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1 Introduction 
High-intensity focused ultrasound (HIFU) is an attractive and efficient noninvasive 

technique for local hyperthermia and ablation of pathological tissue. The mechanical 

ultrasound waves emitted by the transducer propagate through intact skin and can be 

brought to a small high-intensity focus at the desired target location, which in turn 

produces a rapid local temperature rise. HIFU can thus be used for selective tissue 

destruction by producing well-defined volumes of thermal coagulation and necrosis 

deep within the body while sparing surrounding tissues.  

The biophysical effects of high-intensity ultrasound were first studied extensively in 

1927 by Wood and Loomis (1). They observed that planar ultrasound waves, 

propagating in parallel towards the target, could rupture biological cell membranes 

provided the intensity was sufficiently high. This observation spurred a lot of interest 

and the first recorded mention of the possibility of using ultrasound for cancer treatment 

was made in 1933 (2). In 1942, Lynn et al. (3) suggested that a geometrically concave 

transducer could be used to increase the local intensity by focusing the ultrasound 

waves, while keeping the intensity low in surrounding areas. This allowed for inflicting 

tissue damage to a well-defined deep-seated focal spot while sparing surrounding tissue. 

Although a substantial amount of research was performed toward clinical applications 

(mainly ablation of the central nervous system) during the following decades (4-10), 

HIFU did not gain widespread clinical acceptance as a technique for local hyperthermia 

or tissue ablation mainly due to a lack of suitable guidance.  

Magnetic resonance imaging (MRI) was first suggested for providing the necessary 

guidance in 1992 by Cline et al. (11). This noninvasive imaging modality has excellent 

soft-tissue contrast and is widely used for image guided interventions, and can also aid 

in the treatment planning of HIFU therapy. Moreover, several MR tissue parameters are 

altered as a result of ablation and MRI can thus also be used to visualize the extent and 

severity of tissue damage following treatment (12, 13). The perhaps most important 

utility of MRI for HIFU therapy is, however, its ability to produce high-resolution in 
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vivo temperature images that can be used to visualize the temperature rise in real-time in 

any imaging plane within the body (14, 15).  

The clinical potential of HIFU combined with MRI (MR-HIFU) for providing 

noninvasive, controlled, safe, and accurate hyperthermia has seen this therapeutic 

modality being used for a number of applications during the past decade. The main 

clinical application of MR-HIFU to date has been for ablation of uterine fibroids (16-

19), which are very common benign smooth-muscle tumors located within the uterus. 

These tumors can, if sufficiently large, assert substantial pressure on surrounding 

anatomical structures causing pain and a general reduction in quality of life (20). MR-

HIFU has several advantages as compared to the currently available alternatives of 

hysterectomy and uterine artery embolization as it is less invasive, and has superior 

specificity, shorter recovery periods, and less risk of adverse events (17, 21). In the 

breast, MR-HIFU has been used for treatment of benign breast fibroadenoma (22), but 

also for treatment of malignant breast carcinoma (23-26). A “problem” currently 

inhibiting the widespread use of MR-HIFU for the ablation of breast tumors is that 

conventional surgical techniques are very accurate, specific, and safe. Some initial 

feasibility results have also been recently reported for palliative treatment of painful 

bone metastasis (27-29) and ablation of brain tumors with MR-HIFU (30). However, the 

reported use of MR-HIFU for ablation of brain tumors was invasive as it first required 

the removal of a piece of the skull to create a window for ultrasound access (30). 

Preclinical research has also been performed on other applications, such as MR-HIFU 

ablation of prostate cancer (31-33). The clinical feasibility of HIFU for prostate ablation 

has also been shown using ultrasound guidance (34, 35). Local mild hyperthermia 

induced and controlled by MR-HIFU has been suggested for enhancing local drug 

delivery using for example chemotherapy agents encapsulated in thermosensitive 

liposomes (36-39), and for temporally and locally disrupting the blood-brain barrier to 

allow drugs to enter the central nervous system (40, 41). MR-HIFU induced mild 

hyperthermia has also been shown capable of providing the much needed spatial and 

temporal control of gene therapy by using thermosensitive promoters (42, 43).  



 

 

23 

1.1 Magnetic resonance guided high-intensity focused 
ultrasound ablation strategies 

Traditionally, HIFU ablation has been done in one point focal point at a time followed 

by a cooling period to allow intervening tissues within the beam path to return to body 

temperature (19, 44). Due to the small size of the focal point (few millimeters in 

diameter at 1 MHz), this point-by-point approach requires numerous point sonications 

to ablate the entire region of interest, thereby making this method of ablation inherently 

inefficient. Recent advances in phased-array transducer technology allow for an 

alternative approach, as phased-array transducers can electronically displace the focus 

by altering the phase of the driving signal of the individual elements (45, 46). This 

allows for splitting the focal point into several simultaneous foci or alternatively 

electronically steering a single focal spot along a trajectory during continuous 

sonication, all while the transducer remains stationary. Phased-array transducers thus 

provide a freedom for creating different ablation strategies that can easily be made more 

efficient than point-by-point ablation.  

In order to improve the ablation efficiency, larger volumes have to be ablated per 

sonication event, which in turn requires larger amounts of energy to be deposited for 

each sonication. Since all biological tissues absorb ultrasound energy to various extents, 

the increase in deposited energy will inevitably also lead to higher temperatures outside 

of the target area, particularly in the near field of the ultrasound beam path (47, 48). 

Hence, all potentially heated regions should be monitored by MR thermometry 

simultaneously to ablation in order to ensure the safety of the therapeutic procedure. 

This is particularly important for sensitive near-field tissue interfaces such as the skin 

and the interface between subcutaneous fat and muscle. 

The primary aim of the research presented in this thesis was to develop an efficient yet 

safe method of MR-HIFU ablation for the Philips Healthcare clinical MR-HIFU system 

and evaluate its’ efficacy in a large animal model. This is the topic of Publication I. 
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1.2 Feedback control of magnetic resonance guided high-
intensity focused ultrasound 

A problem of MR-HIFU therapy is that the tissue thermal response depends largely on 

unknown tissue properties such as perfusion, absorption, and thermal conduction. This 

makes it very difficult to accurately predict the appropriate power for ablating the 

desired tissue volume. One solution for obtaining a more reliable treatment outcome is 

to use a closed-loop feedback to regulate the power based on the temperature rise seen 

in the MR temperature images (49, 50). However, in order for the ablation to be as 

efficient as possible it is preferable to regulate the sonication trajectory rather than the 

power. This allows a high and constant power level to be used during the sonication, 

which is preferable because heat diffusion will spread and disperse heat with time. 

Considerable amounts of heat are therefore lost via diffusion if unnecessarily long 

sonication durations are used.  

The secondary aim of this research was thus to provide a robust feedback control 

designed to improve the reliability of the MR-HIFU ablation strategy developed for the 

Philips Healthcare MR-HIFU system in Publication I. This is the topic of Publication II. 

1.3 Motion compensation of magnetic resonance thermometry 
and high-intensity focused ultrasound ablation 

Proton resonance frequency (PRF) shift based MR thermometry is the most commonly 

used method of MR thermometry and uses the phase difference between dynamically 

acquired images to calculate the temperature change (15). This makes PRF thermometry 

sensitive to phase perturbations by for example accidental motion or physiological 

activity. Several pathologies in the abdomen are very good candidates for MR-HIFU but 

are subject to both rigid and non-rigid motion during the respiratory cycle, which may 

induce artifacts in the PRF thermometry if appropriate corrections are not applied.  

Classical image registration techniques, such as estimation of affine transformation and 

optical flow, have proven capable of removing misregistrations between subsequent 



 

 

25 

dynamic images due to in-plane motion (51-54). However, although the imaging plane 

can be aligned with the main axes of organ motion in order to reduce the 3D motion 

compensation problem to compensation of in-plane motion, this approach imposes an 

unnecessary constraint by removing the freedom to choose the position of the imaging 

slice. A preferable approach would be to use some form of real-time through-plane 

motion compensation, which is possible using conventional pencil-beam navigators 

(55). These navigators are, however, designed for the tracking of the diaphragm motion 

during breathing and are not well-suited for the direct tracking of the organs of interest, 

which is necessary for accurate motion compensation. The conventional navigators 

suffer from mainly two disadvantages: the navigator signal has poor contrast within the 

abdomen and the inevitable cross-section of the navigator with the imaging plane 

perturbs the magnetization at the cross-section. The resulting phase perturbations may 

again give rise to artifacts in the temperature images or at the very least reduce the 

temperature accuracy. The resulting perturbation of the navigator at the cross-section 

may in turn be problematic for the motion estimation algorithm, especially if the 

induced partial saturation is the dominant feature within the navigator profile as may 

well be the case. However, because the fat is typically discarded from thermometry in 

order to avoid erroneous temperature readings, a fat-selective pencil-beam navigator 

would avoid perturbing the magnetization of the imaging slice and vice versa. Such a 

navigator would also provide a good contrast as fat is commonly abundant in the 

abdomen and most abdominal organs are surrounded by a sheath of fat.  

Even though misregistrations between the dynamically acquired images are corrected 

accurately, non-temperature dependent phase fluctuations generally remain (56, 57). 

These phase fluctuations are caused by variations in the local magnetic field 

experienced by the organ during the respiratory cycle, which in turn arise due to an 

inhomogeneous in vivo magnetic field. The use of a multi-baseline method is a common 

approach for addressing these phase-fluctuations (51, 56, 58). In this approach, a look-

up-table of numerous reference phases are acquired in a training stage with no heat 

applied. Then during hyperthermia, the appropriate reference phase image that 

represents the current stage of the respiratory cycle is retrieved from the look-up-table. 
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If the look-up-table is sparsely populated, temperature artifacts may occur due to 

discretization when the closest match is chosen from the look-up-table during 

hyperthermia. Furthermore, the indexing and retrieval from the look-up-table has 

traditionally been performed using image based information (51, 58), which is incapable 

of taking into account out-of-plane motion that may also affect the local magnetic field 

fluctuations.  

Provided the algorithms are efficient, it is possible to obtain accurate 3D motion 

compensated temperature images in real-time by combining in-plane, through-plane, 

and phase-reference corrections. The obtained motion estimate may also be used to steer 

the HIFU beam according to the 3D motion of the target, thereby keeping the focal spot 

fixed within the mobile target. This would allow for a fully 3D motion compensated 

MR-HIFU ablation or hyperthermia procedure of any abdominal organ, provided an 

acoustic path can be found for the ultrasound to propagate from the transducer to the 

target.  

The third aim of the thesis was thus to develop and demonstrate the feasibility of a fat-

selective navigator for providing the missing real-time through-plane motion correction 

for a fully 3D motion compensated MR-HIFU ablation procedure. The development and 

demonstration of the feasibility of the fat-selective navigator for through-plane motion 

correction was the topic of Publication III. The demonstration of the improved multi-

baseline correction accuracy obtained when using a model-based look-up-table 

correction with navigator information for accurate indexing was the topic of Publication 

IV. Three-dimensional motion compensation of MR thermometry was in turn the topic 

of Publication V. The feasibility of a fully 3D motion compensated MR-HIFU ablation, 

including real-time motion compensation of both thermometry and focal point position, 

was demonstrated in Publication III on in vivo porcine kidney. The presented fat-

selective navigator was utilized for a more accurate through-plane motion estimation 

and compensation. 
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1.4 Context of this thesis 

The bulk of the work performed for this thesis was part of a group effort at Philips 

Healthcare, Finland, and the IMF (Imagerie Moléculaire et Fonctionnelle) laboratory at 

the University of Bordeaux, France, to develop and validate an instrument for efficient 

and safe delivery of non-invasive therapy by MR-HIFU. The Food and Drug 

Administration (FDA) in the USA, and other regulatory bodies, have stringent 

requirements on the technical and scientific basis for the function and performance of 

such systems, and for documenting that these requirements are fulfilled. Several novel 

methods and specifications have been developed for this clinical MR-HIFU platform 

that is currently being utilized in a pilot study for the ablation of uterine fibroids. The 

most important results of the related research and the necessary physics background are 

presented in this thesis. This research is presented in Publications I and II. 

The latter part of the thesis describes the research performed towards demonstrating the 

feasibility of MR-HIFU ablation of abdominal organs, particularly the kidney and liver. 

Related research has been performed at the IMF laboratory in Bordeaux since the 

beginning of the decade and the feasibility of several methods aimed at reducing motion 

induced temperature artifacts to an acceptable level have been convincingly 

demonstrated. Recent development in computer hardware combined with the MR-HIFU 

platform developed by Philips Healthcare allowed for further progress towards the goal 

of real-time motion compensated MR-HIFU ablation of abdominal organs. Some of the 

more important results of the related research are presented in this thesis along with the 

necessary background for understanding the problems and the proposed solutions. This 

research is presented in Publications III – V. 

