT, Zurich, Switzerland1) was 

used to measure the field up to the 3rd order spherical harmonics. The measured field is then used 

to construct the encoding matrix of the forward model, replacing the nominal readout trajectory 

with the actual measured trajectory.  

 
1 https://skope.swiss  

https://skope.swiss/
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2.2.5. Solving the forward model 

In most cases, the forward model cannot be solved directly by inverting the encoding 

matrix E. This occurs when the number of spatial encoding samples is lower than the image matrix 

size in an accelerated scan, or when using non-Cartesian trajectories, where the encoding matrix 

is not square or is poorly conditioned. In such situations, data from multiple receive channels are 

used with a fitting method, such as least squares or conjugate gradient, rather than directly 

inverting the encoding matrix E, as in Equation (12).  

𝒎∗ = 𝑎𝑟𝑔𝑚𝑖𝑛𝒎̂ ||𝑬𝒎̂ − 𝒔||2
2 (12) 

As with any optimization problem, various regularization techniques can be added to the 

equation to enforce specific properties of the solution. One such property is sparsity of the image, 

which is commonly applied in compressed sensing (Lustig et al., 2007), as shown in Equation (13). 

𝒎∗ = 𝑎𝑟𝑔𝑚𝑖𝑛𝑚̂ ||𝑬𝒎̂ − 𝒔||2
2 + 𝜆1||𝑃(𝒎̂)||

1
 (13) 

λ1 is a regularization parameter that controls the balance between the data fidelity term and 

the regularization term, and ||𝑃(𝒎̂)||
1
is the L1 norm of the regularization operator, in this case the 

wavelet transforms, applied to the image. This sparsity constraint enables the reconstruction of an 

image from highly undersampled k-space data with little image quality degradation. 

2.3. Gradient echo and spin echo pulse sequences 

If the FID acquisition includes any spatial encoding as described above, the sequence is 

called a gradient echo sequence or GRE that produces a T2
*-weighted image. The TRs generally 

used in GRE sequences (in the range of a few milliseconds) are much shorter than the T1 relaxation 

times of biological tissues (which are in the range of seconds). This leads to the saturation of the 

available longitudinal magnetization, as there is insufficient time for full recovery. To maximize 
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the transverse magnetization in steady state, the Ernst flip angle defined in Equation (14) is used. 

𝛼𝐸𝑟𝑛𝑠𝑡 = arccos(𝑒
(−

𝑇𝑅
𝑇1

)
) (14) 

In (1950), Hahn introduced the nuclear magnetic resonance spin-echo. After the initial 

excitation, a 180° RF pulse, known as the refocusing pulse, is applied to flip the transverse and 

longitudinal magnetizations. This pulse compensates for effects of local precession frequency 

differences and rephase the spins, thereby recovering the signal that was lost due to T2' effects. 

This recovery manifests as a temporary increase in the received signal, with a maximum occurring 

along the T2 decay curve at the TE. The refocusing pulse is positioned midway between the 

excitation and the echo, as shown in Figure 2.8. 

 
Figure 2.8. Spin-echo acquisition. The sequence diagram for one TR is shown at the top, and 

the transverse magnetization is plotted at the bottom. 

2.4. Diffusion imaging basics 

2.4.1. Encoding diffusion in MR signal 

An introductory explanation of diffusion imaging is provided here, but more detailed 

descriptions can be found in (Jones, 2010). Diffusion is a macroscopic phenomenon linked to the 

microscopic random Brownian motion of particles, driven by thermal energy. This connection was 
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well established by Einstein in 1905, where he described it using a random walk model, which is 

formulated in Equation (15). 

〈𝑟2〉 = 6𝐷𝑡 (15) 

r is the displacement of a particle in 3 dimensions, D is the diffusion coefficient, and t is 

the time of diffusion. The diffusion coefficient of water at body temperature is 0.003 mm2/s 

corresponding to microscopic displacements on the time scale of an MR experiment. 

The effect of diffusion on the MR signal was discovered as an attenuation in the signal in 

early days by Carr and Purcell (1954), and Stejskal and Tanner (1965a). The attenuation of the 

transverse magnetization is due to phase dispersion of the spins due to their movement during an 

NMR experiment. Stejskal and Tanner (1965a) proposed a spin-echo sequence with two additional 

gradient pulses applied before and after the refocusing pulse as shown in Figure 2.9 to sensitized 

the MR signal to diffusion in a specific direction. The first diffusion-encoding gradient causes an 

accumulation of phase in spins, similar to spatial encoding explained in Section 2.4.1 and depicted 

in Figure 2.9. After the refocusing pulse, the same diffusion-encoding gradient is played out to 

invert the accumulated phase. Stationary spins experience the same magnetic field before and after 

the refocusing pulse leading to complete rephasing. Whereas the spins that diffuse along the 

diffusion encoded direction, experience different magnetic fields before and after the refocusing 

pulse due to their changed location, therefore, the spins are only partially rephased. This phase 

discrepancy causes a detectable attenuation in the MR signal. The experiment is repeated to 

sensitize the signal to diffusion in different directions using a combination of gradients along the 

x, y, and z axes. 

The signal attenuation caused by diffusion gradients depends on the diffusivity of water 

molecules in the tissue and is characterized by Equation (16) (Le Bihan et al., 1986). 
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Figure 2.9. Pulse gradient spin-echo (PGSE) experiment is a SE sequence that includes two 

gradient pulses to encode diffusion. The phase evolution for diffusing and stationary spins are 

plotted at the bottom. 

𝑠 = 𝑠0e
−𝑏𝐷 (16) 

In this equation, s is the measured signal in the presence of a diffusion-encoding gradient, 

s0 is the signal measured without the diffusion-encoding gradient, D is the diffusion coefficient, 

and b is the b-value, which controls the degree of diffusion weighting in the image calculated for 

rectangular pulses as in Equation (17). 

𝑏 =  𝛾2𝐺2𝛿2(∆ −
𝛿

3
) (17) 

Where G is the amplitude of the gradient, δ is the duration of the gradient, and ∆ is the time 

between the start of the first and second pulses. 

2.4.2. Characterizing diffusion in tissues 

In biological tissues, the diffusion of water molecules is hindered or restricted by the 

microstructure of the tissue (e.g., cell membranes), causing the diffusion coefficient to appear 

lower than that of free water. The diffusivity estimated using MRI, D, is referred to as the apparent 

diffusion coefficient (ADC) (Le Bihan et al., 1986). 

In structured biological tissues, the diffusion of water can preferentially occur in specific 

directions, known as diffusion anisotropy. For instance, in the case of a bundle of co-aligned axons, 



Chapter 2- Background 

21 

 

the diffusion coefficient can be high along the bundle, and very low perpendicular to it. In this 

case, the diffusion coefficient can be represented as a tensor, rather than a single value, as shown 

in Equation (18) (Basser et al., 1994b). 

𝑫 = [

𝐷𝑥𝑥 𝐷𝑥𝑦 𝐷𝑥𝑧

𝐷𝑥𝑦 𝐷𝑦𝑦 𝐷𝑦𝑧

𝐷𝑥𝑧 𝐷𝑦𝑧 𝐷𝑧𝑧

] (18) 

The diagonal elements of the diffusion tensor represent the diffusion coefficients along the 

spatial x, y, and z axes, while the off-diagonal elements indicate the correlation between diffusion 

in two different directions. This matrix is often described by its eigenvalues, where the off-diagonal 

elements are zero. The three main eigenvalues, λ1, λ2, and λ3 correspond to the diffusivities along 

the three principal axes of the diffusion tensor. From these eigenvalues, the fractional anisotropy 

(FA) index is calculated, as shown in Equation (19), which quantifies the degree of anisotropic 

diffusion (Basser & Pierpaoli, 1996). 

𝐹𝐴 =
√3

2√(𝜆1 − 〈𝜆〉)2 + (𝜆2 − 〈𝜆〉)2 + (𝜆3 − 〈𝜆〉)2) 

√𝜆1
2 + 𝜆2

2 + 𝜆3
2

 
(19) 

Where 〈λ〉 is one third of the trace of the tensor, and FA in a range between 0 and 1 with 

closer values to 1 showing more anisotropic diffusions. 

The displacement probability of free water molecules follows a Gaussian distribution in 

three dimensions. Therefore, the shape of diffusion of free water is spherical, while in highly 

anisotropic conditions, it becomes ellipsoidal, with other shapes possible depending on the type of 

diffusion in the microstructure. A single voxel in diffusion MRI can contain axon fibers with 

different orientations, as shown in the first column of Figure 2.10. Different fiber orientations can 

produce similar diffusion distributions, which may lead to ambiguous interpretation of results in 
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DTI, as seen in the third column of Figure 2.10, where distinct fiber orientations yield the same 

diffusion tensor. Additionally, diffusion can exhibit non-Gaussian behavior, particularly when 

water molecules are restricted within a given compartment, such as the intra-axonal compartment 

in white matter. This behavior is typically observed with b-values higher than 1000 s/mm². In such 

cases, more advanced methods are required to resolve the fiber orientations within a voxel. 

 
Figure 2.10. From left to right: different configurations of fibers, resulting diffusion scattering 

pattern, diffusion tensor, principal diffusion direction, and fiber orientation distribution 

function. (adapted from (Seunarine & Alexander, 2009)) 

One method to better resolve complex fiber geometries is to calculate the fiber orientation 

distribution function (fODF), which reveals different diffusion orientations within a voxel 

(rightmost column in Figure 2.10). One approach for calculating fODF is spherical deconvolution, 

as proposed by Tournier et al. (2004). In this method, the measured diffusion signal from a voxel 

is modeled as the convolution of a response function, representing the diffusion signal of a single 

fiber, and the orientation distribution function of the voxel, as written in Equation (20). 
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𝑆 = 𝐹 ⊗ 𝑅 (20) 

In this context, 𝑆 represents the measured signal from a voxel, 𝐹 is the orientation 

distribution function of the voxel, R is the single fiber response function, and ⊗ is the convolution 

operator. To calculate F, the response function is deconvolved from the measured diffusion signal. 

The resulting fODFs are typically visualized using glyphs at each voxel of an image, representing 

the likelihood of diffusion in various directions, as shown in Figure 2.11. 

 
Figure 2.11. FODFs calculated using spherical deconvolution method show different fiber 

orientations in each voxel. 

2.4.3. Microstructure modelling 

dMRI has the potential to go beyond the voxel resolution and quantify the microstructure 

properties of the tissue within the voxel. This is based on biophysical modeling of the cellular 

compartment contributions to the measured MR signal. Intracellular, extracellular, and free water 

compartments are the most frequent compartments modeled. They are characterized by specific 

diffusion distributions in the radial (D⊥) and parallel (D) directions as shown in Figure 2.12. For 

example, a stick is used to model diffusion from the intracellular (neurite) compartment (Da) and 
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has an almost zero radial diffusivity and high parallel diffusivity. A zeppelin is used to model the 

extracellular compartment (De) with less constrained radial and parallel diffusivities, and a ball for 

free water compartment describing isotropic diffusion with the same radial and parallel 

diffusivities. 

 
Figure 2.12. Schematic of a white matter fiber showing intracellular, extracellular, parallel 

and perpendicular diffusivities in mm2/s (adapted from (Jelescu et al., 2015)). 

Most of these models incorporate compartments with non-Gaussian diffusion distributions 

which are observed at high b-values. A high number of diffusion-encoding directions provides the 

angular resolution needed in the diffusion-encoding space (q-space) to resolve complex fiber 

geometries. Also, to properly fit a model, different b-values are needed, which are referred to as 

shells in q-space. Therefore, diffusion protocols used for biophysical modeling typically include 

multiple b-values and several diffusion-encoding directions, known as multi-shell and multiple 

direction protocols. 

Several multi-compartment diffusion models have been proposed for microstructure 
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mapping (Kärger, 1985; Fieremans et al., 2010; Novikov, Veraart, et al., 2018; Bai et al., 2020; 

Palombo et al., 2020a). Neurite orientation dispersion and density imaging (NODDI) (H. Zhang et 

al., 2012), used in this work, is one of the models that quantifies intracellular, extracellular and 

isotropic signal fractions using the relationship in Equation (21). 

𝐴 = (1 − 𝑣𝑖𝑠𝑜)(𝑣𝑖𝑐𝐴𝑖𝑐 + (1 − 𝑣𝑖𝑐)𝐴𝑒𝑐) + 𝑣𝑖𝑠𝑜𝐴𝑖𝑠𝑜 (21) 

Where A is the normalized signal, Aic and νic are the normalized signal and volume fraction 

(T2-weighted signal fraction) of the intracellular compartment, Aec is the normalized signal of the 

extracellular compartment, and Aiso and νiso are the normalized signal and volume fraction (T2-

weighted signal fraction) of the CSF compartment. To limit the number of free parameters when 

fitting the measurements to model parameters, NODDI fixes parallel diffusivity to 1.7×10-3 mm2/s, 

and isotropic diffusivity to 3.0×10-3 mm2/s, as in (Alexander et al., 2010; H. Zhang et al., 2011) 

and estimates other parameters in Equation (21). 

Microstructure models have been developed over time to incorporate different cellular 

structures in different tissues such as grey matter (e.g., Jelescu et al., 2022; Palombo et al., 2020). 

A detailed review of multi-compartment diffusion models can be found in Novikov et al. (2018). 
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2.5. Literature review of diffusion image acquisition techniques 

dMRI acquisition methods and diffusion-encoding schemes have been a prominent area of 

research. Acquisition techniques have focused on enhancing image SNR and geometric fidelity, 

and spatial resolution while minimizing artifacts. Advanced diffusion-encoding techniques 

improve accuracy of diffusion measurements and encode various structural information. The focus 

of this section is reviewing diffusion acquisition techniques that have been used. Recent 

advancements in this field have been reviewed by Wu & Miller (2017), Gallichan (2018), and 

Holdsworth (2019). In this section, an overview of dMRI acquisition methods will be presented, 

categorized into five areas: diffusion-weighted sequences, single-shot, multi-shot, volumetric 

acquisition techniques, and other acquisition techniques. 

2.5.1. Diffusion-weighted sequences 

While all dMRI sequences rely on the principle of diffusion sensitization using gradient 

pulses, as outlined in Section 2.4.1, various implementations have been developed to address the 

challenges associated with dMRI. The most common dMRI sequence, the pulsed gradient spin 

echo (PGSE), was proposed by Stejskal and Tanner in (1965b). This method, described in Section 

2.4.1 and illustrated in Figure 2.13A, remains the foundation of dMRI techniques to date. 

One of the challenges in dMRI is that large diffusion-encoding gradients can induce eddy 

currents, leading to image artifacts and distortions. A highly effective method for mitigating eddy 

currents is the twice-refocused sequence (Figure 2.13B) (Feinberg & Jakab, 1990; Wider et al., 

1994; Reese et al., 2003; Finsterbusch, 2010). This sequence uses an additional refocusing pulse 

and two sets of bipolar diffusion gradients, which significantly reduce eddy currents before the 

readout. The drawback of this technique is the increased echo time and therefore lower SNR. 



Chapter 2- Background 

27 

 

To shorten scan time, most diffusion sequences use a long readout trajectory such as EPI 

to acquire the entire 2D k-space in a single TR. This results in geometrical artifacts caused by ΔB0. 

Fast spin echo (FSE) is insensitive to these static field non-uniformities and produces images with 

high geometric fidelity and minimal susceptibility artifacts (Figure 2.13C) (G. Liu et al., 1996a). 

This is achieved by incorporating a series of 180° refocussing pulses between short rectilinear 

readouts instead of a long EPI trajectory. Issues with this method are high SAR at high fields, and 

the phase errors between readout shots, typically caused by motion. The Gradient And Spin Echo 

(GRASE) sequence combines FSE and GRE by replacing the rectilinear readout with a very short 

bipolar GRE (or EPI) readout train (Oshio & Feinberg, 1991; G. Liu et al., 1996b). 

Stimulated echo acquisition mode (STEAM), introduced by Merboldt et al. (1985), has 

also been used for dMRI acquisition mainly for long diffusion-encoding times. This sequence splits 

the traditional 180° refocusing pulse into two 90° pulses, as shown in Figure 2.13D. Although this 

approach results in a loss of half the signal, it has been shown to be more effective for long 

diffusion times, especially at ultra-high field strengths (Tanner, 1972; Reischauer et al., 2012; 

Lundell et al., 2014). 

Most of the sequences reviewed so far are suitable for 2D acquisition techniques. The 

diffusion-weighted steady-state free precession (DW-SSFP) sequence shown in Figure 2.13E has 

been proposed as a whole-brain 3D sequence (Le Bihan et al., 1989; Bosak & Harvey, 2001; E.-

K. Jeong et al., 2003a; Jung et al., 2009; McNab et al., 2009; McNab & Miller, 2010; McNab et 

al., 2010; Lu et al., 2012; O’Halloran et al., 2013). Despite its superior SNR efficiency, the DW-

SSFP sequence has a complex T1/T2 and diffusion contrast, and is highly sensitive to motion, which 

limits its application for in-vivo imaging. This sequence has been most successful in ex-vivo 

imaging where there are no motion artifacts (Miller et al., 2012). 
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Figure 2.13. Different dMRI sequences: A: PGSE, B: twice refocused, C: FSE, D: STEAM, 

and E: DW-SSFP. 

2.5.2. Single-shot acquisition techniques 

Among the reviewed sequences, the PGSE, twice-refocused, and STEAM sequences are 

most often combined with a single-shot EPI readout. Despite susceptibility and eddy current-

related artifacts associated with EPI, this readout method is efficient and robust against motion 
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artifacts, more specifically when combined with parallel imaging, partial Fourier and multi-slice 

acquisition. There are also methods to correct these artifacts in post processing (Andersson et al., 

2003; Smith et al., 2004). 

Several methods have been proposed to reduce the readout time and TE of EPI to minimize 

the susceptibility artifacts and distortions, as well as scan time by reducing the number of TRs per 

volume to increase the efficiency. Parallel imaging, discussed in Section 2.2.3, is widely used for 

reducing scan time and improving image quality by minimizing the effective echo spacing. 

Common 2D in-plane parallel imaging techniques include SENSE (Pruessmann et al., 1999), 

GRAPPA (Griswold et al., 2002), simultaneous acquisition of spatial harmonics (SMASH) 

(Sodickson & Manning, 1997), iterative self-consistent parallel imaging reconstruction (SPIRiT) 

(Lustig & Pauly, 2010), and Eigenvector-based SPIRiT (ESPIRiT) (Uecker et al., 2014a). 

Partial Fourier acquisition is a method used to reduce the echo time, which leverages the 

symmetry property of k-space in real images. Since MR images contain an imaginary component, 

various methods have been proposed to reconstruct images. The homodyne approach uses k-space 

filtering and a low-resolution phase image for reconstruction (Noll et al., 1991), while the 

projection onto convex sets (POCS) method utilizes a low-resolution phase image and data 

consistency for reconstruction (Willig-Onwuachi et al., 2005). A more recent method, the virtual 

coil concept, treats the phase component of the image as a virtual coil and reconstructs it similarly 

to SENSE (Blaimer et al., 2009). 

