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Chapter 1 
General Introduction 
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1.1 Magnetic Resonance Imaging (MRI) Systems 

MRI is one of the most important medical imaging modalities in modern diagnostic 

medicine, known for its ability to produce detailed 3D images of internal soft tissue without 

using any harmful radiation, in contrast to X-ray, CT, and PET. Since the creation of the first 

Nuclear Magnetic Resonance (NMR) image in 1973 [1] MRI has been improved by academic 

and industrial groups in both hardware and software to enhance image quality and shorten 

scan times [2]. Clinical MRI systems operate at magnetic field strengths typically ranging 

from 0.5 to 3 Tesla (T), while human research systems are approaching 14 T. Higher static 

magnetic field (𝐵0) improves the image signal-to-noise ratio (SNR) [3]. 

However, moving towards a higher magnetic field also has downsides. Higher field MRI 

systems can cost more than a million euros per Tesla. In addition, a fixed and expensive site 

is needed to locate the system, together with costly maintenance, which makes these systems 

inaccessible. According to the World Health Organization, the majority of people worldwide 

have little or no access to an MRI. Even in developed countries, waiting times for an MRI 

scan can be up to several weeks [4,5]. In some countries, where MRI scan costs are partially 

or not covered by insurance companies [6] MRI is even less achievable.  

Despite being intrinsically non-invasive, some safety factors are critical, such as radio 

frequency (RF) absorption power, strong magnetic field, and fast changes in gradient coil 

electrical current. Specific absorption rate (SAR) is an indication factor of maximum induced 

RF power in the human body, and peripheral nerve stimulation (PNS) is a limitation factor 

for rapid changes in gradient electrical currents. The safe operation limit for both factors is 

predefined in the scanner based on previous research and subject specifications. On the other 

hand, before each scan, the subject must be MR-safe, which means no magnetic-sensitive 

objects or implants are allowed in the scanner room. However, these days, most of the 

implants are MR safe, still some artifacts can present in the image around it, and besides that 

extra SAR safety needs to be considered.  

The progress in cost efficiency, accessibility, and patient comfort has attracted researchers' 

attention to low-field (<0.1T) and mid-field MRI (~0.6 T) in recent years [7–9]. Modern 

hardware designed for specific body anatomies enables the creation of compact, portable, and 

POC MRI systems. These systems allow imaging in locations that traditional MRI machines 
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cannot reach, such as intensive care units (ICUs) [10,11], ambulances [12], and rural low-

resource environments [13,14]. 

1.2 Low-Field MRI Systems 

Figure 1.1 represents four different types of mid-field and low-field MRI systems. Figure 

1.1a shows a full-body mid-field 0.55 T Siemens scanner: this system can be used primarily 

to reduce purchase, maintenance, and infrastructural costs, and increase availability for 

patients with contraindications such as medical implants, compared to conventional (1.5–3 T) 

field strengths. Mid-field MRI systems rely on superconductive materials within a cryogenic 

setup to generate the main magnetic field (𝐵0). In contrast, most low-field MRI systems 

utilize permanent magnets.   

 

Figure 1.1. Two commercial (a, b) and two academic (c, d) MRI systems, one mid-field (a) and three 

low-field (b, c, d) systems. 𝐵0 direction for each magnet configuration indicated in red. a) Siemens 

0.55 T MAGNETOM Free.max full body system, which uses a resistive magnet and has the 𝐵0 field 

direction along the axis of the bore. b) Hyperfine swoop, which has a field strength of 0.065 T and 

uses a parallel plate design, resulting in a 𝐵0 field in the vertical direction. c) University of Hong 

Kong 0.055T system same magnet type as Hyperfine swoop. d) LUMC 0.046 T Halbach-array based 

system, which has a cylindrical bore and the 𝐵0  field in the left-right direction. 