The thesis is divided in two parts focused on the two central components of MR-HIFU: 

The methods for delivering the energy, high-intensity focused ultrasound (HIFU, 

Section 2), and the means of measuring the temperature change, planning the treatment 

and validating the outcome, magnetic resonance imaging (MRI, Section 3). The aims of 

the thesis are summarized below and the fulfillment of these aims is discussed in the 
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conclusions (Section 4). A brief summary of the main results of the publications is also 

provided (Section 5). 

 Aims Publication

1. Develop a safe and efficient method for clinical MR-HIFU ablation. I 

2. Develop a feedback control algorithm to improve the reliability of the 

MR-HIFU ablation strategy developed under aim 1. 

II 

3. Develop a real-time through-plane motion compensation method to 

enable 3D motion compensation of MR-HIFU for the treatment of 

mobile organs.  

III, IV, V 
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2 High-intensity focused ultrasound therapy 
This chapter focuses on technical aspects of HIFU induced tissue destruction. Different 

sonication strategies are discussed in a separate subsection, with emphasis on the 

volumetric sonication strategy developed in Publication I. Feedback control methods, 

which may be used to improve the reliability and consistency of the induced tissue 

damage, are also discussed. Different methods of feedback control are distinguished and 

the binary feedback developed in Publication II is described in detail.  

The generation of HIFU and the interaction of HIFU with biological tissue are also 

briefly described as they constitute the foundation for any HIFU therapy and are 

furthermore necessary background in the discussion of the different sonication strategies 

and methods of feedback control. The book Physical principles of medical ultrasonics 

compiled by Hill, Bamber, and ter Haar, can be recommended for more information on 

therapeutic ultrasound and the interaction of ultrasound with biological tissue (59). 

2.1 High-intensity focused ultrasound physics 

2.1.1 Focused ultrasound and acoustic properties of therapeutic HIFU 

Most modern HIFU transducers are made of a piezoceramic or piezocomposite material 

and have the shape of a spherical shell (19, 44, 46, 60-66). Figure 2.1 shows a schematic 

of a such a geometrically focused spherical shell transducer as first suggested by Lynn 

et al. in 1942 (3). The resulting focus is located close to the geometrical center of 

curvature and the increase in the intensity at the focal spot can easily be a factor of 1000 

as compared to using non-focused plane waves. Commonly used spatial maximum 

intensity levels for HIFU ablation are around 1000 – 3000 W/cm2, whereas the intensity 

levels used for diagnostic ultrasound are around 0.1 – 0.5 W/cm2 (59, 67-72). 

Diagnostic ultrasound is furthermore applied in short bursts of a few microseconds, 

whereas HIFU is applied continuously for several tens of seconds (59, 70-74). The size 

of the focus is commonly determined as the full width at half maximum (FWHM), or as 

the size at -3 dB or -6 dB (51, 64, 65, 71, 75). Whatever the used definition, the size of 
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the ellipsoid focal spot is determined by the ratio of the transducer radius of curvature 

and the diameter of the aperture, and is also linearly dependent on the wavelength. The 

wavelength λ is in turn determined by the chosen frequency f according to 

 fc /=λ , (2.1) 

where c is the speed of sound in the target tissue, which is typically close to that of 

water in human soft tissues i.e. approximately 1540 m/s (76, 77). For a typical 

extracorporeal HIFU transducer, such as that used in Publication I with a 12 cm radius 

of curvature and 13 cm aperture diameter, the ellipsoid focal spot had a width and 

length of approximately 1 mm and 7 mm, respectively, when the transducer was 

 

Figure 2.1: Schematic of a spherical shell transducer. The ellipsoid focal spot (in black) is in 
scale with the radius of curvature and aperture. 



 

 

31 

operated at 1.2 MHz. In general, the ultrasound frequency used for HIFU therapy 

depends on the target and the required penetration depth, with extracorporeal 

transducers typically using frequencies in the range of 0.8 – 1.6 MHz, whereas intra-

cavitary transducers for such applications as prostate ablation use higher frequencies in 

the range of 2 – 4 MHz (19, 22, 35, 65, 78-80).  

2.1.2 Phased-array transducers and electronic focal point deflection  

HIFU transducers can advantageously be designed as phased arrays to increase the 

flexibility and efficiency of the HIFU therapy (46, 61-63, 66, 81-84). The increase in 

flexibility comes from the fact that phased-array transducers consist of multiple 

piezoelements that can each be driven with an individual phase and amplitude. This 

allows for ablating larger tissue volumes during a single sonication event without the 

need for mechanical displacement since the focal spot of the phased array HIFU 

transducer can be electronically steered by altering the phase of the different elements 

as shown in Figure 2.2.  

The phase required for any given element ϕ j in order to obtain constructive interference 

at the desired focal spot is determined by  

 
λ

ϕ j
j

l
π2= , (2.2) 

where jj rrl −=  is the distance from the center of the element jr  to the desired focus 

location r  as shown in Figure 2.2. The phase of the different elements can be uniformly 

shifted without affecting the focal point position. This is because it is the relative phase 

of the element pressure fields that determines whether or not constructive interference is 

obtained at the desired location. The pressure field of an electronically steered phased-

array transducer may be written as a linear sum of the pressure fields emitted by the 

individual elements, if neglecting nonlinear effects as is commonly done. Using the 
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Rayleigh integral, the pressure field in a homogeneous medium may be written as (61, 

85) 
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where the ρ is the tissue density, k = 2πf/c – iα is the combined wave-number and 

attenuation, vn, j is the velocity perpendicularly to the surface of element j and ϕ j is the 

phase at which the element is driven. The integral is over the surface of the individual 

elements, each with an identical area S, and the summation is over all N elements in the 

phased array. For layered tissues, Equation 2.3 can be used by propagating the pressure 

 

Figure 2.2: Schematic of a phased-array transducer with eight elements focused at the 
geometric focus (left) and deflected perpendicularly to the beam axis (right). The sinusoidal 
signals coming in from below all have the same phase with respect to each other when focusing 
at the geometrical focus. By changing their relative phase it is possible to electronically steer the 
focus away from the geometrical focus. 
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field to one tissue layer at a time, taking into account reflection, transmission and 

diffraction (85-88). The intensity may in turn be written as  

 ( ) ( )
ρc
rp

rI
2

= , (2.4) 

where ( )rp  is the pressure obtained from Equation 2.3. Figure 2.3 shows the intensity 

distribution calculated with Equation 2.4 for a 256-element phased-array transducer 

focused at the geometrical focus and electronically deflected perpendicularly to the 

beam axis by 8 mm. Some weak secondary lobes can be seen when the focus is 

deflected off-axis by 8 mm. 

The range over which electronic steering can be performed is limited by the aperture of 

the individual elements as the transducer elements have a finite size (typically between 

2 – 10 mm in diameter (46, 51, 64)) and thus directional pressure field (shown in  

Figure 2.4). Excessive off-axis steering from the geometrical focus will therefore result 

in a severe decrease in focus intensity, incompatible with HIFU ablation. Consequently, 

phased-array HIFU transducers are commonly limited to approximately ±10 – 20 mm 

electronic deflection perpendicularly to the beam axis, and 20 mm along the beam axis 

away from the geometrical focus (46, 51, 64, 89). Moderate electronic steering along 

the beam axis towards the transducer increases the focal spot intensity, whereas 

excessive deflection will reduce the intensity as the desired focal spot will be outside the 

aperture of several elements. 

In addition to a drop in maximum intensity, electronic deflection will also alter the 

shape of the focal spot as well as introduce secondary unintended parasite foci also 

referred to as grating or secondary lobes. Deflection perpendicular to the beam axis will 

for example broaden the focal spot, whereas moderate deflection towards and away 

from the transducer will shorten and elongate the focus, respectively. Secondary lobes 

will typically occur in the opposite direction of deflection when deflecting off-axis, 
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Figure 2.3: Theoretical intensity distributions of a spherical shell 256-element phased-array 
transducer (12 cm radius of curvature) with no electronic deflection (a, b) and with an 8 mm off-
axis electronic deflection (c, d). The intensity distributions, centered on the geometrical focus, 
are shown along the beam axis in the plane of electronic deflection (a, c) and perpendicular to 
the beam axis (b, d). Both views are centered on the focal point.  

 
Figure 2.4: Intensity distribution of a single transducer element with a diameter of 7 mm, 12 cm 
radius of curvature, and 1.2 MHz operating frequency.  
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whereas these lobes are not as severe for deflection along the beam axis. The design of 

the phased-array transducer greatly affects the amount and severity of the side lobes (46, 

63, 64, 89). A symmetrically sectioned transducer surface, such as an annular (90-92), 

sector-vortex (66, 90, 93), hexagonal (46, 63, 64), and spherical (61, 62) sectioned 

surface, may give rise to grating lobes even when no deflection is performed if a 

particularly high degree of symmetry is used such as for hexagonal or square element 

positioning (46, 63, 64). Furthermore, off-axis deflection with these regular designed 

arrays increases the severity of these secondary foci (46, 63, 64, 89). By reducing the 

regularity and symmetry of the element positioning, by for example utilizing a pseudo-

random design, the level of the secondary lobes can be dramatically reduced thereby 

allowing for significantly improved beam-steering capabilities (46, 63, 64, 89). 

2.1.3 MR-HIFU platform 

Ultrasound waves cannot propagate in air and need an acoustic path from the transducer 

and into the body. This is accomplished in clinical HIFU platforms by submerging the 

transducer in a degassed water-bath that is sealed within an MR compatible table top 

using a thin membrane (19, 44, 75). This membrane also acts as an acoustic window 

through which the ultrasound waves may propagate. Alternative methods where the 

transducer is confined in a plastic bag inside a table-top have also been suggested (94). 

This HIFU table top can be used as any other conventional MR patient table, and can be 

moved in and out of the MR scanner. A gel pad is often positioned on top of the 

membrane to improve the acoustic coupling between the water tank and the skin of the 

patient (19, 95). Ultrasound gel or degassed water may also be applied at both sides of 

the gel pad, or alternatively instead of the gel pad, to improve the acoustic coupling at 

the interfaces between the water tank and the patient (19, 22, 95). A schematic of a pig 

positioned on top of the Philips clinical HIFU platform can be seen in Figure 2.5. Intra-

cavitary transducers intended for prostate ablation use an entirely different setup as the 

casing of the transducer is in direct contact with the wall of the cavity (80, 96, 97).  
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Figure 2.5: Schematic of the Philips clinical HIFU platform viewed in the transverse plane with 
a pig placed in a left decubitus position on top of the platform. The integrated multielement MR 
receive coil is also shown. The lower element is a loop surrounding the acoustic window in the 
table top through which the ultrasound propagates. The piezoelectric motors that control the 
positioning allow for three degrees of translational motion and two degrees of rotational motion. 
This HIFU platform is used in Publications I – III. Reproduced from Publication I with 
permission from AAPM. 

Accurate and flexible positioning of the transducer is a crucial prerequisite for inducing 

localized thermal damage in the desired target region. Conventional motors cannot be 

used inside the MR and early positioning devices used hydraulic pistons to accurately 

position the transducer (44, 75, 98). More accurate positioning devices have since been 

developed, and most modern HIFU transducer positioning devices are software 

controlled and use piezoelectric motors (22, 99, 100) or robotics (101, 102) for accurate 

mechanical displacement of the transducer. More details on the Philips clinical HIFU 

platform can be found in Publication I. 
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2.2 Interaction of high-intensity focused ultrasound with tissue 

2.2.1 Ultrasound propagation and tissue heating  

As ultrasound propagates through biological tissue it loses energy, or becomes 

attenuated, partially through absorption and partially through scattering. The 

fluctuations in pressure induce vibrational and rotational motion of the tissue molecules 

that in turn causes a rise in temperature (59, 79). This phenomenon can also be 

interpreted as absorption and conversion of mechanical ultrasound energy into heat 

energy. The scattering of ultrasound due to tissue inhomogeneities will also affect the 

energy of the propagating wave, since the scattering will redirect and disperse the 

ultrasound waves out of the main beam. The attenuation of the propagating pressure 

caused by both absorption and scattering can be written as 

 ( ) ( )xpxp α−= exp0 , (2.5) 

where p0 is the initial pressure profile directly outside of the transducer surface, and x is 

the distance travelled by the ultrasound in the tissue with an attenuation coefficient 

α = α a + α s that contains both an absorbing and scattering component. Higher 

ultrasound frequencies cause an increase in attenuation, with the relationship being 

approximately linear for most biological soft tissues within the frequency range of 

interest for therapeutic HIFU (59). The attenuation varies significantly for different 

human tissues with aqueous tissue such as blood having a low attenuation of 

approximately 1 NpMHz-1
 m-1, soft tissues such as muscle have a slightly higher 

attenuation of 4 – 15 NpMHz-1
 m-1 and bone has a very high value of  

150 – 300 NpMHz-1
 m-1 (59, 76, 103). There is, however, significant variation in the 

attenuation of any biological tissue type. The attenuation can even vary greatly within 

the same individual for inhomogeneous tissue types, such as uterine fibroids. 