A major breakthrough was the introduction of the simultaneous multi-slice (SMS) 

acquisition technique that shortens scan time without compromising the SNR (Larkman et al., 

2001; Nunes et al., 2006; Feinberg et al., 2010). SMS acquires multiple slices simultaneously 

without significant SNR loss, allowing for a significant reduction in the TR and therefor scan time. 
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The development of the CAIPIRINHA technique (Controlled Aliasing in Parallel Imaging Results 

in Higher Acceleration) (Fa et al., 2005; K et al., 2012) further advanced SMS by reducing the g-

factor penalty and enabling higher acceleration factors. 

These acceleration methods have led to significant reductions in scan time allowing more 

comprehensive sampling of the q-space with multiple b-values and high angular resolution for 

microstructure modeling and tractography. Notable contributions from the Human Connectome 

Project have demonstrated high-resolution dMRI using the 2D PGSE EPI sequence with SMS and 

GRAPPA acceleration (S et al., 2010; McNab et al., 2013; Setsompop et al., 2013; Uğurbil et al., 

2013a; A. T. Vu et al., 2015a). These studies have achieved isotropic resolutions of 1.05 mm at 7 

T and 1.25 mm at 3 T, with b-values of 1000 and 2000 s/mm2 in total 128 diffusion directions. 

Figure 2.14 compares scans of the same subject at 3 T and 7 T using the HCP sequence and 

protocol. 

 
Figure 2.14. Color FA maps of the same subject at 3 T (1.25 mm) and 7 T (1.05 mm) on the 

first row. Comparison of DTI maps overlaid on FA maps of the same dataset at 3 T and 7 T 

(adapted from (A. Vu et al., 2015)). 
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Spiral readouts were introduced as an alternative to EPI in dMRI due to their efficiency 

and reduced echo time (Ahn et al., 1986; Meyer et al., 1992). In an EPI readout, the center of k-

space is acquired midway through the readout, which necessitates adding idle time before the 

refocusing pulse to maintain symmetry in the spin echo sequence. In contrast, a spiral readout 

begins at the center of k-space, eliminating this idle time and thereby reducing the echo time, which 

improves the SNR. A drawback of spiral readouts is their sensitivity to susceptibility artifacts and 

gradient imperfections, especially during long readout periods. This limitation has constrained the 

use of single-shot spiral imaging. In recent years, field monitoring systems (discussed in Section 

2.2.4) have been employed to correct these artifacts (Wilm et al., 2015, 2017; Lee et al., 2021a; 

Feizollah & Tardif, 2023; Varela-Mattatall et al., 2023; Dubovan et al., 2023), as demonstrated in 

Figure 2.15. 

 
Figure 2.15. Comparison of using nominal trajectory and using measured trajectory and 

correcting for B0 nonuniformities (Feizollah & Tardif, 2021). 
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2.5.3. Multi-shot acquisition techniques 

Achieving submillimeter resolution in dMRI requires advanced techniques that offer 

higher SNR and reduce image artifacts caused by long readout times. Multi-shot methods, which 

acquire different portions of k-space over multiple acquisitions, have been the primary strategy to 

achieving these goals (Figure 2.16). The greatest challenge with multi-shot techniques is 

minimizing artifacts due to motion between shots. 

Diffusion-encoding gradients sensitize the MR signal to both microscopic and macroscopic 

motion, meaning that bulk movement and displacements due to cardiac cycles can cause 

significant linear and nonlinear phase changes in the MR signal (Feinberg & Mark, 1987; L. Chen 

et al., 2015; Terem et al., 2021). In this section, multi-shot methods developed to address these 

phase differences between shots will be reviewed. 

 
Figure 2.16. Different types of EPI trajectory. A: single shot. B: interleaved. C: RS-EPI, and 

D: SAP-EPI. 

FSE sequences were one of the first sequences that achieved high-resolution images with 

minimal artifacts. A radial implementation of this sequence helps reduce phase errors between 

shots (Trouard et al., 1999; Sarlls et al., 2005; Sarlls & Pierpaoli, 2008). The combination of 

Periodically Rotated Overlapping ParallEL Lines with Enhanced Reconstruction (PROPELLER) 

and FSE by Pipe (1999a) further minimized phase errors, resulting in robust, high-quality dMRI 
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images. PROPELLER is a self-navigated acquisition technique where each shot acquires enough 

lines through the central region of k-space to reconstruct an image, allowing for phase correction 

between shots before they are combined. Modified versions of this method have been proposed to 

reduce the number of 180° pulses, which increase the SAR and scan time (Cheryauka et al., 2004; 

Pipe & Zwart, 2006a; Aboussouan & Pipe, 2009; Z. Li et al., 2011a; Skare et al., 2013; Srinivasan 

et al., 2018). 

Interleaved EPI is a method that acquires k-space using multiple interleaved shots where 

the spacing between lines in each shot is increased, as illustrated in Figure 2.16B. Phase errors 

between shots can be corrected using both navigator-based and navigator-free approaches. In 

navigator-based methods, navigator echoes are acquired either by adding an additional 180-degree 

pulse after the EPI train followed by a short readout train for the navigator echo, or using a self-

navigating trajectory in which the navigator is acquired at the same time as the imaging data. These 

navigators provide a low-resolution phase image for each shot, which is used in the image 

reconstruction process (Anderson & Gore, 1994; Bammer et al., 1999; Dietrich et al., 2000; 

Atkinson et al., 2006; H.-K. Jeong et al., 2013). More recent approaches omit navigators and rely 

on image reconstruction techniques to correct phase errors. MUSE (Bruce et al., 2017a; N.-K. 

Chen et al., 2013; Guhaniyogi et al., 2016b; Truong et al., 2012a; Truong & Guidon, 2014a) and 

AMUSE (Guhaniyogi et al., 2016a) use SENSE to estimate the slowly varying phase errors for 

each shot and simultaneously compute magnitude images from all interleaves. However, these 

methods struggle to accurately estimate phase images in highly segmented acquisitions. Low-rank 

matrix completion techniques, such as MUSSELS (Mani et al., 2017a; Mani, Aggarwal, et al., 

2020; Mani, Jacob, et al., 2020; Hu et al., 2019) have been developed based on the assumption of 

consistent contrast across all interleaves with slowly varying phase. This approach has enabled the 
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acquisition of images with high in-plane resolution of 0.375 mm and slice thickness of 8 mm 

(Figure 2.17) (N.-K. Chen et al., 2013). The main drawback of these techniques is increased scan 

times (i.e., scan time is proportional to the number of shots). 

 
Figure 2.17. Comparison of MUSE and AMUSE in reconstructing interleaved EPI. 

0.86×0.86×5 mm, b-value of 800 s/mm2 in 15 directions (adapted from (Guhaniyogi et al., 

2016a)). 

Readout-segmented EPI (rs-EPI), illustrated in Figure 2.16C, is an alternative approach to 

high-resolution imaging that also reduces B0 nonuniformity artifacts by increasing the effective 

bandwidth along the phase-encoding direction (Holdsworth et al., 2008a, 2009; Porter & 

Heidemann, 2009a; Heidemann et al., 2010a; Frost et al., 2015). A navigator echo is required in 

rs-EPI to correct phase errors between shots. A similar technique, short-axis PROPELLER EPI 

(SAP-EPI), shown in Figure 2.16D eliminates the need for navigator scans (Engström et al., 2008; 

Skare et al., 2006, 2008; Wen et al., 2018). Similarly to interleaved EPI, rs-EPI and short-axis 

PROPELLER EPI have much longer scan times. Their main advantage is the reduction of image 
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distortions. High in-plane resolution of 0.5 mm for a b-value of 1000 s/mm2 in 15 diffusion 

directions with slice thickness of 3 mm has been achieved with rs-EPI in 35 minutes (Figure 2.18) 

(Holdsworth et al., 2019). 

 
Figure 2.18. FA maps from 15 diffusion directions with a b-value of 1000 s/mm2 and in-plane 

resolution of 0.5 mm acquired using RS-EPI in 35 minutes (adapted from (Holdsworth et al., 

2019)). 

A specific type of spiral readout, in which the sampling density varies across k-space, has 

been employed in multi-shot acquisitions (Van et al., 2009; C. Liu et al., 2004a; T.-Q. Li et al., 

2005; Avram et al., 2014). In this approach, the central portion of k-space is sampled more densely 

and serves as a navigator to correct phase errors. This trajectory retains the advantages of the spiral 

readout, such as minimizing echo time, without the need for an additional navigator acquisition. 

Alternatively, a spiral-in trajectory has been use to acquire a navigator, followed immediately by 

a spiral-out acquisition for imaging (Aksoy et al., 2008). Non-navigated approaches have also been 

proposed, utilizing SENSE similar to MUSE and AMUSE, to iteratively estimate and correct the 

phase of each shot as shown in Figure 2.19 (Truong et al., 2012b; Truong & Guidon, 2014b; Guo 

et al., 2016; Jiang et al., 2024). 
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Figure 2.19. Comparison of three different image reconstructions: a: uncorrected, b: direct 

phase subtraction, c: magnitude averaging over shots, d: iterative phase correction (adapted 

from (Truong & Guidon, 2014b)). 

Instead of correcting phase errors, their source can be eliminated by designing motion-

compensated diffusion-encoding gradients. This technique is commonly used in cardiac and body 

imaging where extreme motion is a significant issue (Geng et al., 2021; Nguyen et al., 2014; Ozaki 

et al., 2013; Stoeck et al., 2016a; Xie et al., 2014), but is less frequently applied in brain imaging 

(Prasad & Nalcioglu, 1991; Brockstedt et al., 1995; Clark et al., 2000; Szczepankiewicz et al., 

2021). The main limitation of these diffusion-encoding gradients is that they require substantially 

longer durations, which increases the echo time and leads to SNR loss. However, with recent 
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advances in high-performance gradients, these motion-compensated gradients can now be 

designed to have similar duration as normal gradients on a typical gradient systems (Michael et 

al., 2024a). 

2.5.4. Volumetric acquisition techniques 

The diffusion imaging techniques described in the previous section are all 2D multi-slice 

techniques. It is also possible to acquire volumetric data, where a slab or the whole brain is excited 

rather than individual slices. Volumetric methods typically employ multi-shot techniques to encode 

the partition dimension. The primary advantage of 3D imaging is the higher SNR it provides, 

facilitating the acquisition of isotropic, high-resolution images. 

A volumetric FOV can be acquired as a single or multiple 3D slabs using multi-shot 

acquisitions, with additional phase encoding to resolve the third dimension within the slab (Golay 

et al., 2002; E.-K. Jeong et al., 2006; Frank et al., 2010; Engström & Skare, 2013a, 2013b; Chang 

et al., 2015; Wu, Poser, et al., 2016a; Bruce et al., 2017b; Dai et al., 2021; S. Liu et al., 2023; Z. 

Li et al., 2024b). Various types of multi-shot EPI and spiral acquisitions, as reviewed earlier, can 

be employed. Navigator-based methods from 2D acquisition techniques are often applied here, 

under the assumption that phase variations within a slab of ≤ 2 mm thickness are minimal 

(Engström & Skare, 2013a; Frost et al., 2014). In this case, SNR is increased compared with 2D 

acquisition by a factor of √𝑁𝑝𝑎𝑟𝑡𝑖𝑡𝑖𝑜𝑛𝑠, where 𝑁𝑝𝑎𝑟𝑡𝑖𝑡𝑖𝑜𝑛𝑠 is the number of phase-encoded 

partitions. 

A key challenge with 3D slab-selective techniques is the extended scan time inherent to 

multi-shot approaches, as well as slab boundary artifacts, which have been partially mitigated by 

recent advancements such as nonlinear inversion for slab profile encoding (NPEN) in Figure 2.20 
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(Van et al., 2015; Wu, Koopmans, et al., 2016). 

 
Figure 2.20. 3D multi-slab acquisition and approaches to correct slab boundary artifacts 

(adapted from (Wu, Poser, et al., 2016a)). 

An alternative method for spatial encoding within a slab is by varying RF pulse profiles, 

as employed in gSlider (Ramos‐Llordén et al., 2020; Setsompop et al., 2018; Liao et al., 2021). In 

this approach, the acquisition is repeated Npartition times with different RF pulse profile shapes that 

selectively omit a different partition at each repetition. The low-resolution slabs are then used to 

reconstruct partitions by solving a system of equations. This technique eliminates the need to 

acquire a navigator and has a better robustness to motion. While this method offers a different 

approach to spatial encoding in the partition direction using gradients, it shares the same 

disadvantages as the previous method, including longer scan times and slab boundary artifacts. 

Using this technique, images with an isotropic resolution of 0.6 mm and a b-value of 1000 s/mm2 
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in 64 directions was achieved in 117 minutes (Figure 2.21). 

 
Figure 2.21. Isotopic 0.6 mm scan with a b-value of 1000 s/mm2 in 64 directions using gSlider 

acquisition in 117 minutes (adapted from (Liao et al., 2021)). 

There are few 3D acquisition techniques for dMRI that use whole-brain excitation, as 

opposed to a multi-slab approach. Similar to anatomical imaging, these 3D techniques often 

employ steady-state sequences with a short TR. One such technique is DW-SSFP mentioned in 

Section 2.5.1, which is acquired using a navigated trajectory, the Radially Batched Internal 

Navigator Echoes (TURBINE) readout (McNab et al., 2010) (Figure 2.22). Another recent 

development is the 3D GRASE sequence, which uses a 3D navigator to correct phase errors (H. 

Li et al., 2023). However, these sequences have a high sensitivity to motion, and complex T1/T2 



Chapter 2- Background 

40 

 

and diffusion contrast. 

 
Figure 2.22. Comparison of 2D EPI sequence and 3D DW-SSFP sequence acquired using 

TURBINE readout (adapted from (McNab et al., 2010)). 

2.5.5. Other acquisition techniques 

Several additional acquisition techniques can be combined with the methods introduced 

above. One such technique is reduced field of view (rFOV) imaging, where a smaller region is 

excited. This can be achieved using methods like inner volume imaging (IVI) (Feinberg et al., 

1985; E.-K. Jeong et al., 2005; Wheeler-Kingshott et al., 2002), outer volume suppression (OVS) 

such as ZOOPPA and ZOOM-EPI (Karampinos et al., 2009; von Morze et al., 2010), or spatially 

selective RF pulses (Finsterbusch, 2009; Rieseberg et al., 2002; Saritas et al., 2014; Schneider et 

al., 2013). The main disadvantages of this technique are partial brain coverage and lower SNR due 

to the excitation of a smaller volume. However, using this approach, isotropic resolutions of ~0.8 

mm with a b-value of 1000 s/mm2 in 60 directions at 7 T in 60 minutes have been achieved (Figure 

2.23) (Heidemann et al., 2012). 
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Figure 2.23. White matter fibers entering the grey matter using ZOOPPA method (adapted 

from (Heidemann et al., 2012)). 

Super-resolution techniques are another category of methods that reconstruct high-

resolution images from a series of lower-resolution scans with translation or rotation (Scherrer et 

al., 2011; Vis et al., 2021). Most recently, rotating-view motion-robust super-resolution (ROMER) 

has been combined with Echo Planar Time-resolved Imaging (EPTI) to achieve images with an 

isotropic resolution of 0.5 mm at 3 T in 80 minutes (Dong et al., 2024). 

PSF mapping technique is an approach that produces artifact-free images (M. D. Robson, 

Gore, et al., 1997; Zeng & Constable, 2002). This intensive spatial encoding method introduces an 

additional phase-encoding dimension by shifting the phase-encode lines in small steps. The 

technique creates a voxel-wise distortion map, resulting in images that are free from susceptibility 

artifacts, eddy currents, and T2* blurring (In et al., 2017; Dong et al., 2019). 
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Figure 2.24. High-resolution diffusion scans and color FA maps with a resolution of 

0.7×0.7×2.8 mm, b-value of 1000 s/mm2 in 12 directions using PSF mapping imaging in 30 

minutes (adapted from (In et al., 2017)). 

The methods reviewed here have been developed to enhance the resolution of dMRI and/or 

address specific limitations, such as susceptibility artifacts. Each technique has its own set of 

advantages and disadvantages, making it suitable for specific applications. They tend to focus on 

high-resolution scans, long diffusion-encoding times (to achieve high b-values or non-linear 

encoding), or dense q-space sampling, and rarely achieve all three due to trade-offs in terms of 

scan time and SNR. There are thus on-going efforts to develop an SNR efficient sequence to enable 

high-resolution imaging with prolonged diffusion-encoding time and large number of diffusion 

encodings within reasonable scan times.
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Preface 

As a part of the first objective of this PhD thesis, the effective resolutions were investigated 

that were achievable in a short scan time. In order to maximize the SNR efficiency, optimal single-

shot trajectories were studied, and experiments were performed at 7 T due to the SNR gain 

provided. The spiral k-space trajectory is one of the most efficient readout trajectories for dMRI. 
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Furthermore, it enables a shorter echo time than an EPI readout, thus increasing the SNR.  

The effective resolution of an MR image differs from the nominal resolution entered at the 

scanner console due to T2
* decay during the readout, and thus depends on the readout trajectory 

used. This chapter focuses on investigating the SNR improvement and the achievable effective 

resolution of dMRI at 7 T using a single-shot spiral trajectory in comparison to EPI. This work 

builds on a recent study performed at 3 T (Lee et al., 2021a) that showed significant SNR 

improvement using spirals at a matching effective resolution. The trade-off between SNR and 

effective resolution will differ at 7 T due to the shorter T2
* relaxation times. The manuscript 

outlines the implementation of the spiral readout trajectory for dMRI at 7 T, the integration of a 

field monitoring system into the image reconstruction pipeline to obtain high-quality scans with 

minimal artifacts and isolate the effects of T2
* decay. The effective resolutions obtained using EPI, 

partial Fourier EPI, and spiral trajectories are evaluated through image acquisition simulations and 

PSF characterization. Finally, the SNR of dMRI using EPI, PF-EPI, and spiral trajectories is 

measured across different nominal resolutions, and compared at a matching effective isotropic 

resolution of 1.5 mm. 

Thought this thesis and based on the terminology that is usually used in MRI, the nominal 

resolution is the desired in-plane resolution, i.e. the minimum structure size that is resolvable, that 

is set as a scan parameter and most often determines the dimensions of the image voxel. The 

effective resolution is the true resolution achieved after considering any external sources that affect 

the image quality and is quantified in this work by the Full Width at Half Maximum (FWHM) of 

the PSF.  
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Abstract 

Diffusion MRI (dMRI) is a valuable imaging technique to study the connectivity and 

microstructure of the brain in vivo. However, the resolution of dMRI is limited by the low signal-

to-noise ratio (SNR) of this technique. Various multi-shot acquisition strategies have been 

developed to achieve sub-millimeter resolution, but they require long scan times which can be 

restricting for patient scans. Alternatively, the SNR of single-shot acquisitions can be increased by 

using a spiral readout trajectory to minimize the sequence echo time. Imaging at ultra-high fields 

(UHF) could further increase the SNR of single-shot dMRI; however, the shorter T2
* of brain tissue 

and the greater field non-uniformities at UHFs will degrade image quality, causing image blurring, 

distortions, and signal loss. 

