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Abstract 

Prostate and breast cancers are two of the most common types of cancer in the 

United States, and those cancers metastasize to bone in more than two thirds of patients.  

Recent evidence suggests that metastatic bone cancer can be effectively treated with 

thermal therapy.  For example, thermal therapy enables targeted drug delivery to bone, 

ablation of cancer cells in bone marrow, and palliation of bone pain.  Thermal therapy of 

bone metastases would be greatly improved if it were possible to image the temperature 

of the tissue surrounding the disease, which is usually red bone marrow (RBM).   

Unfortunately, current thermal imaging techniques are inaccurate in RBM.  

Here, we show that many of the difficulties with thermal imaging of RBM can be 

overcome using a magnetic resonance phenomenon called an intermolecular multiple 

quantum coherence (iMQC).  Herein, iMQCs are detected with a magnetic resonance 

imaging (MRI) pulse sequence called multi-spin-echo HOMOGENIZED with off 

resonance transfer (MSE-HOT).  Compared to traditional methods, MSE-HOT provided 

ten-fold more accurate images of temperature change.  Furthermore, MSE-HOT was 

translated to a human MRI scanner, which enabled imaging of RBM temperature during 

heating with a clinical focused ultrasound applicator.  In summary, this dissertation 

develops a MRI technique that enables thermal imaging of RBM during thermal therapy 

of bone metastases. 
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1. Introduction 

Nuclear magnetic resonance (NMR) spectroscopy is used in nearly all fields of 

science because it offers exquisite molecular specificity.  Using NMR, structural 

biologists can identify hundreds of distinct amino acids residues in a solution of purified 

protein, physicians can detect metabolites and neurotransmitters in living tissue, organic 

chemists can monitor synthetic products after each reaction, and biologists can detect 

how a sugar molecule is metabolized by cells.  These myriad experiments are possible in 

part because NMR spectrometers are exceptionally good at measuring the resonance 

frequency of molecules placed in a magnetic field.  Every molecule has a unique NMR 

frequency spectrum with peaks that are routinely detected with 1 parts per billion (ppb) 

accuracy. 

Unfortunately, NMR cannot accurately determine the resonance frequency of a 

spin if it exists in a structured medium.  Here, structure refers to spatially heterogeneous 

magnetic susceptibility, which tends to “blur” the fine details of the spectrum.  Structure 

is therefore problematic in applications where accurate determination of resonance 

frequency is important, such as in vivo spectroscopy or thermal imaging.  Consider the 

case of red bone marrow (RBM), a highly structured tissue.  RBM is a heterogeneous 

mixture of fat, water, and bone, each with a different magnetic susceptibility.  In RBM 

the trabecular bone structure causes intense inhomogeneous broadening, degrading the 

water linewidth from 10 ppb to one part per million (ppm), a factor of one hundred loss 
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[1, 2].   If an experimenter wanted to determine the resonance frequency of water in 

RBM with 10 ppb accuracy, which is required for accurate thermal imaging, that 

experimenter would certainly fail. 

The main subject of this work is the development of a method that overcomes the 

challenge of detecting a spin’s resonance frequency in structured media.  Here, we focus 

on a particular instance of this challenge: thermal imaging of RBM.  Thermal imaging of 

RBM is an important application, because there is emerging evidence that thermal 

therapy of bone metastases could be a powerful treatment for the disease.  The ability to 

image RBM temperature during thermal therapy of bone metastases would greatly 

improve the safety and effectiveness of treatment.   

We argue here that the challenges with thermal imaging of RBM can be 

overcome using a physical phenomenon called an intermolecular multiple quantum 

coherence (iMQC).  We will see that in red marrow, iMQCs detect the resonance 

frequency difference between fat in adipocytes and water in the surrounding 

hematopoietic cells.  Measuring this frequency difference allows the experimenter to 

suppress some inhomogeneous broadening and recover the temperature dependence of 

the water resonance, thus providing accurate temperature images in RBM.  Specifically, 

it is shown that iMQCs can detect the water frequency in RBM to accuracy on the order 

of 10 ppb, about ten-fold more accurate than currently existing spectroscopy techniques 
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[3]. This improvement translates to measurements of temperature change in RBM with 

accuracy of 0.5 °C, sufficient for many applications of thermal imaging.   

The remainder of Section 1 is a summary of this dissertation.  Section 1.1 explains 

why thermal therapy of RBM and bone metastases is valuable, and motivates the 

development of a technique that accurately images temperature in RBM.  Section 1.2 

introduces intermolecular multiple quantum coherences (iMQCs), which overcome 

some of the problems with thermal imaging of RBM.  Section 1.2 also outlines the 

experimental results of this dissertation. 

1.1 The motivation for thermal imaging of red bone marrow 

Bone metastasis is a common and painful disease with median survival of only 1-

2 years.  One study found that at autopsy, 90% of patients with primary prostate cancer 

had metastases in bone [4].  Such a high incidence is staggering given that bone 

metastases are the most common source of pain in cancer, and that the pain can be 

severe [5].  Thus, it is absolutely imperative that biomedical researchers improve the 

early detection and treatment of bone metastases.  Section 2.1 of this document 

summarizes the literature on the biology and medicine of bone metastases. 

The most common therapies for bone metastasis are currently surgery and 

radiation, and these therapies are palliative (Section 2.1.3). Given the previous success of 

thermal therapy at other tumor sites, many researchers are investigating thermal 

therapy for treatment of bone metastases.  Examples include heat-targeted drug delivery 
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to the metastases [6] and thermal ablation of metastases [7-9].  Section 2.2 reviews 

thermal therapy with a focus on thermal therapy of bone metastases. 

For all thermal therapy procedures, it is imperative that temperature is measured 

during heating.  Temperature measurements allow one to determine if the tumor has 

been adequately heated or if the surrounding healthy tissue has been over-heated.  In 

the case of bone metastases, the disease originates in and is ultimately surrounded by 

red bone marrow (RBM).  Thus it is important to image the temperature of the tumor 

and surrounding marrow in real time during thermal therapy.  Thermal imaging is 

reviewed in Section 2.3.  An important observation made at the end of Section 2.3 is that 

currently available thermal imaging techniques are inaccurate in RBM. 

1.2 A new method for thermal imaging in RBM 

We propose that the difficulties with imaging temperature in RBM can be 

overcome using iMQCs.  The physics of iMQCs is described in Section 3.  IMQC-based 

techniques are different from other forms of NMR because they create signal that 

originates from dipole-dipole interactions between pairs of spins.  Here, the focus is on 

fat-water iMQCs, which involve dipolar couplings between fat and water molecules in 

RBM.  This document shows that compared to traditional thermal imaging techniques in 

RBM, iMQCs remove some inhomogeneous broadening, retain the temperature 

dependence of the water frequency, and remove the need for spectral fitting [3].  Thus 

iMQCs overcome many of the difficulties with thermal imaging in RBM.   
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Sections 4-6 of this document constitute original contributions to the literature.  

The focus is on a pulse sequence called HOMOGENIZED with off-resonance transfer 

(HOT), which detects fat-water iMQCs in RBM [10]. Section 4 uses a modified version of 

HOT to characterize the temperature dependence of the fat-water iMQC signal.  It was 

found that fat-water iMQCs measure temperature changes in RBM with 10-fold 

improved accuracy comparted to traditional spectroscopy techniques.  In Section 5, the 

HOT sequence is modified with multi-spin-echo spatial encoding (MSE-HOT), resulting 

in three-fold improved noise compared to HOT.  Section 5 also shows that MSE-HOT 

can suppress J-coupling in fat, resulting in a 40% increases in iMQC signal intensity.  

Finally, Section 6 shows the first-ever implementation of MSE-HOT on a human scanner.  

It was found that MSE-HOT can measure temperature of ex vivo red marrow in real 

time during heating with a clinical focused ultrasound heat applicator.
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2. Review of literature: Bone metastases, thermal 
therapy, and thermal imaging 

2.1 Bone Metastasis 

This section will provide a summary of the biological and medical aspects of 

bone marrow metastasis. 

2.1.1 Incidence, prognosis, and symptoms 

Data on the incidence of bone metastases comes from autopsy studies showing 

that they occur in a majority of breast and prostate cancers [4, 11].  Table 1 shows the 

incidence of bone metastasis for patients who died from a specific type of primary 

disease.  Clearly, many common primary cancers frequently metastasize to bone, 

making the disease a serious public health concern. 

Table 1: Incidence of red marrow metastases by primary site 

Primary site Post-mortem incidence N Ref., note 
Prostate 90% 1589 [4] 
Prostate 68% n.s.* [11] 
Melanoma 49% >1300 [12], exact N not spec. 
Breast Carcinoma 71% 2,147 [13] 
Breast 65% - 75% n.s. [14] 
Thyroid 42% n.s. [11] 
Kidney 35% n.s. [11] 
Lung 36% n.s. [11] 
Gastrointestinal 
tract 

5% n.s. [11] 

*N not specified 

Interestingly, bone metastases tend to occur in the axial skeleton, which contains 

red bone marrow [11].  Common sites of metastasis are the vertebrae, epiphysis of long 
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bones, pelvis, ribs, skull, all of which contain red marrow [5, 11]. The tendency of cancer 

to metastasize to RBM motivates the need for thermal imaging of RBM.   

Data on the prognosis of bone metastasis shows that median survival is on the 

order of 1-2 years.  One study of 367 patients with primary breast cancer and metastatic 

bone disease found a median survival of 2.1 years for patients with one bone metastasis 

and 1.6 years for patients with bone metastases plus extra-osseous disease [15].  Another 

study of 859 patients with primary breast cancer found a 24 month median survival for 

patients with bone metastasis [16].  For comparison, the 5 year survival rate for localized 

or regional breast cancer is 98.5% and 84.6% respectively [17].  Clearly, the metastasis of 

breast cancer to bone substantially shortens a patient’s expected survival. 

Bone metastases are the most common source of pain in cancer [5].  A study of 

367 patients with breast cancer that metastasized to bone marrow found the following 

morbidities: hypercalcemia of malignancy (19% of patients), pathological fracture of 

long bone (19%), spinal cord compression (10%), and bone marrow failure and 

leucoerythroblastic anemia (9%) [15].  Pathological fracture and spinal cord compression 

are often collectively referred to as skeletal related events (SRE). 

2.1.2 Biology of bone metastasis 

Bone metastases are often classified as either osteolytic (bone resorbing), 

osteoblastic (bone forming), or mixed [14].  For example, if a lesion appears to be 

depositing additional bone then it would be diagnosed as osteoblastic (or equivalently 
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sclerotic.)  There is a tendency for bone metastases from breast to be lytic and those from 

prostate to be sclerotic [14, 18].  In reality, however, most bone lesions, whether 

diagnosed as lytic or sclerotic, will exhibit both bone forming and bone resorbing 

processes [14].  Thus the terms osteolytic and osteoblastic do not just refer to a clinical 

diagnosis, but they also refer to a host of biochemical and microenvironmental processes 

that drive the formation and resorption of bone [14]. 

At first glance, bone would seem to be an unlikely site for metastasis.  For 

example, the high mechanical rigidity and mineral content should make it difficult for 

cells to proliferate and grow.  Why and how do cancers tend to metastasize to bone?  An 

intuitive but greatly oversimplified explanation is that the metastases and primary site 

tend to be directly connected by the veins that transport the tumor cells [4]. For example, 

blood flows from the prostate to the lumbar vertebrae via the periprostatic and prespinal 

veins, which accounts for the observation that prostate metastases are often found in the 

lumbar vertebrae [4].  However, the above transport-related explanation of metastases is 

not considered the primary driving factor for metastases. 

The more widely adopted explanation for metastasis is Stephen Paget’s “seed 

and soil” hypothesis [19].  The metastatic cells are thought of as seeds that travel 

through the blood stream until they find a suitable “soil”, i.e. tissue, to grow in.  The soil 

must be a host tissue with a suitable microenvironment (e.g. pH, growth factors, 

nutrients, blood flow) that can support the proliferation of cancer.  In the case of prostate 
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and breast cancers, this soil is often the trabecular bone and red marrow found in the 

axial skeleton.  Thus, it is important to understand the driving factors that allow cancer 

cells to proliferate in bone. 

Osteolytic and osteoblastic processes drive the growth of bone metastases in 

what is often described as a “vicious cycle” [20].  In the case of prostate metastases, 

osteoclasts resorb the bone matrix and emit factors such as tumor growth factor beta 

(TGF-β).  TGF- β in turn promotes the proliferation and survival of prostate cancer cells.  

Prostate cancer cells are known to drive osteoblast cells to produce RANKL, which feeds 

back into upregulated osteolytic activity.  Thus, osteolytic processes drive osteoblastic 

processes, which in turn drive osteolytic processes.  Many molecular therapies for bone 

metastasis, including but not limited to 233Ra and bisphosphonates (see Section 0), are 

useful because they interfere some portion of the vicious cycle [20]. 

2.1.3 Currently available therapies for bone metastasis 

The most common therapies for bone metastases are surgery or radiation.  In 

addition to the standard of care therapies, a variety of experimental therapies exist 

including bisphosphonates, the calcium mimic Ra233, the RANKL inhibitor denosumab, 

and various other drugs reviewed in ref. [20]. 

Bisphosphonates are a class of drugs that exhibit a variety of therapeutic effects 

including  inhibition of bone resorption in osteoporosis patients, anti-cancer activity in 

cancer models, and reduction of  SRE in humans with bone metastases [20].  The 
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bisphosphonate zoledronic acid was tested in a randomized clinical trial for its anti-

cancer activity, but after five years there was no difference in incidence of bone 

metastasis between the control (13.2%) and treatment (14.7%) arms (P=0.65) [21].  In a 

separate study, zoledronic acid was able to reduce the incidence of SREs from 49% to 

38% (P = 0.028) at 24 months after the study began [22, 23].  Also at 24 months, the time 

to first SRE was longer for the zoledronic acid group (488 vs. 321, P= 0.009) [22, 23].  

Furthermore for patients who already experience a SRE, zoledronic acid reduced the risk 

of a subsequent SRE by 36% (P=0.002).  Thus, zoledronic acid tends to reduce SRE but 

does not improve expected survival. 

Another common treatment for bone metastasis is external beam radiation [24, 

25].  Comparisons were complicated because the treatment plan varies from clinic to 

clinic (e.g. 8 Gy single fraction or 15 Gy - 30 Gy in 5-10 fractions [24].)  In addition, not all 

trials use the same measures of response.  One major trial assessed response by having 

patients subjectively rate their pain on an 11 point scale [26].  Patients whose pain 

improved by two points since the beginning of the trial were said to have responded 

[26].   

In a meta-analysis of external beam radiotherapy trials, no significant difference 

between the treatment response rates was observed for single fraction (71%) and 

multiple fraction (73%) treatments [24].  Similarly, no significant difference between the 

complete response rates for pain was found between single fraction (23%) and multiple 
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fraction (24%) radiotherapy.  However, patients who received only one fraction of 

radiation were more likely to be admitted for additional treatments (P<0.00001) [24]. 

Finally, a relatively new therapy for bone metastases is the alpha-emitting 

calcium mimic 233Ra.  233Ra dichloride is injected intravenously, and the 223Ra binds to 

areas of increased bone turnover, which are common in bone metastases [27].  Alpha 

particles are then emitted in the bone, killing cells in their immediate vicinity (<100μm 

away) [27].  The tendency of 233Ra to accumulate in metastases coupled with the short 

path of alpha particles in tissue is thought to result in greater tumor cell death than 

normal cell death [27].  A recent phase III double blinded placebo-controlled trial found 

that treatment with 223Ra increased the median survival of men with metastatic 

castration resistant prostate cancer from 11.3 months to 14.9 months (P<0.001) [27].  

Additionally 223Ra increased the time to first symptomatic event from 9.8 months to 15.6 

months (P<0.001) [27]. 

2.1.4 The motivation for hyperthermia of bone metastases 

While there are a variety of therapies showing some effectiveness in palliation of 

bone metastasis, there is clearly a need for additional treatments for the disease.  Many 

decades of research have shown that hyperthermia can improve the response of patients 

to radiotherapy and chemotherapy, and we therefore argue that hyperthermia could 

compliment currently existing therapies for bone metastasis.  The use of hyperthermia 

for treating bone metastasis will be further motivated in Section 2.2.  We will see that 
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while hyperthermia of bone metastases is a promising therapy, progress is limited 

because it is currently impossible to measure temperature in RBM where metastases 

actually grow.  In response to this challenge, the focus of this dissertation is the 

development of a temperature imaging method that can accurately detect changes in red 

marrow temperature in hyperthermia. 

2.2 Thermal therapy of bone metastases 

In response to the public health burden of bone metastases, thermal therapy is 

being examined as an adjuvant to existing treatments for the disease.  As described 

below, the therapeutic effects of heat on tissue are numerous including 

radiosensitization, chemosensitization, improved tissue oxygenation, improved blood 

flow and thermal ablation.  Additionally, localized heating allows targeting of 

chemotherapy with drug carriers such as temperature sensitive liposomes [28, 29].  All 

of these effects could be extremely beneficial for treatment of bone metastases.  Why, 

then, is thermal therapy not widely being used for treating osseous disease?  We argue 

that thermal therapy of bone metastases is limited by the difficulty of measuring 

temperature in tumor and the surrounding marrow.  Measuring temperature is 

important: there is a clear thermal dose-response relationship for many therapeutic 

effects.  Thus the main subject of this dissertation is the development of a technique that 

for the first time enables MR imaging of temperature in RBM. 



 

13 

2.2.1 The effects of heat on tissue 

Most thermal therapy can be classified as either ablation or hyperthermia.  This 

section will review biological and clinical data available on the subject of thermal 

therapy of cancer. 

2.2.1.1 Hyperthermia 

Hyperthermia refers to the heating of tissue to 40-45°C for 1-2hrs.  Hyperthermia 

induces cell death by several mechanisms including disruption of cell membrane 

integrity, induction of mitochondrial dysfunction, inhibition of DNA replication, 

induction of tissue reoxygenation, and inhibition of potentially lethal damage repair [30, 

31].  Furthermore, hyperthermia can induce radiosensitization of S phase cells, which are 

usually radioresistant [32].  Depending on the thermal dose, hyperthermia can also 

increase or decrease blood flow in both normal and tumor tissue [33].   Many of the 

above effects could sensitize tumor tissue to radiation, providing a rational for the use of 

hyperthermia as an adjuvant therapy to radiotherapy. 

As of 2002, there were 18 completed and two ongoing randomized controlled 

trials (RTCs) testing the therapeutic benefit of adding hyperthermia to radiation and/or 

chemotherapy [34].  Of the completed trials, 12 found a statistically significant 

improvement in either response or survival, and 7 RCTs found a statistically significant 

improvement in survival [34].  One of the ongoing trials (as of 2002) was later published 

[35].  That trial tested etoposide, ifosfamide, and doxorubicin with or without regional 



 

14 

hyperthermia for the treatment of high-risk soft-tissue-sarcoma [35].  The trial found a 

significant improvement in local progression free survival, disease-free survival, and 

response rate [35].  It is clear from published RTCs that hyperthermia can sometimes, 

but not always, improve patient response or survival during treatment.  One factor that 

is known to strongly influence the outcome of a trial is if adequate thermal dose was 

delivered to the tumor [34].  The thermal dose-response relationship of tissue is 

discussed in Section 2.2.4, and is the primary motivation for the development of a 

thermal imaging technique that can measure red marrow temperature.   

2.2.1.2 Ablation 

Ablation refers to the heating of tissue to greater than 50 °C in order to induce 

coagulative necrosis [30].  Alternatively, cryoablation refers to the cooling of tissue to -40 

°C to -20 °C, causing ice crystal formation, cellular osmotic rupture, and cell death in the 

cryoablated region [30]. 

Thermal ablation uses a large variety of thermal applicators to treat a large 

variety of tissues.  Examples of ablative procedures include radiofrequency ablation 

(RFA) of liver tumors [36], RFA of non-small cell lung cancer [37], RFA or cryoablation 

of patients with renal cell carcinoma [38], and high-intensity focused ultrasound ablation 

of bone innervation in patients with painful osseous metastases [39, 40].  Currently, 

radiation and surgery are standard of care for bone metastases, not ablation. However, 
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some patients refuse, or are otherwise not candidates for, surgery, necessitating an 

alternative procedure such as thermal ablation [36, 41].     

2.2.2 Heat applicators 

As mentioned above, there are several different technologies that allow 

controlled deposition of heat in a patient.  Strategies for heat application include 

lacroscopic, endoscopic, percutaneous, or external heat applicators.  Percutaneous and 

external heat applicators are the most common, and are briefly reviewed below. 

2.2.2.1 Percutaneous heat applicators 

Percutaneous heat applicators are physically placed inside the patient, inside or 

adjacent to the cancerous legion.  Examples of percutaneous heat applicators include 

ultrasound, microwave, laser, RFA, and cryoablation applicators [42, 43].  The most 

commonly used percutaneous heat applicator is the RFA applicator, which was 

developed to treat hepatic malignancies [30].   

RFA applicators turn the tumor tissue into a radiofrequency circuit, resulting in 

localized Joule heating of the tissue.  It is difficult for RFA applicators to heat cancers 

surrounded by cortical bone, because bone is a poor conductor and as a result electrical 

current will not  run through the tumor [7].  However, some clinics have had success 

palliating bone metastases with RFA and cryoablation, since palliation only requires that 

the bone-soft tissue interface be ablated [7-9].   
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The physical mechanism of microwave heating is different than that of RFA 

heating.  Microwave applicators deposit energy in tissue by inducing reorientation of 

water molecules in the tissue; this reorientation is caused by the interaction of the 

electric field of the microwaves with the electric dipole of water.  Thus with microwaves, 

unlike RFA, there does not need to be a conductive path from the applicator to ground 

in order for the target tissue to be heated.  This could help overcome the difficulties with 

heating intracompartmental (surrounded by cortical bone) bone disease.  However, the 

clinical data related to microwave heating of bone metastases is extremely limited, so 

further research is needed [7, 44]. 

2.2.2.2 External heat applicators 

Heat can be applied using an energy source that lies outside of the body and 

emits electromagnetic radiation, magnetic fields, or ultrasound.  These external heat 

sources include conformal microwave applicators (CMA) [45], mini-annular phased 

array (MAPA) radiofrequency applicators [46], and high-intensity focused ultrasound 

(HIFU) applicators [47].  Another techniques involves colloids of iron-oxide 

nanoparticles that are injected directly into prostate tumors and then heated using 

externally applied alternating magnetic fields (2.5-15 kA/m amplitude, 100kHz 

frequency) [48, 49]. 
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2.2.3 Thermal therapy of bone metastases 

Thermal therapy of bone metastases is a rapidly developing field.  In 2012, the 

FDA approved HIFU for the palliation of painful bone metastases [50].  The FDA 

approval and commercial availability of MRI-compatible HIFU systems has made the 

technology needed to perform thermal therapy of bone metastases more accessible.  This 

section shows that strong clinical and preclinical evidence motivates thermal therapy of 

bone metastases. 

2.2.3.1 Palliative ablation of the bone-soft tissue interface 

The most common thermal therapy procedure for bone metastasis is ablation of 

the bone-soft tissue interface.  During the ablation process, innervation of the cancerous 

bone is destroyed, which reduces pain [51].Recently, a RTC was conducted comparing 

palliative HIFU to placebo treatments for patients with painful bone metastases (N=147).  

Placebo patients were “treated” but the sonication power was never turned on.  Patients 

who experienced decreased pain without additional morphine were considered 

responders.  The response rate was 64.3% for MRgFUS and 20.0% for placebo (P=0.001) 

[39].  This RTC strongly supports a substantial and robust palliative effect of HIFU on 

bone cancer-related pain. 

In another single-arm multi-center study, a percutaneous RFA electrode was 

used to ablate painful bone metastases [52].  For patients whose metastases disrupted 

the surrounding cortical bone, the electrode was placed directly inside the metastases.  
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Otherwise, the bone was punctured using a bone biopsy needle, and the electrode was 

placed through a catheter directly in the cancer tissue.  In this study (N=55), the odds of 

having decreased pain severity 1 month after RFA was 14.0 (95% CI, 2.3-25.7; P < .0001) 

and after 3 months was 8.0 (95% CI, 0.9-15.2; P < .001).  The “odds” refers to the number 

of people with decreased pain for every one individual without decreased pain.  

Notably, percutaneous ultrasound applicators are under development as an alternative 

to percutaneous RFA applicators [53].HIFU of bone disease is focused on palliation 

because the acoustic properties of bone and soft tissue make it difficult to heat 

intracompartmental tissue. Specifically, an ultrasound wave that is normal incident on 

cortical bone will reflect 25-50% of the incident energy [54].  Additionally, the 

attenuation of ultrasound is up to an order of magnitude higher in cortical bone (1 – 10 

dB cm-1 MHz-1) than in muscle (0.5 – 1.5 dB cm-1MHz-1) [54].  Even with these physical 

limitations, recent studies have made progress towards HIFU of intracompartmental 

bone cancer.  Intracompartmental heating would be an exciting development because it 

could expand bone thermal therapy beyond palliation by enabling direct heating of the 

tumor. 

2.2.3.2 Thermal therapy of cancer surrounded by cortical bone 

Staruch et. al. used MR-guided HIFU applied to living rabbit tibia to 

simultaneously ablate the soft tissue-bone interface and induce hyperthermia of the 

inner marrow cavity [6].  The authors calculated the temperature of a model soft tissue-
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and bone marrow system using the Pennes bioheat transfer equation.  The Pennes 

bioheat transfer equation is a differential equation that relates tissue geometry, heat 

capacity, thermal conductivity, perfusion, and specific absorption rate (SAR; power per 

unit mass deposited by the ultrasound beam) to the three-dimensional temperature 

distribution during ultrasound heating.  The three-dimensional SAR distribution was 

calculated from a multilayer transmission model of the acoustic field pattern 

(supplemental material in [6]).  These simulations showed that ultrasound energy could 

indeed penetrate a 2 mm thick cortical bone to reach the inner marrow cavity.  The 

simulations and experiments strongly suggest that HIFU is a viable heat applicator for 

bone metastases as long as the bone is not too thick.  The simulations were supported by 

drug delivery experiments showing that compared to administration of free 

doxorubicin, hyperthermia plus thermosensitive liposomal doxorubicin caused an 8.2-

fold increase (P = 0.002) in doxorubicin delivery to marrow.   

Notably, the calculations in this study suggest that the bone-soft tissue interface 

was heated to a higher temperature than the internal marrow cavity.  The high 

temperatures achieved at the bone-soft tissue interface would be a drawback in 

scenarios where thermal damage to the soft tissue is undesirable. 