Tissue interfaces within the beam path may cause reflection due to a mismatch between 

the acoustic impedance of the two tissues, although the impedances of biological soft 

tissues are very similar and this effect is mostly negligible (59, 77, 103). However, 
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ultrasound waves reaching a tissue interface at an angle may be subject to both 

reflection and refraction (85-88). The reflection will reduce the energy contained in the 

transmitted ultrasound beam, whereas refraction will alter the direction in which the 

transmitted ultrasound waves continue to propagate in the new tissue layer. This 

refraction may shift the focus away from the geometrical focus, dephase and/or distort 

the focal spot (85-88). If a phased-array transducer is used and the speed of sound in the 

different layers can be determined (with for example CT imaging (104, 105)) then the 

focal spot may be recovered at the desired location by applying appropriate phase 

corrections (85, 88). 

The resulting temperature rise caused by absorption of HIFU energy is often described 

using Pennes’ bioheat transfer equation (106) that takes into account the heat diffusion 

as well as heat loss through perfusion. The temperature rise induced by ultrasound as 

estimated by the bioheat transfer equation is given by 

 ( ) ( ) ( )( ) ( )trITtrTcwtrTk
t

trTc ,,,,
aarbb

2
tt αρ +−−∇=

∂
∂ , (2.6) 

where ( )trT ,  is the temperature distribution at time t, ct and cb are the specific heat of 

the tissue and blood pool, respectively, kt is the heat conductivity of the tissue, wb is the 

blood perfusion rate, Tar is the temperature of the arterial blood, and the intensity ( )trI ,  

is the intensity of the ultrasound as given by Equation 2.4. Heat conductivity does not 

vary significantly between different biological soft tissues and can be taken to be around 

0.6 Wm-1
 ºC-1, with the exception of fat which is a good insulator and has a lower 

conductivity of around 0.2 Wm-1
 ºC-1 (88, 107). The rate of perfusion is significant in 

highly perfused organs such as the kidney or liver, notably reducing the heating 

efficiency of HIFU in these organs, whereas perfusion has much less of an effect in 

other soft tissues (107-109). The absorption coefficient used in the bioheat transfer 

equation is often assumed to be the same as the attenuation coefficient, since absorption 

and scattering can difficultly be distinguished and both are related to similar phenomena 

(59, 88).  
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2.2.2 High intensity phenomena 

At sufficiently high pressure amplitudes, the single frequency sinusoidal waveform may 

begin to distort and a shock-front can gradually form (59, 79, 110). This nonlinear 

ultrasound propagation causes energy to be transferred from the main frequency to the 

higher harmonics that in turn results in a local increase of energy absorption due to the 

increase in the absorption coefficient at higher frequencies (59, 79, 110-112). Nonlinear 

propagation may thus be utilized to increase the heating efficiency at the focus by 

applying sufficiently high power levels to generate higher harmonics near the focus 

(110, 112). Despite proof that nonlinear ultrasound propagation may be significant at 

the intensities used in HIFU ablation (110-112), these effects are commonly ignored and 

the temperature is assumed to scale linearly with the applied power. 

As ultrasound propagates through tissue, the alterations in local pressure may induce 

small cavities in the tissue if the pressure amplitude is sufficiently high (67, 113). This 

process is referred to as cavitation (114). The intensity levels at which cavitation occurs 

is in the vicinity of where nonlinear effects may become significant (67, 112, 113). 

Hence, cavitation may occur at the intensities used for HIFU ablation (67, 68, 113). It is, 

however, often desired to avoid cavitation, since it may cause uncontrolled and 

unpredictable tissue damage in and near the target region (68, 95, 115, 116). Cavitation 

monitoring is therefore commonly utilized to detect the onset of potentially detrimental 

cavitation (32, 67, 68, 113). The presence of cavitation may nevertheless facilitate the 

HIFU ablation by improving the heating efficiency. This is because the multiple 

scattering of incident ultrasound waves within the cloud of bubbles induced by 

cavitation effectively traps the ultrasound within this region, thereby increasing the local 

absorption of ultrasound energy (67, 117).  

2.2.3 Thermal dose 

The concept of thermal dose was introduced as a measure of thermal damage by 

Sapareto and Dewey in 1984 (118). This model, which is based on the Arrhenius model 

of physical reaction rate, does not only take into account the current temperature but 
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also the entire temperature history in estimating the thermal damage. The equation 

describing the thermal dose is written as 

 ( ) ( )∫ −=
t

TRtTD
0

43 d)(43 ττ , (2.7) 

where  

( )
( )435.0

4325.0
≥=
<=

TR
TR

 

and TD is the thermal dose in equivalent minutes at 43 ºC (EM), t is the time and T(τ) 

the time-dependent temperature. Due to the logarithmic relationship between the 

thermal dose and temperature, the spatial distribution of the thermal dose is typically 

much sharper than for the somewhat diffuse temperature. The thermal dose thresholds 

for different levels of thermal damage have been shown to differ somewhat between 

tissues (119-125). However, a threshold of 240 EM is generally considered to be a good 

representative for full coagulative necrosis (74, 100, 115, 125-127). Similarly, 30 EM 

has been reported to be a relevant predictor for onset of tissue damage (74, 125). These 

thresholds are therefore used in Publication I and II, as indicators of moderate tissue 

damage and complete necrosis.  

In the presence of thermal noise, the logarithmic temperature relationship of the thermal 

dose will induce errors in the thermal dose estimate if the effect of thermal noise does 

not average to zero. If a normal distribution of the temperature is assumed, as is 

commonly done for the temperature estimates obtained from MR thermometry (see 

Section 3.2.1), then the thermal dose increments will follow a log-normal distribution. 

Normal noise with a standard deviation of σ T (°C) will thus on average result in an 

overestimation of the thermal dose with a factor of 
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 ( )2ln5.0exp 22
Tσ  (2.8) 

if no compensation is applied (128, 129). Hence, for a relatively low temperature 

standard deviation of 1.2 °C as in Publication I, the thermal dose would be 

overestimated by 40%, whereas for a slightly higher temperature uncertainty, σ T = 2 °C, 

the overestimation exceeds 150%. The overestimation can, however, be accounted for 

by dividing the thermal dose obtained from Equation 2.7 with the overestimation factor 

of Equation 2.8.  

2.2.4 Histology 

The volume of induced tissue damage is sometimes referred to as a thermal lesion, 

particularly in histology (100, 129-135). It should be noted that a thermal lesion is 

commonly taken to indicate the tissue thermal damage inflicted by a single ablation. 

Three regions of different levels of thermal damage can commonly be distinguished 

within the HIFU induced thermal lesions (131, 136). The central white zone, red 

peripheral zone and outer halo zone, named after their appearance on gross examination 

of fresh tissue following excision, can be seen in Figure 2.6. The thermal damage is 

most severe in the central white and red peripheral zones, and an acute inflammatory 

response, necrotic blood vessels, and congestion of blood flow can generally be 

observed, all indicative of irreversible coagulative necrosis (131, 136-138). Oedema is, 

however, more severe in the peripheral red zone, where the cells are also more 

commonly fragmented (131, 138). The outer halo zone, sometimes not identified, 

typically appears only to be oedematous without necessarily any other indication of 

tissue damage (131, 136). More details on the histological results commonly 

encountered for thermal lesions induced by HIFU can be found in Publication I, where 

in vivo thermal lesions induced in porcine thigh with the proposed volumetric ablation 

strategy were analyzed both via gross pathology and histology to verify the extent of 

tissue damage. 



 

 

42 

 

Figure 2.6: Gross pathology of fresh porcine muscle tissue. The thermal lesion can clearly be 
identified and contains three different regions: a central white zone (WZ), a red peripheral zone 
(RZ), and an outer halo zone (HZ). The skin (S) and normal tissue (N) are also identified. The 
longest axis of the ellipsoid thermal lesion is perpendicular to the skin and was parallel to the 
axis of the HIFU beam path. 

2.3 Sonication strategies (I) 

The volume targeted for HIFU therapy is typically larger than the size of the focal point. 

Traditionally, this has been solved by iteratively sonicating a single focal point at a time 

until the desired volume is ablated, as schematically demonstrated in Figure 2.7 (19, 23, 

44, 116, 127, 134, 139). Each sonication is typically followed by a delay to allow the 

skin and fat layer in the near field to cool down before the next sonication (47, 48, 116, 

139, 140). This point-by-point sonication method is inherently inefficient since a large 

part of the applied heat is lost via heat diffusion out of the small sonicated region 

without being utilized for ablation. Moreover, a large amount of single point ablations 

are needed to cover the target region, each separated by a cooling period, which further 

reduces the efficiency of this sonication strategy (47).  
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Figure 2.7: Schematic drawing of a traditional sonication strategy using several overlapping 
single point ablations to cover the target region. 

By utilizing mechanical displacement, a larger region can be ablated per sonication by 

mechanically scanning the focal point around the target region (98, 141-143). If the 

speed and trajectory of the scanning are chosen appropriately, then a contiguous volume 

can be ablated. The main disadvantage of this approach is that the instantaneous 

temperature distribution around the focal point can become very inhomogeneous due to 

the relatively slow mechanical displacement of the transducer and the focal point (98, 

143). This is more of a problem for ablative sonications where higher temperatures are 

required than for mild hyperthermia. The mechanical movement of the transducer inside 

of the MR scanner also induces changes in the magnetic field as the susceptibility of the 

transducer and surrounding water bath are not the same. These magnetic field 

perturbations need to be corrected in order to avoid artifacts in the MR temperature 

images calculated with PRF thermometry (see Section 3.2). Although such a correction 

can be performed (144), residual artifacts are nevertheless likely to persist.  
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Another alternative for increasing the ablation volume per sonication is to use multiple 

transducers that either remain stationary or are mechanically translated during 

sonication (145-149). However, the successful fitting of the multiple transducers into 

the MR-HIFU table-top and magnet bore can prove difficult. If mechanical movement 

becomes necessary during sonication then the same issues of magnetic field 

perturbation as for the single transducer approach remain. 

Phased-array transducers make the need for mechanical displacement during sonication 

obsolete by allowing for rapid ablation of volumes larger than a focal spot while the 

transducer is stationary. This can be achieved by precisely adjusting the relative phase 

of the acoustic waves generated by each element to split the focus into multiple 

simultaneous foci (45, 48, 62, 84, 150) or alternatively temporally switch between 

predetermined multifoci patterns while continuously sonicating (66, 150-153). 

However, a problem of multifoci patterns is that they suffer from energy deposition in 

side lobes that may be located outside of the intended ablation region (61, 62, 83). This 

is especially a problem for transducers with a high degree of symmetry or when 

numerous simultaneous foci are used (61). 

The approach presented in Publication I overcomes this problem by electronically 

switching a single focal point between a number of predetermined locations, thereby 

minimizing unwanted secondary foci and maximizing heating efficiency. The 

volumetric sonication strategy proposed in this publication used a single focal spot that 

was electronically steered along a trajectory consisting of multiple outward-moving 

concentric circles, inspired by the inside-to-out spiral trajectories of Salomir et al. (98). 

These circles were positioned in a plane perpendicular to the beam axis and centered on 

the axis of propagation. Each circle contained several predetermined focal points that 

were regularly positioned on the circumference of the circle. The sonication duration for 

each circle was determined via off-line simulations using Pennes’ bioheat equation 

(Equation 2.6). An example trajectory is shown in Figure 2.8. The proposed trajectory 

design is flexible and allows differently sized trajectories to be generated by simply 

adding or removing outside circles. 
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Figure 2.8: Schematic of the volumetric trajectories in Publication I. The trajectories are 
centered on the axis of propagation and positioned in the plane perpendicular to the beam axis. 
The close-up clarifies the design of the volumetric trajectories: sonication of each concentric 
circle, outwards movement to following circle at end of predetermined sonication time of circle, 
and end of sonication after predetermined sonication time of final circle. 