In this study, we investigated the trade-off between the SNR and resolution of different k-

space trajectories, including echo planar imaging (EPI), partial Fourier EPI, and spiral trajectories, 

over a range of dMRI resolutions at 7 T. The effective resolution, spatial specificity and sharpening 

effect were measured from the point spread function (PSF) of the simulated diffusion sequences 

for a nominal resolution range of 0.6-1.8 mm. In-vivo partial brain scans at a nominal resolution 

of 1.5 mm isotropic were acquired using the three readout trajectories to validate the simulation 

results. Field probes were used to measure dynamic magnetic fields offline up to the 3rd order of 

spherical harmonics. Image reconstruction was performed using static ΔB0 field maps and the 

measured trajectories to correct image distortions and artifacts, leaving T2
* effects as the primary 

source of blurring. The effective resolution was examined in fractional anisotropy (FA) maps 

calculated from a multi-shell dataset with b-values of 300, 1000, and 2000 s/mm2 in 5, 16, and 48 

directions, respectively. In-vivo scans at nominal resolutions of 1, 1.2, and 1.5 mm were acquired 

and the SNR of the different trajectories calculated using the multiple replica method to investigate 
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the SNR. Finally, in-vivo whole brain scans with an effective resolution of 1.5 mm isotropic were 

acquired to explore the SNR and efficiency of different trajectories at a matching effective 

resolution. FA and intra-cellular volume fraction (ICVF) maps calculated using neurite orientation 

dispersion and density imaging (NODDI) were used for the comparison. The simulations and in 

vivo imaging results showed that for matching nominal resolutions, EPI trajectories had the highest 

specificity and effective resolution with maximum image sharpening effect. However, spirals have 

a significantly higher SNR, in particular at higher resolutions and even when the effective image 

resolutions are matched. Overall, this work shows that the higher SNR of single-shot spiral 

trajectories at 7 T allows us to achieve higher effective resolutions compared to EPI and PF-EPI 

to map the microstructure and connectivity of small brain structures. 

3.1. Introduction 

Diffusion MRI (dMRI) is sensitive to the motion of water molecules in tissue and thus 

provides insight into its microstructure (Afzali et al., 2021; Basser et al., 1994c; Jones, 2010). As 

gradient pulses are employed to encode diffusion in a specific direction, the loss of phase 

coherence due to motion along that direction results in attenuation of the MR signal (Jones, 2010; 

Tanner, 1979). This signal attenuation together with long diffusion-encoding times significantly 

reduces the signal-to-noise ratio (SNR) of dMRI and thus limits the spatial resolution that can be 

achieved (Polders et al., 2011; Polzehl & Tabelow, 2016). 2-D fast imaging approaches typically 

used for diffusion imaging further reduce the SNR compared to 3D acquisitions normally 

performed for anatomical scans. Several imaging techniques have been implemented in dMRI to 

reduce the echo time (TE) in order to minimize the signal loss due to T2 decay without sacrificing 

scan time, including accelerated parallel imaging (Griswold et al., 2002; Pruessmann et al., 1999, 

2001), partial Fourier echo-planar imaging (PF-EPI) (e.g., Noll et al., 1991; Blaimer et al., 2009), 
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non-Cartesian trajectories such as spirals (Block & Frahm, 2005; Assländer et al., 2013), and high 

performance gradients (Foo et al., 2020; Setsompop et al., 2013; F. Wang et al., 2021).  

Complementary techniques have also been developed to increase image resolution that are 

based on acquiring k-space in multiple shots. These techniques include acquiring multiple 

interleaves in the phase encode direction (e.g., Butts et al., 1996), multiple segments in the readout 

direction (e.g., Robson et al., 1997; Porter & Heidemann, 2009; Heidemann et al., 2010), using 

multi-shot non-Cartesian trajectories (e.g., Liu et al., 2004; Wang et al., 2005; Pipe & Zwart, 2006; 

Truong & Guidon, 2014), and 3-D multi-slab acquisitions (Dai et al., 2021; Engström & Skare, 

2013a; Moeller et al., 2020; Wu, Poser, et al., 2016b). These multi-shot techniques are sensitive to 

phase differences between shots due to motion and artifacts caused by physiological motion such 

as breathing, which must be corrected (e.g., Chen et al., 2013; Guhaniyogi et al., 2016; Mani et 

al., 2017). The above techniques can be combined with g-slider, a multi-shot technique to increase 

resolution along the slice direction. g-Slider uses a tailored RF pulse profile to excite a slab that 

modulates single slice information. The acquisition is repeated the same number of times as the 

slice number each with different RF pulses, and then individual slices are unaliased using the 

acquired scans (Setsompop et al., 2018; Ramos‐Llordén et al., 2020; F. Wang et al., 2021; Ramos-

Llordén et al., 2022). Using this method, resolutions as high as 500 µm have recently been 

achieved (Liao et al., 2022). In addition to these techniques, reduced field-of-view (rFOV) imaging 

has been also proposed in which reduction in the FOV results in an increased distance between 

two adjacent k-space lines allowing shorter readout duration to minimize T2
* signal decay (e.g., 

Feinberg et al., 1985; Karampinos et al., 2009; Saritas et al., 2014). Although this method covers 

a small region, it can be used repetitively for a whole-brain acquisition which increases the scan 

time similar to other techniques. Using these techniques, a typical diffusion-weighted sequence 



Chapter 3- High-resolution diffusion-weighted imaging at 7 T 

48 

 

with 64 directions can take ~ 45-60 minutes, which limits the application of high-resolution dMRI 

in clinical research. This has motivated the development and optimization of single-shot readout 

approaches to improve dMRI SNR and resolution. 

One way to boost the SNR is to scan at ultra-high magnetic field (UHF), which offers an 

increase in the intrinsic sensitivity and thus the opportunity to acquire high-resolution scans. The 

SNR has a supralinear (~𝐵0
1.95) relationship with the main magnetic field (B0) over a range of about 

3 to 7 T (Pohmann et al., 2016). However, due to shorter T2 and T2
* relaxation times at UHFs 

leading to a faster signal decay, the benefit of UHF imaging for dMRI depends on the echo time 

(Gallichan, 2018; Uğurbil et al., 2013b). Efficient readout trajectories that reduce TE can maximize 

the SNR increase provided by UHF imaging. 

Single-shot spiral acquisitions are among the most efficient trajectories (Assländer et al., 

2013; Engel et al., 2018; Lee et al., 2021a; Wilm et al., 2017). Center-out spiral trajectories 

minimize the echo time by starting acquisition from the k-space center, resulting in a significant 

SNR advantage (Lee et al., 2021a). Furthermore, acquiring with a spiral pattern avoids sharp 

changes in the trajectory direction that decrease speed due to limitations in gradient slew rates and 

peripheral nerve stimulation (PNS). Additionally, spiral trajectories inherently have zero gradient 

moments at the k-space center which make them robust to flow artifacts (Nishimura et al., 1995). 

The disadvantage of this type of k-space sampling is increased sensitivity to gradient imperfections 

and B0 field non-uniformities that cause image blurring and ring-shaped artifacts (Block & Frahm, 

2005). 

The development of field monitoring probes allows us to measure dynamic field 

imperfections and use this information during image reconstruction to minimize image artifacts. 

Application of these field probes has significantly improved dMRI image quality for EPI and spiral 
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trajectories at 3 T at a nominal in-plane resolution of 1.3 mm (Lee et al., 2021a; Wilm et al., 2015, 

2017), and at 0.69 mm using high-performance gradients (Wilm et al., 2020). Ma and colleagues 

(2020) used field monitoring probes to correct artifacts caused by gradient imperfections in the 

Human Connectome Project with an isotropic resolution of 1.05 mm diffusion EPI protocol at 7 

T. To the best of our knowledge, the advantages of single-shot spirals for dMRI at 7 T has not been 

investigated. 

Although the SNR is an important factor in limiting image resolution, it is not the only 

contributing factor. The T2
* signal decay during the readout will cause a blurring artifact that 

depends on the k-space sampling pattern, such that the effective resolution is lower than the 

nominal resolution of the scan. This blurring effect is enhanced at UHFs due to the shorter T2
* 

relaxation times of brain tissue: T2 and T2
* is nearly halved at 7 T compared to 3 T (Cox & 

Gowland, 2010; Peters et al., 2007). This lower effective resolution reduces the benefit of moving 

to UHF for high-resolution dMRI. Reischauer and colleagues (2012) showed that a lower effective 

resolution is achieved for dMRI at 7 T in comparison to 3 T using an EPI readout with the same 

acceleration factor. Engel and colleagues (2018) showed that effective resolution of a single-shot 

T2
*-weighted GRE spiral acquisition at 7 T is approximately 1.4 times higher than the nominal 

resolution. The impact of EPI and spiral readout trajectories with different acquisition parameters 

on image quality has not been thoroughly investigated at 7 T. 

The aim of this study is to determine the optimal single-shot readout trajectory for high-

resolution dMRI at 7 T by investigating the trade-off between SNR and effective resolution of 

various k-space trajectories. We use simulations to characterize the sole impact of T2
* decay on 

spatial resolution and accuracy of dMRI using a PSF analysis for EPI, PF-EPI and spiral readout 

trajectories. In-vivo scans corrected for eddy currents and static field nonuniformities are used to 
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validate the simulation results, and compare the SNR of the different trajectories at matching 

nominal resolutions. Finally, scans with matching effective resolution were acquired to investigate 

the SNR and efficiency of the different trajectories. 

3.2. Methods 

3.2.1. Artifact and blurring correction due to imperfections in spatial encoding 

There are spatio-temporal deviations from prescribed magnetic field gradients during the 

readout, mainly due to eddy currents and concomitant fields. Furthermore, there are subject-

specific static field non-uniformities (ΔB0), and dynamic field perturbations related to subject 

motion and physiology such as breathing. These field deviations result in the accumulation of 

additional phase terms during the readout as a function of spin location in space, which causes 

inaccuracies in spatial encoding. These inaccuracies result in ghosting artifacts, blurring, and the 

appearance of unwanted signal patterns that depend on the readout trajectory used (Bernstein, 

2004). In order to investigate the sole effect of T2
* signal decay during the readout on the PSF, 

image artifacts caused by these sources must first be corrected. We measured the spatio-temporal 

dynamics of the magnetic field using 16 field monitoring probes (Skope MRT, Zurich, 

Switzerland) and acquired a static ΔB0 field map. This information was included in the image 

reconstruction pipeline using the expanded signal encoding model described below to minimize 

image artifacts. The differences in image quality between the reconstructed images acquired using 

different k-space trajectories are therefore primarily due to T2
* signal decay during the readout. 

3.2.2. Image reconstruction using the expanded signal model 

The expanded signal model is a generalized form of the Fourier transform which is 

typically used for image reconstruction. Unlike the Fourier transform, the power of this method is 
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that it can model the image acquisition using any basis function for spatial encoding, and thus can 

include terms to describe deviations from the prescribed linear field (Wilm et al., 2011). This 

approach can minimize image artifacts for cartesian and non-cartesian imaging, however its 

application has been limited by its significant computational requirements leading to long image 

reconstruction times. With recent advancements in computing hardware, it is gradually finding its 

way into image reconstruction pipelines. 

A discretized form of the expanded signal model in time and space that accounts for 

gradient imperfections and B0 spatial non-uniformity was implemented to reconstruct images using 

(22), 

𝒔 = 𝑬𝒎 (22) 

where s is a matrix of samples of the measured MR signal over time, m is a matrix of the 

magnetization in space, and E is the encoding matrix of which elements are calculated as in (23). 

𝑬𝜸,𝒓,𝒕 = 𝑐𝛾(𝑟). 𝑒
−𝑖𝜑(𝑟,𝑡)  (23) 

𝑐𝛾(𝑟) is the sensitivity of coil 𝛾 at position r, and 𝜑(𝑟, 𝑡) is the accumulated phase of a spin 

at position r and time t according to (24). 

𝜑(𝑟, 𝑡) = 𝑘0(𝑡) + ∑ 𝑘𝑏(𝑡)ℎ𝑏(𝑟)
𝐿
𝑏=1 + ∆𝐵0(𝑟). 𝑡  (24) 

𝑘0(𝑡) is the measured zero-th order spherical harmonic term or dynamic ΔB0 over time, 

𝑘𝑏(𝑡) is the coefficient of the spherical harmonic basis function b that is calculated from the 

dynamic field probes measurements during the readout, and ℎ𝑏(𝑟) is the spherical harmonic basis 

function b. L is the number of spherical harmonics coefficients, and ΔB0(r) is the inhomogeneity 

of the main magnetic field (B0) at position r. Images are reconstructed by solving for m in (22) 

using the Conjugate-Gradient (CG) method. 
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CG is an iterative reconstruction method that requires a termination criterion that is 

typically determined empirically. In every iteration, CG adds a small amount of noise to the 

solution; therefore, finding the optimal stopping point to achieve a high-quality reconstruction 

while avoiding excessive addition of noise is important. We used the same approach to stop the 

reconstruction as used by Lee and colleagues (2021b). Iteration was stopped when the difference 

images of two consecutive iterations had no visible structures. A minimum of 6 iterations was used. 

In general, higher resolutions and under-sampling factors required more iterations (up to 16). 

Spirals usually converged faster than EPI and PF-EPI for a given resolution. 

In-house MATLAB code optimized for GPU processing was developed for image 

reconstruction on a workstation with Intel 11700F CPU, 64 GB of RAM, and an NVIDIA GeForce 

RTX 3090 graphics card with a reconstruction time of 1.8-0.3 seconds per slice, depending on the 

matrix size and trajectory duration. 

3.3. Simulations 

3.3.1. Sequence simulations 

Diffusion-weighted spin-echo sequences with EPI, PF-EPI, and spiral readout trajectories 

were simulated in MATLAB. The excitation and refocusing pulse durations used in the simulations 

and in-vivo scans were set to 2.56 and 6.40 ms respectively to suppress the fat signal using the 

method by Ivanov et al. (2010) as used in the Human Connectome Project (A. T. Vu et al., 2015b). 

The diffusion-encoding duration was calculated based on trajectory specifications for a b-value of 

2000 s/mm2 with a maximum gradient amplitude and slew rate of 73 mT/m and 200 T/m/s 

respectively, as used on the Siemens Terra 7 T scanner. 

Readout trajectories were simulated for resolutions of 0.6 to 1.8 mm isotropic with 0.1-mm 
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increments. Fixed parameters for all trajectories include: field-of-view (FOV) = 256×256 mm2, 

repetition time (TR) = 5000 ms, and sampling rate of 1 MHz. EPI trajectories were generated with 

the same gradient limitations used for the diffusion-encoding, and the following parameters: 

acceleration factors (R) along phase encode (PE) direction = 2, 3, and 4, bandwidth-per-pixel = 

1384 Hz, PF factor = 0.75, and spatial encoding in the anterior-posterior direction. Spiral 

trajectories were generated using the method in (Hargreaves, 2001) with a maximum gradient 

amplitude of 27 mT/m and slew rate of 160 T/m/s to avoid PNS and critical acoustic resonance 

frequencies of the gradient system. Three spiral trajectories were generated corresponding to 

acceleration factors R of 4, 5, and 6 respectively. 

3.3.2. Point spread function characterisation 

For the PSF analysis, a single point in the center of the image domain was simulated with 

T1, T2, and T2
* relaxation times of the GM/WM set to 1300/800, 72/79, 66/46 ms at 3 T, and 

2000/1200, 47/47, 33/26 ms at 7 T respectively (Cox & Gowland, 2010; Peters et al., 2007; Rooney 

et al., 2007; Wansapura et al., 1999). The simulated signal decay was sampled at the time points 

along the different trajectories to fill k-space. For PF-EPI, the missing part of k-space was filled 

based on the conjugate symmetry feature of k-space. 

In EPI-based trajectories, considerable signal decay occurs in the PE spatial encoding 

direction compared to the frequency-encode (FE) direction due to the longer time difference 

between adjacent k-space points along the PE direction in comparison to the FE direction. 

Consequently, T2
* blurring will be more significant along the PE direction. For spiral trajectories, 

the signal decays uniformly in all radial directions. The effective resolution of each protocol was 

determined in PE direction using the full width at half maximum (FWHM) of the PSFs for the GM 

and WM. 
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Two-dimensional PSFs of the simulated k-space data for the WM were calculated on a 

4096×4096 grid image using the image reconstruction method described in Section 3.2.2. Shape 

and magnitude of the main lobe and side lobes affect the contribution of other voxels to the final 

value of the central voxel, and its contrast with respect to neighbouring voxels. To characterise 

these effects, we define below the specificity, sharpness, and effective resolution of the PSF 

adapted from previous works (Chaimow et al., 2018; Engel et al., 2022). The specificity is defined 

as the integral of the main lobe within the nominal voxel size in both PE and FE directions 

normalized by the integral of the rest of the PSF outside the nominal voxel.  

𝑆𝑝𝑒𝑐𝑖𝑓𝑖𝑐𝑖𝑡𝑦 =
∑𝑚𝑎𝑖𝑛 𝑙𝑜𝑏𝑒

|∑ 𝑠𝑖𝑑𝑒 𝑙𝑜𝑏𝑒𝑠 + 𝑟𝑒𝑠𝑖𝑑𝑢𝑎𝑙 𝑚𝑎𝑖𝑛 𝑙𝑜𝑏𝑒|
 (25) 

While positive side lobes have an overall blurring effect, negative lobes cause sharpening 

of the resulting image. Sharpness is defined as in Equation (26), of which higher values indicate a 

greater sharpening effect of the PSF. 

𝑆ℎ𝑎𝑟𝑝𝑛𝑒𝑠𝑠 =
|∑𝑛𝑒𝑔𝑎𝑡𝑖𝑣𝑒 𝑠𝑖𝑑𝑒 𝑙𝑜𝑏𝑒𝑠 |

|∑𝑝𝑜𝑠𝑖𝑡𝑖𝑣𝑒 𝑠𝑖𝑑𝑒 𝑙𝑜𝑏𝑒𝑠 + 𝑟𝑒𝑠𝑖𝑑𝑢𝑎𝑙 𝑚𝑎𝑖𝑛 𝑙𝑜𝑏𝑒|
 (26) 

3.4. Experiments 

3.4.1. In-vivo scans to validate simulation results 

To validate the simulation results, a volunteer (female, 24 years old) was scanned on a 7 T 

Terra scanner running VE12U-SP01 (Siemens, Erlangen, Germany) using a single channel 

transmit and 32-channel receive coil (Nova, Wilmington, USA). All scans were approved by the 

Research Ethics Board of the Montreal Neurological Institute, and informed consent was obtained 

from all subjects. 

