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“I have learned that mistakes can often be
as good a teacher as success. There is no
straight line to anyone’s vision or dream.”
Jack Welch, Former CEO of General Electric
From the book “Jack: Straight From The Gut”
by Jack Welch with John A. Byrne

THESIS SUMMARY
This thesis describes techniques that can be used to reduce or eliminate artefacts arising due
to magnetic field disturbances and/or motion in temperature maps obtained by the Proton
Resonance Frequency Shift (PRFS) method of MRI temperature mapping.
The first chapter describes a hardware modification, which enables PRFS temperature
mapping during percutaneous transluminal angioplasty performed using a hot balloon. Knowledge
on the thermal dose delivered during Thermal Balloon Angioplasty (TBA) is desirable to
understand why TBA’s outcome varies widely among patients and why it is subject to high
restenosis rates. In its conventional implementation, TBA involves injection of a heated media into
a balloon positioned within a stenotic blood vessel. The media injection causes flow, motion and
susceptibility-redistribution artefacts that are devastating to the PRFS technique of MRI temperature
mapping. It is proposed to separate in time media injection and heating by first inflating a balloon
with a media at an initial temperature, and then by heating the media up using laser light. The
separation is shown to eliminate all the mentioned artefacts and to enable real-time MRI
temperature mapping using the PRFS technique. Accurate and reliable temperature maps were
acquired in a TBA balloon itself and in the surrounding phantom tissue during heat application.
The second chapter describes a post-processing technique, which eliminates temperature
artefacts caused by breathing. Respiratory Induced Resonance Offset (RIRO) is a periodic
disturbance of magnetic field due to lung expansion and viscera motion during breathing. Such
disturbance handicaps the accuracy of the PRFS method of MRI temperature mapping in anatomies
situated nearby the lungs and chest wall. The second chapter describes a method, which is capable
of minimizing errors caused by RIRO in PRFS temperature maps. In this method, a set of baseline
images characterizing RIRO at a variety of respiratory cycle instants is acquired before the thermal
treatment starts. During the treatment, the temperature evolution is found from two successive
images. Then, the calculated temperature changes are corrected for the additional contribution
caused by RIRO using the pre-treatment baseline images acquired at the identical instances of the
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respiratory cycle. The method is shown to improve the accuracy and stability of PRFS temperature
maps in the presence of RIRO and inter-scan motion in phantom and volunteers’ breathing
experiments. The described method is also shown to be applicable to anatomies moving during
breathing if a proper registration procedure is applied.
The third chapter describes an acquisition and post-processing technique, which makes the
old enemy of PRFS, fat, its best friend, who helps to improve the immunity of the PRFS method of
MRI temperature mapping against magnetic field disturbances. Since PRFS is a phase sensitive
method, it misinterprets magnetic field disturbances as artefact temperature changes. If not
corrected, the resulting temperature artefacts can completely obscure the true temperature
estimation, especially if the temperature elevations are small. Since the fat protons experience the
same magnetic field disturbances as the water protons, but no temperature-related frequency shift,
the fat signal has been used for correcting PRFS temperature maps for the disturbances. A simple
correction method is proposed in the third chapter, which has either better compensation capability
than the phase correction methods previously reported or higher spatial and temporal resolution than
the spectroscopic correction methods previously reported. The described method is based on the
utilization of several gradient and spin echoes acquired within one repetition interval with water and
fat-selective scans. In a series of phantom experiments, the improved method is shown to enable the
reconstruction of accurate temperature maps in spite of inter-scan motion, suboptimal fat-water
separation and a wide range of magnetic field disturbances. The described approach can be used for
the guidance of thermal therapies involving tissues containing fat or surrounded by fat.
The fourth chapter describes an approach to post-processing PRFS temperature maps
acquired during High Intensity Focused Ultrasound (HIFU) treatments, which allows the user to
extract from the maps some additional information that can be used to monitor the treatment in a
more safe and reliable way as well as to adjust the treatment in case it deviates from the desired
scenario. Successful HIFU surgery demands accurate and reliable temperature monitoring. Heating
affects acoustic properties of biological tissues changing the acoustic field and consequent heat
deposition. As a result, HIFU thermal lesions grow asymmetrically from the focus toward the
transducer and perpendicularly to the beam axis. If the growth process is not monitored, the healthy
tissues located on the beam path can be damaged. The fourth chapter describes an improved
approach to MRI temperature mapping designed for the real-time guidance of HIFU surgery, which
is based on the acquisition of images along the HIFU beam and allows monitoring and analyzing
heat deposition and distribution patterns. The described method visualizes the heat deposition site
and shows its evolution during the surgery. In-vitro HIFU experiments have been performed under
real-time MRI temperature monitoring using the PRFS method. A set of mathematical operations
has been applied to PRFS temperature maps, which revealed the HIFU thermal focus (which not
always coincides with the geometrical focus) as well as the focus’ shape, size and displacements
during sonications. The operations also visualized the HIFU beam waist as well as the hot area
borders and main heat transfer directions. The proposed approach provides information for on-line
prevention of undesirable heat deposition resulting from intra-operative changes of tissue acoustic
properties. Since making small sharp HIFU lesions demands the usage of short high-power
sonications, predicting the thermal lesion growth resulting from the next sonication becomes highly
desirable. This method has a potential to supply the information necessary for such predictions,
which can increase the safety and improving the clinical outcome of the HIFU surgery.
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INTRODUCTION

During the last decade, thermal medicine has stepped out of the research laboratories and is
establishing itself as a practical and reliable clinical tool. According to the definition given by P.R.
Stauffer (2005), “thermal medicine may be considered to encompass all treatments based on the
transfer of heat energy into or out of body tissues to accomplish a therapeutic result”. As suggested
by this definition, both heating and cooling of the anatomy of interest can be used for therapeutic
purposes. Up to now, numerous clinical applications of heating and cooling have been identified
and implemented and evaluated, including haemostasis and vasoconstriction, the reduction of pain
or inflammation, wound healing, organ preservation, thermal surgery and cancer therapy.
Hyperthermia, especially in combination with chemotherapy and/or radiotherapy, has been
exploited for the treatment of cancer very successfully for many years (Stauffer et al., 2004).
However, it provides a low spatial accuracy treatment, which lasts a certain period of time.
Sometimes, cancer lesions are shaped very irregularly and/or evolve with time. This creates a
demand for a more radical treatment, which would enable a physician to exterminate a cancer lesion
rapidly, while affecting only the malignant cells and sparing the healthy ones. This approach is
usually called “thermal surgery” or “tumour ablation”. According to the definition proposed by S.
N. Goldberg (2005), “the term tumour ablation is defined as the direct application of thermal
therapies to a specific focal tumour (or tumours) in an attempt to achieve eradication or substantial
tumour destruction”.
When translated into the parlance of physics, this definition means accurate and controllable
heat deposition. For a physicist, this means developing a controllable heat or cold source together
with an application modality, whose spatial, temporal and thermal resolution is sufficient to achieve
the physician’s goal and reliable enough to guarantee the patient’s safety. There are various thermal
energy sources that can be used for delivering heat or cold into a patient’s body endocavitarily,
intraluminaly or interstitially (Diederich 2005; Haemmerich and Laeseke 2005). However, among
all the modalities that have been developed until now, only High-Intensity Focused Ultrasound
(HIFU) is completely non-invasive due to the nature of the physical principles laid into its
foundation (Kennedy et al. 2003).
From the first days after its discovery, ultrasound attracted the attention of researchers and
clinicians as a potentially promising clinical tool. After the discovery of the phenomenon of
piezoelectricity by Jacques and Pierre Curie in 1880 and the application of piezoelectric materials
for generating ultrasound in 1920, it took only 12 years until the first report on therapeutic heating
using ultrasound by H. Freundlich appeared (Kremkau 1979). The first attempts to expose
malignant lesions to low-intensity ultrasound for long time intervals brought no positive results. But
then, A. Burov came in 1956 with the concept of exposing malignant lesions to short-time highintensity sonications (Burov 1956), which caused stopping of growth and dissolving of BrownPearce tumours implanted into rabbits (Burov and Andre’evska’a 1956). The ability of HIFU to
produce thermal lesions in biological tissues attracted a number of researchers that worked in the
1950’s-1970’s to apply this phenomenon in different surgical procedures, including the ablation of
malignant lesions (Kremkau 1979, Kennedy 2003). But their progress was handicapped by the lack
of radiological and computational techniques for focal spot and target localization as well as
thermal dosimetry.
The small focal spot with sharp boundaries between the treated and unaffected tissues is a
unique property of HIFU, which (in combination with its complete non-invasiveness and good
penetration depth) makes HIFU the best clinical modality for thermal treatment available nowadays.
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Interstitial laser photocoagulation therapy (ILP) and radiofrequency ablation (RFA) do not enable as
precise treatment zone localization as HIFU does (Pereira 2004, Hall-Craggs 2002). Moreover,
these techniques demand the percutaneous introduction of needles carrying either optical fibres or
RF electrodes into tumours. HIFU is absolutely non-invasive because the thermal energy penetrates
the human body through the intact skin in the form of acoustic waves that are generated by a
transducer positioned outside the body (or within natural body orifices in endocavitary
applications). The waves can be focused on a point which is as deep as 20 cm inside the body
(Gianfelice 2003). HIFU is capable of creating thermal lesions that are as small as 1 mm3 (HallCraggs 2002). This superior accuracy enables a very precise targeting of the thermal ablation
process, especially if the treatment is performed under the real-time MRI guidance (Graham 1999,
McDannold 2000, Salomir 2000, Palussiere 2003, Mougenot 2004). The high spatial and temporal
accuracy achievable with HIFU enables creation of lesions with very sharp borders agreeing with
the expected extent (Wu 2001, Hazle 2002). The boundaries between the ablated and viable tissues
can be as thin as 10 cells or even less (Wu 2001, ter Haar 1995). Another strength of HIFU is its
ability to occlude and/or destroy blood vessels within as well as around the focal spot (DelonMartin 1995, Hynynen 1996a, Hynynen 1996b, Wu 2002), which eliminates the cooling effect of
blood flow during HIFU ablation of malignant tumours, and thus speeds up the treatment and makes
its thermal effect more predictable and repeatable. This effect is even more devastating for
malignant tumours because they usually have sub-optimally developed vulnerable vasculature
(Denekamp 1992).
As any clinical modality, HIFU has some limitations. The major one is the inability of the
beam to propagate through air-filled viscera, which limits the list of anatomies HIFU can be applied
to using an extracorporeal set-up. Also, HIFU is more sensitive to target motion than radiofrequency ablation, laser ablation or cryo-ablation because of its complete non-invasiveness: the US
transducer stays immobilized outside the patient body and does not move together with the target
anatomy like an ablation needle inserted into the anatomy. Some concerns may also arise when the
target tumour is located too close to the skin or bones, because focusing the beam onto such a
tumour can potentially cause skin burns or bone overheating. The focusing of the HIFU beam is not
only a matter of transducer design. Also, the acoustic properties of the media the beam propagates
through affect the beam’s focusing. Some internal body cavities and borders between tissues with
different acoustic properties can severely distort the acoustic field, which may lead to unexpected
and unpredictable heat deposition. Moreover, HIFU heating by itself changes the acoustic properties
of the affected tissues, which leads to changes in the acoustic field causing the heating.
It must be mentioned here, that accurate MRI temperature monitoring can appear to be quite
a challenge, especially on moving anatomies or in tissues with high fat content (Germain 2001, de
Senneville 2005). The Proton Resonance Frequency Shift (PRFS) method of MRI temperature
monitoring is the best method currently known. It is easy in its implementation, it does not demand
any calibration, it is tissue independent and it has a good linearity and temperature sensitivity in the
range of temperatures relevant for thermal medicine. However, it is extremely sensitive to motion
and susceptibility artefacts. Even motion of another anatomy, situated nearby the anatomy of
interest, can lead to magnetic field variations resulting in susceptibility-redistribution artefacts and
erroneous temperature estimations. As fat protons do not experience PRFS with temperature,
suboptimal fat suppression (common for anatomies affected by motion or susceptibilityredistribution artefacts) can cause MRI to report wrong temperature values.
This thesis describes techniques that can be used to reduce or eliminate such artefacts in
MRI temperature maps obtained by the PRFS method. The first chapter describes a hardware
modification, which enables PRFS temperature mapping during hot-balloon angioplasty. The flow,
motion, misregistration and susceptibility re-distribution artefacts, which prohibits PRFS
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temperature mapping on a conventional angioplasty balloon, arise during hot medium injection into
the balloon. When the balloon is first injected with an ambient temperature medium and then heated
up by laser light, the artefacts mentioned above do not affect PRFS and accurate temperature maps
are obtained. The second chapter describes a post-processing technique, which eliminates
temperature artefacts caused by breathing. It uses sets of baseline phase maps that characterize the
respiratory-induced resonance offset in the anatomy of interest at every instant of the respiratory
cycle. In this technique, temperature maps are calculated using three baseline phase maps instead of
one: one baseline serves to find temperature increments, and two more serve to compensate the
temperature increments for respiratory artefacts. The third chapter describes an acquisition and postprocessing technique, which makes the old enemy of PRFS, fat, its best friend. As fat protons do not
experience PRFS with temperature, they can be used as an internal reference to compensate
temperature maps for magnetic field drifts. However, such drifts affect the quality of fat-water
separation and prevent this approach from delivering accurate temperature estimations. The
acquisition and post-processing schemes described in the third chapter allow minimizing the impact
of suboptimal fat-water separation on the accuracy of PRFS temperature maps obtained using fat as
an internal reference. The fourth chapter describes an approach to post-processing PRFS
temperature maps acquired during HIFU treatments, which allows the user to extract from the maps
some additional information that can be used to monitor the treatment in a more safe and reliable
way as well as to adjust the treatment in case it deviates from the desired scenario. Since heating
changes the acoustic properties of biological tissues, the focal spot position, size and shape evolve
during HIFU treatments. This phenomenon can lead to undesired and/ or unpredictable changes of
the heat deposition pattern. The mathematical operations described in the fourth chapter can
visualize the evolution of the heat deposition pattern when applied to PRFS temperature maps
acquired during HIFU treatments.
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CHAPTER 1:
MRI Temperature Mapping
During Thermal Balloon Angioplasty

A part of this chapter has been published in Physics in Medicine and Biology:
Andriy V. Shmatukha and Chris J. G. Bakker,
“MRI Temperature Mapping During Thermal Balloon Angioplasty”,
Phys. Med. Biol. 51 (2006), N163–N171.

Summary of Chapter 1:
Knowledge on the thermal dose delivered during Thermal Balloon Angioplasty (TBA) is
desirable to understand why TBA’s outcome varies widely among patients and why it is subject to
high restenosis rates. In its conventional implementation, TBA involves injection of a heated media
into a balloon positioned within a stenotic blood vessel. The media injection causes flow, motion
and susceptibility-redistribution artefacts that are devastating to Proton Resonance Frequency Shift
(PRFS) technique of MRI temperature mapping. Here, we propose to separate in time media
injection and heating by first inflating a balloon with a media at an initial temperature, and then by
heating the media up using laser light. The separation is shown to eliminate all the mentioned
artefacts and to enable real-time MRI temperature mapping using the PRFS technique. Accurate and
reliable temperature maps were acquired in a TBA balloon itself and in the surrounding phantom
tissue during heat application.
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INTRODUCTION
Percutaneous Transluminal Angioplasty (PTA) is a minimally invasive intravascular
intervention, which has been widely recognized as an effective and practical tool to regain normal
circulation in the stenotic vascular lumen. In its traditional form, PTA involves inflating a balloon
on the tip of an angiographic catheter positioned at the stenotic vessel region. Thermal Balloon
Angioplasty (TBA) is a variation of PTA, which uses a balloon filled with a hot media to cause
thermal damage to the intravascular plaque. The hot media is usually injected into the balloon to
cause the balloon’s inflation. Another approach exists, in which the balloon filling media is heated
by radiofrequency energy (RF-TBA). However, the later approach is beyond the scope of this study
because of its handicapped MRI-compatibility.
The application of heat has been shown to bring additional benefits as compared with the
traditional “mechanical-only” PTA (Sreeram et al 2000) because it produces greater lumen
enlargement (Gleason et al 1990) and reduces thrombogenicity (Abela et al 2001). However, TBA
frequently results in re-stenosis and non-uniform changes in the vessel wall (Sreeram et al 2000).
Also, it is not quite clear now what temperature is the most beneficial one to be used in the
procedure (Tomaru et al 1993, Post et al 1996a, Post et al 1996b, Kang et al 1995). It is quite
plausible that the high restenosis rates and variations in TBA’s long-term outcome could be mainly
caused by variations in the thermal dose delivered during the procedure, which is a function of the
applied temperature and thermal exposure duration.
The ability of MRI to measure temperature in soft tissues non-invasively has been utilized in
a variety of thermal therapies (Quesson et al 2000). However, till the limit of the author’s
knowledge, the application of MRI during TBA has not been reported yet. In our opinion, the data
on temperature and its time evolution during TBA would allow calculating the delivered thermal
dose and investigating the correlation between the dose and the procedure’s long-term outcome.
Also, such a real-time feedback could allow adjusting the heating scenario during the treatment in
each particular case, which has a potential to result in improved intervention outcome. In addition to
the advantages of non-invasiveness and simultaneity, MRI also provides means to track catheter
delivery and positioning (Wildermuth et al 1998).
Our preliminary experiments suggested that MRI temperature mapping (especially using a
phase-sensitive method) during TBA is impossible because of motion, flow and susceptibilityredistribution artefacts created by the act of balloon inflation. A big part of the thermal dose is
delivered during the hot media injection process, which causes the balloon to expand shifting and
deforming the adjacent tissue. This causes the loss of correspondence between the images acquired
prior to the injection and after it, so the images cannot be subtracted from each other and the
corresponding temperature map cannot be calculated. Acquiring time series of images during the
injection with a high temporal resolution to keep the surrounding tissue shift and deformation small
does not help. The resulting images contain flow artefacts as well as phase artefacts due to the
susceptibility distribution changes caused by the motion of the media inside the balloon and
catheter. These susceptibility-redistribution phase artefacts are mixed with the temperature-related
phase changes and obscure them. The resulting temperature maps are erroneous.
In this work, we report MRI temperature mapping on a TBA balloon first inflated with an
initial temperature media and then heated up by the laser light. The TBA procedure was performed
on ex-vivo porcine muscle specimens and Proton Resonance Frequency Shift (PRFS) temperature
maps were acquired during the procedure. It is shown here that separating in time media injection
and heating allows avoiding flow and susceptibility-redistribution artefacts caused by media
movement as well as motion artefacts and misregistration caused by balloon expansion. This
approach allows acquiring accurate and reliable temperature maps of the thermal balloon itself and
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the surrounding tissue. These data would be sufficient for estimating the temperature of the vessel
wall, which is too thin to be imaged directly using coils supplied with a regular clinical MRI
scanner. The described technique and hardware can be easily adapted for a number of real clinical
applications – for instance, for controlling the thermal dose applied during dialysis shunt TBA.
METHODS
The experiments were conducted on porcine muscle specimens (“Varkensfilet” by Albert
Hein or Cor Brouwer, The Netherlands). MR imaging was performed on a commercial 1.5-T MR
scanner (Intera NT, Philips Medical Systems, Best, The Netherlands) with the help of 20-cm or 14cm diameter circular flexible surface coils. The specimen temperature was measured with the help
of a fluoroptic thermometer M790 (Luxtron Corp., Santa Clara, CA, USA). Image processing was
performed using IDL version 6.1 (Research Systems Inc., Boulder, CO, USA). The temperature
maps were calculated using the Proton Resonance Frequency Shift method (Quesson et al 2000). No
hardware drift correction was applied on the temperature maps.
A diffusing balloon catheter CDB-LB20 with a cylindrical light diffuser RD20 inside its
shaft (both produced by Medlight SA, Ecublens, Switzerland) was introduced into specimens and
inflated with ambient temperature tap water slightly doped with Copper Sulphate to enhance the
absorption of the laser light. After this, the baseline MR images were acquired. Then, the balloon
filling solution was heated up by laser light delivered via the light diffuser and a time series of 50
MR images separated by 1 min. of waiting time was acquired during the heating period. Then, the
laser was turned off and the balloon and specimen were left to cool down. Another time series of 50
MR images separated by 1 min. of waiting time was acquired during the cooling period. Neither the
diffusing balloon catheter CDB-LB20 nor the cylindrical light diffuser RD20 had any MRI markers.
The length and inflated diameter of the diffusing balloon catheter CDB-LB20 are 20 mm and 8 mm
respectively. The numerical aperture, diameter and irradiation length of the cylindrical light diffuser
RD20 are 0.48, 0.94 mm and 20 mm respectively. The light source was a diode array laser of the
wavelength range of 790-820 nm and maximum output power of 15 W continuous wave (Diomed
Ltd., Cambridge, UK). The laser was positioned outside the magnet room and a 10 m long
extension optical fibre (Medlight SA, Ecublens, Switzerland) was used to deliver light from the
laser into the light diffuser. The laser output power was 4.5 W (continuous wave), which produced
the output power of 1.87 W on the diffusing tip of the cylindrical light diffuser RD20.
Three conventional balloon catheters were used in the experiments: MRI-Compatible
Balloon Catheter (Cordis Europa N.V., Roden, The Netherlands; inflated balloon diameter and
length 6 mm and 2 cm correspondingly; operated at the pressure of 12 atm; equipped with two MRI
susceptibility markers); “Opta 5” PTA Balloon Dilatation Catheter (Cordis Europa N.V., Roden,
The Netherlands; inflated balloon diameter and length 8 mm and 4 cm correspondingly; operated at
the pressure of 8 atm; equipped with two radio-opaque marker bands); “Opta Pro” PTA Balloon
Dilatation Catheter (Cordis Europa N.V., Roden, The Netherlands; inflated balloon diameter and
length 6 mm and 4 cm correspondingly; operated at the pressure of 8 atm; equipped with two radioopaque marker bands). The balloon catheters were introduced into specimens and the baseline MRI
images were acquired. Then the balloons were inflated using either ambient temperature or hot tap
water. Time series of 10-100 MR images were acquired during and/or after the water injection. In
some experiments, the specimens were embedded in 200-400 ml of ambient temperature tap water
to facilitate the magnetic field shimming procedure.
The MR images were obtained by using a 2D Fast Gradient Echo pulse sequence with EchoPlanar read-out (FGRE EPI). During the laser heating experiments, one slice was acquired with a
spatial resolution of 1 x 1 mm in-plane and 5 mm slice thickness. The pulse sequence parameters
were TR /TE /FA = 80 ms /20 ms /24o with a bandwidth of 21.68 kHz and EPI echo train length of
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3, without flow compensation. The image acquisition time was 1.2 seconds. During the
conventional balloon catheter experiments, 3 slices were acquired with an in-plane spatial resolution
of 1 x 1 mm. Slice thickness and gap were 5 mm and 2.5 mm correspondingly. The pulse sequence
parameters were TR /TE /FA = 190 ms /20 ms /80o, with a bandwidth of 32.5 kHz, EPI echo train
length of 5 and flow compensation. The image acquisition time was 3.0 seconds. In all experiments,
fat suppression was executed by using a binominal saturation pulse (the scanner’s built-in option)
and magnetic field shimming was applied.
The standard deviation of the temperature values measured by MRI was calculated adopting
the assumptions and following the formalism described by E.M. Haacke et al (1999) as well as R.
Salomir et al (2000). The signal-to-noise ratio (SNR) in a magnitude image can be calculated as:
SNR = M
(1),