This design of concentric outward-moving circles is energy efficient because it utilizes 

the inherent outwards diffusion of heat already deposited during the sonication of the 

inner trajectory circles to elevate the starting temperature of the outer circles. 

Consequently, less heat is lost via diffusion out of the region of interest and the energy 

efficiency is significantly improved with trajectory size, while the temperature gradients 

at the borders remain steep. Moreover, the circular shape of each sub-trajectory is also 

more energy efficient than sub-trajectories with corners. For example, square shaped 

sub-trajectories would require excess heat to be deposited at the corners in order to 

maintain the intended shape of the temperature distribution, because heat diffusion will 

strive towards eliminating temperature gradients. Furthermore, the rapid and repetitive 

sweeping of the sonication locations on each circle with the distance between 

consecutive locations maximized, ensured an even heat elevation over the sonicated 
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circle. Further details on the design of these volumetric trajectories can be found in 

Publication I. 

In Publication I, the volumetric sonication design of concentric circles was evaluated by 

performing a total of 32 ablations on in vivo porcine thigh. Three differently sized 

trajectories with a diameter of 4 mm (1 circle), 12 mm (3 circles), and 16 mm (4 circles) 

were tested. A similar power level was used for the different trajectories, but the 

sonication time was longer for the larger trajectories in order to provide sufficient 

energy to the target area. The power used was constant and high, but the target region 

intensity was kept below levels known to cause cavitation. An example of the 

temperature rise and thermal dose created by these volumetric sonications can be seen 

in Figure 2.9. The ablated volume for each sonication was determined assuming an 

ellipsoid thermal lesion shape. The diameter and length of the thermal lesion was 

estimated from the thermal dose volume above 240 EM, as calculated from the 

temperature maps obtained with multiplane MR thermometry (see Section 3.2.8). The 

energy efficiency (calculated as thermal dose volume above 240 EM per unit of 

deposited energy) increased with trajectory size and was 0.03, 0.24, and 0.52 cm3/kJ, for 

the 4, 12, and 16 mm diameter trajectories, respectively. The proposed volumetric 

sonication strategy created well-defined thermal lesions with thermal dose uniformly 

above 240 EM within the trajectory and sharp thermal dose borders. The transition zone 

between the necrotic thermal lesion and surrounding healthy tissue was very narrow as 

estimated by the thermal dose and confirmed by histology. Although the amount of 

sonications needed is reduced when using volumetric ablation, several sonications are 

nevertheless needed to treat large uterine fibroids that may be as large as 350 cm3 (154). 
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Figure 2.9: Typical target region temperature and thermal dose for a 4 and 16 mm diameter 
trajectory viewed in the coronal and sagittal plane. The shown temperature and thermal dose 
images were acquired at end of sonication and 4 min after end of sonication, respectively. The 
top row shows the target region temperature for the (a), (b) 4 mm and (c), (d) 16 mm diameter 
trajectory. The bottom row shows the target region thermal dose for the (e), (f) 4 mm and (g), 
(h) 16 mm diameter trajectory. Images (a), (c), (e), and (g) show the temperature and thermal 
dose in the middle coronal slice, and images (b), (d), (f), and (h) show the corresponding 
thermal data in the simultaneously acquired sagittal slice. In the sagittal view, the transducer is 
at the left-hand side of the image. 

Even though volumetric sonication methods are more efficient than point-by-point 

sonication, they nevertheless require a larger amount of total energy to be deposited per 

sonication event. This is a disadvantage of any volumetric ablation method where a 

larger volume is ablated than a single focal point. This increase in deposited energy also 

causes an increased near-field heating, which in turn increases the risk of related 

adverse events particularly for shallow targets close to the skin (47, 61, 65, 155). To 

reduce this risk and ensure the safety of the treatment, rapid multiplane MR 

thermometry with dedicated near field, beam path, and target region monitoring was 

performed simultaneously to the volumetric ablation in Publication I. The presented 

volumetric thermometry prevents undetected excessive temperature rise from occurring 

in the near field, and the online visualization and temporal resolution of the MR 

thermometry allows the operator to intervene should unexpected events occur. We have 
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since explored the usefulness of dedicated monitoring of the near field in more detail 

(156, 157). 

The increased near-field temperature associated with volumetric sonication also 

mandates longer cooling periods between sonications in order to avoid excessive 

thermal build-up in the near field (47, 48, 61, 140, 152, 155, 157). Dissipation of the 

heat accumulated in the near field via diffusion is, moreover, slow due to small 

temperature gradients. However, the effect of perfusion may be more significant in 

cooling the skin and subcutaneous tissue layers than diffusion (47, 109). Consequently, 

the advantage in treatment time of volumetric ablation as compared to point-by-point 

ablation is less than indicated by the energy efficiency, even though the use of 

volumetric ablation will nevertheless reduce treatment time.  

Insufficient cooling times are a serious concern, because too short delays between 

sonications will result in thermal build-up being accumulated over a period of several 

sonications that may eventually lead to adverse near-field events such as skin burns. 

However, the build-up may be reduced by minimizing the overlap of successive 

sonications, and by spreading the energy over a large near-field area by using large 

aperture transducers (47, 48, 157). This would in turn reduce the required cooling times, 

and subsequently also reduce treatment time. 

2.4 Feedback controlled ablation (II) 

A problem of HIFU therapy is that in vivo tissue parameters that govern tissue heating 

are typically unknown prior to treatment. These parameters may furthermore vary 

locally due to differences in tissue composition and architecture, as well as due to 

physiological differences. Temperature itself may, moreover, also affect the tissue 

parameters. It is hence very difficult to prior to the sonication predict the appropriate 

power level to apply.  

One rudimentary approach for estimating the appropriate power level is to use a low 

power test sonication to “probe” the thermal response of the tissue (16, 75). Assuming a 
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linear relationship between the applied power and the temperature rise, one can obtain 

an estimate of the required therapeutic power based on the power used in the test 

sonication and the small temperature rise that is induced. The use of test sonications 

does improve the accuracy of the applied power, subsequently improving the reliability 

of the ablation outcome as compared to blindly choosing a power level. However, the 

scaling of the therapeutic power based on a test sonication assumes a linear relationship 

between the applied power and the temperature rise. This might be an adequate 

approximation for short sonications, but it is no longer accurate when diffusion and 

perfusion have time to affect the temperature rise (see Equation 2.6). Furthermore, the 

linear scaling of the power using a test sonication is only accurate for single point 

sonications, as the effect of diffusion is not accounted for. Test sonications were used in 

both Publications I and II to obtain an initial estimate of the power level, which was 

updated based on the results of the therapeutic ablations.  

A more accurate and reliable approach is, however, to use a feedback loop to regulate 

the power based on the temperature rise seen in the MR temperature images (49, 50, 

158-162). The basic feedback algorithms aim to control the temperature in a point by 

automatically adjusting the applied power based on the difference between the actual 

observed temperature and the target temperature curve (49, 159, 162). The target 

temperature is typically a smooth curve with a gradually increasing initial part followed 

by a plateau, which allows the feedback algorithm to accurately follow the target 

temperature evolution without inducing oscillations or overshoots. The actual control 

algorithm can advantageously be based on existing classical controllers such as a 

proportional-integral-derivative (PID) controller (49) or a linear quadratic regulator 

(LQR) (162). These control algorithms improve the stability and performance of the 

feedback control as compared to directly adjusting the power based on the difference 

between the current target temperature and current actual temperature. The control 

algorithms are, moreover, often based on the bioheat transfer equation (Equation 2.6) to 

further improve the controller performance (49, 159, 162). 
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Of significantly more interest than the single point temperature control discussed above 

is of course a simultaneous spatial and temporal temperature control. Feedback control 

algorithms may be applied to obtain a desired 2D temperature profile (98, 163) or even 

control the evolution of the temperature distribution in 3D (164). The main benefit 

provided by spatial controllers is that they may correct for spatial inhomogeneity and 

temporal variance in tissue thermal response, something which is not possible by other 

means. Early studies on spatio-temporal feedback control were limited by the use of 

single-element transducers, and feedback was consequently used to merely adjust the 

speed of the mechanical displacement (98) or in a more advanced approach use a PID 

controller to adjust both displacement speed and applied power (163). Phased arrays 

provide an immense improvement for spatio-temporal controllers as they allow any 

point within the range of electronic displacement to be sonicated at any time without 

restrictions on displacement speed. Consequently, phased-array transducers allow for 

rapid 3D spatio-temporal control where for example the sonication trajectory and the 

energy deposition in the trajectory points can be dynamically altered for every acquired 

MR temperature map (164). The controller could alternatively update the driving 

amplitude and phase of the different transducer elements, thereby dynamically altering 

the multifoci pattern, although this might not be desirable due to potential side lobes 

(165). Spatio-temporal control of prostate ablation with transurethral transducers has 

also been reported, although these methods differ significantly from the methods 

described above as the control for prostate ablation is on the mechanical rotation of the 

rod-shaped transducer and on the applied power (33, 166). 

A disadvantage of the parametric control algorithms discussed above is that they are all 

sensitive to errors in the estimates of the tissue parameters as the controllers are based 

on the bioheat equation. If sufficiently large deviations occur in the estimate then the 

controller may begin to oscillate, or alternatively lag behind the target temperature (49, 

162). This is less of a problem in spatio-temporal controllers than for single point 

controllers as errors in the a priori estimated parameters result in an altered sonication 

trajectory that inherently attempts to compensate for these estimation errors. A 
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disadvantage particular to the LQR algorithm is that it is computationally intensive and 

may thus not be compatible with real-time control (162).  

A robust non-parametric feedback method was introduced in Publication II, specifically 

designed to improve the reproducibility and reliability of the volumetric sonication 

approach outlined in Publication I. The first step of this binary control algorithm is 

calculating the mean temperature from the subset of voxels in the MR temperature 

images corresponding to the currently sonicated circle at each acquired dynamic. The 

calculated mean temperature is compared to a predetermined limit, and if this limit is 

exceeded then the controller switches the sonication to the next circle. This continues 

until the final circle of the trajectory has reached its’ mean temperature limit. The limits 

are obtained from off-line trajectory optimizations using Equation 2.6, and calculating 

the voxel sized mean temperatures at the time when the sonication circles of a trajectory 

are switched. Due to the non-parametric approach, this algorithm is computationally fast 

as well as inherently stable and oscillations that might be a problem for parametric 

control algorithms cannot occur (49, 162). The simple design moreover makes for a 

robust control, also in the presence of disturbances or unexpected thermal behavior due 

to abnormal thermal parameters. A further advantage is that the control is on time and 

not power, and that there is no need for a smooth ramping of a target temperature as is 

necessary for some parametric controllers (49, 163, 164). This enables the sonication to 

immediately begin at a high ablation power allowing for an efficient, rapid, and 

controlled ablation. 

In Publication II, a total of 90 in vivo sonications were performed in a large animal 

model. The simple yet efficient feedback was shown to improve the reproducibility of 

the ablation by significantly reducing the standard deviation of the thermal lesion 

diameter by 48%, 86%, 79%, and 70% for the 4, 8, 12, and 16 mm diameter trajectories, 

respectively. Furthermore, when utilizing binary feedback, the resulting diameters of the 

240 EM thermal dose volumes were much closer to the planned ablation size as given 

by the trajectory diameters. Another advantage was that the energy efficiency improved 

as a consequence of the feedback control, because the deposited energy was sufficient 
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but not excessive. This should, moreover, also reduce the cooling times as excessive 

energy deposition is avoided, thereby reducing near field accumulation. This should in 

turn further improve the treatment speed.  

The binary feedback algorithm of Publication II does have some disadvantages that also 

arise due to the simple algorithm design. For example, the feedback cannot accurately 

account for spatial inhomogeneities occurring within the sonicated circle, and binary 

feedback may thus not be suitable for very inhomogeneous tissues. However, using the 

mean temperature within the sonicated circle does give some tolerance for spatial 

inhomogeneities. Consequently, the binary feedback did perform well in the vicinity of 

for example muscle fascia and the femoral vein in porcine thigh. The second main 

disadvantage is that the proposed feedback is not well-suited for accurately maintaining 

the temperature at a certain predefined level for an extended period of time, which is 

required for HIFU-activated local drug and gene delivery, as well as gene therapy (37, 

43, 167, 168).  

Despite of these disadvantages, the binary feedback algorithm nevertheless provides a 

robust control of the volumetric ablation that improves the reproducibility and reliability 

of the sonication outcome. The perhaps most important advantage as compared to other 

presented temperature regulating controllers is that the combination of binary feedback 

and volumetric concentric-circle ablation allows for a controlled, rapid, and energy 

efficient ablation of large volumes (162-164). The cost is a little less accuracy in the 

temperature control that may lead to under- or overheating at the border of the 

trajectory. Despite of this, the trajectory design and heat diffusion will ensure a thermal 

dose uniformly above the threshold of 240 EM within the trajectory borders. Further 

details on the design and results of the binary feedback algorithm can be found in 

Publication II. 