 Most scan parameters were similar to the Human Connectome Project 7 T protocol (A. T. 
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Vu et al., 2015b). The subject was scanned at a nominal isotropic resolution of 1.5 mm. While only 

a few (40) slices were acquired to reduce the reconstruction time, the TR of the protocols was set 

to 5 seconds to avoid signal saturation. All scan parameters are listed in Table 3.1. Coil sensitivity 

and ΔB0 field maps were estimated using a bipolar GRE scan with 6 echos, TE1 = 3.81 ms, and 

ΔTE = 1.07 ms, in-plane resolution = 1.5 mm covering the same field view as the diffusion scans. 

A multi-shell diffusion-weighted spin echo protocol was acquired with b-values = 0, 300, 1000, 

and 2000 s/mm2 in 5, 5, 16, and 48 directions respectively. The TE of all sequences was adjusted 

for a b-value of 2000 s/mm2. 

All scans, including the GRE sequences, were monitored using field monitoring probes in 

a separate session and the field measurements were used for offline image reconstruction as 

described in Section 3.2.2 to correct for B0 non-uniformity and gradient imperfections. For PF-

EPI, we included only the acquired part of k-space in the image reconstruction, which results in 

similar quality to the k-space zero-filling approach implemented on the scanner. However, there 

are several techniques available to reconstruct PF-EPI scans that improves the quality and reduces 

the blurring, such as projection onto convex sets (POCS) (Haacke et al., 1991) and the virtual coil 

concept (Blaimer et al., 2009). 

Motion correction was performed on all images of the partial brain scans with nominal 

isotropic resolution of 1.5 mm and effective resolution of 1.5 mm using the Multidimensional 

diffusion MRI (MD-dMRI) (Nilsson et al., 2018) toolbox in MATLAB. No further pre-processing 

that could impact image resolution (e.g., denoising or Gibbs ringing correction) was performed. 

Fractional anisotropy (FA) maps were generated from the motion corrected images including all 

acquired b-values using MRtrix3 (Tournier et al., 2019). We compared the calculated FA maps as 

opposed to the raw diffusion-weighted images, since differences in the TEs results in differences 
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in the T2-weighted image contrast. 

3.4.2. In-vivo scans to investigate SNR 

Twenty-seven images without diffusion encoding (b-value = 0) were acquired in a 

volunteer (male, 31 years old) to calculate the SNR of the different readout trajectories at three 

isotropic nominal resolutions of 1, 1.2, and 1.5 mm with parameters in Table 3.1. The TR for all 

scans was matched to the longest TR of the protocols, and the TE was adjusted for a b-value of 

2000 s/mm2. 

SNR maps were generated using the pseudo multiple replica method (P. M. Robson et al., 

2008). Briefly, the noise covariance matrix across the receive coil channels was calculated using 

noise scans added to the onset of the sequences, amounting to 11000 samples in total. One hundred 

sets of correlated complex-valued Gaussian white noise were generated for each scan with the 

same dimension as the raw k-space data. To obtain 100 image replicas per scan, the synthesized 

noise sets were added to the raw k-space data followed by image reconstruction. Images without 

added noise were also reconstructed to use as original scans. A standard deviation (SD) map of the 

noise for each scan was generated by calculating pixel-wise SD over the stack of replicas. The real 

part of image replicas was used in calculating the noise SD maps. SNR maps were then estimated 

as the magnitude of the original images divided by the corresponding noise SD map. The final 

calculated SNR was the average over a WM and GM mask extracted from the b = 0 s/mm2 images. 

3.4.3. In-vivo scans with matching effective resolution to investigate SNR and efficiency  

In order to investigate the SNR and efficiency of different trajectories with a matching 

effective resolution, whole brain scans of a third volunteer (female, 26 years old) were acquired. 

The nominal resolution for each scan was chosen using the simulation results for a matching 1.5 
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mm isotropic effective resolution. TR for every protocol was chosen to minimize the scan time. 

The other scan parameters are listed in Table 3.1. In addition to FA maps, intra-cellular volume 

fraction (ICVF) maps were calculated using neurite orientation dispersion and density imaging 

(NODDI) (H. Zhang et al., 2012) to investigate the effect of SNR on microstructural models that 

require shells with high b-values. Motion corrected diffusion images were denoised using MRTrix3 

(Tournier et al., 2019) then ICVF maps were generated using AMICO (Daducci et al., 2015). 
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Table 3.1: In-vivo scan parameters at 7 T for three experiments to validate simulation results, calculate SNR, and investigate SNR and 

efficiency of trajectories with a matching resolution 

* The bandwidth for the spiral trajectory was calculated by dividing the sampling time by the matrix size. 

Scan Nominal resolution SNR measurement Effective resolution 

Nominal 

resolution 

(mm) 

1.5 1.5 1.5 1.5 1.2 1 1.2 1 1 

Trajectory EPI PF-EPI Spiral EPI PF-EPI Spiral EPI PF-EPI Spiral EPI PF-EPI Spiral EPI PF-EPI Spiral 

TE (ms) 82,73 72,63 46 102,82,73 72,63,59 46 118,92,80 81,67,63 46 101,87 86,72,66 46 86 71 46 

TR (ms) 5000 6700 6700 6700 11100 10300 8300 

FOV (mm3) 256×256×60 256×256×36 256×256×36 256×256×36 256×256×144 

Slice 

thickness 

(mm) 

1.5 1.5 1.2 1 1.5 

R 3,4 2,3 4,5 2,3,4 2,3,4 4,5,6 2,3,4 2,3,4 4,5,6 3,4 2,3,4 4,5,6 3 4 5 

PF factor - 0.75 - - 0.75 - - 0.75 - - 0.75 - - 0.75 - 

Bandwidth-

per-pixel 

(Hz)* 

1384 1384 2906 1384 1384 2906 1374 1374 2336 1396 1396 1953 1798 1776 1953 

Number of 

slices 
40 24 30 36 96 

Scan time 

(min) 
~7 ~1 ~1 ~1 ~15 ~13 ~10 
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3.4.4. Coil sensitivity and ΔB0 field map estimation, and image reconstruction 

Individual coil images from the GRE scan were first reconstructed by explicit 

multiplication of the Hermitian conjugate of the encoding matrix in (23) excluding the ΔB0 term. 

Coil sensitivity maps were estimated from the first echo using ESPiRIT (Uecker et al., 2014c). To 

map the B0 non-uniformity, pixel-wise unwrapping of the phase image of each channel across all 

echoes was performed, followed by averaging ΔB0 maps obtained for every coil and smoothing 

the final map using a 7×7×7-pixel spatial median filter. 

Measured trajectories up to the 3rd order of spherical harmonics, coil sensitivity maps, and 

ΔB0 maps were used in the expanded signal model in (22) to reconstruct the diffusion-weighted 

images.  

3.4.5. Eddy current compensation 

The Siemens scanner data acquisition pipeline includes online eddy current compensation 

(ECC) that adjusts the system’s central frequency f0 during the signal demodulation, which adds a 

phase term to the raw data. This correction needs to be disabled since these f0 variations are also 

measured by the field probes, otherwise eddy current effects will be corrected twice during image 

reconstruction. Since this feature cannot be disabled on the 7 T Terra scanner, we must invert the 

scanner’s ECC. The same protocols were simulated in the IDEA environment to obtain gradient 

waveforms, which were converted to ISMRMRD format2 to calculate the ECC applied by the 

scanner to the raw data in the form of a 𝑘0 phase terms. The scanner ECC correction is inverted 

by multiplying the raw data by the conjugate values of ECC phase terms. The measured 𝑘0 terms 

obtained by field probe measurements, which are more accurate than scanner’s simulated eddy 

 
2 https://github.com/SkopeMagneticResonanceTechnologies/siemens_to_ismrmrd 

https://github.com/SkopeMagneticResonanceTechnologies/siemens_to_ismrmrd
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currents, are applied instead during the image reconstruction. 

3.5. Results 

3.5.1. Simulation results 

3.5.1.1. Sequence timing 

Figure 3.1A and B show the readout duration and echo time of the simulated trajectories 

as a function of nominal resolution, respectively. The readout duration of the spiral trajectory with 

R = 4 is shorter compared to EPI with the same acceleration factor for almost all resolutions, and 

it is shorter than PF-EPI for resolutions lower than 1 mm. The rate at which the readout duration 

increases at high-resolutions is greater for spirals than for PF-EPI and EPI due to the radial pattern 

of k-space acquisition in spiral trajectories. 

Echo times in Figure 3.1B were calculated for sequences with a b-value of 2000 s/mm2. In 

spiral trajectories, the TE is independent from the resolution and remains at 44 ms over the entire 

range. The echo time of EPI and PF-EPI increases with resolution as expected. Results show a 

significant advantage of spiral trajectories over EPI-based trajectories due to the shorter TE 

resulting in a higher SNR, particularly at high resolutions. 
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Figure 3.1. Timing properties of trajectories. A: Readout duration as a function of nominal 

resolution. Spiral trajectories have shorter readout durations due to more efficient way of 

sampling k-space for the same acceleration factor. B: Echo time (TE) as a function of nominal 

resolution for a b-value = 2000 s/mm2. The echo time remains at 44 ms for spiral trajectories, 

while it increases with resolution for EPI and PF-EPI. 

3.5.1.2. Point spread function 

The modulation transfer function (MTF) along the PE axis, reflecting the T2 and T2
* signal 

decay along the readout trajectory, and the corresponding PSFs for EPI, PF-EPI, and spiral 

trajectories are shown in Figure 3.2 for WM and GM. Equivalent simulation results at 3 T are 

included in Figure 3.8 of Supplementary materials for comparison. MTF signal amplitude was 

normalized so that the value at ky = 0 is one. The right column of Figure 3.2 shows one-sided PSFs 

calculated from Fourier transformation of the corresponding MTFs. There are large variations in 

PSFs between the readout trajectories. Due to the shorter T2
* time of the WM in comparison to the 

GM, PSFs are wider for the WM. This broadening of PSFs indicates more blurring, which results 

in a lower effective resolution. On the other hand, as the PSF gets sharper, the amplitude of 
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associated side lobes becomes larger, which affects specificity and sharpness. 

 
Figure 3.2. MTF along the PE direction and corresponding PSF. A and B, and their 

corresponding PSFs in C and D for the WM and GM at 7 T. There is more broadening of the 

PSF for the WM in comparison to the GM. The dashed portion of the PF-EPI MTFs was 

generated using the Hermitian conjugate property of the k-space. 

The real part of the 2-D PSFs of the WM for a nominal resolution of 1 mm at 7 T are shown 

in Figure 3.3A and B for spiral and EPI trajectories, respectively. For EPI, ringing amplitudes are 

greater along the PE and FE axes while spiral has circular ringing that uniformly spreads in all 

radial directions. The effective resolution is compared to the nominal resolution at 7 T in Figure 

3.3C and D, and at 3 T in Figure 3.9 of the Supplementary materials. There are large variations in 

the effective resolution between the trajectories at 7 T. As expected, the WM has a lower effective 
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resolution than the GM due to its shorter T2
* time. EPI and PF-EPI trajectories follow a linear trend 

over the range of resolutions considered, while spiral trajectories show a deviation from linearity 

for resolutions higher than 0.9 mm due to the extensive signal loss caused by long readout 

durations. This results in the suppression of high frequency components and thus a lower effective 

resolution. The specificity for all 2-D PSFs, defined in Section 3.3.2, are shown in Figure 3.3E. 

The specificity decreases at higher resolutions for all protocols. EPI has the highest specificity, 

which is expected due to its sharper peak, as shown in 1-D PSFs in Figure 3.2. The decrease in 

specificity at higher resolutions is most significant for spiral trajectories due to excessive 

suppression of high frequencies by the T2
* signal decay. The sharpening effects of EPI and PF-EPI 

remain almost constant over different resolutions, while this effect is significantly reduced at high 

resolutions for spirals as shown in Figure 3.3F. This is due to the signal decay which causes 

suppression of higher frequencies leading to decreasing side lobe amplitudes, while the residual 

main lobe remains at a high positive value. This sharpening effect in EPI and PF-EPI causes Gibbs 

ringing artifacts in the image, while spirals inherently reduce them, specifically at high resolutions. 
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Figure 3.3. PSF analysis. A, B: Spiral has similar ringing in all directions while 

ringing is constrained along the PE and FE axes for EPI. C, D: There is greater 

variability in the effective resolution of WM compared to GM due to its shorter T2
*. 

E, F: The specificity of EPI is higher due to its narrower main lobe compared to PF-

EPI and spiral. EPI and PF-EPI have a constant sharpening effect, while the 

sharpness of spirals reduces significantly at high resolutions due to the signal decay 

causing suppression of the side lobes. 
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In addition to PSF simulations, a digital brain phantom was simulated to study effects of 

CG image reconstruction on image quality. Methods and results can be found in Supplementary 

materials. The results are similar to the PSF analysis results described above. 

3.5.2. In-vivo scan results 

3.5.2.1. EPI has the highest effective resolution 

Figure 3.4 shows FA maps derived from the 1.5-mm scans shown in Figure 3.10 of 

Supplementary materials in the axial, sagittal, and coronal planes. The SNR advantage of spirals 

over EPI-based trajectories is clearly visible in the mean DWI images. The direction encoded color 

(DEC) maps of the PF-EPI scans clearly show blurring of fine structures in comparison to EPI and 

spirals along the anterior-posterior direction. In contrast with spiral trajectories characterized by 

uniform blurring in all directions in-plane, the majority of blurring due to T2
* decay in EPI-based 

trajectories appears along the phase-encoding (PE) direction, here the anterior-posterior direction. 

It is therefore expected to see a maximal blurring in the sagittal and axial planes, and minimal 

blurring in the coronal plane. A clear example of this in the axial and sagittal planes is the 

corticospinal fibers that form a striping pattern in the PE direction and are affected the most by the 

blurring. 

EPI trajectories provide the sharpest FA maps in the sagittal and axial planes, in particular 

for R = 4 due to the shorter readout and thus less T2
* decay. The spiral with R = 5 shows slightly 

sharper FA maps compared to the spiral with R = 4 and PF-EPI with R = 3. The blurriest FA map 

is obtained by using PF-EPI scans with R = 2, mainly due to its longer readout duration. 
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Figure 3.4. FA maps calculated using different trajectories at 1.5 mm isotropic nominal 

resolution. DEC maps in the axial plane are shown in the first row, and FA maps in axial, 

sagittal and coronal planes with magnified regions for better examination are shown below. 

EPI-based scans show a minimal blurring in the coronal direction, and maximal blurring in 

the sagittal plane, while blurring in the spiral trajectory occurs in all directions. The sharpest 

FA map is acquired using EPI with R = 4, and the map with the lowest effective resolution is 

generated using PF-EPI with R = 2. 



Chapter 3- High-resolution diffusion-weighted imaging at 7 T 

67 

 

To investigate the blurring effects on the calculated maps, FA values and smoothness of 

structures in specific regions of interest selected along the FE (Figure 3.5A, B) and PE (Figure 

3.5C, D) axes in the 1.5-mm isotropic and 1-mm anisotropic scans were investigated more closely 

using line plots. These regions were selected to include fibers oriented perpendicular to the ROI. 

In Figure 3.5A and B, FA values obtained using EPI and PF-EPI trajectories are consistent within 

a range of ~0.1. Spirals show smoother FA profiles and larger differences compared to EPI and 

PF-EPI, as highlighted by the blue arrow in Figure 3.5A. In Figure 3.5C and D corresponding to 

the PE direction, the difference in FA values between EPI and PF-EPI trajectories is more 

significant than in the FE direction. These plots show sharper changes in FA for EPI trajectories 

and smoother variations for PF-EPI and spiral trajectories. 

 
Figure 3.5. Line plots of FA values in PE and FE directions at a nominal isotropic resolution 

of 1.5 mm. A and B: line plots of FA values along the FE direction. C and D: line plots of FA 

values along PE direction. FA values show more variations in EPI and PF-EPI trajectories in 

the PE direction compared to the FE direction. The blue arrow shows more variability of the 

FA values calculated using spirals in the FE direction. The red arrow shows a drop in FA for 

PF-EPI with R = 2 and 3 in contrast to other trajectories. 
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3.5.2.2. Spirals provide the highest SNR 

The SNR values calculated from the in-vivo scans using different trajectories and 

parameters at three isotropic resolutions of 1, 1.2, and 1.5 mm are plotted in Figure 3.6. EPI with 

R = 2 at 1 mm was excluded due to low signal amplitude of the field monitoring probes towards 

the end of the readout. For a given acceleration factor R, EPI has the lowest SNR, mainly due to 

its longer echo time. The SNR of spiral trajectories varies the most as a function of R due to 

changes in the under-sampling rate in two dimensions compared to EPI and PF-EPI. Furthermore, 

the echo time of EPI and PF-EPI is shortened at higher acceleration factors which partially 

compensates for the SNR loss due to the increased undersampling. This figure clearly shows the 

advantage of spirals in preserving a high SNR at high resolutions. 

 
Figure 3.6. SNR calculated from in-vivo scans. The SNR was calculated within a brain tissue 

mask in b=0 s/mm2 scans at three resolutions of 1, 1.2, and 1.5 mm isotropic. 
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3.5.2.3. Spirals provide highest SNR for matching effective resolution 

FA and ICVF maps calculated from whole brain scans (Figure 3.11 of Supplementary 

materials) with a matching effective resolution of 1.5 mm are shown in Figure 3.7. The SNR of 

the b=0 s/mm2 images for EPI, PF-EPI, and spiral were 23.7, 18.8, and 32.4, respectively. Despite 

the higher nominal resolution of the spiral trajectory to match the effective resolution of the other 

images, the SNR of spirals is still higher than for EPI. Although all scans provide FA maps of 

similar quality, ICVF maps clearly show the advantage of the higher SNR of the spirals for the 

shells with high b-values of 2000 s/mm2. Furthermore, the spirals shorten the scan time by about 

33% and 23% compared to EPI and PF-EPI, respectively. FA and ICVF maps of different slices 

are available in Figure 3.12 and Figure 3.13 of Supplementary materials, respectively. 
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Figure 3.7. FA map of scans with a matching effective resolution of 1.5 mm. 