McDannold et. al. demonstrated a possible solution to the problem of heating at 

the bone-soft tissue interface [55].  The authors sought to design a HIFU system that 

could ablate brain tumors without causing excessive heating at the interface of the scalp, 
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skull and brain.  The solution involved several modifications to the traditional HIFU 

system.  First, the authors used a hemispherical ultrasound transducer array which 

allowed the heat absorbed by the skull to be distributed over the entire skull.  This 

resulted in a maximum temperature rise on the brain surface of 2.4 – 3.8 °C (depending 

on the patient) while the maximum temperature rise in the brain was 5 – 14 °C (also 

depending on the patient.)  Thus the tissue inside the skull could be heated to a greater 

temperature then the skull-soft tissue interface, which is required for a clinical 

procedure.  Other modifications to the traditional HIFU system included using a lower 

ultrasound frequency (700kHz) to enable transmission of ultrasound energy through the 

bone, active cooling of the scalp, and compensation for the effects of the skull on the 

ultrasound beam path [55].  Recently, a different group succeeded in using a similar 

approach to ablate intracranial tissue [56].    In summary, this study proved that 

ultrasound transducer arrays could be engineered that allow heating of the inner 

marrow cavity while sparing the bone-soft tissue interface.   

The final noteworthy study using HIFU to heat bone tumors was focused on 

patients with primary bone cancer who refused, or were not candidates for, surgery [41].  

This study used a 800 kHz, 12cm diameter transducer and the therapy was guided by an 

imaging transducer.  In this study, 86% of the patient’s tumors were successfully 

ablated.  This was not a RTC, so it is difficult to judge the effectiveness of the ablation 

therapy.  However, multivariate analysis showed that complete tumor ablation was 
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associated with longer duration of survival [41].  Further clinical trials are needed to 

assess if ablation of primary tumors definitively improves patient survival.  It is worth 

noting that this study was controversial because surgery, and not ablation, is the gold 

standard treatment for primary bone tumors [57]. 

2.2.4 Thermal dosimetry 

As described above, progress in HIFU technology and applications are making 

thermal therapy of bone metastases a realistic and promising treatment strategy.  The 

question remains, how does one relate the spatially and temporally heterogeneous 

temperature distribution in tissue to a therapeutic effect?  In the case of thermal ablation, 

the answer to this question is fairly simple: ablation is achieved when a tissue is heated 

to > 60 °C for several seconds.  Furthermore, tissue ablation is often treated as a binary 

effect: if a given tissue region has reached a high enough temperature, then all cells in 

that region have been killed.   

Conversely, the thermal dose-response relationship is more complicated in the 

temperature range of 40-45°C.  In that range, the thermal dose-response curve is non-

linear and non-binary since a sub-population of cells in tissue region are killed.  Since 

the 40-45°C temperature range is achieved during both hyperthermia procedures as well 

as in the margins surrounding ablation volumes, a framework is needed that can convert 

a spatiotemporally varying temperature distribution into a single thermal dose.  This 

section will review some of the metrics used to calculate thermal dose. 
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2.2.4.1 TN notation 

One of the most common metrics that describes a spatial temperature 

distribution is the TN notation, where N is a percentage from 0 to 100.  By definition, for 

a given distribution of temperature samples in the treatment volume, N percent of the 

samples are greater than TN.  Figure 1 shows a graphical depiction of TN with N = 90. 

 

Figure 1: Graphical representation of T90.  The integral of the entire curve 

(white plus cyan) is equal to 1. 

2.2.4.2 Cumulative effective minutes at 43 °C (CEM43) 

Whereas the TN metric is used to represent an entire spatial distribution of 

temperature with a single number, the CEM43 metric is used to represent the entire 

temperature timecourse with a single number.  For a timecourse of discrete temperature 

samples Ti, the CEM43 for that timecourse is 
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where Δt is the time between temperature samples, N is the total number of samples, 

and R is the sensitivity of tissue or cells to heat [58].  The value of R depends on 

temperature, as well as factors including if the cells of interest are from a rodent, human, 

or are in vitro.  For example R for human tissues is 0.43 and 0.23 above and below 43.5 

°C, respectively [58].   

CEM43 attempts to establish an isoeffect relationship between different 

temperature timecourses.  For example, using the parameters listed above and Equation 

3 the CEM43 for a three sample timecourse of one minute at 42.0 °C, one minute at 43.0 

°C , and one minute at 44.0 °C is 0.231 min + 1 min + 0.43-1 min = 3.6 min.  The 

temperature timecourse is predicted to kill the same fraction of cells as 3.6 min at 43 °C.   

2.2.5 Evidence for a thermal dose-response relationship in clinical 
hyperthermia  

An extremely important finding of clinical and preclinical thermal therapy 

research has been that there is a relationship between thermal dose and therapeutic 

outcome [32, 34].  The thermal dose-response relationship motivates the main subject of 

this dissertation, which is the development of a method to measure temperature (and 

therefore thermal dose) in RBM.  This section reviews the clinical evidence for a thermal 

dose-response relationship in the temperature range 37-45 °C. 
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One study with 48 patients receiving interstitial hyperthermia and interstitial 192Ir 

found that patients who received minimum tumor temperature of at least 42.5 °C for 60 

min had 70% complete response and 29.7% partial response [59].  Of the 11 patients who 

did not receive the target thermal dose, had 0% complete response and 45% partial 

response [59].  Thus higher thermal dose was associated with higher treatment response 

in this trial. 

A RTC with 70 patients and 179 treatment fields found thermal dose to be a 

marginally statistically significant predictor of treatment prognosis (P = 0.08) [60].  

Temperature was measured by moving a temperature sensor through a catheter to 

detect temperature at different positions in the tumor, creating a temperature map.  

Here, thermal dose was quantified as the mean temperature of all measurements in the 

map less than 41°C [60].  

Another study found that T90 (P = 0.008) and cumulative minutes T90 ≥ 40.5 °C (P 

= 0.006) significantly correlated with tumor response.  Furthermore, patients with cum. 

min. T90 ≥ 40.5 °C tended to live longer than other patients, although the statistical 

significance was marginal (P = 0.08).  

Other studies have shown a relationship between thermal parameters and tumor 

response in superficial malignancies [61], uterine cervix [62, 63], malignant melanoma 

[64], superficial recurrences of breast cancer [65], and N2/N3 cervical lymph node 

metastases [66].  Another phase II study using regional hyperthermia, etoposide and 
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ifosfamide to treat various sarcomas (Ewing’s, osteosarcoma, and advanced soft tissue 

sarcoma) found that non-responders had a significantly less T90 than responders (P = 

0.004, 39.9 ± 0.6 °C vs. 38.1 ± 3.0 °C).   

The studies described so far in this section tested for a thermal dose-response 

relationship retrospectively, but there are two studies that tested for the relationship 

prospectively.  The first study enrolled patients with superficial tumors at sites 

including breast, chest wall, head and neck, and melanoma [67].  109 patients were 

randomized and treated with either 10 CEM T90 (high dose) or ≤ 1 CEM T90 (low dose) 

[67].  The study found that the complete response rate in the high dose arm was 66% and 

in the low dose arm was 42% (Odds Ratio, 2.7; 95% CI, 1.2 to 5.8; Fisher’s exact P=.02), 

thus demonstrating a statistically significant thermal dose-response relationship [67]. 

The other RTC that prospectively controlled for thermal dose was performed in 

canine sarcomas that were prescribed either 2-5 43 °C T90 or 20-50 43 °C T90.  Multivariate 

analysis, which accounted for heating duration, tumor grade, and tumor volume, found 

that higher thermal dose was associated with longer local control [68]. 

The above studies show that it is extremely important to achieve sufficient 

heating during hyperthermia procedures.  Patients who don’t achieve sufficient thermal 

dose tend to not benefit from treatment. 
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2.2.6 The motivation for developing a method to measure the 
temperature of red marrow 

Section 2.2 has thus far reviewed the clinical evidence that thermal therapy of 

cancer can improve pain, tumor response, and patient survival.  In the context of bone 

metastasis, however, two technological limitations currently make curative thermal 

therapy of bone metastases impossible.  As described above, one of those limitations is 

the perceived difficulty with heating tissue surrounded by cortical bone.  However, 

recent developments in HIFU hardware and beam focusing may eliminate this 

perceived difficulty (Section 2.2.3.2.)   

The other technological limitation is that there is currently no method that allows 

thermal imaging of red bone marrow.  The inability to image temperature in red marrow 

is extremely problematic for two reasons.  First, modeling heat dissipation and 

temperature distributions in marrow is non-trivial.  In particular, the interaction of 

ultrasound with cortical and trabecular bone is complicated by absorption and 

scattering, which would make prediction and planning of temperature distributions 

difficult.  Furthermore, red marrow is a highly perfused tissue [69], and perfusion affects 

the relationship between SAR and temperature.  Thus the temperature distribution in 

red marrow needs to be measured since it is difficult to model. 

The second reason is that there is evidence that disease exists in the marrow at 

both early and late stages of the metastatic process.  It is believed that bone marrow, 

rather than bone matrix, is the initial site of bone micrometastases [70].  At later stage 
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disease, clinical data from patients with primary renal cell carcinoma and breast cancer 

support that wider surgical resection margins are associated with better survival [71-73].  

This suggests that there is disease in the tumor margin, which includes red marrow.  

Thus any spatially localized therapy should target not just the tumor tissue, but also the 

surrounding marrow. 

Thermal therapy of bone metastases therefore requires temperature 

measurements in the tumor tissue, healthy soft tissue, and surrounding red marrow. The 

ability to image temperature in red marrow could be groundbreaking because it would 

impact both clinical and research efforts.  For example thermal imaging could provide a 

better understanding of how RF, microwave, laser, and ultrasound heat applicators 

deposit heat in bone and RBM [7, 74].  Clinically, thermal therapy of bone metastases 

would be more reliable if it were possible to image RBM temperature during therapy.   

Thermal imaging would help ensure that thermal targets are reached in the tumor 

margin and toxic thermal dose is avoided in healthy tissue.  As will be shown below, 

current thermal imaging techniques fail in red marrow, and this document develops a 

method to overcome this failure.   

2.2.7 Noise, accuracy, and resolution targets for thermal imaging of 
red marrow 

Techniques that image temperature during thermal therapy must meet minimum 

resolution and accuracy specifications that depend on the application.  The performance 

of iZQC thermometry can be estimated from the initial paper which reported spatial 
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resolution on the order of 1cm3, temperature accuracy of 1-2 °C, and temporal resolution 

of 2 min [10]. 

In the case of thermal ablation, a typical HIFU ablation of prostate cancer 

involves a 5 s sonication, resulting in an ellipsoid ablation region that is 22 mm by 2 mm, 

and in temperature greater than 85 °C [75].  A temperature target of 85 °C implies a 

temperature increase of approximately 50 °C; if the goal is to achieve a 10% temperature 

change accuracy, then an accuracy of 5 °C is required.  Thus a technique for thermal 

imaging of ablation would require temporal resolution on the order of a second, spatial 

resolution on the order of 2 mm, and temperature accuracy on the order of 5 °C.  Based 

on the performance of iZQC thermometry described in the previous paragraph, current 

iZQC thermometry pulse sequences would struggle to find use during most thermal 

ablation procedures. 

Conversely, iZQC thermometry is better suited for hyperthermia procedures.  

Typically, hyperthermia involves heating to 40-43 °C for an hour, so that temporal 

resolution of 1-2 min is acceptable.  Temperature noise less than 1 °C (preferably 0.5 °C) 

is required, which is achieved with the technique developed in this work.  Treatment 

volumes can have dimensions up to 20-40 cm [45, 76], indicating that the spatial 

resolution on the order of 1 cm could still provide useful information.   

Table 2 shows some relevant parameters for published experiments related to 

thermal therapy of red marrow.  It will be assumed that at least ten samples per 
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Table 2: relevant parameters for thermal therapy of bone cancer 

Experiment 

Thermal parameter 

Interstitial 
ablation of ex vivo 
bone marrow 

Heat targeted 
drug delivery in 
rabbits 

Ablation of 
primary tumors in 
human 

ΔT (°C) 10-15°C 4-6°C 30-50°C 

Heating Duration 10min 20min N*20s 

Marrow Dimension ~5-10cm ~5mm 1cm – 5cm 

Heat Applicator Interstitial US HIFU HIFU 

References [53] [6] [40] 

 

dimension/parameter are necessary in order to adequately characterize a temperature 

distribution.  In terms of temporal resolution, except for the ablation procedures, 

experiments in the literature typically heat for at least 10-20 min (often up to an hour), 

indicating that temporal resolution of at least one image every 1-2 min is desirable.  In 

terms of spatial resolution, ten temperature samples across each dimension of the target 

volume would require a resolution of 0.5 mm for the rabbit experiments and 1-2cm for 

the ex vivo and human experiments.  Finally, the temperature changes typically 

measured during hyperthermia procedures are approximately 5 °C.  Thus to adequately 

sample the temperature distribution one needs accuracy on the order of 0.5 °C. 

2.3 Thermal imaging of fatty tissues 

As described in the preceding text, there is a strong motivation for thermal 

therapy of bone metastases.  Unfortunately, thermal therapy of bone metastases is 

difficult because thermal imaging of RBM is inaccurate.  The purpose of this section is to 
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describe currently available thermal imaging technologies with a focus on proton 

resonance frequency (PRF)-based techniques in magnetic resonance.  The challenges 

associated with thermal imaging of fatty tissues will be described, along with progress 

made to overcome those challenges.  Finally, this section will show that thermal imaging 

of red marrow is even more difficult than thermal imaging of other fatty tissues such as 

yellow marrow or breast tissue; this difficulty is caused by the microscale structure of 

RBM.  In particular magnetic susceptibility interfaces between adipocytes, trabecular 

bone, and hematopoietic cells greatly broaden the water resonance in RBM.   

The unique set of challenges and constraints encountered in RBM can only be 

overcome using unique physics.  In particular, we show that many of those challenges 

can be overcome by employing a physical phenomenon called the intermolecular 

multiple-quantum coherence (iMQC).  After the review of MR thermometry in this 

Section 2.3Section 3 will describe the use of iMQCs for thermometry. 

2.3.1 Non-Invasive thermal imaging 

As a result of the thermal dose-response relationship exhibited by most tissues, 

considerable effort has been put forth to develop imaging technologies that can non-

invasively measure temperature.  Examples of such technologies include electron 

paramagnetic resonance of nitroxide-elastin like polypeptide conjugates [77], echo shift 

and spectral shift estimation in diagnostic ultrasound [78], detection of microwave 

emission [79], and imaging of various temperature sensitive nuclear magnetic resonance 
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parameters including the diffusion of water [80], chemical exchange of water on 

lanthanide complexes [81], spin-lattice relaxation of water [82], relaxation rates of 

protons covalently bound to TmDOTA- [83], and the proton resonance frequency of 

water [84-87].   

The PRF method is the most widely used thermometry method clinically because 

it has excellent temporal resolution (as good as 1 image per s [88]) and high spatial 

resolution (0.5mm in plane), does not require an exogenous contrast agent, is insensitive 

to coagulation and tissue type in non-fatty tissues [89], and can be integrated with MR-

compatible non-invasive heating devices [85, 90-94]. 

2.3.2 A physical description of the temperature dependent resonance 
frequency of hydrogen-bound protons 

It has been known for over half a century that the PRF of hydrogen nuclei 

participating in hydrogen bonds is temperature dependent.  Since the beginning of 

liquid-state NMR chemists commonly used the resonance frequency of methanol or 

glycol as an indicator of temperature [95].  While the physics of hydrogen bonding 

networks is complex – there are various degrees freedom in hydrogen bonds such as 

bond length, bond angle, and average number of bonds per molecule – the relationship 

between proton resonance frequency and temperature is remarkably simple; from 0 °C 

to 100 °C the resonance frequency of the –OH protons in water and methanol varies 

linearly with temperature [95, 96]. 
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Simple experiments provide an intuitive physical understanding of the 

temperature dependent PRF.  One experiment measures the resonance frequency of –

OH protons at various dilutions of ethanol in a polar aprotic solvent.  As the ethanol 

becomes more dilute, the average number of hydrogen bonds to ethanol becomes lower.  

In very dilute solutions, ethanol is almost completely in monomeric form and does not 

participate in hydrogen bonds.  Compared to 1 mM ethanol in CDCl3, the –OH proton of 

neat ethanol is 4.3 ppm higher.  This experiment shows that hydrogen bonding increases 

the chemical shift of –OH protons. 

Of course, a hydrogen bond is not a binary (bound vs. unbound) physical state; 

the PRF of –OH protons will depend on hydrogen bond length [97, 98].  Wagner et. al. 

used basic pancreatic trypsin inhibitor (BPTI) as a system to study the relationship 

between hydrogen bond length and proton chemical shift [97].  The authors analyzed 32 

amide protons and 15 alpha carbon protons which participate in hydrogen bonds in the 

folded protein.  BTPI has a well-known crystal structure and retains its crystal structure 

in solution, so the hydrogen bond lengths for the protons in the NMR spectrum were 

known.  The authors calculated Δδ, the proton chemical shift minus the ring current 

shifts and random coil shifts.  The key result was that Δδ increased with decreasing 

hydrogen bond length (1.5-3.5 Å), supporting that a stronger hydrogen bond (shorter 

bond length) results in a higher chemical shift [97].  Since a higher chemical shift 
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indicates a less shielded proton, these data indicated that hydrogen bonds tend to pull 

electron density away from the proton [98]. 

Based on the above two experiments, one can construct a qualitative description 

of why the PRF of hydrogen-bonded nuclei is temperature dependent.  Consider a 

simplified model of water where each molecule either has no hydrogen bonds (unbound 

state) or one hydrogen bond of 2 Å (bound state).  Clearly, a pair of water molecules in 

the bound state has lower energy than in the unbound state.  Thus, in a large ensemble 

of water molecules at non-zero temperature, more molecules will lie in the bound state.  

Since the chemical shift of the protons in bound state is higher than in the unbound state 

(recall the ethanol dilution experiment) the observed chemical shift will be the weighted 

average of the chemical shifts of the two states1.  As temperature increases, the ratio of 

unbound to bound will increase towards unity.  This ratio increase causes the chemical 

shift of the hydrogen bonding to decrease with increasing temperature.  This is indeed 

the relationship found experimentally, where the resonance frequency of water 

decreases by about 1 ppm over 0 to 100 °C [96]. 

In actuality, the above example belies the complexity of the hydrogen bonding 

properties of water.  Water can form polymers of various sizes (dimers, trimers, and so 

forth) [99].  Furthermore, bonds can have various lengths and angles [99].  Thus there 

                                                      

1 The weighted average is appropriate because the inverse chemical shift difference between the two states 
(~0.1-1 ms) is much longer than the hydrogen bond lifetime (~1-10 ps) (see Keutsch, F.N. et al).  This 
corresponds to the “fast exchange regime”. 
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are many degrees of freedom in the hydrogen bonding of water, and each degree of 

freedom will affect the energy and chemical shift of the system.  Still, the experiments 

and thought experiment described in this section give an intuitive explanation as to why 

the chemical shift of water decreases with increasing temperature: hydrogen bonds 

increase the chemical shift of water, and the average bond properties themselves are 

temperature dependent. 

2.3.3 Thermal imaging using the PRF of water 

The simplest way to perform PRF thermometry is with a spoiled gradient 

recalled echo (sGRE) pulse sequence (Figure 2).  The sGRE sequence is commonly used 

for fast T1-weighted imaging.   

For PRF thermometry, one analyzes the phase of the sGRE image.   The phase 

accumulation at echo time (TE) for a voxel (x,y) is: 

 ( ) ( )2 ,
,

iv x y TE
x y e

πϕ = ∠   (2) 

where ∠ extracts the modulus 2π phase of the exponential, ν(x,y) is the voxel frequency, 

and TE is the echo time.  As described in Section 0, the resonance frequency varies linearly 

with temperature so that a change in temperature results in a change in phase at time TE 

after excitation: 
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α πα γ
∆ ∆∆ = =  (3) 

where α is the temperature coefficient in ppm/°C, γ is the gyromagnetic ratio of protons 

(42.576 Hz/T), B0 is the static magnetic field in Tesla, and Δφ is the temperature-induced 
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phase shift.  The value of α in pure water is -0.01 ppm/°C [96].  Equation 3 is the simple 

equation that is used to convert sGRE image phase into a temperature change image. 

  

 

Figure 2: sGRE pulse sequence, commonly used for PRF thermometry. 

Equation 3 requires a phase shift (Δφ) to measure temperature.  In practice, this phase 

shift is calculated by taking a baseline phase image φ(x,y,t=0) followed by a series of 

phase images during heating.  The phase shift image is then 

 ( ) ( ) ( ), , , , , , 0x y t x y t x y tϕ ϕ ϕ∆ = − =  (4) 

Measuring temperature via phase shifts, while conceptually simple, is fraught with 

practical difficulties.  For example the sGRE method only measures changes in 

temperature and not absolute temperature.  Furthermore, any other factor which shifts 

the sGRE phase – such as field drift or patient movement – will appear as an artificial 
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temperature change on the images.  These limitations will be described in more detail 

below. 

2.3.4 Strengths of PRF thermometry  

In spite of the challenges associated with PRF thermometry, it has some 

important strengths. For example, PRF thermometry does not need a contrast agent, can 

acquire up to an image per second, and in the case of sGRE thermometry, the pulse 

sequence is included on most clinical MRI scanners. 

An extremely important feature PRF thermometry is that the thermal coefficient 

α is relatively insensitive to tissue type or thermal coagulation [89, 100].  McDannold 

reviewed 16 studies that calculated α in human tumor tissue as well as canine, pig, rat, 

and rabbit muscle and brain [89].  While the measured value of α varied from  

-0.00652±0.0022 ppm/°C to -0.0111±0.0005 ppm/°C, most of the measured values were 

within ±15% of the value in pure water [89].  McDannold pointed out that some 

deviation from -0.01 ppm/°C is expected in tissue, because the tissue susceptibility, 

tissue dielectric constant, and heat applicator can all cause errors in the measured 

temperature coefficient.  Interestingly, we will show that even in a highly structured 

tissue like red bone marrow, the temperature coefficient of water in the marrow is 

almost identical to that of pure water (Section 4). 

 Here, we estimate the SNR required for 1 °C temperature noise for various 

temperature sensitive-MR parameters.  Proton density, T1, and water diffusion have a 
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temperature dependence of 0.3±0.01 %/°C, 1-2 %/°C, and 2 %/°C, respectively [86].  A 

formula to calculate the SNR required for 1 °C temperature noise is 

 
1

*1
SNR

s C
=

°
 (5) 

where s is the sensitivity listed above as %/°C.  Equation 5 gives a required SNR of 300, 

100-50, and 50 for proton density, T1 and water diffusion respectively.  The T2 of water 

decreases non-reversibly when tissue is coagulated, and is insensitive to temperatures 

that do not induce coagulation [86].   

In the case of PRF thermal imaging, the required SNR is calculated first by noting 

that the phase noise2 of the MRI signal in a given voxel is  

 
1

.
SNR

ϕσ ≅  (6) 

and the temperature noise (see Equation 3) is 
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= ≅   (7) 

Take a situation where 2πα(TE)γB0 = 0.1 rad/°C, so that the phase of the sGRE image 

shifts by 0.1 rad for every 1 °C phase shift.  In that case then rearranging Equation 7 

shows that only an SNR of 10 is needed to have a temperature noise of 1 °C.  Thus, lower 

                                                      

2 This expression is derived using propagation of error of φ=arctan(-y/x) in x and y, where x and y are the 
real and imaginary components of the image.  For a complex MRI signal, σx=σy=σs, where s=(x2+y2)0.5.  
SNR=s/ σs.  The rough equality sign is used because this equation is inaccurate for low SNR values, when the 
phase noise is close to π.  The reason for this is that arctan ranges from –pi/2 to pi/2, whereas complex phase 
ranges from –pi to +pi.  The MATLAB expression “std(angle(S+randn(1,10000)+1i*randn(1,10000)));” will 
return the phase noise for a complex number with signal magnitude = S and noise = 1. 
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SNR is required to achieve a specified noise level for PRF images than for T1, diffusion, 

and proton weighted images. 

 The SNR discussion in the previous paragraphs is not the whole story.  T1, 

diffusion, and proton density-weighted images will all have different SNR than the 

sGRE sequence.  A complete discussion of the relative temperature noise (σT) is difficult 

because the discussion must include the relative SNR of each technique, as well as 

considerations such as spatial and temporal resolution.  Still, the statement that can be 

made here is that for a given SNR value, PRF thermometry is the most sensitive. 

In summary, PRF thermometry does not require a contrast agent, is fast, is 

sensitive, is available on most MRI scanners, and is tissue type independent.  For these 

reasons, PRF thermometry appears to be one of the most widely used methods for 

thermal imaging [86]. 

2.3.5 Limitations and weaknesses of PRF thermometry 

While PRF thermometry is currently the preferred thermal imaging method for 

most researchers, the literature has documented several limitations and weaknesses of 

the technique. 

2.3.5.1 Magnetic Field Drift 

Since sGRE thermometry maps the resonance frequency of water to temperature, 

any non-temperature-dependent change in the water frequency will appear as an 

artificial temperature change.  The simplest of such confounding effects is magnetic field 
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drift.  The 1.5 T GE scanner at the Duke Radiology department exhibited a 0.4 ppm 

oscillatory drift with a period of one day [46].  The authors hypothesized that this was 

due to temperature fluctuations in the ambient air in the scanner room.  Fortunately, the 

effects of magnetic field drift can be partially corrected for using oil references outside 

the tissue [46] or by estimating field drift from phase changes outside the heated region 

[101]. 

2.3.5.2 Magnetic susceptibility-related effects 

Magnetic susceptibility plays a dominant role in many of the difficulties of PRF 

thermometry.  The concepts explained in this section enable an understanding of why 

sample/patient geometry, motion, and tissue micro-structure are problematic during 

PRF thermometry. 

The basic problem is that even in a perfectly homogeneous applied H-field, the 

actual B-field in a sample is influenced by the magnetic susceptibility distribution in the 

sample.  The fundamental equation relating the B-field to the H-field of an arbitrary 

sample is  

 ( ) ( )( )0 0 00 0 0 01 1 d dB H H H H H Hχ µ χ µ µ χ µ= + = + + ≈ + +  (8) 

where all variables are a function of position, χ is the magnetic susceptibility, () is the 

total H-field in the sample, ()* is a spatially homogeneous applied H-field, and ()+ is the 

demagnetizing H-field [102].  Note that the term ,*χ()+ has been dropped in the right-

most part of the equality because it is a second order term.   
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The component of the magnetic field due to spatial variations in χ for an 

arbitrary sample in spatially homogeneous B0 (along z) can be written as [102] 

  ( ) ( )2
30

2
'

4 '
d

rB
B r d r

z r r

χ
π

∂=
∂ −∫   (9) 

Equation 9 highlights the important observation that the B-field at position .̅ depends on 

the magnetic susceptibility distribution everywhere in the sample.  For example, as 

noted in the introduction, the structure of bone marrow makes ( )'rχ , and thus ( )'dB r , 

highly inhomogeneous. It is informative to note that the effect described by Equation 9 is 

the main effect causing inhomogeneous magnetic field broadening in living samples. 

