
Western University Western University 

Scholarship@Western Scholarship@Western 

Electronic Thesis and Dissertation Repository 

11-7-2023 3:00 PM 

Temperature Mapping using Mid-Field Magnetic Resonance Temperature Mapping using Mid-Field Magnetic Resonance 

Imaging Imaging 

Diego F. Martinez, Western University 

Supervisor: Chronik, Blaine A., The University of Western Ontario 

A thesis submitted in partial fulfillment of the requirements for the Doctor of Philosophy degree 

in Physics 

© Diego F. Martinez 2023 

Follow this and additional works at: https://ir.lib.uwo.ca/etd 

Recommended Citation Recommended Citation 
Martinez, Diego F., "Temperature Mapping using Mid-Field Magnetic Resonance Imaging" (2023). 
Electronic Thesis and Dissertation Repository. 9891. 
https://ir.lib.uwo.ca/etd/9891 

This Dissertation/Thesis is brought to you for free and open access by Scholarship@Western. It has been accepted 
for inclusion in Electronic Thesis and Dissertation Repository by an authorized administrator of 
Scholarship@Western. For more information, please contact wlswadmin@uwo.ca. 

https://ir.lib.uwo.ca/
https://ir.lib.uwo.ca/etd
https://ir.lib.uwo.ca/etd?utm_source=ir.lib.uwo.ca%2Fetd%2F9891&utm_medium=PDF&utm_campaign=PDFCoverPages
https://ir.lib.uwo.ca/etd/9891?utm_source=ir.lib.uwo.ca%2Fetd%2F9891&utm_medium=PDF&utm_campaign=PDFCoverPages
mailto:wlswadmin@uwo.ca


ii 

 

 Abstract 

Magnetic Resonance Imaging (MRI) is a non-invasive imaging modality with excellent soft 

tissue contrast and sensitivity to tissue temperature. MRI use is growing in Canada with 

expectation that this is expected to continue in the medium term, with more wide adoption of 

MRI and in particular a renewed focus on MR systems which deviate from the most 

commonly used 1.5T field strength system. By implementing systems which do not use as 

strong magnets and instead operate <1T, many of the costs and requirements which burden 

the installation of MR systems can be alleviated.  

Generally, as the field strength of an MR system decreases, the signal received when imaging 

also decreases, which makes it difficult to implement some applications which are standard at 

higher field. One such application is temperature mapping on a these <1T systems, which can 

be used to monitor thermal therapies interventionally.  

This thesis addresses the potentials for implementing temperature mapping at 0.5T, both in 

the creation of a tissue mimicking phantom which can be used to compare temperature 

mapping methods and implementing temperature maps both in vivo and in the custom 

phantom. As well, motivated by the sensitivity that thermal mapping has to external 

disturbances, the challenges that these accessible MR systems face when being in non-

specialized environments is addressed, as this can potentially limit the efficacy of 

temperature mapping.  

This work ultimately demonstrates the acceptable capabilities of a 0.5T system to map 

temperatures with an adequate temporal resolution, along with presenting practical solutions 

to operating a system in non-traditional locations. 

Keywords 

Magnetic Resonance Imaging, Temperature mapping, MR Thermometry, Magnetic Field 

Stability, Echo Planar Imaging, Thermal Ablation, Spin Echo Imaging. 
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Summary for Lay Audience 

Magnetic Resonance Imaging, or MRI, is a medical imaging technique that helps doctors non-

invasively probe the body. It's excellent at showing details of the tissues and organs inside the 

body and is sensitive to a variety of changes in the body, including changes to the temperature 

of tissues. Because of this, clinicians have been using standard MRIs to create maps of 

temperature, which can be used when treating a patient using tumor ablation or other thermal 

therapies. The use of these maps helps to track the amount of thermal dose being applied to a 

patient and can ensure that we are not applying too much or too little treatment. In Canada, the 

use of MRI is growing, and this trend is expected to continue. 

Now, there's a new focus on making MRI machines that are different from the ones we usually 

see. These new MR systems use weaker magnets, which can make them less expensive and 

easier to install in places that aren’t hospitals or other specialized imaging facilities. However, 

the tradeoff when using these magnets in places where they are less isolated from their 

environment is the images we get from MRI are not as clear, although using state of the art 

components can close much of the quality gap between these lower field systems and the 

standard counterparts. 

This thesis is about finding ways to implement temperature mapping techniques on these lower 

field MRI systems, particularly at a field strength of 0.5T. We're creating models which 

accurately mimick properties of human tissue, we test how well temperatures can be measured, 

and figure out what challenges are faced when placing these MR systems in non-traditional 

settings like in remote areas or smaller clinics. This research is helping to make MRI more 

accessible and useful for everyone, while showing the capabilities of imaging on a lower field 

system can approach what is currently done at higher field strengths. 
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Chapter 1  

1 Introduction 

Magnetic Resonance Imaging (MR or MRI) is a non-invasive imaging modality that uses 

radiation to probe the human body [1]. In contrast to other imaging modalities such as x-

ray based techniques, the lack of ionizing radiation necessary to image provides one of the 

biggest benefits to using MRI, as a patient could undergo limitless MR scans without 

increased likelihood of cancer. Along with the patient-safety benefit, MR provides 

excellent soft-tissue contrast and can highlight tissue properties such as elasticity, 

permeability, or thermal conductivity. 

In large part due to the advantages of MRI, the use of the modality has seen growth 

globally. In Canada specifically, approximately 1 million exams were performed in 2007, 

and this rose to 1.86 million in 2017 [2], [3]. This corresponds to being in the lower half of 

MR systems compared to other reporting countries, and 69% of systems have been installed 

within the past 10 years as of 2017 [2]. More recently, 2022 reports indicate a 30.8% unit 

increase in the number of MRI units [4]. This all points to a particularly growing field in 

Canada, and room for growth compared to other modalities. 

Alongside this are the developments in combined MR systems, such a PET-MR and MR-

Linac systems, which have specialized use. In terms of PET-MR systems, as of 2017 there 

were no systems in clinical use, but 3 in clinical research use, pointing to further growth 

opportunity within the interventional medical space. 

In Canada, the majority of MR systems have a main field strength of 1.5T [3], and as 

technology had improved, there has been a constant trend towards higher field strengths to 

take advantage of the linear increase in Signal-to-Noise (SNR) at higher field, culminating 

in the FDA approval for a 7 T scanner for clinical use in the USA in 2017 [5]. In research 

settings, these MR systems can have even higher field strengths, reaching up to 11.75 T 

[6]. 
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Lost in this reach for higher field strength has been a look at the capabilities of modern 

mid-field (<1T) systems, which can take advantage of different physiological processes 

while reducing sample heating [7]–[10]. This thesis is focused on evaluating the abilities 

of such a mid-field (0.5T) MR system in measuring temperature by optimizing approaches 

done at higher field strength and taking advantage of the different tissue properties at this 

lower field strength. As well, the thesis aims to explore the challenges that face these 

systems when used interventionally and when placed in non-specialized environments. 

1.1 The MR System  

This research explores novel applications of MR Methods, where the benefits of different 

components of the MR system are leveraged to provide temperature-sensitive image 

contrast. For an MR system, there are three main components: the main magnet, the 

gradient coils, and the radiofrequency (RF) system. 

 

Figure 1.1: MR system at Physics and Astronomy department, Western University. Image 

taken by Diego Martinez. 
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1.1.1 Physical basis for MRI 

MRI relies on the principle of nuclear magnetic resonance, which refers to the behavior of 

nuclei in the body that has a net spin due to unpaired nucleons. Through these unpaired 

nucleons, the net spin can be manipulated using an external net magnetic field, which is 

provided by the main magnet (in clinical use this varies between 0.2 to 7 T). 

If we look at a spin-  particle along the direction of the magnetic field, z, the particle can 

be described using the states |+𝑧⟩ and |−𝑧⟩, the natural eigenbasis for a measurement along 

z. The populations that exist in each of the states can be determined using the Hamiltonian 

of the interaction with the main magnetic field (called B0) which is: 

 �̂� = −�̂� ⋅ 𝑩𝟎 
 

(1.1) 

where µ represents the magnetic moment of the spin-  particle, corresponding to the spin 

operator �̂� and the field B applied along the z direction, giving B0k. In this representation, 

the energy of a spin aligned with the B0 field results in: 

 

  �̂�|+𝑧⟩ =  −�̂� ∙ �̂�|+𝑧⟩  

= 𝜔0�̂�𝑧|+𝑧⟩ 

�̂�|+𝑧⟩ = −
ℏ𝜔0

2
 

�̂�|−𝑧⟩ =
ℏ𝜔0

2
 

 

(1.2) 

 

This difference of ℏ𝜔0 in energy between the z-component in the magnetization between 

these two states creates a small bias in the spin-  particles in the sample that initially had 

no net magnetization before exposure to this magnetic field. As a collective ensemble of 
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particles, this leads to the creation of a small net magnetization with the magnetic field. 

Although the spin of a single nucleus may not provide a detectable signal in a MR 

experiment, the net magnetization of a mole of a sample with a ∼1023 spins may however 

provide enough of a net magnetization to provide a delectable signal. 

This generated net magnetization is linearly proportional to the strength of the B0 field and 

is influenced by the Boltzmann distribution of energies in the sample. This distribution can 

be leveraged for image contrast and will be discussed in more detail later. The general 

relation between magnetization and magnetic field is called Curie’s Law, and is 

 

 
𝑴 = 𝐶

𝑩𝟎

𝑇
 

 

(1.3) 

 

with C representing the curie constant, a relation between the magnetic susceptibility of a 

material with its temperature, T. The benefits of higher field strength can be seen, as a 

higher field will result in more magnetization and this in turn results in more signal 

measured from the sample. In turn, one could further magnetize a sample by cooling down, 

however this would not provide significant benefit unless significant cooling was 

performed, something that is less preferable in vivo. 

The net magnetization will precess around the direction of the magnetic field that induced 

the magnetization. The frequency of this precession, 𝜔0, can be described using 

 𝜔0  =  𝛾𝐵0 
 

(1.4) 

 

In the case of hydrogen nuclei in water, (the most abundant source of a singular type of 

nuclei in the body), the gyromagnetic ratio γ of these hydrogen nuclei is 42.58 MHz/T, 
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meaning that at 1 T the hydrogen nuclei would precess with a frequency 42.58 MHz around 

the z axis, and at 0.5T, this precession would occur at 21.29 MHz. 

This magnetization, if tipped from the direction of the main field, would precess around 

the main field axis, with frequency proportional to both the intrinsic properties of the nuclei 

and the strength of the field.  

1.1.2 The RF system 

The excitation of the magnetization is a critical element of the NMR experiment, and this 

process is handled by the RF system. As this is only a quick overview, a full account of 

this process is covered in Magnetic resonance imaging: physical principles and sequence 

design by Brown, Cheng, Haacke, Thompson, and Venkatesan [1]. 

Using non-superconducting coils, a modern transmit RF coil will produce a field that is 

perpendicular to the main magnetic field. This field does not need to be anywhere near as 

strong as the field from the main magnet, instead inducing a field in the µT range. This 

perpendicular field creates a torque on the magnetization, which causes it to precess around 

this field created by the RF system (which we call the B1 field), and thus the magnetization 

is tipped into the transverse plane. This process is called the excitation of spins, as the 

system is no longer in its lowest energy state (since it is no longer aligned with the stronger 

B0 field). In theory, by applying this B1 field for a given amount of time, the angle that the 

magnetization makes with the z-axis changes, with the relation following: 

  

 
𝜃 = ∫ 𝛾𝐵𝟏

𝑻

0

 

 

 

(1.5) 

 

By matching the frequency of rotation to the precession frequency of the nuclei being 

imaged, we can ensure that the B1 field is perpendicular to magnetization. This concept of 
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being on-resonance (matching the frequency of B1 to ω0) produces the largest amount of 

excitation, as this means the most spins are tipped into the transverse plane. 

Now, when this magnetization is in the transverse plane, there are several important 

mechanisms that allow it to return to the lowest energy state. The first is the interaction 

with the local environment, which can absorb energy as the magnetization builds back up 

in the longitudinal direction. This is referred to as spin-lattice relaxation, and the time 

constant for which this happens is called T1. The magnetization at a given time is then: 

 
𝑀(𝑡) = 𝑀0(1 − 𝑒

−
𝑡

𝑇1) 

 

 

(1.6) 

These spins can also interact with one another, and this interaction causes subtle changes 

in the local magnetic field, even within a very small sample region. These changes in 

magnetic field cause the precession of individual spins to change, meaning that even 

without the T1 relaxation, the transverse magnetization will disperse due to these field 

variations (as some identical nuclei will precess faster than others). This is referred to as 

spin-spin relaxation and the time constant is T2. 

In a similar vein, field inhomogeneity caused by the system itself (the static field having 

this inhomogeneity) leads to the uneven dispersion of spins within the magnetization. This 

is referred to as T2’, and mitigating its effects has been a major concern throughout the 

development of MR technology, culminating in the stable field that can be maintained in 

modern MR systems. 

1.1.3 The Gradient System 

To produce an image, it is not enough to simply record the signal, as the measured signal 

will only describe the total signal from the entire sample that has been excited. To localize 

the measured signal, it is necessary to vary the magnetic field in 3 directions which can 

form a basis for the sample space, typically chosen to be the orthogonal xyz basis. By 
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creating a spatially varying offset to the field, it is possible to identify where the signal is 

coming from. 

This can be illustrated by considering just one of the axes, say the z axis. By creating a field 

gradient, the field at some position along the axis B(z) = (B0 + Gzz)k. From equation (1.8) 

this will change the frequency at which the spins at that spatial location will precess, and 

this in turn means that by applying a B1 field at that particular resonant frequency, we can 

selectively excite the nuclei. Including the three gradients that can be produced, the overall 

B field (before an RF pulse): 

 

 

𝑩(𝑥, 𝑦, 𝑧) =  [

𝟎
𝟎

𝐵0 + 𝐺𝑥𝑥 + 𝐺𝑦𝑦 + 𝐺𝑧𝑧
] 

 

 

(1.7) 

 

The gradients are produced by their own set of non-superconducting coils, normally with 

two layers for each direction. In an ideal world, these gradients would be turned on and off 

instantaneously to the required strength. Physically, Lenz Law prevents us from instantly 

having a maximum current flow through our system, as the change in field will induce a 

current opposing this change, leading to a minimum ramp time. In terms of imaging a 

patient, there are safety limits established for gradients limiting how quickly they can ramp 

up, ensuring the safety of the coils and preventing the rate of change in field within the area 

a patient could be in from being too high. From the Maxwell-Faraday equation in 

differential form, the relation between a changing magnetic field and an induced electric 

field: 
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 𝜕𝐁

𝜕𝑡
= −𝛁 × 𝐄 

 

(1.8) 

 

Where 𝛁 is the curl operator, and 𝐄 is the electric field. The stronger the gradient field can 

be produced, the larger the difference in frequency between nuclei separated by a distance 

r. This in turn allows for the signal measured from an excitation to be better localized, as 

there is a smaller range of spatial region within a certain frequency range ∆ω. 