Similar structures in FA maps can be seen in all maps due to the matching 

effective resolution. Effect of higher SNR of the spiral scan is clear in ICVF 

maps. 
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3.6. Discussion 

3.6.1. Spirals are the optimal k-space readout trajectory for single-shot dMRI at 7 T 

The aim of this study was to characterise the effects of T2
* decay on spatial resolution and 

quality of dMRI at 7 T and to find an optimal single-shot readout trajectory that balances the trade-

off between SNR and image resolution. We characterised the PSF of dMRI with EPI, PF-EPI, and 

spiral trajectories using sequence simulations. Three measures were proposed for comparison of 

the trajectory PSFs: specificity, sharpness, and effective resolution. In vivo scans were acquired at 

7 T to investigate consistency with simulation results, as well as to measure SNR. Field monitoring 

probes were used to eliminate distortions and artifacts caused by field imperfections. We showed 

that spirals generally have lower effective resolution and specificity compared to EPI at matching 

nominal resolutions. However, the SNR advantage of spiral enables the acquisition of single-shot 

spiral dMRI scans at an effective resolution of ~1.5 mm for a b-value of 2000 s/mm2 at a higher 

SNR and in a shorter scan time than EPI and PF-EPI. 

3.6.2. Spatial specificity and sharpening factor 

The PSF is typically characterised using the FWHM. Engel et el. (2022) have recently used 

specificity and sensitivity in addition to FWHM to characterize the PSF and determine the optimal 

TE for BOLD fMRI contrast using spiral and EPI trajectories. They defined specificity as the ratio 

between the integral over the main lobe and the L2-norm of the side lobes. Here we used a different 

definition for specificity: the ratio between the main lobe within the nominal voxel boundaries to 

the integral of the side lobes. This definition was used to better reflect the contribution of spins 

within the nominal voxel. This specificity measure is affected by the residual main lobe, where a 

sharper peak in the PSF leads to a reduction of the area under the residual main lobe. This is the 

main reason that EPI has the greatest specificity, even though its side lobes have higher amplitude 
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than the other trajectories. Spirals have more variable specificity over the range of resolutions 

studied; higher suppression of side lobes leads to lowering side lobe amplitudes significantly. Side 

lobe suppression is expected to increase specificity; however, the greater area of the residual main 

lobe of spirals dominates and reduces the specificity. 

The sharpness quantifies the effects of negative side lobes on image quality. A greater 

sharpening effect is not necessarily advantageous since it increases Gibbs ringing and intensifies 

edges. Due to suppression of high-frequency components using spirals, it has an inherent benefit 

of removing Gibbs ringing, especially at high resolutions. 

3.6.3. Simulation results of the effective resolution are consistent with in-vivo scans 

Simulation results in Figure 3.3 clearly show differences in the effective resolution between 

different trajectories, which are enhanced at higher resolutions. At 1.5-mm nominal resolution, the 

effective resolution can be nearly divided into three different groups where EPI trajectories 

perform best, and PF-EPI with R=2 have the lowest effective resolution, and other trajectories in 

between. In vivo FA maps in Figure 3.4 and line plots of Figure 3.5 confirm these considerable 

differences observed in the simulations, more specifically perpendicular to structures oriented 

along the FE direction, such as the corticospinal tract.  

3.6.4. Trade-off between SNR and effective resolution 

Several groups have investigated the gain in SNR at higher field strengths for diffusion 

MRI (Choi et al., 2011; Reischauer et al., 2012). In a recent study at 3 T, Lee et al. (2021b) used 

field monitoring probes and measured the SNR benefit of spiral over EPI trajectories. They 

performed a PSF analysis for trajectories with an equivalent effective resolution of 1 mm. Reported 

SNR values are lower than what we calculated in this study by a factor of ~6 for b=0 s/mm2 at 
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similar TE values. This SNR difference is due to imaging at 7 T which is expected to provide ~5.21 

(SNR∝~B0
1.95) times higher SNR than 3 T according to (Pohmann et al., 2016). 

As mentioned above, T2 and T2
* are approximately halved at 7 T compared to 3 T. Although 

we did not perform in-vivo experiments at 3 T to compare them to our 7 T results, simulations 

shown in Figure 3.3 and Figure 3.9 of Supplementary materials suggest increased blurring at 7 T 

and greater differences between the different trajectories. Effective resolution of PF-EPI and spiral 

are decreased ~20% compared to 3 T, and differences in the effective resolution among trajectories 

was increased from ~13% at 3 T to ~27% at 7 T. Given the greater effect of T2
* blurring at 7 T, 

nominal resolutions presented in dMRI studies at 7 T should be interpreted with caution, in 

particular for studies that investigate fine structures of the brain such as the cortical gray matter. 

Future work could focus on minimizing the effect of T2
* blurring by demodulating the k-

space data before image reconstruction using a T2
* map, at the cost of enhancing high-frequency 

noise. The PSF analysis can also be integrated into trajectory optimization methods to find a 

readout trajectory that minimizes blurring while preserving the SNR (e.g., Weiss et al., 2021). 

3.6.5. Diffusion-encoding effects 

Different diffusion-encoding strengths (b-values) and schemes (linear, b-tensor (Westin et 

al., 2016)) affect TE and therefore potentially the effective image resolution and the SNR. We 

calculated the effective resolution for various echo times in the PSF analysis and obtained the same 

results as shown in Figure 3.13 of the Supplementary materials. T2* decay after the echo in a spin-

echo sequence remains the same regardless of the echo time. However, in a gradient-echo 

sequence, changes in TE affect the T2
* decay modulation and therefore the effective resolution of 

the scans (Engel et al., 2018) 
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As shown in Figure 3.14 of Supplementary materials, the differences in echo time for b-

values of 500 and 1000 s/mms is very small for EPI and PF-EPI readouts compared to spirals. This 

is due to the added idle time in EPI-based dMRI sequences which in addition to diffusion gradient 

duration, affects calculation of the b-value, whereas in spirals there is no idle time between 

diffusion gradients and the refocusing pulse, therefore changes in the b-value depend only on the 

diffusion gradient duration. 

The b-values selected for this study are frequently employed in dMRI studies for 

tractography and microstructural modelling. However, to increase the specificity to the intra-

axonal compartment higher b-values (4000-7000 s/mm2) are often used (e.g., Barakovic et al., 

2021; McKinnon and Jensen, 2019; Veraart et al., 2020, 2018). The enhanced SNR efficiency of 

spiral trajectories would benefit such protocols and can be combined with other approaches to 

enhance SNR, such as the stimulated echo acquisition mode (STEAM) sequence (Reischauer et 

al. (2012) and high-performance gradients (e.g., Foo et al., 2020). 

3.6.6. Limitations 

The objective of this study was to evaluate the image quality of dMRI at 7 T using various 

trajectories in order to identify the ideal protocol. The PSF analysis and digital phantom 

simulations aim to quantify the effects of the different trajectories on the effective resolution and 

spatial accuracy. An aspect that is not taken into account in the simulations is the variability in 

tissue properties, such as proton density and relaxation times, across the brain. Despite these 

limitations, the simulation results at both high- and low- resolutions are consistent with the in-vivo 

scan results. 

A limited number of subjects were scanned in this study. While we expect inter-individual 
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variations in T2 and T2
* times in healthy brain tissue to have small effects on our results (i.e. within 

the range of variation observed across a single brain), larger variations could occur in the case of 

pathology. Shorter T2 and T2
* times due to iron accumulation for instance will enhance the 

differences between the trajectories, whereas longer relaxation times due to oedema would reduce 

these differences. 

Our results show that PF-EPI has poor spatial resolution and accuracy. More advanced 

image reconstruction techniques such as LORAKS (Haldar, 2014) can be employed for higher PF 

factors to reduce the blurring significantly at the cost of increased reconstruction time. 

To minimize image artifacts and blurring due to field imperfections in the in-vivo scans, 

we used off-line field measurements. Motion and breathing can cause changes in the zeroth order 

fields. These effects are negligible for single-shot imaging due to the short readout duration for 

each slice (~100 ms). However, subject motion could lead to changes in the static ΔB0 map that is 

used for image reconstruction. To minimize the discrepancy between the ΔB0 map used for the 

image reconstruction and actual B0 non-uniformity, GRE scans were repeated about every 15 

minutes. 

Figure 3.7 shows a bias between the ICVF maps from the three different trajectories at 

matching effective resolution. These differences may result from the differences in TE between 

the three protocols, 86, 71, and 46 ms for EPI, PF-EPI and spiral, respectively. The intra-cellular 

compartment has a longer T2 time than the extra-cellular compartment (Lampinen et al., 2020; 

McKinnon & Jensen, 2019; Veraart et al., 2018a). ICVF maps calculated from data at longer TEs 

will thus have higher values than those at shorter TEs since the NODDI ICVF maps are actually 

intra-cellular T2-weighted signal fraction maps. 
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Lastly, the scan time of the protocols implemented in this study can be further decreased 

by incorporating SMS. Combining spiral trajectories with SMS will make high spatial and angular 

resolution diffusion imaging of the whole-brain more efficient and feasible in clinical populations. 

3.7. Conclusion 

The effective resolution achieved using a specific k-space trajectory should be considered 

as it is significantly lower than the nominal resolution entered at the scanner and typically reported 

in the literature, in particular at UHFs due to the shorter T2
* times of brain tissue. If time is not a 

limiting factor, multi-shot diffusion imaging acquisitions may be preferable as they provide higher 

SNR, better effective resolution, and specificity. In this work, we investigated fast, single-shot 

protocols that can be used in clinical research. We show that diffusion imaging with spiral 

trajectories reconstructed using field monitoring probes to minimize distortions and blurring due 

to eddy currents, provide sufficient signal to achieve higher effective resolutions than EPI overall 

and within a shorter scan time. 

Code and data availability 

The MATLAB code used for sequence simulation are available at 

(https://github.com/TardifLab/dMRI_sequence_simulations). The image reconstruction pipeline 

described in section 3.2.2 is available at 

(https://github.com/TardifLab/ESM_image_reconstruction). Raw reconstructed diffusion images 

and calculated maps are available at (https://doi.org/10.5683/SP3/V7ITEH). 
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3.8. Supplementary materials 

 
Figure 3.8. MTF along the PE direction and corresponding PSF. A and B, and their 

corresponding PSFs in C and D for the WM and GM at 3 T. There is more broadening of the 

PSF for the WM in comparison to the GM. The dashed portion of the PF-EPI MTFs was 

generated using the Hermitian conjugate property of the k-space. 
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Figure 3.9. Effective resolution as a function of nominal resolution. The effective resolution of 

WM and GM is shown in A and B. WM has a lower effective resolution due to its shorter T2
* 

relaxation time. 
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Figure 3.10. Diffusion-weighted images using different readout trajectories at a nominal 

resolution of 1.5 mm isotropic at 7 T. Images for b-values of 0, 300, 1000, and 2000 s/mm2 

acquired by different trajectories are shown. Images in the same rows are shown with the 

same scale adjusted for better visibility. 
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Figure 3.11. Reconstructed images at matching effective resolution of 1.5-mm. Diffusion 

images with b-values of 0, 300, 1000, and 2000 s/mm2 using different trajectories are shown. 
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Figure 3.12. different slices of b=0 s/mm2 and FA maps at matching resolution of 1.5 mm. 

Effects of B1 nonuniformity are clear in the last two columns which causes loss of SNR. 
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Figure 3.13. ICVF maps generated from different trajectories with the same effective 

resolution. Low SNR of EPI and PF-EPI leads to inaccurate estimation of ICVF. B1 

nonuniformity causes SNR loss in some areas which are clear in the last column. 
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Figure 3.14. The echo time and effective resolution as a function of nominal resolution for b-

values of 500 and 1000 s/mm2. TEs are shorter in b = 500 s/mm2, but effective resolution is not 

affected since the blurring mostly caused by T2
* decay after the echo in a spin-echo sequence. 
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Digital brain phantom simulations 

Methods 

The PSF analysis above does not include the effects of CG image reconstruction on the 

image quality. We therefore performed simulations using a digital brain phantom as well. The 

digital phantom was generated from a segmented T1-weighted image acquired using the 

MP2RAGE sequence at 7 T (Marques et al., 2010) with an isotropic resolution of 1 mm. The WM, 

GM and cerebrospinal fluid (CSF) compartments were assigned the same relaxation times as for 

the single-point PSF simulations, and a proton density of 0.55, 0.85 and 1.0 respectively. 

The digital phantom was multiplied by the sensitivity maps of the individual channels of 

the 32-channel Nova coil estimated from a gradient-echo (GRE) scan of the same participant using 

ESPiRIT (Uecker et al., 2014c). T2
*-modulated images of the phantom were generated at the time 

points of the EPI, PF-EPI and spiral trajectories generated for a resolution of 1.5 mm with the same 

parameters used in the PSF analysis. Points of the k-space were calculated by applying the Fourier 

transform to the modulated images at the corresponding time points of the trajectories. The under-

sampled k-space, coil sensitivity maps and nominal trajectories were then used to reconstruct 

images using the reconstruction method described in Section 3.2.2. To eliminate differences in 

image contrast due to echo times, TE was set to 50 ms for all trajectories. This will affect the SNR 

but will not have any effect on the effective resolution that is investigated. The effects of different 

trajectories on the resolution were then investigated by qualitatively comparing structural features 

and line plots. 

Results 

Figure 3.15 shows simulated spin-echo images created by applying the full image 

acquisition and reconstruction pipeline on a digital brain phantom. Blurring is visible in the images 
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created using a PF-EPI and spiral trajectory compared to EPI with minimum blurring. By closely 

looking at magnified regions, the blurring mainly appears along the PE direction in the EPI and 

PF-EPI images, whereas in images generated using spiral trajectories blurring is spread in all radial 

directions. Similarly, ringing artifacts in EPI and PF-EPI are mainly affecting voxels in the PE 

direction, whereas in spirals, voxels in all directions are affected. 

 
Figure 3.15. Digital phantom imaging results. EPI and PF-EPI have higher ringing artifact 

and blurring in the PE direction, while in spirals they appear in all directions. Blurrier images 

and more ringing artifacts cause lower specificity and effective resolution. 

Line plots of the reconstructed images in Figure 3.16 for EPI and PF-EPI with R=2, and 

spiral R=4 along the anterior-posterior and left-right directions are shown in Figure 3.16. In the 

anterior-posterior direction, EPI follows sharp changes clearly, while PF-EPI and spiral smooth 
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out structural details. In the left-right direction, spiral trajectory performs the same as in the other 

direction, while PF-EPI line plots are similar to EPI due to less blurring in the FE direction. 

 
Figure 3.16. Line plots from the digital brain phantom images in the phase- and frequency-

encode directions. The line plots correspond to the red lines in the digital brain image to the 

left. Spiral and PF-EPI smooth details of the phantom in the anterior-posterior direction. EPI 

and PF-EPI show similar structural details of the phantom in the left-right direction, while 

spiral performs similarly to the anterior-posterior direction, losing fine structures. 
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Preface 

The results from Chapter 3 demonstrate that the spiral readout trajectory is more SNR 

efficient than EPI for single-shot high-resolution dMRI at 7 T. But this single-shot 2D 

implementation is insufficient to achieve the goal of submillimeter effective resolution due to T2
* 

blurring. Additionally, the resolution in the slice direction is limited by the quality of the RF 

excitation profile, slices are susceptible to recent motion due to spin history from previous 
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excitations, and there are challenges of overcoming B1
+ nonuniformity at ultra-high magnetic 

fields. 

A 3D acquisition could potentially address these issues, but several challenges must first 

be addressed. Short TRs in 3D imaging cause signal saturation, leading to lower SNR. 

Additionally, acquiring a volume over multiple shots can result in significant motion artifacts, as 

discussed in Chapter 2. In this chapter, a novel 3D dMRI sequence will be introduced to tackle 

these two main challenges, demonstrating scans with effective submillimeter resolution. Due to 

challenges of diffusion imaging at 7 T, mostly related to RF stability and B1
+ nonuniformity, the 

novel sequence was first implemented at 3 T.  
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Abstract 

Purpose: To enhance SNR per unit time of diffusion MRI to enable high spatial resolution 

and extensive q-sampling in a feasible scan time on clinical scanners. 

Methods: 3D Multi-shot Enhanced Recovery Motion Insensitive Diffusion (MERMAID) 

consists of a whole brain non-selective 3D multi-shot spin-echo sequence with an inversion pulse 

immediately before the excitation pulse to enhance the recovery of longitudinal magnetization. 

The excitation flip angle is reduced to the Ernst angle. The sequence includes a TURBINE readout 

trajectory, where a 3D projection of the FOV is acquired at a different radial angle in every shot. 

An image-based phase correction method, combined with Compressed sensing image 

reconstruction, was developed to correct phase errors between shots. The performance of the 3D 

MERMAID sequence was investigated using Bloch simulations, as well as phantom and human 

scans at 3 T and compared to a typical multi-slice 2D spin-echo sequence. 

Results: Improvements in SNR efficiency of 30-80% were observed in phantom and 

human scans when using 3D MERMAID compared to a multi-slice 2D spin-echo sequence. This 

SNR efficiency improvement allowed scans to be acquired at a nominal isotropic resolution of 

0.74 mm and a total of 112 directions across 4 shells (b=150, 300, 1000, 2000 s/mm2) in 37 minutes 

on a clinical scanner. 

Conclusion: The 3D MERMAID sequence was shown to significantly improve SNR per 

unit time compared to multi-slice 2D and 3D diffusion sequences. This SNR improvement allows 

for shorter scan times and higher spatial and angular resolutions on clinical scanners. 
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4.1. Introduction 

High-resolution diffusion MRI (dMRI) is a powerful tool to map the microstructure of 

small structures across the entire brain. Ex-vivo dMRI studies of healthy human brains have been 

performed at isotropic resolutions of ~100-650 µm and validated using histology (Budde & 

Annese, 2013; Roebroeck et al., 2019; A. Seehaus et al., 2015; A. K. Seehaus et al., 2013). These 

studies have revealed the complex geometry and microstructure of crossing fibers in the white 

matter, the layered intracortical myeloarchitecture showing radial and tangential cortical 

projections, as well as short-range U-fibers (Aggarwal et al., 2015; Leuze et al., 2014; Ly et al., 

2020). High-resolution post-mortem dMRI has also revealed microstructural alterations of cortical 

grey matter and small structures in patients such as the hippocampus in Alzheimer's (Zhao et al., 

2023), seizures (Ke et al., 2020), and hippocampal sclerosis (Coras et al., 2014), the substantia 

nigra in Parkinson’s (Knossalla et al., 2018), and the corpus callosum in Amyotrophic lateral 

sclerosis (ALS) (Cardenas et al., 2017). In contrast, the in-vivo spatial resolution is limited due to 

the inherently low signal-to-noise ratio (SNR) of dMRI, resulting in nominal resolutions of ~2.5-

1.5 mm for scans performed in a reasonable scan time for most clinical and research scans. These 

high-resolution ex-vivo and in-vivo dMRI studies have motivated the development of MRI 

techniques to enhance SNR efficiency of in-vivo dMRI to achieve high-resolution imaging in 

clinical scan times. 