 

a b 

c d 
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This work focuses on POC MRI systems, where permanent magnets offer a cost-effective 

and power-free alternative to superconductive magnets, making them ideal for portable 

applications. These systems are normally in two categories: yoke design and Halbach-array 

base design. Figure 1.1b-d shows POC low-field systems from 50 mT to 64 mT, which are 

designed to be portable and increase accessibility of MRI by enabling it to be used 

in situations in which it has not previously been possible: examples include intensive care 

units. Unlike conventional systems, the main magnetic field of these systems is not aligned 

with the patient’s body and is perpendicular to it (see Figure 1.1). 

POC yoke-based MRI systems have an open entrance. These systems use two plates with 

disk-shaped permanent magnets separated by a ferromagnetic yoke, such as steel. Figure 1.1 

shows such a system. Systems using this design have been mainly developed for 

neuroimaging [10,15] and, in recent work, for whole-body imaging [16]. These systems 

benefit from high 𝐵0 homogeneity and a wide entrance, which enables the system to scan 

other parts of the body than only the brain. However, using a magnetic yoke reduces the 

mobility of these systems, and an extra electrical carrier system is needed to move these 

systems around. In addition, in yoke-based systems, plate-based gradients are used and these 

gradients are not efficient compared to normal cylindrical geometry gradients.  

Another approach to designing a permanent magnet-based MRI system is to position a 

large number of small permanent magnets in specific orientations to create a Halbach array. 

This concept was originally proposed by Halbach [17] and developed by Blumler’s group in 

particular (see Figure 1.1) [18–20]. These systems typically consist of multiple rings with 

varying diameters, made up of small magnets aligned in a Halbach-array orientation, 

resulting in a transverse 𝐵0 field direction. Most implementations of this design are developed 

by research groups, with commercial versions still in progress. Unlike yoke-based systems, 

these systems have a cylindrical shape and are lightweight due to the absence of a 

ferromagnetic yoke. Moreover, these systems use cylindrical gradient coils, which are more 

efficient [21–23] and provide a more effective electromagnetic interference shielding 

environment due to their inner cylindrical shield. However, Halbach-array systems have 

some disadvantages, such as less 𝐵0  uniformity due to complexity and manufacturing 

imperfections, compared with the yoke base systems. More detailed information on these 

systems will be presented in the subsequent chapters.  
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1.3 Radio Frequency (RF) Coils in MRI Systems 

RF coils are an essential component of MRI systems for propagating RF signals in 

subjects. RF coils can have different shapes and sizes based on application, and they can be 

used in only transmit, only receive, or both transmit and receive modes. The quality of an MR 

image heavily depends on the design and placement of the RF coil, as it directly affects the 

SNR of images.   

An RF transmit coil (Tx) generates an RF pulse that produces a small magnetic field (𝐵1
+) 

perpendicular to the 𝐵0. This action of the RF pulse applied along one axis produces a torque 

perpendicular to that axis. As shown in Figure 1.2(b), the angle α by which the magnetization 

is rotated is proportional to the product of the strength of the applied RF field and the time, 

𝜏𝐵1 , for which it is applied.  

𝛼 = 𝛾𝐵1
+𝜏𝐵1 , (1) 

The Tx-Coils generate the electromagnetic 𝐵1
+ field, which is perpendicular to the main 

(static) magnetic field 𝐵0 , and oscillates at the resonance frequency, also known as the 

Larmor Frequency ꞷ𝑟 . The Larmor frequency ꞷ𝑟  depends on the type of nucleus and the 

strength of the main magnetic field. The RF receive coil (Rx) detects the precessing 

magnetization, resulting in an induced voltage via electromagnetic induction and Faraday’s 

law: 

𝑉 = −
𝜕𝛷(𝑡)

𝜕𝑡
= −

𝜕

𝜕𝑡
∫

𝐵1
−

𝐼
.𝑀𝑥𝑦𝑑𝑟

𝑠𝑎𝑚𝑝𝑙𝑒

, (2) 

where the coil sensitivity is defined as 𝐵1
− 𝐼⁄ , i.e. the 𝐵1

−  field produced per unit applied 

current and 𝑀𝑥𝑦 is the transverse magnetization. The induced V is the MR signal. 