This resolution concept relates to the phase accrued due to the gradient and introduces the 

concept of the spatial frequency variable k. From the equation of phase change over 

distance: 

 

 𝜙(𝑥) = 2𝜋 (
𝛾

2𝜋
𝐺𝑥𝜏) 𝑥 

𝑘𝑥 =
𝛾

2𝜋
𝐺𝑥𝜏 

 

(1.9) 

 

(1.10) 

 

This concept of k can be extended to the y and z axes and relates to the phase offset that we 

are sensitive to in any acquisition. The signal from measurement of an RF pulse from earlier 

can be written (for only the x direction) as: 

 

 
𝑆(𝑡) ∝ ∫ 𝜌(𝒓)𝑒𝑖𝜙(𝒓)𝒅𝑉 ∫ 𝑒𝑖𝜔𝑡𝑆(𝑇𝐸, 𝑘𝑥) ∝ ∫ 𝜌(𝒙)𝑒𝑖2𝜋𝑘𝑥𝑥𝑑𝑥 

 

(1.11) 
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Where TE is the echo time of the pulse sequence, 𝜌 is the proton density. Which can be 

recognized as the Fourier transform equation, where the variable kx is the variable which 

the spectral decomposition of the image in x is based on. Thus, this density of spins ρ(x) 

can be obtained through the inverse Fourier transform of the signal received as a function 

of kx: 

 

 𝜌(𝑥) = ℱ−1[𝑆(𝑇𝐸, 𝑘𝑥)] 
 

(1.12) 

 

Which, as earlier can be extended to the y and z directions. Traversing k-space and 

collecting signal intensities thus allows us to determine the density of nuclei and create an 

image using the inverse 2D or 3D Fourier transforms. 

The sequential combination of RF pulses and application of gradients results in what is 

called a pulse sequence, where the timing of each is ordered to produce a different 

weighting of images. In the simplest case, by applying an RF pulse to excite the nuclei and 

immediately recording the signal collected (using the gradients to encode the location), the 

resulting image will be a slab of signal that has been collected, from which the frequencies 

can be used to generate the image. From this, the intensity of each voxel produces the 

magnitude in the greyscale image. 

In the development of MR methods, different combinations of use of gradients and the RF 

system have been created to leverage these behaviors of nuclei and measure the contrast of 

not just hydrogen, but also other agents in the body. 

1.1.3.1 Gradient Recalled Echo and Echo Planar Imaging 

In MR there are multiple ways to combine RF excitations and gradient pulses to 

manipulate protons and obtain the collection of spatial frequencies in k-space which give 
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information about the phase of spins, which are then used to form and image.In the scope 

of this work, both gradient recalled echo, and echo planar imaging are used to acquire 

phase information. 

Gradient echo produces a signal at a set echo time (TE) by applying a dephasing gradient 

lobe after the RF excitation has been performed. Subsequently, a lobe in the opposite 

direction is applied (over a longer period, but at lower gradient strength). The point at 

which the total area of the applied refocusing lobe matches the area of the dephasing 

lobe, a moment of maximum magnetization is formed, called an echo, which has signal 

which has decayed with time constant T2*. As the gradient refocuses the echo, signal can 

be acquired along a line of k-space, with this process repeated and lines of k-space 

collected until sufficient k-space information can be used to form an image with 

magnitude and phase information. Images can be collected using a single echo per RF 

excitation (called single echo gradient recalled echo, or SE-GRE), or with multiple 

echoes collected for a single excitation which are then combined [11]. 

The straightforward nature of GRE approaches makes it a common one in practice, 

however the drawback of collecting only one line of k-space per repetition time makes it 

potentially too slow for applications where temporal resolution is a priority. To this end, 

Echo Planar Imaging (EPI), offers the benefit of collecting an entire plane of k-space data 

in a single excitation, as opposed to just one line. This is achieved by applying a small 

phase encoding gradient pulse between frequency encoding lines, such that the overall 

echo is acquired at the origin of k-space, while samples are taken in a raster fashion [1]. 

The actual number of k-space lines collected in every shot is referred to as the Echo Train 

Length, with single shot referring to a complete coverage of k-space and multi shot 

referring to multiple excitations being done over a traversal of k-space [12]. Although it 

allows for fast imaging overall, the approach is susceptible to blurring in the phase 

encode direction, as this is acquired much more slowly (in small blips) as opposed to the 

frequency encoded direction. Nonetheless, the benefits in acquisition time are significant 

compared to a SE-GRE approach[13]. 
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1.2 MRI at Low Field 

1.2.1 Categorization of Fields 

As the proliferation of MR has occurred throughout the world, research and development 

has led to an increase in the field strengths and as mentioned, stability of these systems. 

Along with this development, multiple conventions for categorizing fields have emerged. 

A common categorization is into the following four: “low-field” for static field strengths 

up to 0.1 T, “mid-field” for field strengths up to 1 T, “high-field” for fields between 1 T 

and 7 T, and “ultra high-field” for anything at or above 7 T. These categories are all a bit 

arbitrary and up for interpretation, but it is a grouping which can be distinguished by the 

capabilities at each field strength. 

As of 2020, ultra high-field MRI is used only in research capabilities, where the field 

strength allows for high-quality functional MRI, very good signal to noise ratio (SNR) 

(generally due to the larger magnetization induced, which translates to signal received 

through the RF coils), and good ability to conduct MR spectroscopy. This high field comes 

with drawbacks: worse patient experience compared to lower field (particularly dizziness 

during the scan process) [14], amplified B0 and B1 inhomogeneities, and the dielectric effect 

producing artefacts, limiting the potential image quality [15]. As well, with an average cost 

in 2015 of 10 million dollars for a 7 T system installed [16], the high cost of these systems 

is a factor limiting widespread adoption. 

High-field systems, particularly 1.5 T and 3 T systems are generally the ones that are used 

in a clinical setting [3], and provide many of the benefits that also occur at ultra high field. 

This includes also having good SNR, producing good quality for standard imaging 

techniques, and allowing for Diffusion Imaging along with Diffusion Tensor Imaging. 

These systems still contain heating concerns, with harder limits on the strength that the RF 

pulses can be compared to low field systems, particularly when imaging patients with 

implants[17]–[19]. 
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Modern mid- and low-field systems, with advanced gradients and magnet design, can 

provide comparable quality T1 imaging as higher field counterparts due to the ability to run 

gradients more strongly while staying within regulatory limits. These systems are relatively 

low cost, and (due to the lower field) can provide a benefit in lung imaging due to reduced 

susceptibility artefacts[7], [9]. Overall, these systems are limited by the reduction in SNR, 

and this limits some of the modern imaging techniques from being conducted as there are 

question as to if there is enough signal to accurately implement. 

This renewed commercial interest has led to a number of new entries in the world of mid- 

and low-field MR intended for human application, particularly in the last 5 years. These 

include but are not limited to the 64 mT Hyperfine Swoop head scanner, the 66 mT 

Promaxo scanner, the 0.55 T Siemens Magnetom Free.Max, and the scanner used in parts 

of this work, the 0.5 T Synaptive EVRY scanner. Additionally, there have been use cases 

where magnets initially designed to operate >1 T have been ramped down and operated at 

0.55 T, particularly the 1.5 T Siemens Aera scanner. 

Many of these systems come with the additional feature of being what is called “cryogen-

free”, which means that in the windings of the main magnet producing the main static 

magnetic field are not required to be immersed in cryogen to maintain superconductivity. 

Instead, these systems use a closed heat-sink system to extract heat from the windings and 

maintain the magnet below the critical temperature at which superconductivity begins. 

Typically in the case of an emergency, MR systems have mechanisms in place that can 

vent out the cryogen which typically immerses the main magnet windings. This allows the 

superconducting coils to heat up above a critical temperature (Tc) at which point they 

become non-superconducting. This is necessary for emergency response teams to safely 

approach the bore of the magnet in emergency situations [20]. The cryogen that is boiled 

off in this scenario must be removed from the MR suite, and the installation of these 

systems is another cost associated with a typical MR scanner.  
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In both cryogen and cryogen-free systems, heater elements help to achieve the creation of 

a non-superconducting region in the main magnet windings. This region, which now has a 

resistance will heat, which propagates this non-superconducting region, and thus can 

quickly make the entire magnet non-superconducting [21], [22]. In these cases, quench-

protection systems are put in place to protect the MR components from damage during 

these emergency situations and are designed to operate at the field strength the magnet is 

built for, necessitating investigation into the quench behavior for magnets which are run at 

field strengths they were not designed for.  

1.2.2 Accessibility of MRI 

Along with some of the tissue parameters and sample heating benefits of performing MRI 

in the mid-field strengths, the accessibility of these systems to the general population is a 

strong motivating factor in the adoption of these systems. All MR magnets have magnetic 

fields that extend beyond the bore of the magnet, even with windings in the main magnet 

called shield coils that are meant to reduce the reach of the magnetic field of the system 

outside the bore of the magnet. These fields, called fringe fields, limit how close operators 

and technicians can come to the magnet, and require an organized blueprint that considers 

several safety measures including access protocols, room zoning, and safety training for 

operators and clinicians. 

Due to the need for specialized infrastructure near an MR system, these cannot generally 

be installed in any generic environment that may not adequately protect the magnet from 

the common ferromagnetic building elements and won’t have the specialized safety 

systems integrated that are required for MRI use. Typically, there is a “4-zone” architecture 

which keeps general populations in regions 1 and 2, with a restricted access to the console 

room (zone 3), and a shielded room with the MR system itself (Zone 4) [23]. These 

architectures ensure that only vetted patients can be near an MR system, while isolating the 

magnet from its environment. Other common safety measures include but are not limited 

to RF shielding in the magnet room, emergency shut-off buttons, pre-magnet waiting 

rooms, locked access to the magnet, and special compartments for metallic objects. 
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As with all systems, implementing safety features brings cost, which limits the widespread 

use of such a strong magnet. As stated, with a rough price of $10 million for the most 

modern 7 T systems without accounting for the specialized rooming that is required, lesser 

funded clinics and smaller doctors’ offices cannot accommodate such a high cost and high 

maintenance systems, which leaves hospitals as the primary customers of MRI systems[3]. 

Alleviating some of these pressures is the rise in modern mid-field systems, both in original 

design 0.5 T systems, and in the re-purposing of higher field MR systems to run at this 

reduced field [7]. Due to the lower static field, the fringe fields can be made to extend far 

less beyond the bore of the magnet, especially with a well optimized active shield. This 

opens the opportunity to forego the typical MR architecture used to isolate the MR system 

from its surroundings and place these systems in less specialized environments. This in turn 

reduces the siting costs and means that, along with the cost of the system itself, more care 

centers can be outfitted with an MR system. 

1.2.3 Challenges of mid field MR 

Although mid-field MR systems can leverage many beneficial qualities of the lowered 

susceptibility artefacts and reduced sample heating, there are negative considerations in 

image quality that are considered, as addressed earlier. Alongside this, there are other 

secondary issues that need to be addressed with the specific siting of the magnets outside 

of specialized rooms in the pursuit of improving the accessibility to the general population. 

As a consequence of developing accessible lower field MR systems, these can be placed 

much nearer to building elements which can adversely affect the stability of the main 

magnetic field used in the imaging process. This can negatively affect image quality and 

device localization [24], as a changing local magnetic environment produces artifacts and 

limits the ability to delineate regions of interest in images taken using the system. For 

example, in imaging sequences that attempt to categorize the density of different molecules 

in a sample (proton density weighted imaging, one of the three main imaging contrasts 

along with T1 and T2), a main magnetic field that does not significantly vary with time is 
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required [25]. As a function of both using a lower field system with lower SNR to higher 

field counterparts and the placement of this system in non-specialized environment, the 

development of more accessible MRI has especially difficult optimization challenges to 

overcome in providing high quality images. This is however the risk that occurs when there 

are potentially magnetic elements in the vicinity of the magnetic system.  

1.3 Thermal Mapping using MR 

The temperature of a sample in an MRI system is critically important, to the point where 

one of the first relations that a student learning about NMR will learn is the relation between 

net magnetization and temperature, called Curie’s Law [1]: 

 

 
𝑀0 ∝

𝐵0

𝑇
 

 

 

(1.13) 

This simplified relation highlights how for any sample, the signal received by the RF coil 

will change based on the temperature of the sample. This simply shows that on a 

fundamental level it is possible to use the signal received from MRI to measure the 

temperature inside the body, at the very least in the form of a change in signal from a region 

of sample over time. 

In turn, this provides a very useful opportunity, as it is not possible to measure the 

temperature in the human body using any other non-invasive method. Effective 

applications of thermal mapping (sometimes referred to as thermometry or thermography) 

can produce localized images of temperature and display the temperatures as a map over 

an MRI scan, either as a single measurement or a time-series monitoring of relative change 

in temperature in a region of the body [25]. 
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Furthermore, the development of thermometry techniques have been of particular interest 

to the medical community in monitoring hyperthermia or cryotherapy. Being able to 

accurately measure the dose applied to a patient being treated using these treatments is 

critical to reaching successful medical endpoints [26]. 

1.3.1 Use of Thermal Therapies 

Thermal therapies have found significant use within the medical community, including 

treatments in breast, bone, liver, and even brain tumors [27]–[30]along with treatment of 

uterine fibroids and movement disorders such as Parkinson’s tremor [31]. In these 

applications, some which would normally be treated using chemotherapy, the use of a well 

monitored thermal therapy has shown value as an additional treatment with established 

value. 