Taken together, Equations 8&9 show that the magnetic field at any position in a sample 

is a function of H-field, the χ at that point, and the χ at all other points. 

Equation 9 has a several implications for PRF thermometry.  First, the magnitude 

of ( )'dB r  is on the order of 1 ppm as estimated, for example, from the typical 

inhomogeneous linewidth of a mouse.  Because the temperature dependence of the 

resonance frequency of water is 0.01 ppm/°C, the effect that one measures during 

thermometry is actually much smaller than the magnetic fields caused by the 

susceptibility of the sample.  Thus, the resonance frequency of water is not a good 

measure of absolute temperature because the frequency depends much more strongly 

on the susceptibility and shape of the sample than on temperature.  The best one can do 

is measure changes in water frequency during heating and cooling, and use the 
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frequency changes as an indicator of temperature changes.  Put briefly, PRF 

thermometry provides relative temperature measurements, but not absolute 

temperature measurements.    Here, it is worth noting that relative temperature 

measurements can be “calibrated” to absolute measurements using fiberoptic or 

liposomal absolute temperature sensors [90, 92, 103]. 

The second implication of equation 9 is that if the susceptibility of tissue is 

temperature dependent, then the magnetic field is also temperature dependent [84].  

This introduces an additional 2.6 ppb/°C temperature dependence into the resonance 

frequency of water in addition to the standard 10 ppb/°C dependence of the chemical 

shift [84]. If measuring temperature with the sGRE sequence, Equation 9 shows that 

even temperature-induced susceptibility changes outside a given voxel can cause an 

apparent temperature change in that voxel [84].  For example, it has been noted in 

phantoms that a heterogeneous temperature distribution will create a heterogeneous 

χ(.̅′), creating an error in PRF-based temperature measurements [104]. 

The third implication of Equation 9 is sample movement will cause changes in 

the B-field in the sample because it will alter ( )'rχ .  A common source of moving in 

vivo is breathing which is unavoidable in living subjects.  Motion artefacts and their 

corrections are discussed in the following section. 

 It is important to note that there is a small component of ()+ (and χ) that is due to 

the magnetization of the nuclear spins.  As a direct result, Equations 8&9 show that the 
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B-field depends on the direction and magnitude of the nuclear magnetization within the 

sample.  The result is that the equations of motion of magnetization become non-linear, 

and this non-linearity is directly responsible for the phenomenon of iMQCs.  In terms of 

susceptibility artefacts during PRF thermometry, however, the nuclear component of ()+ 

is small; the magnetic susceptibility of water is on the order of -10 ppm, while the 

nuclear component is on the order of 0.01 ppm [105].  The physics of dipolar field effects 

and iMQCs will be discussed in more detail below. 

2.3.5.3 Motion Artefacts 

Motion artefacts are an intensely studied source of error in PRF thermometry.  

Motion artefacts during MR thermometry can be classified as intra- and inter-scan 

motion [86].  Intra-scan motion is problematic for all MR imaging, not just thermometry.  

Intra-scan motion occurs when the imaged object moves between the acquisition of the 

first and last line of k-space of a single image, causing ghosting and blurring of the 

image. 

Inter-scan motion artefacts are caused by changes in the magnetic susceptibility 

distribution between scans.  As shown by equations 8&9, the B-field at a given point in 

space depends explicitly on the value of χ at all other points in space.  Thus if the patient 

moves between two scans – even if the movement is outside the imaging plane – then 

the B-field in the imaging plane will change.  This will appear as an artificial shift in 

temperature.  Empirical studies of the breast have shown that cardiac motion and 
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respiratory motion cause errors of 3°C and 13 °C respectively [106].  Another study in 

the breast found motion-related errors up to 40 °C near the chest wall, with errors 

decreasing to 0 °C far from the chest wall [107].  In both hyperthermia and ablation 

experiments, errors this large would render temperature images useless. 

Several strategies exist that compensate for inter-scan motion artefacts during 

PRF thermometry.  One strategy, discussed below in the spectroscopic thermal imaging 

section, relies on correcting for motion-induced field shifts by referencing the water 

frequency to the frequency of a temperature-independent peak.  There are, however, 

motion correction strategies that do not require spectroscopic imaging, and those will be 

described here. 

To correct for inter-scan motion artefacts during PRF thermometry of the liver, 

one approach used navigator scans and multiple baseline images each with a different 

position in the respiratory cycle [108].  Navigator scans are one dimensional images 

acquired after each excitation to track organ (e.g. diaphragm) motion.  Navigator scans 

were used for creating baseline images for phase subtraction and temperature images.   

For baseline images, 8-12 images were generated each at a different time in the breathing 

cycle.  For temperature images, the position of the diaphragm from the navigator scan 

was used to generate the baseline image for subtraction [108].  The navigator-triggered-

multi-baseline approach gave had a temperature noise of approximately 5 °C (Figure 9 



 

44 

in ref [108]) while the data with only triggering had a temperature noise of 

approximately 20 °C, which is a large improvement. 

Another approach, called referenceless thermometry, estimates the non-

temperature-dependent (i.e. background) image phase from each image acquired during 

heating [109].  The background phase image is then subtracted from the raw phase 

image, leaving only the temperature-dependent phase shifts.  Estimation of the 

background phase is achieved by defining a contour in the raw phase image that 

surrounds the heating focus but is large enough away to not contain any heated voxels.  

Next, for each timepoint a polynomial is fit to the unwrapped phase in the contour, and 

the fit polynomial inside the contour is used as the baseline phase image for subtraction.  

A later study found that referenceless thermometry gave similar measurements as 

phase-subtraction thermometry during treatment of uterine fibroids, suggesting it is 

useful for that application [110]. 

2.3.5.4 Temperature dependence of tissue conductivity 

A radiofrequency electromagnetic field incident on tissue will undergo a phase 

shift due to the tissues conductivity [111].  Because the conductivity of tissue is 

temperature dependent, the effective phase of RF excitation pulses will also be 

temperature dependent.  Thus when phase mapping is used for thermometry, the 

temperature dependent excitation phase will introduce additional temperature 

dependence into the phase of the MR image [112].  This would make the image phase 
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not follow the expected relationship with temperature, and result in a temperature error 

in the image. 

2.3.5.5 Presence of other peaks in the spectrum 

The presence of more than one compound in the NMR spectrum of tissue will 

complicate the relationship between the frequency of water and image phase (Equation 

2).  As a common example, suppose that there is a temperature dependent resonance 

(water) and a temperature independent resonance (fat).  As temperature increases, the 

water resonance will shift but the fat resonance will not.  This effect is shown in Figure 3 

for pure water (black) and 5:4 water:fat mixture (blue).  As expected, the pure water 

curve exhibits a linear increase in phase with frequency.  However, in the mixed sample, 

one detects the phase of the vector sum of the fat and water component, which in 

general is not equal to the phase of the water component.  Importantly, the slope of the 

mixture curve is variable and not equal to the slope of the pure water curve.  This could 

lead to large (>10 °C) errors in measured temperature change. 
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Figure 3: the relationship between MRI signal phase and water frequency for 

pure water (black) and 5:4 water:fat magnetization ratio. 

2.3.6 Spectroscopic thermal imaging and referenced thermometry 

This section describes spectroscopic thermal imaging methods, which overcome 

some of the limitations described in Section 2.3.5 . 

2.3.6.1 The motivation or spectroscopic thermal imaging 

Many of the limitations of PRF thermometry are evident during thermal therapy 

of breast.  When the patient breaths, Equation 9 shows that the magnetic field in the 

breast can shift by 0.1 ppm or more, equivalent to an artificial temperature change of 

more than 10 °C [106].  Without any correction for breathing, a 10 °C error makes PRF 

thermometry useless in the breast, especially when hyperthermia aims for increasing the 

temperature by 3 – 5 °C. 

Note, however, that the spatial magnetic field variations induced by motion or 

field drift have a distance scale much larger than a typical voxel.  As a result, motion or 

drift will shift the fat and water peak in a voxel by the same amount.  Thus motion and 
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drift will change the resonance frequency of both peaks, but not the frequency difference 

between the peaks.  Importantly, the frequency difference has the same temperature 

dependence as water (10 ppm/°C) [113].  The result is a PRF-based temperature 

measurement that is less sensitive than sGRE to drift and motion.  The rest of this section 

reviews frequency-difference, or “referenced thermometry”, techniques. 

2.3.6.2 Line Scan Echo-Planar Spectroscopic Imaging 

It is beyond the scope of this dissertation to review all spectroscopic thermal 

imaging pulse sequences, but the basic principles are revealed by the line scan echo 

planar spectroscopic imaging (LSEPSI, Figure 4) pulse sequence [113-117]. 

 

Figure 4: LSEPSI pulse sequence.  ACQ indicates the position of data 

acquisition. 
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The key features of LSEPSI are column selection and multi-gradient-echo (MGE) 

encoding.  Column selection is achieved with two orthogonal slice selection gradients.   

Note that no phase encoding is used in this sequence; one spatial dimension is read 

encoded and the other is encoded by shifting the position of column selection.  

Following column selection, a MGE encoding scheme creates a stack of one dimensional 

images for various echo times.  To prevent gradient polarity artefacts, acquisition occurs 

only during positive read encode gradients, as indicated by the ACQ label in Figure 4.  

Note that the directions of the column long axis and read encode gradients are parallel.  

After line scanning the position of the column selection across the field of view, a three 

dimensional dataset is obtained: a spatial dimension parallel to the column long axis, an 

orthogonal spatial dimension encoded by line scanning the column selection position, 

and a time dimension that samples various times in the FID.  Spectra are obtained by 

applying the Fast-Fourier-Transform (FFT) along the time dimension.  In the case of 

LSEPSI images of the breast, a two dimensional array of spectra is obtained that reflects 

the resonance frequency of fat and water in each voxel. 

The question remains, how does one convert the CSI spectra to a temperature 

measurement?  Calculation of temperature images is done on a voxel-by-voxel basis by 

separately fitting each peak in a spectrum (e.g. water and fat peaks), usually with a 

Gaussian.  After the peaks have been fit, the center of each peak is extracted from the 

estimated fit parameters [115].  As an alternative to peak fitting, the FID can be fit in the 
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time domain [113].  The difference between the estimated fat and water frequencies is 

mapped linearly to temperature. 

Because fat-referenced thermometry is relatively immune to motion, 

susceptibility and drift artefacts, some authors have suggested that referenced 

thermometry may provide absolute temperature images [113].  While it is true that fat-

referenced thermometry with MGE sequences can provide an absolute temperature 

measurement, the measurements tend to have inaccuracies on the order of ± 5-10 °C in 

tissue [113, 115].  As shown below, the pulse sequence developed herein has absolute 

temperature accuracy on the order of ± 2 °C in red marrow.  Nonetheless, referenced 

thermometry is still very useful since it is fast (<10 s per scan [115]) and insensitive to 

drift, motion, and susceptibility changes [113, 115]. 

In the following Section (2.3.7), it will become clear that fitting the fat and water 

peaks in red marrow is problematic because they are broad and asymmetrical.  A 

strength of the iMQC thermometry technique is that it makes peak fitting unnecessary. 

2.3.7 Limitations of spectroscopic thermal imaging of red bone 
marrow 

The spectroscopic imaging approach described in Section 2.3.6 is problematic for 

thermal imaging of red marrow.  Figure 5 shows the localized (4x4x4cm voxel) NMR 

spectrum of water in ex vivo porcine red marrow on a 7T small animal imaging scanner 

at various temperatures (data from ref. [3]).  Notice that the linewidth of these peaks are 

on the order of 300 Hz (1ppm), much larger than the frequency shift expected during 
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hyperthermia (0.05 ppm shift for 5°C temperature rise).  Thus the broad linewidth of 

water in RBM makes it is very difficult to measure temperature in red marrow.  

Furthermore, the spectral lines shown in Figure 5 are not Gaussian, making fitting of the 

lines difficult.  For example, note that the pink spectrum corresponding to T = 46.9 °C 

appears to have 3 different local maxima, making any fit to a Gaussian useless.  Finally 

note that there is no hint of the linear relationship between the center of the water peak 

and temperature.  Taken together, these observations seem to suggest that PRF-based 

thermal imaging of red marrow is impossible.  

 

Figure 5: The water peak in red marrow at T = 35-47 °C.  Data from ref. [3] 

Before describing the solution to the problem posed by Figure 5, it is useful to 

examine in more detail why the NMR spectra are broad and asymmetrical.  The reason 

is shown in Figure 6, which describes the microstructure of red bone marrow.  Figure 6a 
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shows a histology slide taken from the literature from the red marrow of a rat.  Clearly, 

RBM is a highly heterogeneous and structured tissue.  The main compartments in RBM 

are the trabecular bone (which gives no iZQC signal), the adipocytes (mostly fat) and 

hematopoietic tissue (mostly water).  Crucially, bone, water and fat have different 

magnetic susceptibilities which broaden the water resonance [1, 2, 84].   

 

Figure 6: the effect of magnetic susceptibility interfaces in red marrow on the 

magnetic field. a) histology of red marrow from female F344 rat taken from reference 

[118].  An adipocyte is approximately 50 microns in diameter.  b) simplified tissue 

model containing only adipocytes (blue spheres) and homogenous hematopoietic 

tissue (white background).  c) 2D cross section taken through calculated B0 field in 

tissue model from frame “b”.  B0 simulation is courtesy of Kevin Claytor.  Three 

adipocytes are circled in red in the lower right corner. 
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A simplified model of RBM is shown in Figure 6b.  This model is simplified in 

the sense that it contains only spherical adipocytes and homogeneous hematopoietic 

tissue, and excludes trabecular bone.  Because adipocytes and hematopoietic tissue have 

different magnetic susceptibilities, they will distort the magnetic field on a distance scale 

comparable to an adipocyte (Equation 9.)  That is, in a sample of pure fat or water, the B0 

would appear spatially homogeneous on a 100 μm distance scale.  In RBM, however, the 

B0 field will appear as shown in Figure 6c, where parts of the field are shifted by as 

much as ±100 Hz.  This immediately explains the broad spectral lines shown in Figure 5: 

the microstructure and susceptibility interfaces found in RBM broaden the NMR signal 

of water and obscure any temperature dependent contribution to the resonance 

frequency.  In actual RBM, the trabecular bone is the dominant source of broadening [1, 

2, 84]. 

Fortunately, Figure 6c also begins to explain how iMQCs could solve the 

problems associated with PRF-based thermal imaging of red marrow.  Consider three 

adipocytes, circled in red in the lower left-hand corner of Figure 6c.  While the water in 

the immediate vicinity of the adipocytes is shifted up to 100 Hz from water in other 

portions of the image, the magnetic field inside the adipocytes and the magnetic field in 

their immediate vicinity is actually quite similar.  Thus if it were possible to measure the 

frequency difference between fat in a adipocyte and the water in its immediate vicinity, 

this difference would be less sensitive to B0 broadening but still retain the temperature 
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dependence of the water resonance frequency.  As will be shown in detail herein, iMQCs 

allow one to measure the frequency difference between nearby fat and water spins.  

Original contributions made in this dissertation (Sections 4-6) show that iMQC-based 

frequency difference measurements provide enormous and quantifiable advantages for 

thermal imaging of red marrow. 
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3. Fat-water intermolecular multiple quantum 
coherences 

This section will overview the physical principals behind iMQCs in the context of 

their use for thermal imaging of red marrow. 

3.1 Intro 

In order to understand iMQCs, one must understand two distinct concepts.  The 

first concept is the density matrix description of iMQCs (Section 3.2).  The second 

concept is the nuclear dipolar demagnetizing field (Section 3.3).  Section 3.4 combines 

these two concepts and gives a formal description of the pulse sequence developed in 

this dissertation.  Section 3.5 expands upon Section 3.4 by explaining in more detail the 

formation of echoes originating from fat-water iMQCs.  As a side note, one can 

completely describe iMQCs without the density matrix, but that explanation provides 

less physical intuition than the density matrix and will not be described here.  Much of 

the material in this section is derived from [119-121]. 

3.2 Basics of the density matrix 

The density matrix is a mathematical formalism that allows one to describe the 

statistical (i.e. average) properties of an ensemble of nuclear spins.  Thus the density 

matrix for a test tube of NA water molecules tells us macroscopic properties about the 

sample such as the magnitude and direction of sample magnetization.  Conversely, the 

density matrix tells us nothing about the state of a particular spin in the sample.  As an 
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analogy, in an introductory statistical mechanics course one learns to write the 

temperature, pressure, energy, entropy, etc. of an ensemble of gas molecules, even 

though no information is known about a particular gas molecule.  In much the same 

way, the density matrix contains all information needed to calculate the temperature (if 

the system can in fact be described by temperature), energy, and entropy of an ensemble 

of nuclear spins. 

3.2.1 Formal definition of the density matrix 

The density matrix is formally defined as  

 ρ ϕ ϕ=  (10) 

where |φ> is the spin wavefunction of the most elementary component in the sample 

(i.e. a single molecule or single spin) and the overbar indicates the ensemble average.  

One can cast ρ as a matrix operator in a basis described by basis states |φi> by 

evaluating 

 ij i jρ ϕ ρ ϕ=  (11) 

where ρij is the entry in the i-th row and j-th column of the density matrix. 

 Take an illustrative example of a test tube of water where all nuclear spins have 

their magnetic moment pointed in the y direction.  Note that this physical situation 

corresponds to maximal phase coherence in the ensemble.  The spin wavefunction 

describing a single spin would be  
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 ( )1

2
y z i zϕ = + = + + −  (12) 

The density matrix would then be (dropping the overbar because all spins are in the 

same state): 

 
( ) ( )

( )

1 1

2 2

1

2

z i z z i z

z z i z z i z z z z

ρ = + + − + − −

= + + + − + − + − + − −
 (13) 

and in matrix form (using Equation 11) the density matrix is 

 ( )11 1
1

12 2
y

z z z z i

z z z z i

ρ ρ
ρ σ

ρ ρ
 + + + − − 

= = = +   − + − −   
 (14) 

where 12 is the identity matrix and 34 is the y Pauli spin matrix.  Thus we have the 

intuitive result that an ensemble of spins with magnetic moment all in the y direction are 

described by a density matrix that contains the “y” Pauli spin matrix.  The density 

matrix can also describe much more complicated spin states including those with 

multiple spin nuclei, nuclei with spin > ½, and entangled states. 

 Next consider a sample containing an ensemble of nuclear spins in superposition 

between states |+z> and |-z> with relative phase described by uniform phase probability 

density over the range 0-2π.  This uniform phase probability is valid at thermal 

equilibrium, and is called the hypothesis of random phases.  Here, the phase indicates 

the direction of the nuclear magnetic moment in the x-y plane.  The wavefunction for 

any single spin with phase θ is 
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 ( )1

2

i
x e x

θϕ = + + −   (15) 

The density matrix for this state is then 

 
11

.
2 1

i

i

e

e

θ

θ
ρ

−

 
 =
  

 (16) 

As mentioned above we have invoked the hypothesis of random phases, so that when 

taking the ensemble average the 5±78222222 terms average to zero.  These terms average to zero 

because the integral of sinusoidal functions across one period (2π rad in this case) equals 

to zero.  Thus in this case the density matrix is 

 
1 01

.
0 12

ρ  
=  

 
 (17) 

Note that the off-diagonal terms in Equation 17 are equal to zero.  Thus we reach the 

straightforward conclusion that off diagonal terms in the density matrix represent phase 

coherence in the ensemble.   

 The entire purpose of calculating the density matrix is to predict the behavior of 

macroscopic observable quantities during an NMR experiment.  In a typical NMR 

experiment one uses electromagnetic induction to detect the x and y components of 

magnetization as they precess in an RF coil.  To calculate the x and y components of 

magnetization from the density matrix, one calculates the expected value of observable 

operators Io as 
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 { }o oI Tr Iρ=   (18) 

where o=x,y and designates the observable quantity one is interested in measuring, and 

Tr extracts the trace of the matrix product ρIo. 

3.2.2 Time evolution of the density matrix 

Once one writes down the density matrix, it is useful to describe how the matrix 

evolves through time as the sample is pulsed with RF fields and B0-field gradients.  The 

equation that describes the time dependence of the density matrix is the von Neumann 

equation:  

 [ ],i Hρ ρ=&h   (19) 

where H is the Hamiltonian of the system and ρ is the density matrix.  The von 

Neumann equation can be thought of as the Schrodinger equation in matrix or operator 

form.  Note that the Hamiltonian describes all magnetic interactions with the nuclear 

spins.  In general, these interactions can include those that are intrinsic to a molecule 

(e.g. J-couplings, dipolar couplings), those that are created by the experimenter (e.g. B0, 

magnetic field gradients, RF pulses), and those created by susceptibility effects.   The 

von Neumann equation states that magnetic interactions cause the density matrix to 

evolve through time. 

 As a simple example of time evolution of the density matrix, consider how the 

density matrix describing “x” magnetization of a fat spin evolves under a long range 

dipolar coupling with water.  The dynamics of long couplings is actually extremely 
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complex, so the following argument will operate under three constraints [122].  First, 

Dt<<1, where D is the long range dipolar coupling strength in 1H-Hz and t is the total 

time that the system evolves under long range dipolar couplings.  Second, t << τd = 

1/(γμ0M0), where τd is the dipolar demagnetizing time.  Third, ωw-ωf>>D, where ωw and 

ωf are the angular resonance frequencies of the fat and water spin, respectively.  These 

three constraints are satisfied during HOT experiments in red marrow.   

Under the above three constraints, the Hamiltonian and density matrix are 

 ( ) 1
0

2

zw zf

xf

H DI I

t bIρ

=

= = +

h

  (20) 

where b is a small (<<1) number that describes the amount of coherence in the system, 

and Ixf is the “x” Pauli spin matrix for fat multiplied by 1/2 in the two-spin (fat and 

water) basis set.   

At this point we can make a simplification that will be tacitly made in the rest of 

this document; the density matrix term proportional to the identity matrix (Equation 20) 

will be dropped.  This simplification is valid because the identity matrix commutes with 

all matrices and according to the von Neumann equation is therefore a constant of 

motion.  The resulting matrix is formally called the “reduced density matrix” but will be 

referred to as the “density matrix” for brevity. 

Now considering the time evolution of the system described by Equation 20:  
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 ( ) ( )0 , 0 DI I , bI I Izw zf xf zw yfi H i Dbρ ρ   = − = − = −   &  (21) 

and the dipolar Hamiltonian has created a term proportional to IzwIyf .  This term is called 

an anti-phase term, and can be interpreted as “y” magnetization on a single fat spin that 

depends on the z-direction of another water spin in the sample.  Notably, anti-phase 

density matrix terms have no NMR signal.  Also, it is not immediately obvious why 

there should be a dipolar coupling between a spin on a water molecule and a spin on a 

fat molecule; dipolar couplings of this nature are discussed in Section 3.3. 

The reverse of Equation 21 is responsible for the creation of the signal from 

iMQC pulse sequences.  Section 3.4 will describe the pulse sequence HOT, which creates 

a density matrix similar to IzwIyf.  Under the same three constraints described above, the 

evolution of that density matrix under the dipolar Hamiltonian is  

 ( ) ( )0 , 0 DI I , bI I I
4

zw zf zw yf xf

Db
i H iρ ρ   = − = − − = −   &  (22) 

Equation 22 shows that dipolar couplings can create a detectable signal (Ixf) from an anti-

phase term (-IzwIyf) in the density matrix. 

3.2.3 N-quantum coherences 

As shown above, off-diagonal terms in the density matrix indicate phase 

coherence in the ensemble.  The key difference between coherences and populations, the 

diagonal elements, is that when the density matrix is expressed in the Hamiltonian 
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eigenbasis, populations are stationary in time but coherences oscillate through time.  

Here we will derive the oscillation frequency of coherences with order N=0,±1, ±2. 

3.2.3.1 Single quantum coherences (N=±1) 

Consider the case of an ensemble of spin ½ nuclei evolving under a static 

magnetic field.  In this case the Hamiltonian is  

 0 ,zH Iω= −  (23) 

meaning that the nuclear potential energy depends only on the z-component of the 

nuclear magnetic moment (Iz) and the Larmour frequency of the spin (ω0).  Note that we 

have used the physically intuitive convention where the magnetic field is in the +z 

direction and where a positive z-component of nuclear spin results in lower energy.   It 

will be convenient for this discussion to switch the basis used to represent coherences; 

instead of using the x,y,z basis we will use the shift operator (+,-,z) basis.  Consider the 

case when the reduced density matrix is an “x” coherence.  In the shift operator basis we 

have 

 ( ) ( )1
0

2
xt I I Iρ + −= = = +   (24) 

where I+=Ix+iIy and I-=Ix-iIy are the raising and lowering operators, respectively.  In order 

to evaluate how Ix evolves through time, the von Neumann equation shows that we will 

have to evaluate the following commutators: 

 [ ],zI I I± ±= ±h  (25) 
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  The evolution of I+ through time is found by solving the von Neumann equation 

for the general solution 

 ( ) .c t Iρ+ +=   (26) 

where c(t) is a complex number.  In this case plugging equation 26 into the von 

Neumann equation gives 

 ( ) [ ] ( ) ( ) ( )0 0 0, ,z
i i i

c t I H I c t I c t I i c t Iρ ρ ω ω ω+ + + + + + = = − = = = & & h
h h h

  (27) 

which reduces to the simple linear first order differential equation 

 ( ) ( )0c t i c tω=&  (28) 

The solution to equation 28 (assuming c(t=0) = 1) is  

 ( ) 0i t
c t e

ω=   (29) 

resulting in the time evolution of a +1-quantum coherence in a static magnetic field: 

 ( ) 0i t
t I e

ωρ+ +=  . (30) 

Thus we have reached the important conclusion that as time progresses a +1-quantum 

coherence remains as such, but acquires phase at the rate +ω0.  A similar analysis shows 

that terms like I- acquires a phase at rate –ω0, so that the evolution can be summarized by 

the equation 

 ( ) 0i t
t I e

ωρ ±
± ±= . (31) 

Note that Equation 31 predicts that the spin will precess clockwise in the x-y 

plane (when looking from +z) because 
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( ) ( )( ) ( ) ( )( )

( ) ( )

0 0

0 0 0 0

0 0

1 1

2 2

2 2

cos sin

i t i t

x y x y

i t i t i t i t

x y

x y

t t I iI e I iI e

e e e e
I I

I t I t

ω ω

ω ω ω ω

ρ ρ

ω ω

−
+ −

− −

+ = + + −

   − −= +   
   

= − + −

 (32) 

3.2.3.2 Multiple Quantum coherences (N=0,±2) 

The discussion in the preceding section allows one to calculate the time evolution 

of multiple quantum coherences.  First note that multiple quantum coherences are 

products between two single quantum operators on two different spins.  For example if 

we are interested in a +2 quantum coherence between two spins indexed 1&2, the 

density matrix would be written as I1+I2+.  Similarly, a 0-quantum and -2-quantum 

coherence would be written as I1-I2+ and I1-I2-, respectively.  How intermolecular multiple 

quantum coherences are created will be discussed in Section 3.4.  Here, we will derive 

the evolution frequency of multiple quantum coherences. 