σ

where M is the averaged signal magnitude in a region of interest (ROI) chosen on an imaged
anatomy and σ is the standard deviation of noise in a ROI chosen on the background (outside the
imaged anatomy, where no MRI signal is present). The phase standard deviation (in radians) on the
phase image, corresponding to the considered magnitude one, is inversely proportional to the SNR
σ ϕ = 1 SNR
(2).
on this magnitude image:
The temperature standard deviation on a temperature map calculated from such a phase image can
σϕ
1
be calculated as:
=
(3),
σT =
−3
−3
αγB0 × 10 × TE αγB0 × 10 × TE × SNR

[

]

⎡ ppm ⎤
− 8 o −1
where σ ϕ [rad ] is defined by Eq. (2); α ≈ −0.01 ⎢
C
is the PRFS temperature
⎥ = −10
o
⎣ C⎦
sensitivity coefficient; γ ≈ 2.68 × 108 [rad / s / Tesla ] is the hydrogen proton gyromagnetic ratio;
B0 [Tesla ] is the scanner main magnetic field (1.5 Tesla in our case); and TE [msec] is the echo time
used for image acquisition (expressed in msec). In this article, the ROI’s used to calculate the
standard deviation of noise had a size of 11 x 11 pixels. For some of high-resolution images
containing no “empty” parts, the noise ROI was chosen on meat specimens far from the balloon.
This was possible because homogenous muscle specimens having no contrast variation within were
used in the experiments. The averaged signal magnitude M was calculated using the same ROI’s
which were used for calculating the graphs displaying the temperature evolution with time. The
error bars of − / + σ T were plotted on the graphs.

RESULTS
Figure 1 is a magnitude MR image, which was acquired during hot water injection into the
MRI-compatible balloon catheter. The slice was oriented along the balloon and contained it. The
phase encoding direction was along the horizontal axis of the image. The flow artefacts are
distributed along this direction and cover a significant part of the tissue adjacent to the balloon
making reliable PRFS temperature mapping in these areas impossible.
Figure 2 shows a temperature map calculated from the images acquired during the balloon
inflation (up to and including the image represented by figure 1). The initial specimen temperature
was put to be zero, so the map shows the temperature changes induced by the injection. The
measured temperature distribution is obviously wrong because an injection of hot water into the
balloon cannot create negative temperatures and local temperature gradients on the order of 150 oC.
The negative temperature values are artefacts due to susceptibility-redistribution phase artefacts,
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tissue motion and resulting misregistration. The locations of the high-temperature areas coincide
with the locations of the flow artefacts.

Figure 1 (Left): A balloon catheter during hot water injection. The flow artefacts are distributed along the phase
encoding (horizontal) direction and cover a significant part of the tissue adjacent to the balloon. The big white frame
delineates the borders of the temperature map shown on figure 2. The small white square marks the position of the ROI
from which the graph on figure 3 was calculated.
Figure 2 (Right): Temperature map calculated on several first images acquired during the balloon inflation (up to and
including the image on figure 1). Only the pixels from the big white frame on figure 1 were used for the calculation.
The dark square within the left high-temperature lobe marks the position of the ROI from which the graph on figure 3
was calculated. The colour bar represents temperature values in degrees Celsius. The initial specimen temperature was
assigned to be zero.

Figure 3 shows the evolution over a longer time of the temperature averaged over a 3 x 3
pixel region of interest (ROI). The ROI is marked with square on figures 1 and 2. The flow artefacts
result in a spike of temperature, while the final temperature achieved during the procedure is
reported to be negative.

Figure 3: Time evolution of the temperature averaged over a 3 x 3 pixel ROI marked on figures 1 and 2. The flow
artefacts result in a temperature spike. The initial specimen temperature was assigned to be zero. The error bars
represent the st`andard deviation of the temperature ( − / + σ T ) calculated according to Eq. (3).
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As no heating took place during the inflation of the diffusing balloon catheter CDB-LB20,
the first images acquired during the inflation could be omitted from the calculation and the
temperature mapping could start from the point when the laser was turned on. A temperature map
obtained in this way on the diffusing balloon and surrounding specimen tissue in the end of the
heating period (before the laser was turned off) is shown on figure 4.

Figure 4: Temperature map calculated from a series of images acquired on the diffusing balloon catheter CDB-LB20
and surrounding specimen tissue during the heating period (before the laser was turned off). The colour bar represents
temperature values in degrees Celsius. The initial specimen temperature was assigned to be zero. The big and small
squares show the locations of ROI’s used to calculate the graphs on figures 5 and 6 correspondingly.

The slice was oriented perpendicularly to the balloon and contained it. The temperature
distribution shows an axial symmetry as can be expected (except for the almost homogenous
temperature distribution within the balloon, which is probably due to homogenous light absorption
by the whole volume of the balloon filling liquid). The temperature map values were in a good
agreement with the readings of the fluoroptic thermometer. The approach enables measuring the
temperature distribution also inside the balloon itself. This distribution appears to be almost uniform
over the balloon cross-section. The higher-temperature dot in the middle (nearby the left-down
corner of the smaller ROI) is the location of the heat source – i.e. the cylindrical light diffuser
RD20. It is not MRI-visible, but it is visualized because of the adjacent balloon filling media
(partial volume effect). The low-temperature artefact in the upper right quadrant of the central part
is due to a plastic tube used for introducing one of the fluoroptic probes. It created a small local
signal loss area around the probe, which did not affect the rest of the temperature map. The
temperature variation rings beneath the balloon are probably due to the air trapped between the
balloon and specimen tissue during the balloon introduction.
Figure 5 shows the time evolution of the temperature averaged over a 3 x 3 pixel ROI
positioned at the expected location of one of the fluoroptic probes (the bigger square in the upper
right quadrant of the central part of figure 4). The temperature measured by MRI is in a good
agreement with the data of the fluoroptic probe.
Figure 6 shows the time evolution of the temperature of a single pixel located within the
balloon itself (the smaller square in the central part of figure 4). On both graphs, the heating and
cooling periods can be easily identified. The standard deviation of the temperature measured on the
pixel located within the balloon was quite small because the balloon filling liquid was heated by the
laser light homogenously, so there were almost no intra-voxel temperature gradients leading to
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signal dephasing. Also, the long T2 and short T1 relaxation times of the liquid enhanced the pixel’s
signal resulting in a high SNR.

Figure 5: The red line with blue error bars represents the MRI-measured temperature averaged over a 3 x 3 pixel ROI
positioned at the expected location of a fluoroptic probe (the bigger square on figure 4). The green line with diamond
marks represents the probe’s readings. The initial specimen temperature was assigned to be zero. The error bars
represent the standard deviation of the temperature ( − / + σ T ) calculated according to Eq. (3).

Figure 6: The MRI-measured temperature of a single pixel located inside the diffusing balloon catheter CDB-LB20
itself (the smaller square on figure 4). The initial specimen temperature was assigned to be zero. The error bars
represent the standard deviation of the temperature ( − / + σ T ) calculated according to Eq. (3).

DISCUSSION
The hot media injection makes PRFS temperature mapping on a TBA balloon impossible.
The main reason is the demand to acquire the baseline images (or the baseline phase map) before
the injection. Acquiring MR images during the media injection with a high temporal resolution to
keep the surrounding tissue shift and deformation small does not help because the resulting images
contain flow artefacts spoiling the resulting temperature maps. This happens even when flow
compensation is applied. Probably, the media flow within the catheter and balloon is highly
turbulent, so regular flow compensation available on regular clinical scanners cannot compensate
for it. The movement of media inside the balloon causes changes in the susceptibility distribution
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and local magnetic field within the imaged anatomy. The resulting phase changes are mixed with
the temperature-related phase changes and obscure them making accurate temperature mapping
impossible.
A possible solution could be: first, to inject a media at an initial temperature into a balloon
and to acquire the baseline images; and then, to pump out the initial temperature media, to inject a
hot media and to acquire temperature maps. We have found that this approach is impractical and
unlikely to deliver accurate temperature maps. Not all the initial temperature media can be pumped
out using the conventional TBA syringe. Some amount of it stays trapped within the balloon and
catheter. This prevents the hot media from filling the balloon completely and homogenously, which
is necessary for applying the desired thermal dose over the whole target area. Moreover, these
manipulations lead to shifts in the balloon position between the acquisition of the baseline images
and consequent treatment ones. The misregistration appears to have a devastating effect on PRFS
temperature maps.
Separating in time balloon inflation by injecting the initial temperature media and the start
of heating it by laser light eliminates all the problems mentioned above. In this case, the flow,
motion and susceptibility-redistribution artefacts occurring during the balloon inflation (Figure 7)
cannot influence the temperature mapping process because it has not started yet. Only after the
initial temperature media had been injected and the balloon had been inflated as desired, the
baseline images were acquired. Then the laser was turned on and time series of treatment images
were acquired during heating and cooling. As suggested by figures 4 – 6, this allows building
reliable and accurate temperature maps.

Figure 7: Temperature artefacts due to the inflation of the diffusing balloon catheter CDB-LB20.

As can be concluded from the observations presented in this chapter, the optical properties
of the balloon filling media must be adjusted in such a way, that the laser light would be absorbed
by the media itself and not by the vessel walls. If the light distribution produced by a diffusing tip is
not completely homogenous, different areas of plaque material and vessel wall are going to receive
different thermal doses. If so, some areas could receive either insufficient or excessive treatment. If
the laser light is absorbed by the balloon filling media, the media will re-distribute the heat within
itself and the thermal dose obtained by the plaque material and vessel wall as the result of heat
transfer from the balloon will be more homogenous. It is also very important that the balloon filling
media would be MRI-visible. The vessel walls are too thin to enable reliable and accurate MRI
temperature mapping within them with the help of extracorporeal MRI coils and the imaging
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resolution achievable with such coils. Unless a TBA balloon is equipped with an intravascular
imaging coil, the vessel wall temperature cannot be measured directly and must be estimated. As the
internal surface of the vessel wall and the external surface of the balloon are in mechanical and
thermal contact, their temperatures tend to be equal. So, the temperature of the media within the
balloon is the best estimator of the vessel wall temperature. This is why it is very important to
acquire MRI temperature maps from inside the TBA balloon too. The reported approach enables
this. Moreover, the balloon temperature data on its own can be sufficient for real-time heating
control as well as for investigating a relationship between the procedure long-term outcome and the
balloon temperature used.
The proposed approach is not restricted only to the intravascular applications of the thermal
balloon. We believe that the thermal balloons used for the treatment of uterus bleedings, prostate
and oesophagus lesions could also allow real-time MRI temperature mapping if the media injection
and heating were separated in time.
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CHAPTER 2:
Correction of
Proton Resonance Frequency Shift Temperature Maps
for Magnetic Field Disturbances Caused by Breathing

A part of this chapter has been published in Physics in Medicine and Biology:
Andriy V. Shmatukha and Chris J. G. Bakker
“Correction of Proton Resonance Frequency Shift Temperature Maps
for Magnetic Field Disturbances Caused by Breathing”,
Phys. Med. Biol. 51 (2006), 4689–4705.

Summary of Chapter 2:
Respiratory Induced Resonance Offset (RIRO) is a periodic disturbance of magnetic field
due to breathing. Such disturbance handicaps the accuracy of the Proton Resonance Frequency Shift
(PRFS) method of MRI temperature mapping in anatomies situated nearby the lungs and chest wall.
In this study, a method has been developed, which is capable of minimizing errors caused by RIRO
in PRFS temperature maps. In this method, a set of baseline images characterizing RIRO at a
variety of respiratory cycle instants is acquired before the thermal treatment starts. During the
treatment, the temperature evolution is found from two successive images. Then, the calculated
temperature changes are corrected for the additional contribution caused by RIRO using the pretreatment baseline images acquired at the identical instances of the respiratory cycle. The method is
shown here to improve the accuracy and stability of PRFS temperature maps in the presence of
RIRO and inter-scan motion in phantom and volunteers’ breathing experiments. The described
method is also shown to be applicable to anatomies moving during breathing if a proper registration
procedure is applied.
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INTRODUCTION
It has been demonstrated that thermal therapies have the potential to become a powerful
clinical tool for the percutaneous treatment of malignant breast lesions because of their minimal
invasiveness resulting in sparing of adjacent normal tissue as well as in improved cosmetic results
(Hall-Craggs et al 2002). The application of the thermal therapies in clinical practice demands
accurate and reliable temperature monitoring in order to ensure that the desired thermal dose
distribution has been achieved throughout the affected anatomy, and that normal tissue has been
spared from unwanted damage. The Proton Resonance Frequency Shift (PRFS) method is currently
being considered the best choice for the purpose of MRI-guidance of breast thermal therapies
because of its tissue independence and ease of implementation. However, the PRFS method has a
considerable drawback: it cannot differentiate between the phase accumulated by protons due to
temperature changes and the phase accumulated by the same protons due to local magnetic field
changes (Germain et al 2001).
Local magnetic field changes can be caused, for instance, by respiration. Respiration has
been shown to disturb the magnetic field in anatomies proximal to the lungs, for example, the
breasts (Bolan et al 2004), and even head (Raj et al 2001; Van de Moortele et al 2002; Marques et al
2005). During the act of respiration, the air-filled lungs change their volume shifting the adjacent
tissues, which results in changes of the spatial susceptibility distribution within the imaged body. In
addition, the oxygen concentration in the air filling the lungs evolves during the breathing cycle
(Van de Moortele et al 2002; Marques et al 2005). The closer to the lungs an anatomy of interest is
situated, the bigger this frequency shift is. For the breasts, it was estimated to be on the order of 0.1
ppm (Bolan et al 2004).
These periodical re-distributions of susceptibility lead to periodical changes of the local
magnetic fields experienced by protons in the affected areas, which leads to shifts in the local
proton resonance frequency (the Respiratory Induced Resonance Offset, or RIRO, effect). If two
phase maps were acquired at different instants of the respiratory cycle corresponding to two
different lung volumes and adjacent tissue positions, their subtraction would yield a phase map
reflecting the gross resonance frequency changes, where RIRO- and temperature-related
information would be mixed together. Such a resulting phase map cannot be used for the real-time
guidance of thermal therapies without being corrected properly because it will deliver wrong
temperature estimation. The higher the temporal and spatial resolution of a temperature mapping
process is, the less the RIRO-caused phase distribution is averaged over the breathing cycle and
anatomy volume, which leads to bigger errors in the resulting temperature estimation. However, a
robust and reliable temperature mapping does demand acquiring temperature maps with high spatial
and temporal resolutions. Thus, RIRO is an obstacle on one’s way to fast and accurate PRFS
temperature mapping.
K. Vigen et al (2003) proposed a powerful and flexible method suitable for the correction of
PRFS temperature maps for the RIRO effect. However, its application in everyday clinical practice
is handicapped by the demands of access to the raw k-space data stored on a scanner (this option is
not widely available on clinical scanners) and post-processing of this data (including checking a big
amount of k-space lines for similarities to generate artificial baseline images). Moreover, the
method demands the usage of respiratory triggering, which is a drawback because there is no 100%
correlation between the lung volume, surrounding tissue position and the readings of a respiratory
belt (Priatna et al, 1999). Also, the method demands a user’s feed-back and decision making to
acquire baseline images. This would require an additional training to be provided for clinical MRI
operators to enable them to use the method.
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This chapter reports a method, which uses only images reconstructed by the scanner without
any k-space operations as well as a minimum of calculations using a relatively small region of
interest (ROI). The method does not use respiratory triggering or respiratory belt readings. The
proposed correction technique is based on the usage of two types of baseline phase maps – one for
temperature and another one for RIRO-induced field disturbances. For a current phase map acquired
during thermal therapy, the temperature baseline is the previously acquired phase map. Its RIRO
baseline is a phase map acquired at the identical instant of the respiratory cycle before any
temperature changes took place. The difference between two consecutive phase maps acquired
during the treatment at two different respiratory cycle instants contains mixed contributions from
the temperature change as well as RIRO-induced phase change. The temperature-related phase is
recovered by subtracting the difference between the corresponding RIRO baselines.
The proposed technique is a suitable modification of the Adaptive Subtraction method
described previously (Bakker et al, 2004), which was initially developed for MRI catheter tracking
using reconstructed magnitude images. It eliminates motion artefacts from the tracking images by
subtracting corresponding baseline images containing the same motion artefacts. In the described
method, the RIRO-induced variations in pixel signal values are used to discriminate between
different lung volumes and adjacent tissue with the help of an error function, which is minimized
for the images containing similar RIRO-induced contributions. The method can be equally applied
on anatomies moving due to breathing as well as immobilized ones (for instance, the breasts during
a High Intensity Focused Ultrasound treatment).
First, it is shown theoretically how images acquired at the identical instants of the
respiratory cycle can be identified and how this information can be used to exclude the additional
phase caused by RIRO from PRFS temperature maps. Then, phantom experiments are reported that
demonstrate the application of the theory on ex-vivo specimens in the presence of simulated RIRO
effect and intra-scan motion. Also, volunteer experiments indicating the applicability of the
proposed technique in patients are presented. Finally, the technique is used to obtain accurate and
reliable PRFS temperature maps during a laser ablation experiment in an ex-vivo specimen.
THEORY
The additional phase introduced by RIRO into the phase maps used for calculating
temperature is excluded by using phase maps that are acquired at the identical instants of the
respiratory cycle before any temperature changes occur. I.e., before the thermal treatment starts, a
set of baseline pre-treatment phase maps is acquired over several respiratory cycles to be used as
references of the additional RIRO-caused phase distributions at the corresponding instants of the
respiratory cycle. During the thermal treatment, these baseline maps are subtracted from the current
phase maps containing both RIRO-caused and PRFS-caused contributions. The resulting phase
maps contain the PRFS contributions solely since the RIRO ones are eliminated. Thus, the RIRO
compensation process is to be performed in two steps. First, MR images (and the corresponding
phase maps) are identified as being acquired at a certain instant of the respiratory cycle. Second, the
pre-treatment phase maps are subtracted from the treatment ones acquired at the identical instants of
the respiratory cycle and the corresponding temperature maps are calculated.
As the first step, the respiratory cycle instant identification is accomplished using a ROI
chosen on phase images (or corresponding magnitude, real or imaginary images) with the help of
the non-similarity coefficients (NSC’s) defined as:
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where λ m denotes the non-similarity coefficient calculated on image number “m”; ξ ijm denotes the
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intensity value of a pixel positioned in the i-th row and j-th column within a N i by N j pixel ROI
chosen on image number “m”. The NSC’s express how the RIRO effects vary with time in
comparison to the very first pre-treatment image, which is denoted by the number m =1 . Obviously,
λ1 ≡ 0 . The NSC’s are expected to take similar values for identical lung volumes and surrounding
anatomy positions because they are sensitive to RIRO-induced phase variations and intra-voxel
dephasing (resulting in voxel signal decrease).
Phase wrap-arounds can handicap the sensitivity of the NSC’s. The usage of a short echo
time (TE) decreases the NSC’s vulnerability, but it also decreases the sensitivity of the resulting
temperature maps. This conflict can be resolved by the acquisition of two different echoes at two
different TE’s within the same repetition time (TR). The images from the shorter TE can then be
used to establish unambiguous concordance between the baseline and current images, while the
images from the longer TE can be used to calculate the temperature maps themselves.
As the thermal treatment proceeds and the temperature of the treated tissue changes, the
pixel signal values at the treatment site also change because the tissue’s equilibrium magnetization
M0, longitudinal relaxation time T1 and effective transverse relaxation time T2* change together
with the temperature. If the NSC’s were calculated on a ROI near the treatment site, they would be
influenced by the temperature-related contrast changes and would not take the same values for
identical instants of the respiratory cycle. So, the NSC’s have to be calculated on a ROI chosen far
enough from the treatment site to stay under constant temperature.
As the second step, the temperature map itself is calculated. Suppose, there are two (not
necessarily adjacent) images, number α and β , that have been acquired before the thermal
treatment started as well as there are two successive images number δ and ε that have been
acquired during the thermal treatment. Suppose also, the images α and δ belong to an identical
instant of the respiratory cycle while the images β and ε belong to another identical instant of the
respiratory cycle. The temperature map can be calculated in two ways:
*
ΔT = arg ⎡ Dε Dβ* × Dδ Dα* ⎤ σγB0TE
(2)
⎢⎣
⎥⎦
*
or
ΔT = arg ⎡ Dε Dδ* × Dβ Dα* ⎤ σγB0TE
(3)
⎢⎣
⎥⎦
where Dδ denotes the reconstructed complex pixel signal on the image number δ ; the asterisk sign
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denotes the complex conjugation; σ ≈ − 0.01 [ppm oC −1 ] is the PRFS temperature sensitivity

coefficient; γ ≈ 2.68 × 108 [rad s −1 tesla −1 ] is the hydrogen proton gyromagnetic ratio; B0 is the
scanner’s main magnetic field; TE is the echo time used for signal acquisition. The conventional
ΔT = arg Dε Dδ* σγB0TE
(4).
PRFS temperature map would be calculated in this case as

(

)

While both calculation ways (Eqs. (2) and (3)) lead to the same result, they differ by the
temperature and RIRO dynamic ranges that they can cover without phase wrap-arounds (Appendix
“A”). When temperature maps are calculated according to Eqs. (2) or (3), hardware-dependent
magnetic field disturbances of certain types are compensated (for instance, linear isochronous
hardware-dependent magnetic field drifts – Appendix “B”). From the viewpoint of the signal-tonoise ratio (SNR), both calculation ways are identical. The subtraction of two couples of phase
maps increases the standard deviation in the resulting phase map by a factor of 2 . However, the
SNR of the temperature map obtained from such a phase map considerably increases because the
useful temperature-related information is substantially enhanced by the operation (Appendix “C”).
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METHODS
Image processing was performed using IDL version 6.1 (Research Systems Inc., Boulder,
CO, USA). MR imaging was performed on a commercial 1.5-T MR scanner (Intera NT, Philips
Medical Systems, Best, The Netherlands) with the help of a rectangular and circular flexible surface
coils. The experiments were conducted using porcine muscle specimens (Varkensfilet, Albert Hein,
The Netherlands). In all experiments, fat suppression was executed by using a binominal saturation
pulse (the scanner’s built-in option) and magnetic field shimming was applied. No hardware drift
compensation was applied to the calculated temperature maps to ensure that the resulting
improvements were due to the application of the described technique solely.