Conventional dMRI employs a 2D single-shot acquisition of a spin-echo (SE) sequence 

with an echo-planar imaging (EPI) readout. Using this sequence, whole brain spatial resolutions 

of 2.5-1.5 mm are achievable at 3 Tesla (T), benefiting from techniques such as partial Fourier 

(Koopmans & Pfaffenrot, 2021; Noll et al., 1991) and parallel imaging (Griswold et al., 2002; 

Lustig et al., 2007; Pruessmann et al., 1999) to shorten the EPI train. Furthermore, simultaneous 
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multi-slice imaging (SMS) (Engel et al., 2024; Setsompop et al., 2012) significantly shortens the 

repetition time (TR), allowing for the acquisition of more volumes with different diffusion 

encodings (e.g., directions, b-values, diffusion times, etc.) within a reasonable scan time. While 

these methods are used to reconstruct white matter tracts and obtain valuable microstructural 

details through multi-compartment tissue models (Jelescu et al., 2016; Novikov et al., 2019; H. 

Zhang et al., 2012), the tissue within the achievable voxel size is highly complex due to partial 

volume effects with different fibre populations, grey matter structures, and CSF, highlighting the 

need for further improvement in resolution. 

Most proposed methods for high-resolution dMRI have relied on multi-shot SE 

acquisitions at the cost of scan time. The main challenge in multi-shot acquisitions is phase 

differences between shots due to high sensitivity to unwanted motion such as bulk motion and 

nonlinear brain motion due to the pulsatile cardiac cycle. They often require the integrated 

acquisition of a navigator to correct phase errors between shots caused by microscopic and 

macroscopic motion (Butts et al., 1996). The navigator can be acquired by adding a refocusing 

pulse at the end of the image readout (Bammer et al., 1999; Holdsworth et al., 2008b; Porter & 

Heidemann, 2009b). Alternatively, a self-navigating readout trajectory such as variable density 

spirals and keyhole trajectories can be used (C. Liu et al., 2004b; Tang et al., 2024). Recent multi-

shot acquisition techniques use navigator-free approaches such as MUSE and MUSSELS (N.-K. 

Chen et al., 2013; Mani et al., 2017b) that take advantage of the smoothness of the phase of each 

shot. Low-rank Hankel matrix techniques have also been used to solve for a smoothly varying 

phase assuming the magnitude of each shot is consistent (Z. Li et al., 2024a). Other multi-shot 

acquisition approaches based on the PROPELLER readout (Z. Li et al., 2011b; Pipe, 1999b; Pipe 

& Zwart, 2006b) eliminate the need for an additional navigator scan. This fast spin-echo (FSE) 
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sequence provides a robust artifact-free solution suitable for clinical settings where the specific-

absorption-rate (SAR) and low number of diffusion directions are not limiting. Super-resolution 

techniques are another category of multi-shot imaging techniques that reconstruct high-resolution 

images from a series of lower resolution scans with translation or rotation (Scherrer et al., 2011; 

Vis et al., 2021). Most recently, rotating-view motion-robust super-resolution (ROMER) is 

combined with Echo Planar Time-resolved Imaging (EPTI) to achieve images at 3 T with an 

isotropic resolution of 500 µm, b-value of 1000 s/mm2, and 25 diffusion directions in 80 minutes 

(an effective TR per volume of 3.2 minutes)(Dong et al., 2024). In addition to the multi-shot 2D 

dMRI techniques described above, 3D multi-slab approaches, where a slab of brain is excited and 

acquired in multiple shots, have been proposed to enhance resolution (Bruce et al., 2017b; 

Engström & Skare, 2013a). These methods use multiple slabs to lengthen the TR to avoid signal 

saturation, and use the same 2D navigator-based methods with the assumption that phase changes 

in the slice direction are small for slab thickness 2 mm (Engström & Skare, 2013a; Frost et al., 

2014). Alternatively, multiple RF pulse profiles can be used to differently encode slice information 

in a thick slab acquired in multiple shots as in g-Slider (Ramos‐Llordén et al., 2020; Setsompop et 

al., 2018). 

There are few 3D acquisition techniques for dMRI that use a whole brain excitation. As for 

anatomical imaging, these 3D techniques use steady-state sequences with a short TR (E.-K. Jeong 

et al., 2003b; Q. Zhang et al., 2019). A 3D steady-state free precession (SSFP) sequence was 

proposed by McNab et al. for high SNR in-vivo and ex-vivo imaging using the Trajectory Using 

Radially Batched Internal Navigator Echoes (TURBINE) readout (McNab et al., 2010). The main 

disadvantages of this technique are the complex T1/T2 and diffusion contrast, and high sensitivity 

to motion which limits its application in vivo. A 3D GRASE sequence that uses a 3D navigator to 
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correct for phase errors was also recently proposed (H. Li et al., 2023). Instead of estimating and 

correcting for phase errors between shots, some 3D dMRI sequence implementations use motion-

compensated diffusion encoding gradients to minimize phase errors (Stoeck et al., 2016b; 

Szczepankiewicz et al., 2021). This type of diffusion encoding requires longer encoding times 

resulting in longer echo times and lower SNR. The echo times can be shortened by using high-

performance gradient systems when available (Michael et al., 2024b). 

Overall, most of the multi-shot 2D and 3D dMRI techniques reviewed above achieve high-

resolution images but have a long effective TR (~40 seconds to 3.5 minutes per volume for 

resolutions ranging from ~1 to ~0.5 mm isotropic). This limits the number of diffusion encodings 

that can be acquired within a scanning session. Microstructure models, in particular of the grey 

matter, require extensive q-space sampling, and/or multi-echo, and multi-diffusion time 

experiments (Jelescu et al., 2022b; Palombo et al., 2020b; Uhl et al., 2024). Therefore, even though 

anatomical specificity is enhanced using these high-resolution techniques, the microstructural 

interpretation of the data remains limited. More efficient sequences are needed to fully utilize the 

potential of high-resolution dMRI for in-vivo applications. 

We developed a whole brain 3D Multi-shot Enhanced Recovery Motion Insensitive 

Diffusion-weighted (MERMAID) sequence that improves SNR per unit time compared to a 2D 

SE-EPI sequence and keeps the scan time per volume short (Feizollah & Tardif, 2024). Going from 

2D to 3D for high-resolution imaging improves SNR, spin history, and B1
+ uniformity, and 

eliminates slab/slice profile artifacts. However, several challenges need to be addressed. First, the 

available steady state signal is low due to saturation of the longitudinal magnetization caused by 

the short TR in a SE sequence. This was addressed by adding an inversion pulse before the 

excitation and reducing the excitation flip angle. The second challenge is phase errors between 
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shots caused by macroscopic motion and cardiac cycles. A TURBINE readout with a new image 

reconstruction pipeline was developed to correct for these errors. We demonstrate that this SNR 

efficient 3D dMRI technique can be used to acquire high spatial resolution images, up to 0.74 mm 

isotropic with an effective TR of 19 seconds, and advanced diffusion encoding schemes for high-

resolution microstructural mapping. 

4.2. Methods 

4.2.1. 3D steady-state SE dMRI with enhanced longitudinal magnetization recovery 

The simplest way of creating a 3D diffusion sequence is to change the excitation and 

refocusing pulses into 3D pulses, minimize TR, and add phase encoding along the slice direction 

to create a multi-shot 3D readout trajectory (henceforth referred to as the 3D SE sequence). Instead 

of lengthening the TR to improve the signal recovery, we propose a novel sequence referred to as 

3D MERMAID, illustrated in Figure 4.1A. This sequence significantly enhances signal recovery 

in the 3D SE sequence by incorporating an inversion pulse immediately before excitation. To 

demonstrate the mechanism, we performed Bloch simulations comparing 3D MERMAID with a 

3D SE sequence. These simulations used a TE of 64 ms and T1/T2 of 866/90 ms, consistent with 

the T1 of white matter at 3 T (Cox & Gowland, 2010; Rooney et al., 2007). Figure 4.1B shows that 

in a traditional dMRI sequence with 90- and 180-degrees pulses, reducing the TR leads to 

prolonged recovery times for the longitudinal magnetization transitioning from negative to 

positive, resulting in a reduced steady-state signal. By inserting an inversion pulse just before the 

excitation, as depicted in Figure 4.1C, the longitudinal magnetization is flipped back to the positive 

side by the refocussing pulse, thereby enhancing signal recovery until the next TR. 

According to the Bloch equations (Bloch, 1946b) and the sequence diagram in Figure 4.1A, 
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the normalized steady-state longitudinal magnetization 𝑀𝑧𝑠𝑠
 is described by Equation (27) 

assuming perfect spoiling and gradients: 

𝑀𝑧𝑠𝑠
=

𝑒
𝑇𝐼
𝑇1 (cos(𝛼) − 1) − 𝑒

𝑇𝑅
𝑇1 + 2𝑒

𝑇𝐸
2

+𝑇𝐼

𝑇1 − cos (𝛼)

−𝑒
𝑇𝑅
𝑇1 + cos (𝛼)

 
(27) 

Here, TI represents the time between the inversion and excitation pulses, and α is the 

excitation flip angle. The normalized transverse magnetization at the echo time 𝑀𝑥𝑦𝑇𝐸
 is calculated 

by Equation (28). 

𝑀𝑥𝑦𝑇𝐸
=

𝑒
𝑇𝐼
𝑇1 (cos(𝛼) − 1) − 𝑒

𝑇𝑅
𝑇1 + 2𝑒

𝑇𝐸
2

+𝑇𝐼

𝑇1 − cos (𝛼)

−𝑒
𝑇𝑅
𝑇1 + cos (𝛼)

. sin(𝛼) . 𝑒− 
𝑇𝐸
𝑇2 

(28) 

To maximize the 𝑀𝑥𝑦𝑇𝐸
, an optimal excitation flip angle must be employed. Determining 

this flip angle using Equations (27) and (28), yields the Ernst angle formula for gradient-echo 

sequences (Ernst & Anderson, 1966), shown in Equation (29). 

𝛼𝐸𝑟𝑛𝑠𝑡 = arccos(𝑒(−
𝑇𝑅
𝑇1

)) 
(29) 

4.2.2. Image reconstruction and motion correction 

Another challenge of multi-shot 3D SE imaging is sensitivity to inter-shot phase errors. We 

implemented the TURBINE (Graedel et al., 2022; McNab et al., 2010) strategy, as shown in Figure 

4.1D. Each shot acquires a radial plane of k-space rotated around the anterior-posterior axis, such 

that each is individually reconstructed into a projection of the FOV. The acquisition is accelerated 

by undersampling each EPI plane, similar to a 2D EPI readout (Rin-plane), and undersampling in the 

projection dimension (Rprojection), requiring Nπ/2 projections to meet the Nyquist criteria where N 
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is the matrix size. Partial Fourier is also applied within each radial plane in the EPI phase-encode 

direction as typically employed in 2D EPI readouts. 

 
Figure 4.1. Sequence diagram, Bloch simulations, and the readout of the 3D MERMAID 

sequence. A: sequence diagram shows the new components added to/modified in a 

conventional SE sequence in blue: an inversion pulse, spoilers, and non-selective pulses. B: 

shows one TR of a 3D SE sequence at the steady state. C: shows Bloch simulation of the 3D 

MERMAID sequence at the steady state. D: TURBINE readout (undersampled due to better 

visualization) constructed from a 2D EPI plane rotating around anterior-posterior axis. Each 

color shows a shot, and projections specified by dotted line are skipped to accelerate the scan 

in the radial direction. 
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The 3D dMRI TURBINE image reconstruction pipeline is summarized in Figure 4.2. A 

GRAPPA kernel (Griswold et al., 2002) is estimated for in-plane (kx-ky) projection reconstruction, 

and coil sensitivity maps are estimated for a compressed sensing (CS) reconstruction (Lustig et al., 

2007) of each phase-encode (PE) plane (kx-kz) with radial sampling as depicted in Figure 4.2A. 

The raw k-space data from the calibration scans are corrected for Nyquist ghosting using the 

method described by Heid (2000). From the corrected data, the in-plane GRAPPA kernel for each 

projection is estimated as for a typical 2D GRAPPA reconstruction. Before estimating coil 

sensitivity maps for each PE plane (Uecker et al., 2008), the phase of each projection is subtracted 

from a filtered image using a triangle window with a width of 0.25 as suggested in (Skare et al., 

2009), similar to the method used by Pipe et al. (2002) and Wang et al. (2005) for removing motion-

corrupted phase.  

Once the GRAPPA kernel and coil sensitivity maps are calculated, scans are reconstructed 

using the pipeline shown in Figure 4.2B. Nyquist ghost correction and phase correction is done as 

previously described for the reference scans. Motion related to the cardiac cycle also corrupts the 

k-space data and introduces significant deviations in image magnitude. These artifacts appear as 

large hypointense areas in regions of significant motion, such as the ventricles and spine. To 

identify the corrupted projections, we compare the total image signal of each projection against 

the average across all projections of the same volume. The projections that deviate significantly 

from the average are removed. This method eliminates the need to record cardiac rhythm or make 

the acquisition cardiac gated. The motion-corrected k-space data are subsequently obtained by 

computing the inverse Fourier transformation of the corrected projections. To eliminate Gibbs 

ringing artifacts along the frequency-encode (FE) direction, a semi-Hanning filter is applied to the 

outer 20% of k-space representing high-frequency components in the FE direction. Lastly, 
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projections are combined using an inverse fast Fourier transformation along the PE direction, 

followed by CS reconstruction of each PE plane using the BART toolbox (Uecker et al., 2014b; 

X. Wang et al., 2020). Output of each step of the reconstruction pipeline is shown in Figure 4.10 

of Supporting Information. 

The reconstructed images can be post-processed using the tools developed for 2D EPI 

scans. Due to the long readout duration of each shot of the TURBINE trajectory, B0 field 

inhomogeneities cause artifacts in the images that appear similar to EPI distortion artifacts. An 

image with an opposite PE direction is acquired and used to correct these artifacts (Andersson et 

al., 2003) using topup and eddy implemented in FSL (Smith et al., 2004). To achieve optimal 

denoising results, the image reconstruction pipeline was modified to include a denoising step right 

after the reconstruction of projections, as shown in Figure 4.11 of the Supporting Information. 

 
Figure 4.2. Image reconstruction pipeline. A: method used to calculate in-plane GRAPPA 

kernels and coil sensitivity of each PE plane. B: pipeline used to reconstruct each volume 

with motion correction. 
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4.2.3. Bloch Simulations to optimize the 3D MERMAID sequence 

The SNR efficiency of the 3D MERMAID sequence is affected by various factors, 

including TR, flip angle, and B1
+ uniformity. To explore the impact of these parameters on the 

sequence's efficiency, four Bloch simulations were conducted. 

The first simulation aimed to compare the signal recovery enhancement using the 3D 

MERMAID sequence versus the 3D SE sequence across various b-values and resolutions. This 

simulation was performed with TEs and TRs adjusted to b-values of 1000, 2000, and 3000 s/mm2, 

and a T1 of 866 ms, alongside readouts matching the nominal resolution range of 0.8 to 1.5 mm 

achievable by the standard Siemens diffusion sequence. The excitation flip angle was adjusted to 

the Ernst angle for the corresponding TR. The analysis focused on the steady-state transverse 

magnetization of the 3D MERMAID sequence and the conventional 3D SE sequence, highlighting 

the signal recovery improvements. 

The steady-state signal is sensitive to the flip angle of the inversion and refocusing pulses. 

A second Bloch simulation was performed to assess the impact of B1
+ field variations, ranging 

from 0.4 to 1.4 times the nominal value, on the 3D SE and 3D MERMAID signals, and a T1 of 866 

ms.  

A third Bloch simulation was performed to study the effect of TR on the steady-state 

transverse magnetization at the echo time. This was done for the white matter (WM), grey matter 

(GM), and CSF with T1s/T2s of 866/71 ms, 1300/72 ms, and 4160/1700 ms, respectively (Cox & 

Gowland, 2010; Rooney et al., 2007) for a range of TRs from 100 to 300 ms. 

Lastly, the effect of varying flip angle between 1 and 90 degrees on the steady-state 

transverse magnetization at TE was simulated with the same relaxation times above and a TR of 
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150 ms. 

4.2.4. Phantom scans to compare relative SNR of 3D MERMAID with 2D SE-EPI sequence 

All scans were performed on a 3 T Prisma-Fit Siemens scanner running VE11C software 

(Siemens, Erlangen, Germany). The 3D MERMAID sequence was developed by modifying the 

Siemens diffusion sequence (henceforth referred to as the 2D SE-EPI sequence). An amplitude-

modulated hyperbolic secant adiabatic pulse of 5120 µs was implemented for inversion and 

refocusing. To ensure complete fat signal suppression, a fat saturation pulse was applied before the 

inversion pulse and a non-selective water excitation pulse was implemented, as illustrated in 

Figure 4.1A. To prevent stimulated echoes, gradient spoiling was applied immediately following 

the inversion pulse and the readout, and RF spoiling was applied to the inversion and excitation 

pulses.  

For the readout, a TURBINE trajectory was implemented as in Figure 4.1D, in which each 

shot is a rotated version of the single-shot 2D EPI trajectory around the anterior-posterior axis, 

chosen for minimum peripheral nerve stimulation (PNS). 

To compare the SNR of the 3D MERMAID sequence with that of the 2D SE-EPI sequence, 

we prepared a spherical phantom with T1/T2 relaxation times of ~868/90 ms to model the white 

matter. To compute the SNR, 15 repetitions at nominal resolutions of 0.86, 1.0, 1.2, and 1.5 mm 

were acquired using the scan parameters specified in Table 4.1. Additionally, scans across a range 

of TEs and TRs corresponding to b-values of 0, 1000, 2000, and 3000 s/mm2 were performed 

without employing diffusion-encoding gradients to avoid a signal loss due to the high diffusivity 

of the phantom. The 3D MERMAID scans were retrospectively undersampled in the projection 

dimensions (Rprojection=1, 2, 3, 4) to investigate the impact of undersampling on the relative SNR. 
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128 slices were acquired using 2D SE-EPI for all resolutions due to a limitation in the VE11C 

version of the Siemens diffusion sequence. The SNR was assessed in the center of the spherical 

phantom within a FOV of 100×100×100 mm by dividing the magnitude of the first scan by the 

standard deviation of the noise, derived from the 15 repetitions. No denoising or compressed 

sensing reconstruction was used for phantom scans. 

4.2.5. Removal of motion artifacts in reconstruction of 3D images 

All human scans received approval from the Research Ethics Board of the Montreal 

Neurological Institute, and informed consent was obtained from all participants.  

The following scans were performed to test the motion correction strategy, and compare 

the resulting diffusion metrics in brain tissue with the standard Siemens 2D SE-EPI sequence. A 

participant (male, 25 years old) was scanned using both the 2D SE-EPI and 3D MERMAID 

sequences at an isotropic nominal resolution of 1.2 mm, b-values of 1000 and 2000 s/mm² with 12 

diffusion directions each. Remaining acquisition parameters are detailed in Table 4.1. For the 3D 

MERMAID sequence, all projections were acquired to meet the Nyquist criteria and 

retrospectively undersampled by a factor of 3 to match the scan time of the 2D SE-EPI sequence. 