In the cases where these approaches heat tissue above an index temperature for a set amount 

time, there have been established methods for accurately predicting cellular necrosis and 

effectively control tumors [26], [32]. As such, improving and expanding this field 

continued to grow and has become a routine component of patient care, with many 

minimally invasive modalities of ablation developed [32]. These include Radio Frequency, 

Microwave, laser, and High Intensity Focused Ultrasound (HIFU) methodologies which 

work to heat tissue above ∼60◦ C in order to reach cytotoxic levels [33]. This technique 

offers several advantages, including a reduced risk of complications, shorter recovery time, 

and potential for outpatient treatment, making it a valuable alternative to invasive 

traditional surgical interventions. There also exist lower strength hyperthermia treatments 

where tissue is heated up in the range of ~50°C with treatment times in the minutes to 

hours, while high temperature hyperthermia can reach temperatures far beyond this for 

shorter treatment times.  

Cold therapy, also called cryotherapy, utilizes cold temperatures through ice packs, cold 

compresses, or specialized chambers to constrict blood vessels, reduce inflammation, and 

numb nerve endings[34], [35]. Hypoxic-Ischemic Encephalopathy is an example of this 
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cryotherapy, where treatments can either involve cooling of an infant head or entire body 

to target temperatures of 34.5°C and 33.5°C respectively[36]. At the conclusion of the 

treatment, infants are re-warmed over the span of 6 to 12 hours, at a rate of 0.5°C/hour. 

The benefit in these heating and cooling treatment methods is the non-invasive nature, 

which can reduce patient contact and minimize complications. 

In most hyperthermia treatments, there is a system which generates the source of heating, 

and there is a needle/focusing device that delivers this generated energy to the tissue [18]. 

Depending on the location of the treatment area, there are a various monitoring mechanisms 

for the application of the thermal therapy, and circumstances which guide which method is 

ideal [37]–[41]. 

Of modern interest has been the non-invasive nature of HIFU as a treatment option. With 

a standard ultrasound using energies of around 720 mW/cm2, High Intensity Focused 

Ultrasound uses intensities orders of magnitude higher (100-10,000 W/cm2). These 

acoustic waves can be manipulated to accurately deposit energy in a region of interest, 

leading to remote heating. The waves produce both thermal and mechanical damage, which 

leads to the ability to combine the treatment with targeted drug delivery by drug-containing 

micro-bubbles [42]. 

With such promising benefits, there are significant limitations to the use of HIFU. There is 

a limit to the depth that ultrasound can penetrate within the body. As well, due to different 

densities of tissue and bone in the body, there is risk of damage to nearby body elements 

such as peripheral nerves and skin. As with MR scans, there is a risk of patient movement 

affecting the delineation or targeted region in the treatment, so application of HIFU near 

the lungs is difficult to conduct [42]. As with all potential treatments, HIFU needs to be 

carefully planned to minimize the risks to patient safety and optimize the treatment effects, 

with this method still providing a very tempting option for treatment due to the fully non-

invasive nature [41]. 
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Ensuring the correct thermal dose delivery is critical in treatment planning and execution. 

For this reason, work has focused on how to integrate thermometry into these applications, 

with results showing safety concerns and impracticality for invasive thermometry methods 

[43]. To this end, the development of non-invasive thermal mapping was quickly identified 

as a promising approach and has grown in relevance alongside the growth in MR capability. 

As early as 1998, there has been research use of thermometry techniques using MR systems 

for the purposes of monitoring and modelling the cell death in an ablated region [44], [45]. 

As MR systems have continued to develop, there has been an expansion in the number of 

methods which can be used to create these thermal maps. Today, the most common 

methods can generate relative temperature maps, with some research methods able to 

produce absolute temperatures, and the outlook for future development being the 

development of robust absolute temperature measurement. 

Integration of MR guidance to HIFU has grown since initial development [46]. An MRI 

scan can be used to visualize and plan treatment, and it can also guide the application of 

the focused ultrasound [47]. These approaches are specifically tailored to maximize the 

SNR and use high volume RF coils to avoid interference between the RF array elements 

and the HIFU system [48], along with multi-channel RF approaches to improve the SNR. 

1.3.2 Modern Thermal Mapping Approaches 

Multiple approaches to thermal mapping have been developed, each with benefits and 

concerns based on the manipulation of nuclear spins in the imaged sample. Particularly 

important is the relation with the main magnetic field, as different imaging techniques will 

respond differently say at 3 T vs 1.5 T. The generally accepted standard technique for 

thermometry is using what’s called the proton resonant frequency (PRF) shift, with 

variations on the method to offer some optimal SNR [49], [50]. Alongside this method, 

important consideration at low field should be taken to proton density (PD) imaging, 

Diffusion imaging, and T1/T2 weighted imaging, an overview of which can be seen in 

Table 1.1. 
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Method Mechanism Pros Cons B0 Dependence 

Proton 

resonant 

frequency 

Temperature dependence 

of hydrogen bonds 

High spatiotemporal 

resolution, linear function 

of temperature 

Does not work in Adipose 

tissue due to lack of water 

molecules 

Linear increase 

T1 Energy exchange rate in 

sample increases with 

temperature 

Readily available and 

common, can be used in all 

tissue types 

Low temperature 

sensitivity; non-linear 

change at high temp 

T1 increases with B0, but 

observed T1 contrast 

decreases 

Proton 

Density 

Proton polarization density 

is inversely proportional to 

tissue temperature 

Relatively independent of 

tissue type, also very 

common 

Very low sensitivity 

(~0.3%/°C) 

PD increases linearly with 

field, but sensitivity 

unaffected 

Diffusion Molecular diffusion obeys 

Stokes-Einstein relation 

between temperature and 

diffusion coefficient, D 

Readily available and 

common 

Slow to image, sensitive to 

motion 

Negligible 

Table 1.1: Table summarizing most common typical thermal mapping approaches [49]  
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1.3.3 Proton Resonant Frequency 

1.3.3.1 Basics 

As stated, measuring the shift of the proton resonant frequency in water is the most 

pervasive method for measuring temperature, and thus is the first stop when trying to create 

temperature maps. The method hinges on the slight variations in the magnetic field that is 

experienced in water molecules, shown as [51], [52] (where 𝜎 is the phase shift): 

 

 𝐵𝑙𝑜𝑐 = 𝐵0 − 𝐵0𝜎 

𝐵𝑙𝑜𝑐 = (1 − 𝜎)𝐵0 

 

(1.14) 

This varied field changes the frequency with which the hydrogen nuclei precesses, as 

described by the Larmor frequency ωloc = γBloc. Thus, should the variations in field be 

temperature dependent, this can be observed. 

Hydrogen nuclei in water are less insulated from the macroscopic field when hydrogen 

bonds are formed with doping agents, water molecules, or other molecules. As temperature 

increases these bonds become stretched or broken; this causes the water molecules to spend 

less time in a bond, and this means the average screening of the 1H is increased. The 

temperature dependence of the screening constant is linear, giving: 

with α ≈−0.01 ppm per degree, depending on exact tissue [49]. A drawback of this method 

is the reliance on aqueous tissue to generate a detectable shift. In adipose tissue, the shift 

 𝜎𝑇(𝑇) = 𝛼𝑇 
(1.15) 
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in local field is governed much more by the susceptibility of the tissue and thus other 

methods are required for temperature measurement. 

1.3.3.2 Phase Imaging 

When implementing PRF, there is some variation in approach which brings benefits and 

drawbacks. One of these approaches is called spectroscopic imaging. In this method, the 

MR spectrum is acquired, and the water peak is compared to a reference peak (lipid or 

other) to calculate the variation. With a reference water peak, the absolute temperature can 

be measured in this way as well. However, this method requires multiple time points so 

that the frequency information can be extracted. This makes the process slower and more 

susceptible to movements of organs and requires more data to be acquired [52]. 

In contrast, the use of phase temperature imaging uses a single echo time (TE) value and 

this reduces the data requirements while giving better spatial resolution. The drawback 

being that there is more susceptibility to unrelated field variation [53]. Using a gradient 

recalled echo (GRE) sequence, the phase change between a baseline image and a 

subsequent image can be calculated, and the relationship with temperature shown as: 

 

 
∆𝑇(𝑡) =

Φ(𝑡) − Φ0

𝛾𝛼𝐵0 ∙ 𝑇𝐸
 

 

(1.16) 

 

where Φ(t) is the phase at a certain time and Φ0 is the baseline phase measurement. In the 

case where this baseline temperature is also known, we can determine the absolute 

temperature of the system. This equation underpins much of the work in this thesis, as by 

measuring the phase utilized in various methods as will be seen in Chapter 3, we can 

measure the change in temperature based on this equation. As well the measured phase 

uncertainty can be converted to an uncertainty in temperature measurement following this 

relation as well. 
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Due to the 𝐵0
−1 term, the contrast using this method improves at lower field strengths, 

however, the common methods of acquiring PRF such as spatial-spectral (SPSP) pulse 

sequences or fat suppression pulses becomes difficult at low field strength due to the small 

offset of fat relative to water. Regardless, phase mapping is the most widespread 

implementation of PRF [54]. 

1.3.4 T1 and T2 

Introduced earlier, T1 relaxation represents the interaction between the surrounding lattice 

and the proton spins. One way to describe the temperature dependence of the T1 time can 

be given by: 

 

 
𝑇1 ∝ 𝑒−

𝐸𝑎
𝑘𝑇 

(1.17) 

 

with Ea the activation energy of the relaxation, k being the Boltzmann Constant, and T the 

temperature of the sample. These measures give a range of temperature dependence 

between 1-2%/°C depending on the tissue [55], and lead to multiple T1 images taken over 

time as a method for measuring relative change in temperature [56]. 

For signal received from the RF coils, the signal equation based on the flip angle and the 

Magnetization is [57]: 

 

 
𝑆 = 𝑀0𝑠𝑖𝑛(𝛼)

1 − 𝐸1

1 − 𝑐𝑜𝑠(𝛼)𝐸1
 

(1.18) 

 

It is important to note that the magnetization is also temperature dependent, and E1 is the 

term that contains the temperature-shift effects from the temperature, given as: 
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𝐸1 = 𝑒

−
𝑇𝑅

𝑇1(𝑇𝑟𝑒𝑓+𝑚(𝑇−𝑇𝑟𝑒𝑓)) 

(1.19) 

 

Where TR is the repetition time of the pulse sequence, T1 is the spin lattice relaxation time, 

Tref is the reference temperature, and T is the measured temperature. From the signal 

equation, there are benefits in SNR by increasing the field strength (M0 increase), however 

as previously covered the T1 value itself increases with field strength, leading to better 

contrast itself at lower field [49]. Previous studies have shown a 1-2% change in T1 time 

per degree Celsius[57], with T1 increasing with temperature. This opens the opportunity 

for better SNR consideration making T1 a promising opportunity at low field. 

The benefit of the commonality of T1 imaging is the well-developed methods for quickly 

acquiring these images, and the fast nature of acquisition reduces the effect of motion 

within a possible patient. 

The other main relaxation mechanism, called spin-spin relaxation and with time constant 

T2, also has a temperature dependence as the higher temperature causes more random 

thermal motions. This interaction causes variations in the local field over time and will de-

phase net magnetization with ωloc = γBloc. One benefit is that, since the relaxation is based 

on the interactions between spins, the field strength at which the experiment is carried out 

doesn’t change the T2 time. Just as with T1, the relationship with temperature can be 

described 

 

 1

𝑇2
= 𝜔𝑙𝑜𝑐

2 (𝜏𝑐 +
𝜏𝑐

1 + 𝜔0
2𝜏𝑐

2
) 

(1.20) 
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where τc represents the correlation time in the spin-spin interaction, 𝜔𝑙𝑜𝑐 represents the 

local rotational frequency, and 𝜔0  is the baseline frequency. As temperature increases, the 

time constant decreases, as 𝜏𝑐 ∝
1

𝑇
, and leads to an overall increase in T2, so both T1 and T2 

increase with temperature. 

The temperature dependence of T2 imaging has been known for as long as T1, however due 

to very slow spin echo-based methods generally needed to acquire T2 images, the method 

has not gained nearly the same popularity [49]. However, work has shown that the change 

in T2 is both linearly dependent on temperature and has a sensitivity of about 5-7ms/◦ C 

depending on the tissue [56], which offers benefits in sensitivity over some other methods. 

Recently, by using modern readout methods for spin echo imaging, a scan time of 15-16 

seconds per image has been achieved [58], compared with the T1 time of about 9 seconds 

per image [59]. 

1.3.5 Apparent Diffusion Coefficient 

A measure of temperature can be obtained through the measurement of molecular 

diffusion in tissue, based on the Arrhenius relation between baseline diffusion and the 

translational self-diffusion coefficient, with 

 

 𝐷 ≈ 𝐷0𝑒−𝐸𝑎(𝐷)/𝑘𝑇 
 

(1.21) 

 

Where we have D0 as the baseline diffusion, 𝐸𝑎 the activation energy for this diffusion, 𝑘 

the Boltzmann constant, and 𝑇 the absolute temperature in the sample. To acquire the 

diffusion measure, strong gradients are applied before excitiation, causing spins moving 

in the direction of the gradient to experience dispersion, while stationary spins do not. 

This net signal loss is related to the dispersion of spins, and by measuring this in each 

voxel, a map of diffusion coefficients can be made. However, since the measured 

diffusion can be altered by the cellular structures, boundaries and tissue perfusion, these 
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measurements are called the apparent diffusion coefficient (ADC) [49]. Measuring the 

change in ADC over temperature, a temperature coefficient for ADC can be established 

and used for thermal mapping. 

1.3.6 Apparent Proton Density 

From the definition of Curie’s Law stated earlier, it is suggested that there is an inverse 

relation between the magnetization and the temperature of a sample. In the case of apparent 

proton density imaging, this relationship is used to directly measure temperature, simply 

by taking an MR scan with a short echo time and long repetition time, the relative density 

of protons in the voxels of an image can be determined [60]. As proton density is 

proportional to the equilibrium nuclear magnetization, the signal relationship becomes 

[40]: 

 

 
𝑃𝐷 =

𝑁𝛾2ℏ2𝑠(𝑠 + 1)𝐵0

3𝑘𝑇
 

 

(1.22) 

 

where N is the density of nuclear spins, s is the nuclear spin, and T is the temperature of 

the sample. 