To find the frequency, one assigns a time dependent phase (Equation 31) for each 

term in the density matrix product.  Each term in the product can be treated separately 

because all operators for one spin will commute with all operators from another spin.  

For example, the time dependent density matrix of a double quantum coherence 

evolving only under a static magnetic field is 

 ( ) ( )0,1 0,20,1 0,2

1 2 1 2

i ti t i t
t I e I e I I e

ω ωω ωρ +
++ + + + += =  (33) 
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where ω0,1 and ω0,2 are the resonance frequencies of spins 1&2, respectively.  Note that 

the +2 quantum coherence evolves at approximately twice the resonance frequency (ω0,1+ 

ω0,2) of a single spin.  Under this line of argument, there are 4 possibilities for a pairs of 

spins.  Double quantum coherences occur when the two spins in the density matrix 

product have the same sign (I1±I2±), resulting in the frequencies ±(ω0,1+ ω0,2).  Zero 

quantum coherences occur when the two spins in the density matrix product have 

opposite sign (I1±I2∓) and have frequency ±(ω0,1- ω0,2).   

It was argued above that a technique is needed that can measure the difference 

frequency between a fat spin in an adipocyte and a water spin in the immediate vicinity 

of the adipocyte.  With the correct pulse sequence, iZQCs can be created that evolve at 

the frequency difference between a fat and water spin (e.g. ω0,f- ω0,w).  Thus iZQCs 

oscillate at a frequency that is ideal for temperature imaging of RBM. 

Suppose we wish to detect an iMQC.  If we wanted to detect the x-magnetization 

on spin 1 in the iZQC I1+I2-, we would use equation 18 and evaluate: 

 { }1 1 2 2

1

0 0 0 0

1 0 1 0 0 01 1
0

0 0 0 0 0 02 2

0 0 0 0

x xiZQC
I Tr I I I Tr I Tr+ − −

  
        = = = =           
    

 (34) 

where the subscript on the 2x2 matrix indicates that it represents the state of the 

subsystem of spin 1.  Repeating this calculation for the x- and y-magnetization for any 

iMQC would verify that iMQCs have no observable magnetization.  Thus we reach the 
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conclusion that iMQCs cannot be directly detected with electromagnetic induction, 

because they have no magnetic dipole (i.e. 〈;<〉 = 〈;?〉 = 0).  We will see below that 

iMQCs are actually detected indirectly by converting them to single spin, single 

quantum operators. 

3.2.3.3. The equilibrium density matrix: the starting point for all 
density matrix calculations 

Temperature imaging experiments start with a sample of red bone marrow in 

which the nuclear spins are in thermal equilibrium with their surroundings.  It is 

therefore necessary to calculate the density matrix for an ensemble of spins in thermal 

equilibrium with its surroundings.  Note that the argument in this section applies to any 

sample, whether it is a test tube of water, a sample of RBM, or a solution of purified 

protein in water. 

The density matrix at thermal equilibrium is given by the ensemble’s Zeeman 

Hamiltonian and Boltzmann’s distribution: 

 { }
/

/

z

z

H kT

eq H kT

e

Tr e
ρ

−

−
=  (35) 

where Hz is the Zeeman Hamiltonian, which is the sum of all the Zeeman energies for all 

N spins in the system.  Hz is given by 

 0, ,

1

N

n z n

n

H Iω
=

=∑h  (36) 
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where ω0,n is the Larmour frequency of spin n and Iz,n is the operator for the z-

component of the spin n [105].  It is difficult to calculate the evolution of the matrix in 

Equation 35 using the von Neumann equation.  Therefore, a simplification is typically 

made by expanding exponential in the numerator w.r.t the Hamiltonian to second order: 

 
2

/ 1
~ 1

2
zH kT z zH H

e
kT kT

−  − +  
 

 (37) 

 resulting in an equilibrium density matrix of  

 { }

0 ,
, 0 , 0 ,m , ,1 1 1

/

1
N N Nn

z n n z n z mn n m

eq H kTz

I I I
kT kT

Tr e

ω
ω ω

ρ
= = =

−

 − +  
 =

∑ ∑ ∑
h h

  

(38) 

where m≠n.   Now the equilibrium density matrix is just a sum of terms that look like 

either one spin operators (e.g. Iz1) or two spin product operators (Iz1Iz2).  The dynamics of 

both one spin and two spin operators are relatively simple to analyze with the von 

Neumann equation.  In particular, we will see that for the HOT pulse sequence, single 

quantum coherences will originate from terms in ρeq proportional to Inz, and iMQCs will 

originate from terms in ρeq that are proportional to IznIzm.  As a side note, it is possible for 

intramolecular MQCs to arise from first order terms in the density matrix if the two 

spins participating in the MQC are J-coupled, but this case is not immediately relevant 

to thermometry and thus will not be discussed here. 

 It is worth noting that while the derivation of the equilibrium density matrix in 

Equations 37&38 seems relatively straightforward, it actually required a major 
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conceptual jump in NMR theory to understand why the second order terms in the 

Taylor expansion should not be dropped.  Before the iMQCs were discovered, the 

approximation in Equation 37 was typically truncated at the linear term in what was 

called the “High Temperature Approximation (HTA)”.  There were two rationales for 

the HTA.   

First, the coefficient in from of the linear term (ħω0,n/kT) is several orders of 

magnitude larger than the coefficient in front of the quadratic term (ω0,n ω0,m (ħ/kT)2).  

Take, for example, a proton resonance frequency of 120 MHz (typical of a clinical MRI 

scanner) which at body temperature gives ħω0,n/kT~2✕10-5 and ω0,n ω0,m (ħ/kT)2~4✕10-10.  

Thus the quadratic terms are approximately 200,000 times smaller at 120 MHz than the 

linear terms.  In most cases, terms that small can safely be ignored. 

 The second rationale for dropping the quadratic terms in Equations 37&38 is that 

for most pulse sequences, two-spin terms in the density matrix have no net magnetic 

moment, and thus create no signal.  Thus iMQCs have no magnetic moment, and cannot 

be directly detected with NMR. 

 In what was originally an extremely controversial result, Warren et. al. described 

a simple experiment with results that were impossible under the HTA [123].  How are 

the rationales for the HTA incorrect?  Briefly, one cannot drop the quadratic terms in ρeq 

based on the size of their coefficient (1st rationale) because in a sample of NA spins, there 

are (NA)2 pairs of spins.  Thus the small coefficient in front of the quadratic terms is 
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counteracted by their large number [105].  The second rationale also turns out to be false, 

because relatively simple pulse sequences can create nonzero average dipolar couplings 

between a single spin and its surrounding spins.  These dipolar couplings can cause two 

spin operators that originate from the quadratic term of ρeq to evolve into one spin 

operators with large macroscopic signal.  Thus the assumptions that most theorists used 

to generate ρeq turned out to incorrect in situations where spins interact through nuclear 

dipolar couplings.  The next section will describe how long range dipolar couplings can 

be established between spins on different molecules. 

3.3 Intermolecular dipolar couplings in liquids 

A fundamental insight that enabled understanding of iMQCs is that simple pulse 

sequences can create dipolar couplings between spins on different molecules.  These 

intermolecular couplings enable detection of intermolecular MQCs.  Much of the 

discussion in this section is derived from reference [99]. 

3.3.1 Dipolar couplings are zero in homogeneous, isotropic media 

Consider a sphere of water suspended in vacuum which is subject to a static 

magnetic field B0.  The net dipolar coupling between a given spin and all other spins in 

the sample is zero.  The interaction energy between two 1H spins i and j is 

 
2

3

1 3cos
188.7

ij

ij

ij

D
r

θ −
=   

 
 (39) 
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where Dij is the nuclear-nuclear dipolar coupling constant in rad/s, rij is the distance 

between the two spins in nm, and θij is the angle between the internuclear vector and B0.  

Note that Equation 39 gives the magnitude of a spin-spin dipolar interaction, but the 

sign will depend on the relative direction of the spin magnetic moment (e.g. parallel or 

antiparallel).  Also, when Equation 39 is integrated over the surface of a sphere, the 

result is zero. 

It is useful to compare the magnitude of Dij to a typical three bond 1H-1H J-

coupling.  J-couplings of this nature are typically on the order of 10Hz, and J-couplings 

are readily observed on NMR spectra.    Considering several examples for θij = 90°, the 

1H nuclei on water have rij on the order of 1Å giving a Dij = 60 kHz-1H; two 1H with rij = 

1nm (approximate length of cholesterol) give Dij = 0.5 kHz-1H; and two 1H with rij = 1mm 

give Dij = 6 × 10-17 Hz.  While the latter case (rij = 1mm) may seem to constitute a 

negligible Dij, recall that any given NMR sample will contain on the order of NA=6 × 1023 

spins, so the aggregate of all these seemingly miniscule interactions can be substantial.  

Given the magnitude of the dipolar interactions listed above, how is it that they don’t 

cause line-splitting or line-broadening? Experimentally, the linewidth of water in a 

homogeneous magnetic field is < 1Hz-1H, far narrower than the dipolar interactions 

described above.  Some mechanism must exist that causes the net dipolar couplings in a 

sample to be very small. 
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 Dipolar interactions affect NMR spectra weakly because the sum dipolar 

interaction between a spin and all others in a spherical isotropic sample is zero.  This 

occurs even though the dipolar interaction between any given pair of spins can be on the 

order of kHz.  It is useful to split dipolar interactions into two types.  Those that occur 

between spins separated by more than √2BC and those that occur between spins 

separated by √2BC or less.  Here, D is the self-diffusion constant of the liquid, and t is the 

time it takes for a molecule to diffuse an inter-nuclear distance on the order of 1 nm.  For 

both cases, note that the functional form of Equation 39 integrates to zero over the 

surface of a sphere centered at spin i (so that rij is constant over the sphere).   

 In the case where two spins are separated by much more than √2BC, the values of 

rij and θij are approximately constant in time for any specific pair.  In this case, because 

Equation 39 integrates to zero in the range 0 < φ < 2π and 0 < θ < π, the net dipolar 

contribution from all spins pairs separated by a specific distance (rij) from spin i is zero.  

If spin i is in the center of the spherical sample, then this argument can be used on 

consecutive spherical shells until the shell coincides with the edge of the sphere, proving 

that the long range dipolar interactions sum to zero.  Magnetostatics calculations verify 

that the long range dipolar interaction is zero everywhere inside the sphere, not just the 

center [124]. 

 In the case where spins are separated by √2BC or less, the total phase 

accumulation due to dipolar interaction is Dijt and is equal to less than 1e-6 rad [105].  As 
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the two spins diffuse near each-other, they tend to sample all values of 0 < θ < π in time 

t, resulting in the total phase accumulation due to the dipolar reaction being nearly zero.  

In summary at distance scales greater than √2BC, the dipolar interaction averages to zero 

because of sample isotropicity, and at distance scales less than √2BC, the interaction 

averages to zero because of molecular diffusion. 

3.3.2 iZQC-CRAZED - A simple pulse sequence that establishes 
intermolecular dipolar couplings in liquids 

In the previous section we saw that in isotropic liquids nuclear-nuclear dipolar 

interactions are in most cases negligible.  However, certain pulse sequences that use both 

RF pulses and gradient pulses can establish dipolar interactions in liquids that are far 

from negligible.  This section describes the conceptually simplest pulse sequence that 

can create signal arising from nuclear dipole-dipole interactions in isotropic liquids.  The 

pulse sequence described in this section belongs to a class of sequences called COSY 

revamped with asymmetrical z gradient detection (CRAZED).  The particular sequence 

described in this section is called iZQC-CRAZED (Figure 7) because it isolates iZQCs 

and suppresses other coherences.  The concepts in this section also apply to the more 

complicated pulse sequence that is the focus of this document, HOT. 

Figure 7 shows the RF and z-gradient (Gz) pulses used in the iZQC-CRAZED 

sequence.  The nine colored bars below the RF and Gz channels show the x,y and z 

components of the magnetization as a function of position.  The magnetization is shown 
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at three distinct timepoints (one column for each timepoint): immediately after the first 

90°y pulse, immediately after the gradient pulse, and immediately after the 45°y pulse. 

 

Figure 7: Pulse sequence and magnetization for zero quantum CRAZED pulse 

sequence.  The color bars indicate the x,y,z components of the magnetization as a 

function of z-position at three times during the pulse sequence. 

Consider a fully-relaxed and very well shimmed sample of water on resonance.  

After the first pulse, the magnetization is completely pointed along the x direction.  

After a gradient pulse with area 5mm-1, the magnetization is wound up as a helix in the 

x and y direction with a pitch of 200 μm.  Immediately after the 45°y, half of the x 

magnetization is rotated into the z-direction, resulting in periodically modulated 

magnetization along all three Cartesian directions. 
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After the 45°y pulse, a superficial understanding of magnetization dynamics 

would suggest that the signal created by this pulse sequence is zero.  Zero signal is 

expected because an RF coil would detect the average magnetization across the sample, 

and for periodically modulated magnetization the average is zero.  However, the work 

of Warren et. al. showed that the pulse sequence in Figure 7 can in fact create signal with 

similar order of magnitude as the COSY sequence (intermolecular dipolar couplings do 

not occur in a correctly performed COSY experiment).  Thus there must be some 

mechanism that causes iZQC-CRAZED to generate signal after the final RF pulse. 

3.3.3 Periodically modulated z-magnetization creates a dipolar field 
that creates detectable magnetization after iZQC-CRAZED 

Here, we will see that the periodically modulated z-magnetization created by 

iZQC-CRAZED creates a dipolar field.  We will see that the x-magnetization created by 

iZQC-CRAZED evolves under this dipolar field into a state where the average 

magnetization across the coil is no longer zero, thus creating a detectable NMR signal. 

The secular dipolar field created by an arbitrary distribution of magnetization is 

given by 

 ( ) ( ) ( )
2

30 '

3

1 3cos
ˆ' 3 ' '

4 2 '

rr
d zB r d r M r z M r

r r

µ θ
π

−
 = − −∫  (40) 

where θrr’ is the angle between (r-r’) and B0, and M(r’) is the magnetization [125].  

“Secular” refers to the component of the dipolar field isn’t averaged to zero by 

precession.  The physical interpretation of this equation is that the dipolar field at 
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position r is the sum of the magnetic field created by the magnetization in each 

infinitesimal volume element (d3r’) in the entire sample.  Equivalently, Equation 40 

shows that the dipolar field is the convolution of the field from a point dipole with the 

magnetization distribution in the sample.   

Fortunately, the convolution in Equation 40 is straightforward to calculate in the 

spatial frequency domain [126].  Performing the Fourier transform of the secular 

component of BdI gives in frequency space 

 ( ) ( ) ( ) ( )2
0 ˆ ˆ ˆ3 1 3 .

6
d zB k k z M k z M k

µ    = ⋅ − × −   
  (41) 

Here we can make an extremely informative observation by considering a sample that 

extends infinitely in all three spatial dimensions.  If the sample’s magnetization is 

sinusoidally modulated with wavevector D2* then M(k) is non-zero only at D2* in k-space 

and zero everywhere else.  In this case inverse Fourier transform of Equation 41 yields 

 ( ) ( ) ( ) ( )
2

0
0

ˆ ˆ ˆ3 1 3
6

d zB s k z M s z M s
µ    = ⋅ − × −   

 (42) 

where DE* = D2*/GD2*G and s is parallel to the direction of sinusoidal modulation.  Note that 

this is a surprisingly simple result because the dipolar field at a location s depends only 

on the magnetization at that location and the direction of the sinusoidal modulation.  

This is considerably simpler than the general case in Equation 40 where the dipolar field 

explicitly depends on the magnetization at all other places in the sample. 
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 Returning to the iZQC-CRAZED pulse sequence, we see that Equation 42 shows 

that the sinusoidally modulated magnetization in the z-direction after the second pulse 

will result in a sinusoidally modulated magnetic field.  Thus the x,y and z components 

of the magnetization will continue to evolve under this additional dipolar B-field.  They 

key insight is that x and z components of the magnetization begin 180° out of phase with 

each other.  Thus negative x magnetization is in a slightly stronger magnetic field and 

will precess a bit faster than it would without dipolar field effects.  Conversely, positive 

x magnetization experiences a slightly weaker magnetic field and will precess slower 

than without dipolar field effects.  As a result positive and negative x-magnetization will 

be rotated towards the y-direction in such a way that total transverse (x&y) 

magnetization no longer averages to zero across the sample.  Thus we have seen that 

sinusoidally modulated magnetization causes “refocusing” of the iZQC-CRAZED signal 

through dipolar interactions [105]. 

 How does this explanation fit in with the density matrix picture?  If one accepts 

the above argument that modulated magnetization establishes a dipolar interaction, 

then it is useful to think of the dipolar field as a sum of ~NA 0.1 pHz (Equation 39 with 

|rij|=100μm) dipolar interactions.  Each of these seemingly negligible interactions causes 

dynamics of the form seen in Equation 22.  For example, 100ms of evolution under the 

dipolar field, each 2-spin interaction will create Ix terms with coefficient sin(π*0.1e-

12Hz*0.1s)~1e-14. That is, the dipolar interactions covert anti-phase density matrix terms 
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(zero signal) into very small in-phase terms (non-zero signal).  The sum of a very large 

number of these small interactions across the sample will co-add into a detectable signal 

[105].  An explanation for how these anti-phase terms are created is reserved for the next 

section. 

3.4 Coupled spin (density matrix) description of fat-water iMQCs: 
the HOT pulse sequence 

Now that the basics of the density matrix formalism and multiple quantum 

coherences have been described (Section 1.4.2), we are equipped to describe the pulse 

sequence HOT, which uses iMQCs to measure temperature.  The primary function of 

HOT is to isolate iZQCs between fat and water while suppressing other much larger 

coherences.  Herein, we develop the idea that these fat-water iZQCs give a superior 

measure of temperature compared to currently available methods. 
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Figure 8: HOT pulse sequence without echo or detection.  Here we use the 

constraint m+n=1.  Time markers are indicated just under the RF channel and time 

delays are indicated under the Gz channel. 

The pulse sequence diagram for HOT is shown in Figure 8.  Note that up to 

Equation 48 was already done in Gigi Galiana’s dissertation.  As described in Section 

3.2.3.3 we must start from the quadratic terms in the equilibrium density matrix.  Here, 

we will drop the coefficients in from of the terms and just focus on the operators.   

The equilibrium density matrix at time marker 1 is given by. 

 1 fz wzI Iρ =  (43) 

In ρ1 we have dropped all homonuclear (i.e. fat-fat, water-water) terms because these do 

not refocus into an observable signal.   Applying a 90° pulse with phase x creates the 

following double quantum and zero quantum coherences. 

 ( )( ) ( )2

1

4
fy fw fy wy f w f w f w f wI I I I I I I I I I I Iρ + + − − − + + −= − − = = − + − −   (44) 
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Next, we allow ρ2 to evolve under the Zeeman Hamiltonian for time t0 and under 

a gradient pulse with area mGT. 

 

( ) ( ) ( ) ( )

( ) ( ) ( ) ( )

0 0

0 0

3

1
{

4

}

f w f w f w f w

f w f w f w f w

i t i mGT z z i t i mGT z z

f w f w

i t i mGT z z i t i mGT z z

f w f w

I I e I I e

I I e I I e

ω ω γ ω ω γ

ω ω γ ω ω γ

ρ + + + − − + − −
+ + − −

− + + − + − + −
− + + −

= − +

− −
 (45) 

At this point, the density matrix explicitly depends on the z position of the fat and water 

spin (zf and zw, respectively).  The 180° pulse on fat changes the double quantum 

coherences to zero quantum coherences, and vice versa: 

 

( ) ( ) ( ) ( )

( ) ( ) ( ) ( )

0 0

0 0

4

1
{

4

}

f w f w f w f w

f w f w f w f w

i t i mGT z z i t i mGT z z

f w f w

i t i mGT z z i t i mGT z z

f w f w

I I e I I e

I I e I I e

ω ω γ ω ω γ

ω ω γ ω ω γ

ρ + + + − − + − −
− + + −

− + + − + − + −
+ + − −

= − +

− −
 (46) 

Now, the ρ4 evolves under the Zeeman Hamiltonian for time t1 and under a gradient 

pulse with area nGT: 

( ) ( ) ( ) ( )

( ) ( ) ( ) ( )

( ) ( ) ( ) ( )

( ) ( ) ( )

0 1

0 1

0 1

0 1

5

1
{

4

f w f w f w f w

f w f w f w f w

f w f w f w f w

f w f w f w f

i t i t i mGT z z i nGT z z

f w

i t i t i mGT z z i nGT z z

f w

i t i t i mGT z z i nGT z z

f w

i t i t i mGT z z i nGT z

f w

I I e

I I e

I I e

I I e

ω ω ω ω γ γ

ω ω ω ω γ γ

ω ω ω ω γ γ

ω ω ω ω γ γ

ρ + + − + + + + − +
− +

− − + − + − − + −
+ −

− + + + + − + + +
+ +

− + − − + − + − −
− −

= −

+

−

− ( )
}wz

 (47) 

Finally, the 90° pulse on water changes the zero and double quantum coherences to 

single quantum fat coherences antiphase with respect to the water spin. 
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( ) ( ) ( ) ( )

( ) ( ) ( ) ( )

( ) ( ) ( ) ( )

( ) ( ) ( )

0 1

0 1

0 1

0 1

6 {
4

f w f w f w f w

f w f w f w f w

f w f w f w f w

f w f w f w f

i t i t i mGT z z i nGT z z

f wz

i t i t i mGT z z i nGT z z

f wz

i t i t i mGT z z i nGT z z

f wz

i t i t i mGT z z i nGT z

f wz

i
I I e

I I e

I I e

I I e

ω ω ω ω γ γ

ω ω ω ω γ γ

ω ω ω ω γ γ

ω ω ω ω γ γ

ρ + + − + + + + − +
−

− − + − + − − + −
+

− + + + + − + + +
+

− + − − + − + − −
−

= −

+

−

− ( )
}wz

 (48) 

 

At this point we have arrived at a fairly complicated expression for the density matrix 

after the HOT pulse sequence.   

Fortunately, application of a third gradient pulse will greatly simplify the matrix 

and cause an echo to form.  Simplification is achieved by noting that terms that are 

proportional to ( ){ }exp f wGT z zγ + can be dropped because these terms will average to 

zero when we sum the density matrix over all possible pairs of spins1.  Another 

simplification is that the terms proportional to ( ){ }exp f wGT z zγ −  can be approximated 

as a constant.  The approximation of ( ){ }exp f wGT z zγ − as constant is valid partly 

because the dipolar field is only effective at transforming antiphase terms to observable 

magnetization if the two spins are separated by a distance close to H
IJKL

 [123].  Thus 

density matrix terms will be refocused for spin pairs where the distance between the 

                                                      

1 Averaging to zero occurs simply because an oscillating function averages to zero when integrated over 
many periods. 
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spins, and thus ( ){ }exp f wGT z zγ − , is nearly constant.  Terms that are constant are not 

dependent on the position (e.g. zf,zw) and thus do not average to zero when averaging 

across all spin pairs in the coil.  Thus by choosing the area of the third gradient pulse 

wisely, one can refocus different terms in ρ6 by making all terms in the exponent that 

depend on position proportional to MNOPQR S QTU. 

 Next, two possible areas for the third gradient pulse will be analyzed to 

determine the phase of the MRI signal in each case.  Each case refocuses a different 

coherence pathway.  Because of practical differences between preclinical and clinical 

scanners such as gradient slew rates, maximum gradient and RF amplitudes, and 

relaxation times, a different coherence pathway was used on the preclinical scanner 

(Section 3.4.1) than on the clinical scanner (Section 3.4.2). 

 

3.4.1 Case 1: l = 2m 

 

Figure 9: HOT pulse sequence timing for l=2m 
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Consider the density matrix with a third gradient pulse of area 2mGT (l=2m).  The 

pulse sequence is shown in Figure 9.  Without any evolution under the Zeeman 

Hamiltonian during t2 and dropping matrix terms that do not have an exponential term 

proportional to MNOPQR + QTU, the matrix becomes. 

( ) ( ) ( ) ( )

( ) ( ) ( ) ( )

( ) ( ) ( )

( ) ( ) ( )

0 1

0 1

0 1

0 1

2 ,7 {
4

}

{
4

}

f w f w f w f w

f w f w f w f w

f w f w f w

f w f w f w

i t i t i mGT z z i nGT z z

m f wz

i t i t i mGT z z i nGT z z

f wz

i t i t i GT z z

f wz

i t i t i GT z z

f wz

i
I I e

I I e

i
I I e

I I e

ω ω ω ω γ γ

ω ω ω ω γ γ

ω ω ω ω γ

ω ω ω ω γ

ρ + + − + + + + − +
−

− − + − + − − + −
+

+ + − + + − +
−

− − + − + −
+

= −

+

= −

+

 (49) 

Note that this selected the first two density matrix terms in WX.  Evolution under 

the Zeeman and Dipolar (DIfzIwz) Hamiltonians for time 2t0 yields 

( ) ( ) ( ) ( ) ( ) ( )

( )( ) ( )( )

0 1 0 1

0 1 0 1

2 ,8 { }
4

{ }
4

f w f w f w f w f w f w

f w c f w c

i t i t i GT z z i t i t i GT z z

m f wz f wz

i t t i t t

f f

i
I I e I I e

i
I e I e

ω ω ω ω γ ω ω ω ω γ

ω ω ϕ ω ω ϕ

ρ + + − + + − + − − + − + −
− +

− − + + − + +
− +

= − +

= − −

 

(50) 

where YZ = S[MNOPQR S QTU , d represents the amount of in-phase magnetization created 

by the dipolar interaction (calculated in ref. [122]), and the remaining antiphase terms 

have been dropped because they do not create observable signal.  As described in 

Section 3.5, an echo forms at time marker 8 when the system is in state WI\,]. 