Fig. 1. The phantom experimental set-up: 1 – scanner bed; 2 – rectangular surface coil; 3 – meat specimen mimicking a
treated anatomy (with an optical fiber inserted into it); 4 – another meat specimen mimicking either an anatomy distant
from the treatment site or a periodically moving anatomy; 5 – metal cylinder; 6 – approximate position of the ROI used
for calculating NSC’s during the laser heating experiment; 7 – position of the ROI used for calculating temperature
maps during the laser heating experiment. The arrows show the directions of displacements. When one of the specimens
was repositioned, the cylinder was not used.

To prove the ability of the NSC’s to discriminate between different instants of the
respiratory cycle, a series of phantom experiments was performed. Two meat specimens were
positioned on the rectangular surface coil and a hollow metal cylinder made from a nonferromagnetic alloy was put on the scanner bed (Fig. 1). Magnetic field shimming was applied to
one of the meat specimens as well as the very first image was acquired while the cylinder stayed in
the initial position. Then, the cylinder was shifted manually in-between image acquisitions toward
and from the specimens to simulate the RIRO-effect. The imaging was performed using a 2D fast
gradient echo pulse sequence with echo-planar read-out (2D FGRE EPI). One coronal slice was
acquired with an in-plane spatial resolution of 1.37 x 1.37 mm and a slice thickness of 5 mm. The
pulse sequence parameters were TR/TE1/TE2/FA = 75 ms/9.20 ms/20.70 ms/45o with an EPI echo
train length of 3. The image acquisition time was 3.9 seconds.
To demonstrate the ability of the NSC’s to discriminate between different instants of the
respiratory cycle in-vivo as well as to estimate the possible range of in-vivo temperature map
corrections, a series of volunteers’ breathing experiments was performed. Two adult healthy male
volunteers participated in the volunteer experiments. They were lying upon the scanner bed in the
prone position with their chest walls lying on the porcine muscle specimens. The specimens were
tightly attached to the rectangular surface coil to prevent them from moving. The imaging was
performed during interleaved breath-hold periods at full exhalation (6 images) and full inhalation (6
images) as well as 8 more images were acquired during free breathing. The shimming process was
performed and the very first image was acquired during a breath-hold at full exhalation. The scan
protocol parameters were similar to those used for the phantom experiments except for a smaller
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number of signal averages (1 instead of 2). The image acquisition time was 2.0 s, which provided a
sufficient temporal resolution because the major part of the imaging was performed during breathholds.
To prove the applicability of the proposed correction technique to moving anatomies, one of
the meat specimens was shifted manually, in-between image acquisitions, approximately 17.5 cm
away from its initial position and back (Fig. 1) two times with the step of approximately 2.5 cm,
resulting in a series of 32 imaging positions. The images acquired during the first displacement halfcycle (i.e. first 8 images acquired at the shifts of 0 – 17.5 cm) were taken to serve as “pre-treatment”
baseline ones. The rest of the images were used to calculate specimen temperature, which was
expected to stay constant because no heating or cooling was applied in his experiment. The cylinder
was not used in this experiment. Magnetic field disturbances were created by the specimen
displacements. The NSC’s were calculated on the static specimen, while the temperature maps were
calculated on the moving specimen. Manual image registration was used to co-register the ROI’s
used for temperature calculations. Four 1 mm-diameter holes were made in the moved specimen.
The position of the ROI used for temperature calculations was defined in respect to the signal loss
artefacts produced by the holes on the magnitude images. The accuracy of the ROI positioning was
estimated to be approximately +/- 1 pixel in each (horizontal and vertical) direction. The imaging
was performed using 2D FGRE EPI. One coronal slice was acquired with a spatial resolution of
1.76 x 1.76 mm in-plane and a slice thickness of 5 mm. The pulse sequence parameters were
TR/TE1/TE2/FA = 100 ms/9.20 ms/20.70 ms/27o with an EPI echo train length of 3. The image
acquisition time was 8.5 seconds.
To demonstrate the ability of the described method to compensate certain types of hardwaredependent magnetic field disturbances, the disturbances were simulated by repositioning a waterfilled bottle within the scanner bore in-between image acquisitions. The bottle was positioned on the
scanner bed far away from a specimen. The shimming process was performed and the very first
image was acquired while the bottle stayed in its original position. Then, the bottle was shifted
manually in-between the scans with varying steps toward the specimen, which created magnetic
field disturbances within the specimen. The specimen was imaged using the circular surface coil
and 2D FGRE EPI. One coronal slice was acquired with a spatial resolution of 1.12 x 1.12 mm inplane and a slice thickness of 6 mm. The pulse sequence parameters were TR/TE1/TE2/FA = 75
ms/9.20 ms/20.70 ms/24o with an EPI echo train length of 3. The image acquisition time was 9.9
seconds.
To demonstrate the possibility of recovering correct PRFS temperature maps in spite of
RIRO-induced phase variations, a laser heating experiment was performed. In this experiment, one
of the meat specimens was heated with the help of a diode array laser of the wavelength range of
790-820 nm and maximum continuous wave output power of 15 W (Diomed Ltd., Cambridge, UK).
The specimen temperature was measured with the help of a fluoroptic thermometer M790 (Luxtron
Corp., Santa Clara, CA, USA). The scan protocol was identical to that one used for phantom
experiments with simulated RIRO. The RIRO effect was simulated by moving the metal cylinder
while the both meat specimens did not move (Fig. 1). 83 images were acquired during the
experiment: 17 first images were acquired without heating (they were used as the baseline pretreatment images); the images number 18-51 were acquired with laser heating; the images number
52-83 were acquired after the laser had been turned off and the meat specimen was left to cool
down due to heat dissipation. To display error bars on the corresponding graphs, the temperature
standard deviation for each temperature map was calculated on the ROI used for calculating the
NSC’s. This ROI was chosen on a homogenous muscle specimen exhibiting no image contrast
variations within, whose temperature did not change during the experiment. The temperature of this
ROI was calculated using our method in the same fashion as the heated specimen’s temperature was
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calculated. Then, the variance and standard deviation of these temperature values were calculated
and error bars representing +/-1 standard deviation were plotted on the graphs depicting the
evolution of the heated specimen’s temperature.
RESULTS

Fig. 2: The NSC’s calculated on a ROI of 20 x 20 pixels from the phase images acquired during the metal cylinder
repositioning experiment as a function of the cylinder’s displacement from its initial position. The negative
displacements are in the direction of the meat specimens.

Fig. 3: The NSC’s calculated on a ROI of 20 x 20 pixels from the phase images obtained during a volunteer experiment.

During the simulated RIRO experiment (without displacements or heating), the maximum
magnetic field disturbances reached 2.5 ppm. The NSC’s calculated on the magnitude, phase, real
and imaginary images demonstrated almost the same behaviour pattern. However, the NSC’s
calculated on phase images (Fig. 2) tended to be the most sensitive to the cylinder position. The
NSC’s reached their minimum values for those images that were acquired while the cylinder stayed
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at the same position as during the shimming process. This demonstrates that shimming cannot
compensate the RIRO-induced phase variations if the image acquisition time is short in comparison
to the breathing cycle duration. The NSC values increased considerably faster when the cylinder
approached the meat specimens (the negative displacement values) than when it went further from
the specimens (the positive displacement values). This is to be expected because the field
disturbances in the specimens due to the presence of the metal cylinder become weaker as the
cylinder moves further form the specimens. The dependence of the NSC’s on the cylinder
displacement becomes almost linear in the negative displacement range, so a non-ambiguous
concordance between the NSC values and corresponding cylinder positions can be established in
this region.
Fig. 3 depicts the NSC’s calculated on phase images acquired during a volunteer
experiment. There is a distinctive difference between the NSC values at full exhalation (images ##
0, 2, 4, 6, 8, 10) and full inhalation (images ## 1, 3, 5, 7, 9, 11). The volunteer’s free breathing after
the breath-holds (images ## 12-19) was not stable, but the NSC values ranged in-between the full
inhalation and full exhalation ones. The magnetic field disturbances caused by the volunteer’s
breathing varied between image acquisitions as well as over the specimens’ area. Their typical
absolute values ranged between 0.1 and 0.5 ppm.

Fig. 4: Phase changes (expressed in degrees Celsius) induced in a porcine muscle specimen by a volunteer’s breathholds and free breathing. The blue line depicts the differences that were calculated using all the images acquired during
the experiment using the traditional PRFS approach. The green line with triangles depicts the differences that were
calculated using only the exhalation breath-hold images and the free breathing images close to them by their NSC
values. The red line with asterisks depicts the differences that were calculated using only the inhalation breath-hold
images and the free breathing images close to them by their NSC values. The temperature changes were averaged over a
3 x 3 pixel ROI.

Fig. 4 depicts artefact temperature changes caused in a porcine muscle specimen by a
volunteer’s breath-holds and free breathing. As the specimen’s temperature stayed constant during
the experiment, the apparent temperature changes are RIRO artefacts. The blue line depicts the
temperature changes that were calculated using all the images acquired during the experiment in the
chronological order, as it is usually done in the traditional PRFS method. The resulting artefacts are
so large (+/- 35 oC), that they would completely obscure real temperature evolution if any thermal
treatment were applied. However, if one takes into the consideration the respiratory cycle instant the
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images were acquired at, a considerable error reduction becomes possible. The green line with
triangles depicts the temperature changes that were calculated using only the images that either
were acquired during full exhalation breath-holds or look close to those according to their NSC
values (images ## 0, 2, 4, 6, 8, 10, 12, 15, 17, 18 and 19 on Fig. 3). The red line with asterisks
depicts the temperature changes that were calculated using only the images that either were
acquired during full inhalation breath-holds or look close to those according to their NSC values
(images ## 1, 3, 5, 7, 9, 11, 13, 14 and 16 on Fig.3). As there were no proper baseline phase
distributions to be subtracted from the free-breathing ones, the temperature errors for the images 12
and 13 were rather big. However, the errors for the breath-hold images ## 1 – 11 were considerably
reduced by the usage of the proper baselines.

Fig. 5: Artefact temperature evolution in the shifted meat specimen caused by its repositioning (the static specimen was
used for calculating NSC’s solely). The blue line without any marks represents the temperature evolution calculated by
the PRFS method using all the images acquired during the experiment in chronological order. The green line with
diamonds depicts the temperature evolution calculated by the described method using the first 8 images as the baseline
set. During the calculations, the initial specimen temperature was deliberately assigned to be zero. The temperature
values were averaged over a 3 x 3 pixel ROI.

Periodical displacements of one of the muscle specimens induced periodical magnetic field
disturbances that resulted in phase and NSC’s variations in both specimens. While the temperature
of both specimens stayed constant during the experiment, the PRFS method reported an artefact
temperature evolution in the shifted specimen, as can be seen on Fig. 5. The temperature calculated
by the PRFS method using all the images acquired during the experiment in chronological order
changes synchronously with the specimen’s position because it is vulnerable to the phase
disturbances due to the specimen displacements. The temperature calculated by the described
method does not contain any contributions from these phase disturbances. The two temperature
spikes (images ## 19 and 28 on Fig. 5) are due to deviations from the desired position during
manual specimen displacements. The PRFS temperature values also deviate from the baseline ones
for these images.
Fig. 6 depicts the artefact temperature evolution in a muscle specimen due to magnetic field
disturbances caused by repositioning a water-filled bottle within the scanner bore in-between image
acquisitions. While there was a significant “field drift” between the acquisition of the “baseline”
and “treatment” images (i.e. in-between the acquisition of the images ## 1 and 2), the described
method has succeeded to compensate for it and the temperature artefact for the “treatment” image #
3 is negligible. This occurred because the steep field drift satisfied the compensation conditions
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(Appendix “B”, Eqs. (B-3) – (B-5)). Between the acquisition of the images ## 2 – 9, the field
“drifted” on a constant rate satisfying another compensational condition (Eq. (B-2)). The
temperature artefact increased for the image # 10 because the “field drift” had lost its linearity.

Fig. 6: Artefact temperature evolution in a muscle specimen caused by simulated magnetic field drift. The blue line
without any marks represents the temperature evolution calculated by the PRFS method using all the images acquired
during the experiment in chronological order. The green line with diamonds depicts the temperature evolution
calculated by the described method using the first 2 images as the baseline set. The temperature was averaged over a 3 x
3 pixel ROI.

Fig. 7: Time course of the temperature averaged over a 3 x 3 pixel ROI, which was located nearby the optical fibre tip
during the laser heating experiment. The green line without any marks depicts the temperature calculated by the
described method. The temperature calculated by the PRFS method is also shown for the sake of comparison.

Fig. 7 depicts the evolution of the averaged temperature of a 3 x 3 pixel ROI, which was
located nearby the optical fibre tip via which heat was deposited into one of the specimens during
the laser heating experiment. The temperature calculated using the PRFS method oscillated
synchronously with metal cylinder displacements because it contained a large contribution from the
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resulting field disturbances. While the bias of these oscillations changed during the heating and
cooling periods, the calculated temperature values were obviously wrong. The temperature
calculated by the described method was almost free of artefacts due to field disturbances (until the
limit of position repeatability possible during manual cylinder repositioning).
Fig. 8 depicts the temperature evolution of a pixel, which was located nearby one of the
probes of the fluoroptic thermometer during the laser heating experiment. The temperature
calculated using the traditional PRFS method deviated from the reading of the fluoroptic
thermometer by -23/+16 oC due to field disturbances created by metal cylinder displacements. The
temperature calculated by the described method deviated from the reading of the fluoroptic
thermometer only by -2/+3 oC due to insufficient position repeatability of the metal cylinder during
its manual displacements.

Fig. 8: Time course of the temperature of a pixel, which was located nearby one of the probes of the Luxtron fluoroptic
thermometer during the laser heating experiment. The red line with triangles depicts the readings of the probe. The
green line with asterisks depicts the temperature calculated by the described method. The temperature calculated by the
PRFS method is also shown for the sake of comparison.

DISCUSSION
RIRO-caused errors in phase maps (and resulting temperature maps) cannot be compensated
by shimming because on regular clinical scanners shimming is performed only once before the scan
and without being correlated to a certain instant of the respiratory cycle. So, there is only one
combination of the shimming field available corresponding to only one respiratory cycle instant (or
averaged over a number of such instants – depending on the duration of the shimming scan itself),
which cannot be completely suitable for other lung volumes and surrounding tissue positions. The
inability of the shimming procedure by itself to compensate for the RIRO effect has been also
observed in the experiments described here – for instance, the difference between the images
acquired at the full exhalation breath-holds and the rest on Fig. 3. However, the usage of a proper
baseline allows compensating the resulting PRFS temperature maps for the RIRO effect in spite of
lack of shimming (Fig. 4).
Also, RIRO-caused errors in temperature maps cannot be completely compensated by the
respiratory gating alone. As it was shown by A. Priatna et al (1999), the respiratory signal and
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actual diaphragm position are not 100% correlated. Moreover, the diaphragm position is not the
only parameter affecting the similarity of a baseline pre-treatment phase distribution and a current
treatment one. Hardware drifts and treated anatomy movements can spoil PRFS temperature maps,
but the respiratory gating belt cannot identify them. Since the NSC’s directly measure the RIROcaused changes in the magnitude and phase of pixel signal, they can be used to identify considerable
hardware drifts and treated anatomy movements as well as to discard the unsuitable phase maps
from further calculations or even to stop a thermal procedure if the pre-treatment baselines are not
valid any more.
The triggered navigated multi-baseline method proposed by K. Vigen et al (2003) for PRFS
temperature mapping in liver is a very powerful method, which has the potential to address all the
problems mentioned above and produce correct temperature maps in anatomies affected by RIRO.
But unfortunately, the routine usage of this method in everyday clinical practice on a regular
clinical scanner constitutes a certain challenge. The method demands access to the raw k-space data
– an option that is not routinely available. Also, the baseline image acquisition is performed in two
steps and requires user feedback and decision making during the second step. This would pose
additional load onto MRI operators and create additional mistake opportunities during the routine
clinical usage of the method. Moreover, the method demands image post-processing in the both
domains, in the raw k-space as well as in the reconstructed image one, which increases the method’s
latency. The method uses respiratory triggering.

Fig. 9 (Left): The behaviour of magnitude NSC’s during a longer experiment with weaker simulated magnetic field
disturbances. ROI “A” was chosen on the shimmed specimen, while no shimming was applied to the specimen on
which ROI “B” was chosen.
Fig. 10 (Right): Bifurcation in the dynamic space of non-similarity coefficients. The second-echo phase NSC’s are
plotted against the first-echo ones.