The benefit of measuring temperature using this method is the lack of need for a frequency 

shift as is needed for PRF, something which adipose tissue does not exhibit due to its lack 

of water pools. This allows for the expansion of the temperature into any type of tissue, 

such as the breast which does not have liquid pools to measure from [61]. D to the common 

nature of the pulse sequence, all that is needed is a simple spin echo sequence with a 

variation in echo time. From this, the apparent PD can be determined using ratios of signal 

from the two time points: 
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𝐴𝑃𝐷 ~𝑆(𝑇𝐸 = 0) = 𝑆(𝑇𝐸 = 𝑇𝑎) × (
𝑆(𝑇𝐸 = 𝑇𝑏)

𝑆(𝑇𝐸 = 𝑇𝑎)
)

−
𝑇𝑎

𝑇𝑏−𝑇𝑎

 

 

(1.23) 

 

where Ta and Tb are two selected echo times that can then be used to determine temperature 

due to the different levels of signal at different time points. Trials on a 0.5 T system have 

shown a sensitivity of around 0.56%/°C [61], with a poor standard deviation of 

approximately 3°C. Although experiments using this method for pure thermometry have 

been few, there is promise for improvements with better specialized RF coils and SNR 

optimization, particularly for a low-field approach. 

1.4 Thesis Overview 

This thesis outlines work done to answer an initial research question “How well can we 

perform thermal mapping on a 0.5 T MR system?” which then evolved into a larger 

exploration of how to go about testing thermal mapping abilities, and what the 

implications are for using these MR systems in non-specialized locations where 

interference and other effects come into play. Chapter 2 begins this by developing a novel 

phantom gel which can be used for testing the thermal mapping that we aim to explore as 

the need for a step beyond doped water became evident in early studies. Chapter 3 then 

continues this into actual experimentation with temperature mapping and tracking, by 

creating a phantom with the developed gel. The temperature precision we can reach in 

vivo on a 0.5 T system was evaluated, along with the ability to track temperatures in the 

phantom while cooling. Chapter 4 then offers a series of investigations into the potential 

concerns with accessible MR systems, including quench behaviours on ramped-down 

MR systems, risks of magnet heating due to operation of strong gradients, and 

importantly a look into the effects of ferromagnetic object motion near an MR system. 

Finally, Chapter 5 outlines the significance of the work and discusses the potential future 

avenues. 
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Chapter 2  

2 Hydroxyethylcellulose as a Tissue Mimicking Thermal 
Phantom Gel 

To properly establish and test a method for measuring temperatures using MRI, a tissue-

mimicking gel with appropriate temperature calibration is required. Thus, this chapter 

begins this process by testing the use of hydroxyethyl cellulose (HEC) gel doped with 

either copper (II) sulfate or gadobutrol as a potential thermal phantom material. With 

appropriate temperature properties, this gel would provide the benefits of having both 

tissue-mimicking permittivity and conductivity, as well as the ability to implement 

common thermometry sequences. 

This chapter consists of a manuscript expanded from the peer-reviewed conference 

abstract, which has been submitted to Physics in Medicine and Biology: 

Diego F. Martinez, Curtis N. Wiens, Chad T. Harris, William B. Handler, Blaine A. 

Chronik. Hydroxyethylcellulose as a tissue mimicking phantom gel: Characterizing the 

temperature response at 0.5T. International Society for Magnetic Resonance Imaging 

Annual Meeting 2023. 

2.1 Introduction 

Surgical monitoring using magnetic resonance imaging (MRI) has increased dramatically 

over the past 15 years [1,2] stemming in large part from the development of minimally 

invasive thermal therapies. For example, in controlled hyperthermia, tissue is heated to 

~45° C for tens of minutes [3–6]. Likewise, in local thermal ablation, tissue is rapidly 

heated to >50° C for seconds at a time [6,7].  Advancements in temperature precision, 

accuracy, and update rate from MR-based thermometry have enabled real-time temperature 

regulation [8–10].  

Modern, specialized, mid-field (0.5 T) systems offer smaller size, lighter weight, and 

compact fringe field enabling easier siting and installation in locations apart from 
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diagnostic imaging, such as within (or adjacent to) the operating room [11–15]. 

Furthermore, these specialized mid-field systems offer an increased safety profile in 

comparison to high field for patients with implanted devices [16].  These properties are 

enticing for interventional monitoring albeit coming with a cost of reduced sensitivity to 

temperature-induced proton-resonance shifts [15,17].  

MRI phantoms are a key component of development and validation of MRI systems, with 

several benefits over other validation methods. These phantoms can be designed to mimic 

tissue relaxation parameters, thermal conductivity, and shape. Mimicking many tissue 

parameters is important for a phantom, as it provides opportunity for further development 

of imaging methods and a simple way to validate the effectiveness of novel imaging 

techniques. Typically, phantoms use a solid or gel-like material as a base to match the 

viscosity of tissue, with agar [18,19], agarose [20], carrageenan gel [21], gelatin, polyvinyl 

alcohol [22,23], and polyacrylamide among common bases from which these phantoms are 

developed. In the case of agarose, a paramagnetic doping agent is used to reduce the T1 

relaxation time, while the concentration of agarose modulates the T2 parameter. In other 

cases, the T1 and T2 parameters are both affected by gel concentration, such as in the use 

of carrageenan gel [21]. The drawback to phantom methods is changes in physical 

parameters (e.g., viscosity and conductivity) as the concentration of gelling agent changes 

or the phantom heats, which can lead to inconsistencies in behaviour when testing novel 

methods for thermometry.  

Among gel candidates, hydroxyethyl cellulose (HEC) has many possible benefits as a 

tissue-mimicking phantom. Commonly used as part of the ISO/TS 10974:2018 [24] 

standard for testing of heating of active implantable medical devices, HEC provides various 

conductivity and permittivity-modulated tissue formations based on different 

concentrations that allow for matching of high permittivity lossy tissues such as muscle, as 

well as thinner tissue such as blood [24]. Alongside the matching of these tissue properties, 

the standard formulation of the gel is well established and easy to follow.   
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The primary HEC use case is in safety testing of implantable medical devices. The higher 

viscosity of the HEC allows for slower heat convection, allowing HEC to be used to 

evaluate the measurement of temperature with high resolution and measure the ability to 

delineate heated regions within the phantom. These properties lend themselves well to use 

as a thermometry phantom for development of thermal-mapping methods. As was 

mentioned earlier, thermal therapies can have wide temperature ranges and clinical 

requirements – a good measure of a phantom would be one that can be used for testing 

within several of these application therapy ranges.  Given the long T1 values of undoped 

HEC, doping agents are typically required to reach target baseline T1 times matching targer 

tissue. 

The purpose of this work was to validate the viability of HEC gel for use as a thermal 

phantom.  To validate the viability of HEC gel, the T1 relaxation time, PRF, and ADC of 

HEC gel were measured at different temperatures.  These measurements resulted in 

temperature calibration curves for each parameter.  

2.2 Materials and Methods 

2.2.1 Phantom Production 

Batches of HEC (Sigma-Aldrich; St. Louis, MO) gel were produced at 2% and 3% 

concentrations to create a phantom in accordance with the method outlined in Annex L 

[24] of the ISO/TS 10974:2018 standard. Specific chemical formulations for the 2% and 

3% concentrations were: 2% HEC, 97.71% water, 0.294% NaCl (Sigma-Aldrich; St. 

Louis, MO; and 3% HEC, 96.85% water, 0.15% NaCl) respectively.  

To reduce the T1 relaxation time of the gel and match this to known values of T1 in 

human brain grey matter, MR doping agents copper (II) sulfate (CuSO4; Sigma-Aldrich; 

St. Louis, MO) and gadobutrol (Gadovist; Bayer AG; Leverkusen, Germany) were added 

to make two sets of gels with varying concentrations of each. CuSO4 concentrations 

ranged between 0.5 mM and 3.0 mM, while the Gadobutrol concentrations ranged 
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between 0.075 mM and 0.2 mM. These solutions were placed in 50 ml falcon tubes for 

property characterization, with set up shown in Figure 2.1. 

 

Figure 2.1: Experimental set up, with falcon tubes holding candidate solutions shown, 

along with the two solenoid coils used for testing and reference. 

2.2.2 T1 and T2 Characterization 

All relaxation time measurements were performed on a 0.5T head-only MR scanner 

(Synaptive Medical; Toronto, Canada) equipped with either an 8-channel head coil (T2 

measurements) or a custom small diameter 2-channel coil, each a solenoid (T1 

measurements).  

The T1 relaxation time of each solution was individually measured using an inversion 

recovery free induction decay (FID) sequence.  Acquisition parameters were 20 log-

spaced inversion times between 10-3000 ms, 256 readout points, BW = 50 kHz, flip 



39 

 

 

 

angle = 180° then 90°, TR = 3.25 s.  For each measurement the inversion recovery curve 

was fit to give estimate values for T1 using the relation 

 𝑀 = 𝑀0(1 − 2𝑒
−𝑇𝐼

𝑇1
⁄ + 𝑒

−𝑇𝑅
𝑇1

⁄ ) 

 

(2.1) 

 

The T2 relaxation time of each solution was simultaneously measured using a set of spin 

echo images with different echo times.  Acquisition parameters were: 2x2mm in-plane 

resolution, BW = 24 kHz, flip angle = 34°, 2 ms RF pulse duration, TR = 205 ms, with 

echo times between 10-150 ms. Mean and standard deviation values from manually 

drawn ROIs on the set of ten collected echo time images were found and fit to a T2 decay 

curve using 

 𝑀 = 𝑀0𝑒
−𝑇𝐸

𝑇2
⁄

 

 

(2.2) 

 

2.2.3 Temperature Calibration Curves 

Candidate CuSO4 and Gadobutrol solutions were selected for T1 that best mimicked brain 

tissue at 0.5 T [25]. T1, PRF, and ADC temperature calibration curves were measured for 

these solutions on the same MR system using the custom small diameter 2 channel 

solenoid coil.  

Temperature calibration curves were measured for each candidate solution by heating the 

solution using a monitored water bath. Repeated acquisitions were acquired while the 

solution cooled back to room temperature. To ensure a homogenous temperature in the 

region of interest, a 3-minute delay was added between removal from the bath and when 

acquisitions began using a stopwatch. This delay time was determined by benchtop 

testing with similar experimental setup. While cooling, the temperature was monitored 

using a calibrated fibre optic temperature probe connected to a tracking system (±1°C, 

0.1°C resolution, -20 to 80°C range) (NOMAD-touch; Qualitrol; Fairport, NY).  To 

account for the change in temperature over long acquisition intervals, the average 
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temperature over each acquisition was used as the measurement.  The difference in 

temperature between the start and end times of each acquisition interval was used to 

estimate a temperature uncertainty.  

2.2.4 T1 Temperature Calibration 

To calibrate the T1 parameter with temperature, T1 cooling curves were measured in three 

successive steps with initial temperatures of 34°C, 41°C, and 51°C. For each set of 

measurements, the solutions were allowed to cool to room temperature while multiple 

inversion recovery FIDs (see previous T1 measurement description) were acquired 

repeatedly.  

2.2.5 PRF Temperature Calibration 

PRF temperature calibration was performed for each candidate solution using an FID 

sequence.  Acquisition parameters were TR = 6000 ms; readout points = 256; BW = 25 

kHz; flip angle = 90°.  To remove the confounding factor of B0 field drift, the second 

solenoid coil simultaneously measured the frequency of room temperature water doped 

with CuSO4 (T1 ~629 ms). The PRF response was therefore measured as the difference in 

frequency between the cooling candidate solution and the room temperature reference, with 

a total acquisition time of 30 minutes. 

2.2.6 ADC Temperature Calibration 

ADC was measured with an EPI based diffusion weighted imaging sequence (10 slices, 

matrix size = 100x50, 1.6x1.6x2 mm3 resolution, TE = 74.7 ms, TR = 4000 ms, flip angle 

= 90°, b = 750). ADC values for each time point were averaged over a central 

25x6.25x8mm region of the slice stack. 

2.3 Results 

T1 and T2 values for all concentrations are shown in Figure 2.2a-d. Candidate solutions 

of 3% HEC doped with 2mM CuSO4 and 0.2mM Gadobutrol produced T1s of 659 ms and 

705 ms and T2s of 127 ms and 129 ms at room temperature respectively. The T1 and T2 
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values of the doped gel matched the T1 and T2 of GM in the brain at 0.55 T closely (T1 

~712 ms [11,25] and T2 ~112 ms [25]), matching within 8% and 15% respectively.  

The T1 relaxivity parameter for the CuSO4 and Gadobutrol candidate solutions of HEC as 

temperature varies is shown in Figure 2.3. The rate of change of T1 relaxation with 

respect to temperature was found to be (17.1 ± 0.07) ms/°C for the Copper (II) Sulfate 

formulation and (16.9 ± 0.13) ms/°C for the Gadobutrol formulation. Several runs were 

repeated at increasing temperatures to evaluate any possible sample breakdown due to 

ionization of CuSO4 or de-chelation of the Gadobutrol agent. The repeated runs at higher 

temperatures did not produce a noticeable drift in the T1 parameter, as the lower 

temperatures produced consistent T1 values.   

Measurement of the change in resonance frequency as temperature varies is shown in 

Figure 2.4. The α temperature parameter of the CuSO4 and Gadobutrol solutions were 

found to be (-8.74 ± 0.12) x 10-3 ppm/C and (-8.42 ± 0.08) x 10-3 ppm/°C respectively.   

Measurement of the ADC parameter as temperature varies is shown in Figure 2.5. Linear 

fit resulted in an ADC vs temperature slope of (5.34 ± 0.063) x10-5 mm2/s/°C for the 

Copper (II) Sulfate formulation and a slope of (4.26 ± 0.059) x10-5 mm2/s/°C for the 

gadobutrol formulation. 
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Figure 2.2: T1 and T2 relaxation times for sample mixtures of Hydroxyethyl Cellulose 

Concentrations of 2% (blue) and 3% (orange). A-B shows T1 and T2 with samples doped 

using CuSO4 with concentrations between 0-2.5 mM. C-D show T1 and T2 for samples 

doped with Gadobutrol with concentrations between 0.075-0.200 mM. The trends show a 

decrease in T1 time as both doping agent concentrations are increased, while T2 times are 

not significantly affected by the change in either doping concentrations or HEC 

formulation. Uncertainties in figures A and C are ~10 ms and cannot be seen on this 

scale. 
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Figure 2.3: T1 relaxation time for a 3% HEC formulation 

(A) CuSO4 doped to 2.0 mM and (B) Gadobutrol doped to a 0.2mM concentration. 