 Now it is useful to calculate the phase of the magnetization described by state 

WI\,].  The magnetization in the transverse complex plane is  
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 { } { }2 ,8 2 ,8x y m x m yM I i I Tr I iTr Iρ ρ= + = +   (51) 

Plugging through the matrix algebra and using basic trigonometric identities gives  

 ( )( )0 1cos
4 2

x w f c

d
I t t

πω ω ϕ = − + + − 
 

 (52) 

and 

 ( ) ( )0 1sin .
4 2

y w f c

d
I t t

πω ω ϕ = − + + − 
 

 (53) 

Thus at the location of the echo (time marker 8) the phase of the MRI signal varies 

linearly with the frequency difference between fat and water. 

This dissertation used a multi-spin-echo (MSE) spatial encoding scheme for 

improving the temperature precision of the measurements.  It is therefore useful to 

determine how a π-pulse affects the image phase by calculating the density matrix at 

time marker 9.  Because the system evolves under the Zeeman Hamiltonian for time t2 

both before and after the refocusing pulse, the Zeeman Hamiltonian produces no net 

change in the density matrix.  At time marker 9, the density matrix is just WI\,] exposed 

to a π-pulse: 

( )( ) ( )( )0 1 0 12

2 ,8 2 ,9
8

f w c f w ci t t i t t

m m f f

id
I e I e

ω ω ϕ ω ω ϕπρ ρ − − + + − + +
+ −

 → = −
    (54) 

which has shifted the density matrix by pi radians.  The x and y components of the 

magnetization at time marker 9 are: 
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 ( )( )0 1cos
4 2

x w f c

d
I t t

πω ω ϕ = − − + + − 
 

 (55) 

and 

 ( ) ( )0 1sin .
4 2

y w f c

d
I t t

πω ω ϕ = − − + + − 
 

 (56) 

Note that the refocusing pulse has changed the sign of the coherence frequency because 

P^T S ^RU became – P^T S ^RU after the pulse.  This sign change will have implications 

during reconstruction of MSE-HOT images as described in Section 5.  In particular, even 

iZQC images (2nd echo, 4th echo, 6th echo, etc.) will require a voxel-by-voxel complex 

conjugate to compensate for the frequency sign change. 

3.4.2 Case 2: l = -2n 

This condition was used for MSE-HOT experiments on the clinical GE system because it 

allowed for shorter echo times and acquisition of a spin echo before the iZQC echoes. 

 

Figure 10: HOT pulse sequence timing for l = -2n 
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The pulse sequence in Figure 10 is identical to that in Figure 8 up to time marker 6.  At 

time marker 7, no net chemical shift evolution has occurred since marker 6 because the 

system has been evolving under the Zeeman Hamiltonian for time t2 on either side of a 

refocusing pulse.  Thus to find the state of the system at time marker 7, chemical shift 

evolution is ignored, and one only needs to apply the gradient pulse, then apply the pi-

pulse and 2DIzfIzw.  These operations effect WX such that the gradient pulse selects the 3rd 

and 4th term; the refocusing pulse reverses the sign of the SQC coherence order, inverts 

the direction of Izw, introduces a factor of d/2, and the dipolar Hamiltonian removes the 

Izw operator.  Therefore, the density matrix at time 7 is  

 
( ) ( ) ( ) ( )0 1 0 1

2 ,7
8

f w f w c f w f w ci t i t i t i t

n f f

id
I e I e

ω ω ω ω ϕ ω ω ω ω ϕρ − + + + − − + − − +
− +

 = − −
    (57) 

After evolution under the Zeeman Hamiltonian for time 2t1 the density matrix becomes 

 

( ) ( ) ( ) ( )

( )( ) ( )( )

0 1 0 1

0 1 0 1

2 ,8
8

8

f w f w c f w f w c

f w c f w c

i t i t i t i t

n f f

i t t i t t

f f

id
I e I e

id
I e I e

ω ω ω ω ϕ ω ω ω ω ϕ

ω ω ϕ ω ω ϕ

ρ − + + − + − − + − +
− +

− + + − − + +
− +

 = − −
  

 = − −
  

 (58) 

Again, it is useful to calculate the phase of the magnetization in state WI`,] 

  { } ( )( )2 ,8 0 1cos
4 2

x n x f w c

d
I Tr I t t

πρ ω ω ϕ = = − + + − − 
 

  (59) 

and 

 { } ( ) ( )2 ,8 0 1sin .
4 2

y n y f w c

d
I Tr I t t

πρ ω ω ϕ = = − + + − − 
 

 (60) 
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 These equations for x&y magnetization will be used during reconstruction when we 

convert image phase to temperature. 

3.4.3 Comparison between the magnetization phase for l=2m and l=-
2n 

As mentioned above, the Case 1 (l=2m) was used on the small animal Bruker 

system and Case 2 (l=-2n) was used on the GE human scanner.  It would be useful to use 

the same calibration curve (i.e. a linear relationship between ^TS^R and temperature) 

for both scanners.  This is accomplished by defining the complex number d(x,y) for 

image voxel (x,y) such that the phase of d(x,y) is defined as  

 ( ) ( ) ( )0 1, .w f cd x y t tω ω ϕ∠ ≡ − + −  (61) 

Note that the unknown value YZ is absorbed into this equation.  The magnitude of 

a(b, c) is defined as the magnitude of the iZQC signal, as described in detail in Section 5.  

During reconstruction for both cases, the value ∠a(b, c) is calculated on a voxel-by-voxel 

basis before converting to temperature.  Note that if the pulse sequence in case 1&2 were 

run on the same sample at the same temperature, the image phase would be different for 

both cases but ∠a(b, c) would be the same. 

 ∠a(b, c) is calculated from image phase as follows.  First note that the phase of 

the first detected iMQC echo for the l=2m and l=-2n cases are: 
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( )( )

( )( )

2 0 1

2 0 1

2

.
2

m w f c

n w f c

t t

t t

πϕ ω ω ϕ

πϕ ω ω ϕ−

= − − + + −

= − + − −
 (62) 

For both cases, the first detected iMQC echo is the first echo after the slice selective 

pulse; in case 1 this is the second echo in Figure 9.  Using Equations 61&62 we can arrive 

at simple relationships that will be useful during reconstruction: 

 ( )

( )

2 2

2

2

,
2

,
2

m n

n

m

d x y

d x y

ϕ ϕ π
πϕ

πϕ

−

−

= − −

∠ = +

∠ = − −

 
(63) 

Essentially these equations allow one to calculate the pulse sequence-independent 86 

parameter ∠a(b, c), and thus temperature. 

3.5 Formation of spin echoes with iMQCs 

As remarked above, ρ2m,9 and ρ2n,8 constitute an echo because the ensemble has 

maximal phase coherence in those states.  To better understand why the two states 

correspond to an echo, recall Equation 8 and consider a fat or water spin at position .̅ 

with frequency determined by 

( ) ( ) ( ) ( ) ( ) ( ) ( )( )
( ) ( ) ( ) ( )

0 0 , ,

0 , ,

1 1

1

d mac d mic inh

d mac d mic inh

r B r B B r B r B r

B B r B r B r

ω γ σ γ σ

γ σ

= − = − + + +

= − + + +
 (64) 

where σ is the chemical shift, and second order terms (3d+) have been dropped.  d+,\eZ 

and d+,\fZ are the demagnetizing field created by macroscopic and microscopic 
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susceptibility features respectively.  Examples of macroscopic features are the size and 

shape of a patient.  Examples of microscopic features are susceptibility interfaces 

between adipocytes, hematopoietic tissue, and trabecular bone in RBM.  df`g(.̅) is the 

spatially inhomogenous component of the B-field created by the superconducting coil.  

d* is the spatially homogeneous component of the superconducting magnet.  For the 

sake of simple discussion, it is assumed that the entirety of d+(.̅) can be partitioned into 

one of the three terms d+,\eZ(.̅) , d+,\fZ(.̅) , and df`g(.̅). 

Splitting d*(.̅) into these four terms allows one to make statements about the 

relative B-field experienced by spins separated by approximately 100 μm (a typical 

correlation distance in the HOT experiment).  For spins separated by a distance on the 

order of 100 μm, the terms d*, d+,\eZ(.̅), df`g(.̅) are very similar in magnitude for both 

spins since spatial variation in those terms is small on that distance scale.  Thus if one 

were to look at the difference in resonance frequency between a water and fat spin 

separated by 100 μm, any contribution to the frequency by the terms d*, d+,\eZ(.̅), 

d+,f`g(.̅) would cancel out. 

More specifically, consider the density matrix at time t2=2t0 (case 1), which is the 

only time when the argument of the exponential in WI\ is proportional to ^R S ^T.  Also 

consider a fat spin at position .̅R and a water spin at position .̅T such that G.̅R S

 .̅TG~aZ~100μm.  In this case the resonance frequency difference (^R S ^T) is equal to 
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( ) ( ) ( ) ( )
( ) ( ) ( ) ( )

( ) ( ) ( )( )

0 , ,

0 , ,

0 , ,

1

1

.

f d mac f d mic f inh f

w d mac f d mic f inh f

f w d mic f d mic w

B B r B r B r

B B r B r B r

B B r B r

ω γ σ

γ σ

γ σ σ γ

∆ ≅ − + + +

− − − − −

≅ − − + −

 (65) 

In Equation 65 note that the terms d*, d+,\eZ(.̅), d+,f`g(.̅) have cancelled out 

because they are almost identical for spins separated by aZ.  Also, ∆^ retains its 

dependence on 3T, which is temperature dependent.    At values of t2 greater or less than 

2t0, the magnetization will continue to evolve under the inhomogeneous magnetic field 

terms d+,\fZ(.̅), d+,\eZ(.̅), d+,f`g(.̅), and phase coherence will be decreased.  There is 

therefore an echo at time marker 8 in Figure 9.
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4. Intermolecular zero quantum coherences enable 
accurate temperature imaging in red bone marrow   

Now that we have established the motivation and theoretical framework for 

measuring temperature in red marrow, this section will describe the first 

implementation and characterization of the HOT pulse sequence in red bone marrow. 

[3].  This section shows that compared to traditional spectroscopy-based thermal 

imaging methods, the iMQC method simplifies and narrows the NMR spectrum of 

RBM, and provides ten-fold improved temperature change accuracy. 

4.1 Methods 

4.1.1 Bone marrow samples 

Porcine rib red marrow samples were purchased from a grocery store.  Soft 

tissue was removed around the bone using a scalpel, and individual rib samples were 

frozen and saved for individual use.  Each sample was given a different number (e.g. 

sample 1, sample 2, etc.).  In samples where more than one region was analyzed, each 

region was given a different letter.  For example the two regions of interest in sample 5 

are referred to as sample 5a and sample 5b. 

4.1.2 Imaging console 

All images were acquired on a 7T Bruker 30 cm bore small animal imager (BioSpec® 

70/30; Bruker BioSpin MRI GmbH, Ettlingen, Germany).  The magnet was equipped 
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with an imaging gradient coil system (400 mT/m) and a 1H transmit-receive 

 

Figure 11: Pulse sequence Diagram of ZQSQ-HOT.  The coherence pathway 

that has a temperature-dependent phase is given in the row marked “ρ”.  Iw and If 

represent the product operators for water and the methylene protons of fat, 

respectively. 

coil.  For all imaging and spectroscopy experiments the magnetic field was shimmed 

using the Bruker standard shimming routine. 

4.1.3 ZQSQ-HOT imaging parameters 

The ZQSQ-HOT pulse sequence is shown in Figure 11.  This pulse sequence is 

optimized to detect iZQCs between methylene protons at 1.3 ppm and water protons at 

4.7 ppm.  The second and third RF pulses were frequency selective Gaussian pulses on 

fat and water respectively.  The fourth pulse was a slice selective Shinnar-Le Roux pulse 

on both fat and water.  The value of GT was 10 mm-1 corresponding to a dc of 100 μm, 
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and m and n were 0.7 and -0.3 respectively.  t0, t1, and t2, were 1.7 ms, 3.15 ms, and 20 ms 

respectively.  The top row labeled ρ gives one of the two coherence pathways that are 

detected during the echo labeled iZQC (there is an analogous pathway which starts with 

I-,fI-,w during t0).  Of note is the intermolecular zero quantum coherence involving 

methylene protons and water that exists during t1.  During the time between the third 

RF pulse and the iZQC echo, the secular dipolar coupling Hamiltonian (DIz,fIz,w) and the 

refocusing pulse convert anti-phase coherences (I-,f,Iz,w) into in-phase coherences (I+,f) for 

detection.  A complete derivation is out of the scope of this paper (see section 3.4), but 

phase of the iZQC echo is MOD(2πΔν(t0+t1),2π).  Thus the phase of the iZQC echo is 

temperature dependent because Δν is temperature dependent.  Imaging parameters 

were bandwidth = 22 kHz, 16 phase encoding steps, 32 read encoding samples, FOV = 

3.5 cm × 3.5 cm, and four phase cycled averages.  Reconstruction matrix was 128 × 128.  

Phase cycling parameters were θ1=x, -x, y, -y; θ2= y, -y, -x, x; θ3= x, x, x, x; θ4=-y, y, x, -x; 

iZQC acquisition phase: x, x, -x, -x; SQC acquisition phase = θ1. Images were Fermi-

filtered with the function 

 

 

  

( ) ( ) ( )/ /

1 1
,

1 1
x x x y y y

x y k E T k E T
F k k

e e
− −

=
+ +

 (66) 
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where Ex = Ey = 5 samples and Tx = Ty = 1 sample.  All image processing and 

reconstruction were performed using MATLAB R2013a (The MathWorks, Inc., Natick, 

Massachusetts, United States). 

4.1.4 Conversion of HOT image phase to iZQC frequency 

The iZQC frequency was determined on a voxel-by-voxel basis from ZQSQ-HOT 

images.  Because there is only one peak in the iZQC spectrum, the measured phase of 

the iZQC and SQC images are 
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The phases φiZQC and φSQC will vary as a function of position across the sample.  

The methylene-water iZQC frequency is  
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where n represents the number of phase wraps that occur for an oscillation of frequency 

Δν during t0+t1 of evolution time.  Thus there is still an unknown, n, which in general 

will change between voxels.  To determine n, a guess of Δν = 1 kHz was used and n was 

set equal to the integer value that minimized the expression |Δν – 1 kHz|.  

Determination of n was done on a voxel-by-voxel basis.  After determining n, Equation 

68 was used to calculate images of iZQC frequency. 
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4.1.5 ZQSQ-HOT-CSI 

Spatially resolved iZQC spectra were achieved through combined chemical shift 

imaging (CSI) and HOT.  ZQSQ-HOT-CSI was achieved by generating an image for 16 

equally spaced values of t1 (Figure 1) between 3.85 ms and 7.85 ms resulting in an iZQC 

spectral bandwidth of 4 kHz and a spectral resolution of 250 Hz.  The 16 complex 

images were then placed in a stack in memory and the Fast Fourier Transform (FFT) was 

applied along the t1 dimension, resulting in an iZQC spectrum in each ZQSQ-HOT 

voxel.  For visualization, iZQC spectra were overlaid upon a T2-weighted image of red 

bone marrow. 

4.1.6 Point Resolved Spectroscopy (PRESS) 

Spatially localized spectra (non-iZQC spectra) were generated using the Bruker 

PRESS pulse sequence.  No water-suppression or outer volume selection was used.  The 

PRESS voxel was placed adjacent to a fiberoptic temperature probe in the axial imaging 

plane.  Spectral bandwidth was 4006 Hz and echo time was 20 ms.  Spectra were 

normalized to the maximum signal intensity and were fit with a double Gaussian: 

 ( )
( ) ( )2 2

1 2

2 2
1 22 2S ae be

ν µ ν µ
σ σν

− − − −

= +  (69) 

with initial guesses of a = 0.2,b = 1, c = 0.04, μ1 = 0 Hz, μ2 = 1000 Hz, σ1 = 300 Hz, σ2 = 200 

Hz for all fits.  Fitting was performed with the MATLAB fit routine. 
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4.1.7 Measuring iZQC, fat and water frequencies as a function of 
temperature 

The difference between the water and fat resonance frequencies, Δν, was 

measured in red marrow as a function of temperature using ZQSQ-HOT and PRESS.  

The temperature of the red marrow samples was controlled by blowing heated air over 

the samples.  The temperature of the air was maintained with PID control based on the 

measured air temperature 5cm upwind of the red marrow sample.  The temperature of 

the air was set to Tair = 35 °C, 38 °C, 41 °C, 44 °C, 47 °C, 50 °C.  The actual temperature of 

the red marrow was measured with a 0.56 mm diameter fiberoptic temperature probe 

(model 3100 sensors, Luxtron Corp., Santa Clara, CA).  At each value of Tair, the sample 

was allowed to thermally equilibrate for 30 min-60 min, until the fiberoptic temperature 

probe indicated that the marrow temperature was not changing through time.  After 

thermal equilibration, eight ZQSQ-HOT images were acquired, and the temperature 

measured on the fiberoptic thermometer (Tlux) was recorded during the first and eighth 

ZQSQ-HOT image.  The temperature of the red marrow used for further analysis was 

the average of the two recorded Tlux values.  After acquiring the ZQSQ-HOT images, but 

without changing Tair, PRESS spectra were acquired adjacent to each fiberoptic probe.  

For the PRESS data, the spectra for each value of Tair was fit as described above and Δν 

was calculated to be equal to μ2- μ1.  For ZQSQ-HOT images, the iZQC frequency images 

were calculated separately for each of the eight repetitions, and the average frequency 

over all repetitions was calculated on a voxel-by-voxel basis, resulting in one iZQC 
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frequency map.  The iZQC frequency was determined by drawing a ring shaped ROI 

(i.e. 1 mm, o.d. 2.5 mm) around the temperature probe that excluded the probe itself, 

and taking the average frequency within the ROI.  Finally, Δν was plotted as a function 

of Tlux for both PRESS and ZQSQ-HOT pulse sequences.  The resulting curves were fit 

with 

 ( ) 3737lux CT Cν α ν °∆ = − ° + ∆  (70) 

where Δν and Tlux are measured, α is the temperature coefficient at 7T in Hz/°C, and 

Δν37°C is the value of Δν at a temperature of 37 °C.  Given the experimentally determined 

values of Δν37°C and α, the temperature of the sample is given by   

 ( ) 3737 CT C
ν νν

α
°∆ − ∆∆ = ° +   (71) 

In the case where a change in resonance frequency (Δνshift) is mapped to a change 

in temperature (ΔT), the following equation is used: 

 shift
T

ν
α

∆
∆ =  (72) 

4.1.8 Comparison between T2-iZQC and T2* 

T2-iZQC was measured using the ZQSQ-HOT pulse sequence using a total of 

three marrow samples.  A stack of ZQSQ-HOT magnitude images were created by 

incrementing t1 by 0.25 ms.  For three voxels within each sample, the magnitude in the 
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voxel was fit with an exponential as a function of t1.  The resulting decay time was taken 

as the T2-iZQC. 

T2* was measured with the Bruker multiple gradient echo (MGE) pulse sequence.  

The TE of the first echo was 1.77 ms, and twelve echoes were separated by 2.10 ms 

(minimum echo spacing).  The matrix size and field of view were the same as ZQSQ-

HOT, 16x32 samples and 3.5 cm × 3.5 cm respectively.  Imaging bandwidth was 78 kHz.  

Similar to the ZQSQ-HOT experiments, the magnitude of the image at successive echoes 

was fit with a decaying exponential, and the resulting decay time was taken as the T2*. 

4.1.9 Two dimensional spectra of red marrow using HOT 

The linewidth of the iZQC created by HOT was compared in the indirectly 

detected dimension (during t1) and the directly detected dimension (during t2) using a 

2D HOT spectrum.  To acquire the 2D spectrum, the pulse sequence in Figure 1 was 

used without imaging gradients and with the SQC acquisition window and (m+n)GT 

gradient pulse omitted.  The detection window was opened at the center of the iZQC 

echo.  The sequence was repeated for 64 equally-spaced increments of t1 between 3.85 ms 

and 19.85 ms for an iZQC bandwidth of 4 kHz and a spectral resolution of 62.5 Hz.  

After 2D FFT, the iZQC linewidth was taken as the full width at half maximum (FWHM) 

along the t1 spectral dimension (ν1) and the SQC linewidth was calculated as the FWHM 

along the t2 spectral dimension (ν2).  Differences between the FWHM along the two 
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spectral dimensions were detected for 9 marrow samples using a two-tailed paired 

student t-test. 

4.1.10 Propagation of uncertainty in α to uncertainty in T 

From Equation 71, the uncertainty in absolute temperature is 
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where σΔT and σα are the uncertainty in ΔT and α respectively, Δν includes noise, and 

σΔν37°C,α is the covariance between Δν and α.  Covariances besides σΔν37°C,α were omitted 

because the other possible pairs of variables were uncorrelated. 

Under conditions of low noise and at 37 °C, σT in Equation 73 is dominated by 

uncertainty in Δν37°C: 

 37 Cv

T

σ
σ

α
°∆≈   (74) 

For the purpose of determining how uncertainty in α propagates to uncertainty 

in ΔT in Equation 73, it is useful to set the uncertainty of Δνshift to zero.  In this case the 

uncertainty in ΔT is given by 

 
2
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=   (75) 

4.1.11 Quantification of ZQSQ-HOT temperature precision 

As described above, eight consecutive ZQSQ-HOT images were acquired for 

each value of Tair.  Precision was calculated on a voxel-by-voxel basis by taking the 
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Figure 12: ZQSQ-HOT images in porcine red marrow.  a) a ZQSQ-HOT-CSI 

image overlaid on a T2-weighted image of porcine red bone marrow.  b) PRESS and 

ZQSQ-HOT spectra localized to the red voxel outlined in Figure 2a.  c) An iZQC 

frequency map overlaid on a T2-weighted image of red marrow. 

standard deviation of the eight temperature measurements for each voxel.  Only the Tair 

= 35 °C images were used for calculating precision.  Precision analysis was restricted to 

regions identified as red marrow on T2-weighted images.  Voxels were excluded if their 

mean signal across the 8 images was less than 33% of the maximum within the image.  

The precision measurements from all analyzed voxels for all samples were plotted in a 

single histogram. 

4.2 Results 

The iZQC spectrum localized to red marrow was characterized using ZQSQ-

HOT-CSI (Figure 12).  Figure 12a shows a CSI of iZQC spectra overlaid on a T2-weighted 

image of a porcine rib red marrow.  The spectra in red marrow exhibited one dominant 

peak which is the methylene-water iZQC.  Figure 12b shows the HOT spectrum of the 

voxel outlined in red in Figure 12a, as well as a PRESS spectrum from the same region.  

As in Figure 12a, the dominant peak in the HOT spectrum is the methylene-water iZQC  
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with a small 0 Hz coherence contamination.  Importantly, the iZQC oscillates at the 

frequency difference between the fat and water frequencies, thus retaining useful 

temperature information.  Because only one peak is present in the HOT spectrum, it is 

possible to generate an image of iZQC frequency using phase mapping and Equation 68.  

An iZQC frequency image is overlaid on a T2-weighted image of red marrow in Figure 

12c.  The iZQC frequency appears to decrease near the edges of the marrow due to 

partial volume effects with the non-marrow tissue around the periphery of the sample. 

The temperature dependence of the methylene-water iZQC frequency was 

characterized in porcine red marrow samples (Figure 13).  Figure 13a shows a coronal 

and axial T2-weighted image of a sample of marrow.  In the coronal image, the position 

of the fiberoptic temperature probe can be seen as a dark line in the image as indicated 

by the arrow.  The ring shaped region of interest surrounding the temperature probe is 

seen in the axial image.  Figure 13b shows a series of iZQC frequency overlays at 

temperatures ranging from 37.0 °C -48.0 °C.  The temperature measured on the 

fiberoptic thermometer (Tlux) is given in the title of each image.  As can be seen in Figure 

13b the frequency decreases with increasing temperature, and Figure 13c shows that the 

relationship is linear.  Using the linear frequency vs temperature calibration curve, the 

frequency map can be converted to a temperature map in the marrow region (Figure 

13d). 
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Figure 13: a) T2 weighted images of an ex vivo porcine red marrow sample.  In 

the coronal image, the position of the ZQSQ-HOT imaging slice is indicated with two 

white lines.  Heated air is blown through the RF coil, over the sample. b) iZQC 

frequency maps overlaid on a T2-weighed image of the marrow samples.  c) A plot of 

the iZQC frequency as a function of the temperature measured with the fiberoptic 

thermometer (Tlux).  d) A temperature map for Tlux=37.0 °C, using the calibration 

curve in Figure 3c.   

This study compares Δν measured with PRESS to Δν measured with ZQSQ-

HOT.  A representative PRESS dataset is shown in Figure 14, and this data corresponds 

to sample 5 in the subsequent figures.  Figure 14a & Figure 14b show PRESS spectra in  
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Figure 14: a-d) PRESS spectra in red marrow for temperatures ranging from 36 

°C to 47 °C.  The value of Tlux at the position of the PRESS voxel is given in the legend 

in plot c. a) fat resonance for sample 5a. b) water resonance for sample 5a. c) fat 

resonance for sample 5b. d) water resonance for sample 5b. e) double Gaussian fit of 

PRESS spectrum for sample 5a at Tlux=35.6 °C. f) ν0,f, ν0,w, Δν  for sample 5a as a 

function of temperature. 

sample 5a as a function of temperature.  As can be seen, the resonance of both methylene 

(Figure 14a) and water (Figure 14b) increase with increasing temperature.  Figure 14c 

and Figure 14d show the methylene and water resonances respectively in a separate 

voxel (sample 5b.)  Figure 4e shows a Gaussian fit to the spectrum from sample 5a, 

Tlux=35.6 °C.  In general, the Gaussian function was not able to describe all of the spectral  
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Figure 15: Δν measured with a)PRESS and b)ZQSQ-HOT.  This figure shows 

that Δν can be measured much more reproducibly with ZQSQ-HOT than with PRESS. 

features of red marrow, such as asymmetrical peaks and the presence of methyl, allylic, 

and olefinic resonances.  Figure 14f shows the quantities νw, νf, and Δν that were 

estimated by fitting Equation 69 to spectra from sample 5a.   In general νw and νf 

increased with increasing temperature because the magnetic susceptibility of fat 

increases with increasing temperature [20].  The quantity Δν tended to decrease with 

increasing temperature, following temperature dependence of the electronic screening 

constant of water. 

iZQC frequency vs temperature curves were measured in six separate porcine rib 

marrow samples.  Figure 15a shows ν vs. T curves generated with traditional localized 

spectroscopy (PRESS).  For the PRESS data plotted in Figure 15a, the α and Δν37°C 

parameters had mean and standard deviations of, 0 ± 3 Hz/°C and 1050 ± 80 Hz 

respectively.  The parameters α and Δν37°C had less variation for the iZQC case, -2.9 ± 0.4  
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Hz/°C and 1010 ± 10 Hz respectively.  The α fit for sample 3 was more than 3 standard 

deviations away from the mean for ZQSQ-HOT.  Furthermore, the Gaussian fits to the 

PRESS data for sample 3 had very large error bars, and the fit to Equation 69 was very 

poor.  Omitting sample 3 from the ZQSQ-HOT and PRESS analysis results in α and 

Δν37°C of -3.0 ± 0.2 Hz/°C and 1008 ± 6 Hz for ZQSQ-HOT and -1 ± 2 Hz/°C and 1070 ± 30 

Hz for PRESS.  For iZQC-HOT data, Δν37°C and α were correlated with Pearson’s 

correlation coefficient of -0.89. 