The subject's pulse was recorded and subsequently used to study the effects of the cardiac cycle 

on the diffusion images.  

Scans acquired with the 2D SE-EPI sequence were processed using mrdegibbs to minimize 

Gibbs ringing artifacts. The fractional anisotropy (FA), direction encoded color (DEC), and 

apparent diffusion coefficient (ADC) maps were generated using MRtrix3 (Basser et al., 1994a; 

Tournier et al., 2019; Veraart et al., 2013).  
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4.2.6. 2D SE-EPI and 3D MERMAID comparison at sub-millimetre resolution  

To demonstrate the performance of the 3D MERMAID compared to the 2D SE-EPI 

sequence in acquiring high spatial and angular resolution scans, a second participant (female, 27 

years old) was scanned. A multi-shell protocol was used for microstructural modeling with 

matching acquisition parameters: a nominal isotropic resolution of 0.9 mm, b-values of 0, 150, 

300, 1000, and 2000 s/mm2 in 1, 7, 10, 30, 64 directions, respectively, totaling 112 directions. The 

b=0 s/mm2 image was only used for motion correction using eddy. To reduce the impact of pulsatile 

CSF signal close to the cerebellum which causes strong streaking artifacts in the 3D MERMAID, 

a low b-value of 150 s/mm2 was used for subsequent estimation of diffusion metrics. To calculate 

SNR maps, 20 averages of a b-value of 150 s/mm2 were acquired using both sequences. Other scan 

parameters are listed in Table 4.1. A T1-weighted CS MPRAGE sequence (Mussard et al., 2020) 

with a nominal resolution of 1 mm was acquired for anatomical reference. The 2D SE-EPI scans 

were reconstructed using the scanner’s image reconstruction pipeline which included POCS to 

recover resolution due to partial Fourier. Magnitude and phase images were used for denoising 

using the noise reduction with distribution corrected (NORDIC) method (Moeller et al., 2021). 

The 3D MERMAID scans were reconstructed using the image reconstruction pipeline in Figure 

4.11 of Supporting Information including POCS and NORDIC.  

Reconstructed scans from both dMRI sequences were post processed and analysed as 

described in Section 4.2.5. Additionally, fiber orientation distribution functions (fODFs) were 

estimated using all shells in MRTrix3 (Dhollander et al., 2019, 2021; Jeurissen et al., 2014; Raffelt 

et al., 2017; Tournier et al., 2004, 2019). The MPRAGE scan was then non-linearly registered to 

each diffusion sequence separately using Advanced Normalization Tools (ANTs) (Avants et al., 

2009; Tardif et al., 2015). GM and WM were then segmented using FSL’s fast function (Smith et 
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al., 2004; Y. Zhang et al., 2001). 

4.2.7. Pushing the spatial resolution of 3D MERMAID 

To demonstrate the capability of the 3D MERMAID sequence in acquiring high spatial and 

angular resolution scans within a reasonable scan time, a third participant (male, 24 years old) was 

scanned using the same multi-shell diffusion encoding protocol (112 volumes in total) as the 

previous scan, with a nominal isotropic resolution of 0.74 mm. The TR was set to 280 ms to 

improve the SNR, resulting in a total scan time of 37 minutes. Other scan parameters are listed in 

Table 4.1. The same image reconstruction, post processing, and analysis was performed as in the 

previous scan. 
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Table 4.1- Parameters of phantom and human scans. Phantom and human scans acquired to 

compare the 3D MERMAID and 2D SE-EPI sequences, and optimize 3D MERMAID sequence. 
Phantom scans 

Scan 2D EPI 3D MERMAID 

b-value 0 1000 2000 3000 0 1000 2000 3000 

TE/TR (ms) 
Isotropic 

resolution 
(mm) 

0.86 
79/ 

19500 
86/ 

20400 
92/ 

21200 
97/ 

23300 
78/ 
160 

85/ 
166 

91/ 
172 

96/ 
188 

1.0 
65/ 

16000 
74/ 

17100 
80/ 

20400 
85/ 

23400 
64/ 
144 

73/ 
144 

79/ 
164 

84/ 
187 

1.2 
52/ 

12500 
62/ 

16200 
69/ 

20700 
75/ 

23300 
51/ 
144 

61/ 
144 

68/ 
167 

73/ 
192 

1.5 
45/ 

10700 
56/ 

15000 
63/ 

19800 
69/ 

22600 
44/ 
144 

56/ 
144 

63/ 
160 

69/ 
181 

FOV (mm) 240×240 

Number of 
slices/ 

projections 

Isotropic 
resolution 

(mm) 

0.86 

128 

402 

1.0 345 

1.2 314 

1.5 232 

Rin-plane 3 

Rslice/Rprojection 1/1 

PF factor 6/8 

Echo spacing 
(ms) 

Isotropic 
resolution 

(mm) 

0.86 1.32 

1.0 1.16 

1.2 0.97 

1.5 0.93 

In-vivo scans 

Scan 

Initial Comparing 2D and 3D 
High-

resolution 

2D SE-EPI 
3D 

MERMAID 

Multi-shell protocol SNR calculation 
3D 

MERMAID 2D SE-EPI 
3D 

MERMAID 
2D SE-EPI 

3D 
MERMAID 

Nominal isotropic 
resolution (mm) 

1.2 0.9 0.9 0.9 0.74 

FOV (mm) 240×240 198×198 198×198 198×198 

Total number of 
slices*/projections 

126 314 126 345 126 345 420 

Rin-plane 2 2 3 3 3 

Rslice/Rprojection 2 1 2 4 2 4 6 

PF factor 5/8 5/8 5/8 5/8 

TE/TR (ms) 71/10700 69/174 70/9700 68/170 70/9700 68/170 74/280 

b-value (s/mm2) 0, 1000, 2000 0, 150, 300, 1000, 2000 150 
0, 150, 300, 
1000, 2000 

Number of diffusion 
directions (total) 

2, 12, 12 (26) 1, 7, 10, 30, 64 (112) 20 (same direction) 
1, 7, 10, 30, 

64 (112) 

Echo spacing (ms) 0.98 1.26 1.26 1.26 

Scan time (min)** 8 24 26 26 6 6 37 

* Maximum available number of slices in the standard Siemens diffusion sequence in VE11C. 
** Total scan time for 2D SE-EPI was adjusted for a FOV of 160 mm in the slice direction 
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4.3. Results 

4.3.1. Bloch simulations to evaluate the performance of the 3D MERMAID sequence 

Figure 4.3A illustrates the ratio between the steady-state transverse magnetization of the 

3D MERMAID sequence and the 3D SE sequence. By employing the Ernst angle for excitation, 

the 3D MERMAID sequence enhances signal recovery by ~64% and ~96% at resolutions of 0.8 

and 1.5 mm, respectively. However, as TE and TR increase at higher b-values, this enhancement 

in signal recovery diminishes slightly. 

The sensitivity of the 3D MERMAID sequence to B1
+ non-uniformity is shown in Figure 

4.3B. When the relative B1
+ field varies from 0.4 to 1.4, the transverse magnetization at steady 

state experiences a nonlinear change of approximately 80% in the 3D MERMAID, compared to 

about 38% in the 3D SE sequence. These results underscore the importance of achieving uniform 

RF pulse profiles across the volume to maintain the signal recovery enhancement of the 3D 

MERMAID sequence in all regions. 

The transverse magnetization at TE for three tissues (WM, GM, and CSF) as a function of 

TR is plotted in Figure 4.3C. When the TR is increased from 100 to 300 ms, the available signal 

rises from ~0.02 for all tissues, to ~0.1, ~0.12, and ~0.13 for GM, WM, and CSF, respectively. 

This represents a ~6-fold increase in the available signal when the TR is tripled. 

Figure 4.3D illustrates changes in the steady-state transverse magnetization as a function 

of the excitation flip angle. It shows a nonlinear change in the available signal at TE with a 

maximum occurring at the Ernst angle for each tissue as described above. 
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Figure 4.3. Bloch simulations to determine the performance of the 3D MERMAID sequence. 

A: ratio of the available transverse magnetization of the 3D MERMAID sequence and a 3D SE 

sequence at different TEs/TRs corresponding to b-values of 1000, 2000, and 3000 s/mm2. B: 

sensitivity of the 3D MERMAID sequence to B1+ nonuniformity compared to a 3D SE 

sequence. C: the transverse magnetization at steady state as a function of TR for three tissues. 

D: changes in transverse magnetization of GM, WM, and CSF with flip angle (FA). 

4.3.2. Phantom scans show improved SNR for 3D MERMAID compared to 2D SE-EPI 

sequence 

Figure 4.4A showcases the higher SNR of the 3D MERMAID sequence in comparison to 



Chapter 4- 3D MERMAID sequence 

118 

 

the conventional 2D SE-EPI sequence in the phantom at 1 mm resolution. Both sequences have 

approximately the same scan time per volume of 12 seconds and use the same in-plane acceleration 

factor of 3. Although there was no slice acceleration applied in 2D SE-EPI sequence, an 

acceleration factor of 2 is required to achieve this scan time which does not affect the SNR 

significantly. The 3D MERMAID sequence employs a projection acceleration factor of 4 to reduce 

the scan time per volume. 

The SNR of the 3D MERMAID sequence relative to the 2D SE-EPI sequence for the TEs 

and TRs associated with b-values of 0, 1000, 2000, and 3000 s/mm² is depicted in Figure 4.4B-E. 

The relative SNR across different resolutions ranges between ~1.4 and 3 depending on the 

acceleration factor, with a notable exception at the resolution of 0.86 mm where the relative SNR 

is lower (in particular at higher b-values). This exception is attributed to the increased duration 

between the inversion and refocusing pulses during which magnetization decreases. At higher b-

values, longer TRs contribute to improved magnetization recovery and, consequently, higher SNR. 

The SNR decreases approximately as a function of the square root of the projection acceleration 

(√𝑅𝑝𝑟𝑜𝑗𝑒𝑐𝑡𝑖𝑜𝑛). In contrast, the slice acceleration in the 2D SE-EPI sequence has a minimal effect 

on SNR for multi-band factors of 1 to 3 (results not shown). 
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Figure 4.4. SNR map and relative SNR of the 3D MERMAID sequence compared to 2D SE-

EPI sequence at different TEs/TRs. A: SNR maps of a 2D SE-EPI and 3D MERMAID 

sequence at nominal isotropic resolution of 1 mm. The scan times for both scans are 

matched to show the SNR efficiency of the 3D MERMAID sequence. The area at the center 

of the phantom used to calculate the relative SNR is specified as dotted line. B, C, D, and E 

are the SNR of the 3D MERMAID sequence relative to the 2D SE-EPI sequence at the 

center of the phantom for different timings corresponding to b-values of 0, 1000, 2000, and 

3000 s/mm2, respectively. 
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4.3.3. Removal of motion artifacts in reconstructed 3D images 

Reconstructed projections at 0, 45, and 90 degrees, acquired across different shots and b-

values, are shown in Figure 4.5. Each shot is independently reconstructed showing projections of 

the brain from different angles in a 2D image. Signal accumulation occurs in regions with high 

ΔB0, such as the frontal lobe (indicated by a yellow arrow) and around the ear canal (blue arrow), 

as seen in a 2D SE-EPI with an EPI trajectory. 

 
Figure 4.5. Raw projections acquired at b-values of 0, 1000, and 2000 s/mm2 in 0-, 45-, 

and 90-degrees angles. Each projection is independently reconstructed showing the brain 

overlaying on a single image. Blue and yellow arrows show artifacts due to ΔB0 

nonuniformities. 

Figure 4.6A illustrates the impact of the cardiac cycle on the magnitude of the projection 

images acquired with a b-value of 1000 s/mm². It displays 10 consecutive projections 

corresponding to the duration of two cardiac cycles (I and II), with colors specifying the time range 
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at which the projections are acquired. At the third projection of both cycles, synchronized 

immediately after the peak of the cardiac signal, there is a visible signal drop at the center of the 

brain where the ventricles exhibit the greatest motion. This effect was consistently observed across 

all projections. For a healthy adult with a heart rate of 60-90 bpm, up to 20% of shots for the TRs 

used here were affected by this type of motion. 

The effectiveness of the motion correction strategy on raw diffusion images is 

demonstrated in Figure 4.6B. The first column to the left presents images reconstructed without 

motion correction, highlighting signal drops and image artifacts. The second column shows the 

impact of removing the phase of each projection using a triangle filter (PC), which significantly 

reduces artifacts and recovers signal. The third column illustrates the results of the full motion 

correction method, where corrupted projections were also removed (MC), leading to further 

enhanced signal at the center, where motion is most pronounced. The percentage difference 

calculated between PC and PC+MC in the last column shows up to 10% increase in signal. 
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Figure 4.6. Effects of the cardiac cycle on the magnitude images of the projections and 

performance of the motion correction method. A: shows 10 consecutive sagittal projections 

for two cardiac cycles. Colors of the pulse signal correspond to a phase in the cardiac 

cycle a projection is acquired. Signal drop at the center of the brain is obvious in the third 

projection of each cycle. B: performance of the motion correction when there is no 

correction, only phase correction (PC), phase and magnitude correction (PC + MC), and 

the difference map between PC, and PC+MC images overlayed to the image. 

The image contrast of the 3D MERMAID sequence differs from that of a typical 2D SE-

EPI sequence, it has an enhanced T1 weighting due to the shorter TR, as demonstrated in the b=0 

images in Figure 4.7A. The scans acquired using 3D MERMAID exhibit less WM-GM contrast 

compared to those from the 2D SE-EPI sequence. 
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Post-processed images from 12 diffusion encoding directions were used to calculate mean 

diffusion-weighted images (MDWI), FA, and ADC maps for both sequences at two b-values of 

1000 and 2000 s/mm2 (Figure 4.7B). The SNR gain of the 3D MERMAID, matched for scan time 

with the 2D SE-EPI sequence, is clear in all diffusion maps, particularly at the center of the brain 

where B1
+ nonuniformity is higher. The FA, DEC, and ADC maps are consistent across both 

sequences. 

 
Figure 4.7. Comparison between diffusion measures calculated from a 2D SE-EPI and 3D 

MERMAID sequence with a matching scan time. A: shows different contrast between 

tissues in scans with no diffusion weighting. B: shows calculated diffusion parameters from 

12 diffusion directions using the 3D MERMAID sequence compared to a standard 2D SE-

EPI sequence. 
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4.3.4. 2D SE-EPI and 3D MERMAID comparison at sub-millimetre resolution  

Figure 4.8 compares the 2D SE-EPI and 3D MERMAID sequences at high spatial and 

angular resolution. SNR maps calculated from 20 averages show an approximate 36% 

improvement in SNR across the entire volume with the 3D MERMAID sequence. This 

enhancement results in higher quality FA and ADC maps, and more significantly, less noisy fODFs 

derived from high b-values. Zoomed-in areas in the temporal lobe (A and B) and anterior 

commissure (C and D) clearly demonstrate improved fODFs with reduced noise contamination. 

The crossing fibers of the fornix and anterior commissure, shown in E and F, are more accurately 

detected using the 3D MERMAID sequence. Multiple slices and views of the SNR map, MDWI, 

DEC, ADC maps, and fODFs are presented in Figure 4.12-Figure 4.18 of the Supporting 

Information. 
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Figure 4.8. Comparison between high spatial- and angular-resolution scans of the 2D SE-

EPI and 3D MERMAID sequences- SNR, MDWI, DEC, and ADC maps are shown in the 

top two rows. fODFs overlayed on the anatomical scan and their zoomed-in images are 

shown below. 
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4.3.5. Pushing the spatial resolution of 3D MERMAID 

High-resolution diffusion maps and fODFs derived from the nominal 0.74 mm isotropic 

scan are presented in Figure 4.9. The diffusion maps in the first row show small anatomical features 

such as blood vessels that are not visible at lower resolutions. Additional views of this data can be 

found in Supporting Information Figure 4.19-Figure 4.22. 

Zoomed-in areas of the fODFs overlayed on the anatomical scan show intricate details of 

various regions within the GM and WM. In Figure 4.9A, subcortical U-fibers connecting 

intracortical areas in the anterior-posterior direction are visible. In Figure 4.9B, orientations of 

tangential and radial intra-cortical fibers in different layers, and the projections of the WM into the 

cortex are displayed. The complex structure of crossing fibers in the WM is also shown in Figure 

4.9C, and the small curvature of the hippocampus is detectable in Figure 4.9D. 
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Figure 4.9. High-resolution diffusion maps and fODFs calculated from the nominal 0.74 

mm isotropic scan acquired using the 3D MERMAID sequence- diffusion maps in the first 

row, and fODFs overlayed on the MPRAGE scan in different orientations are shown in the 

second row. Zoomed-in areas, delineated by different box colors, reveal exquisite details of 

the intra-cortical fibers, WM crossing fibers, and the curvature of the hippocampus. 
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4.4. Discussion 

4.4.1. SNR advantage of 3D MERMAID sequence over other 2D and 3D sequences 

The results of comparing multi-slice 2D SE-EPI and 3D MEMRAID sequences in Figure 

4.4, Figure 4.7 and Figure 4.8 show that SNR is enhanced without increasing the scan time. This 

improvement can be used to increase the resolution of current multi-shell, high-b-value, and 

advanced diffusion-encoding protocols. Additionally, the increased SNR efficiency can be 

leveraged to reduce the scan time at resolutions currently achievable by 2D SE-EPI sequences by 

further accelerating the 3D MERMAID sequence. 

As depicted in Figure 4.3C, the available signal, and therefore the SNR, increases with an 

exponential recovery as a function of TR. This presents a significant advantage compared to 2D 

SE-EPI and other 3D multi-slab sequences, where SNR is increased by averaging as a function of 

√𝑁𝑎𝑣𝑒𝑟𝑎𝑔𝑒𝑠. This makes 3D MERMAID sequence considerably more efficient for scans where 

longer acquisition times are permissible, as demonstrated in the 0.74 mm isotropic scan. 

4.4.2. Effective resolution of 3D MERMAID 

We previously demonstrated in (Feizollah & Tardif, 2023) that T2
* decay causes blurring 

and lowers the effective image resolution, depending on the type of readout. In an EPI trajectory, 

the PE direction has the lowest bandwidth. Since the PE directions of the 2D EPI trajectory and 

TURBINE are the same, the resulting effective resolution in the PE direction is similar. For 

nominal resolutions of 1.5, 0.9, and 0.74 mm used, the effective resolutions are expected to be 

~1.7, ~1.2, and ~0.9 mm, respectively, which are ~30% lower than the nominal values. 

In the 2D SE-EPI case, the resolution along the slice direction depends on the quality of 

the slice profile, whereas in the 3D MERMAID sequence, effects of CS reconstruction and the 
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semi-Hanning filter can slightly lower the effective resolution within the coronal plane, as seen in 

the coronal and sagittal views of Figure 4.12-Figure 4.18 of Supporting Information. This can be 

compensated by oversampling ~20% of the FE direction without a TE and readout time penalty. 