The described method demands neither accessing the raw k-space data nor post-processing
it. The method does not utilize any respiratory triggering or gating. The acquisition of the baseline
pre-treatment images can be performed during 2-3 respiratory cycles with an image acquisition time
about 1 s without any operator feed-back or decision making. Also, several full-inhalation and fullexhalation breath holds have to be included into baseline image acquisition procedure together with
the periods of returning of the respiratory cycle to its normal periodicity after the breath holds.
These breath holds represent the extreme values of the non-similarity coefficients. The rest of the
NSC’s will lie in-between them. Thus, there will be enough baseline pre-treatment images to match
any possible instant of the respiratory cycle without any decision making by the operator.
In our experiments (including those not reported here), we observed almost the same
behaviour pattern for NSC’s calculated according to Eq. 1 on any types of MR images – magnitude,
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phase, real and imaginary ones. However, the NSC’s calculated on phase images tended to be the
most sensitive ones allowing the best discrimination between different instants of the respiratory
cycle. As for the NSC’s calculated on the magnitude images, they seemed to be more sensitive to
general trends (for instance, hardware drifts). Fig. 9 depicts magnitude NSC’s obtained in another
simulated RIRO experiment, which involved smaller magnetic field disturbances and lasted longer
than the experiment depicted by Fig. 2. As one can see in Fig. 9, magnitude NSC’s demonstrate
gradual increase, which could be explained by main scanner field drift. The two spikes on Fig. 9
(images ## 20 and 40) were probably caused by temporary hardware instabilities. The value of the
magnitude NSC’s for tracking system (in)stability deserves a more deep investigation.
Also, the phase NSC’s might contain more information that was identified in this work. Fig.
10 depicts phase NSC’s that were calculated on the same data set as Fig. 2, but using a larger ROI
(to reflect more global tendencies). In Fig. 10, the phase NSC’s calculated from the second echo
were plotted against their counterparts calculated from the first echo. The resulting trajectory has an
attractor – the zero NSC’s value corresponding to the shimming position (zero displacement on Fig.
2). The trajectory bifurcates into wings corresponding to the cases when the cylinder was
approaching the specimens (lower wing) and moving away from them (the upper wing). Such
diagrams might be useful during the acquisition of baseline pre-treatment phase maps to ensure
linear unambiguous correspondence between respiratory cycle instants and NSC values
corresponding to them.
Eqs. (2) and (3) lead to the same temperature map. However, if one wants to avoid
performing a phase-unwrapping procedure, a computational way must be chosen, which is most
suitable for the thermal treatment site and corresponding scan conditions. The scan protocol must be
tailored to the computational way’s limitations (Appendix “A”). While the application of the
described method increases the standard deviation on the resulting temperature map by the factor of
2 , the temperature map’s SNR grows due to the enhancement of the useful temperature-related
signal resulting from the suppression of RIRO-induced temperature artefacts (Appendix “C”). As
follows from Eqs. (C-8) and (C-9), the method increases the SNR of the resulting temperature maps
(as compared to the traditional PRFS method) as soon as the local RIRO-induced field disturbances
become approximately 30% of the local field variations due to temperature changes. For instance,
the temperature change by 2 oC within a pixel would cause the local magnetic field, experienced by
the imaged protons, to change by 0.02 ppm. If the RIRO-induced field disturbances experienced by
the same pixel were at least 0.006 ppm, the described method would provide higher temperature
map SNR then PRFS. The results reported by Bolan et al (2004) as well as the results of volunteer
experiments described in this chapter suggest that typical RIRO-induced field disturbances are
considerably higher than of 0.006 ppm. Thus, the presented method will improve the temperature
map SNR (as compared to PRFS) in the majority of relevant cases.
No hardware drift compensation was applied to the calculated PRFS temperature maps for
several reasons. First, the magnitude of the RIRO-induced phase artefacts and the achieved
corrections were by an order of magnitude higher than the typical phase drifts due to the instability
of the scanner used for the experiments. Second, a fluoroptic thermometer was used in experiments
involving specimen heating, which provided a precise and reliable estimate of the achieved
temperatures to be compared with the calculated ones. Third, if MR-visible reference vials were
used, they would also experience the RIRO effect by themselves. Subtracting the averaged phase of
the vials from the phase maps used to calculate temperature would mean performing a rough RIRO
compensation yet. Such a correction would be insufficient to obtain exact PRFS temperature maps
because the RIRO-induced phase shifts vary with coordinates while the vials can sample them only
in a limited amount of locations. However, it could obscure the correction achieved by the described
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method. The goal was to ensure that the resulting improvements were due to the application of the
presented technique solely.
The described method was not designed to address any hardware drifts occurring during the
imaging. While hardware drifts of certain types can be compensated by the presented approach
(Appendix “B” and Fig. 6), the usage of additional compensational methods may be required under
certain circumstances. If so, the ROI used for the calculation of NSC’s can be used to estimate the
drifts and to find the proper correction. The design of such a correction procedure is beyond the
scope of this chapter.
The method’s accuracy can be improved by tailoring the scan protocol for a particular
treated anatomy. The usage of this technique for patient treatment would demand adapting the
method for a particular anatomy and developing a safety control mechanism.
APPENDIX “A”
The reconstructed complex pixel signal on the image number m acquired at the time t m can
be expressed in the following way:
Dm (t m ) = Am (t m ) × exp{iϕ 0 + iψ T (t m ) + iγ [ΔBR (t m ) + ΔBD (t m )] TE}
(A-1)
where Am (t m ) is the signal’s amplitude; ϕ 0 is any constant background phase;

γ

[

8
≈ 2.68 × 10 rad s −1 tesla −1

] is the hydrogen proton gyromagnetic ratio; ψ T (tk ) is the temperature-

induced phase (ψ T (t m ) ≡ 0 for the baseline pre-treatment images); ΔBR (tm ) is the RIRO-induced
magnetic field disturbance; ΔBD (t m ) is a hardware-dependent magnetic field disturbance (for
instance, because of main scanner or shimming field drifts).
Suppose, there are two (not necessarily adjacent) images number α and β that have been
acquired within a couple of respiratory cycles before the thermal treatment started as well as there
are two successive images number δ and ε that have been acquired during the thermal treatment.
Suppose also, the images α and δ belong to an identical instant of the respiratory cycle while the
images β and ε belong to another identical instant of the respiratory cycle, which suggests:
ΔBR (tα ) ≈ ΔBR (tδ )
(A-2)
and
ΔBR (t β ) ≈ ΔBR (tε )
(A-3).
To guarantee a satisfactory resolution of different instants of the respiratory cycle, the image
acquisition time is to be on the order of 1 s or less. So, the images number α and β as well as δ
and ε are to be separated in time by several seconds at most. Intact clinical scanners are stable on
the time intervals of this range, which suggests:
ΔBD (tα ) ≈ ΔBD (t β )
(A-4)
and
ΔBD (tδ ) ≈ ΔBD (tε )
(A-5).
The first computational way given by Eq. (2) utilizes the following quantities:
Dε Dβ* = Aε Aβ exp{iψ T (tε ) + iγ ΔBD (tε ) − ΔBD (t β ) TE }

[

]

(A-6)

(A-7).
Dδ Dα* = Aδ Aα exp{iψ T (tδ ) + iγ [ΔBD (tδ ) − ΔBD (tα )] TE}
The additional phase caused by RIRO has been already eliminated by the subtraction, so this
computational way is suitable for the cases when the RIRO-induced additional phases are quite
large – for instance, in patients with large lung volumes or treatment sites located close to the lungs.
However, if the temperature rises to sufficiently high values and/or the magnetic field experiences a
big drift since the acquisition of the baseline images, phase wrap-arounds can occur in Eqs. (A-6)
and (A-7) demanding additional computation time to be spent on performing phase unwrapping.
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The second computational way given by Eq. (3) utilizes the following quantities:
(A-8)
Dε Dδ* = Aε Aδ exp{i[ψ T (tε ) − ψ T (tδ )] + iγ [ΔBR (tε ) − ΔBR (tδ )] TE }

[

]

Dβ Dα* = Aβ Aα exp{iγ ΔBR (t β ) − ΔBR (tα ) TE}

(A-9).
Here, the additional phase caused by magnetic field drifts occurring in-between the acquisition of
the pre-treatment images and thermal treatment ones has been already eliminated. However, if the
additional phases caused by RIRO and/or temperature changes are big, phase wrap-arounds can
occur making phase unwrapping necessary.
While the both computational ways lead to the same result, namely
(A-10),
ΔT = {ψ T (tε ) − ψ T (tδ )} σγB0TE
it makes sense to choose a computational way which is most suitable for the thermal treatment site
and scan conditions as well as to tailor the scan protocol to the computational way’s limitations.
Here, B0 denotes the scanner’s main magnetic field and σ ≈ − 0.01 [ppm oC −1 ] is the PRFS
temperature sensitivity coefficient.
Nevertheless, the available phase dynamic range can be sufficient for a large number of
applications. The phase wrap-around conditions for Eqs. (A-6) and (A-8) are (correspondingly):
(A-11)
γTE {σB0 [T (tε ) − T (t β )] + [ΔB D (tε ) − ΔBD (t β )] } = 2π

(A-12)
γTE {σB0 [T (tε ) − T (tδ )] + [ΔBR (tε ) − ΔBR (tδ )] } = 2π
where T (tδ ) is the imaged tissue temperature at the time of acquisition of the image number δ . For
instance, for B0 = 1.5 [tesla ] and TE = 20 [ms ] , Eqs. (A-11) and (A-12) lead to
(A-13)
σ [T (tε ) − T (t β )] + [ΔBD (tε ) − ΔBD (t β )] B0 = 2π γB TE = 0.782 [ ppm ]
0
(A-14)
σ [T (tε ) − T (tδ )] + [ΔBR (tε ) − ΔBR (tδ )] B0 = 2π γB TE = 0.782 [ ppm ]
0
correspondingly. If the target temperature to be achieved in the thermal procedure is 80 oC, the limit
for the additional phase caused by field drifts allowed by Eq. (A-13) is
(ΔBD (tε ) − ΔBD (t β )) B0 = 0.352 [ ppm ] , which is absolutely sufficient to accommodate field drifts of
an intact clinical scanner. The temperature difference in Eq. (A-14) has to be a few oC to ensure the
thermal procedure is safe and controllable. So, the limit for the additional phase caused by RIRO
allowed by Eq. (A-14) is approximately (ΔBR (tε ) − ΔBR (tδ )) B0 = 0.75 [ ppm ] . This dynamic range
must be sufficient to accommodate the RIRO-induced magnetic field disturbances in the majority of
cases. For instance, Bolan et al (2004) found the disturbances to be 0.14 ppm on average in the
breasts.
APPENDIX “B”
Substituting Eq. (A-1) into Eqs. (2) or (3), one can see that hardware-dependent magnetic
field disturbances satisfying the condition
[ΔBD (tε ) − ΔBD (tδ )] − ΔBD (t β ) − ΔBD (tα ) = 0
(B-1)
will be compensated by the described method and will not spoil the resulting temperature map. This
condition may be satisfied in a number of circumstances. The first situation satisfying the condition
given by Eq. (B-1) is described by Eqs. (A-4) and (A-5), which suggest that hardware-dependent
magnetic field disturbances do not change significantly between the acquisition of two in-treatment
and corresponding pre-treatment images.

[

]
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Also, the linear isochronous hardware-dependent magnetic field disturbances will be
compensated because they grow with time at a constant rate and satisfy the condition
ΔBD (tε ) − ΔBD (t β ) = ΔBD (tδ ) − ΔBD (tα )
(B-2),
which is equivalent to Eq. (B-1).
Another type of hardware drifts which could be compensated by the described method is
steep phase changes occurring in-between the acquisition of baseline and treatment images:
ΔBD (tε ) ≈ ΔBD (tδ )
(B-3),
ΔBD (tδ ) >> ΔBD (tα )
(B-5)
and
ΔBD (tε ) >> ΔBD (t β ) (B-4)
which is compatible with the condition given by Eq. (B-1).
Clearly, there can be other hardware-dependent magnetic field disturbances that do not
satisfy the conditions described above and so cannot be compensated by the subtraction (Eqs. (2)
and (3)). To cope with these disturbances, the ROI used to calculate the NSC’s can be used to
estimate the resulting phase drifts and to compensate for them. However, the development of such a
compensational procedure is beyond the scope of this chapter.
APPENDIX “C”
Assuming there are no constant background phase and hardware-dependent magnetic field
disturbances, one can write down the phase of the signal represented by Eq. (A-1) in the following
form:
φ =ψ T + ϕR + ζ
(C-1)
where ψ T (t k ) is the temperature-induced phase; ϕ R = γΔBRTE is the RIRO-induced phase; and ζ
is a noise with zero mean and a variance υ 2 . Let’s consider the same images number α , β , δ and
ε discussed in Appendix “A”. In this case, the PRFS method would deliver a temperature map with
SNR proportional to

SNRPRFS ~

φε − φδ

=

ψ Tε −ψ Tδ ϕ Rδ − ϕ Rε
−
2υ
2υ

(C-2)

υ +υ
where the first term describes the useful temperature-related information and the second term
describes its reduction due to the RIRO-induced phase artefacts. The described method (Eqs. (2)
φε − φδ − φβ + φα
ψ ε −ψ Tδ
and (3)) would deliver SNR proportional to SNR AdSub ~
(C-3).
= T
2
2
2
2
2
υ
υ +υ +υ +υ
To obtain Eq. (C-3), we have assumed that the variance stays approximately the same during the
procedure (which is valid for moderate not-too-rapid heating scenarios). Also, we have taken into
the account the facts that the baseline pre-treatment images α and β contain no phase terms due to
2

2

temperature changes (i.e. ψ Tα = 0 and ψ Tβ = 0 ) as well as that the images where acquired at two
identical instants of the respiratory cycle (i.e. ϕ Rα = ϕ Rδ and ϕ Rβ = ϕ Rε ). As Eq. (C-3) suggests, there
is no decrease of useful temperature-related information due to the application of the proposed
method, but an increase of the standard deviation by the factor of 2 .
SNR AdSub
1 ⎛⎜ ϕ Rδ − ϕ Rε
Now, one can calculate the ratio of these SNR’s:
=
× 1−
SNRPRFS
2 ⎜⎝ ψ Tε − ψ Tδ
The phase differences in the fraction are (see Eqs. (A-1) and (A-11) correspondingly):

ϕ Rδ − ϕ Rε = γ [ΔBR (tδ ) − ΔBR (tε )]TE

(C-5)

and

ψ Tε − ψ Tδ = γσB0 [T (tε ) − T (tδ )]TE
−1

⎞
⎟
⎟
⎠

−1

(C-4).

(C-6).

ΔBR (tδ ) − ΔBR (tε ) ⎞
SNR AdSub
1 ⎛
⎟
=
× ⎜⎜1 −
(C-7).
So, the ratio in Eq. (C-4) can written as
SNRPRFS
2 ⎝ σB0 [T (tε ) − T (tδ )] ⎟⎠
To estimate the order of temperature map SNR improvement achieved by the described method,
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let’s assume the RIRO-induced magnetic field disturbances to be about 0.14 ppm (Bolan et al 2004)
and the scanner’s main magnetic filed to be B0 = 1.5 [tesla ] . For a thermal ablation to be safe and
controllable, the temperature elevations between two successive images must be about a couple of
degrees Celsius, say T (tε ) − T (tδ ) = 2 [oC ]. Substitution these parameters into Eq. (C-7), we find that
the SNR’s ratio equals to approximately 5.66.
As phase maps and temperature ones contain different information, their useful signals
differ. If the described method were applied for post-processing phase maps (which is not its
purpose at all), it would reduce the phase map SNR by the factor of 2 . However, when the
proposed method is used for post-processing temperature maps (which is its purpose), it cancels the
RIRO-induced phase artefacts and enhances the useful information, so the temperature map SNR is
increased several times, as suggested by Eq. (C-7). Using Eq. (C-7), one can estimate the limit of
field disturbances for which the described method increases temperature map SNR. The demand
[ΔBR (tδ ) − ΔBR (tε )] B0 > 0.3
SNR AdSub
(C-8)
leads to the condition
>1
(C-9)
SNRPRFS
σ [T (tε ) − T (tδ )]
which tells us that if RIRO-induced magnetic field disturbances are more than 30% of the
temperature-caused field changes (in ppm), the application of the described method will enhance
the SNR of the temperature map. Below this limit, the proposed method will decrease the
temperature map SNR, but will still deliver the correct temperature estimation.
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CHAPTER 3
Correction of Proton Resonance Frequency Shift
Temperature Maps for
Magnetic Field Disturbances Using Fat Signal

A part of this chapter has been accepted for publication
in the Journal of Magnetic Resonance Imaging:
Andriy V. Shmatukha, Paul R. Harvey, and Chris J.G. Bakker
“Correction of Proton Resonance Frequency Shift Temperature Maps
for Magnetic Field Disturbances Using Fat Signal”

Summary of Chapter 3:
The purpose of this work is to improve the immunity of the Proton Resonance Frequency
Shift (PRFS) method of MRI temperature mapping against magnetic field disturbances. Since PRFS
is a phase sensitive method, it misinterprets magnetic field disturbances as artefact temperature
changes. If not corrected, the resulting temperature artefacts can completely obscure the true
temperature estimation, especially if the temperature elevations are small. Since the fat protons
experience the same magnetic field disturbances as the water protons, but no temperature-related
frequency shift, the fat signal has been used for correcting PRFS temperature maps for the
disturbances. A simple correction method is proposed that has either better compensation capability
than the phase correction methods previously reported or higher spatial and temporal resolution than
the spectroscopic correction methods previously reported. The described method is based on the
utilization of several gradient and spin echoes acquired within one repetition interval with water and
fat-selective scans. In a series of phantom experiments, the improved method is shown to enable the
reconstruction of accurate temperature maps in spite of inter-scan motion, suboptimal fat-water
separation and a wide range of magnetic field disturbances. The proposed approach can be used for
the guidance of thermal therapies involving tissues containing fat or surrounded by fat.
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INTRODUCTION
The ability to measure small temperature changes, with high accuracy, using MRI, has many
potential clinical applications. For instance; Specific Absorption Rate (SAR) management or
thermal ablation surgery guidance. The Proton Resonance Frequency Shift (PRFS) method is the
most widely used method for MRI temperature monitoring because it does not depend on the
imaged tissue and thus does not require any calibrations for a particular patient or anatomy.
However, the temperature sensitivity of the method comes from the phase accumulated by water
protons before the echo acquisition. In addition to the temperature-related term, the accumulated
phase also contains contributions from all factors influencing the local magnetic field within the
imaged anatomy – for instance, main and shimming field drifts; susceptibility changes resulting
from breathing and/or anatomy repositioning; tissue property and perfusion changes with
temperature; etc. As the demand for the increase of spatial, temporal and temperature resolution of
MRI temperature maps is growing, these disadvantages become even more restrictive.
Since the fat signal does not exhibit the temperature-dependent resonant frequency shift, the
phase maps and spectra acquired during fat-selective acquisitions have been utilized for correcting
the deleterious effect of field disturbances onto the resulting PRFS temperature maps (Kuroda 1996,
Kuroda 1997, Kuroda 2000). However, magnetic field disturbances are known to influence the
quality of fat-water separation making fat and water selective pulses less selective and adding
undesired signal from the “to-be-suppressed” component to the desired signal from the imaged
component. While the subtraction of fat phase maps from water ones still compensates field
disturbances and suboptimal fat-water separation until some extent, the temperature estimation error
grows proportionally to the ratio of the imaged and “to-be-suppressed” signal amplitudes (Kuroda
1997).

Fig. 1: A general scheme of the Triple Spin-Gradient Echo (TSGE) pulse sequence. The SE is acquired at
TE 0 . The two GRE read-outs are acquired at TE1 (before TE 0 ) and TE 2 (after TE 0 ) that are positioned
not necessarily symmetrically about TE 0 . All the encoding gradients are rewound. The killer gradients are
added in the end to dephase the remaining transversal magnetization.

To cope with these restrictions, we have developed the Triple Spin-Gradient Echo (TSGE)
pulse sequence, which acquires two Gradient Recalled Echo (GRE) read-outs in addition to the Spin
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Echo (SE) within one TR (Fig. 1) using water-selective as well as fat-selective acquisitions that can
be either sequential or interleaved. This enables to obtain three PRFS temperature estimations
(instead of one as done previously: Ishihara Y 1995 and Wu 2002). The TSGE method does not
demand spectrum post-processing and has better spatial and temporal resolution than the
spectroscopic methods described by Kuroda (1996 and 2000). Moreover, the method evaluated
herein is shown to have better compensation capabilities than the chemical shift selective phase
mapping (CSSPM) method (Kuroda 1997) in a series of phantom experiments involving magnetic
field disturbances and laser heating. Two post-processing algorithms are proposed based on the
usage of the linear regression fit (Mulkern 1998) or the subtraction of phase maps acquired at the
two GRE read-outs. The algorithms are shown to recover accurate temperature maps in the presence
of suboptimal fat-water separation, inter-scan specimen repositioning and a wide range of magnetic
field disturbances. The TSGE pulse sequence can be considerably accelerated by using EPI readouts to acquire the SE and two GRE’s.
THEORY
Suppose, water and fat selective pulses perform as expected and the acquired signal comes only
from the desired component. When a voxel containing a mixture of fat and water is imaged using
the TSGE pulse sequence (Fig. 1), the complex reconstructed signal from a signal producing
component can be represented as:
S λ = Aλ exp iθ λ
(1)

( )

where Aλ and θ λ are the signal’s amplitude and phase correspondingly; and λ = 0,1, 2 is the TE
index that the signal was acquired at – namely, the SE is acquired at TE 0 , the first GRE is acquired
at TE1 , and the second GRE is acquired at TE 2 . The amplitude is dependent on the signal
producing component’s MRI parameters in the following way:
⎛ TE λ − TE 0 ⎞ ⎛
0
⎛ TE λ ⎞
λ
⎟ × ⎜1 − 2 exp⎛⎜ − TR − TE 2 ⎞⎟ + exp − TR ⎞⎟
⎟⎟ × exp⎜ −
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A = ρ 0 × exp⎜⎜ −
T 1⎠
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⎝ T2 ⎠
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T
⎝
⎠
where ρ 0 is the voxel spin density of the signal producing component; T 1 , T 2 and T * 2 are the

(

)

(

)

signal producing component’s relaxation times; TR and TE λ are the repetition and echo times used
for signal acquisition. The water signal phase can be represented as:
θ wλ = φw0 + (ΔωT + γΔB ) × TE λ − TE 0
(3)

(

)

where
is a constant background phase; ΔωT is the temperature-dependent PRFS; and γΔB is a
local frequency offset due to magnetic field disturbances. The fat signal phase can be represented
θ λf = φ 0f + (Δωcs + γ (1 − σ )ΔB ) × TE λ − TE 0
(4)
as:

φw0

(

)

where φ 0f is a constant background phase; Δωcs = −γσB0 is the frequency offset due to the fat
resonance frequency chemical shift (with respect to water); γ (1 − σ )ΔB is a local frequency offset

due to magnetic field disturbances; γ = 2.68 × 108 [rad / s / Tesla ] is the hydrogen proton gyromagnetic
ratio; and σ = 3.35 [ ppm ] . Since both σ and ΔB are small for the normal imaging conditions (on the

(

)

order of 1 ppm), the term γσΔB TE λ − TE 0 can be omitted and the fat and water signals can be
considered as having equal phase terms due to magnetic field disturbances. The acquired signals
give by Eq. (1) can be used in a variety of ways to calculate ΔωT and the corresponding temperature
map. Two of them, which are believed to be the most practical and robust ones, are investigated in
this chapter.
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The first approach is to subtract the phase maps acquired at TE1 from those acquired at TE 2
and re-calculate the difference into the temperature units:
Ψ 2−1= arctg{ Im(Ζ) Re(Z ) } αγB0 TE 2 − TE1
(5)
∗
~
*
**
where
Ζ = S 2−1 × S 2−1
(6)
and
(7).
S 2−1 = S 2w × (S 2f ) × ⎛⎜ S1w × (S1f ) ⎞⎟
⎠
⎝
The complex signal S 2−1 has the following phase:
θ 2−1 = θ w2 − θ 2f − θ w1 − θ 1f
(7/).