 

Figure 1.2. a) The effect of an RF pulse on the M is to rotate the magnetization about the axis along 

which 𝐵1
+ is applied. b) The rotation angle 𝛼 caused by RF pulse.  
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1.4 Radio Frequency Coil Specification 

The geometry of the RF coil depends on the direction of the main magnetic field. In 

general, any coil geometry that creates a 𝐵1 field perpendicular to the 𝐵0 The field can be 

used in MRI systems, but several key factors must be taken into account. An ideal MRI RF 

coil should try to have these factors: 

1- Create the highest transmit (𝐵1
+) magnetic field within the sample per unit input 

current to the coil. 

2- Producing the minimum electric (E) field within the sample per unit input current to 

the coil. 

3- For volume coils, creating  𝐵1
+ field that is as homogeneous as possible across a large 

portion of the sample. 

RF coils can have different designs and geometries based on their applications; some of 

the most common RF coils are shown in Figure 1.3. 

Figure 1.3. An illustration of different coil geometries is shown here. The 𝐵1direction for each coil is 

indicated in green. Surface coils on the left and volume coils at the center and on the right.  
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1.5 SNR in MRI: A hardware perspective 

Main magnetic field: Higher field strength inherently enhances the SNR due to increased 

magnetization, which amplifies the response signal. As Hoult established a theoretical study 

in early research [3], SNR scales approximately with 𝐵0

3

2  at high magnetic field, which 

indicates that the higher the main magnetic field, the higher the SNR  

RF coils: The design and quality of RF coils significantly affect the SNR. For both volume 

and surface coils, SNR has a direct relationship with the filling factor and the quality factor of 

the RF coil [24,25]. The filling factor represents spatial overlap between the RF coil’s 

sensitive volume and the region of interest in the subject. A higher filling factor implies better 

coupling between the subject and the RF coil, which increases the amplitude of signal 

reception. In other words, by choosing a coil that fits closer to the region of interest (ROI), 

you potentially gain better images. The quality factor (Q) is a measure to compare coils in 

their efficiency to detect the MR signal. It is the ratio of the stored and dissipated energy in 

the coil. The Q-factor of a coil can be measured with and without the presence of a sample, 

which is called loaded and unloaded, respectively. The relation between the loaded Q and the 

unloaded Q is an indicator of the coil sensitivity.  

𝑄𝑟𝑎𝑡𝑖𝑜 = 
𝑄𝑢𝑛𝑙𝑜𝑎𝑑𝑒𝑑
𝑄𝑙𝑜𝑎𝑑𝑒𝑑

, (3) 

When the 𝑄𝑟𝑎𝑡𝑖𝑜 < 1 coil-noise dominates the sample noise, which results in reduced SNR. If 

𝑄𝑟𝑎𝑡𝑖𝑜 ≫ 1, the sample noise is dominant, and a reduction in coil losses would still improve 

the SNR, but quite small [26]. 

Receiver chain: Another major hardware component that affects the overall SNR in the 

system is the receiver chain. This consists of a transmit/receive switch when a single coil is 

used for transmit and receive, preamplifiers, and the analog-to-digital converter. Each 

component in the receive chain adds noise, which leads to a reduction in SNR [27]. The noise 

figure (F) of the receiver chain is a critical parameter, low noise figures result in enhancing 

SNR. Figure 1.4 shows a schematic of the Rx chain. 
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Figure 1.4. A schematic of the receiver chain. For a receive-only coil, the Tx/Rx switch can 

be removed if isolation is sufficient. 