To better understand why the uncertainty of α in red marrow was less when 

measured with iZQCs compared to SQCs/PRESS, the linewidths of iZQCs and SQCs 

were compared.  Figure 16a shows a two dimensional HOT spectra where the iZQC 

evolution during t1 is represented on the vertical axis and the methylene SQC evolution 

during t2 is represented on the horizontal axis.  As can be seen qualitatively in Figure 

16a, the fat-water iZQC cross-peak indicated with the red arrow was narrower as an 

iZQC than as a SQC.  Figure 16b shows the full width at half maximum of red marrow 

iZQCs (ν1) and SQCs (ν2) for nine porcine rib red marrow samples.  On average the 

FWHM of the iZQCs were 75% less than the FWHM of the SQCs. 

The T2* and the T2-iZQC were compared between spatially localized voxels 

within the red marrow.  Magnitude images from the two pulse sequences used in the 

comparison are shown in Figure 17a.  The relaxation of the image magnitude through 

time (t1 for HOT) is shown in Figure 17b.  It is clearly seen in Figure 17b that the T2-iZQC  
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Figure 16: a) Two dimensional iZQC spectra of red bone marrow.  The vertical 

axis (ν1) represents iZQC evolution during t1.  The horizontal axis (ν2) represents SQC 

evolution during t2.  The peak indicated with a red arrow is the methylene-water 

iZQC crosspeak. b) The zero quantum (ν1) and single quantum (ν2) line-widths of the 

methylene-water crosspeak detected with ZQSQ-HOT. 

of water-methylene iZQCs is longer than the T2* of water.  Figure 17c shows that T2* of 

the single quantum coherences measured with MGE are on average 57% of the T2-iZQC. 

The temperature precision of ZQSQ-HOT was quantified.  Figure 18 shows a 

histogram of temperature precision within the red marrow region for samples 1-6.  The 

mean precision was 0.9 °C and the median precision was 0.8 °C. 
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Figure 17: Time domain analysis of water coherence relaxation.  a) Magnitude 

images from ZQSQ-HOT (top) and MGE (bottom) imaging sequences. b) time domain 

evolution of the ZQSQ-HOT and MGE signal magnitude. c) Statistical comparison of 

the transverse relaxation time constants for ZQSQ-HOT (T2-iZQC) and MGE (T2* of 

water). 
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Figure 18: A histogram of ZQSQ-HOT temperature precision (i.e. noise) in 

porcine rib red bone marrow
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4.3 Discussion 

4.3.1 Accuracy of thermometry in red marrow 

A key finding of this study was that the parameter α exhibited much less 

variation between bone marrow samples when measured with ZQSQ-HOT compared to 

PRESS.  This is an important finding because α is the key parameter that allows one to 

map the resonance frequency of water to temperature in tissue.  Error propagation 

(Equation 73) of uncertainty in α to uncertainty in temperature quickly reveals the 

importance of low σα during hyperthermia.  For a typical temperature induced 

frequency shift of Δνshift = 15 Hz and α = -3.0 Hz/°C, the temperature accuracy for PRESS 

(σα = 2 Hz/°C) would be 3.3 °C for a 5.0 °C temperature increase, which is clearly an 

unacceptable level of accuracy.  The same analysis for ZQSQ-HOT (σα = 0.2 Hz/°C) gives 

a temperature accuracy of 0.3 °C for a 5.0 °C increase, which is a ten-fold improvement 

over PRESS, and is sufficient accuracy for most hyperthermia procedures. The line-

widths and relaxation rates were compared between iZQCs and SQCs.  The goal of those 

comparisons was to explain the smaller variation in α observed with iZQCs compared 

with PRESS.  The smaller variation could be due to iZQCs having narrower line-widths 

than SQCs as shown in Figure 16 and Figure 17.  Narrower lines allow more accurate 

measurement of the average resonance frequency of water, thus providing a more 

reproducible relationship between T and ν between samples. 
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It is, however, likely that the ten-fold increase in temperature accuracy is caused 

by more than just line-narrowing.  As can be seen in Figure 12b the HOT peak is 

narrowed by a factor of approximately one third compared to PRESS, but this small 

factor cannot account for a ten-fold decrease in variation of α.  An additional source of 

improved accuracy is that there is only one resonance in the HOT spectrum and so 

instead of suffering from two sources of uncertainty, the center frequencies of water and 

fat, the HOT spectrum has only one source of uncertainty, the center frequency of the 

iZQC.  That is, error propagation predicts that temperature accuracy would increase 

even if the fat and water peaks were combined into one peak with the same linewidth.  

Thus the simplification of the NMR spectrum with HOT should reduce the error 

associated with determining the difference between the fat and water frequencies.   

In addition, Figure 14 shows the shape of the water and fat resonances are not 

Gaussian, Lorentzian, or any other predictable shape.  The line-shape of red marrow is 

strongly influenced by the magnetic susceptibility of trabecular bone surrounding the 

marrow [17,18].  Further broadening of the PRESS spectrum occurs because it is 

impossible to shim the magnetic field at all points in the sample simultaneously.  

Additionally, the fat peak is really a superposition of a methylene peak and smaller 

allylic and methyl peaks.  Thus it is difficult to reliably fit the spectra in the PRESS 

spectrum since the line-shapes are not known a priori.  In contrast, in the HOT spectrum 

no fitting is necessary since the fat-water difference frequency is determined with phase 
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mapping.  Interestingly, there are no observed allylic or methyl peaks in the iZQC 

spectrum.  Suppression of these peaks is partially accomplished through their J-coupling 

to other protons with coupling ranging from J = 6.2 Hz to J = 8.0 Hz [21].  For example, 

for 40 ms of evolution and an allylic-methylene J-coupling constant of 7.1 Hz, the allylic 

proton signal is reduced by 40% due to evolution into undetectable anti-phase 

magnetization.  Since each allylic proton is coupled to two methylene and one olefinic 

proton, J-coupling will attenuate the allylic proton signal to 0.63=0.2 of its maximum 

value.  Thus in red marrow the line-shape of the iZQC resonance is narrower and more 

consistent between samples than the line-shape of SQCs, making iZQCs more suitable 

for thermometry. 

In this study, the performance of HOT was compared to MGE and PRESS.  In 

practice, the temperature of breast and yellow marrow is measured with techniques 

such as line-scan echo planar spectroscopic imaging (LSEPSI) [14] or time-domain fitting 

of MGE signal magnitude [12].  Since it would have been onerous to compare HOT to 

every possible pulse sequence and signal processing routine that has been examined, 

only PRESS and MGE were used for comparison.  Still, PRESS, MGE, and the fitting 

routines used in this study address the most important aspects of currently existing 

thermometry techniques, which are the use of multiple gradient echoes for measuring 

time evolution while imaging, discrimination of fat and water resonances separately 

using spectroscopy, and parameter estimation for detection of the average fat and water 
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frequencies.  It is unlikely that variations of PRESS or MGE will improve the line-widths 

and line-shapes of SQCs in red marrow. 

Because the fat resonance serves as a frequency reference for water, many effects 

that confound thermometry in non-fatty tissues can cancel out in fatty tissues.  For 

example, in a given imaging voxel, the frequency difference between fat and water is 

less sensitive to motion [14,22] and field drift [12] than the water frequency alone.  In 

addition, tissue has a non-zero magnetic susceptibility which is temperature dependent, 

so the field in a voxel will depend on sample geometry and its temperature distribution 

[20,23].  However, for the induced magnetic field created by macroscopic geometrical 

features and temperature variations, the frequency shift will be nearly equal for fat and 

water spins separated by dc (100 μm).  Thus the shift would cancel when taking the 

difference, and it is unlikely that macroscopic susceptibility variations will confound 

ZQSQ-HOT temperature measurements.   An effect that would not cancel out is related 

to the temperature dependence of tissue conductivity [24]. It is known that the magnetic 

field in a radio frequency electromagnetic wave has a phase that depends on tissue 

conductivity.  Because tissue conductivity is temperature dependent, the phase of the 

excitation pulse in ZQSQ-HOT is temperature dependent.  Importantly, the first and 

second echoes in ZQSQ-HOT are excited as different coherence orders, and there will 

therefore be a relative phase shift between the two echoes that depends on RF phase and 

tissue conductivity. 
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4.3.2 The potential for absolute thermometry in red marrow 

An intriguing possibility would be the use of ZQSQ-HOT to measure absolute 

temperature in red marrow.  Absolute thermometry would not only be useful during 

hyperthermia, but also in diagnosis since malignancy has been associated with increased 

tumor temperature [25-27].  For ZQSQ-HOT, accuracy of absolute temperature images 

can be quantified at 37 °C based on the uncertainty in Δν37°C.  In red marrow, Δν37°C was 

1070 ± 30 Hz for PRESS and 1008 ± 6 Hz for HOT.  Given a temperature coefficient of -3 

Hz/°C at 7 T, a temperature accuracy of 10 °C is expected for PRESS and 2 °C for HOT 

(Equation 74).  The 10 °C accuracy for PRESS is comparable to the 14 °C accuracy 

achieved using LSEPSI in breast at 3 T [14].  In the case of ZQSQ-HOT, 2 °C absolute 

temperature uncertainty is still not accurate enough to be useful for absolute 

thermometry in red marrow.   

There are a couple of possible causes of the iZQC peak being shifted by effects 

other than temperature.  First, the preferential sequestration of iron in the water 

compartment of red marrow could shift the water compartment relative to the fat 

compartment due to the high magnetic susceptibility of iron.  Shifting of the water 

resonance due to iron has been observed in liver [28].  Thus, variations in iron 

concentration could cause temperature-independent variations in iZQC frequency.  

Another possibility is that unsaturated carbons could cause a small chemical shift even 
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in distant non-allylic methylene protons, which would make the average methylene 

frequency, and thus iZQC frequency, lipid-dependent.  

4.3.3 Limitations of ZQSQ-HOT 

The greatest limitations of the ZQSQ-HOT technique are that its temperature 

precision and imaging speed are lower than gradient echo-based techniques.  In terms of 

imaging speed, ZQSQ-HOT requires the use of a spin echo-based pulse sequence, which 

are slower than gradient echo-based techniques.   A spin echo is required because the 

magnetization must exist as coherence for several tens of milliseconds before the dipolar 

field can generate sufficient signal for imaging.  Because the T2* of marrow is 

approximately 2 ms in red marrow, gradient echo-based HOT would not generate 

enough signal to create an image. 

Temperature precision for ZQSQ-HOT is limited by SNR, which is in turn 

limited by T2-relaxation of the fat spins.  For example, iZQCs detected with the zero-

quantum CRAZED pulse sequence in a spherical water phantom will have a maximum 

magnetization of 0.25M0 [29], where M0 is the equilibrium longitudinal magnetization.  

At 7 T, the maximum magnetization occurs for an echo time of approximately 150 ms, or 

about 4×T2 of lipids in red marrow.  Thus in tissue, short relaxation times greatly 

diminish the iZQC signal.  In this report, a median temperature precision of 2.2 °C was 

achieved in a 2 minute scan time, which is inferior to the <1°C precision obtained in 6.4 s 

with LSEPSI in the breast [14].  We are currently developing a multi-spin echo based 
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spatial encoding scheme to improve the precision of ZQSQ-HOT.  Due to the SNR and 

speed constraints, ZQSQ-HOT will be most useful during hyperthermia-based 

procedures, where heating times are several tens of minutes, and temperature accuracy 

of less than 1 °C is important. 

4.4 Conclusion 

The pulse sequence ZQSQ-HOT gives a ten-fold increase in temperature 

accuracy compared to existing pulse sequences.  Future work will focus on multi-echo 

spatial encoding for improved precision.  ZQSQ-HOT will be an invaluable tool for 

measuring temperature increases during clinical hyperthermia procedures.
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5. MSE-HOT 

Almost all applications of iMQCs in biological systems, including red marrow 

thermometry, are limited by the signal to noise ratio (SNR) of the iMQC signal.  This 

chapter exploits multiple-spin-echo (MSE) spatial encoding to improve the SNR of 

iMQC sequences.  MSE encoding of methylene-water iZQCs is not trivial because J-

coupling of methylene protons substantially attenuates the fat signal [127, 128], which is 

problematic because iZQCs are often indirectly detected on the methylene spins of fat.  

Fortunately, MSE pulse sequences are known to prevent signal loss due to methylene J-

coupling [127, 128], and it was therefore expected that an MSE pulse sequence would 

increase the iMQC signal intensity of lipid rich tissues such as RBM.   Enhancement of 

lipid signal during MSE experiments is sometimes called the “bright fat phenomenon” 

in biomedical contexts.  Another motivation for the MSE approach is that in tissues 

where iZQCs are most useful, T2* is short and inhomogeneous linewidths are on the 

order of 1 ppm.  Compared to gradient echo or echo-planar schemes, spin echo-based 

schemes are much less susceptible to inhomogeneity and short T2*-related artifacts.  

However, MSE encoding of iMQCs is complicated by the need to detect multiple 

coherence pathways and retain information about the chemical shift of water, which is 

usually refocused by a spin echo.  The MSE-HOT sequence simultaneously overcomes 

the difficulties associated with J-coupling, detection of multiple coherence pathways, 

and retention of chemical shift information. 
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This section implements and tests the MSE-HOT pulse sequence, which triples 

the temperature precision of single-spin-echo HOT (SSE-HOT) in RBM.  Part of this 

precision enhancement is explained by experiments and spin dynamics simulations 

showing that the bright fat phenomenon causes up to an 80% increase in methylene 

signal intensity, which is exploited for improved temperature precision.  The root mean 

squared error of MSE-HOT temperature change measurements was determined by 

comparing MSE-HOT measurements to fiberoptic temperature measurements, resulting 

in an accuracy of 0.6 °C. 

5.1 Methods 

5.1.1 Imaging Console 

All 7T images and spectra were acquired on a Bruker 30 cm bore small animal 

imager (BioSpec 70/30; Bruker BioSpin MRI GmbH, Ettlingen, Germany). The magnet 

was equipped with an imaging gradient coil system (400 mT/m) and a 1H transmit-

receive coil. For all imaging and spectroscopy experiments, the magnetic field was 

shimmed using the Bruker standard shimming routine.  All 1 T spectra were acquired 

on an Aspect (Shoham, Israel) small animal imaging system. 

5.1.2 MSE-HOT pulse sequence 

Figure 19 shows the MSE-HOT pulse sequence that was developed in this study.  

The portion outside the large brackets is the original SSE-HOT pulse sequence without a 

refocusing pulse [3, 10].  The time between the four pulses in SSE-HOT is described by 
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the variables t0, t1, t2.  SSE-HOT generates one methylene-water iZQC echo and one 

methylene spin echo at times 2t2-2t0 and 2t2+t1-t0, respectively, after the 90°w pulse.  In 

this study, t0 = 1.7 ms, t1 = 3.15 ms, t2 = 7.5 ms, m = -0.3, n = 0.7, GT = 5 mm-1.  In time 

order, the pulses were a 0.1 ms rectangular pulse, a 2 ms Gaussian frequency selective 

pulse on methylene protons, a 3 ms Gaussian frequency selective pulse on water, and a 

0.8 ms slice selective Hermite pulse on both methylene and water spins.  Phase cycling 

parameters were θ1=x, -x, y, -y; θ2=θ4=θ5= y, y, y, y; θ3= x, x, x, x; iZQC acquisition phase: 

x, x, -x, -x; odd SQC echoes acquisition phase = x, -x, y, -y; even SQC echoes acquisition  

 

Figure 19: the MSE-HOT pulse sequence used for imaging RBM temperature. 

phase = x, -x, -y, y.  Odd SQC echoes refer to the 1st, 3rd, 5th, etc. SQC echo.  Odd and even 

SQC echoes have a different acquisition phase because they have been exposed to a 

different number of refocusing pulses. 
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K-space data were Fermi-filtered with Equation 66 where Ex = Ey = 6 samples and 

Tx = Ty = 1 sample.  K-space data were placed in a zero-filled 128x128 matrix and a two-

dimensional inverse fast Fourier transform was applied to generate images.  All image 

processing and reconstruction were performed using MATLAB R2014a (The 

MathWorks, Inc., Natick, Massachusetts, United States).  All data and MATLAB code 

can be found online at https://github.com/ryanmdavis/MSE-HOT-thermometry. 

The portion of the pulse sequence after the first refocusing pulse in the brackets 

is the MSE encoding scheme.  This part of the pulse sequence applies a refocusing pulse 

then acquires both a SQC echo and water-methylene iZQC echo.  All 180° pulses after 

the first 180° were Shinnar-Le Roux pulses with near uniform refocusing angle across 

the 1000 Hz separation between water and methylene protons.    Spatial encoding 

gradients create an iZQC image zn(x,y) and an SQC image sn(x,y) where the subscript n 

references the echo number in the echo train.  “x” and “y” refer to spatial coordinates.  

For example, the iZQC image after the second 180° in the brackets is z2(x,y).  Note that 

the time order of zn(x,y) and sn(x,y) switch after each refocusing pulse.  The time between 

slice selective refocusing pulses was 11.6 ms.  Importantly, the refocusing pulses were 

surrounded by crusher gradients, but the direction of the gradient was different for 

different pulses.  This prevented formation of unwanted echoes that could interfere with 

the iZQC signal.  The direction of the crusher gradients followed the cyclic order +z, -z, 

+x, -x.  
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5.1.3 Calculation of phase difference images 

Each pair of zn(x,y) and sn(x,y) were used to calculate a phase difference image 

dn(x,y) as described below.    Since applying a refocusing pulse to the system during t2 

(Figure 1) shifts the phase of the magnetization by 180° and then takes the complex 

conjugate of the iZQC in the complex plane, the following equations were used to 

calculate dn(x,y):  
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where ∠ extracts the angle of sn(x,y) in radians.  ∠dn(x,y) is equal to the phase of the 

iZQC in the rotating frame, such that ∠dn(x,y)=(ωw-ωf)(t0+t1), where (ωw-ωf) is the 

temperature-dependent iZQC frequency [3, 10]. 

5.1.4 iZQC signal vs. time 

In this study, the complex iZQC signal is characterized by measuring dn(x,y) with 

both the SSE-HOT and MSE-HOT pulse sequences.  Three ex vivo porcine rib RBM 

samples were heated with 37 °C air for 1 hour before imaging.  For measuring d1(x,y) as 

a function of echo time with SSE-HOT, the pulse sequence in Figure 1 was run eleven 

times for echo times (TE≡2t2-2t1) 17.3 ms, 21.3 ms, 26.3 ms, 36.3 ms, 46.3 ms, 56.3 ms, 66.3 

ms, 86.3 ms, 106.3 ms, 126.3 ms, 146.3 ms.  Only the first two images (z1(x,y) and s1(x,y)) 

were used in the SSE-HOT experiments.  For the MSE-HOT experiments, the pulse 

sequence in Figure 1 was run once, with 20 refocusing pulses (N=10 in Figure 1).  For the 
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imaging parameters used in this study, this generated an iZQC image at TE values of 

11.6 ms, 29.0 ms, 34.8 ms, 52.2 ms, 58.0 ms, 75.4 ms, 81.2 ms, 98.6 ms, 104.4 ms, 121.8 ms, 

127.6 ms, 145.0 ms, 150.8 ms, 168.2 ms, 174.0 ms, 191.4 ms, 197.2 ms, 214.6 ms, 220.4 ms, 

237.8 ms.  To be clear, each TE value required a different scan for the SSE-HOT data, but 

all TE values were acquired in one scan for the MSE-HOT data.  For both SSE-HOT and 

MSE-HOT data, dn(x,y) was calculated, and its phase and magnitude were used to 

determine the iZQC phase and magnitude in the rotating frame.  SSE-HOT and MSE-

HOT data were acquired on the same samples.   

It was necessary to determine how the phase of dn(x,y) varied as a function of n.  

Three voxels from two marrow samples were chosen resulting in six 20-member vectors 

of dn(x,y).  The six vectors were zero-order phased so that the phase of d4(x,y) = 0 rad.  

The average of the six phase vectors was determined for each value of n, resulting in a 

20 member vector a̅`(b, c).  For weighted echo averaging (described below), the phase of 

a̅`(b, c), was fit to a quadratic equation: 

 ( ) ( )2
.MSE TE a TE bTE cϕ = + +   (77) 

and the magnitude of a̅`(b, c) was fit to  

 ( ) 2/TE T
S TE d TE e

−= ∗ ∗  (78) 

where a, b, c, d, and T2, are constants determined by the fits. 
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5.1.5 Weighted echo averaging 

When taking the weighted sum of dn(x,y), hereafter referred to as d(x,y), the 

individual echoes were weighted according to the Equation 3 and Equation 4: 

 ( ) ( ) ( )( ) ( )( )
, , MSEi TE n

n

n

d x y d x y S TE n e
ϕ−= ∗ ∗∑   (79) 

where TE has been explicitly written as a function of echo number “n”.  The complex 

phase term ensures that the echoes do not add destructively, which would decrease the 

SNR.  The k̅ term weights each echo based on its relative signal intensity.  The same 

k̅(TE) and Y2(TE) curves were used for all voxels in all samples.  Once the complex- 

 

 

Figure 20: the CPMG pulse sequence used for testing how the number of 

refocusing pulses given in a fixed echo time affects the methylene signal. 

valued d(x,y) images are calculated, the process for calculating temperature followed the 

process described in ref. [3]. 
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5.1.6 CPMG experiments 

The signal of the methylene peak for oleic acid (OA), palmitic acid (PA), and 

cholesteryl benzoate (CB) was measured for a varying number of refocusing pulses 

while keeping the total echo time (tTE) fixed at 40 ms (pulse sequence shown in Figure 

20).  All lipid samples were obtained from Sigma Aldrich (St. Louis, MO).  For infinitely 

short pulses, the pulse sequence is described by tTE=N*iTE.  iTE was the time between 

refocusing pulses for N > 2, and for N = 1, iTE = tTE.  For experiments, the pulse 

sequence was run for each integer value of N ranging from 1 to Nmax.  Nmax was 16 for 1 T 

experiments and 12 for 7 T experiments.  A 0.1 ms block pulse was used for excitation 

and a 1.0 ms composite pulse (TPG pulse in ref. [129]) was used for B1-insensitve  

refocusing.  The duration of the pulses was accounted for in the pulse sequence to 

ensure that tTE was constant for all values of N.  For a CPMG with N refocusing pulses, 

the first N steps of MLEV-16 were used to phase cycle the refocusing pulse.  The 

methylene signal was calculated as the integral of the magnitude spectrum in the 0.6-1.7 

ppm region.  The same pulse sequence was used on the 7T and 1T imaging systems. 

5.1.7 CPMG simulations 

Simulations of oleic acid under a Car-Purcell-Meiboom-Gill (CPMG) pulse 

sequence were performed using the Spinach v. 1.5.2440 package for MATLAB [130].  For 

all simulations (and experiments), tTE was 40ms, and the number of refocusing pulses 

was varied.  The Zeeman Hamiltonians used for the simulations are given in Table 3.  H1 
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was used to show how the response of Oleic acid depends on the fine details, 

parameterized by “d”, of the Hamiltonian.    A separate simulation was performed for 

d=0, 0.25 0.5, 0.75, 1.0.  H1(d=0) corresponds to the Hamiltonian specified in Table 1 of 

reference [131].  H1(d=1) corresponds to the ChemBioDraw Ultra (Perkin Elmer, 

Waltham, MA) simulation of oleic acid.  H2 corresponds to the Hamiltonian specified in 

reference [132].  Scalar coupling values were: methyl-methylene, 8Hz; methylene-

methylene, 7.1 Hz; methylene-allylic, 7.1 Hz; three bond allylic-olefinic, 6.2 Hz; four 

bond allylic-olefinic, 1.75 Hz; olefinic-olefinic, 16 Hz.  All other scalar couplings 

including geminal methylene couplings were zero.  The methylene signal was calculated 

as the integral of the magnitude spectrum in the 60 Hz region centered at the maximum  

Table 3: Zeeman Hamiltonian for Oleic acid simulations 

Spins type   chemical shift (ppm) 

   H1  H2
† 

1,2,3 methyl  0.9-0.02d* 0.9 

4,5 methylene 1.29-0.03d 1.44 

6,7 methylene 1.29-0.03d 1.35 

8,9 methylene 1.29-0.03d 1.39 

10,11 methylene 1.29+0.01d 1.39 

12,13 methylene 1.29+0.04d 1.39 

14,15  methylene 1.29  1.39 

16,17 allylic  2.18-0.02d 2.09 

18 olefinic  5.45-0.11d 5.43 

19 olefinic  5.45-0.11d 5.43 

20,21 allylic  2.18-0.02d 2.09 

22,23 methylene 1.29  1.39 

24,25 methylene 1.29+0.04d 1.39 

26,27 methylene 1.29-0.03d 1.39 

28,29 methylene 1.29+0.04d 1.39 

30,31 methylene 1.64  1.64 

32,33 methylene 2.32  2.29 
*simulated values of d were 0,0.25,0.5,0.75,1.0 
†values from ref. [132], Table 1 (1H, free). 
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point in the spectrum.  The restricted basis IK-1 was used with basis level of 5, which 

only includes product states between directly coupled spins with order ≤ 5. 

5.1.8 Comparison of precision between SSE- and MSE-HOT 

Three ex vivo porcine rib samples from a grocery store were imaged to measure 

the temperature precision of SSE-HOT and MSE-HOT.  Samples were allowed to rest in 

37 °C air for one hour before imaging.  Five temperature images were acquired with 

both the SSE-HOT and MSE-HOT pulse sequences.  MSE-HOT images were echo 

averaged then converted to temperature as described above.  SSE-HOT images were 

converted to temperature without echo averaging.  SSE-HOT imaging parameters were 

the same as MSE-HOT except that for SSE-HOT t2 was 20 ms to maximize SNR.  Regions 

of interest (ROIs) were manually drawn over the red marrow region of the sample.  The 

standard deviation of temperature (i.e. precision) was calculated across the five images 

for each marrow voxel.  The resulting distributions of standard deviation were either 

overlaid on T2-weighted image of the RBM sample or plotted in a histogram. 