Because the thermal dose determines the success of the ablation and not the 

temperature, a spatio-temporal control of the thermal dose would be preferable over a 

control of temperature. Although such controllers have been suggested and their 
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feasibility shown (169-173), most research on this topic is done using only simulations 

and there is little evidence of the functionality of the proposed controllers in vivo. 

Several of the presented approaches are also computationally intensive and may thus not 

be directly applicable to real-time control without simplifications to the control 

algorithms. Thermal dose controllers are nevertheless of substantial interest as they 

might be able to accurately control the therapeutic outcome also in the presence of 

spatial inhomogeneities, while applying the minimal energy to ablate the desired 

volume. It has recently also been shown that temperature or thermal dose control can be 

applied simultaneously to motion correction of MR-HIFU (51, 174), thereby allowing 

for a controlled MR-HIFU procedure in moving abdominal organs, such as the kidney 

or liver. 
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3 Magnetic resonance guidance of high-intensity 
focused ultrasound therapy 

MRI provides a variety of different soft-tissue contrast mechanisms which reflect 

structural differences on both the macroscopical and microscopical level of the 

examined tissue (13). The modality is therefore well-suited to depict both healthy and 

pathological tissue, and to follow pathological processes in time (12, 175, 176). 

Consequently, MRI has in recent years taken an important role in the planning of 

surgical interventions, including non-invasive therapeutic approaches such as HIFU 

therapy (73, 75).  

Due to its propagation properties and its specific absorption rate in biologic tissue, high-

intensity focused ultrasound was singled out very early as an attractive candidate for 

noninvasive ablation of pathological tissue. However, the lack of suitable image 

guidance has prevented HIFU therapy from gaining widespread clinical acceptance until 

recently. MRI would seem ideal for providing this necessary guidance and the use of 

MRI for planning, monitoring, and post-treatment verification of the HIFU therapy was 

first suggested by Cline et al. in 1992 (11). Successful clinical use of MR guided HIFU 

therapy (MR-HIFU) has since been reported by several authors for different 

applications (16, 19, 23, 24, 27, 30, 75, 177). 

This chapter presents an overview of the use of MRI for guidance of HIFU therapy. The 

use of MRI for therapy planning is briefly discussed as this constitutes the basis for any 

image guided therapy, including MR-HIFU. Therapy monitoring by MR thermometry is 

explained in some detail as this is the main advantage in using MRI as compared to 

other imaging modalities for guidance of HIFU therapy. This discussion also aims to 

explain the importance of appropriate motion compensation. The methods developed in 

this work for motion compensation of MR thermometry, navigators for through-plane 

motion compensation and for correction of the phase reference, are described in more 

detail in Publications III and IV. The combination of the in-plane 2D motion 

compensation with the through-plane motion compensation for 3D motion 
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compensation of thermometry is explained in more detail in Publication V. The 

combination of 3D motion compensated thermometry with beam steering of the focal 

point according to the observed 3D motion is in turn demonstrated to provide a fully 3D 

motion compensated MR-HIFU therapy in Publication III. Details on the development 

of the multiplane volumetric thermometry for improved monitoring coverage are in turn 

given in Publication I. A discussion on the use of MRI for verification of treatment 

outcome is also included as the ability of MRI to noninvasively assess tissue damage is 

another important aspect of this imaging modality facilitating guidance of the HIFU 

therapy. 

3.1 Therapy planning 

The excellent soft-tissue contrast provided by MRI makes this noninvasive imaging 

modality ideal for identifying and localizing the abnormal tissue to be targeted for any 

form of image guided therapy or treatment. High-resolution MR images can therefore 

be used for accurate planning of the MR-HIFU therapy if the relationship between the 

coordinate system of the planning images and the coordinate system of the ablation 

device, i.e. the transducer, is known. A graphical user interface to which these planning 

images are imported can then be used to create the MR-HIFU treatment plan by 

defining the position and angulation of the planned ablations, and examining the 

corresponding beam paths for acoustic barriers such as bone or air filled cavities. The 

efficiency and accuracy of this treatment planning can be improved by creating 

graphical overlays of the transducer and beam path on the planning images that are 

updated according to the actual transducer position. The time needed for transducer 

positioning can be reduced and planning efficiency further improved if the transducer 

positioning is software controlled. Such a setup as outlined above allows for visualizing 

and interactively adjusting the treatment plan and transducer position in reference to the 

target region anatomy, much in the same manner as in stereotactic surgery. An example 

of a treatment plan for a uterine fibroid patient created with a HIFU therapy planning 

software can be seen in Figure 3.1. 
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Figure 3.1: Sagittal (top left, zoomed bottom left), transverse (top right), and coronal (bottom 
right) images of a treatment plan for a uterine fibroid therapy. The fibroid to be treated 
corresponds to the round area of low signal in the middle of the images. The magenta line in the 
sagittal and transverse image in the top row represents the position of the coronal slice. The 
transducer is shown as a solid yellow overlay in the sagittal and transverse images. The semi-
transparent cones in these images correspond to the ultrasound beam path. The semi-transparent 
green and red ellipsoid overlays represent the planned and performed ablations, respectively. 
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3.2 Treatment monitoring by magnetic resonance thermometry 

The objective of any thermal therapy is to adequately treat the target while sparing 

adjacent healthy tissue. However, the heat diffusion, absorption, and perfusion of the 

tissue all vary as a function of tissue architecture, tissue composition, local 

physiological parameters and temperature. These parameters may furthermore change 

due to coagulation or necrosis. This makes predicting the temperature distribution 

exceedingly difficult. Continuous acquisition of temperature maps during treatment 

would therefore significantly improve the control of the thermal therapy outcome by 

estimating the temperature distribution near and at the target.  

Several MR parameters such as relaxation constants, diffusion, and resonance frequency 

are temperature sensitive, because the motion, the interaction with macromolecules and 

the hydrogen bonds of the water-molecules change with temperature. By choosing the 

MR imaging sequence appropriately, continuous dynamic MR imaging can provide 

real-time information on the instantaneous in vivo temperature distribution in any 

imaging plane at a good spatial and temporal resolution. MR temperature imaging, or 

thermometry, has been suggested for monitoring hypothermia during cryosurgery (178) 

as well as for monitoring hyperthermia induced by laser (179), microwave (135), radio 

frequency (RF) (180, 181), and HIFU (14). The use of MR for thermometry was 

initially suggested by Parker et al. in 1983 (182), even though the temperature 

dependency of several MR parameters had already been established earlier (183-185). 

The method suggested by Parker was based on monitoring the longitudinal relaxation 

constant (T1). Since then several other methods of thermometry have been suggested. 

The most widely used of these methods is thermometry based on the diffusion constant 

as first suggested by Le Bihan et al. (186), thermometry based on the proton resonance 

frequency (PRF) shift as suggested by Ishihara et al. (15), as well as thermometry based 

on the longitudinal relaxation constant.  

PRF shift thermometry is by far the most widely used method of thermometry and is 

also the method used in Publications I – V. Because of this, discussion on other forms 

of thermometry is here omitted. Details on T1-based and diffusion constant based 
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thermometry, as well as other methods of thermometry, can be found in the excellent 

reviews of Quesson et al. (187), Denis de Senneville et al. (188), and Rieke et al. (189). 

3.2.1 Proton resonance frequency shift thermometry 

PRF temperature dependence was first observed by Hindman in 1966 (184) when 

studying intramolecular forces and hydrogen bond formation between water molecules. 

A hydrogen nucleus is screened more efficiently from the main magnetic field by the 

electron cloud when part of a free water molecule, than when in a water molecule that is 

hydrogen bonded to another water molecule. This is because the hydrogen bonds distort 

the electronic configuration of the water molecules, thereby reducing the electronic 

screening. The fraction of water molecules that are hydrogen bonded depends on the 

temperature and an increase in temperature causes the hydrogen bonds to bend, stretch, 

and break, thus reducing the average time spent by the water molecules in a hydrogen-

bonded state (184, 190, 191). This again increases the screening (σ (T)) seen by the 

hydrogen nuclei, which decreases the local magnetic field Bloc experienced by the nuclei 

according to  

 ( )( ) ( )( ) 00loc 11 BTBTB δσ +=−= , (3.1) 

where B0 is the main magnetic field and ( )( )rTδ  is the resulting chemical shift of the 

resonance frequency. This chemical shift, which is reduced by the increase in screening, 

has a temperature dependent part ( ( )rTδ ) but also a temperature independent part 

( )(0 rδ ) due to B0 field inhomogeneities 

 ( ) ( )TT Tδδδ += 0 . (3.2) 

The temperature dependent part is linearly dependent on the temperature within the 

temperature range of interest for hyperthermia.  
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The decrease in the local magnetic field due to the change in the temperature dependent 

chemical shift will also lower the proton resonance frequency that is linearly dependent 

on the local magnetic field (192, 193). This temperature dependent shift in resonance 

frequency and thus also the chemical shift can be calculated using the phase information 

from the MR images of a gradient echo sequence (15) 

 ( ) ( ) 0E BTTTΦ γδ= , (3.3) 

where Φ is the image phase, γ is the gyromagnetic ratio, and TE is the echo time of 

the sequence used. In order to measure the temperature dependent change in the 

chemical shift, the temperature independent contribution due to field inhomogeneities 

must be eliminated from Equation 3.3. This is typically accomplished by subtracting a 

reference phase image at a known baseline temperature from the phase image acquired 

at temperature T. This allows for calculating the change in temperature according to  
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where αT is the temperature dependent water chemical shift in ppm per degree Celsius. 

The temperature sensitivity of the PRF method is very good as for a typical signal-to-

noise ratio (SNR) of 40, field strength of 1.5 T, and echo time of 20 ms, the theoretical 

standard deviation is as low as 0.3 ºC (98). The inverse of the SNR is proportional to the 

temperature standard deviation, and a low SNR will therefore result in a high 

temperature uncertainty. It is important to note that the PRF technique is only capable of 

calculating relative temperature change, and not absolute temperature. The core body 

temperature is therefore typically used as the starting temperature to which the 

temperature variation maps are added in order to obtain absolute temperature maps. 

Any gradient echo sequence can in principle be used for acquiring the phase 

information necessary for these temperature maps, as long as stimulated echoes can be 
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neglected. However, short repetition times and flip angles close to the Ernst angle are 

typically used, which makes efficient RF spoiling of the signal becomes crucial in order 

to avoid contaminating the phase information with stimulated echoes from previous 

excitations (138, 194). A spin echo sequence cannot be used for measuring the 

temperature induced phase change as the spins will be refocused at the time of image 

acquisition, leaving the phase image independent of chemical shift and thus also 

independent of temperature. 

A very important advantage of the PRF method of thermometry is that the temperature 

dependent chemical shift α is nearly independent of tissue type and is also not affected 

by coagulation (195). Typical values of the temperature dependent water PRF shift vary 

between -0.009 and -0.01 ppm/ºC (196). However, the PRF shift is only tissue 

independent for aqueous tissues, as the temperature dependent PRF shift stems from 

changes in the hydrogen bonds that are absent in lipids (184). The PRF of lipid 

hydrogen is thus almost independent of temperature (197) and the presence of lipids in 

the phase images may therefore lead to errors in the PRF temperature images. 

Fortunately, fat suppression or spectral selective excitation can be used to image only 

water protons (198-200), thereby enabling accurate PRF thermometry in tissue where 

both fat and water protons are present (194).  

There are, however, also some problems involved in PRF thermometry due to the 

assumptions made. The temperature dependency of the magnetic susceptibility causing 

the B0 field inhomogeneities, )(0 rδ , is commonly assumed to be negligible as in 

Equation 3.2, despite evidence to the contrary (197, 201, 202). For tissues with high 

water content such as muscle, the temperature induced change in susceptibility is about 

an order of a magnitude lower than that of the temperature induced chemical shift (197). 