Several runs were repeated at increasing temperatures to evaluate any possible sample 

decay due to ionization of CuSO4 or chelation of the Gadobutrol agent. T1 at these 

temperatures remained consistent when compared to other runs at the same temperature 

point. R2 =0.998 for (A) and R2 =0.9945 for (B). The rate of change of T1 relaxation 

are (17.1 ± 0.07) ms/°C for the Copper (II) Sulfate formulation and (16.9 ± 0.13) ms/°C 

for the Gadobutrol formulation. Uncertainties in both figures may be hard to see, and 

are ~10 ms. 
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Figure 2.4: Change in Central Frequency vs Temperature  

(A) a 2.0 mM CuSO4 doped sample of 3% HEC gel and (B) a 0.200 mM sample 

dopes with Gadobutrol. R2 =0.9351 for (A) and R2 =0.9536 for (B). Alpha 

temperature parameter of (-8.74 ± 0.12) x 10-3 ppm/C was obtained using a linear fit 

for the CuSO4 sample, and (-8.42 ± 0.08) x 10-3 ppm/C was obtained for the 

Gadobutrol sample. 
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Figure 2.5: Change in Apparent Diffusion Coefficient vs temperature  

Measured on a 3% formulation of HEC with (A) sample of 2mM CuSO4 and (B) 

sample of 0.200 mM Gadobutrol. R2 =0.9889 for (A) and R2 =0.9941 for (B). Linear 

fit resulted in ADC vs temperature slope of (5.34 ± 0.063) x10-5 mm2/s/°C for the 

Copper (II) Sulfate formulation and a slope of (4.26 ± 0.059) x10-5 mm2/s/°C for the 

Gadobutrol formulation. 
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2.4 Discussion 

In this work, parameter temperature calibrations for common concentrations of HEC gel 

doped with two different agents were conducted over the range 25 to 50 degrees. This 

temperature range is common for hyperthermia treatment with applications in drug 

delivery and cancer therapy [6]. An additional use case is in Neonatal body cooling, 

where target cooling temperatures reach 33°C [26]. This therapy involves a prolonged 

cooling with large cooling pads and provides a great use case for thermal tracking using 

MRI. Typical treatment lengths in these therapies last hours to days, which suits the 

nature of temperature tracking in the hour range using MRI, along with the potential for 

follow up scans to measure temperature throughout the body as treatment progresses, 

including helping safely conduct the warming phase once the cooling therapy has 

concluded. 

The doping agents used in this work did not substantially affect the T2 relaxation 

parameter of the gel. This was to our advantage as the T2 remained relatively close to that 

of brain tissue at 0.5 T over all concentrations tested. For a more accurate measure of T2, 

a CPMG approach could be used, as this could suppress distortions. 

If there were a need for the T2 value to be modulated, Manganese Chloride (MnCl) could 

be a suitable additional doping agent as it is a well established T2 modifier, and previous 

work has successfully combined MnCl with CuSO4 to achieve a combination of T1/T2 

target values [21].  

The T1 temperature dependence fell well within the expected shift of 2-3%/°C reported 

across field strengths [2]. In the T1 temperature scans, the response curve was roughly 

linear in the tested range. Furthermore, each run at progressively higher initial 

temperatures was found to be consistent, with the T1 at the same temperatures matching 

as the sample cooled. This reproducibility suggests that the gel itself is unaffected by 

heating cycles up to 51°C temperature. Previous work on T1 based temperature mapping 

have noted that tissue exhibits a non-linear T1 temperature response beyond ~45°C [3,4]. 
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Although this study did not examine extreme heating cases beyond this general range, 

there is the possibility that heating beyond the tested region could show a similar non-

linear T1 behaviour.  

Both gel formulations had similar PRF alpha coefficients and ADC coefficients within 

the range of reported values between –0.0111 and –0.00674 ppm/°C (dependent on tissue 

type)3and 2.0-2.5%/°C [24] respectively. This suggests the choice of doping agent is 

flexible and can be guided by availability or cost. When testing ADC using the 

gadobutrol doped HEC however, a deviation was observed while cooling, which would 

suggest CuSO4 may be more suitable. 

The temperature calibration of HEC gels was measured at 0.5 T. Despite only measuring 

at one field strength, HEC gels should be a suitable candidate for thermal phantoms at 

any field strength. To use at HEC gels at a different field strength, optimization of CuSO4 

or gadobutrol concentrations for target T1 and T2 relaxation times would need to be 

performed. Secondly, T1 temperature calibration would also be expected to change with 

field strength. In contrast, the theoretical expectation is that the central frequency and 

ADC parameters would be unchanged across field strengths. 

2.5 Conclusion 

This work provides the method for creating phantom gels with properties favorable to the 

testing of T1, PRF, and ADC thermal mapping techniques. By using HEC, a known tissue 

mimicking gel, and a doping agent of either Copper (II) Sulfate or Gadobutrol, the 

relaxation parameters can be set to match typical human brain tissue parameters. The gels 

produced offer consistent, replicable T1 and PRF temperature parameters which are valid 

in the range of 33-50°C, as well as a linear temperature response to the apparent diffusion 

coefficient derived via diffusion weighted imaging. 
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Chapter 3  

3 Echo Planar Imaging Proton Resonant Frequency 
temperature mapping at 0.5T: Comparison to Single-
Echo 

Once a suitable formulation for a novel tissue-mimicking phantom gel has been 

established, the next challenge becomes implementing sequences that can measure 

temperature on a custom-built phantom made to measure temperature. This work 

implements temperature mapping using several methods and addresses the balancing act 

that is required to optimize imaging parameters while maintaining an acceptable update 

rate. 

This chapter consists of a manuscript expanded from the peer-reviewed conference 

abstracts: 

Diego F. Martinez, Chad T. Harris, Curtis N. Wiens, William B. Handler, Blaine A. 

Chronik. Monitoring Temperature using Gradient Echo Imaging at 0.5T. International 

Society for Magnetic Resonance Imaging Annual Meeting 2023. 

Chad T. Harris, Curtis N. Wiens, Diego F. Martinez, Andrew T. Curtis, Blaine A. Chronik. 

Optimization of EPI based PRF thermometry at 0.5 T. International Society for Magnetic 

Resonance Imaging Annual Meeting 2023. 

 

3.1 Introduction 

Thermal therapies are an established clinical treatment protocol for a variety of ailments 

and refer to the medical application of heating or cooling to the body for therapeutic 

purposes [1,2]. Heat therapy, also known as hyperthermia treatment, involves the use of 

various energy sources, such as radiofrequency, laser, microwave, or ultrasound, to 

generate controlled heat as a common treatment for treating a variety of tumors [3–6]. This 
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technique offers several advantages, including a reduced risk of complications, shorter 

recovery time, and potential for outpatient treatment, making it a valuable alternative to 

invasive traditional surgical interventions. On the mild range of hyperthermia treatments 

are applications where tissue is heated up to the range of ~50°C for treatments of minutes 

to hours, while high temperature hyperthermia can reach temperatures far beyond this for 

shorter treatment times.  

On the other hand, cold therapy, also called cryotherapy, utilizes cold temperatures through 

ice packs, cold compresses, or specialized chambers to constrict blood vessels, reduce 

inflammation, and numb nerve endings [7,8]. Especially promising is the use of body 

cooling in infants suffering from hypoxic-ischemic encephalopathy [9], where treatments 

can either involve cooling the head or the entire body to target temperatures of 34.5°C and 

33.5°C respectively [7,8,10]. At the conclusion of the treatment, infants are re-warmed 

over the span of 6 to 12 hours, at a rate of 0.5°C/hour. The benefit of both treatment 

methods is the non-invasive nature, which can reduce patient contact and minimize 

complications.  

MR imaging in the mid-field strengths (0.5 T) offers some possibilities for monitoring of 

interventional temperature treatment procedures [11]. The compact design and small fringe 

fields allow for lessened siting requirements, and operating at this lower field strength 

provides lower susceptibility-based geometric distortion, along with reduced tissue heating 

during operation [12–14]. However, there is a signal-to-noise (SNR) loss at this field 

strength, along with a slower precession of nuclei compared to higher field strengths [15]. 

In the context of providing interventional temperature tracking, imaging at this field 

strength provides a variety of potential benefits that could be leveraged [16]. The small 

fringe fields offer the potential for the MR system to be safely placed in a surgical suite, 

and the modern mid-field magnets have a quick ramp time which allows the magnet to be 

turned on or off within minutes. Specialized head-only systems with a reduced bore size 

are also easier to fit into non-specialized locations. The reduced tissue heating is 
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particularly relevant in populations with implantable medical devices, which can be 

precluded from receiving MR scans at higher field strength [17].  

MR thermometry can be used to non-invasively track temperatures and has been shown to 

measure temperatures in ranges between 20°C to 100°C [1]. In measuring temperature, 

various tissue parameters have been explored as candidates, including T1 change, apparent 

diffusion coefficient change, magnetization transfer, and proton density imaging. 

However, most studies that track thermal therapies have used the proton resonant frequency 

shift (PRF) method [18–20], now the preferred method for thermometry. By measuring the 

shift in sequential MR phase acquisitions using a gradient echo acquisition, a temperature 

map can be determined based on this known relation between temperature and hydrogen 

bonding.   

Performing temperature mapping on a mid-field system provides opportunities and 

challenges for implementation of a PRF approach. As the Larmor frequency is proportional 

to main field B0, the slower accrual of phase at lower field suggests that longer echo times 

(TE) are required to generate equivalently large phase as high-field. Due to a longer T2* at 

mid-field strength, longer TEs can be used with less degradation from T2* dispersion. 

Taking advantage of this longer acceptable echo time can be challenging, as increasing the 

echo time to approach the T2* will cause a trade-off in either spatial coverage or resolution 

(to maintain an acceptable update rate), or in temporal resolution (requiring gaps between 

image updates).  

While the current standard approach involves using a single echo gradient recalled echo 

(SE-GRE) acquisition, it might be beneficial to consider alternative approaches which can 

offer a better temporal resolution without affecting coverage or resolution. One way to 

bridge this gap involves using the particularly well-suited echo planar imaging (EPI) 
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sequence for temperature mapping [21,22], as lengthened T2* values in the mid-field can 

be leveraged in ways a SE-GRE sequence cannot without prohibitively slow update rates.   

This study serves to firstly produce a high-quality temperature control phantom for 

comparisons of temperature mapping. Further, the capabilities of implementation of a SE-

GRE based approach to thermal mapping and explore the possible benefits that can be 

achieved by implementation of an EPI based approach to thermal mapping. These 

comparisons were done both in vivo, evaluating the temperature uncertainty over an 8-

minute scanning period, and in the phantom where a cooling experiment compared the 

abilities to track temperatures while monitored using a temperature probe. 

3.2 Methods 

Phantom temperature stability and in vivo temperature tracking experiments were 

performed using three acquisitions. Imaging parameters for each acquisition are shown in 

Table 3.1. The first acquisition was a SE-GRE with a 7.8 s update rate. The second 

acquisition was an EPI acquisition with spatial coverage, spatial resolution, and temporal 

resolution matching that of the single echo gradient echo reference acquisition.  The third 

acquisition was an EPI acquisition with faster update rates and improved spatial coverage. 

All imaging was acquired on a head-specific 0.5 T MR system (Synaptive Medical, 

Toronto, Ontario) equipped with an 8-channel head coil.  

3.2.1 Phantom Production   

A custom double-nested cylinder was produced, with the outer layer acting as a reference 

region, and the inner cylinder resting in polyurethane foam susceptibility matched using 

Pyrolytic Graphite [23]. A schematic of the phantom is shown in Figure 3.1. The outer 

cylinder has a diameter of 12.7 cm, with an inner diameter of 8.9 cm and a length of 10.7 

cm. The inner sample container was a 120 ml tube, with a length of 7 cm. Previous phantom 

design exploration shown in Appendix A. 
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The susceptibility matching foam was created by dispersing pyrolytic graphite at a volume 

fraction of 0.045 to match tissue susceptibility of –9 ppm into one component of a two-

component polyurethane foam [Smooth-On, Macungie, Pennsylvania, USA]. This foam 

was molded to the shape of the sample container. In both the sample and the outer cylinder, 

a probe insert was made to allow access for an optical temperature probe to be placed in 

either gel.  

Hydroxyethylcellulose (HEC) was used as a tissue-mimicking gel inside of the phantom, 

produced using the method described in Annex L of the ISO 10974:2018 standard [24], for 

the solution with 96.85% water, 3% HEC [SigmaAldrich; St. Louis, Mo], and 0.15% NaCl, 

giving a relative dielectric permittivity of 78, conductivity of 0.47 S/m, density of 1001 

kg/m. The HEC gel was then doped using copper (II) sulfate [Sigma-Aldrich; St. Louis, 

Mo] to a 2 mM concentration to produce a T1 relaxation time like brain tissue with a 

previously measured (see Chapter 2) T1 of 659 ms. Similarly, the alpha parameter required 

for PRF thermometry was calculated by simultaneously measuring the center frequency 

and the temperature as a sample of heated HEC gel cooled, with reported value of -0.00874 

ppm/°C.   

Anatomical 3D EPI images were of the thermometry phantom were acquired.  Imaging 

parameters were: Flip angle = 83°, TR = 1555 ms, TE = 70 ms, bandwidth = 160 kHz, 

matrix size = 110x90x13, field of view = 22x18 cm2, slice thickness = 3.0 mm, acquisition 

time = 2 m 36.5 s.   

3.2.2 Temperature-Stability Measurement  

In vivo temperature-stability images were provided by Synaptive Medical to the xMR labs. 

All imaging was acquired on a head-specific 0.5 T MR system (Synaptive Medical, 

Toronto, Ontario) equipped with an 8-channel head coil. For stability quantification a 3 

slice SE-GRE, 3 slice EPI, a 13 slice EPI was taken over 64 time points. Imaging 

parameters for all acquisitions are shown in Table 3.1.   
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Parameter   Single Echo GRE   3-Slice EPI    13-Slice EPI    

TE (ms)   23.75   70   70   

TR (ms)   86   346.4   1508   

Navg  1  22  1  

Update Rate (s)   7.8   7.602   1.508   

RBW (kHz)   20    90   90   

FOV (mm)   230x190   230x190   230x190   

Slices   3   3   13   

Slice Thickness (mm)   3.0   3.0   3.0   

Matrix Size   110x90   110x90   110x90   

Flip Angle (°)   28   54   85   

Table 3.1: Parameters for the three sequences used in the temperature stability and 

temperature tracking tests. 22 averages were taken on the 3-slice EPI acquisition to 

achieve a similar update rate to the SE-GRE sequence. 