5.1.9 Accuracy determination 

The accuracy of MSE-HOT temperature measurements was measured during a 

mock hyperthermia procedure.  The accuracy was measured by taking the root mean 

squared difference (RMSD) between fiberoptic temperature measurements and MSE-

HOT temperature measurements.  A fiberoptic temperature probe (model 3100 sensors, 

Luxtron Corp., Santa Clara, California, USA) was placed in a hole drilled in the red 
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marrow.  According to the Luxtron FOT Lab Kit datasheet, the temperature probe has an 

accuracy of ±0.2 °C.  The RBM sample with probe was then placed inside the MRI.  The 

temperature of the sample was manipulated by changing the temperature of the air (Tair) 

blown over the sample.  Before beginning the experiment, Tair was set to 37 °C and the 

sample was allowed to rest for one hour.  Next, a timecourse of 30 images was initiated 

which lasted for 64 minutes.  The Tair was 37 °C for 10 minutes, then switched to 45 °C 

for 25 minutes, then switched back to 37 °C for the remainder of the experiment.  During 

imaging, fiberoptic temperature data was read and time-stamped from the Luxtron 

serial port every 15 s using MATLAB.  For accuracy analysis, the fiberoptic 

measurements were compared to the MSE-HOT measurements in the voxel that 

contained the fiberoptic temperature probe.   

MSE-HOT accuracy was measured using two methods.  The first method 

quantifies the absolute temperature accuracy of the technique by taking the RMSD 

between the fiberoptic and MSE-HOT measurements after they had been plotted on the 

same x axis.  The second method quantifies the accuracy of MSE-HOT temperature 

change measurements.  In order to measure the temperature change accuracy, each 

temperature time-series was shifted on the temperature axis so that the average MSE-

HOT and fiberoptic measurements were equal during the first 10 minutes of imaging 

when Tair was 37 °C.  The temperature change accuracy was calculated as the RMSD 

between the fiberoptic timecourse and the shifted MSE-HOT timecourse. 
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5.1.10 Preparation and Imaging of Emulsions 

Emulsions were prepared to test the dependence of iZQC frequency on lipid 

saturation and the susceptibility of the water compartment.  One gram of emulsifying 

wax (Milliard, item # MIL-EMSFWX-16-A) and 2 g of vegetable oil (Wesson) or coconut 

butter (MaraNatha) were put in a plastic 10 mL tube.  The tube was placed in a 60 °C 

water bath and sonicated in a benchtop ultrasound cleaner (Branson Ultrasonics, model 

1510) until the wax and oil became a homogeneous mixture.  A 4 mL 60 °C solution of 5 

mM Prohance (Bracco Diagnostics) with or without 0.5 mM Dy(III)Br3 (Sigma-Aldrich, 

CAS Number 14456-48-5) was mixed in the oil/wax mixture.  The mixture was removed 

from the sonicator bath and placed in an ice bath.   The emulsions rested at room 

temperature for 4 days before imaging.  The emulsions were imaged with the SSE-HOT 

pulse sequence using the same imaging parameters that were used for imaging the red 

marrow. 

5.2 Results 

A representative MSE-HOT dataset is shown in Figure 21, and a T2-weighted 

image of ex vivo porcine red marrow is shown in Figure 21a.  Figure 21b shows the 

magnitude image of the echo-averaged d(x,y) images.  Figure 21c shows the temperature 

image generated from the phase of d(x,y) overlaid on the T2-weighted image.   Figure 

21d shows a fat-selective image for each SQC echo in the MSE-HOT echo train.  As the 

echo time increases, the signal intensity decreases due to the spin-spin relaxation of the  
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Figure 21: A representative MSE-HOT dataset.  a) T2-weighted image of 

porcine RBM sample.  b) magnitude of d(x,y). c) temperature image overlaid on T2-

weighted image.  d) fat SQC image for the 16 SQC echoes created by MSE-HOT.  e) 

methylene-water iZQC magnitude image for the 16 iZQC echoes.  f) SSE-HOT 

precision map overlaid on T2-weighted image.  g) MSE-HOT precision map overlaid 

on T2-weighted image.  h) histogram of the precision data in f&g. 

methylene protons.  Figure 21e shows the iZQC images generated by the MSE-HOT 

echo train.  The time dependence of image intensity was quite different for iZQCs than 

for the SQCs; the iZQC signal increased as time progressed for echo times less than 60 

ms, and decreased for later times Figure 21f and Figure 21g show temperature precision  
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Figure 22: The iZQC signal as a function of echo time.  All error bars are the 

standard deviation of 9 voxels total from 3 different porcine RBM samples.  a) iZQC 

signal magnitude vs echo time for MSE and SSE pulse sequences.  b) The uncorrected 

phase of iZQC and SQC echoes and φMSE for the MSE sequence.  c) The corrected 

phase of the iZQC echo (�)MSE) as a function of echo time. 

maps of SSE-HOT and MSE-HOT respectively.  The precision maps are overlaid on T2-

weighted images of red marrow.  Qualitatively, the process of echo-averaging enabled 

by MSE-HOT substantially improved the temperature precision of MSE-HOT over the 

SSE-HOT sequence.  The histogram in Figure 21h shows the distribution of temperature 

precision within the marrow cavity.  In this experiment the precision was improved 

from 1.1 °C (SSE-HOT) to 0.3 °C (MSE-HOT), an almost four-fold improvement. 

Figure 22 characterizes the time dependence of the fat-water iZQC signal in more 

detail.  Figure 22a shows the time-dependence of the iZQC signal magnitude for the 

SSE-HOT and MSE-HOT pulse sequences; the maximum MSE-HOT signal was 40% 

greater than the maximum SSE-HOT signal.  Figure 22b shows the phase of the SQC and 

iZQC signal, as well as the corrected phase difference for one voxel from a 

representative MSE-HOT dataset.  It is clear that the SQC and iZQC phase jump from 
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echo to echo, but the corrected phase difference does not.  Figure 22c shows the phase of 

the MSE-HOT (φMSE(TE)) and SSE-HOT (φSSE(TE)) pulse sequences as a function of echo 

time.  For both pulse sequences, the phase increases by 0.4 rad from 10 ms to 80 ms.  At 

echo times greater than 80 ms φMSE(TE) phase levels off and φSSE(TE) decreases.  A fit to 

the MSE-HOT phase is shown in red (Equation 77), and this was the phase correction 

curve used during echo averaging.  

As seen in Figure 22a, the MSE sequence results in greater signal magnitude than 

SSE-HOT.  To better understand the effect of a MSE pulse sequence on fat, simulations 

and experiments were performed with the CPMG sequence (Figure 20) on water, PA, 

OA, and CB (Figure 23).  Figure 23a shows the water signal and methylene signal of the 

three lipids as a function of number of pulses (N in Figure 20) for tTE = 40 ms at 7 T.  The 

signal of water and PA depend very weakly on pulse number, while the signal of OA 

and CB depend more strongly on pulse number.  Figure 23b shows the same experiment 

at 1 T.  As can be seen in Figure 23b, far fewer pulses were needed to maximize the 

signal at 1 T than at 7 T.  Similar to the 7 T case, PA and water had very weak 

dependence on N, while CB and OA had a much stronger dependence.  Figure 23c 

shows the dispersion of chemical shifts in the methylene region (0.6 ppm – 1.7 ppm) for 

a sample shimmed so that the solvent peak (CHCl3) was less than 1 Hz (3 ppb).  It is 

clear from Figure 23c that the range of chemical shifts associated with –CH2- protons 

varies widely between the three lipids.  The full width at half maximum (FWHM) of the  



 

129 

 

Figure 23: Simulations and experiments of methylene protons on lipids under 

a CPMG experiment.  Error bars are the standard deviation of all water data-points at 

the same field strength.  a) Experimental methylene signal of water, palmitic acid 

(PA), oleic acid (OA), and cholesteryl benzoate (CB) at 7T. b) Experimental methylene 

signal of water, PA, OA, and CB at 1T.  c) high resolution spectra of alkane region of 

PA, OA, and CB at 360 MHz.  Solvent linewidths were less than 3 ppb.  d) Simulated 

methylene signal under CPMG pulse sequence with Hamiltonian H1 at 7 T.  e) 

simulated and experimental methylene signal of OA at 7 T.  f) simulated and 

experimental methylene signal of OA at 1T. 

PA and OA –CH2- groups were 10 ppb and 60 ppb respectively.  The CB spectrum 

showed resonances spanning the entire alkane region. 

In order to understand the different behavior of the three lipids under the CPMG 

pulse sequence, the spin dynamics of OA was simulated.  Figure 23d shows the 

simulated methylene signal for OA with the Hamiltonian H1 (Table 2).  As the d 

parameter decreased, the dispersion of methylene chemical shifts also decreased,  
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Figure 24: Precision summary of MSE-HOT.  a) Temperature precision within 

the marrow region for MSE and SSE sequences (N=3 marrow samples). b) Mean and 

median precision as a function of number of echoes averaged.  For example for the 

data point with value “5” on the x axis, the first 5 MSE echoes were averaged.  Each 

data point is generated from a separate histogram similar to the one in part a. 

resulting in higher signal for lower N (Figure 23d).  For N = 1, the methylene signal for 

d=0 is double that of d=1.  Figure 23e shows the simulated OA signal for Hamiltonians 

H1(d=0.75) and H2, as well as the experimental OA data at 7 T.  Both simulations and 

experiments showed that increasing N resulted in more methylene signal.  The 

simulated data tended to over-predict the signal at N <7 and under-predict the signal at 

N>7.  At 1 T (Figure 23f) the simulations and experiment again showed that fewer pulses 

are needed to achieve maximal methylene signal. 

Next, the improvement in precision was characterized for the MSE-HOT and 

SSE-HOT pulse sequences.  Precision maps and histograms similar to those in Figure 

21c-e were generated for three marrow samples, and the precision of all three samples 

are plotted simultaneously on Figure 24a.  The median precision for SSE-HOT was 0.9 
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°C while the median precision for MSE-HOT was 0.3 °C, a three-fold improvement.  

Figure 24b shows the mean and median precision for MSE-HOT as a function of the 

number of images averaged.  For example, the data point corresponding to the mean 

precision at four echoes the temperature precision achieved by averaging just the first 

four phase difference images (d1(x,y) +…+ d4(x,y)), then converting the resulting sum to 

temperature.  As can be seen in Figure 24b, the precision improves from 1.6 °C at the 

first echo to 0.4 °C by the sixth echo.  By the sixteenth echo, the median precision 

improves only by an additional 0.1 °C to a value of 0.3 °C. 

The total accuracy and precision was quantified by calculating the RMSD 

between MSE-HOT and fiberoptic temperature measurements as illustrated Figure 25.  

Figure 25a shows a T2-weighted image of porcine red marrow with the ROI used for 

analysis in red.  The fiberoptic temperature probe is the dark region on the bottom right 

corner of the red ROI.  Figure 25b shows fiberoptic and MSE-HOT temperature 

measurements during heating and cooling of a red marrow sample.  In some datasets, 

including the one shown in Figure 25b, there was a large systematic error in the MSE-

HOT temperature measurements (Figure 25b, MSE-HOT uncorr.)  For quantifying the 

accuracy of temperature change measurements, the MSE-HOT data were corrected so 

that the pre-heating MSE-HOT measurements matched the preheating fiberoptic 

measurements (Figure 25b, MSE-HOT corr.)    The temperature change images from 

which the measurements in Figure 25b were derived are shown in Figure 25c.  A  
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Figure 25: Representative dataset for the mock hyperthermia treatment.  a) T2-

weighted image of RBM sample.  The ROI used to calculate temperature is outlined 

in red. b) the fiberoptic and MSE-HOT temperature measurements obtained during 

heating and cooling of the RBM sample. c) temperature maps overlaid on T2-weighted 

images during heating and cooling of RBM sample. 

summary of the RMSD between MSE-HOT and fiberoptic measurements is shown in 

Table 4.  The experiment shown in Figure 25 is Experiment 4 in the table.  A key finding 

was that the average temperature change RMSD was 0.6 °C, which is an acceptable level 

of accuracy for many hyperthermia procedures. 
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Table 4: Accuracy of MSE-HOT 

Experiment  Temperature 

no.   accuracy 

  T RMSD* ΔT RMSD† 

1  0.6 °C  0.4 °C 

2  2.4 °C  0.7 °C 

3  0.9 °C  1.0 °C 

4  3.4 °C  0.4 °C 

5  1.2 °C  0.4 °C 

mean  1.7 °C  0.6 °C 

*absolute temperature accuracy 
†relative temperature accuracy 

Finally, emulsions were prepared to determine if the iZQC frequency is 

influenced by lipid saturation or the susceptibility of the water compartment.  Figure 26 

shows images of three emulsions: vegetable oil and water without Dy(III), vegetable oil 

with water and 0.5mM Dy(III), and coconut butter and water without Dy(III).  The 

coconut butter emulsion tended to have lower SNR then vegetable oil emulsions because  

 

Figure 26: Images of emulsions. a) a RARE image of emulsions at 23 °C. b) iZQC 

frequency maps of emulsions. 
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the coconut butter is a semisolid at room temperature with shorter T2 than vegetable oil.  

Qualitatively, the mean iZQC frequency (Figure 26b) was not different between the 

three emulsions.  The iZQC frequency (mean ± standard deviation of 5 samples) at 23 °C 

was 1084 ± 4  Hz (coconut), 1080 ± 7 Hz (vegetable without Dy(III)), 1081  ± 4 Hz 

(vegetable with Dy(III)).  A one-way ANOVA gave a P = 0.46 for the null hypothesis, 

suggesting that lipid type and water compartment susceptibility did not affect iZQC 

frequency. 

5.3 Discussion 

5.3.1 Precision and Accuracy of MSE-HOT 

The primary goal of this study was to improve the SNR and temperature 

precision of the SSE-HOT pulse sequence.  This goal was motivated by the observation 

made in a previous study that the SSE-HOT precision in red marrow was 0.8 °C even 

though a precision of less than 0.5 °C is preferred [3].  To overcome this limitation, a 

MSE spatial encoding scheme was added to SSE-HOT which allowed acquisition of up 

to 16 phase difference images (dn(x,y)) per excitation.  The weighted sum of the 16 dn(x,y) 

images yielded a 3-fold improvement in SNR and temperature precision without 

increasing scan time.  The resulting 0.3 °C temperature precision is more than sufficient 

for most hyperthermia procedures. 

Comparison between MSE-HOT and fiberoptic temperature measurements 

showed that the RMSD error of MSE-HOT is on average 1.7 °C for absolute temperature 
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and 0.6 °C for temperature change.  The higher accuracy of temperature change 

measurements highlights the important observation that the inter-sample variation of α 

is much less than the inter-sample variation of ν37°C.  Since α is the parameter that allows 

mapping of iZQC frequency to temperature change, it is not-surprising that absolute 

temperature measurements are less accurate than temperature change measurements. 

As an example, for the experiment shown in Figure 25 there was a large systematic error 

in the absolute measurement (MSE-HOT uncorr. in the legend), but the temperature 

change measurement was very accurate (MSE-HOT corr.)  The cause of inter-sample 

variation in ν37°C is currently unknown. 

5.3.2 Suppression of J-coupling using MSE encoding 

It has long been known that MSE and CPMG pulse sequences increase the signal 

intensity of fat [127, 128].  The physical principal behind the bright fat phenomenon is 

understood using Average Hamiltonian Theory (AHT, [133].)  The basic claim of AHT is 

that it is sometimes possible to approximate a time dependent Hamiltonian with a time-

independent Hamiltonian; this approximation often results in substantial simplification.  

For example, consider for the spin 4 and spin 6 of oleic acid with Hamiltonian H2 under 

a single spin echo pulse sequence (Table 3).  Here, the evolution of the magnetization of 

these two spins will be considered for two extreme field strengths.   

The Hamiltonian for this two spin system is ω4I4z+ ω6I6z + JI4•I6.  Consider this 

system at a fairly low 1H frequency of 1 MHz.  At 1MHz, ω4≈ ω6, so the rotating frame 
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Hamiltonian on resonance becomes JI4•I6.  Note that any observable quantity, for 

example Ix=I4x+I6x, commutes with the Hamiltonian JI4•I6, and as a result the 

magnetization does not change through time.  Now consider the same system on an 

ultra-high field spectrometer, at 1000 MHz.  At this high field ω4≈ω6 no longer holds, and 

the J-coupling Hamiltonian (JI4•I6) becomes time dependent.  The time dependence can 

be seen by noting that because the spins are precessing at different frequencies, their 

relative phase is time dependent, and thus the dot product (JI4•I6) will vary with time.  

Notably, ω4-ω6 = 2π90Hz which is much larger than the 7.1 Hz J coupling.  At this point, 

it is standard procedure to apply AHT and make the secular approximation, which 

makes the Hamiltonian time independent.  This approximation takes the form JI4•I6 = 

JI4xI6x + JI4yI6y + JI4zI6z ≈ JI4zI6z.  Note that the terms that vary through time as the spins 

precess have been dropped.  Also, the remaining term JI4zI4z does not change through 

time as the spins precess, and we have thus arrived at a time independent average 

Hamiltonian for methylene spins 4 and 6.  In brief, the secular approximation involved 

dropping terms that are small compared to, and do not commute with, the Zeeman 

Hamiltonian.  Importantly for iZQC detection, at 1000 MHz when the J-coupling 

Hamiltonian is proportional to I4zI6z, the observable quantity Ix no longer commutes with 

the Hamiltonian.  That is, [I4zI6z,Ix]=iI4yI6z + iI6yI4z and the methylene spins therefore evolve 

into antiphase terms (IyIz) which have no MRI signal.  The key point is that at 0.1T, the J-
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coupling does not affect the magnetization, while at high field, the J-coupling will 

attenuate the signal. 

Applying a series of refocusing pulses has a similar effect as lowering the 

magnetic field.  The similarity arises because the refocusing pulses prevent spins with 

different resonance frequencies from dephasing.  If the pulses are given much more 

frequently than J or (ω4-ω6)/(2π), the average Hamiltonian is equal to JI4•I6.  Since JI4•I6 

commutes with Ix, it is expected that applying refocusing pulses frequently would 

prevent attenuation of the magnetization.  This is supported by the data in Figures 4&5 

where the methylene signal increased as the number of refocusing pulses increased.  As 

expected, fewer refocusing pulses were necessary to maximize the methylene signal at 

1T than at 7T because the resonance frequency difference between neighboring 

methylene spins is smaller at 1T. 

Interestingly, the response of the two most common types of fatty acids in 

humans, oleic acid and palmitic acid [134], have strikingly different behavior under the 

CPMG pulse sequence (Figure 23a&b).  Far fewer pulses were needed to suppress J-

coupling in PA than in OA.  A likely explanation is related to the strong dependence of 

the CPMG signal on small chemical shift differences between neighboring methylene 

spins (Figure 23d.)  As the value of d in H1 decreased, all methylene chemical shifts 

converged to a single value of 1.29 ppm, which for low pulse numbers resulted in a 

higher methylene signal.  Because the dispersion of methylene frequencies for PA is 
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much less than OA (Figure 23c) it is expected that fewer refocusing pulses are necessary 

to suppress J-coupling for PA, which is supported by the data (Figure 23a&b.)  

Interestingly, these data suggest that the contrast of fatty tissues will depend on both the 

amount of unsaturated lipids in the tissue as well as the number of refocusing pulses in 

the sequence.  At 1 T, for example, the presence of unsaturated lipids like OA would 

tend to decrease the MR signal for N = 1 but not N = 4.  Thus one might expect that the 

ratio of signal intensity for a one and four refocusing pulse image with same tTE would 

give a qualitative metric of tissue lipid unsaturation.  In the context of MSE-HOT 

thermometry, these considerations show that temperature precision enhancement will 

be greater for tissues containing unsaturated fats. 

5.3.3 Factors affecting the accuracy of absolute temperature 
measurements 

In the thermometry literature, temperature measurements are often classified as 

either absolute or relative.  Relative temperature measurements, such those obtained by 

phase mapping with a spoiled gradient recalled echo pulse sequence, measure changes 

in temperature relative to a pre-heating baseline [86].  An example of relative 

thermometry is thermal imaging of the soft tissue surrounding bone during palliative 

high-intensity focused ultrasound (HIFU) treatment of bone metastasis [51, 135, 136].  

For hyperthermia procedures, where the heating duration is approximately an hour and 

the temperature increase is often less than 5 °C, it would be more useful to measure 

temperature on an absolute scale.  Absolute temperature measurements are often harder 
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to achieve than relative measurements because many non-temperature-related factors 

can affect the MR signal phase such as motion, field drift, susceptibility interfaces 

between tissues [84, 86, 106].  In a previous study it was found that the SSE-HOT 

technique has an absolute temperature uncertainty in red marrow at 37 °C of ± 2 °C [3].  

In this study, the RMSD between absolute measurements and a fiberoptic temperature 

measurement was on average 1.7 °C.  These absolute temperature uncertainties stand in 

stark contrast to the remarkably consistent temperature coefficient in red marrow, which 

varied by ± 7% between samples [3].    Thus, this study attempted to determine the 

factors causing the absolute temperature uncertainty of MSE-HOT using emulsions as a 

model of red marrow tissue. 

It is known that fat saturation varies in human tissue [134] and iron 

concentration varies in human red marrow [137].  In the case of lipid saturation, 

preparing the emulsion from vegetable oil (14% saturated fat by weight) or coconut oil 

(95% saturated fat by weight) did not affect the iZQC frequency.  In the case of iron, it 

was hypothesized that since water-soluble iron is confined to the aqueous component of 

tissue, the difference in magnetic susceptibility between the aqueous and lipid 

compartments in marrow might vary between samples with different iron 

concentrations. To see if the susceptibility of the aqueous compartment affects 

temperature measurements, emulsions with 0 mM or 0.5 mM Dy(III) were prepared.  

Given the molar volume susceptibility of Dy(III) of 0.56 ppm/mM Dy(III) [138], 0.5 mM 
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Dy(III) would give a paramagnetic contribution to susceptibility of water of 0.3 ppm or 

90 Hz.  Surprisingly, even this large susceptibility difference between the two 

compartments had no effect on iZQC frequency, suggesting that spatial heterogeneity in 

magnetic susceptibility on the distance scale of an adipocyte (~50 μm) does not affect the 

iZQC or measured temperature.   

It is worth noting that the iZQC frequency detected in red marrow was lower 

than expected based on the emulsion data.  For example, the iZQC frequency in red 

marrow at 37 °C is 1008 ± 6 Hz [3].  With a temperature coefficient of -3 Hz/°C, the iZQC 

frequency in red marrow at 23 °C would be 1050 Hz, which is considerably less than the 

iZQC frequency measured in emulsions in this study (1080 Hz -1084 Hz). This difference 

must correspond to a susceptibility difference between the regions with fat and the 

regions with water.   Possible causes of this discrepancy could be the presence of non-

spherical adipocytes or lipid droplets which shift the fat frequency.  Alternatively, the 

susceptibility interface between bone and water (or lipids) could shift one compartment 

relative to the other in marrow but not in the emulsion. 

5.3.4 Difficulties and Limitations of MSE-HOT 

Here, some difficulties that arose during the implementation of MSE-HOT will 

be discussed.  The first was that each refocusing pulse spin-echo train must both invert 

the water spins at 4.7 ppm and refocus the methylene spins at 1.29 ppm.  In principal it 

is easy to pulse two spins separated by 3.41 ppm.  However, even a small error in flip 
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angle will accumulate as the number of refocusing pulses increases, which greatly 

attenuates the SNR of later echoes. To achieve the simultaneous inversion and 

refocusing, a variety of shaped pulses were tested including the BIR4 pulse [139], 

adiabatic hyperbolic secant pulse, composite 180 pulses [129], a hermitian pulse, and 

numerically optimized Shinnar-Le Roux (SLR) pulses.  After considering factors such as 

pulse length, SAR, and off-resonance behavior, the SLR pulse was the superior 

refocusing pulse for MSE-HOT. 

The second experimental difficulty was the challenge of suppressing unwanted 

coherence pathways that resulted from imperfect flip angles.  This difficulty arose 

because it is impossible to generate perfect 180° rotations during the train of refocusing 

pulses.  With up to 16 imperfect refocusing pulses, there are countless combinations spin 

echo and stimulated echo pathways could occlude the desired iZQC signal.  These 

unwanted echoes appeared as either as t1 noise or 0 Hz signal in the indirectly detected 

dimension (data not shown) and could not be suppressed by phase cycling the excitation 

pulse.  It was found that cycling the direction of the crusher gradients (Figure 19) 

surrounding the refocusing pulses fully suppressed the unwanted echoes.  

For clinical applications, the specific absorption rate (SAR) might limit the 

precision of the MSE-HOT pulse sequence.  Each additional d(x,y) image that is 

generated requires application of a refocusing pulse that would deposit energy in the 

patient.  It is therefore useful to not acquire more echoes than is needed to achieve the 
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desired level of precision.   Under the experimental conditions in this study, it was 

found that temperature precision improved very little after the sixth iZQC echo.  The 

decreasing benefit after six pulses results from two main factors.  First, SNR is 

proportional to the square root of the number of averages, so the added benefit per echo 

falls off as the number of echoes increases.  Second, at around the sixth echo the iZQC 

SNR begins to decrease due to spin-spin relaxation of methylene protons, making the 

later echoes less beneficial to SNR.  On a clinical system, the optimal number of pulses 

that balances SAR and precision will probably fall in between three and six echoes, but 

the exact number will be determined empirically. 

5.3.5 Alternative applications of MSE-HOT 

While this study focuses on the use of MSE-HOT to improve temperature 

precision during hyperthermia, there are other applications of this pulse sequence.  For 

example, in thermal ablation therapy the target temperatures are 50 °C-80 °C and the 

required precision is often much less stringent than during hyperthermia. With these 

more lax SNR requirements, minor modifications to MSE-HOT would allow acquisition 

of different lines of k-space for each echo, thus reducing the time per image [140].  

Another use of MSE-HOT would be to increase the SNR of brown adipose imaging, 

which uses a pulse sequence almost identical to SSE-HOT [141, 142].  Since initial BAT 

imaging in humans was limited largely by SNR, MSE-HOT will dramatically improve 

the image quality of BAT images. 
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5.5 Conclusion 

A multi-spin-echo HOT pulse sequence was implemented that tripled the 

temperature precision of the SSE-HOT pulse sequence.  The precision improvement 

resulted from suppression of J-coupling and echo averaging.  The temperature change 

accuracy of MSE-HOT was determined to be on average 0.6 °C, which is acceptable for 

many hyperthermia procedures.
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6. Thermal imaging with MSE-HOT on a clinical scanner 

This chapter describes the implementation of MSE-HOT on a human GE scanner.  