(

)

( )

[

(

]

) (

)

Here, B0 denotes the scanner’s main field strength. α = −0.01 ppm / oC is the PRFS temperature
sensitivity coefficient (Quesson 2000). The wave sign above denotes the signal value after
temperature and/or field changes occur. The indexes “w” and “f” denote the signal producing
component (water or fat correspondingly).
The second approach is to use the linear regression (Mulkern 1998) on the water and fat
phase difference maps to find the slope of the phase difference evolution with echo time. Three
phase maps can be obtained for both water and fat from a TSGE scan: θ 0 coming from the SE readout as well as θ 1 and θ 2 coming from the first and second GRE read-outs correspondingly. As the
first step, the signals before and after temperature and/or field changes are combined to produce the
∗
~
phase difference maps:
S λ × S λ ~ exp iΔθ λ
(8)
where the wave sign above denotes the signal value after temperature and/or field changes occur;
and Δθ λ is the phase difference between the signals acquired before and after field/temperature
changes using either water or fat selective pulses. Then, the linear regression is performed on Δθ w0 ,

( )

Δθ w , Δθ w ,
1

2

(

)

as well as Δθ 0f , Δθ 1f , Δθ 2f using the echo time as the independent variable to find the

water and fat slopes ϑw and ϑ f correspondingly. Finally, the temperature map is calculated as:

(

)

Ψ Re g = ϑw − ϑ f αγ B0

(9).

In the experiments reported in this chapter, the both methods delivered almost equal temperatures.
The linear regression approach has been tested because it is a more general approach applicable to a
larger number of echoes and having a potential to deliver a more accurate temperature estimate
(however, on the cost of temporal resolution). The TSGE method’s performance under non-ideal
conditions is analyzed in the Discussion and in the Appendix.
METHODS
MRI was performed on a 1.5T Intera-NT scanner (Philips MS, Best, The Netherlands) using
birdcage and surface coils on either 0.5-kg boxes of a bread spread containing 35% of fat (Bewust
Light, Albert Hein, The Netherlands) or pig liver (Cor Brouwer, The Netherlands). Image
processing was performed using IDL V.6.1. Since the TSGE pulse sequence has not been
implemented on the scanner yet, an equivalent data set was generated with an available variation of
the SE pulse sequence. While the TSGE-equivalent pulse sequence was not as fast and flexible as
the real one would be, it still produced the desired signals and enabled the experimental study
described below. The S 0 read-out was acquired 0.625-0.677 msec after the actual RF echo. Four
additional echoes were acquired at the each side of S 0 (a total of eight additional echoes) distanced
by approximately 1.5 msec. The first and last echoes in the whole read-out echo train were used in
post-processing as S 1 and S 2 correspondingly (Fig. 1). The delay with the acquisition of the S 0
read-out did not influence the performance of the methods under consideration because the correct
echo time values were used in each case.
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The compensational capabilities and temperature sensitivity of the TSGE method were
demonstrated in a series of experiments involving: imaging a static phantom while repositioning
another object within the magnet bore to create magnetic field disturbances; repositioning the
imaged phantom; combination of both; and heating the imaged static phantom by laser light
combined with repositioning another object within the magnet bore.
During magnetic field disturbance experiments, a hollow cylinder, made from a nonferromagnetic alloy, was repositioned inside the scanner bore in-between image acquisitions to
create the disturbances within the imaged phantom. Either boxes of Bewust Light or porcine liver
specimens were imaged using scan parameters summarized in Table 1.
During imaged phantom displacement experiments, a Bewust Light box was moved about
152 mm away from its initial position and back in both sides perpendicularly to the main magnetic
field direction in two steps. During imaged phantom displacement combined with magnetic field
disturbances experiments, a Bewust Light box was moved in the same fashion. However, it was
imaged twice in each position and a water-filled bottle was placed into the scanner bore before the
second image acquisition to create the disturbances. Manual image registration was used in these
experiments to co-register the ROI’s used for temperature calculations. Four 1 mm-diameter holes
were made in Bewust Light. The position of the ROI used for temperature calculations was defined
in respect to the signal loss artefacts produced by the holes on the magnitude images. The accuracy
of the ROI positioning was estimated to be approximately +/- 1 pixel in each (horizontal and
vertical) direction. The scan parameters used in the experiments are summarized in Table 1.
During laser heating experiments, the Bewust Light box was first frozen to ~0oC and then
heated up using a diode array laser (Diomed Ltd., Cambridge, UK). Its temperature was sampled at
two locations with a fluoroptic thermometer (Luxtron Corp., Santa Clara, CA, USA). The scan
parameters used in the experiment are summarized in Table 1.
For the purpose of comparison, the Chemical Shift Selective Phase Mapping temperature
estimation (CSSPM; Kuroda 1997) was calculated as:
~
~
ΨCSSPM = arctg Im S Re S − arctg[Im(S ) Re(S )] αγB0 TE2 − TE0
(10)
*
where
Here, the complex signal S has the following phase:
S = S 2w × (S 2f ) (11).

(

θ = θ w2 − θ 2f

[ ( ) ( )]

(

)

)

/

(11 ). Again, the wave sign above denotes the signal value after temperature and/or

field changes occur. As it is shown in Appendix, this method provides less compensational
capabilities than TSGE.
Also, the Spin Echo – Gradient Echo temperature estimation (SEGE; Wu 2002) was
calculated for the purpose of comparison as:
~
~
ΨSEGE = arctg Im S Re S − arctg[Im(S ) Re(S )] αγB0 TE2 − TE0
(12)
*
where
(13).
Here, the complex signal S has the following phase:
S = S 2w × (S 0w)

(

[ ( ) ( )]

)

(

)

θ = θ w2 − θ w0
(13 ). The SEGE method was not designed for compensating the effects of
magnetic field disturbance onto PRFS temperature maps. However, it was found to be useful to
investigate how the subtraction of SE phase maps influences the quality of temperature maps
obtained from the consequent GRE.
/

The PRFS temperature estimation was calculated for the purpose of comparison as:
ΨPRFS = arctg[Im(S ) Re (S )] αγB0 TE2 − TE0
(14)
~
/
*
where S = S~2w × (S 2w)
(15). Here, complex signal S has the following phase: θ = θ w2 − θ w2 (15 ).

(
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To characterize the frequency content of the acquired signals, the Fourier integral of the
signal’s phase as a function of echo time was estimated numerically over a frequency range of
interest using all nine read-out echoes generated by the available variation of the SE pulse sequence
used to simulate the TSGE sequence.
Experiment

Slice
thickness
(mm)

Number of
slices

Spatial
resol.
(mm x
mm)

Temporal
resol.
(sec)

NSA

TR/ TE1/
TE2/ TE0
(msec)

Magnetic field disturbances / with
Bewust Light.
Magnetic field disturbances /
porcine liver / water-selective scans
Magnetic field disturbances /
porcine liver / fat-selective scans
Imaged phantom displacement /
Bewust Light
Imaged phantom displacement
combined with magnetic field
disturbances/ Bewust Light
Laser heating/ Bewust Light

7

2

42.0

6

8

2

11.0

3

8

2

50.8

6

7

2

33.9

6

7

2

1.07 x
1.07
1.25 x
1.25
1.25 x
1.25
1.09 x
1.07
1.09 x
1.07

33.9

6

150/ 11.19/
23.31/ 18.0
175/ 9.52/
19.25/ 15.0
450/ 9.52/
19.25/ 15.0
150/ 12.15/
22.52/ 18.0
150/ 12.15/
22.52/ 18.0

6

2

1.25 x
18.3
1.25
Table 1: Scan parameters used in the described experiments.

4

155/ 12.16/
22.54/ 18.0

RESULTS

Fig. 2: Temperature artefacts due to magnetic field disturbances created by inter-scan repositioning of the metal cylinder
inside the scanner bore. The temperature values were averaged over a 3x3 pixel ROI.

Fig.2 depicts the phantom temperature measured by MRI during a field disturbance
experiment. As the phantom temperature did not change during the experiment, the apparent
temperature evolution is an artefact arising due to magnetic field disturbances created by the
repositioning of the metal cylinder inside the scanner bore. The baseline scan and the last one (# 13)
were acquired with no cylinder inside the magnet bore at all. The rest of the scans were acquired
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while the cylinder was positioned at the following distance from the imaged phantom: 50 cm (scans
1 and 12), 40 cm (scans 2 and 11), 30 cm (scans 3 and 10), 20 cm (scans 4 and 9), 10 cm (scans 5
and 8), 0 cm (scans 6 and 7). As the cylinder approached the phantom, the magnetic field
disturbances within the phantom increased. These disturbances were reported as artefact
temperature changes by the PRFS and SEGE methods. The CSSPM method succeeded to
compensate the disturbances until some extent. However, it reported an artefact temperature
decrease of almost -25 oC for the strongest field disturbances. TSGE was much more successful in
compensating the field disturbances. The biggest artefact reported by Ψ Re g and Ψ 2−1 was almost -4
o

C.

Fig. 3: Temperature artefacts due to magnetic field disturbances created by inter-scan repositioning of the imaged
phantom. The temperature values were averaged over a 3x3 pixel ROI.

Fig.3 depicts the phantom temperature measured by MRI during a phantom inter-scan
displacement experiment. As the phantom temperature did not change during the experiment, the
apparent temperature evolution is an artefact arising due to displacements of the imaged phantom
perpendicularly to the main magnetic field direction. The phantom was in its original position when
the baseline scan as well as the scans ## 4 and 8 were acquired. Scans ## 1 and 3 as well as scan # 2
were acquired after the phantom had been shifted approximately 76 mm as well as 152 mm from the
initial position correspondingly. Scans ## 5 and 7 as well as scan # 6 were acquired after the
phantom had been shifted approximately 76 mm as well as 152 mm (correspondingly) in the
opposite direction from the initial position. The temperature artefacts varied synchronously with
phantom repositioning because they were caused by the magnetic field disturbances created by
phantom repositioning within the magnet bore. The CSSPM method reported temperature artefacts
in the range -13.0/+14.0 oC. The range of temperature artefacts reported by Ψ 2−1 and Ψ Re g was 4.17/ +1.38 oC.
Fig. 4 depicts the phantom temperature measured by MRI during a phantom displacement
with field disturbances experiment. As the phantom temperature did not change during the
experiment, the apparent temperature evolution is an artefact arising due to magnetic field
disturbances caused by imaged phantom repositioning as well as the presence of a water bottle
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nearby the phantom. In this experiment, two pairs of water- and fat-selective scans were acquired at
each phantom position. A water bottle was positioned inside the scanner bore nearby the imaged
phantom before the second pair of scans was acquired at each phantom position. The CSSPM
method reported temperature artefacts in the range -23.0/+10.0 oC. The range of temperature
artefacts reported by Ψ 2−1 and Ψ Re g was -2.4/+4.5 oC.

Fig. 4: Temperature artefacts due to magnetic field disturbances created by inter-scan repositioning of the imaged
phantom combined with positioning a water-filled bottle within the magnet bore (for each other scan). The temperature
values were averaged over a 3x3 pixel ROI.

Fig. 5: The temperature evolution during the laser heating with field disturbances experiment. The temperature values
were averaged over a 3x3 pixel ROI positioned around the estimated location of a sensor tip of the Luxtron fluoroptic
thermometer. The thermometer readings are depicted for the purpose of comparison.
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Fig. 5 depicts the temperature measured by MRI during a laser heating with simultaneous
field disturbances experiment. The field disturbances were created by repositioning a water bottle
within the scanner bore in-between the scans. The temperatures reported by the PRFS method
oscillated synchronously with water bottle repositioning because PRFS was unable to compensate
for the field disturbances. The temperature reported by TSGE is closer to the readings of the
fluoroptic thermometer than the temperature reported by the CSSPM method.

Fig. 6: The spatial map of temperature distribution within the imaged phantom calculated using the PRFS method
during the laser heating experiment (time series image #15 on Fig. 5). The white square with dark border marks the ROI
(3 x 3 px) used for calculating the temporal graphs depicted on Fig. 5. The colour bar represents temperature values in
degrees Celsius. The real dimensions of the depicted temperature map are 79.2 x 40.8 mm (66 x 34 px).

Fig. 7: The spatial map of temperature distribution within the imaged phantom calculated using the TSGE (Eq. [5])
method during the laser heating experiment (time series image #15 on Fig. 5). The white square with dark border marks
the ROI (3 x 3 px) used for calculating the temporal graphs depicted on Fig. 5. The colour bar represents temperature
values in degrees Celsius. The real dimensions of the depicted temperature map are 79.2 x 40.8 mm (66 x 34 px).

Figs. 6 and 7 depict an example of the spatial map of temperature distribution within the
imaged phantom during the laser heating experiment. The ROI used for calculating the graphs on
Fig. 5 is marked. The temperature variations on the edges of Fig 7 are probably due to either intravoxel signal dephasing on the borders of the shimming volume or variations in the phantom
temperature resulting from the heat transfer from the surrounding air.
Fig. 8 depicts the magnitude of the magnetic field disturbances during the field disturbance
experiment described previously (Fig. 2) calculated from the water and fat phase maps acquired at

45

TE 2 . The difference between them (also depicted on Fig. 8) reaches 0.2 ppm. Probably, this was the
reason why the CSSPM method reported the temperature artefacts about 20 oC (Fig. 2). When the
fat-water separation deteriorates because of the magnetic field disturbances, the water and fat phase
maps contain different contributions due the same magnetic field disturbance. This fact must be
taken into the account when fat is used as a compensation means.

Fig. 8: The magnetic field disturbances created by metal cylinder repositioning inside the scanner bore calculated from
2

water and fat phase maps acquired at TE in a previously described experiment (Fig. 2). The same 3 x 3 pixel ROI was
used for averaging the disturbance values.

Fig. 9: The evolution of the water signal phase with echo time in the whole set of read-out echoes acquired in the field
disturbance experiment (Fig. 2 and 8). The same 3 x 3 pixel ROI was used for averaging the phase values. The distance
(in cm) between the imaged phantom and the metal cylinder is indicated in the legend.

Fig. 9 depicts the evolution of the water signal phase with echo time in the whole train of
read-out echoes acquired in the same field disturbance experiment (Fig. 2 and 8). Each
repositioning of the metal cylinder results in an additional phase artefact, which is going to spoil the
PRFS temperature map even if a fat phase map is subtracted from the water one.
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Fig. 10: Magnitude values of the Fourier integral calculated for the water signal phase data on Fig. 9.

Fig. 11: The evolution of temperature averaged over a 2 x 2 pixel ROI, which was located in front of the optical fibre tip
during the previously described laser heating with simultaneous field disturbances experiment (Fig. 5).

Fig. 10 depicts the magnitude values of the Fourier integral (as a function of frequency) of
the functions depicted on Fig. 9. Definitely, Fig. 10 cannot be considered as a conventional
spectrum because only 9 echoes were used for calculating it. However, the goal was not to
determine the positions of the peaks but to monitor their evolution as a function of field
disturbances. As the metal cylinder approaches the imaged phantom and the field disturbances
become stronger, the quality of fat-water separation deteriorates, the additional frequencies coming
from another component add a parasitic contribution to the phase maps and the spectra on Fig. 10
resembles more and more a spectrum from the mixture of water and acetone (Mulkern 1998; Fig.
8.c). The fat signal undergoes a similar transformation due to the increasing magnetic field
disturbances. This phenomenon has been observed in all the experiments reported here.
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Fig. 12: Magnitude values of the Fourier integral of the fat phase (as a function of the echo time in the in the whole set
of read-out echoes) averaged over the same 2 x 2 pixel ROI, which was used in Fig. 11. The legend indicates the
corresponding time series image number (Fig. 11).

Fig. 13: Temperature artefacts during a field disturbance experiment using a pig liver (averaged over a 3 x 3 pixel ROI).

Fig. 11 depicts the evolution of temperature averaged over a 2 x 2 pixel ROI, which was
located in front of the optical fibre tip during the previously described laser heating with
simultaneous field disturbances experiment (Fig. 5). The area was directly illuminated by the laser
light and experienced the highest temperature elevation. The both methods using water phase maps
only (i.e. the PRFS method and the SEGE one, which is not shown on Fig. 11) performed in the
same way as everywhere else. The range and time course of the temperatures they reported on this
particular ROI are similar to other ROI’s. The Fourier integral of the water phase as a function of
the echo time do not show any especial behaviour for this particular ROI. However, all the methods
that also use fat temperature maps (i.e. CSSPM/Eq.[10], TSGE/Eq.[5] and TSGE/Eq.[9]) performed
on this ROI much worse than on the rest of the ROI’s. The reason for such a bad performance
seems to be a dramatic increase of additional frequency contributions in the fat phase maps within
this particular ROI and some adjacent pixels.
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Fig. 12 depicts the magnitude values of the Fourier integral of the fat phase (as a function of
the echo time in the whole train of read-out echoes) averaged over the same 2 x 2 pixel ROI, which
was used in Fig. 11. As one can guess, the phantom substance melted or/and underwent some
chemical transformations because of the high temperatures and laser illumination. As a result of
these processes, new resonant frequencies appeared in the fat signal. Also, the signal frequency
content changed from one scan to another (probably, because the temperature changed with time).
Probably, this was the reason why the fat-dependent methods failed to report the correct
temperature. It must be mentioned here, that the temperature artefacts reported by the TSGE method
are still considerably less than the artefact reported by CSSPM (Fig. 11).
Fig. 13 shows the evolution of the temperature artefacts during a field disturbance
experiment using a fresh edible pig liver as an imaged phantom. The field disturbances were created
by moving a water-filled bottle within the scanner bore toward and from the liver. The lipid signal
in the pig liver is known to be approximately 3% of the water one (Kuroda 2000). In the described
experiments, the fat selective scans on the pig liver had to be almost 5 time longer then water ones
to obtain fat phase maps of sufficient quality. However, the TSGE method has substantially reduced
the temperature estimation errors due to magnetic field disturbances.
The experimental results are summarized in Table 2.
Experiment

Magnetic field disturbances / phantom

Field disturbance range
(ppm)

0.0/ +1.42

Maximal temperature artefacts (in oC)
PRFS,
eq.[14]

SEGE,
eq.[12]

CSSPM,
eq.[10]

TSGE,
eq.[9]

TSGE,
eq.[5]

-142/ 0

-42/
+132
-1.0/
+37.4
-43.0/
+10.0
-31.0/
+54.0

-24.1/
+0.7
-17.9/
+0.1
-13.1/
+13.9
-23.0/
+10.2

-3.9/
+0.6
-1.2/
+4.8
-4.17/
+1.38
-2.4/
+4.5

-3.9/
+0.6
-1.2/
+4.8
-4.17/
+1.38
-2.4/
+4.5

Magnetic field disturbances / porcine
–0.45/
-1.7/
liver
+0.01
+43.9
Imaged phantom displacement /
-0.24 /
-52.6/
phantom
+0.53
+24.2
Imaged phantom displacement
-0.63 /
-55.1/
combined with magnetic field
+0.473
+65.9
disturbances/ phantom
Table 2: Temperature artefacts reported by different methods in the field disturbance experiments (described
in Table 1). The maximal field disturbance was estimated from the corresponding water TE2 images.