This indicates that only small errors are made when omitting the influence of 

temperature dependent susceptibility in PRF thermometry of such tissues. The articles 

by De Poorter (197, 203) give more details on this subject. 
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The need of a reference phase also poses some problems as the phase is assumed only to 

be influenced by changes in temperature. However, the external magnetic field of 

currently available MR scanners will drift in time when the gradients are intensively 

utilized (204), resulting in phase drift and an apparent temperature change. This phase 

drift can be compensated by subtracting the average phase change seen in either an 

external phantom in thermal equilibrium or an internal non-heated region. If the phase 

drift varies in space, an improved compensation can be obtained by fitting a polynomial 

curve to the spatial distribution of the phase drift in the non-heated reference region and 

subtracting this fitted phase from the acquired phase images. An alternative approach to 

PRF thermometry is to not use a phase reference image at all, but instead use a 

polynomial fit of the phase (205) or complex data (206) from the non-heated area to 

estimate the background phase in the heated area. The background phase, which is the 

estimated phase in the heated area had it not been heated, is then used as the reference 

phase. This so called referenceless thermometry does therefore not need a phase drift 

correction, as the temporal field drift is already included in the non-heated area from 

which the reference phase is estimated. A disadvantage of this method is, however, that 

a high SNR is required and the heating needs to be confined to a small well-defined area 

for the polynomial fitting of the phase reference to be reliable. 

Organ motion is, nevertheless, the most prevalent problem for PRF thermometry. 

Several abdominal organs are prime candidates for MR-HIFU but are subject to both 

rigid and non-rigid motion during the respiratory cycle. Not only does this motion need 

to be compensated and the images aligned with the reference image to avoid artifacts in 

the temperature images, but a correct reference phase also needs to be used since the 

local magnetic field experienced by the organ will vary as the organ moves through the 

inhomogeneous magnetic field inside the body. Removal of non-temperature related 

phase perturbations is thus imperative for accurate PRF thermometry of moving objects. 

This is the topic of the following sections. 
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3.2.2 Motion artifacts in proton resonance frequency shift thermometry 

Motion generally causes blurring in MR images, but in MR thermometry this blurring 

may also induce errors in the calculated temperatures (207). PRF thermometry of 

moving organs will furthermore result in an artifactual temperature in any part of the 

currently acquired image that is misaligned with the reference image (56, 207). Motion 

artifacts in MR thermometry are commonly coarsely divided into two categories, 

intrascan and interscan motion artifacts, based on the timescale of the motion as 

compared to the imaging. 

Intrascan motion artifacts are caused by motion during the acquisition of an MR image. 

Intrascan motion typically results in blurred low-quality MR images with ghosting. 

These artifacts can be reduced by gated acquisition schemes, which severely limit the 

achievable temporal resolution (188), or by accelerating the imaging sequence in which 

case a compromise between SNR and the speed of acquisition has to be made. For 

respiratory motion, acquisition times below 400 ms have been found sufficient to avoid 

intrascan motion (56). In order to obtain a short acquisition time, rapid acquisition 

schemes such as gradient-echo echo planar imaging (EPI) are often used for MR 

thermometry (71, 98, 208-210). This imaging technique can be combined with 

sensitivity encoding (SENSE) (211, 212), temporally adaptive sensitivity encoding 

(TSENSE) (213, 214), or other similar parallel imaging or k-space inheriting 

approaches to further speed up the acquisition. However, EPI is very sensitive to field 

inhomogeneities and prone to geometric distortions. These distortions, which are more 

severe for long EPI readout trains, may obscure the anatomical and temperature 

information (215). If prominent, the geometrical distortions need to be corrected in real-

time in order to enable accurate real-time thermometry (216). 

Interscan motion, on the other hand, refers to motion that occurs between the acquisition 

of consecutive images. If there is only interscan motion in the data set, then good 

quality MR images are obtained of the moving organs but the target region in successive 

dynamical images is not aligned. The subsequent misalignment of the currently acquired 

image and the reference image will in turn lead to errors in the temperature images 
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obtained by PRF thermometry (see Equation 3.4). These temperature errors can be 

reduced by using image registration techniques to estimate and correct for any 2D organ 

motion that might be present within the acquired imaging plane (56, 217).  

3.2.3 Correction of interscan motion using image registration 

The objective of image registration is to relate the coordinate of each part of the tissue 

in the current image to the corresponding part in the reference image (54). Although any 

established image registration technique may in principle be used, many are limited to 

correction of rigid motion which poorly represents the motion of such abdominal organs 

as the liver. Furthermore, in order to provide real-time non-rigid motion correction, the 

motion correction has to be done during the acquisition of the following dynamic image 

of that slice. Since the imaging time of a single slice acquired with a single-shot EPI 

sequence can be as short as 70 ms when using a typical matrix of 128 × 128, the 

requirement of real-time motion correction further limits the amount of suitable 

algorithms. Of the different image registration techniques, methods based on image 

intensity have been shown in the past to provide a sub-voxel precision and a robust 

behavior to MRI-image artifact (188). Furthermore, these methods can be implemented 

to allow for automatic motion correction, which requires no user interaction, and may in 

addition utilize the full image content instead of merely anatomical landmarks (54, 188). 

The efficiency with which image intensity based methods are capable of estimating 

motion correctly depends largely on the nature of the transformation needed (51, 218). 

Global motion between two images may for example be obtained in both a robust and 

computationally efficient manner by estimating the affine transformation that best 

describes the motion (52). Even though affine transformation could be used for 

correcting for rigid organ motion occurring within the abdomen, it cannot accurately 

depict the complex non-rigid motion of for example the liver. Motion estimation 

algorithms based on the optical flow are, on the other hand, suitable for accurately 

estimating complex non-rigid motions, although at the expense of being more sensitive 

to disturbances and computationally more intensive than affine transformations (219). 

Optical-flow based algorithms estimate motion between images by computing the pixel-
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by-pixel displacement based on the flow of voxel intensity between the images, relying 

heavily on the assumption that the image intensity is conserved and that adjacent voxels 

are subject to a similar displacement (53, 56). The optical flow algorithm of Cornelius 

& Kanade (220), that only assumes a local conservation of intensity, has been suggested 

for estimation of local organ displacement for motion compensation of MR 

thermometry (218). In the presence of large amplitude non-rigid motion, a proven 

approach is to first estimate a global affine transformation and use the result of this 

estimate as the starting point of the optical flow estimation algorithm (51, 218). The 

estimated motion may then be used to realign both the current magnitude and phase 

image with the corresponding reference images, thereby reducing interscan motion. 

3.2.4 Motion correction using external devices 

Respiratory gating is a simple method that can be used to reduce interscan motion by 

ensuring that the images are taken at the same position of the respiratory cycle (221). In 

this widely used technique (58, 208, 212, 222, 223), the respiratory state is estimated 

with an external pressure sensor. This sensor may for example be a pressure cushion 

fastened around the chest that measures the expansion and contraction of the chest wall 

during respiration (212, 221), or a sensor that measures the airway pressure (222). The 

acquisition of all MR images is timed to the same stage in the respiratory cycle using 

the output of this sensor. Mid-to-end exhalation is usually chosen for acquisition since 

the abdominal motion is less in this stage of the respiration cycle than during inhalation 

(58, 222). Respiratory gating also reduces intrascan motion by acquiring the images, 

particularly the k-space center, during the part of the expiration phase with least motion 

(222). However, respiratory gating might fail if the breathing pattern is irregular, 

resulting in blurred images with motion artifacts as well as errors in the temperature 

maps due to interscan motion (212). Moreover, the diaphragm position does not fully 

correlate with respiratory sensor signal, leaving some residual interscan motion of both 

the diaphragm and the targeted tissue despite the use of respiratory gating (58). The 

final and perhaps most significant disadvantage of using respiratory gating is the very 

poor temporal resolution that is determined by the duration of the respiratory cycle (~5 s 

for humans) (188). While the cryoprobe, laser-applicator, RF-electrode, and microwave-
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electrode commonly used for thermotherapy are all inserted in the target tissue and thus 

move with the respiratory motion, the focus of the externally positioned HIFU 

transducer does not. In order to avoid heating tissue not intended for ablation HIFU can 

thus only be applied during imaging at mid-to-end exhalation when little motion occurs, 

which in turn leads to a poor duty cycle and inefficient heating. 

Another alternative is to use ultrasound imaging to estimate the organ motion during 

HIFU ablation (224). The displacement, which can only be obtained in a point, may be 

used for aligning the MR images, and thus reduce the MR thermometry interscan 

motion. However, it has to be assumed that the motion of the monitored point 

corresponds to the motion of the entire region of interest, which is an acceptable 

assumption only in case of rigid motion. Another disadvantage is that the speed of 

sound used to estimate the displacement is temperature dependent, and a temperature 

elevation anywhere between the transducer and the monitored point will thus cause an 

error in the displacement estimate. Consequently, the motion has to be monitored in an 

unheated point at a distance from the heated area, which might lead to inaccurate 

motion estimates for HIFU ablation of organs subject to non-rigid motion such as the 

liver. Moreover, this restriction might also be problematic for organs undergoing rigid 

motion if larger volumes are heated per sonication event, because the monitored point 

might have to be located outside of the treated organ.  

3.2.5 Motion correction using navigators (III) 

Navigator echoes (225) acquired with only a single (226) or a few phase-encodings (58) 

can be used for estimating and correcting in-plane motion during hyperthermia. These 

navigator echoes can either be acquired using a separate interleaved imaging sequence 

(225), or as part of the imaging sequence by acquiring the echoes immediately after the 

slice-selective RF excitation (58, 226). The latter approach is typically preferred since 

no extra excitations are needed and the thermometry temporal resolution is thus not 

notably reduced. An inverse Fourier transform of acquired navigator echo gives a signal 

profile with high spatial resolution along the frequency encoding direction and a low or 

very low spatial resolution in the phase-encoding direction depending on the amount of 
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phase-encodings acquired (see Figure 3.2). In fact, if only a single phase-encoding is 

acquired then the navigator profile is a projection of the MR signal along the phase-

encoding direction as seen in Figure 3.2 d (225, 226). The reason for keeping the 

number of phase-encodings low is that the acquisition time increases linearly with the 

amount of phase-encodings and the temporal resolution of the navigator echo would 

subsequently be reduced. If the temporal resolution becomes too poor, the position 

estimates of the monitored structure will be delayed and thus not be representative of 

the actual motion. If significant motion occurs during the acquisition of the navigator 

echo, the navigator profile will furthermore be blurred due to this intrascan motion. 

Despite the low spatial resolution of the navigator echo profiles in the phase-encoding 

direction, the location of the upper part of the diaphragm can typically be discerned. 

This can also be seen in Figure 3.2 where the upper part of the diaphragm can be 

distinguished for all images, including the projection image. 

The navigator echoes can be used to detect motion by comparing the obtained navigator 

profile to a reference profile, which is typically taken as the profile acquired by the first 

navigator. The displacement between the currently obtained profile and the reference is 

commonly quantified using edge-detection (227), cross-correlation (225, 228) or a least-

 

Figure 3.2: MR image of the abdomen during breath-hold (a), and anisotropic reconstructions 
of the same image with reduced resolution in the left-right phase-encoding direction (b – d). 
Acquisition time for the entire image (a) with 288 phase-encodings was 10 s. The acquisition 
time for the lower resolution images would have been 700 ms, 140 ms, and 35 ms, for the image 
with (b) 20 phase-encodings, (c) 4 phase-encodings, and (d) 1 phase-encoding, respectively. The 
image was acquired with an FFE sequence with TR = 35 ms, TE = 5 ms, slice thickness 7 mm, 
FOV 400 × 400 mm2, and matrix 288 × 288. Informed consent was obtained from the volunteer 
prior to acquisition of the images. 
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squares approach (228). Edge-detection is the least preferred of the three methods as it 

requires a well-defined edge and high SNR, which are not always available (228). The 

cross-correlation algorithm calculates the displacement by spatially shifting the current 

navigator profile with respect to the reference profile in order to maximize the cross-

correlation between the two navigator profiles. The displacement is determined as the 

spatial shift that corresponds to the maximum correlation. The least-squares method 

similarly shifts the currently obtained navigator profile with respect to the reference, but 

the displacement calculated by this algorithm is determined as the spatial shift that 

minimizes the variance between the two profiles. Of the cross-correlation and the least-

squares method, the least-squares algorithm tends to be more robust in the presence of 

poor SNR or severe motion that might distort the navigator profile (228). 

The obtained displacement can either be used for motion correction (225) or for gating 

(229). Provided the navigators are acquired at a sufficient temporal resolution, the 

echoes can be used to correct for both inter- and intrascan motion by phase correcting 

the acquired k-space data (58, 225, 226). If gating is desired then the use of navigator 

echoes is typically more accurate than respiratory gating via external sensors because 

the navigators may monitor the diaphragm position directly instead of via secondary 

effects such as the expansion and contraction of the chest (58). However, motion 

correction is generally preferred over gating as it allows for continuous imaging with 

little motion artifacts throughout the respiratory cycle and therefore does not notably 

affect the temporal resolution (225).  