Gradient Systems: Gradient coils are essential for spatial encoding in MRI. However they 

do not directly contribute to SNR, their performance affects SNR indirectly through factors 

such as eddy currents and gradient-induced noise [28]. Gradients directly determine the 

resolution in an MRI image by their influence on k-space. The spatial frequency coordinate 

𝑘𝑥(𝑡) is defined by the time integral of the gradient waveform: 

𝑘𝑥(𝑡) =  
𝛾

2𝜋
 ∫ 𝐺𝑥(𝑡

′) 𝑑𝑡′
𝑡

0

, (4) 

where γ is the gyromagnetic ratio and 𝐺𝑥(𝑡
′) is the applied gradient. The resolution ∆𝑥 is 

inversely proportional to the maximum spatial frequency encoded: 

∆𝑥 ≈  
1

2𝑘𝑥,𝑚𝑎𝑥
 , (5) 

which is set by the gradient strength and duration, and can be defined as:  𝑘𝑥,𝑚𝑎𝑥 =

 
𝛾

2𝜋
𝐺𝑥𝑇𝑟𝑒𝑎𝑑. 

Hence, stronger gradients enable broader k-space coverage in less time, thereby improving 

spatial resolution. In conventional MRI systems, high-resolution imaging in the sub-

millimeter range is achievable due to high 𝑘𝑥,𝑚𝑎𝑥 coverage within a short echo time. 

However, point-of-care (POC) MRI systems typically have much weaker gradient strengths 

(e.g., < 20 mT/m), reducing 𝑘𝑥,𝑚𝑎𝑥 , which increases voxel size and limits resolution. To 

compensate, one must increase readout times, which leads to longer echo times and signal 

decay, further compromising image quality. As a result, the lower gradient strength in POC 

devices imposes a fundamental limitation on achievable spatial resolution due to constrained 

k-space encoding capabilities [29]. 
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1.6 Specific Absorption Rate (SAR) 

The SAR describes the potential heating of a patient’s tissue due to the interaction of the 

transmit coil’s electric fields with electrically conductive tissue in the body and can be 

defined as: 

𝑆𝐴𝑅 =
𝜎|𝐸|2

𝜌
 , (6) 

where 𝜎 is the electric conductivity of tissue (S/m), |𝐸| electric field magnitude, and 𝜌 mass 

density of tissue [30]. The fact that RF transmit coils can deposit RF energy in the body as 

heat is often underestimated. At high field strengths (>1.5T), the RF signal wavelength is 

shorter than the body, leading to a safety concern of increased local RF power deposition 

within the body. The SAR distribution is governed by the subject’s anatomy and tissue 

electrical properties, the RF coil design, and the characteristics of the applied RF pulse 

sequence. Moreover, SAR has a direct relationship with duty cycling and transmitted power, 

which can be defined as below for a rectangular RF pulse:  

𝑆𝐴𝑅 = 
𝑃𝑎𝑣𝑒
𝑚

= 
𝑃𝑝𝑢𝑙𝑠𝑒 × 𝐷

𝑚
 , (6) 

where  𝑚 is the mass of the subject, 𝑃𝑝𝑢𝑙𝑠𝑒 is the peak transmitted power, and 𝐷 is the duty 

cycling. To reduce SAR, the duty cycle and the power of the transmitted RF pulses can be 

reduced, at the cost of longer scan times and altered contrast. Regulatory standards define 

maximum permissible SAR levels for RF energy deposition in the body. 

1.7 Low-Field MRI Systems and Challenges 

POC MRI systems differ substantially from conventional MRI, from core hardware 

components to pulse-sequence design and post-processing. These differences introduce 

distinct technical and methodological challenges. To address these challenges and make these 

systems widely accessible, a new approach for each aspect is needed. In this thesis, I focus on 

challenges associated with RF coils and SNR in POC systems.  

RF coils  

Unlike conventional MRI, in most POC systems, the 𝐵0 field has a transverse orientation, 

and the RF coils configuration is different between them. Figures 1.1 and 1.2 indicate 𝐵0 and 
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𝐵1  directions in each system and coil geometry, respectively. The difference between 𝐵0 

direction allows POC systems to use a solenoidal base geometry for the RF coil. Because 

these systems are designed for partial-body application, different variations of the solenoid-

based RF coil, which more closely fit the body part geometry, such as the head, are also 

commonly used. As Hoult [3] showed before, a solenoid is approximately two to three times 

more sensitive (
𝐵1

𝐼
) than a linear saddle or birdcage coil, with a slightly poorer 𝐵1 

homogeneity measured over the active region of the coil. However, it is possible to use a 

saddle coil in these systems; the sensitivity, and consequently the SNR, would be much lower 

than that of a solenoidal-based coil. 