DISCUSSION
The idea of using fat to correct PRFS temperature estimations for magnetic field
disturbances is based upon the assumption that a voxel’s water and fat signals experience the same
local resonant frequency shift due to the disturbances. For the spectroscopic methods (Kuroda 1996
and Kuroda 2000), this assumption implies that water and fat peaks are to shift along the frequency
axis together while the relative frequency difference between them is expected to change only as a
function of temperature. For the CSSPM method (Kuroda 1997), this assumption implies that the
difference between water and fat phase maps contains only the temperature-related phase term
while the phase contributions from field disturbances and the presence of non-water signal in water
phase maps are compensated by the subtraction. The presented results suggest that this assumption
is valid only for relatively small field disturbances (up to 0.3 ppm according to the described
observations). For bigger magnetic field disturbances, water- and fat-selective signals become less
selective and additional frequencies arise in the signals due to the presence of the other component.
This phenomenon has a potential to cause errors in the PRFS temperature estimations using the
spectroscopic techniques because the water and fat peaks may broaden and even split into several
parts, which would complicate the peak position determination (especially if the peaks are jagged
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with noise). If such water and fat signals are used to build phase maps, the maps contain additional
unwanted terms due to “parasitic” frequencies (Appendix; Kuroda 1997). When such phase maps
are used to calculate the PRFS temperature maps according to Eq. (1) (Kuroda 1997), temperature
artefacts arise. Since the TSGE method uses several fat and water echoes to estimate the
temperature, the impact of the additional parasitic phase is considerable decreased by the postprocessing (see Appendix below) and more accurate temperature maps are recovered.
If fat is used as compensation means, the state of the fat component is also a concern. As
Figs. 11 and 12 suggest, additional work has to be done to improve the immunity of the TSGE
method against fat phase transformations.
The applicability of the TSGE method is not limited to substances containing fat and water
distributed equally and homogenously. If there are some pixels showing no fat or water signal,
spatial interpolation algorithms can be applied to calculate phase values at such pixels. Also, not
every water selective acquisition must be interleaved with a fat selective one. If the magnetic field is
relatively stable and field disturbances occur on bigger time intervals than temperature changes, the
fat selective acquisitions can be slower than the water selective ones and one fat selective
acquisition can be used for post-processing several water selective ones. During the experiment
with porcine liver, the fat content of the liver was low (~ 3% of the water one), so it took 6 signal
averages to acquire fat-selective scans with SNR sufficient for the post-processing. However, only 3
signal averages were enough to acquire water-selective scans with a very good SNR. Nevertheless,
the TSGE method has succeeded to compensate the field disturbances considerably (Fig. 13 and
Table 2). These considerations suggest that the TSGE method can be applied on liver and breast
tissue because these tissues have been shown to exhibit both water and fat signals (Kuroda 2000 as
well as Rakow-Penner 2006 and McDannold 2001 correspondingly). For tissues prone to strong T1
saturation due to short TR values and temperature increase, a suitable combination of the TSGE
approach and the Line Scan Echo Planar Spectroscopic one (McDannold 2001) could be considered
as a viable alternative.
While the TSGE method uses more phase map subtraction operations (which has a potential
to increase the noise in the final phase maps), it dramatically enhances the useful signal, so the SNR
of the resulting temperature maps is high enough to obtain an accurate temperature estimate. Also,
the regression procedure by itself (Eq. (9)) reduces the influence of the measurement noise at the
final temperature maps. The temperature sensitivity of the post-processing method described by Eq.
(5) comes from the phase evolution over the whole TE 2 − TE 1 interval, while the possible phase
map wrap-arounds are restricted by the longer of TE 2 and TE1 . Using Eq. (5), short TE’s can be
used to obtain accurate temperature maps while avoiding phase map wrap-arounds.
In conclusion, the TSGE method has been demonstrated to have superior immunity to
magnetic field disturbances and suboptimal fat-water separation as compared to the CSSPM method
(Kuroda 1997). Unlike the CSSPM method, the TSGE method demands no special tuning operation
to resolve the uncertainty error arising from the conversion from the phase difference to the
chemical shift one. Unlike the spectroscopic methods (Kuroda 1996 and 2000), it demands no
spectrum post-processing and peak position determination, while providing better spatial and
temporal resolution. When TSGE is implemented as a separate pulse sequence, its SNR, immunity
to magnetic field disturbances and temperature accuracy will be even higher. The most practical
way to implement TSGE would be to acquire two EPI read-outs at TE1 and TE 2 positioned
symmetrically around TE 0 and to use Eq. (5) (without data acquisition at TE 0 ), which would
enhance the temporal resolution of the method. TSGE can be used for the guidance of thermal
therapies involving tissues containing fat or surrounded by fat.
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APPENDIX
Eq. (1) is valid only when the water and fat selection processes are perfect, so the acquired
signal contains only the contribution from the desired component. If the water and fat selection
deteriorates, some amount of the undesired signal from the “to-be-suppressed” component appears
in the acquired signal. In this case, as it follows from the Appendix to the article by Kuroda (1997),
the water and fat signals can be represented in the following way:
C wλ = Awλ exp iθ wλ + ν f Aλf exp iθ λf
(A-1) and C λf = Aλf exp iθ λf + ν w Awλ exp iθ wλ
(A-2)

( )
( )
( )
( )
where Aλ exp(iθ λ ) and Aλ exp(iθ λ ) are the “clean” water and fat signals correspondingly acquired
w

w

f

f

λ

at TE ; herein 0 ≤ ν w ≤ 1 and 0 ≤ ν f ≤ 1 are the portions of the parasitic signal from the “to-besuppressed” component in the acquired signal. Both CSSPM and TSGE methods rely on the phase
difference:

( )∗ = Aλ Aλ exp[i(θ λ − θ λ )]× (1 + ζ exp[− i(θ λ − θ λ )]+ ν ν exp[− i 2(θ λ − θ λ )])
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(A-3)
(A-3)

contains the expected phase difference between water and fat, the next term in parenthesis arises
due to suboptimal fat-water separation and adds to the resulting phase map (used for temperature
estimation) the following parasitic phase term:
⎡ − ζ sin θ wλ − θ λf −ν wν f sin 2 θ wλ − θ λf ⎤
λ
p = arctg ⎢
(A-5)
⎥
λ
λ
λ
λ
⎣⎢1 + ζ cos θ w − θ f +ν wν f cos 2 θ w − θ f ⎦⎥
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(
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)
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θ wλ − θ λf ≈ (ΔωT − Δωcs ) × TE λ − TE 0
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λ

)

)

((
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))
))

(A-6)

as it follows from Eqs. (3)and

(4) if one neglects the small term γσΔB TE − TE . The parasitic phase term p λ given by Eq. (A5) depends on ν w and ν f , so it changes with the quality of water and fat selection varying due to
0

evolving magnetic field disturbances.
To analyze the impact of the quality of water and fat selection onto the parasitic phase term,
let’s assume that ν w and ν f so are small, that one can neglect terms containing the second and

(
(

) ⎤⎥
)⎥⎦

⎡ − ζ sin θ wλ − θ λf
higher degrees of ν w or/and ν f . Now, Eq. (A-5) reads: p = arctg ⎢
λ
λ
⎢⎣1 + ζ cos θ w − θ f
The differentiations of p λ with respect to ν w and ν f produce (correspondingly):
λ

(

)

− sin θ wλ − θ λf
∂p λ Awλ
= λ×
∂ν w A f 1 + 2ζ cos θ wλ − θ λf

(

)

(

)

Aλf
− sin θ wλ − θ λf
∂p λ
= λ×
∂ν f
Aw 1 + 2ζ cos θ wλ − θ λf

(A-8),

(

)

(A-7).

(A-9).

A change in p λ due to changes in ν w and ν f can be estimated in the following way:
Δp λ ≈

∂p λ
∂p λ
× Δν w +
× Δν f
∂ν w
∂ν f

(A-10),

where Δp λ , Δν w and Δν f are finite increments of p λ , ν w and ν f correspondingly. Let’s imagine
a tissue specimen with

Awλ
= 2 being scanned with such quality of water and fat separation that
Aλf

ν w = ν f = 0.1 . Also suppose, θ wλ − θ λf = π 2 for this experiment. If ν w and ν f change only by 50%
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of their values, i.e. by Δν w = Δν f = 0.05 , this will cause the parasitic phase term to change by
Δp λ = −0.125 [rad ] . For scan conditions similar to those used in the experiment illustrated by Fig. 4,

the change of p λ by − 0.125 rad would cause a temperature estimation error of approximately 6
o
C.

The difference in the performance between the CSSPM and TSGE methods, observed in the
experiments described in this chapter, is because these methods utilize the information embedded in
Eq. (A-3) in different ways. The CSSPM method uses the differences in

( )∗ = A A

C w2 × C 2f

2
w

2
f

))[

((

( (

exp i θ w2 − θ 2f 1 + ζ exp − i θ w2 − θ 2f

))]

(A-11)

between the scans to estimate the temperature (again, the terms containing the second and higher
degrees of ν w or/and ν f have been neglected). As for the TSGE method (Eq. (5)), it estimates
temperature using the inter-scan differences of

( )

( )

∗

))[

( (

( (

))]

(

)

∗
∗
Cw2 C 2f × ⎛⎜ Cw1 C1f ⎞⎟ = Aw1 A1f Aw2 A2f exp i 2 θ w2 − θ 2f 1 + 2ζ exp − i θ w2 − θ 2f
(A-12)
⎠
⎝
where we have taken into the account the fact that TE1 and TE 2 were positioned almost
symmetrically around TE 0 in the described experiments, so θ w2 − θ 2f ≈ − θ w1 − θ 1f (see Eq. (A-6)).

There is only a small difference in the phases of the parasitic terms (the terms in the square brackets
in Eqs. (A-11) and (A-12)). However, there is twice more useful temperature-related information in
the phase maps calculated by the TSGE method (Eq. (5)). When ν w << 1 and ν f << 1 (say, an
acceptable fat-water separation), then ζ << 1 and 2ζ ≈ ζ << 1 which means that the parasitic phase
term stays almost the same in the TSGE method, while the useful temperature information is
in Eq. (A-12) is
amplified twice by the TSGE method. Namely, 1 + 2ζ exp − i θ w2 − θ 2f

( (

( (

))

)) in Eq. (A-11), while the both terms approach unity
for the ideal case. In the same time, exp(i 2(θ − θ )) in Eq. (A-12) contains twice more
temperature-related information than exp(i (θ − θ )) in Eq. (A-11). So, the useful temperature-

approximately equal to 1 + ζ exp − i θ w2 − θ 2f

2
w

2
w

2
f

2
f

related phase term becomes larger comparing to the parasitic one and contributes considerably more
to the resulting temperature map.
As for variation of the TSGE method given by Eq. (9), it succeeds to recover the correct
temperature estimation because the dependence of the parasitic phase term on TE λ is weighted by
ν w and/or ν f (Eq. (A-3)). Both ν w and ν f are always smaller than unity (and, probably, were
rather small in the described experiments). So, the parasitic phase term given by Eq. (A-5) varies
with TE λ slower than the useful temperature-related phase term. Thus, the useful term contributes
to the least square fit much more than the parasitic one, which stays more or less constant and is
interpreted as the regression line intercept by the linear fit.
Also, it must be mentioned here that the errors in temperature maps arise not due to the
presence of p λ , but due to its changes. If p λ stayed constant during the whole experiment, it
would be cancelled during the subtraction of subsequent phase difference maps given by Eq. (A-3).
The change in the quality of fat and water selection is not the only effect, which can cause changes
in the parasitic phase term and spoil the resulting temperature maps. As suggested by Eqs. (A-4)
and (A-7), the parasitic phase term depends also on the ratio between water and fat signal
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amplitudes.

Denoting

(

Awλ
η= λ
Af

)

(A-13),

sin θ wλ − θ λf
⎞
∂p λ ⎛ ν f
⎜
⎟
=
−ν w ⎟ ×
λ
λ
∂η ⎜⎝ η 2
⎠ 1 + 2ζ cos θ w − θ f

(

)

we

get

from

Eqs.

(A-4)

and

(A-7):

(A-14). A change in p λ due to a change in η can be

∂p λ
× Δη
(A-15), where Δη is a finite increment in the
∂η
ratio between water and fat signal amplitudes. Using the parameters of the imaginary experiment
Aλ
described above, namely η = wλ = 2 , ν w = ν f = 0.1 and θ wλ − θ λf = π , as well as supposing
2
Af

estimated using:

Δp λ ≈

Δν w = Δν f = 0 , we can conclude that if η changed by 50% of its value (by Δη = −1 ; which means

the amplitudes become equal), the parasitic phase term would change by Δp λ = 0.075[rad ] . For scan
conditions similar to those used in the experiment illustrated by Fig. 4, the change of p λ by
o
0.075 [rad ] would cause a temperature estimation error of approximately -3.5 C. Temperature
estimation errors due to changes of the ratio between water and fat signal amplitudes can arise
during a thermal therapy, when the proton density and relaxation times of the tissues producing the
water and fat signals change differently in response to temperature changes.
In conclusion, the TSGE method in its current state cannot eliminate the parasitic phase term
arising due to suboptimal fat-water separation (Eq. (A-5)). However, the TSGE method
dramatically decreases the contribution of the phase term to the resulting temperature maps, so the
maps become more accurate and reliable.
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Summary of Chapter 4:
Acoustic properties of biological tissues change during the application of HIFU, which leads to
evolution of the acoustic field and consequent heat deposition. As a result, HIFU thermal lesions
grow asymmetrically from the geometrical focus of a HIFU transducer toward the transducer and
perpendicularly to the beam axis. The thermal lesion growth process has to be monitored in order to
accomplish promptly a proper correction in the therapeutic action and prevent damage to the
healthy tissues located on the beam path. The proposed approach to MRI temperature mapping is
designed for the real-time guidance of HIFU surgery and based on the acquisition of images along
the HIFU beam. It allows monitoring and analyzing heat deposition and distribution patterns
altogether with their evolution during the surgery. A set of mathematical operations (including
discrete analogues of time derivative, directional derivative, gradient and Laplacian) is applied to
temperature maps to reveal the HIFU beam waist, focus, heat deposition site and their evolution
during sonications. The location of the maximum temperature spot is identified and traced and its
displacements are visualized and characterized. The resulting images reveal the information, which
is usually hidden on the traditional temperature maps. Thus, the thermal lesioning dynamics is
visualized and can be analyzed by the interventionalist as well as used to prevent the undesired
damage to the healthy tissues located on the beam path. Since making small sharp HIFU lesions
demands the usage of short high-power sonications, predicting the thermal lesion growth resulting
from the next sonication becomes highly desirable. The method has a potential to supply the
information necessary for such predictions, which can increase the safety and improve the clinical
outcome of the HIFU surgery.
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INTRODUCTION
Successful HIFU surgery demands accurate and reliable temperature monitoring. Acoustic
properties of biological tissues change during the application of HIFU, which leads to evolution of
the acoustic field and consequent heat deposition. As a result, HIFU thermal lesions grow
asymmetrically from the geometrical focus of a HIFU transducer toward the transducer and
perpendicularly to the beam axis (Moros 1990, Watkin 1996, Clarke 1997, Chen 2002, Chen 2006).
This growth process has to be monitored in order to promptly accomplish a proper correction in the
therapeutic action and prevent damage to the healthy tissues located on the beam path.
The goal of HIFU ablation of malignant tumours is to cause irreversible changes in the malignant
tissue associated with denaturation of the tumour constituting proteins (i.e. coagulation). Protein
denaturation and tissue coagulation were demonstrated to change the acoustical properties of
biological tissues. In their HIFU ablation experiments, Clarke and ter Haar (1997) observed heating
rate increases, when tissue temperature reached 50 oC, followed by sudden rises and falls of
temperature. They demonstrated that when protein denaturation and tissue coagulation occur, the
acoustic attenuation within the affected volume increases, which alters the absorbed power
distribution and causes shifting of the point of maximum absorbed power density toward the
transducer. Even if no tissue coagulation occurs, just tissue and transducer heating by themselves
can affect HIFU beam focusing and resulting heat deposition (Clarke 2003, Karagoz 2005).
During HIFU sonications, vapours bubbles are often formed near the focus due to cavitation and
intrastitial boiling (Clarke 1997, Chen 2006), which can result in the formation of an ultrasoundopaque barrier on the path of the HIFU beam. The bubble barrier stops the beam and causes it to
deposit its energy at the barrier causing rapid local heating. As a result, the temperature behind the
bubble barrier can fall and the hottest region can move toward the transducer (Clarke 1997). The
local heating in front of the bubble barrier can cause bubble formation and the process can repeat
itself.
On its way to the target malignant tumour, the HIFU beam can pass through layers of different
tissue types and geometries. Strongly curved soft tissue interfaces can significantly affect the
location of the focus and the magnitude of local power deposition if sharply focused ultrasound
beams are used (Fan 1994). When HIFU beam is propagating through heterogeneous tissues, phase
aberrations can occur that contribute to the HIFU defocusing and reduce the peak intensity at the
focal position (Liu 2005). In addition, some tissue structures can cause ultrasound wave diffraction
and reflection that can largely increase the side lobe magnitudes if a phased-array HIFU transducer
is used (Liu 2005).
These phenomena can occur even at moderate temperatures – 50-60 oC (Clarke 1997), and can
cause two adverse effects. First, the healthy tissue located between the malignant tumour and the
transducer can be damaged. The interest in HIFU is due to its non-invasiveness, its capability of
destroying malignant tumours without the need to deliver needles or applicators to the tumours
through healthy tissues. Such thermal lesion evolution, as described above, has a potential to cause
damage to healthy tissues located on the HIFU beam path between the transducer and the target
malignant tumour. Thus, the major advantage of HIFU will be compromised. Second, the migration
of the point of maximum absorbed power density toward the transducer results in temperature
decrease behind the point, which can result in suboptimal heating of the portion of the malignant
tumour located more distant along the HIFU beam path. Thus, the planned thermal dose may not be
delivered to the distant tumour portion, which will result in disease recurrence.
However, the usage of real-time MRI guidance during HIFU therapy allows tumour ablation in
patients (Hynynen 2004). MRI enables accurate treatment planning and monitoring including real-
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time patient motion detection and temperature measurements. Under some circumstances, the
temperature in some regions of the treated anatomy can approach 100 oC, which triggers intrastitial
boiling (Hynynen 2004). If this happens, the local magnetic field in the regions is distorted (due to
the magnetic susceptibility differences between gas bubbles and surrounding tissue), and resulting
temperature maps are spoiled by the susceptibility artefacts. Moreover, the gas bubbles reflect
ultrasound waves and change the focusing and heat deposition of the HIFU beam.
Shifting of the point of maximum absorbed power density and temperature measurement
artefacts resulting from tissue coagulation and boiling compromise the safety and accuracy of MRIguided HIFU ablations. If one could visualize and monitor those processes, it would be possible to
prevent the damage to the healthy tissue located between the malignant tumour and transducer as
well as loss of temperature information due to susceptibility artefacts. However, MRI cannot depict
the focal HIFU beam geometry. The traditional MRI temperature maps depict only the temperature
distributions resulting from the absorption of HIFU energy by tissues.
It was the purpose of the described study to identify possible ways to visualize the point of
maximum absorbed power density (that we will call “thermal focus” for the sake of simplicity) and
its displacements altogether with signs of approaching boiling. The reasons for the thermal focus
displacement altogether with the acoustical processes lying in the basis of the phenomena described
above are beyond the scope of this study. The objective of this study is to find how to obtain more
useful information from MRI temperature maps acquired during HIFU ablations, which could be
used to make MRI-guided HIFU ablations more controllable and safe.
In-vitro HIFU experiments have been performed under real-time MRI temperature monitoring
using the Proton Resonance Frequency Shift (PRFS) method (Kuroda 2005). A set of mathematical
operations (including discrete analogues of time derivative, directional derivative, gradient and
Laplacian) is applied to temperature maps to reveal the HIFU beam waist, HIFU thermal focus
(which not always coincides with the transducer’s geometrical focus) as well as the focus’ shape,
size and displacements during sonications. The operations also visualize the hot lesion borders as
well as heat transfer directions altogether with their evolution during sonications. The location of
the pixel with the maximum temperature value (say, “the hottest pixel”) is identified and traced as
well as its displacements are visualized and characterized.
The resulting post-processing images reveal the information, which is usually hidden on the
traditional temperature maps. The traditional temperature maps reflect the heat distribution patterns
resulting from heat deposition and transfer, while the post-processed temperature maps depict the
heat deposition site and heat transfer routs. The traditional temperature maps depict the temperature
distribution achieved by HIFU, while the resulting post-processing images show the reason for the
distribution – i.e. the HIFU beam and its waist resulting from beam focusing. Thus, the postprocessed temperature maps visualize the thermal lesioning dynamics, so they can be analyzed by
the interventionalist and used to prevent the undesired damage to the healthy tissues located on the
beam path and around the ablation target.
Since making small sharp HIFU lesions demands the usage of short high-power sonications,
predicting the thermal lesion growth resulting from the next sonication becomes highly desirable.
The described method has a potential to supply the information necessary for such predictions,
which can increase the safety and improve the clinical outcome of the HIFU surgery. The postprocessing tools described in this chapter are shown to be sensitive to some early signs of intrastitial
vapour bubble formation. Using these tools, an interventionalist can identify some acoustic field
distortions caused by the beginning of vapour bubble formation, which enables him to reduce the
applied power and to prevent the procedure to become uncontrollable.
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METHODS
Thermal lesions were created in in-vitro porcine muscle specimens using three single-element
HIFU transducers. The transducers’ nominal frequencies and focal distances were 1.4, 2.39, 5.56
MHz and 80, 90, 20 mm respectively. The transducers were run on various power settings using
passive and active cooling.
During the sonications, real-time MR imaging was performed using a Fast Gradient-Recalled
Echo pulse sequence with Segmented Echo-Planar Imaging read-out (FGRE EPI). Two imaging
slices were acquired along the US beam propagation direction, angulated by 30-90o about each
other. In some scans, a third slice was acquired perpendicularly to the US beam, 10-15 mm inferior
to the central point of the transducer focus. The MRI scan protocol parameters varied depending on
experimental conditions. The echo train length (ETL) of the EPI read-outs varied between 3 and 11.
The echo time (TE) values varied between 12 and 30 ms. The acquisition time per MR image varied
between 1.8 and 6.5 seconds. The image spatial resolution varied between 0.6 x 0.6 mm and 2.0 x
2.0 mm. Temperature maps were built and post-processed off-line, on a PC equipped with IDL
v6.1. The post-processing operations described below were applied to both temperature maps as
well as temperature increment maps (i.e. the maps of temperature changes between the current
image acquisition and the previous one).
A pixel with the maximum temperature value (say, “the hottest pixel”) was identified on
each temperature map or temperature increment map. The directional difference (a discrete
analogue of the directional derivative; Korn 2000) was calculated between the hottest pixel and
the rest of the pixels on the same temperature (or temperature increment) map in the following
~ ~
(1)
D(i, j ) = T (i, j ) − T (i , j )
way:
~2
~2
2
2
Δi (i − i ) + Δ j ( j − j )
~ ~
where (i , j ) are the row and column numbers of the hottest pixel on a pixelized temperature
map; (i, j ) are the row and column numbers of the pixel under consideration on the pixelized
temperature map; T (i, j ) is the temperature of the pixel located at (i, j ) ; Δ i and Δ j are the

[

]

horizontal and vertical pixel sizes.
If the HIFU beam is focused properly and the deposition of acoustic energy is more
intensive than the dissipative heat transfer (which is the goal in practice), the beam’s thermal
focus is the area of the maximum temperatures within the achieved temperature distribution. The
hottest pixel is located within this area. Thus, the thermal focus appears as “almost-zero-value”
region on the directional difference maps (Eq. 1). The rest of the temperature map has negative
directional difference values indicating lower temperatures as compared to the thermal focus.
The areas located around the thermal focus, adjacent to the beam waist, are the minima of the
achieved thermal distribution because they receive heat only due to the tissue heat transfer
(again, supposing the proper beam focusing and acoustic energy deposition). Thus, these areas
appear on directional difference maps as the regions of the most negative values. The areas lying
on the acoustic beam path before and beyond the thermal focus take intermediate values on
directional difference maps because these areas receive heat not only due to the tissue heat
transfer from the thermal focus, but also due to some absorption of the acoustic energy passing
through them. However, the directional difference is sensitive not only to the temperature
difference between the current pixel and the hottest one, but also to the distance between these
pixels. Thus, it approaches zero for the pixels located far away from the hottest pixel. The
directional difference is very sensitive to the local temperature differences around the thermal
focus and looses its sensitivity on the periphery of the temperature distribution. Due to these
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qualities, the directional difference is capable of depicting the HIFU beam and its waist, which
allows their visualization, characterization and monitoring.
An α × β pixel matrix was selected on each temperature map or temperature increment map,
centred at each pixel lying within a rectangular ROI. The gradient difference vectors (a discrete
analogue of the gradient operation; Korn 2000) between the central pixel and the rest of the pixels
constituting the matrix were calculated for each matrix position. The resulting gradients (for each
matrix position) were averaged. The result was assigned to the central pixel of the matrix. For
instance, the gradient difference vector for the pixel situated in the i-th row and j-th column of the
ROI was calculated as
k = i + (α −1) 2 m = j + ( β −1) 2 ⎡ T (k , m ) − T (i, j ) r T (k , m ) − T (i, j ) r ⎤
r
r
r
1
j ⎥ = Gi i + G j j
(2),
i+
G (i, j ) =
∑
∑
⎢
α × β − 1 k =i −(α −1) 2 m = j −(β −1) 2 ⎢⎣ Δi (k − i )
Δ j (m − j )
⎥⎦
k ≠i
m≠ j
r
where T (i, j ) is the temperature of the pixel situated in the i-th row and j-th column of the ROI; i
r
and j are the unit vectors of a right-handed orthogonal Cartesian coordinate system aligned along
the horizontal and vertical borders of the ROI respectively; Δ i and Δ j are the horizontal and
vertical pixel sizes.
The absolute value of the gradient difference vector (which we will call “gradient modulus” for
Γ = Gi2 + G 2j

the sake of simplicity) was calculated as:

(3).