3.2.3 Temperature-Tracking Experiment  

To validate the ability of tracking temperature change using the PRF method, the doped 

HEC gel in phantom described above was heated in a hot water bath to ~60°C, then a fibre 

optic probe was inserted into the HEC gel acting as a thermometer, with tracking done on 

a NOMAD-Touch [Qualitrol; Fairport, NY] system (±1°C; ±0.1°C Resolution, -20 to 80°C 

range, calibrated using a monitored hot water bath). The heated HEC sample was placed 

in the center of the phantom and a series of 256 repetitions (as opposed to the 64 repetitions 

taken for in vivo measurements) of the 3-slice SE-GRE and 3-slice EPI acquisitions 

described above were collected. Likewise, 1000 repetitions of the 13-Slice EPI were 

acquired. 

3.2.4 Temperature-Map Reconstruction   

The phase difference of each image was calculated with respect to the first time point. A 

first order polynomial fit of a reference region on the boundary of the brain was used to 

remove baseline phase changes [25]. Finally, voxel-wise standard deviations over the time 

series were computed on the phase and magnitude images to calculate temperature 

uncertainties and temporal SNR respectively.  
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3.3 Results 

Firstly, a structural scan of the phantom used in the experiments is shown in Figure 3.1B, 

with the inner sample and outer reference regions seen. An in vivo comparison of 

temperature mapping method between the 3-slice SE-GRE and Echo Planar Imaging 

(EPI) described in Table 3.1 are shown in Figure 3.2A. This figure shows voxel-wise 

temperature uncertainties in the three acquisitions taken to create a map showing the 

uncertainties in different regions. In particular, the mean temperature uncertainty over a 

set of 64 acquisitions in the phantom was found to be 0.40°C and 0.33°C in the SE-GRE 

and EPI respectively. Note that multiple tissues with different T1 and T2 parameters are 

used in this temperature stability measurement, with brain structure reflected in the 

temperature uncertainty maps. A 13-slice EPI acquisition is shown in Figure 3.2B, in a 

similar manner to the display of the 3-slice acquisitions. With a shorter update rate of 

1.508 s, the average temperature uncertainty was 1.15°C, with a peak uncertainty of 

2.05°C. As grey matter has a longer T2, the white/grey matter structure can be clearly 

seen, with lower uncertainties in the grey matter due to a closer match to the 70 ms echo 

time used in the EPI sequence.   

The experimental set up to test temperature tracking ability in the double-nested phantom 

is shown in Figure 3.3, where the use of the SEGRE approach is shown in Figure 3.4, 

with a temperature match and Bland-Altman plot showing the temperature uncertainty of 

1.28°C while tracking cooling, along with sample slices during the cooling tracking. This 

is compared to the 22-average EPI approach found in Figure 3.5, where the Bland-

Altman shows a tracking uncertainty range of 0.85°C. The images of the cooling 

experiment show some uneven cooling. Also, there is some tracking drift observed in the 

initial measurements as the cooling settled to a stead state in line with measurements 

made in the fibre optic thermometer.  Testing of temperature tracking in a full coverage 

13 slice EPI is shown in Figure 3.6. With a tracking uncertainty found from the Bland-

Altman of 1.0°C and an update rate of 1.508s. The temperature tracking was seen to 

show some periodic temperature variation. 
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Figure 3.1: Schematic and MR scan of custom phantom 

Schematic (A) and structural EPI scan (B) of the custom built phantom. The phantom is 

constructed of two concentric cylinders, with a susceptibility matched polyurethane foam 

used between to reduce susceptibility artifacts. The structural scan was done using a 13 

slice EPI protocol with parameters Flip angle = 83°, TR = 1555 ms, TE = 70 ms, bandwidth 

= 160 kHz, matrix size = 110x90, field of view = 22x18 cm2, acquisition time = 2m 36.5s, 

Number of averages taken = 101. 
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Figure 3.2: Comparison of SE-GRE and EPI in vivo 

(A) Comparison of a single echo Gradient Recalled Echo temperature mapping (top row), 

vs an Echo Planar Imaging thermometry approach (second row). Both sequences measured 

over a set of 64 acquisitions, with parameters shown in Table 3.1. Structural scans shown 

on the left, with a histogram of temperature stability as a probability density function in the 

middle, and Temperature Stability map on the right. The Single Echo GRE average 

temperature uncertainty over the slice was 0.40°C with a peak uncertainty of 1.0°C in the 

brain stem. In the EPI case, temperature stability over the slice averaged 0.33°C with a 

peak uncertainty of 0.90°C. (B) Structural (left), and Temperature Stability (histogram in 

middle and map right) scan measured using 64 EPI acquisitions over a full coverage of 13 

slices, with parameters shown in Table 3.1. With a 1.508 s update rate, temperature 

stability over the slice averaged 1.15°C with a peak uncertainty of 2.05°C. Structure can 

more clearly be seen in the temperature stability figure; more exact temperature mapping 

possible in the gray matter. 
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Figure 3.3: Photo of experimental set-up 

The experiment was done on a 0.5 T head only scanner, using an 8-channel RF head coil. 

Fibre optic temperature probe was connected through a waveguide to a NOMAD touch 

[Qualitrol] system, kept outside of the MR suite. Inner container of HEC gel was heated 

using a water bath and the overall phantom was placed in the isocenter of the magnet using 

a custom 3D printed holder. 
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Figure 3.4: Relative Temperature change, SE-GRE 

(A) using a 3-Slice Single Echo GRE-PRF sequence over a 1x1cm2 region (Blue) and a 

fibre optic temperature probe placed near the ROI (Orange), (B) a Bland-Altman plot of 

the temperature variations between the probe and MR measurements. Measurements 

conducted on a custom HEC gel temperature phantom. Single Echo parameters shown in 

Table 3.1. (C) shows three temperature maps at different time points during cooling, 

displaying the steady temperature of the reference region, while the cooling region 

changes. 
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Figure 3.5: Relative Temperature change, 3-slice EPI 

(A) Relative Temperature change using a 3-Slice EPI-PRF sequence over a 1x1cm2 region 

with parameters listed in Table 3.1 (Blue) and a fibre optic temperature probe placed near 

the ROI (Orange), and (B) a Bland-Altman plot of the temperature variations. 

Measurements conducted on a custom HEC gel temperature phantom. 22 averages taken 

in the EPI acquisition to achieve a similar update rate as the 3-slice SEGRE protocol. (C) 

shows three temperature maps at different time points during cooling, displaying the steady 

temperature of the reference region, contrasted with the steadily cooling inner region. 
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Figure 3.6: Relative Temperature change, 13-slice EPI 

(A) Relative Temperature change using a 13-Slice EPI-PRF sequence over a 1x1cm2 

region with parameters listed in Table 3.1 (Blue) and a fibre optic temperature probe 

placed near the ROI (Orange), and (B) a Bland-Altman plot of the temperature variations. 

Update rate of 1.508s, with no averaging of time points. (C) shows three temperature 

maps at different time points during cooling, displaying the steady temperature of the 

reference region, while the cooling region changes. 
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3.4 Discussion 

Production of the two-cylinder phantom for use in thermal tracking provided some benefits 

compared to a more common water bath approach seen in many thermometry phantom 

experiments. Having two regions thermally separated by the foam layer between allows 

for a stable reference temperature in the imaging region which can be measured/tested and 

monitored with a reference temperature probe. The heated sample tube being replaceable 

in the molded foam allows for quick subsequent temperature mapping experiments with 

little downtime. The sample tube provided a relatively large imaging region, which would 

be combined with different temperature therapy methods to evaluate heating localization. 

One of the strengths of using HEC, as the gelled saline is viscous enough to limit the 

convective transport of heat. This offers the potential ability to measure heat accumulation 

of thermal therapies in the phantom gel.  

In tracking within a phantom, the experiment has shown effective abilities using SE-GRE 

at a magnetic field strength of 0.5 T. However, we've observed a notable leap in 

performance when using EPI, where the tracking accuracy is significantly improved at a 

similar update rate. From Figures 3.4 and 3.5, the uncertainty in temperature tracking from 

Bland-Altman plots, even with some temperature drift provided a smaller uncertainty in 

the tracking using EPI, suggesting that should a 7.6 s update rate be acceptable, the EPI 

approach provides a better option for a PRF thermometry implementation.  

The SE-GRE approach provided a 1.3°C temperature uncertainty using the 95% confidence 

interval. One of the major concerns revolves around the update rate necessary for real-time 

temperature measurement in an in vivo setting. If the intent is to provide real time tracking 

for interventional temperature tracking, a key challenge in using a SEGRE-based method 

is increasing the update rate while improving coverage. As the experiment conducted used 

an update rate of 7.8 s over 3 slices and 9 cm slice coverage, this may be sufficient for 

application, however any additional slices added on will decrease the update rate.  



65 

 

 

 

To address this update rate challenge, we have explored the possibility of implementing a 

sub-2-second update rate by utilizing a single time point on a full coverage EPI sequence. 

With a 1.508 second update rate, the EPI sequence produced a similar uncertainty to the 

small coverage single echo approach, while exhibiting an update rate over 5 times faster. 

Evaluating the trade-off between time efficiency and information gain will be critical in 

optimizing this approach, as a ~1.5 s rate may be unnecessarily fast for interventional 

application, so increasing the number of averages may be of interest to find a balance of 

uncertainty and temporal resolution.  

From these update rates, the clinical viability of our experiment is robust even when 

pushing the boundaries at 0.5 T. Despite employing echo times that deviate from optimal 

settings in the single echo case, we have maintained an uncertainty of around 1.25 degrees 

in temperature tracking. This leads us to infer that the 0.5 Tesla field strength allows for a 

certain level of flexibility without compromising the overall effectiveness of the 

experiment, even when using a simple single echo approach.   

Depending on application, the update rate shown in the SE-GRE approach is acceptable, 

particularly in pelvic region where motion artifacts will not significantly affect the image

[26,27], or when imaging under breath hold conditions where clinical expectations are to 

balance parameters such that images are acquired under 15-20s, such as in treatment of 

liver tumors [28]. In the cases where real-time imaging is the goal [21,22,27], or for patients 

who cannot do breath hold imaging, there is motivation to use the faster EPI methods, 

where there is also flexibility to improve temperature measurement precision by increasing 

the number of averages to match the target update rate. 

3.5 Conclusion 

Temperature mapping using PRF based approaches on a mid-field cryogen-free MR 

scanner using both single echo GRE and EPI were compared. Using two comparisons, EPI-

PRF was shown to outperform the SE-GRE PRF, as in vivo the EPI based approach showed 

better temperature precision in the brain when both methods used similar acquisition times. 
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Further, when comparing temperature tracking in a phantom using a Bland-Altman plot, 

the temperature confidence intervals for the EPI implementation were smaller than when 

tracked using the single echo method. Also, an optimized full coverage EPI sequence 

matched the SE-GRE temperature precision while providing a 5x faster update rate.   
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4 Challenges Facing Implementation of Thermal Mapping 
using MRI 

Having established approaches for thermal mapping, we now turn our attention to 

evaluating some of the concerns that MR systems have when not placed in specialized 

rooms with faraday cages and specific room architectures, have. This includes looking at 

the effects of mass metal motion, strong gradient operation, and quench behavior at ramped 

down field strengths. 

4.1 Introduction 

In recent years, the Magnetic Resonance (MR) field has seen a renewed focus on the 

proliferation of lower field and accessible MR systems [1–6]. These modern systems are 

designed to simplify the setup process and reduce costs, allowing for a departure from the 

traditional "4 zone" approach in MR room design. Along with the aim of improving access 

to MRI, these systems are meant to be used in non-traditional situations such as clinics and 

surgical suites where specialized MR sequences can be used for interventional treatment 

of various ailments [4].  

Developments which aim to reduce the footprint needed for an MR have necessitated the 

development of cryogen-free MR systems which do not require the use of large quantities 

cryogen to keep the main magnet at a superconducting temperature [1,7]. This avoids 

managing the need for cryogen venting set up in the case of a loss of main magnet 

superconductivity; called a quench and enabling placement of MR systems in these atypical 

locations [8]. Such design advancements allow for relatively quick adjustments to the main 

magnetic field strength without the traditional challenges associated with helium boil-off.  

Such advancement has opened doors to new and unexplored applications in MR imaging 

at several field strengths to take advantage of changing tissue properties at different field 

strengths [5,6]. Moreover, there is an opportunity to capitalize on reduced susceptibility 

artifacts [4], along with increased dynamic range [9] in the mid-field.  
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This focus on interventional MR systems comes with its own set of challenges, particularly 

in terms of maintaining sufficiently high field stability [10]. The reduction in footprint and 

subsequent simplification of MR room design comes at the cost of MR scanners being 

nearer to objects which could disturb the magnetic field generated by the system. While 

this reduced footprint approach can make MR systems more practical in a wider range of 

settings, it raises concerns about the impact of these disruptions on applications that rely 

on a stable magnetic field for extended periods of time [2,11]. Some common metallic 

objects which could affect the magnetic field include elevators, gurneys, and passing motor 

vehicles. The effect of these dynamic sources of field disturbances are usually mitigated 

due to the typical architecture in imaging departments, as these dynamic sources cannot be 

easily corrected using conventional methods like shimming, which adjusts the magnetic 

field to counteract static distortions [10].  

Evaluating the effects that these sources present has typically been done using low-

precision magnetometers to analyze the magnetic fields over time. These studies primarily 

explore how the resulting distortions can be used to determine the localization of the 

objects [12,13]. However, little attention has been given to the potential impact of these 

distortions on the main magnetic field of the MR scanner itself; and the subsequent 

imaging.  

Along with protecting stability and preventing distortions, ensuring the operational safety 

of these systems is critical. In the case of an emergency, MR systems have mechanisms in 

place which can eliminate the strong magnetic field in several seconds, which is necessary 

for emergency response teams to safely approach the bore of the magnet (with 

ferromagnetic equipment) to aid a patient in an emergency [3,8]. This process involves 

heating specific sections of the superconducting coils above critical temperature (Tc) at 

which point they become non-superconducting. This region, which now has a resistance, 

will further heat which propagates non superconductivity and can quickly snowball to 

make the entire magnet non-superconducting if not controlled [14,15]. Controlling this 
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process allows the non-superconducting region to propagate in a safe and well-defined 

manner, protecting the MR components from damage. 