SAR at low-field systems 

Under conditions where tissue conductivity is frequency-independent and the RF skin 

depth is large compared to the object's dimensions, SAR scales with the square of the 

frequency, and it is typically considered negligible in POC systems. As a result, most 

publications do not account for SAR in POC systems. However, there are limiting factors 

related to the geometry of POC systems and the type of RF coils used, which may 

significantly influence this consideration. The compact design of Halbach POC systems is a 

key factor that enables their portability. This design results in the RF transmit coils fitting 

tightly around body parts like the head, causing strong local electric fields near the coil 

conductors to penetrate into the tissue around the skull.  

Shielding and Electromagnetic Interference (EMI) 

Unlike standard clinical scanners like 3T systems, one of the main challenges for all POC 

systems is designing them to operate outside the usual RF-shielded environment. In addition 

to the inherently low SNR in POC systems, the absence of an RF-shielded room makes these 

systems more vulnerable to EMI from nearby electronics, which further reduces the SNR. 

Addressing this challenge requires rethinking traditional EMI suppression techniques. A 

combination of active and passive shielding methods must be developed in innovative ways. 

SNR optimization from the RF coil perspective 

Halbach POC systems have some geometry limitations. Ideal Halbach POC systems 

should have infinite lengths to produce uniform 𝐵0, however, in practice, this is not possible. 

For neuroimaging applications, the length of these systems should be considered as short as 
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possible because only the head and neck up to the subject's shoulder will be inside the 

scanner, and the rest of the body is outside of the scanner. As a result, finding a trade-off 

between the length and diameter of the Halbach POC system is critical. On the other hand, a 

conductor shield inside the magnet bore of Halbach POC systems is always used to prevent 

electromagnetic coupling between the gradient coil and the RF coil and to shield the RF coil 

from EMI. However, this shield reduces the efficiency of the RF coil. With this said, finding 

the optimum magnet diameter to get the optimum intrinsic SNR is important and needs to be 

investigated.  

X nuclei imaging 

There are other nuclei than 𝐻 
1  with active isotopes in producing MR signal, however, they 

have a gyromagnetic ratio of less than  𝐻 
1 . Isotope 19-fluorine ( 𝐹 

19 ) is the nucleus with the 

highest gyromagnetic ratio, approximately 91% that of  𝐻 
1 . In biological applications, there 

is essentially zero background signal from 𝐹 
19 , which provides high contrast when detecting 

𝐹 
19  molecules that have been introduced into the body. In the last 20 years, many 

investigations have been conducted for 𝐹 
19  imaging at normal clinical MRI systems. On the 

other hand, because of the low main magnetic field at POC systems, the chemical shift in 

fluorinated pharmaceutical components is almost zero. This leads to studying the 

opportunities and challenges of 𝐹 
19  in POC systems. 

1.8 Outline of this thesis  

This thesis aims to address the challenges associated with RF coils for POC Halbach-

based systems. Chapter 2 investigates the SAR limits of common RF coils used in these 

systems for high-intensity RF sequences such as fast spin-echo. In Chapter 3, a new method 

is introduced to mitigate EMI in POC systems and to improve image SNR. This is followed 

by Chapter 4, which studies optimization of intrinsic SNR for Halbach-based POC systems 

from the perspectives of the main magnet and RF coil. Chapter 4 examines opportunities to 

use 19F nuclei as a contrast agent for POC systems. Finally, Chapter 5 presents a general 

discussion of the results across all chapters and explores the remaining challenges and future 

research directions. 
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