The major disadvantage of these navigator echoes is the poor spatial resolution in the 

phase-encoding direction, which makes it impossible to discern a separate moving 

structure. Movement seen in the projection image of Figure 3.2 d cannot for example be 

used to exactly correct the rigid motion of the right kidney as it is simply not possible to 

locate the position of this organ within the navigator profile. The navigator echoes are 

therefore restricted to in-plane correction of bulk motion. 
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A solution to this problem is offered by 2D RF pulses that can be used to excite narrow 

cylinders of magnetization (230, 231) as demonstrated in Figure 3.3. Such pencil-beam 

excitations may be used as navigators by applying a readout gradient along the main 

axis of the pencil beam (232). The resulting navigator profile is a perpendicular 

projection of all excited magnetization onto the beam axis. Because the excited pencil 

beam is spatially well-defined and contained within a narrow cylinder (typical diameter 

approximately 3 cm (233)), pencil-beam navigators may accurately monitor the motion 

of separate abdominal structures without using multiple phase-encodings. However, in 

the same manner as navigator echoes are restricted to estimation of motion within the 

imaging plane, pencil-beam navigators can only monitor the motion along the direction 

of the pencil-beam main axis. The acquisition of the pencil-beam navigator can easily 

be interleaved with that of the imaging sequence, and the pulse duration and acquisition 

of less than 6 ms (233) and about 8 ms (228), respectively, do not substantially reduce 

the temporal resolution of the imaging sequence. Since the pencil-beam orientation can 

be chosen freely it can be used for estimating through-plane motion, something which is 

not possible with conventional navigator echoes without introducing a separate imaging 

sequence with an intersecting slice-plane. Online analysis of the through-plane 

displacement obtained with the pencil-beam navigator may be used to update the 

excitation frequency of the imaging sequence RF pulses during scanning, thereby 

enabling slice tracking where the imaging plane moves with the monitored mobile 

structure (55). For segmented acquisitions, the pencil-beam navigators may thus be used 

to correct for both interscan as well as intrascan motion that occurs along the direction 

of the pencil beam. However, a problem of the pencil-beam navigators is that the off-

resonance effects of the 2D RF pulses are quite complex. The excited cylinder of 

magnetization is only of the intended diameter in the small segment of the pencil beam 

from where the excitation frequency is determined (233). Outside of this region, off-

resonance effects broaden and blur the circular cross-sections of the pencil beam as can 

also be seen in Figure 3.3 d. This is in part why only the middle of this pencil-beam 

navigator profile is typically used for determining the displacement (55). More details 

on pencil-beam navigators can be found in the excellent article by Nehrke et al. (233) 

on the optimization of spiral excitation 2D RF pulses for navigator purposes. 
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Figure 3.3: Positioning of the pencil beam in the transverse (a) and coronal plane (c) shown by 
the white overlay and the resulting excited magnetization as seen perpendicularly (b) and along 
(d) the pencil-beam axis. The images are taken from the same volunteer as in Figure 3.2 using 
the same FOV and matrix size. The pencil-beam excitation images were acquired by replacing 
the conventional 1D RF pulse with a spiral-encoded 2D RF pulse. Turbo spin echo (TSE) 
readout was used in the transverse view of the excited pencil beam (b) with a slice thickness of 
20 mm. Fast field echo (FFE) readout was used in the coronal view of the excited pencil beam 
(d), causing the image to be a projection of the excited signal in the slice excitation direction 
(anterior-posterior). The diameter of the pencil beam was 30 mm. 

For MR-HIFU, the exact estimation of the target organ motion is imperative, while all 

other motion estimation is of secondary interest. In order to avoid errors, it is desirable 

to track the motion of the target tissue directly instead of estimating the target motion 

via the monitored diaphragm motion as is typically done with conventional pencil-beam 

navigators (55, 228, 233). The main utility of the pencil-beam navigator is to assess 

through-plane motion for slice tracking purposes, which for the direct tracking of organ 

motion means that the pencil beam will need to intersect the imaging slice. This will 

cause a small area where the pencil beam disturbs the phase of the imaging plane or at 
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the very least reduces the SNR due to partial saturation. The potential phase 

perturbation might even induce temperature artifacts, whereas the more likely partial 

saturation will increase the temperature uncertainty. The intersection of the imaging 

slice and the pencil beam will also cause a partial saturation of the navigator profile that 

can in turn cause problems for the slice tracking. The partial saturation of the profile 

might cause the navigator to track the position of the previously excited imaging plane 

instead of the organ motion. The induced partial saturation can become particularly 

problematic for the navigator-based motion estimation if it is the dominant feature 

within the navigator profile as is the case in Figure 3.4. Since the fat is typically 

discarded from thermometry in order to avoid erroneous temperature readings, a fat-

selective pencil-beam navigator would avoid utilizing the same magnetization as the 

imaging slice. A fat-selective navigator would thus avoid inducing possible phase 

perturbations and reducing the thermometry accuracy at the cross-section with the 

imaging plane. Similarly, the water-selective imaging plane will not cause a partial 

saturation of the fat-selective navigator profile, thereby allowing for undisturbed 

estimation and compensation of the actual organ motion. Furthermore, the conventional 

pencil beam also has a mainly proton density weighted signal resulting in a poor 

contrast between most abdominal organs and thus also a poor tracking performance. A 

fat-selective pencil beam avoids this issue as it provides a much improved contrast 

within the navigator profile as most abdominal organs are surrounded by a sheath of fat. 

This should further improve the tracking performance. Moreover, if the target region is 

within the pencil beam then the increase in T1 caused by the heating results in a 

decrease in signal that might cause problems for the motion estimation algorithm (226). 

This is less of a problem for the fat-selective pencil beam than for the traditional non-

selective pencil beam as the target tissue is seldom adipose and changes in the aqueous 

target tissue T1 do not affect the lipid signal of the fat-selective pencil beam. 
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Figure 3.4: Navigator profiles of a kidney acquired with the conventional navigator (top panel) 
and the fat-selective navigator (bottom panel) during free breathing. The navigator profiles are 
plotted along the y-axis with the dynamic scan number increasing towards the right. The 
displacement estimated from the navigator profiles is overlaid in red. The navigators were 
placed in the feet-head direction across the right kidney of a volunteer in a similar fashion as 
shown in Figure 3.3. Informed consent was obtained from the volunteer prior to the experiment. 
During the learning phase of the navigator, no images were acquired and both the conventional 
navigator and the fat-selective navigator depict the organ motion. Once the water-selective MR 
thermometry begins one can clearly see an alteration in the profile of the conventional 
navigator, indicated by the black arrow in the top panel. The conventional navigator 
consequently fails to track the motion of the organ during imaging (seen as an erratic 
displacement estimate, red line) due to the interference of the imaging plane, whereas the fat-
selective navigator estimates the organ motion correctly throughout the imaging experiment. 
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In Publication III, such a fat-selective pencil-beam navigator as described above was 

developed. In this publication, a binomial pulse train (200, 234) of spiral 2D RF pulses 

(233) was used to obtain a spectral and 2D spatial selective pencil-beam excitation. The 

problem of off-resonance effects becomes even more complex when adding spectral 

selectivity via a binomial pulse-train to the already complex off-resonance behavior of 

the 2D RF pulses. However, the analysis conducted in Publication III showed that the 

spectral-spatial response of the proposed binomial 2D RF pulse train was equal to the 

spectral response of the binomial weighting modulated by the spectral-spatial response 

of the 2D RF pulse. The slice tracking performance of the fat-selective pencil-beam 

navigator was compared to the traditional pencil-beam navigator when tracking the 

motion of a human kidney during free breathing. The traditional pencil-beam navigator 

often failed to register the motion correctly due to the poor contrast, whereas the 

spectral-selective pencil beam correctly estimated the motion during the entire in vivo 

tracking experiment. However, several of the misregistrations could probably have been 

reduced by introducing some filtering such as for example a Kalman filter (235). 

Informed consent was obtained from the volunteer prior to the slice tracking 

experiment. Publication III contains more details on the design of the spectral-selective 

pencil-beam navigator.  

3.2.6 Baseline phase reference correction (IV) 

In order to remove non-temperature dependent phase-fluctuations, it is not enough to 

merely align the current image with the reference image. This is because the image 

phase of any moving tissue, e.g. an abdominal organ, varies even when no heat is 

applied due to inhomogeneities in the local magnetic field. These inhomogeneities arise 

because the magnetic field of MRI systems is not perfectly homogeneous, and because 

the human body is a fairly complex and unsymmetrical composition of diamagnetic 

tissue with different magnetic susceptibilities. Any displacement of the observed tissue 

in such an environment will lead to phase changes arising from both the experienced 

variations of the imperfect external magnetic field and from changes in the 

inhomogeneous diamagnetic surroundings (201, 202). The latter effect is particularly 

strong for the case of respiratory motion, where the expansion and contraction of the 
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lungs and thorax will induce large variations in the local magnetic field (236, 237). If 

the reference phase image is not chosen appropriately, these magnetic field variations 

will cause an apparent false temperature according to (Publication IV) 
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where ∆B(t) and ∆Bref correspond to the deviation from B0 in the currently acquired 

image and in the reference image, respectively. Although a precise knowledge of the 

susceptibility distribution would in principle allow modeling of the magnetic field and 

its’ variations (238), accurate modeling is difficult in vivo especially under real-time 

conditions. Other approaches are therefore typically preferred to correct for the 

temperature artifacts induced by the local changes in the magnetic field. 

Respiratory gating, as mentioned above, may be used to correct for interscan motion by 

acquiring the images at the same phase of the respiratory cycle. Provided the breathing 

is smooth and regular (212), the respiratory gating will also ensure that the targeted 

organ is in the same position and that the local magnetic field experienced by the 

targeted organ is the same for all acquired dynamic images (212, 222). Although this is 

a simple and effective method of ensuring the use of the correct baseline phase, 

respiratory gating prevents a continuous data acquisition and leads to a poor temporal 

resolution of the acquisition (188). Moreover, because HIFU sonication may only be 

performed during mid-to-end exhalation when little motion occurs, respiratory gating 

will also indirectly lead to an inefficient heating.  

An alternative method is to renew the reference phase image in case of movement as 

detected by for example navigator echoes (226). Assuming motion initially occurs 

between times t(n-1) and tn, then the local magnetic field has remained the same for all 

ti ≤ t(n-1) and will also be the same for all ti ≥ tn until motion occurs once more. However, 

the phase difference between the t(n-1) and tn will result in a false apparent temperature 

due to changes in the local magnetic field induced by the motion. This false apparent 
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temperature change can be eliminated by taking a new baseline after the motion 

occurred and calculating the temperature according to  

 
( ) ( )

0E
1 BT

TΦTΦ
TT

T

ni
ni αγ

−
+∆=∆ − , (3.6) 

where ∆Tn-1 is the motion corrected temperature calculated from the phase evolution up 

to t(n-1). The phase difference between t(n-1) and tn is discarded from the temperature 

calculation. While this is an adequate method for correction of non-temperature 

dependent phase changes due to infrequent, e.g. accidental motion, it cannot be applied 

in the presence of continuous motion as most phase images would have to be discarded 

due to motion.  

A more flexible method for correction of respiratory induced periodic phase-

fluctuations is the multi-baseline approach (56). There are two stages to this approach: 

learning and intervention. During the learning stage, the acquired magnitude and phase 

images are stored in a look-up-table based on the current respiratory state as measured 

by a sensor. This sensor may for example be a pressure sensor, image data (51, 58, 209, 

239), or a pencil-beam navigator (Publication IV). The use of navigators may provide 

an advantage over traditional image-data-based methods as navigators allow for freely 

estimating the motion of any structure, including out-of-plane structures that may better 

depict the respiratory cycle than available in-plane areas. Separate look-up-tables are 

needed for inhalation and exhalation as respiratory induced organ motion, diaphragm 

position, and thorax expansion are not in-phase and may differ between expiration and 

inspiration (240). Then during intervention, the current respiratory state as detected by 

the respiratory sensor is used to identify the appropriate reference image from the look-

up-table for the currently acquired image. Due to the periodicity of the respiratory 

motion, it can be assumed that the phase images in the look-up-table represent the 

possible respiratory states and corresponding local magnetic environments that can be 

encountered during intervention. If the look-up-table covers the respiratory cycle 

sufficiently well, an appropriate reference phase will thus always be found during 
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intervention. However, since the look-up-table cannot be infinitely dense, an exact 

match to the respiratory state obtained during intervention is seldom found. The nearest 

neighbor is then typically chosen (58), even though this causes discretization errors in 

the reference phase correction. An alternative is to apply a model based voxel-by-voxel 

correction on the look-up-table data (218), where the model may for example be linear 

interpolation. An example of the respiratory induced apparent temperature variations 

and the corrected temperatures obtained using the look-up-table-based multi-baseline 

approach is given in Figure 3.5. Changes in the magnetic field due to breathing induce 

clearly visible fluctuations in the apparent temperature, although the magnitude images 

remain stable during the respiratory cycle. These fluctuations are removed by the look-

up-table-based correction. The further improvement provided by the model correction 

mainly reduces the spatial temperature variation in the fat appearing dark in the upper 

right part of the breast images. The relatively small improvement is mostly a result of 

the rather long training phase of 60 dynamic images. The mean temperature standard 

deviation in the non-fatty tissue, appearing bright in Figure 3.5, was 1.14 ºC with only 

look-up-table correction and 0.93 ºC when also applying model-based correction. 