With systems which can be run at different magnetic field strengths, a variable field 

requires adaptations in the quench method to ensure quick field removal. The critical 

temperature of each coil in the magnet is affected by the field the system is set at, and this 

affects the amount of energy required to heat the windings above the superconducting 

threshold temperature [14]. Passive quench protection circuits must be designed to operate 

at the lowest current the magnet is expected to be run at, as it is a priority to ensure the 

magnet itself is not damaged by the heating which occurs in the magnet coils during this 

process [16,17].  

As designs of cryogen-free MR systems have evolved, a major aim has been to bridge the 

gap in image quality when compared to typical 1.5T systems and producing high-quality 

images comparable to those acquired using these higher field strength scanners [10]. When 

equipped with state-of-the-art gradient and radiofrequency (RF) components, these 

systems can bridge the signal to noise ratio (SNR) gap and provide similar image quality 

to their higher field counterparts while reducing some of the costs that are typically 

associated with the set up and maintenance of a clinical MRI scanner [3,4]. Alongside this, 

the use of a lower main magnetic field has been shown to reduce the Specific Absorption 

Rate (SAR) when performing RF excitations, consistent with the fundamental SAR α B0
2 

relation [18]. This reduction in energy deposition allows for gradient strength limits to be 

alleviated, with the gradient run more powerfully to improve image resolution. 

The absence of a substantial cryogenic liquid helium reservoir introduces an intriguing 

thermal-handling challenge. With cryogen-free systems, maintaining precise temperature 

control becomes difficult, particularly in the presence of gradient-induced eddy current 

heating. This phenomenon arises due to the interaction between the rapidly changing 

magnetic fields produced by the gradient coils and the conductive surfaces in the MR 

system [19]. Conventional cryogenic systems are able to regulate coil temperature more 

robustly due to the entire MR system being effectively submerged in liquid helium. The 
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absence of a substantial cryogen heatsink means cryogen-free designs are less resistant to 

induced heating. This becomes especially relevant as gradient strength increases, such as 

in modern research-oriented gradient systems designed for head imaging whose gradients 

can approach 200 mT/m [3].  

While methods like pre-emphasis and post-processing can correct gradient-induced eddy 

current fields, a significant concern remains: the potential heating of the magnet during 

imaging sequences. This heating could lead to field instability or produce a quench in more 

extreme cases. Existing research has already demonstrated how the thermal handling 

characteristics of cryogen-free MRI magnets can impact the stability of the main magnetic 

field [15].   

This study aims to delve into the challenges facing the use and implementation of 

interventional MRI systems in non-traditional locations. Particularly addressing the effect 

of mass metallic motion, the behavior of quench dynamics on variable field strength 

magnets, and the effect of gradient coil operation on the primary magnet system. By 

shedding light on the dynamics both within the magnet systems and between the magnet 

and the environment, this research contributes to improving applications using accessible 

MRI systems.  

4.2 Methods 

4.2.1 Measurement of magnetic field disturbances 

Measurement of magnetic field information in the case of an elevator operating was 

collected using a 3-axis fluxgate probe with calibration range 0-100 µT (Metrolab 

THM1186). The sampling rate of the probe was set to 100 points per second, and a 50-

point rolling average was performed to reduce the noise in the measurements, also 

providing a standard deviation. Both passenger elevator and a cargo elevator were used in 

this study. A time series was acquired while the elevator was taken to each floor in order, 

producing a record of the field changes relative to the initiation of data collection. This 

process was repeated for all 6 positions on all the accessible floors for both elevators. Time 
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series information was analyzed in Python, with the maximum field change determined at 

for each floor and at 5 distances from the elevator. The maximum field change as a function 

of distance was fit to a 1/r3 function to match a gross approximation of the elevators as 

magnetic dipoles. 

 

Figure 4.1: Schematic of elevator probe location set up, with each spot being a 

measurement location. 

4.2.2 Quench evaluation at variable field strengths 

Quench dynamics were investigated using a calibrated magnetic field probe placed at the 

isocenter inside the bore of a cryogen-free superconducting magnet designed to operate at 

a maximum field of 0.5 T at 101 A. The field probe voltage output and the voltage of the 

quench circuit were recorded with a data acquisition system (National Instruments), using 

a custom LabVIEW program, with data collection occurring until recorded field had settled 

to less than 5 Gauss. Ten quenches were conducted with current varying between 10 A and 

101 A (maximum current). The analysis of the quench was done using custom Python code 

to optimize a fit using a plateaued difference of exponentials to model the behaviors of the 

main field coils and the shielding coils. The model of the quench was then used to test the 

predicted settling time (time elapsed until the measured field reached 5 Gauss).  

4.2.3 Gradient interaction measurement 

The temperature dynamics were investigated using a set of 7 temperature probes placed 

throughout the main and shield coils of a compact cryogen-free superconducting magnet 

located in our labs designed to operate at a field of 0.5 T. The temperature probe voltage 

outputs were exported using an NI DAQ system, using a LabVIEW program to collect data 
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for 400 seconds. A prototype asymmetric gradient coil designed for head-only imaging 

with this magnet was connected to a gradient amplifier capable of 900 A peak current. Two 

gradient pulse sequences were tested using the different gradient components. First, single 

long trapezoidal pulse mimicking use in a diffusion imaging sequence was used, with a rise 

time of 0.1 ms and a duration of 100 ms, subsequently repeated. Secondly, a series of 

bipolar trapezoidal lobes mimicking an echo planar imaging train with trapezoids having 

duration 30ms, cycling lobes. Maximum gradient amplitudes we measured at 65 mT/m and 

130 mT/m.   

A comparison of heating induced by the different gradient axes was used to determine 

which had the largest heating effect by comparing heating after 400 s of gradient operation. 

Using these results, the axis producing the strongest interactions was compared to itself at 

different gradient strengths. The analysis of the temperature shift was done using 

MATLAB and Python to fit a model to the effect of varying gradient strength on the 

temperature of the main magnet over the duration of the gradient operation. The heating 

model was used to describe the predicted settling time (time until the temperature reached 

equilibrium).  

4.3 Results 

To measure the effect of mass magnetic motion, magnetic field measurements were 

collected throughout an elevator operation cycle, with an annotated time series shown in 

Figure 4.1, highlighting the change of floors as the elevator cycles, as well as the 

confidence intervals due to the rolling average taken. The 1/r3 fit is shown in Figure 4.2 

for data from a passenger elevator and cargo elevator, along multiple distances from the 

doors of the elevator, with the cargo elevator displaying lesser field variations at similar 

distances.  

In evaluating field dynamics for a set of quenches from 60A to 101A, Figure 4.3 displays 

the series of quench behaviours at a series of currents flowing through the main magnet 

coils. To show the time it takes to reach the 5-Gauss safety line, Figure 4.4 displays the   
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Figure 4.2: Graph of a sample time series from the passenger elevator 

Measured from the highest floor position of the elevator, 1.16m from the elevator door. 

The field change was measured relative to the initial field as the elevator cycled through 

the floors and ultimately returned to the top. From these measurements, the maximum 

field change was extracted and used to compare at distances from the elevator. 
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Figure 4.3: Graph displaying the maximum field change due to elevators 

Measured on a passenger elevator (A) and a cargo elevator (B) compared to the distance 

from the elevator door. The data follows an inverse cubic relationship in all cases, as can 

be seen in A where the shape remains consistent throughout the entire length. There is 

more variability in the field measured in the second elevator experiment, due to 

differences in elevator model and local environment near the elevator. 

 

 

Figure 4.4: Set of field measurements for quenches at a series of field strengths 

Initial field strengths correspond to an initial current flowing through the main magnet 

windings. Figures are split into a set of higher currents (A), and lower current set (B). 

The initial field in the central axis is initially determined by the amount of current 

flowing through the system, with a reverse field seen in quenches between 40A and 

101A, along with a delay in quench initiation at lower initial currents. 
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Figure 4.5: Plot of the quench settling time 

Time plotted is the time required for the field in the central axis where field probe was 

located to reach the 5 Gauss safety level, shown at different initial current flowing 

through the main magnet windings. Two regimes can be seen, one above 40 A and one 

below, where the shield coil delays the time taken before the field measured in the 

isocenter of the magnet bore reaches this threshold. The delay in this low current regime 

seems to rise from the propagation of the quench onto the shield coils at the same rate as 

the main coil windings. 
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Figure 4.6: Time series of magnet temperature heating 

Measured during x-axis gradient operation with 65 mT/m (blue with orange fit) and 130 

mT/m (green with red fit) amplitudes. The gradient was operated as a diffusion pulse 

made up of a single trapezoid with a rise time of 0.1 ms and a duration of 100 ms, 

immediately repeated. 
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Gradient max strength Temperature Rise (mK) τ (s)  

65 mT/m  8.28  192.3  

130 mT/m  10.6  167.5  

Table 4.1: Summary of results of a gradient heating experiment, with fit used of A(1-e-

x/τ) from Figure 4.6, with time constant τ the characteristic settling constant guiding time 

the magnet coils take to reach steady state. 

 

settling time to this 5-Gauss level is shown as a function of the initial current through the 

coils in both a higher and lower current range, with a change in regime seen between 30 

A and 40 A.  

The magnet temperature dynamics for a repeated diffusion gradient pulse described in the 

methods while along with the fit performed are shown in Figure 4.5 for a 65mT/m 

maximum gradient and a 130 mT/m maximum gradient. The parameters including the 

time constant determined through fitting the heating curves is shown in Table 4.1 for the 

diffusion pulse, with derived time constant 192.3 s for the 65 mT/m trial and 167.5 s for 

the 130 mT/m run. 

4.4 Discussion 

The aim of the experiments carried out was to test the behaviours that exist when an MR 

system is placed nearer to sources of magnetic instability, as well as determining what 

concerns could arise when running the system more intensely to compensate for the 

reduced SNR at lower field strength. 

In testing the effect of operating the magnet near an elevator as a proxy for other large 

magnetic objects (e.g., vehicular traffic near an emergency room), the expected fit showing 

r -3 behaviour was verified, suggesting that in terms of modelling and predicting the effects 

that a system could be exposed to, a magnetic dipole approximation is appropriate. This 

approximation is limited to predictions using a dipole past 5m from the elevator door. In 

general, the effect on field was in the order of 1000 nT at ~5 m, 100  nT at ~10 m, and 

10 nT at ~20 m. From this knowledge, it appears unlikely that an elevator will distort the 
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static field of an MR system in a noticeable manner, provided it is located more than 10 m 

away.   

Typically, it is only the field oriented in the axis of the magnet that will affect imaging, and 

the current through the superconducting coils will flow to compensate for a changing 

magnetic flux should there be a changing field. These factors suggest that unless the 

induced field happens to be in the direction of the main magnetic field, the effect of the 

distorting field would be significantly less than this worst-case total field shift. Regardless, 

at the field of a mid-field scanner operating at 0.5 T, the field shift at 10 m would 

correspond to a ppm shift in the proton frequency of less than 0.2 ppm, suggesting that the 

effect that this shift will not likely affect the image quality of an acquisition at this 

distance.   

When it comes to room placement, this experiment demonstrates the need to continue to 

consider the sources of dynamic instability that can occur near to a magnet. Shimming 

conducted before a scan cannot consider the mobile movement and change in the local 

magnetic environment, and this change could result in some shifts. A large focus in the 

siting of these MR systems concerns the range and location of the 5-Gauss safety line, as 

this is an important safety boundary for clinicians and researchers interacting with the 

system. This work suggests that a secondary siting requirement should be to still implement 

elements of the 4-zone architecture, with consideration made to keeping mass metallic 

objects far from the magnet to ensure quality of scanning.  

In dealing with a sudden loss of field during a quench, a difference of exponentials fit was 

found as a suitable model of the dynamics of the quench behaviour observed. Lower 

standard deviation suggests that the fit is effective at the ends of the current range, and it 

is hypothesized that the delays in propagation of the quench results in a less accurate fit in 

some of the trials. Importantly, the study showed that the time taken to quench the system 

increases as the starting field is reduced. This increase in settling time is likely due to the 

increase time it takes for the quench to propagate with a lower current being used at lower 
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fields. Once resistance is established in the main coils, the lower current causes less heating 

than when the system is operating with maximum current.   

The magnetic field flip observed from the initial orientation is due to the shield coils being 

the last to quench. Below 40 A, the quench occurs as a single step, simply settling to zero 

and not reversing field direction. The two regimes of behaviour can be seen with the entire 

system quenching in one step at lower current, and at higher currents the quench occurring 

fast enough that the shield coils being the last coil to quench becomes evident in the field 

measurements. In these cases, this ends up causing the settling time to take longer at 40 A 

and 50 A than at 30 A.  

To improve the settling time in this magnet, the quench circuit could be amended to deposit 

more heat (so that the delay in quench beginning is reduced) and the heating elements on 

the shields and primary coils could be better balanced to make the quench simultaneous 

over the various magnet windings and shield windings. As the priority in an emergency is 

to access a patient in the scanner, it is important to consider the design of a quench circuit 

to operate efficiently at all intended field strengths.  

As quenches can be manually triggered or spontaneously generated, the study on the 

potential heating caused by gradient operation on the main magnet provided insight into 

the potential risks with operating high-performance gradient on a system with dampened 

cooling capabilities. In the study, the estimated increase in temperature due to this gradient 

operation was shown to be in the tens of milli-Kelvin, which is not cause for immediate 

concerns of reaching a critical temperature; where the main magnet ceases to be 

superconducting. Likely, the gradient coil temperature itself would reach a limit before the 

induced heating would be a concern, unless the system were already close to the critical 

temperature Tc.   

A five-minute operation time was sufficient to determine the heating-time constants, which 

should give some expectation of the total heating potential on the main magnet. In these 
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cases, there is further concern to be investigated on the effect that induced currents have 

on the magnet.  