The in-plane orientation of the gradient difference vector was characterized by the polar angle
corresponding to its direction (which we will call “gradient phase” for the sake of simplicity), which
⎞
⎛G
Φ = arctg ⎜ j ⎟
(4).
was calculated as:
G
i⎠
⎝
During the HIFU ablation, the acoustic energy is deposited in a small area (thermal focus) and
spread around by dissipative tissue heat transfer. The ablation goal is to keep the rate of acoustic
energy deposition within the thermal focus higher than the rate of dissipative heat transfer in order
to form a local hyper-temperature area (thermal lesion). The non-invasiveness of HIFU is due to the
sharp borders of the achieved temperature distribution – i.e. due to high temperature difference
between the thermal lesion and the surrounding tissue as well as due to rapid temperature decrease
from the ablation temperature (in the centre of the thermal lesion) till the normal tissue temperature
(outside the thermal lesion). The gradient modulus (3) allows estimating the sharpness of the
thermal lesion borders. The higher its value is, the higher is the temperature difference between the
thermal lesion and tissue unaffected by HIFU. The thinner areas of high Γ value are on temperature
maps, the more rapidly temperature decreases from the ablation temperature till the normal tissue
temperature, and thus the more accurate will be the borders of the resulting coagulation necrosis.
Moreover, the changes of the position of the high Γ value areas on consecutive temperature maps
indicate the process of thermal lesion growth and can be used to protect healthy tissues from
unwanted damage. The gradient phase maps (4) depict the directions of dissipative heat transfer
from the thermal lesion into the healthy tissue and can be used to prevent the overheating of
important anatomical structures to be spared during the ablation.
The Laplacian difference (a discrete analogue of the Laplacian operation; Korn 2000) was
calculated in the same manner as the gradient difference using the previously calculated gradient
difference maps as the input. An α × β pixel matrix was selected on each temperature gradient
difference map, centred at each pixel lying within a rectangular ROI. The Laplacian difference
between the central pixel and the rest of the pixels constituting the matrix were calculated for each
matrix position. The resulting values (for each matrix position) were averaged. The result was
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assigned to the central pixel of the matrix. For instance, the Laplacian difference for the pixel
situated in the i-th row and j-th column of the ROI was calculated as
k = i + (α −1) 2 m = j + ( β −1) 2 ⎡ G (k , m ) − G (i, j ) G (k , m ) − G (i, j ) ⎤
1
j
j
i
L (i, j ) =
(5),
+
∑
∑
⎢ i
⎥
α × β − 1 k =i − (α −1) 2 m = j −(β −1) 2 ⎢⎣
Δi (k − i )
Δ j (m − j )
⎥⎦
k ≠i

m≠ j

where Gi (i, j ) and G j (i, j ) are defined by Eq. 2; Δ i and Δ j are the horizontal and vertical pixel
sizes.
Due to its mathematical properties, the second derivative highlights the maxima and minima of
functions, where it takes negative and positive values respectively. For a temperature map acquired
during HIFU ablation using a properly focused beam, the thermal focus is the maximum of the
achieved thermal distribution because it is the area of the intensive HIFU energy deposition. It
appears as the most negative area on the Laplacian difference maps (5). The areas located around
the thermal focus, adjacent to the beam waist, are the minima of the achieved thermal distribution
because they receive heat only due to the dissipative tissue heat transfer (supposing the HIFU beam
being focused properly). They appear as the most positive areas on the Laplacian difference maps
(5). The areas lying on the acoustic beam path before and beyond the thermal focus have
temperatures ranging in-between those because these areas receive heat not only due to the tissue
heat transfer from the thermal focus, but also due to some absorption of the acoustic energy passing
through them. Thus, the Laplacian difference provides a kind of a mix of information supplied by
the directional difference (1) and gradient modulus (3). It allows visualization and characterization
of the thermal focus as well as monitoring the evolution and displacements of the thermal focus
with time. The Laplacian difference is very sensitive to the local temperature differences around the
thermal focus and looses its sensitivity on the periphery of the temperature distribution.
The location of the pixel with the maximum temperature value (which we will call “the hottest
pixel” for the sake of simplicity) was identified on each temperature map or temperature increment
map. The number of occurrences each pixel on each temperature map appeared to be the hottest one
during a HIFU experiment was calculated and expressed in percents (from the total number of
temperature maps acquired during the experiment) in the following way:

Ξ(i, j ) =

where ξ i, j

ξi , j

× 100 %
(6),
N
is the number of times the pixel in the i-th row and j-th column of the acquired

temperature (increment) maps has appeared to be the hottest one on a particular map; and N is the
total number of temperature (increment) maps acquired during the experiment. Then, Ξ(i, j ) was
plotted on a pixelized map of the same dimensions as the temperature maps or temperature
increment maps acquired in the experiment. The resulting hottest pixel location diagram was built
and analyzed for HIFU experiments involving heating only as well as heating and cooling.
The velocity of the hottest pixel displacements on each temperature map or temperature
r Δ
r Δj
r
( jn − jn −1 ) j
Vn = i (in − in −1 )i +
(7),
increment map was calculated as:

τ

τ

where τ is the time elapsed between the acquisition of two consecutive temperature maps (number
“n” and number “n-1”); in and jn are the hottest pixel row and column numbers on the n-th
r
r
temperature (increment) map; Δ i and Δ j are the horizontal and vertical pixel sizes; i and j are
the unit vectors of a right-handed orthogonal Cartesian coordinate system aligned along the
horizontal and vertical borders of the n-th temperature (increment) map respectively. The absolute
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value of the hottest pixel velocity vector and the polar angle characterizing the vector’s in-plane
orientation were calculated as it is usually done in vector analysis (see, for example, Eqs. 3 and 4).
If the HIFU beam is focused properly and the deposition of acoustic energy is more intensive
than the dissipative heat transfer, the hottest pixel is located within the beam’s thermal focus. Thus,
the post-processing images obtained using Eqs. (6) and (7) allow tracing the displacements of the
thermal focus during sonications.
RESULTS

Fig. 1-A (left): Temperature map acquired at an early stage of a HIFU experiment. The colour bar represents the values
in oC. The HIFU beam propagation direction is from bottom to the top. The real size of the temperature map is 55 x 41
pixel (82.5 x 45.1 mm).
Fig. 1-B (right): Directional difference map, calculated form the temperature map shown on the left (Fig. 1-A),
visualizing the beam waist and thermal focus. The colour bar depicts the values in oC per mm.

Fig. 1-C (left): Temperature map acquired at a later stage of the same HIFU experiment as Fig. 1-A. The colour bar
represents the values in oC. The HIFU beam propagation direction and map size are the same as for Figs. 1-A and 1-B.
Fig. 1-D (right): Directional difference map, calculated form the temperature map shown on the left (Fig. 1-C),
visualizing the beam waist and thermal focus. The colour bar depicts the values in oC per mm.

Figs. 1-A and 1-B depict a temperature map acquired at an early stage of a HIFU experiment
and a directional difference map calculated from it (respectively). The temperature map shows an
almost elliptical heat deposition site typical for HIFU. While the temperature distribution is a little
bit skewed in the right-down direction, it is difficult to call a reason for the asymmetry. It could
equally be tissue heat transfer, insufficient spatial resolution of the temperature map or suboptimal
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SNR of the original phase images used to calculate the temperature map. Fig. 1-B depicts a
directional difference map calculated from the temperature one represented by Fig. 1-A. The
directional difference has an obvious geometry of the HIFU beam. It visualizes the beam waist. It
depicts the thermal focus (the values close to zero) and the low-value areas around it that are created
around the beam waist due to the beam’s focusing. The directive difference map not only allows us
to estimate the quality of beam focusing, but also reveals the reasons for the temperature
distribution on Fig. 1-A to be skewed. There is a small low-intensity heat deposition spot below the
thermal focus, to the right from the beam axis. This spot causes some overheating in the area closer
to the transducer to the right from the beam axis visible also on Fig. 1-A.
Thus, the thermal lesion during the described experiment was growing toward the transducer and
aside. Fig. 1-C depicts a temperature map acquired at a later stage of the same experiment. It
demonstrates that the hottest spot is now located lower than it was in the beginning of the
experiment (Fig. 1-A). Fig. 1-D, which is a directional difference map calculated from the
temperature map shown on Fig. 1-C, explains the reason behind this phenomenon. The major part
of the HIFU energy is now deposited before the geometrical focus of the transducer, which causes
cooling of the area located further on the beam path (behind the beam geometrical focus) and
heating of the area located in front of the beam geometrical focus. If a malignant tumour was
located in the geometrical focus of the HIFU beam, where heat was deposited in the beginning of
the sonication, its distant part could stay untreated while the healthy tissue lying in front of it could
be ablated.

Fig. 2-A (left): Temperature map acquired during a HIFU experiment. The HIFU beam propagation direction is from
right to left. The colour bar represents the values in oC. The map size is 48 x 71 pixel (36 x 53.25 mm).
Fig. 2-B (middle): Gradient modulus map calculated from the temperature map depicted on Fig. 2-A using a 3 x 3 pixel
matrix. The colour bar represents values in oC per mm.
Fig. 2-C (right): Gradient phase map calculated from the temperature map depicted on Fig. 2-A using a 3 x 3 pixel
matrix. The colour bar represents values in radians.

Figs. 2-B and 2-C depict gradient modulus and phase maps calculated from the temperature
map represented by Fig. 2-A, which was acquired during a HIFU experiment. As one can see on
Fig. 2-A, the thermal lesion has a small tail protruding toward the transducer and tilted downwards.
This effect is very small and hardly noticeable on the temperature map. However, it is well
noticeable on the gradient modulus map (Fig. 2-B). The hottest pixels appears on the gradient
modulus map as a low-value area (because they have an almost the same constant temperature)
surrounded by high-value gradient lobes. From them, the thermal energy is transferred to the
surrounding tissue. The high-value lobes on the gradient modulus map are the main “routes” of heat
transfer. As the sonication proceeds, the high-value gradient modulus lobes become wider and move
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away from each other indicating the thermal lesion growth. As one can see on Fig. 2-B, the lower
gradient lobe has lower magnitude values than the upper one. This means that for some reasons
(that are definitely beyond the scope of this study) the temperature distribution produced during this
particular sonication was asymmetrical. The temperature decreases on its lower lobe more slowly
than on the upper one. One can expect the resulting coagulated lesion to have a less sharp border in
this area. Fig. 2-C depicts the gradient phase map calculated form the temperature map depicted on
Fig. 2-A. It demonstrates that, around the thermal focus, heat is transferred away from the beam
axis, while heat transfer is oriented in a fan-like fashion beyond the focus (where the beam diverges
and becomes wider). Two types of matrices were evaluated for calculating Eq. 2: α = β = 3 and
α = β = 5 . The 3 x 3 pixel matrices appear to provide higher spatial resolution than 5 x 5 pixels
ones, however, at the cost of their higher sensitivity to noise on the original temperature maps.

Fig. 3-A (left): Temperature map acquired during a HIFU experiment. The HIFU beam propagation direction is from
right to left. The colour bar represents the values in oC. The map size is 37 x 40 pixel (28.9 x 31.2 mm).
Fig. 3-B (right): Laplacian difference map calculated form the temperature map depicted on Fig. 3-A (left). The colour
bar represents the values in oC/mm2.

Fig, 3-B depicts the Laplacian difference map calculated form the temperature map depicted
on Fig. 3-A. The Laplacian difference maps highlight the position and shape of the HIFU beam
thermal focus. They can be used to visualize the thermal focus evolution during sonications. The
difference between the Laplacian difference values in the focus and beside it can serve as an
estimate of the quality of beam focusing. The better the focusing is, the bigger the difference will
be. The Laplacian difference depicts the true “thermal” focus of a certain HIFU beam in a certain
anatomy in contrast to acoustic hydrophones that delineate acoustic focus of the beam in idealized
laboratory conditions (water tanks). Two types of matrices were evaluated for calculating Eq. 5:
α = β = 3 and α = β = 5 . The 3 x 3 pixel matrices appear to provide higher spatial resolution than
5 x 5 pixels ones, however, at the cost of their higher sensitivity to noise on the original temperature
maps.
Fig. 4 depicts a hottest pixel location diagram for a whole HIFU experiment. However, such
diagrams can be built, updated and analyzed at any time during HIFU ablations. When one observes
the evolution of the hottest pixel location diagram during sonications, one can qualitatively access
the displacements of the thermal focus. For instance, as soon as HIFU was turned on in the
beginning of the experiment, the hottest pixel appeared at the leftmost location on Fig. 4. However,
a short time afterwards, it started migrating toward the transducer and stayed the most part of the
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sonication time at the location marked with the highest peak. The hottest pixel continued migrating
toward the transducer till the end of the sonications, as one can see from the middle peak. The
rightmost peak is not present at the diagrams built from the temperature maps acquired during
sonications. The rightmost peak appears and starts building up only after HIFU has been switched
off. It represents the hottest pixel locations during passive cooling and suggests the direction of heat
transfer during the cooling.

Fig. 4: Hottest pixel location diagram for a HIFU experiment. The two peaks on the left side depict the thermal focus
displacements during the sonications, while the rightmost peak corresponds to passive cooling. The HIFU beam
propagation direction is from upper right to lower left. The axis represents the values of Ξ (i, j ) (Eq. 6) in percents.

Potentially, the absolute value of the hottest pixel velocity vector and the polar angle
characterizing the vector’s in-plane orientation can also provide similar information about drifts of
the thermal focus. However, the resulting diagrams are more difficult to interpret. Moreover, as they
rely on the differences between two consecutive temperature maps, they are less robust in case of
SNR decreases. Probably, the application of the diagrams depicting the absolute value of the hottest
pixel velocity vector and the polar angle characterizing the vector’s in-plane orientation in practice
demand application of more sophisticated and robust algorithms for identifying the hottest pixel
than just choosing the array element with the highest temperature value.
Fig. 5-A depicts the time course of temperature measured in an ex-vivo porcine muscle
specimen during a HIFU experiment. The temperature distributions on the temperature maps
acquired along to the HIFU beam and perpendicularly to it followed the typical pattern until the
hottest spot temperature reached approximately 97 oC. Then, the temperature distributions lost their
symmetry and deviated from the typical pattern (Fig. 5-B) and the temperature time course changed
abruptly (Fig. 5-A). The distribution of the temperature artefacts on Fig. 5-B follows the wellknown dipole magnetic field pattern, which usually arises when small objects, whose magnetic
susceptibility substantially differs from the magnetic susceptibility of the surrounding media, are
put into magnetic field. After HIFU was turned off and the specimen was allowed to cool down
passively, the dipole-like temperature artefacts on the temperature maps disappeared and the
temperature evolution, together with apparent heat distribution patterns on the corresponding
temperature maps, looked as usually during the passive cooling (time series image # 46 and later on
Fig. 5-A). The directional difference, gradient difference and Laplacian difference maps followed
the same patterns as the temperature maps they were calculated from – i.e., the post-processing
results showed no artefacts if they were calculated from artefact-free temperature maps and
highlighted the dipole-like artefact if they were calculated from artefacted temperature maps.
The geometry of the temperature artefacts distribution and the temperature values that
triggered the artefacts suggest that the observed phenomenon was a sign of intrastitial boiling. As
soon as the specimen temperature during the HIFU experiment approached 97 oC, the intrastitial
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water started forming steam bubbles within the tissue. As the bubbles have a magnetic susceptibility
close to that of air, i.e. approximately 9 ppm higher than the magnetic susceptibility of the
biological tissue, the difference in the magnetic susceptibilities disrupted the local magnetic field
around the HIFU thermal focus and caused phase artefacts that were misinterpreted by the PRFS
method as false temperature changes. Obviously, such a situation should never happen during real
clinical applications of HIFU because the temperature information will be lost and further MRI
guidance of the ablation will be impossible.

Fig. 5-A (left): Time course of temperature averaged over a 3 x 3 pixel ROI, which was chosen in the centre of the
thermal focus on temperature maps acquired during a HIFU experiment. The acquisition time per 1 temperature map
was 3.0 sec. HIFU was turned on after the acquisition of image # 9 and turned off after the acquisition of image # 40.
Fig. 5-B (right): A “dipole-like” PRFS temperature map spoiled by susceptibility artefacts during this HIFU experiment.
It was calculated from the image # 29. The colour bar depicts the temperature values in oC. The temperature map’s size
is 44 x 44 pixels (34.3 x 34.3 mm). The main magnetic field of the scanner was directed along the vertical direction of
the figure. The imaging slice was positioned perpendicularly to the beam approximately 15 mm inferior to the
transducer’s geometrical focus.

The examination and comparison of the temperature maps acquired during the HIFU
experiment represented by Fig. 5-A and 5-B revealed that the temperature maps, together with all
the post-processing images calculated from them, looked regular until intrastitial boiling was
triggered and displayed the same dipole-like artefact afterwards. However, the situation is quite
different for the temperature increment maps and post-processing images calculated from them.
The PRFS temperature maps reflect the “history” of the temperature evolution from the
beginning of the experiment until the acquisition of the last image used for their calculation. Thus,
the minor phase artefacts, the small signs of the approaching intrastitial boiling, are masked by
bigger absolute temperature values until the artefacts become so strong that they are comparable to
the absolute values themselves. This is why the last temperature map acquired before the onset of
the dipole artefact (Fig. 6-A) looks normal and usual. All post-processing images, calculated from
this temperature map, also look normal and usual. However, the temperature increment maps reflect
the short-term changes in heat deposition and distribution patterns that occur in-between the
acquisition of the current image and the previous one. While the temperature distribution pattern on
Fig. 6-A still looks regular, as one would expect during a HIFU experiment, the corresponding
temperature increment map (Fig. 6-B) has reflected yet the onset of the phase artefacts due to the
small susceptibility changes in the very early stages of intrastitial boiling.
Due to their nature, the post-processing operations described above enhance and highlight
such changes, so the post-processing images calculated from the temperature increment map (Figs.
6-C and 6-D) demonstrate the absence of the regular HIFU heat deposition pattern one can see on
Figs. 1-A through 3-B. This behaviour of the temperature increment maps and post-processing
64

images calculated from them is observed on several image acquisition instants prior to that one
represented by Figs. 6-A – 6-D. The temperature increment maps and the directive difference,
gradient difference and Laplacian difference maps calculated from them demonstrate the lack of
normal HIFU heat deposition and distribution pattern and the effect becomes stronger as the
moment, at which the dipole-like artefacts appear, approaches.

Fig. 6-A (up-left): Temperature map calculated from the image # 27 (Fig. 5-A) – the last non-artefacted temperature
map before the dipole-like artefacts appear. The slice was oriented along the beam perpendicularly to the plane of Fig.
5-B. The beam propagation direction is from right to left. The colour bar depicts the temperature values in oC. The
temperature map’s size is 41 x 44 pixels (31.2 x 34.3 mm).
Fig. 6-B (up- right): Temperature increment map calculated from the image # 27 and used to obtain the temperature
map on Fig. 6-A.
Figs. 6-C (down-left) and 6-D (down-right): Directive and Laplacian differences calculated from the temperature
increment map depicted on Fig. 6-B.