4.4.3. Microstructure modeling using 3D MERMAID 

The 3D MERMAID sequence provides a novel contrast that includes both T1- and T2-

weighting. According to Eqs. (27) and (28), both longitudinal and transverse magnetizations at 

steady state are sensitive to TE. Tissue relaxation rates are not considered in several diffusion-

based microstructure models that compute compartmental volume fractions (H. Zhang et al., 

2012), which are in reality T2-weighted signal fractions. To estimate true volume fractions, a co-

encoded diffusion-relaxometry acquisition is required (Frigo et al., 2020; Veraart et al., 2018b). 

Although the scans included in this work are suitable for microstructure modeling, the effect of 

the enhanced T1-weighting on the compartmental signal fractions should be studied further in 

future work. 

4.4.4. Limitations 

The short scan time of 3D MERMAID and phase-correction approach developed was 

achieved by using a single-shot EPI acquisition for each projection. However, this approach is 

limiting for very high spatial resolutions where B0 nonuniformities and higher eddy currents cause 

significant artifacts due to long readout times. Reducing echo-spacing shortens the readout time 

but also increases eddy-current induced artifacts due to higher gradient magnitudes. Techniques 

such as dual polarity GRAPPA (Hoge & Polimeni, 2016), better reference scans (Polimeni et al., 

2016; Talagala et al., 2016), and using a field monitoring system (Feizollah & Tardif, 2023; Lee et 

al., 2021c; Ma et al., 2020; Veldmann et al., 2024) can help mitigate these artifacts, with an 

additional scan and/or image reconstruction time. 
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Imaging at ultra-high fields would enhance the SNR efficiency of the 3D MERMAID 

(Feizollah & Tardif, 2023). However, the higher B1
+ nonuniformity and increased SAR at ultra-

high field are two limiting factors for the 3D MERMAID sequence due to its high sensitivity to 

B1
+ non-uniformity and added inversion pulse. Parallel transmit (pTX) approaches (Feizollah et 

al., 2024; Gras et al., 2017, 2018; Khaneja et al., 2005; Lowen et al., 2024) are needed to solve 

these limitations and achieve uniform high-resolution diffusion images at 7 T.  

Motion sensitivity is a well-known challenge in dMRI, arising from the need to sensitize 

the MR signal to both desired and undesired motion, such as spin diffusion and non-linear brain 

motion during the cardiac cycle (Enzmann & Pelc, 1992; Poncelet et al., 1992; Bammer et al., 

2010), respectively. Studies have shown that motion effects manifest as phase errors, leading to 

significant k-space shifts, particularly during systole, even in single-shot imaging approaches. As 

discussed in the Introduction, these artifacts are especially difficult to correct in multi-shot 

acquisitions. 

The signal attenuation observed in the magnitude of some projections results from 

intravoxel incoherent motion during systole, which introduces a phase difference along the 

projection dimension. To address this, these affected projections were rejected during image 

reconstruction, enabling a more reliable reconstruction. This issue also exists in other 2D and 3D 

multi-slab approaches, as noted in prior studies (Pierpaoli et al., 2002; O’Halloran et al., 2011). 

However, due to the thinner thickness of individual slices/slabs, there is a lower probability of 

consistently falling within the affected region. In contrast, our approach, acquiring the full brain 

during each excitation, results in projections acquired during systole consistently containing these 

artifacts. 

For correcting phase differences between shots, we employed a method to correct phase 
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errors with high-frequency components in two dimensions and at the k-space center along the 

projection dimension. Experiments (not included here) showed that this approach corrects these 

errors without causing a bias in a specific diffusion direction. The reason is that our method is less 

sensitive to shot-to-shot differences due to short interval between each shot, as opposed to most 

multi-shot approaches where each shot is acquired in a TR in a range of seconds.  

Lastly, comparing the SNR plots of the phantom and human scans in Figure 4.4 and Figure 

4.8 shows that the SNR gain of 3D MERMAID compared to 2D SE-EPI for the human scan was 

lower than for the phantom scan, decreasing from ~50% to ~30%. This was expected due to 

remaining small discrepancies between different projection magnitude images caused by the 

cardiac cycle. Using a cardiac-gated approach or motion-compensated gradients can potentially 

improve the SNR, but the trade-off between the SNR gain and longer TE and/or scan times should 

be considered. 

4.5. Conclusion 

The 3D MERMAID sequence offers several advantages over typically used 2D and 3D 

acquisitions: higher SNR per unit time, shorter TR per volume compared to 2D multi-slice 

acquisitions, no slice/slab profile artifacts, better spin history, and better B1
+ uniformity. These 

benefits become more pronounced in high- and ultra-high-resolution imaging. The 3D MERMAID 

sequence balances the trade-off between high-resolution k-space and q-space sampling. 

Preliminary results at 0.74 mm isotropic show the potential of this technique to study small and 

complex structures in vivo in a reasonable scan time on clinical scanners. 

4.6. Acknowledgments 

The authors would like to thank David Costa, Ronaldo Lopez, and Soheil Mollamohseni 



Chapter 4- 3D MERMAID sequence 

132 

 

Quchani, the MRI technicians at the McConnell Brain Imaging Center for their assistance with the 

human scans, Marcus Couch (Siemens Collaboration Scientist) for his technical support, Ilana 

Leppert for her technical suggestions and discussions on dMRI, Michael Ferreira for his help to 

make the phantom, Jennifer Campbell for her insights on microstructure modeling, Wen Da Lu for 

his suggestions and discussions on image registration, Mark Nelson for providing ANTs code for 

image registration, and all the volunteers who participated in the human scans. 

This project was funded by the Natural Sciences and Engineering Research Council of 

Canada, the Fonds de recherche du Québec – Santé, and Healthy Brains for Healthy Lives. The 

data was acquired at the McConnell Brain Imaging center, which is supported by the Canadian 

Foundation for Innovation, Brain Canada, and Healthy Brains for Health Lives. 

4.7. Data and Code Availability Statement 

The MATLAB script used for Bloch simulations is available at 

(https://github.com/TardifLab/diffusion_mermaid). The image reconstruction pipelines described 

in Figure 4.2, and Figure 4.11 of Supporting Information are available at 
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4.8. Supplementary materials 

 
Figure 4.10. Output of each image reconstruction step described in Section 4.2.2. A and B 

are triangle and semi-Hanning filters, respectively. 

  



Chapter 4- 3D MERMAID sequence 

134 

 

 

 
Figure 4.11. 3D MERMAID image reconstruction pipeline including denoising. First all 

projections of all volumes are reconstructed, then denoising (NORDIC) is performed for each 

coil channel individually. In the next step, denoised projections are used to reconstruct every 

volume as in the pipeline described in Figure 4.2. 
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Figure 4.12. SNR maps of 3D MERMAID and 2D SE-EPI at nominal resolution of 0.9 mm. 
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Figure 4.13. MDWI of 3D MERMAID and 2D SE-EPI at nominal resolution of 0.9 mm. 
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Figure 4.14. DEC maps of 3D MERMAID and 2D SE-EPI at nominal resolution of 0.9 mm. 
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Figure 4.15. ADC maps of 3D MERMAID and 2D SE-EPI at nominal resolution of 0.9 mm. 
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Figure 4.16. Axial fODFs of 3D MERMAID and 2D SE-EPI overlayed on the MPRAGE scan. 
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Figure 4.17. coronal fODFs of 3D MERMAID and 2D SE-EPI overlayed on the MPRAGE 

scan. 
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Figure 4.18. Sagittal fODFs of 3D MERMAID and 2D SE-EPI overlayed on the MPRAGE 

scan. 
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Figure 4.19. MDWI of nominal isotropic 0.74 scan. 
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Figure 4.20. DEC maps of nominal isotropic 0.74 mm scan. 
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Figure 4.21. ADC map of nominal isotropic 0.74 mm scan. 
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Figure 4.22. FA map of nominal isotropic 0.74 mm scan. 
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Postface 

To implement the 3D MERMAID sequence, several practical challenges had to be 

addressed, which are not described in detail in the manuscript. The additional inversion pulse can 

cause unwanted stimulated echoes, causing spike artifacts in the image. To eliminate these echoes, 

the transverse magnetization needs to be spoiled at the end of each TR. Two spoiler gradients were 

added: one immediately after the EPI train and another between the inversion and excitation pulses. 

Additionally, the phase of the inversion and excitation pulses were incremented by 50 degrees each 

to ensure complete signal spoiling. 

Fat tissue has a shorter T1 compared to WM and GM, leading to faster recovery in short 

TRs. This results in a strong fat signal in 3D MERMAID, which can cause chemical shift artifacts 

in the PE direction due to the low bandwidth in this direction. Typically, either a fat suppression 

pulse or spectral-selective water excitation techniques are used to address this issue in dMRI. In 

the 3D MERMAID sequence, both fat suppression and water excitation were necessary to 

effectively eliminate the fat signal. 

As shown in Figure 4.3, the SNR advantage of 3D MERMAID varies significantly as a 

function of the B1
+ uniformity of the inversion and refocusing pulses. To achieve better uniformity, 

an amplitude-modulated hyperbolic secant adiabatic pulse was used. For the water excitation 

pulse, either a slab-selective or whole brain pulse can be implemented without significantly 

affecting the SNR advantage. 

Lastly, microstructure modeling using the 3D MERMAID sequence was not investigated 

in this work. Future research should explore the effects of additional T1 contrast on existing models 

that report signal fractions of the different microstructure compartments as an estimate of volume 
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fractions. T1 contrast could also be leveraged in multi-compartment modeling by adjusting 

parameters like the flip angle and/or TR to map the T1 times of the different fibres or compartments 

within a voxel (Benjamini & Basser, 2020; Ning et al., 2020; Leppert et al., 2021). 
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Chapter 5 

Discussion 

The goal of this work was to develop dMRI acquisition and reconstruction methods capable 

of achieving submillimeter resolutions for microstructure modeling within feasible scan times on 

clinical scanners. First, we characterized the effective resolution of dMRI using different readout 

trajectories through sequence simulations. We then implemented single-shot spiral trajectories at 

7 T to maximize the SNR and investigated the achievable effective resolutions in short scan times. 

Spirals are more SNR efficient than EPI, producing high quality images at an effective resolution 

of 1.5 mm for a b-value of 2000 s/mm2. Due to the limitations of 2D imaging and the higher SNR 

requirements of imaging at submillimeter resolutions, we introduced the novel 3D MERMAID 

sequence, which offers greater SNR efficiency compared to standard dMRI sequences. This 

sequence was implemented at 3 T, where we demonstrated that dMRI at nominal and effective 

resolutions of 0.74 mm and ~0.9 mm, respectively, in 112 diffusion directions with a maximum b-

value of 2000 s/mm², can be achieved within 37 minutes on clinical scanners. 
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This chapter will discuss in more detail the practical challenges of implementing and using 

these advanced dMRI techniques. It will also explore potential improvements to the methods and 

conclude with a review of potential future research directions. 

5.1. Practical considerations 

In the first manuscript, Chapter 3, field monitoring probes were used to reconstruct high-

quality scans with minimal artifacts from spiral readout trajectories. This complicates the image 

acquisition and reconstruction process due to the lack of an integrated acquisition and 

reconstruction pipeline, mainly due to limitations imposed by different vendors. The raw data from 

the scanner, including multi-echo GRE and diffusion scans, as well as probe measurements, must 

be transferred separately to an image reconstruction system. These datasets then need to be 

synchronized, combined, and prepared before reconstruction, a process that usually takes several 

hours. Additionally, the non-cartesian image reconstruction itself can take a full day to complete 

for an entire 4D diffusion dataset. Integrated field probes in receive coils (Gilbert et al., 2022; 

Sprang, 2024) can accelerate the acquisition, but the lengthy process of transferring data and image 

reconstruction remains a challenge. This precludes quality control during the scan, increasing the 

risk of data loss due to issues such as subject motion during acquisition. This is particularly limiting 

for studies involving clinical populations and large cohorts. Furthermore, field monitoring systems 

are expensive and are not available at all MRI sites. As a result, the use of field probes is not 

currently very widespread. In contrast, the TURBINE trajectory in the 3D MERMAID sequence 

allows for image artifact correction using the methods established for EPI-based trajectories 

without the need for additional equipment. Furthermore, the proposed image reconstruction 

pipeline for 3D MERMAID can be implemented directly on the scanner for online quality control, 

as image reconstruction pipeline for PROPELLER imaging already exist. These features make the 
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3D MERMAID sequence well-suited for large and multi-site studies. 

Moving from lower field strengths to 7 T for diffusion imaging, whether using 2D SE-EPI 

or 3D MERMAID sequences, may not offer the same advantages as it does with other contrasts. 

Assuming the gradient performance and reconstruction techniques are the same as at lower fields, 

higher resolutions typically require longer echo times when using an EPI-based trajectory. These 

long TEs result in SNR loss which is exacerbated by the faster T2 decay at 7 T. Increasing the 

bandwidth can partially compensate for this, but it also reduces SNR further and amplifies ghosting 

and parallel imaging artifacts due to higher eddy currents. Efficient trajectories, such as spirals, 

could potentially recover the SNR lost to long TEs, but correcting distortions and artifacts without 

using field monitoring probes remains challenging. For efficient diffusion imaging at 7 T, advanced 

image reconstruction techniques that better correct these artifacts are essential to achieve superior 

image quality and SNR compared to lower field strengths. 

For 2D imaging, addressing B1
+ nonuniformity is particularly difficult at 7 T, even with 

pTx pulses. This leads to signal loss in areas such as the cerebellum and temporal lobe. The 3D 

MERMAID sequence has the advantage of using 3D pulses, which are easier to design for uniform 

profiles at 7 T using parallel transmission (Gras et al., 2017; Feizollah et al., 2024; Lowen et al., 

2024). Future work will focus on designing pTx pulses with high uniformity to fully utilize the 

SNR advantages of the sequence at 7 T (Feizollah et al., 2024). 

5.2. Potential improvements to the sequences and reconstruction pipelines 

There are several aspects of the MRI sequences and image reconstruction pipelines that 

could be improved in future work. The spiral sequence developed at 7 T could be further 

accelerated by incorporating SMS imaging. To reduce the g-factor penalty, blipped (Zahneisen et 
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al., 2014; Engel et al., 2021, 2024) or wave (Herbst et al., 2017) SMS approaches could be 

implemented. The image reconstruction pipeline could also be enhanced by introducing 

regularization into the forward model. Common approaches include phase-constrained methods 

that enforce partial Fourier symmetry, and sparsity constraints (Varela-Mattatall et al., 2023). 

Chapter 3 showed the impact of T2
* decay on the effective resolution of spiral and EPI readouts. 

The T2
* blurring could be corrected to improve the effective resolution of dMRI using PSF 

mapping (In et al., 2017) at the cost of scan time. Alternatively, a T2
* map can be incorporated into 

the forward model to counteract these effects. 

The 3D MERMAID sequence could benefit from incorporating different readout 

trajectories, such as rotating spirals (J. Zhang et al., 2009) to further improve the SNR by reducing 

the echo time. Similar to spiral trajectories, this will require field monitoring to correct distortions 

and artifacts. The current implementation has an isotropic 2D FOV in the radial plane. Other 

trajectories that have an anisotropic FOV can sample the k-space more efficiently, resulting in 

shorter scan times. Motion compensated diffusion-encoding gradients (Stoeck et al., 2016a; 

Szczepankiewicz et al., 2021; Michael et al., 2024b) could be incorporated into the 3D MERMAID 

sequence to provide greater flexibility in trajectory selection and improve SNR by using all 

acquired projections. 

Both the 2D spiral trajectory at 7 T and the 3D TURBINE trajectory at 3 T can be 

segmented to reduce susceptibility artifacts and achieve ultra-high resolutions. Image 

reconstruction can be done through a navigation-free method reviewed in Section 2.5.3 such as 

MUSE (N.-K. Chen et al., 2013) or MUSSELS (Mani et al., 2017b). We did not investigate this 

further in this thesis as the objective was to keep scan time short. 
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5.3. Future research directions 

Diffusion imaging greatly benefits from high-performance head-insert gradients. They 

provide significantly higher gradient amplitudes and slew rates that can be used due to lower PNS 

in a smaller FOV. They can also be used to shorten diffusion-encoding durations resulting in 

reduced echo time and higher SNR, and to shorten readout times and reduce susceptibility artifacts 

and distortions. Higher resolutions are also more easily obtained in a similar acquisition time. 

Application of field probes in combination with these gradients can improve the image quality 

further. 

The 3D MERMAID sequence provides a novel contrast that includes both T1- and T2-

weighting. Both longitudinal and transverse magnetizations at steady state are modulated by TE. 

Tissue relaxation rates are not considered in most diffusion-based microstructure models that 

compute compartmental volume fractions (H. Zhang et al., 2012), which are in reality T2-weighted 

signal fractions. To estimate true volume fractions, a co-encoded diffusion-relaxometry acquisition 

is required (Frigo et al., 2020; Veraart et al., 2018b). Although the scans included in this work are 

suitable for microstructure modeling, the effect of the enhanced T1-weighting on the 

compartmental signal fractions should be studied further. This new combined T1 and T2 contrast 

could also be used to extract multiple compartment features.
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Chapter 6 

Conclusion 

The objective of this work was to develop dMRI acquisition and reconstruction methods 

capable of providing scans at submillimeter resolutions suitable for microstructure modeling, 

while maintaining feasibility on clinical scanners. 

We began by exploring the effective resolutions achievable at 7 T using spiral trajectories, 

which are among the most SNR-efficient readout techniques, through sequence simulations and 

SNR measurements. To minimize distortions and artifacts caused by unwanted fields, a set of field 

monitoring probes were employed. Results showed an SNR increase of ~50% using spirals 

compared to EPI trajectories at a matching effective resolution in a shorter scan time. Our findings 

also showed a ~45% difference between nominal and effective resolutions, and insufficient SNR 

of spiral trajectories at 7 T for achieving submillimeter effective resolutions. 

To address these limitations as well as the ones related to 2D and 3D multi-slab methods, 
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we developed the novel 3D MERMAID sequence at 3 T, which provides significantly higher SNR 

efficiency than conventional dMRI sequences. Using this sequence, we demonstrated that 

submillimeter dMRI suitable for microstructure modeling can be achieved on clinical scanners 

with a nominal resolution of 0.74 mm in 112 directions in 37 minutes. This sequence has the 

potential to make a substantial impact on microstructure mapping using diffusion MRI, offering a 

more practical approach for studying brain structures in greater detail, even in large study cohorts, 

due to its high efficiency and simplicity. Furthermore, the 3D MERMAID sequence enables the 

examination of brain microstructure in both healthy and pathological conditions, even in settings 

where access to high-end scanners with a high-performance gradient system is limited.
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