4.5 Conclusion 

The operation of a cryogen free system for interventional purposes is a growing field of 

study, with both new and legacy companies vying to disrupt the market for mid and low 

field systems. The experiments carried out here address some of the concerns that exist 

with these systems and suggest better practices for dealing with a system both in their 

emergency-quench procedures to ensure faster quench propagation. As well, the risks for 

heating a magnet to quench temperature due to gradient operation was shown to be 

unlikely, along with showing that there is low distortion risk for imaging when mass 

metallic objects are over 10 m away from an MR system.  
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5 Thesis Conclusions and Future Directions 

5.1 Thesis Overview and Research Questions 

This thesis aims to shed light on the implementations of thermal mapping to aid in effective 

implementation on modern MRI systems, for which the future areas of growth in Canada 

and beyond are focused on accessibility and interventional application. In many cases, the 

value proposition for mid and low field scanners is the small footprint, reduced cost, and 

eased siting requirements. Thus, developing applications on these systems requires taking 

advantage of changes in tissue properties at lower field strengths and ensuring this system 

can adequately provide image quality which makes applications clinically impactful.   

Thus, chapter 2 of this thesis concerned answering the question of “What are the ideal 

properties for a tissue mimicking gel which can be used for testing temperature mapping 

using a variety of MR imaging methods?”  

With an idea of what would make an appropriate phantom gel for thermal mapping, 

Chapter 3 focuses on developing a phantom which can be used to evaluate the temperature 

tracking capabilities of thermometry methods. Then the work focused on creating these 

thermal maps, judging the trade-offs that occur when implementing thermal mapping 

sequences on a 0.5 T scanner asking the question “can we implement an echo planar 

imaging sequence at 0.5 T which can create accurate temperature maps, particularly 

compared to established gradient echo approaches?”  

With a comparison made and implementation of both GRE and EPI sequences in hand, the 

question in Chapter 4 becomes “what are the concerns when operating a system intended 

for interventional use in non-traditional locations, both in terms of scanner safety?”  

5.2 Summary and Conclusions 

Chapter 2 focused on the development and validation of a phantom gel for use in 

monitoring thermal therapies with MRI. Thermal therapies involve heating tissue to 

specific temperatures for medical treatments, and accurate temperature monitoring is 
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crucial, so development on an appropriate substance is key. The study explored the use of 

Hydroxyethyl Cellulose (HEC) gel doped with Copper (II) Sulfate or Gadobutrol as a 

tissue-mimicking phantom for testing MRI-based thermometry methods.  

It was found that the HEC gel, when doped with appropriate agents, could be made to 

closely mimic brain T1 and T2 relaxation times, making it suitable for imaging. The gel 

was calibrated to match the temperature ranges commonly encountered in thermal 

therapies. Then, we performed temperature calibrations on the two versions of doped HEC 

gel for use in temperature monitoring with various MRI thermometry methods, including 

Proton Resonant Frequency, T1, and Apparent Diffusion Coefficient thermometry. Upon 

completing calibrations, we showed that the versatile phantom gel provides a tool for 

developing and testing MRI-based temperature tracking techniques.  

In chapter 3 the applications of thermal therapies were evaluated, which encompass both 

heat therapy (hyperthermia) and cold therapy (cryotherapy) for medical treatment, as both 

therapies offer non-invasive treatment options, reducing complications and patient contact. 

The research explored the use of a mid-field MR scanner for monitoring these thermal 

therapies. MR thermometry using the PRF method was employed to track temperatures 

and compare. The study focused on comparing a single echo gradient echo (SE-GRE) 

approach with an echo planar imaging (EPI) approach for temperature mapping. The 

research involves a phantom temperature stability experiment, in-vivo temperature 

tracking, and temperature map reconstruction. We found that the results indicated that the 

EPI approach offers better temperature tracking precision, along with a quicker update rate, 

making it an appropriate candidate for quasi real-time interventional temperature 

monitoring.  

The chapter also discusses the practicality of these methods in clinical settings, considering 

factors like motion artifacts and breath hold conditions, highlighting the potential of mid-

field MRI for thermal therapy monitoring and suggesting that future EPI-based approaches 

may enhance precision in temperature tracking.  
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Finally, in chapter 4 we explored the challenges facing systems that do not use large 

cryogen quantities to maintain superconductivity. While making MR placement in 

unconventional locations feasible and enabling quick adjustments to the main magnetic 

field strength, this focus on accessibility and interventional use poses challenges related to 

maintaining high field stability. This study investigated the challenges of implementing 

interventional MRI systems in unconventional locations like clinics without specialized 

rooms, addressing the impact of mass metallic motion, quench dynamics at variable field 

strengths, and gradient coil operation on the main magnet system. Magnetic field 

disturbances near elevators were measured, along with evaluating quench dynamics at 

different field strengths. Lastly, main magnet temperature dynamics during gradient coil 

operation was tested.   

The results suggested that elevators have an impact on static magnetic fields, minimized 

when the systems are located more than 10 meters away. It emphasized the importance of 

considering dynamic instability sources during room placement and maintaining a safety 

boundary around the magnet. Quench dynamics indicated that lower field strengths 

increase settling times during a quench, requiring adjustments to quench circuits for 

efficient operation at all intended field strengths. Gradient coil operation was found to 

induce minor heating but posed no serious risk to the superconducting magnet triggering a 

quench. We addressed challenges and provided recommendations for the operation of 

cryogen-free MRI systems for interventional purposes. 

5.3 Future Directions 

This thesis represents steps towards implementing applications which are commonly done 

on higher field systems, and showing how improvements can be made and approached 

differently at lower field strengths. It also establishes novel methods for producing a tissue 

mimicking gel which can not only be used for the testing of thermal mapping but can also 

be used for general MR application testing. In this vein, the outlook for this work is 

expansive on these fronts. 
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5.3.1 Expanded use of doped HEC 

Given its established uses in the device testing community HEC gel widely used, however 

does not have widespread adoption in the thermal mapping community. As covered in 

Chapter 2, when doped with Copper (II) Sulfate or Gadobutrol, the relaxation times can be 

made to match tissue, something which is not the concern of applications in device testing, 

as these are more interested in the electrical properties and thermal conductivity that HEC 

provides.   

As application testing in the mid-field strength grows, there is space to use this tissue 

mimicking gel, in the space that it can be used to conduct optimization of sequence 

parameters before use in applications such as T1ρ imaging or fMRI. HEC gel was shown to 

be flexible in formulation, and depending on the uses required, the 2% formulation would 

be viable should a study require a gel more closely mimicking blood instead of averaged 

tissue.  

5.3.2 Thermal mapping with Diffusion Imaging and T1 

The Synaptive MR system has demonstrated ability to perform diffusion weighted 

imaging, and alongside this, the results of measuring the change in temperature in gel 

with ADC measurements has shown promise, as the temperature response had excellent 

linearity. This suggests that there is potential for the use of ADC based thermometry, 

particularly in locations where motion can be minimized to prevent any artifacts from 

affecting image quality. Likewise, in cryotherapy, the use of T1 based thermometry 

showed potential, as this avoids the non-linear response to temperature that appears at or 

above 50°C. testing and expanded use in this lower field region also avoids any potential 

for the HEC gel to degrade in quality from being exposed to multiple heating cycles, as 

this remains a concern even without having seen this effect manifest in heating cycles to 

60°C+. 
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5.3.3 Further effects of mass motion and nearby construction 

Through discussion with colleagues at conferences, particularly in the low field world, 

multiple researchers have noted the effects that the building I-Beams or nearby labs have 

on their MR system. It seems that this is a problem that many have, and an expansion to 

exploring the effect that construction crews or parking garages (things which are quite 

common near clinics) could provide some insight into the total magnet stability risk 

exists when imaging in these sites. The effect seen in the study provides good guidance 

and should be sufficient to minimize risks for interference with a magnet, however many 

times once the magnet is sited, construction may happen beyond the control of the 

operator. Thus, some further investigation into these effects seem to have some potential 

for fruitful study. 
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Appendices 

Appendix A: Phantom Development for Comparison of 
Thermal Mapping 

In the process of creating a viable phantom for temperature mapping, an iterative process 

involves prototyping. As part of that process, an initial version of the thermal phantom was 

created which aimed to bring ability to homogenate the temperature within a doped solution 

after applying a thermal dose using a resistor. 

This appendix is a reprint of the peer reviewed conference abstract: 

 Diego F. Martinez, Curtis N. Wiens, Amgad Louka, Dereck Gignac, Will B. Handler, and 

Blaine A. Chronik. Phantom Development for Comparison of Thermal Mapping. 

International Society for Magnetic Resonance Imaging Annual Meeting 2022. 

Introduction: 

The non-invasive and tissue dependent nature of Magnetic Resonance (MR) as an imaging 

modality provides several opportunities for unique applications [1]. MR provides stellar 

soft tissue contrast and can highlight tissue properties such as elasticity or permeability. Of 

particular interest is the sensitivity that various MR parameters have to tissue temperature, 

which allows for the generation of temperature maps that can be used for the monitoring 

of thermal therapies [2]. Generally, thermal mapping has been implemented using high 

main magnetic fields as to provide high Signal-to-Noise and overcome some of the 

challenges present at low field, although high quality low field imaging is an active area of 

study [3,4]. Should a method be developed (or current methods refined) which provide 

comparable image quality at low main magnetic field, there is potential for the proliferation 

in the use of thermal mapping for both diagnostic and interventional applications due to 

improved accessibility and the reduced cost associated with lower field strength systems. 

However, to validate and compare thermal mapping at a variety of field strengths, an MR 

safe phantom which can track temperature to cross reference with acquisitions from the 
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scanner is required. In addition, the ability to control the temperature of the phantom is 

desirable, as this allows for the testing of thermometry during active heating. In this study, 

we develop a temperature control phantom that can be used to mimic certain tissue 

properties and can be used to validate and compare different thermal mapping methods. 

Methods: 

The body of the phantom was constructed of two nesting Rubbermaid containers (1.5 L 

and 0.750 L sizes respectively), with the gap between the two providing the insulating 

effects. To hold the containers in place, a lid was designed in SolidWorks [Dassault 

Systemes] and 3D printed [Pro2, RAISE 3D] using ABS plastic. The lid also includes a 

pair of probe insert locations where a fiber optic thermometer can be placed. The NOMAD-

Touch [Qualitrol] system was used as the optical thermometer (±1°C; ±0.1°C Resolution, 

-20 to 50°C range, calibrated using a monitored hot water bath). The last component on the 

lid is a holder for a 10 ohm through hole thin film resistor [Riedon] which can output 50 

W of power (-55 to 155°C operating range, ±1% tolerance). Once attached to the lid, the 

resistor was held in place using a plastic screw and the phantom was filled with doped 

water (1mM MnCl2, 0.163 mM CuSO4, 76.3 mM NaCl, corresponding to T1 = 600 ms, T2 

= 150 ms). 

Images were collected on a 0.5 T head only MR scanner [Synaptive Medical Inc.] fitting 

the phantom and a reference vial inside a human sized head RF array. A Multiple Echo 

Gradient Echo pulse sequence (matrix size = 200x110, FOV=22cm, slice thickness=3mm, 

TR=27ms, TE at 7.0, 13.7, and 20.4ms) acquired images over a 21-minute period while 6-

minute rounds of current (20V, 1.77A) were applied to the resistor- with a 10 second pull 

of the paddle mixing mechanism homogenized the temperature throughout- with 3-minute 

acquisitions between rounds of heating. A custom python pipeline was created to read in 

the files and match them to the temperature monitored from the NOMAD-Touch system. 
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Figure A.1: Image of the prototype phantom 

Constructed of two containers with an air gap between to insulate from the environment. 

The spinning paddle was 3D printed and can be spun from outside of the MR suite, 

allowing for thermal homogenization of the liquid in solution without interfering with the 

magnet. A resistor placed inside of the liquid could also be operated from outside of the 

suite, allowing for temperature control. 
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Figure A.2: Comparison of thermal homogenization time 

Shown with and without use of a built in stirring mechanism. Equilibrium reached in ~10s 

using paddle, compared to ~17s without. This verifies the method as a viable remote system 

for homogenizing the temperature in the phantom. 
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Figure A.3: Structural T1 images of the phantom 

Scans conducted on a 0.5T MR system. Left image is a coronal slice and right is axial. 

Imaging parameters include matrix size = 200x110, FOV=22cm, slice thickness=3mm, 

TR=27ms, TE at 7.0, 13.7, and 20.4ms. Of note is the susceptibility artefact near the 

resistor at the top of the coronal slice. 
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Figure A.4: Thermal map comparison of the phantom 

Imaging conducted with doped water solution heated to different temperatures as 

measured by the optical temperature probe inserted into the main body of the phantom. A 

reference vial filled with doped water was attached to the outside to reference 

temperature on. The change in signal can be seen at the two temperatures, matching 

expectation for the change in signal as temperature is altered. 

  

°C 
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Results: 

The temperature control phantom is shown in Figure A.1, with the validation of the 

homogenization of temperature using the spinning paddle method displayed in Figure A.2, 

guiding the operating protocol of using the stirring mechanism to homogenize the 

temperature inside the phantom. Figure A.3 displays a structural MR scan of the phantom 

using a coronal T1 scan, where the resistor location along with the probe inserts and mixing 

mechanism can be seen. Further, Figure A.4 shows the results of a heating test, where the 

acquisition from a thermometry pulse sequence is compared at two solution temperatures 

measured on the thermal. 

Discussion & Conclusion: 

This study has encompassed both the development and validation of a phantom which has 

properties favorable for producing thermal maps using MR. By validating the mechanism 

for homogenizing the temperature (Figure A.2), a protocol for remotely mixing the 

solution so that the temperatures measured using thermometry pulse sequence was 

confirmed, ensures that the phantom can be set to any temperature, so long as the heating 

method is consistent. The use of a resistor for heating the phantom proved effective, 

however as seen in Figure A.3, the susceptibility artefacts created by the resistor warrant 

pause. As the resistors are metallic on the outside, they limit how close measurements can 

get, as these distortions affect the signal measured in the nearby region. To mitigate this, a 

high-power ceramic only resistor could be used. 

Future improvements involve inclusion of additional probe locations to the lid of the 

phantom, and full integration of permanent reference vials on the sides. This, along with 

possible variation of the viscosity of the solution in the phantom will offer more flexibility 

in controlling the favorable properties for thermometry depending on the specific method 

used. 

Through a simple temperature dependence validation (Figure A.4), the phantom 

adequately matched a Multi-Echo GRE thermometry sequence, and with optimizations to 
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the acquisition could evaluate the accuracy to which the pulse sequence is able to measure 

the temperature. 
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