DISCUSSION
The described post-processing provides a vital heat deposition and distribution information
necessary for the safe guidance of HIFU ablations. It can be applied to MRI temperature maps
acquired during sonications and during cooling. The application of the described post-processing
during a short preliminary sonication can characterize the anticipated acoustic field in an anatomy
to be treated. The application of the described post-processing after the short preliminary sonication,
during passive cooling, can characterize the anticipated tissue heat transfer, which is going to affect
the temperature distribution within the anatomy of interest during HIFU ablation. The post-
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processing can be applied not necessarily to a whole temperature map, but to a smaller ROI, which
makes feasible applying the post-processing in a real-time mode. However, the post-processing
results are more vulnerable to low SNR and imaging artefacts than the temperature maps
themselves. Particularly, the hottest pixel velocity maps (both magnitude and orientation ones) seem
to be the most vulnerable to poor SNR.
When applied to the temperature increment maps, the post-processing tools can reveal important
information about the evolution of heat deposition and distribution patterns indicating the existence
of processes leading to changes in magnetic and/or acoustic properties of the affected tissues. The
sensitivity of the post-processing results to the approaching intrastitial boiling can serve as an
example for this. Since the dipole-like artefacts make the further PRFS temperature mapping
impossible, it may be useful to monitor the signs of approaching intrastitial boiling using the postprocessing tools described in this chapter.
During the experiments reported in this study, two or three imaging slices were acquired along
and perpendicularly to the HIFU beam axis. This is quite sufficient for analyzing heat deposition
and dissipation patterns in two or three planes of interest. However, in case 3D visualization of heat
deposition and dissipation patterns becomes necessary, 3D MRI scans and proper image rendering
techniques must be used to build 3D temperature distributions. The described post-processing tools
can be easily generalized to include the third dimension.
The described post-processing tools are capable of depicting the HIFU beam geometry and
focusing quality in real anatomies to be treated. This is a very important and useful property,
especially for clinical applications of phased-array HIFU transducers. The beam geometry and
focusing quality of HIFU transducers are usually evaluated by measuring the acoustic field they
produce in water with the help of hydrophones. While the existing technologies allow such
measurements to be done very accurately, the measurement’s results characterize the acoustic field,
which is produced by a transducer due to its design and manufacture, without taking into the
consideration the acoustic properties of the biological tissues and body parts the transducer will be
used for. In fact, the acoustic field created by a transducer in a body part depends not only on the
transducer’s geometry and quality of focusing, but also on the geometrical distribution and acoustic
properties of the tissues constituting the body part. The described post-processing tools can
characterize the acoustic field produced by a transducer in the anatomy to be treated making the
process of treatment planning more realistic, accurate and reliable.
It is very plausible that the temperature and temperature increment maps reported in this study,
together with all post-processing images derived from them, where not affected by the acoustic
cavitation. The microbubbles, that are usually involved in the process of acoustic cavitation, have
typical diameters much smaller than the size of the imaging voxels used in this study; moreover, the
microbubbles usually oscillate and collapse on frequencies much higher than the acquisition time
per temperature map used in this study (Huang 2006, Chen H 2006, Leighton 2007, Humphrey
2007). The cavitation microbubbles are usually formed not only in the proximity of the HIFU beam
focus, but also in other areas of the acoustic field demonstrating various complex distributions
(Sokka 2005). Thus, if the acoustic cavitation took place during the experiments described in this
chapter, it produced constantly varying magnetic susceptibility differences on the sub-voxel scale. If
present during the described experiments, the susceptibility artefacts resulting from such differences
must be spread over the whole field of view and averaged over the acquisition time per one
temperature map. Thus, the susceptibility artefacts due to acoustic cavitation (if any) contributed to
the SNR loss during the described experiments. However, the practical application of the described
post-processing may demand the usage of high-resolution images and rapid imaging. Thus, the
performance of the described post-processing tools in the presence of intensive acoustic cavitation
deserves further investigation.
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The information delivered by the described post-processing could be used for predicting nearestfuture temperature distributions during sonications. In some circumstances, delivering HIFU energy
very rapidly (i.e. using short high-power sonications) may be an advantage. For instance, if the
target anatomy or malignant tumour move, the motion during the deposition of HIFU energy will
cause inaccurate heat deposition due to shifts of the target concerning the axis and/or waist of the
HIFU beam. Also, in some anatomies, the heat transfer can be rather intensive leading to the
cooling of the target area and heating of the surrounding areas to be preserved. A possible solution
could be depositing the necessary amount HIFU energy so rapidly that the treatment goal would
have been achieved before the heat transfer spoils the created temperature distribution. However, as
it was discussed earlier, intensive sonications will lead to rapid changes of the acoustic properties of
the affected tissue and shifts of the thermal focus of the HIFU beam from the expected position,
which indicates safety concerns. Thus, it becomes necessary to predict the evolution of the acoustic
field during the sonications before initiating them. The described post-processing tools can provide
important information about the expected locations of heat deposition and major routes of
dissipation of the deposited heat. Such information could be used for estimating the outcome of
high-power sonications before initiating them.
Acquiring MRI temperature maps along the HIFU beam in dedicated phantoms has been recently
proposed for quality assurance testing of clinical HIFU systems (Gorny 2006). Since the postprocessing described in this chapter can depict the HIFU beam waist and focus, it can be used
during quality assurance testing as a part of the protocol described by Gorny et al. (2006). During
this study, in some experiment (not described here), one of the MRI image acquisition slices was
oriented not exactly perpendicularly to the HIFU beam axis, but tilted about it. Probably, the tilt
angle was quite small because the temperature maps built from the acquired images showed the
expected circular symmetry of the created temperature distributions. However, the post-processed
temperature maps revealed the asymmetry and helped to detect the deviation of the slice orientation
form the desired one.
It must be mentioned here, that the applicability of the described approach is not limited to HIFU
only. The proposed temperature map post-processing can be applied during thermal therapies
involving other modalities. The ice ball created during cryoablations produces no MRI signal
because it usually has a very short T2 value. MRI (and, particularly, PRFS) temperature monitoring
on the ice ball is currently not feasible. The majority of cryoablation needles have embedded
thermocouples reporting their temperature. If PRFS temperature maps were acquired around the ice
ball and temperature gradients were calculated as described in this chapter, the temperature
distribution within the ice ball could be estimated by solving the heat transfer equation for the area
covered by the ice ball with known source temperature (the thermocouple’s readings) as well as
known boundary conditions (MRI-reported temperature and its gradient at the ice ball’s border).
Lesion formation during the laser ablation is governed by the optical properties of the affected
tissue as well as by the optical energy distribution pattern created by the applicator. The optical and
thermal properties of the affected tissue can change with time and temperature (Jiang 2005). The
energy distribution pattern created by the applicator may be not ideally symmetrical. On a long time
scale, these effects can lead to the deviation of the thermal lesion shape from the desired one. Figs.
7-A and 7-B depict temperature maps acquired during a laser ablation experiment in a porcine
muscle specimen using an optical fibre with a cylindrical diffuser on its tip. Two slices were
acquired along the fibre perpendicular to each other and the corresponding PRFS temperature maps
were calculated. In the beginning of the laser ablation experiment, the heat distribution patterns on
both slices were almost the same – symmetrical ellipses of approximately the same size. During the
heating, the patterns were evolving in different fashions and lost their elliptical shapes. Probably,
this reflects the asymmetry of the optical energy distribution pattern created by the optical
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applicator or/and changes of the optical properties of the affected tissue with temperature. Thus, the
shape of the lesion produced by laser ablation in biological tissue is not always predictable using
light distribution created by the applicator as measured in air (Jiang et al. 2005). The application of
the post-processing described in this chapter would make the laser ablation procedure more
accurate.

Figs. 7-A (left) and 7-B (right): Temperature maps acquired perpendicularly to each other along the cylindrical diffuser
on the tip of an optical fibre during a laser ablation experiment. The colour bar depicts the temperature values in oC. Fig.
7-A was acquired earlier during the experiment then Fig. 7-B.

Migration of maximal heating centre and lesion shape evolution are also important factors
affecting the safety and clinical outcome of the radiofrequency (RF) ablation. At the later stages of
RF ablations, a lesion tail forms and extends faster than the growth of the main lesion part (Chen
2006). While this phenomenon can be used to reduce bleeding from the needle insertion tract (Chen
2006), the process of RF lesion tail formation has to be monitored to avoid unnecessary damage of
the healthy tissue adjacent to the proximal lesion edge. The described method is capable of
monitoring the growth of the RF lesion tail in the RF ablation is carried out under the real-time MRI
guidance.
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GENERAL DISCUSSION
No technology can be perfectly suited for any purpose or conditions. G. C. van Rhoon and
P. Wust suggested in their introductory article to a special edition of International Journal of
Hyperthermia dedicated to MRI temperature mapping (September 2005, 21(6), 489-95): “As with
many other technical innovations also for non-invasive thermometry by MRI a single solution,
which works for all problems identified, does not exist. To find the best solution for each specific
demand the whole spectrum of potential physical methods to non-invasively measure temperature
has to be investigated.” This general rule is completely applicable to the present thesis as well.
None of the approaches described in this thesis is an absolute solution for all possible problems.
None of the presented techniques is capable of delivering 100% accurate temperature values in any
thermal procedure in any patient. A proper combination of the techniques described in this thesis
with existing ones should be considered for real clinical applications.
The choice of a proper hardware configuration for thermal therapy seems to be an important
step in the correction of temperature artefacts. The artefacts reported in the first chapter are severe
and well known. Plenty of methods have been developed for their compensation. However, the
application of these methods for the case of MRI-guided Percutaneous Transluminal Hot Balloon
Angioplasty would demand choosing proper methods for magnetic field modelling, motion
compensation, image co-registration as well as tuning them to the particular demands of
angioplasty. As it was demonstrated in the first chapter, a relatively simple and affordable hardware
modification appeared to be able to eliminate all the described artefacts and enabled accurate and
reliable MRI temperature mapping. The ability to measure the temperature of the balloon itself,
resulting from the described hardware modification, seems to be a useful side effect of the
modification. While the goal of real-time MRI temperature mapping in the case of PTA is to
estimate the temperature of the surrounding tissue, monitoring the temperature of the heat source by
itself can supply some useful information even if the anatomy of interest is not observable (for
instance, the thin vascular wall surrounding the balloon, which is too thin to be imaged using the
surface coils mentioned in the first chapter).
Careful examination of physiological processes, typical for the anatomy to be treated by
thermal therapy, seems to be another important step in the correction of temperature artefacts. The
correction technique described in the second chapter utilizes the periodical nature of the artefacts it
deals with. It is the periodicity of the RIRO artefacts that allows the correction described in the
second chapter. However, the described technique will be unable to compensate for any nonperiodic artefacts (due to, for instance, main scanner field drifts or displacements of the anatomy of
interest). It must be mentioned here that the success of the correction, achieved by the technique
described in the second chapter, is completely dependent upon the accuracy with which the instants
of the respiratory cycle are identified. It is the proper matching of the phase distributions acquired at
the identical instants of the respiratory cycle, which makes the correction possible. Achieving the
proper matching in clinical practice using the Non-Similarity Coefficients may appear to be a
challenge. For a real clinical application, a special procedure must be developed for acquiring the
baseline phase distributions at all possible instants of the respiratory cycle – not only those
encountered during the regular breathing, but also those taking place when the respiratory cycle
deviates from the regular pattern.
Unfortunately, not all sources of artefacts can be eliminated. Luckily, some of them can be
used as means of artefact correction. Since the protons embedded in fat molecules do not exhibit
resonance frequency shift with temperature, they are usually suppressed during temperature map
acquisition by the usage of proper tailored water-selective excitation pulses. Such pulses fail to
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perform properly in the presence of strong magnetic field disturbances, which can cause
temperature artefacts on temperature maps acquired in such conditions. The Triple Spin-Gradient
Echo method described in the third chapter utilizes the mix of fat and water signals to correct the
temperature artefacts caused by strong magnetic field disturbances. The technique described in the
third chapter is capable of delivering accurate PRFS temperature maps in spite of any magnetic field
disturbances – i.e. periodic as well as non-periodic ones. However, to perform properly, it demands
both fat and water signals to be well detectable. The acquisition and post-processing schemes
described in the third chapter do not eliminate artefact contributions to PRFS temperature maps.
They just mute them while enhancing the useful temperature-related contribution. One can say that
the acquisition and post-processing schemes described in the third chapter together form a selective
mechanism that amplifies the phase terms caused by temperature changes and suppresses the phase
terms caused by artefacts. The Triple Spin-Gradient Echo pulse sequence described in the third
chapter does not have a potential to be as rapid as the classical Fast Gradient-Recalled Echo pulse
sequence. Its optimal performance will be achieved in the case of strong magnetic field disturbances
– i.e. when the field disturbances are strong enough to prevent the water and fat signals from being
separated properly. In this case, the Triple Spin-Gradient Echo method will deliver much more
accurate temperature estimations then the Chemical Shift Selective Phase Mapping method.
However, if the magnetic field disturbances are weak and the separation of the water and fat signals
is still satisfactory, the Chemical Shift Selective Phase Mapping method can provide a better
temporal resolution.
The temperature maps appear to contain more information than just heat distribution
patterns. The fourth chapter describes an approach, which enables a user to extract additional useful
information from PRFS temperature maps acquired during HIFU therapy. The resulting postprocessing images reveal information that is usually not observable from traditional temperature
maps. The latter reflect the heat distribution patterns resulting from heat deposition and transfer,
while the post-processed temperature maps depict the heat deposition site and heat transfer routes.
The traditional temperature maps depict the temperature distribution achieved by HIFU, while the
post-processing images show the reason for the distribution – i.e. the HIFU beam and its waist
resulting from beam focusing. The post-processed temperature maps visualize the thermal lesioning
dynamics, so they can be analyzed by the interventionalist and used to prevent undesired damage to
healthy tissues located on the beam path and around the ablation target. The proposed approach has
the potential to make MRI-guided thermal therapies more controllable and safe. However, the postprocessing tools described in the fourth chapter are vulnerable to reductions of SNR and various
artefacts. Their application in clinical practice may demand developing more sophisticated and
robust calculation algorithms.
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Samenvatting
Dit proefschrift beschrijft technieken voor het verminderen dan wel elimineren van
artefacten ten gevolge van verstoringen van het magneetveld en/of bewegingen van het object in
MRI temperature maps zoals verkregen met de Proton Resonance Frequency Shift (PRFS) methode.
Het eerste hoofdstuk beschrijft een hardwaremodificatie, die het mogelijk maakt PRFSmetingen uit te voeren tijdens percutane transluminale angioplastiek met een zg. hete ballon. Kennis
van de thermische dosis tijdens zo’n thermische ballonangioplastiek (TBA) is gewenst om te
kunnen begrijpen hoe het komt, dat de resultaten van TBA zo veschillend zijn tussen patiënten en
waarom het aantal gevallen van restenose bij deze behandeling zo hoog is. In de gebruikelijke
uitvoering van TBA wordt een verwarmde vloeistof ingespoten in een ballon die tevoren in een
stenotisch bloedvat is ingebracht. Het inspuiten van de vloeistof veroorzaakt stromings- en
bewegingseffecten en lokale verstoringen van het magneetveld, die een desastreus effect hebben op
metingen van de temperatuursverdeling met de PRFS-methode. In hoofdstuk 1 wordt voorgesteld
om de vloeistofinjectie en de verwarming te scheiden door eerst de ballon op te blazen met behulp
van een vloeistof met een zekere begintemperatuur en daarna de vloeistof verder te verhitten met
behulp van laserlicht. Aangetoond wordt, dat deze scheiding de genoemde artefacten elimineert en
real-time MRI temperature mapping met behulp van de PRFS-techniek mogelijk maakt. Voorts
wordt aangetoond, dat op deze wijze nauwkeurige en betrouwbare temperature maps worden
verkregen tijdens de verwarming, zowel in de TBA-ballon zelf als in het omringende
fantoomweefsel.
Het tweede hoofdstuk beschrijft een post-processingtechniek, die temperature maps ontdoet
van artefacten die samenhangen met de ademhaling. Respiratory Induced Resonance Offset (RIRO)
is een periodieke verstoring van het magneetveld, die wordt veroorzaakt door uitzetting van de
longen en beweging van de ingewanden gedurende de ademhaling. Deze verstoring beïnvloedt de
nauwkeurigheid van de PRFS-methode in organen en anatomische structuren die dicht bij de longen
en de borstkast liggen. Het tweede hoofdstuk beschrijft een methode die de invloed van RIRO op
PRFS temperature maps tot een minimum terugbrengt. Daartoe wordt, voorafgaande aan de
thermische behandeling, een serie basisbeelden gemaakt die het RIRO effect op een aantal
momenten gedurende de ademhalingscyclus karakteriseren. Tijdens de behandeling wordt de
verandering van de temperatuur berekend uit twee opeenvolgende beelden. De berekende
temperatuursverandering wordt vervolgens gecorrigeerd voor de extra bijdrage veroorzaakt door
RIRO met behulp van de basisbeelden die, voor de behandeling, verkregen zijn op identieke
momenten in de ademhalingscyclus. In hoofdstuk 2 wordt met behulp van
ademhalingsexperimenten op fantomen en proefpersonen aangetoond, dat deze methode een sterke
verbetering geeft van de nauwkeurigheid en stabiliteit van de PRFS temperature maps wanneer er
sprake is van RIRO effecten of beweging tussen de opnamen. Voorts wordt aangetoond, dat de
beschreven methode ook opgaat voor organen en anatomische structuren die bewegen tijdens de
ademhaling, mits de juiste registratieprocedure wordt gebruikt.
Het derde hoofdstuk beschrijft een scan- en post-processingtechniek, die een oude vijand
van PRFS, vet, tot bondgenoot maakt in zake het immuun maken van de PRFS-methode voor
verstoringen van het magneetveld. Aangezien PRFS een fasegevoelige methode is, worden
verstoringen van het magneetveld ten onrechte gezien als temperatuursveranderingen. Als hiervoor
niet wordt gecorrigeerd, kan dit effect de echte temperatuursverandering volledig overschaduwen,
zeker als de temperatuursveranderingen klein zijn. Aangezien vetprotonen dezelfde verstoringen
van het magneetveld ondervinden als waterprotonen, maar, anders dan waterprotonen, geen
temperatuurgerelateerde frequentieverschuiving, kan het vetsignaal worden gebruikt om PRFS
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temperature maps te corrigeren voor veldverstoringen. In het derde hoofdstuk wordt een eenvoudige
correctiemethode voorgesteld, die op dit principe gebaseerd is en die of een betere compensatie
geeft dan eerder gerapporteerde fasecorrectiemethoden of een hogere spatiele en temporele resolutie
mogelijk maakt dan eerder gerapporteerde spectroscopische correctiemethoden. De beschreven
methode is gebaseerd op het gebruik van verschillende gradiënt- en spinecho’s die binnen een
repetitie-interval met water- en vet-selectieve opnamen worden verkregen. Met behulp van
fantoomexperimenten wordt aangetoond, dat de verbeterde methode de reconstructie van
nauwkeurige temperature maps mogelijk maakt, ondanks bewegingen tussen de opnamen,
suboptimale vet-waterscheiding en sterke verstoringen van het magneetveld. De beschreven
methode kan worden gebruikt voor de sturing van thermische behandeling van weefsels die vet
bevatten of omringd worden door vet.
Het vierde hoofdstuk handelt over een methode voor de post-processing van PRFS
temperature maps, die verkregen worden tijdens een High Intensity Focused Ultrasound (HIFU)
behandeling, waarmee de gebruiker extra informatie uit de maps kan halen, die gebruikt kan worden
om de behandeling op een veilige en betrouwbare wijze te sturen en om de behandeling bij te stellen
in geval van afwijkingen van het gewenste scenario. Succesvolle HIFU behandeling vereist een
nauwkeurige bewaking van de temperatuursverdeling. Verwarming heeft invloed op de akoestische
eigenschappen van biologische weefsels en daarmee op het akoestische veld en de warmteoverdracht. Als gevolg daarvan groeien de met HIFU opgewekte thermische lesies asymmetrisch,
van het focus in de richting van de transducer en loodrecht op de as van de bundel. Als dit patroon
niet tijdig wordt onderkend, kunnen gezonde weefsels die op het het pad van de bundel liggen
beschadigd worden. Het vierde hoofdstuk beschrijft een bijdrage tot de oplossing van dit probleem
voor de real-time sturing van een HIFU behandeling. Die bijdrage wordt gedemonstreerd aan de
hand van fantoomexperimenten en gaat uit van de acquisiie van beelden langs de as van de HIFU
bundel. Deze beelden worden zodanig bewerkt, dat duidelijk wordt waar de warmte wordt
afgegeven en hoe de warmteverdeling zich tijdens de behandeling gedraagt. Daartoe worden op de
PRFS temperature maps mathematische bewerkingen toegepast, die het thermische focus van de
HIFU bundel in beeld brengen (valt niet altijd samen met het geometrische focus) alsmede de
vorm, afmeting en verplaatsingen van het focus tijdens de sonicaties. Deze bewerkingen laten
verder zien hoe de warmte zich precies verspreidt en waar de grenzen van het verhitte gebied
liggen. Met behulp van deze informatie kan worden voorkomen, dat peroperatieve veranderingen in
de akoestische eigenschappen van weefsels tot een ongewenste verdeling van de warmte leiden.
Aangezien het maken van kleine, scherpe HIFU lesies korte, krachtige sonicaties vereist, is het zeer
wenselijk dat het effect dat de volgende sonicatie op de groei van de lesie voorspeld kan worden.
Met de voorgestelde methode kan de informatie die nodig is voor zo’n voorspelling verkregen
worden, hetgeen de veiligheid en de klinische resultaten van de HIFU behandeling ten goede zal
komen.
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