It was found that with slight modifications to a previously published multi-spin-echo 

HOT (MSE-HOT, ref. [143]) sequence resulted in a SNR improvement of 30-40 % is 

achieved relative to single spin-echo HOT.  The heating timecourses from a high-

intensity focused ultrasound (HIFU) array were measured in ex vivo red marrow with 

MSE-HOT and a fiberoptic temperature probe.  The deviation between fiberoptic and 

MSE-HOT measurements was 2-3°C for a 10-20 °C temperature increase.  SNR 

limitations of the current pulse sequence precluded acquisition of MSE-HOT images in 

humans. 

 

Figure 27: The MSE-HOT pulse sequence used in this study. 

6.1 Methods 

6.1.1 Imaging console and pulse sequence development 

Experiments were conducted on a 3 T human MRI scanner (GE Healthcare 

Discovery MR750W).  The MSE-HOT pulse sequence in ref. [143] was modified to the 



 

145 

pulse sequence shown in Figure 27 and programmed using the EPIC DV24 pulse 

sequence development environment.  The CSMEMP product sequence was modified 

into the MSE-HOT sequence. 

The first three RF pulses of MSE-HOT are a broadband excitation, a 3.4 ms 

Shinnar–Le Roux (SLR) selective 180° pulse on fat (time-bandwidth product of 1.6), and 

a 4.56 ms SLR selective 90° on water (time-bandwidth product of 2.1, Figure 27).  The  

fourth pulse is a slice selective refocusing pulse that inverts water and refocuses fat.  t0, 

t1, and t2 were 4.7 ms, 5.3 ms, and 9.5 ms respectively.  The time between the refocusing 

pulses in the brackets was 13.6 ms.  The first and second RF pulses were phase cycled  

 

with θ1=0, π, 0, π and θ2= 0, π/2, π, 3π/2.  The SQC receiver phase was not phase cycled 

and the iZQC receiver phase was 0, π, 0, π. 

MSE-HOT generates a single quantum coherence (SQC) and fat-water iZQC on 

fat at time 2t2+t1-t0 and 2t2+2t1 respectively after the 90°w pulse.  After the first iZQC echo, 

a train of refocusing pulses generates 3 additional iZQC echoes for echo averaging.  GT 

was 5 mm-1, giving a correlation distance (dc = 1/2GT) of 100 μm.  Here, dc is defined as 

one half of the spatial modulation period of the transverse magnetization of fat after the 

nGT gradient pulse.  m and n were -0.7 and 0.3, respectively.  The thin line crusher 

gradients reflect that the direction of the crusher gradients changed from pulse to pulse 

(x,y,-x,-y) [143]. 
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6.1.2 Preparation of Red Marrow Samples 

All marrow samples were acquired from local butchers, stored in a refrigerator at 

40-45°F, and used within 48 hours of purchase.  For spectroscopy experiments, the 

sample was an epiphysis of a bovine femur with the diaphysis removed.  For imaging 

experiments, the sample was prepared as described below, and image of the setup is 

shown in Figure 28. 

For the imaging experiments, bovine vertebrae were cut to create a flat surface of 

red marrow that was not covered by cortical bone.  The flat surface of red marrow 

exposed the red marrow to the HIFU beam.  A hole was drilled parallel to and 1cm 

below the red marrow surface for insertion of a fiberoptic thermometer probe (Luxtron \ 

 

Figure 28: Fast spin echo (FSE) image of the experimental setup used in this 

study.  Abbreviations are B-balloon filled with water; XD-transducer; L-Luxtron 

fiberoptic thermometer.  a) axial image.  b) sagittal image, with dashed line indicating 

position of axial FSE and MSE-HOT images. 
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FOT Lab Kit, LumaSense Technologies Inc., Santa Clara, CA, USA).  After the hole was 

drilled, the sample was submerged in tap water and degassed for 20 minutes under 

vacuum. 

After degassing, the marrow sample was embedded in gel.  The gel was 1.5% 

agarose gel (Sigma Aldrich, St. Louis, Mo) doped with 10 mM Prohance (Bracco 

Diagnostics Inc., Monroe Township, NJ, USA).  The bone sample was placed in a 11 cm 

diameter plastic jar and the hot liquid gel was poured over the sample in the jar, until 

the gel level rose to 1 cm higher than the flat red marrow surface.  After the gel 

hardened, the internal temperature of the red marrow was measured.  If the temperature 

was below 35 °C the entire sample was microwaved on low power until the temperature 

rose above 35 °C level.  The sample was then moved to the MRI scanner for imaging. 

6.1.3 HIFU and Imaging setup 

After the sample was prepared as described in the preceding section, it was 

placed in an 8 element GE knee coil.  An ExAblate 2100 phased array HIFU applicator 

operating at 2.3 MHz was placed above the gel-air interface (Figure 28).  Ultrasound 

coupling gel was placed on the gel-air interface.  A rubber balloon filled with degassed 

and deionized water surrounded the transducer and was inflated with water until the 

balloon pressed up against the gel, thus providing acoustic coupling.  The focal spot of 

the transducer was placed 20 cm below the surface of the transducer. 
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A fiberoptic temperature measurement was acquired every 5 s during imaging 

using custom written MATLAB code that read temperature data from the serial port of 

the thermometer (code can be found at https://github.com/ryanmdavis/LuxtronControl.) 

6.1.4 Reconstruction of MSE-HOT images from raw data 

In overview, reconstruction first involved assembling the images from the 8 coil 

elements into a single image, then converting the complex image into an image of iZQC 

frequency, and finally converting this frequency into temperature.  All image processing 

and reconstruction were performed using MATLAB R2014a (The MathWorks, Inc., 

Natick, Massachusetts, United States).  All raw data and MATLAB code can be found 

online at https://github.com/ryanmdavis/GE-MSE-HOT. 
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Figure 29: Assembly of images from various acquisition windows and coil 

elements into a single image.  The coil used had eight coil elements, but this figure 

shows an example with just two elements.  a) Fermi filtered iZQC (zn,m(x,y)) and SQC 

(s1,m(x,y)) images from coil elements m=1,2.  b) phase difference images (dn,m(x,y)).  c) 

phase difference image for echo n generated from coil elements m=1,2. 

Figure 29 shows the assembly of individual coil images into a single image for 

two of the eight coil elements from Experiment 1.  Following the notation of ref. [143], 

s1,m(x,y) is the SQC image detected by coil element m, and zn,m(x,y) are the four iZQC 

images for n=1,2,3,4 and for coil element m.  Since the temperature data is contained in 

the phase of the iZQC echo, the final goal is to determine the phase difference between 
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the reconstructed single quantum and zero quantum images [3, 10, 143].  Also, one must 

account for the effect of coil element orientation on the detected phase [144]. 

Figure 29a shows the raw s1,m(x,y) and zn,m(x,y) images from two of eight coil 

elements in the array.  The phase difference images dn,m(x,y) are calculated as (Figure 

29b): 

 a`,\(b, c) = Q`,\(b, c) ∗ mH,\
∗ (b, c). (80) 

Note that the complex conjugate of s1,m(x,y) in Equation 80 makes the phase of 

dn,m(x,y)  be equal to the phase difference between zn,m(x,y) and s1,m(x,y).  Importantly, the 

voxel-by-voxel phase difference between the two images removes the coil orientation 

dependence in dn,m(x,y).  Equation 80 also tends to suppress the background noise of 

zn,m(x,y) because the magnitude of s1,m(x,y) is very small in the background.  Finally, 

calculation of the phase difference image for a single echo is achieved by summing the 

complex images from all coil elements (Figure 29c): 
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 Each image dn(x,y) was then converted to the frequency domain and filtered with 

the Fermi function (Equation 66) where Ex = Ey = 8 samples and Tx = Ty = 1 sample.  K-

space data were placed in a zero-filled 128x128 matrix and a two-dimensional inverse 

fast Fourier transform was applied to generate images.  
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Next, the images dn(x,y) were added together to create a single phase difference 

image, d(x,y).  However, the slice selective refocusing pulses take the complex conjugate 

of the magnetization and adds a pi rad phase shift [143].  Also, the coherence pathway is 

slightly different here than in ref. [143], which refocused coherences that were iZQCs 

during t1.  This study refocuses coherences that were iZQCs during t0.  To account of the 

effect of the refocusing pulses and different coherence pathway, the following 

corrections were made during reconstruction: 
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This conversion allowed use of the same algorithm that converts d(x,y) to 

temperature as in ref. [143].  After the corrections in Equation 82 were applied, echo 

averaging was performed with an un-weighted sum: 
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After d(x,y) was calculated, its phase was used to calculate temperature on a 

voxel-by-voxel bases as described in reference [3].  Briefly, the phase of d(x,y) is used to 

calculate the iZQC frequency during t0 and t1.  This iZQC frequency was then converted 

to temperature using the calibration curve in ref. [3], scaled by a factor of 3/7 to account 

for the different field strength. 
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6.1.5 Human Imaging 

The vertebrae and knee of human volunteers were scanned with MSE-HOT.  

Subjects were consented and checked for eligibility according to an approved IRB 

protocol.  Two female and one male patients between the ages of 30-40 years of age were 

scanned. 

The same MSE-HOT pulse sequence was used for imaging subjects as for 

imaging the ex vivo samples.  A human spine coil, knee coil, and “head, neck, spine 

coil” were used for imaging.  All patients laid supine on the MRI table.  For the vertebral 

imaging, the surface coil arrays were placed against the lumbar vertebrae portion of the 

back.  For imaging the knee, the patient’s knee was placed in the coil.  Five sequential 

MSE-HOT images were acquired of the lumbar vertebrae or knee marrow.  In addition, 

a two-dimensional HOT spectrum of the marrow and a marrow-localized traditional 

spectrum (PROBE) were acquired. 

6.2 Results 

HOT spectroscopy was used to verify that the HOT pulse sequence can detect 

the methylene-water crosspeak in red marrow on a human scanner.  Figure 30 shows a 

two-dimensional iMQC spectrum of red marrow in an ex vivo bovine femoral head.  As 

can be seen by comparing the linewidth of the methylene-water crosspeak (white arrow) 

in the indirect (iMQC, ν1) and direct (SQC, ν2) dimensions, line narrowing was observed 

in the indirectly detected dimension.  Thus, the HOT pulse sequence removed some  
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Figure 30: Two-dimensional iZQC spectrum of ex vivo bovine femur head on 

human scanner.  Arrow indicates the location of the fat-water crosspeak. 

inhomogeneous broadening in the marrow.  Furthermore, the evolution frequency of the 

iMQC was approximately 450 Hz, equal to the resonance frequency difference between 

fat and water at 3T.  These results suggested that HOT could isolate methylene-water 

iZQCs on the human MRI scanner. 

As described previously [3] low signal-to-noise ratio (SNR) limits the 

temperature precision of HOT in red marrow, and the SNR of HOT can be improved 

through multi-spin-echo (MSE) encoding.  Thus the MSE-HOT pulse sequence in ref 

[143] was slightly modified as shown in Figure 27, and an example imaging dataset is 

shown in Figure 31.  Figure 31a shows the spin echo image of red marrow created by 

MSE-HOT.   Figure 31b-e show the magnitude of dn(x,y) for n=1,2,3,4.  Figure 31f shows  
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Figure 31: Example of echo averaging with MSE-HOT. a) spin echo (SQC) 

magnitude image from fat magnetization.  b-e) iZQC magnitude images for echoes 1-

4. f) echo averaged image.  intensity scale is increased by three in f compared to b-e.  

g) temperature precision overlay for temperature images generated from first iZQC 

echo of MSE-HOT, i.e. from a single iZQC spin echo (SSE).  h) temperature precision 

overlay for temperature images generated from echo-averaged MSE-HOT. 

the sum of the complex images dn(x,y), d(x,y).  Note that the intensity scale of Figure 31f 

is three times larger than Figure 31b-e, indicating that the images dn(x,y) constructively 

add into an image with higher signal intensity.  Figure 31g and Figure 31h show a 

precision map overlaid on a fast spin echo (FSE) image of the sample setup.   
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Figure 32: histogram of temperature precision in red marrow voxels from 

Experiments 1 & 2.  MSE data are from echo averaged images and SSE data are from 

temperature images reconstructed from only the first echo. 

Qualitatively, the MSE encoding resulted in a slight gain in temperature precision 

relative to SSE encoding.  Quantitatively, Figure 32 shows a histogram of temperature 

precision from two ex vivo red marrow samples for SSE- and MSE-HOT.  Compared to 

the SSE sequence, MSE encoding improved the mean temperature precision from 1.3 °C 

to 1.0 °C and the median precision from 1.0 °C to 0.7 °C. 

In order to test the performance of the MSE-HOT temperature measurements, ex 

vivo marrow samples were heated with a clinical HIFU applicator and MSE-HOT  
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Figure 33: results from Experiment 1. a) temperature change images overlaid 

on a gray background.  A red square indicates that ultrasound power is on.  b) MSE-

HOT and fiberoptic temperature measurements as a function of time. 

temperature measurements were compared to fiberoptic measurements.  The first of two 

experiments (Experiment 1) is shown in Figure 33.  Figure 33a shows temperature 

change maps from Experiment 1 overlaid on a gray background.  In this setup, the 

ultrasound transducer was located at the top of the image 3 cm above the marrow 

sample.  When ultrasound power is on (as indicated by a red square in the upper right 

corner of image) the calculated temperature of the red marrow near the transducer 

increased due to a shift in the iZQC frequency.  The measured temperature decreased 

after the sonication ended.  Figure 33b shows the fiberoptic temperature measurements 

acquired during heating and the MSE-HOT measurement in the voxel containing the 

fiberoptic probe tip.  Except at the beginning of heating, there was moderate agreement 

between the two measurements, with root mean squared difference equal to 2.8 °C.  The 

discrepancy between MSE-HOT and fiberoptic temperature measurements will be 

discussed below. 
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Figure 34: results from Experiment 2.  a) temperature change images overlaid 

on a FSE image of the experimental setup.  A red square indicates that ultrasound 

power is on.  b) MSE-HOT and fiberoptic temperature measurements as a function of 

time 

Figure 34 shows a second experiment comparing MSE-HOT and fiberoptic 

temperature measurements (Experiment 2).  Figure 34a shows a time-series of MSE-HOT 

temperature maps overlaid on FSE images of the experimental setup.  Similar to 

Experiment 1, the temperature of the red marrow increased and decreased when the 

ultrasound power was turned on and off, respectively.  In contrast with the diffuse 

heating observed in Experiment 1, the heating pattern from Experiment 2 appeared as a 

focused beam of heating through the center of the red marrow sample.  In addition, 

elevated temperature persisted at the bone/gel interface after the heat was turned off.  

Similar to Experiment 1, there was moderate agreement between the fiberoptic and 

MSE-HOT temperature measurements, with a RMSD of 2 °C.  The temperature noise 

overlay in Figure 31h gives the temperature noise for Experiment 2. 
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Experiments were conducted without heating in human subjects (data not 

shown).  Unfortunately, constraints of the imaging system prevented adequate SNR for 

calculating temperature maps in the living subjects.  MSE-HOT images were acquired of 

the human knee using a high SNR knee coil, but the marrow in the human knee 

contained little water and the fat-water crosspeak was too weak to create an image.  

Additional MSE-HOT images were acquired of the vertebrae of human subjects using a 

spine or head and neck coil.  Vertebral marrow consistently contained substantial fat 

and water as verified by localized spectroscopy in the marrow, but the SNR and imaging 

depth of the coils was much lower than the knee coil.  Thus we were unable to observe 

the methylene-water crosspeak in the vertebrae of living human subjects. 

6.3 Discussion 

This paper presents the first ever iZQC temperature images on a human MRI 

scanner.  The mean temperature noise of 1 °C is acceptable for most ablation procedures, 

where tissue temperature is often increased ≥15 °C [52].  Hyperthermia procedures often 

require temperature accuracy and temperature noise of < 1 °C [90].  Although the mean 

temperature noise of MSE-HOT (1.0 °C) matches the < 1 °C limit, the median 

temperature noise of MSE-HOT meets the requirement (0.7 °C).  Thus even for this 

initial implementation, the temperature noise performance was sufficient.   

This study also measured a RMS deviation between fiberoptic and MSE-HOT 

measurements of 2-3 °C.  As will be further described below, we hypothesize that the 
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deviation is dominated by the inability of the current MSE-HOT implementation to 

resolve the sharp temperature gradients created by HIFU applicators.  Although these 

initial results are encouraging, further pulse sequence development is needed to increase 

the temporal or spatial resolution to be suitable for a clinical procedure. 

6.3.1 Challenges with translating MSE-HOT to human scanner 

A previous study [143] on a 7T small animal scanner showed that MSE encoding 

could improve temperature noise in red marrow by a factor of three, resulting in a 

median temperature noise (i.e. precision) of 0.3 °C.  In this study the median precision 

was measured as 0.7 °C, inferior by a factor of approximately 2.  Causes of the inferior 

precision include the B02 dependence of iMQC signal on field strength, coil sensitivity, 

and coil filling factor, all of which are less favorable on a 3T human scanner.   

An additional factor affecting MSE-HOT temperature precision is the short 

(~40ms) T2 of the methylene spins of fat, which ultimately form the detected signal.  

Typically, the fat and water experience slower transverse relaxation at lower field 

strength [145, 146], which should be more favorable at the field strength of a clinical 

scanner (1.5-3T).  In our experiments, however, the T2 of lipids in red marrow was in the 

range 40-45 ms (data not shown) at both 7T and 3T.  The unexpected lack of T2 field 

dependence observed in red marrow may be due to transverse relaxation mechanisms 

with non-linear field dependence, such as lipid J-coupling.  Collectively, the iMQC 

dependence on B0, coil sensitivity, and T2 tended to reduce the intensity of the iMQC 
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signal at 3T relative to 7T.  Also, the lower sensitivity of the spin coil than the knee coil 

resulted in insufficient SNR while imaging human subjects.  Part of the sensitivity loss at 

3T was recovered because the voxel volume was a factor of 4 greater at 3T than at 7T 

[143].   

Another challenge on the human scanner was the difficulty in suppressing the J-

coupling evolution of fat, which decreased the image SNR.  In a previous study on a 7T 

preclinical MRI scanner, MSE-HOT suppressed J-coupling and enabled echo averaging, 

which increased the iMQC signal by 40% [143].  On the human MRI scanner, several 

factors made it difficult to achieve a similar precision improvement.  First, the longer RF 

pulses and smaller temperature coefficient (0.01 ppm/°C) on the 3T human scanner 

constrained the time between excitation and acquisition of the iMQC echo to be at least 

40 ms, twice as long as the corresponding 20 ms delay on the preclinical system [143].  

Thus by the time the encoding of the iMQC signal started, the signal had already 

decreased by a factor of e-1, making it more difficult to suppress signal loss from J-

coupling.  Additional difficulty was encountered with designing an RF pulse that could 

simultaneously invert water and refocus fat.  On the preclinical system it was easy to 

achieve the simultaneous inversion and refocusing; all refocusing pulses in the MSE 

echo train after the first pulse were broadband non-slice-selective SLR pulses with near 

uniform excitation over the fat and water resonances.  On the human scanner, however, 

RF amplitude limitations made it difficult to achieve a uniform flip angle for both fat 
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and water.  This difficulty resulted in imperfect refocusing of the iMQC signal, thus 

limiting the precision enhancement of the MSE train.  It is likely that further RF pulse 

design could overcome this RF pulse limitation and improve the SNR of MSE-HOT. 

The MSE-HOT sequence was slightly modified from the sequence in [143] to 

compensate for the relaxation and pulse length limitations mentioned above.  In the 

implementation in [143], the refocusing pulses were separated by 10 ms, and the first 

two iMQC echoes by 15 ms, much shorter than the T2 of fat at 7T (45 ms).  When the 

sequence in ref. [143] was implemented on the human scanner, the refocusing pulses 

were separated by at least 23 ms and the first two iMQC echoes by 35 ms, much closer to 

the T2 of the lipid protons.  Thus the constraints imposed by RF and gradient pulse 

lengths caused a longer pulse sequence and more transverse relaxation between the 

acquisition windows.  To account for this, the pulse sequence in Figure 27 was used, 

which had much shorter (14 ms) duration between refocusing pulses and acquisition 

windows.  This shorter duration between windows enabled the observed 30-40% gain in 

temperature precision measured in this study. 

6.3.2 On the RMSD deviation between MSE-HOT and fiberoptic 
temperature measurements 

In the two HIFU experiments in this study, the RMS deviation was 2-3 °C, 

inferior to the 0.6 °C RMS deviation measured on a preclinical system [3, 143].  This 

difference in RMS deviation is probably not a decrease in accuracy, but instead reflects 

the vastly different spatial resolution and heating patterns that were realized on the 
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preclinical (refs. [3, 143]) and human scanners.  Briefly, the main cause of the RMS 

deviation was that the HIFU device created sharp thermal gradients that the MRI was 

unable to resolve. 

In both experiments in this study, the fiberoptic probe was in a region of large 

thermal gradients.  SAR calculations showed that the HIFU applicator used in this study 

generates thermal gradients of 2 °C/cm for a 5 °C peak increase [147].  In our 

experiments, we observed a 10-20 °C maximum temperature increase.  If the thermal 

gradient scales linearly with peak temperature, one would expect thermal gradients of 4-

8 °C/cm in our experiments.  Because the in plane resolution was on the order of 1 cm in 

Figures 7&8, one would expect temperature variation of 4-8 °C in a single voxel.   In 

Experiment 2, for example, comparing Figure 8 to Figure 2 shows that the fiberoptic 

probe was in an area with high a thermal gradient. 

  Sharp temperature gradients can cause RMS deviation through the partial 

volume effect.  Here, the partial volume effect describes the situation where there 

substantial temperature variation within a single voxel, even though that voxel contains 

only a single temperature value.  The partial volume effect is observed in Experiment 1, 

where an 8 °C temperature increase was detected with MSE-HOT immediately after the 

US power was turned on, but before the fiberoptic probe detected a temperature 

increase.  At later times, after the heat had diffused towards the probe, the probe and 

MSE-HOT detected similar temperature.  Similarly, in Experiment 2 MSE-HOT detected 
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a temperature change before the fiberoptic probe.  Thus, resolution limitations can 

increase the RMS deviation via the partial volume effect, especially if the temperature 

distribution is changing rapidly as a function of position or through time. 

Another observation that suggested a relationship between resolution and RMS 

deviation was that the RMS deviation increased substantially as the value of Ex and Ey in 

Equation Error! Reference source not found. were decreased (not shown).  This 

relationship between filtering and RMS deviation indicated that RMS deviation was 

influenced by sharp spatial features in the temperature distribution. 

6.4 Conclusion 

This report presents the first implementation of iMQC thermometry on a human 

scanner.  MSE-HOT was able to monitor the heating of red bone marrow by HIFU in real 

time, although the RMS deviation was limited by spatial resolution.  The results are 

encouraging for a first implementation, but additional pulse sequence development is 

needed to achieve sufficient SNR for imaging living subjects.
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7. Summary of MSE-HOT performance 

Section 2.2.7 listed the potential applications of MSE-HOT in order to define 

resolution and accuracy targets for the pulse sequence.  Here, we will consider how the 

preclinical and clinical implementations of MSE-HOT measured up against those 

targets. 

Table 5 shows the target and actual performance of MSE-HOT.  Actual 

performance was taken from references [3, 148, 149].  The in-plane resolution for the 

Bruker system was measured with a line-spread-function (LSF) phantom made of cream 

(data not shown).   

Table 5: target and actual performance of MSE-HOT 

Metric\Scenario Bruker (act.) GE (actual) HT (target) Ablation (tgt.) 

In-plane res. 4x4 mm2 1x1 - 2x2 cm2 [149] 1x1 cm2 1x1 mm2 
Time res. 2 min/scan [3] 2 min/scan [149] 1-2 min/scan 30 s/scan [150] 
Median T noise 0.3 °C [148] 0.7 °C [149] 0.5-1.0 °C 5 °C 
ΔT accuracy 0.6 °C [148] 2-3 ° [149] 1 °C 5 °C 
T accuracy 2 °C [3] unknown  1°C N/A 

 

A few statements can be made about the performance of MSE-HOT.  In terms of 

ablation procedures, on both scanners MSE-HOT meets the temperature noise and 

accuracy requirements, but not the resolution requirements.  The spatial resolution of 

MSE-HOT can be improved relatively easily at the expense of higher temperature noise 

by using a larger E during Fermi filtering (Equation 66.)  Temporal resolution could be 
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improved by acquiring a different line of k-space at each echo in the MSE train instead 

of echo averaging [140]. 

In terms of hyperthermia procedures, all performance targets were met on the 

Bruker system.  On the GE system, the target for temperature change accuracy was not 

met, and the spatial resolution target was met only marginally.  As described in Section 

6.3.2, the temperature change accuracy on the GE system was limited by spatial 

resolution.  Thus the accuracy would likely improve for smaller ΔT or for temperature 

distributions with fewer sharp spatial features.  Smaller ΔT and slower spatial features 

would occur during external microwave heating [45], suggesting that imaging 

microwave heating of bone metastases may be a promising application of MSE-HOT.  It 

is worth noting that the spatial resolution performance for the GE system is based on 

only two experiments, so further experiments and point-spread-function measurements 

are needed to obtain a more definitive resolution estimate.  While we made marked 

improvements in the reproducibility, noise performance, and practicality of iMQC-based 

temperature imaging, MSE-HOT needs further optimization for clinical use.
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8. Conclusion 

This dissertation identified a clinical need for improved thermal imaging of red 

marrow and developed the MSE-HOT sequence to meet that need.  A major advantage 

of MSE-HOT is that that it removes some inhomogeneous broadening associated with 

RBM microstructure while retaining the temperature-dependence of the water chemical 

shift.  Another advantage of MSE-HOT is that it simplifies the NMR spectrum of RBM 

from two peaks to one, which removes the need for spectral fitting [3].  On a preclinical 

MRI system, these advantages resulted in ten-fold improved temperature accuracy with 

MSE-HOT compared to localized spectroscopy.  Also, MSE-HOT was able to achieve 

average temperature noise of less than 0.5 °C, which is sufficient for most thermal 

therapy procedures. 

This dissertation was also successful at implementing MSE-HOT on a human 

scanner for the first time.  Although RBM heating with a HIFU applicator was 

successfully measured on the human scanner, the resolution and SNR of MSE-HOT need 

improvement.  In conclusion, this dissertation developed a technique that enables 

temperature imaging of RBM, and this technique will likely improve the safety and 

effectiveness of thermal therapy of bone metastases.
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