In Publication IV, a look-up-table-based multi-baseline approach was used for 

correcting respiration-induced MR thermometry artifacts in the breast of five healthy 

female volunteers under free breathing (of which the data from one patient is shown in 

Figure 3.5). Informed consent was obtained prior to the experiments. The indexing and 

retrieval from the look-up-table was performed using a pencil-beam navigator placed 

directly across the diaphragm for accurate estimation of the breathing cycle. The use of 

a look-up-table was seen to substantially reduce the artifactual temperature fluctuations. 

The additional use of a model-based correction further improved thermometry accuracy, 

particularly for sparsely populated look-up-tables where the influence of discretization 

is greater. The model-based correction used a linear voxel-by-voxel interpolation of the 

look-up-table data for displacements between the entries in the look-up-table. 

Publication IV gives more details on the possible sources of respiratory induced 

temperature artifacts and their correction with a look-up-table-based model-corrected 

multi-baseline approach. 
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Figure 3.5: Coronal magnitude images (first column) and temperature images of a human breast 
with no heat applied at different stages of the respiratory cycle. Uncorrected temperature images 
(second column), basic look-up-table multi-baseline corrected temperature images (third 
column) and model-corrected look-up-table multi-baseline corrected temperature images (fourth 
column) are shown. The duration of the respiratory cycle was approximately 8.6 s. All 
temperature images were corrected for baseline drift. 60 dynamic images were used for the 
learning phase. The fat was suppressed from the images using a 121-binomial water-selective 
excitation. The data is the same as for Figure 1, volunteer 1 in Publication IV. 
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3.2.7 Compensation of 3D motion for proton resonance frequency shift 
thermometry (V) 

MR thermometry in the abdominal region is challenging under free breathing due to the 

continuous and complex 3D motion of the abdominal organs and the subsequent 

variation of the MR image phase (51, 56). These non-temperature dependent variations 

must be corrected in real-time to enable accurate monitoring of the HIFU therapy. This 

requires compensation of the 3D motion to reduce artifacts due to interscan motion in 

addition to the use of a correct reference phase. Furthermore, respiration also causes 

motion of the target relative to the transducer, which if not corrected or accounted for 

will cause unintended heating of healthy tissue surrounding the target.  

One approach is to align the imaging plane to the principal axes of organ motion, and 

thus reduce the problem of 3D motion compensation to 2D (241). The remaining 2D 

motion can then be compensated using the image registration methods discussed in 

previous sections. However, some residual through-plane motion will be present and the 

outlined strategy would moreover restrict the free placement of the imaging plane to 

that of the organ motion, even though a different imaging plane might be preferable for 

diagnostic or therapeutic purposes. For example in MR-HIFU, the imaging planes used 

for thermometry are typically placed along or perpendicularly to the beam axis of the 

transducer as the temperature elevation will be symmetric around the beam axis in 

homogeneous tissue. 

An alternative is to use image registration, although it is very difficult to compensate for 

3D motion using only classical image registration techniques. This is mainly because 

image registration based motion compensation requires relatively high and near 

isotropic spatial resolution to provide accurate motion estimation. One method would be 

to use two intersecting imaging planes centered on the region of interest, but this 

approach would lead to partial saturation and slightly reduced temperature accuracy 

exactly at the target. The position of the imaging planes would also have to be updated 

in real-time to follow the motion of the target. Another approach is to cover the entire 

3D volume of interest with either 3D imaging or parallel 2D slices. The acquisition of 
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such an isotropic high-resolution 3D volume has to be split over several respiratory 

cycles due to technical limitations and the poor SNR of fast imaging methods. The 

obtained image volume can then be used for 3D motion compensation using only image 

registration (242). However, as much as 10 respiratory cycles (~50 s) might be required 

to acquire the images covering the entire volume of interest. Although this method can 

successfully compensate for through-plane rigid and in-plane non-rigid motion, it is 

incompatible with real-time motion compensated thermometry due to the very poor 

temporal resolution. 

Image registration techniques based on image intensity do, however, provide excellent 

compensation of complex and non-rigid in-plane interscan motion (51, 217, 218). 

Compensation of 3D interscan motion would therefore only require some additional 

means for accurate compensation of through-plane motion. Respiratory gating can be 

used to this end, but the abdominal organ position does not fully correlate with the 

respiratory cycle as estimated with this technique (58). Furthermore, both the temporal 

resolution as well as HIFU duty cycle would be poor.  

A far more accurate and efficient approach is to use pencil-beam navigators to assess 

through-plane motion and dynamically adapt the slice position accordingly. The 

through-plane displacement obtained by the pencil-beam navigator can be used to 

update the imaging position of the MR imaging sequence (55), thereby providing 

continuous thermometry of the moving organ rather than only during mid-to-end 

exhalation as for respiratory gating. However, it is desirable to track the motion of the 

target tissue directly in order to obtain an as accurate as possible compensation of the 

through-plane motion. To this aim it is preferable to use a fat-selective navigator as 

described in Section 3.2.5. The navigator, whether fat-selective or not, is nevertheless 

only capable of assessing the rigid motion along the pencil-beam axis. However, this 

disadvantage is mostly negligible as the fat-selective navigator can be placed directly on 

or in the immediate vicinity of the intended HIFU focus position without disturbing 

thermometry. Ultrasound motion estimation in a point at a distance from the heated 

location could alternatively be used to correct for through-plane motion, although the 
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motion has to be assumed rigid throughout the region of interest as well as where the 

monitored point is placed (224).  

In Publication V, real-time compensation of 3D interscan motion was achieved by 

combining image registration for in-plane motion compensation with a fat-selective 

pencil-beam navigator for through-plane motion compensation. In-plane motion was 

compensated using 2D optical-flow based estimation of local non-rigid motion (218). 

Local magnetic field variations due to respiratory motion were in turn corrected using a 

look-up-table-based multi-baseline approach (56). The appropriate reference phase 

image was retrieved based on the displacement of the pencil-beam navigator profile. 

The feasibility and precision of the suggested method for real-time 3D motion 

compensation was shown with a phantom RF-heating experiment and by imaging the 

kidney of a volunteer during free breathing. The update frequency of the water-selective 

MR images was 10 images per second and image processing induced a latency of only 

55 ms (post echo-time), fully compatible with real-time motion compensation 

requirements. Large artifactual phase- and temperature-variations due to motion were 

proven to be completely removed by the proposed correction and the accuracy of the 

motion compensated thermometry was within the limits imposed by the SNR. Figure 

3.6 shows the reduction in temperature variation within the kidney of a volunteer as a 

result of applying the outlined correction strategy. Informed consent was obtained from 

the volunteer prior to the experiment. 

A completely different approach to remove motion artifacts from the temperature 

images is to use referenceless thermometry (205, 206). This approach removes the need 

for a separately acquired reference image by estimating the phase of the heated region 

had it not been heated, and uses this estimated background phase instead of a reference 

phase image. There is therefore no need for correction of interscan motion or associated 

phase-variations if referenceless thermometry is used. However, the heated region needs 

to be confined to a small well-defined area surrounded by voxels of high SNR in order 

for a robust approximation of the background phase to be possible. Moreover, the 
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magnetic field of the region has to be uniform and spatial phase wraps have to be 

removed to allow for an accurate interpolation of the phase.  

However, accurate estimation of the target region 3D motion is not only necessary for 

removing temperature image artifacts in conventional PRF thermometry, but also for 

adjusting the MR-HIFU therapy in order to avoid undesired tissue damage. The motion 

information can be used to apply heat only during mid-to-end expiration where there is 

little motion and thereby only ablate the desired region, although this would result in an 

inefficient heating due to the poor duty cycle. A preferable approach is to feed the 

obtained target region displacement into the transducer controlling software and 

continuously update the focal point location according to the estimated motion (51). We 

recently showed that the focal point can be electronically steered to follow the organ 

motion by adjusting the phase of the transducer elements in real-time according to the 

 

Figure 3.6: Transversal magnitude image (a), and uncorrected (b) and corrected (c) temperature 
standard deviation maps obtained in the abdomen during free breathing. The navigator was 
positioned on the left kidney as shown by the blue arrow. The large temperature fluctuations 
seen in the time curve of a voxel when no corrections are performed (d) are removed when 
utilizing the outlined corrections (e). The remaining temperature variation is within the limits 
imposed by the SNR (blue lines). 
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observed 3D motion of the target region, without any assumptions on the organ motion 

(243). The HIFU focal point update latency was only 62 ms (post echo-time), which 

only caused a slight broadening of the point heating in a phantom experiment with 

motion amplitude and speed representative of human organ motion during free 

breathing.  

In Publication III, a similar approach was employed for updating the position of the 

focal spot but using the fat-selective navigator instead of the conventional navigator to 

further improve the accuracy of the through-plane motion estimation and the 3D motion 

compensated thermometry. The obtained 3D motion estimate was used to electronically 

steer the focal spot according to the target organ motion. The feasibility of this approach 

for providing a full 3D motion compensated MR-HIFU ablation was demonstrated on in 

vivo porcine kidney. More details on this experiment and the results thereof can be 

found in Publication III. 

3.2.8 Volumetric thermometry (I) 

MR thermometry of HIFU therapy has traditionally been performed with one slice 

centered on the focus and placed either perpendicularly or parallel to the beam path (14, 

49, 74, 115, 205). A stack of several parallel slices has also been used in some studies 

(32, 98, 159). These slice orientations are typically chosen for thermometry of HIFU 

induced hyperthermia as the heating is symmetrical around the beam axis within 

homogeneous tissue. Slices placed perpendicularly to the beam axis should thus 

generally show a relatively symmetrical heating. Slices placed parallel to the beam axis 

on the other hand visualize the temperature rise in both the near and far field of the 

beam path that is caused by attenuation, absorption and scattering of the ultrasound 

waves propagating towards and away from the focus.  

The monitoring slices are typically centered on the location of the intended focal spot, 

since the focus normally receives most of the deposited thermal energy in homogenous 

tissue. However, diffraction, reflection, and refraction of the ultrasound can shift the 

location of the focus away from the intended focal spot (86). It is therefore often 
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desirable to use a stack of several adjacent imaging slices perpendicularly to the beam 

axis in order to ensure that the region of maximum heating is indeed monitored. 

Furthermore, targeted tissue is seldom perfectly homogeneous and the beam path 

commonly crosses several tissue interfaces, which leads to an inhomogeneous 

ultrasound absorption and thus also an inhomogeneous temperature rise. All tissue 

within the beam path will in fact be heated as all biological tissue absorbs ultrasound 

energy. The amount of heating does not only depend on the absorption coefficient but 

also on the local intensity that is typically low outside of the focus. However, if the 

tissue in the near or far field has higher absorption than expected, or acoustic boundaries 

are present that create local intensity maxima, then inadvertently high temperatures can 

occur outside of the target region. In order to avoid related adverse events during the 

HIFU exposure, it would therefore be beneficial to acquire temperature maps of the 

entire 3D volume of tissue within and around the beam path with an adequate spatial 

and temporal resolution. However, this is not feasible due to technical limitations. 

Recent development has allowed for rapid acquisition and MR thermometry of multiple 

imaging planes. Even though the monitoring of the temperature rise near the focal spot 

is of most interest in order to visualize the maximum temperature and expected thermal 

damage, additional imaging planes may be used to improve the coverage the 

temperature monitoring and thus the safety of the MR-HIFU therapy. Imaging planes 

can for example be placed at tissue interfaces where air bubbles may be present that 

might act as acoustic boundaries by reflecting incident ultrasound. The reflected beam 

contributes to increasing the local absorption of ultrasound, subsequently increasing the 

local temperature rise to potentially dangerous levels (244, 245).  

To the authors’ knowledge, Publication I is the first article that uses multiplane real-

time thermometry to improve the coverage and safety of MR-HIFU therapy by 

simultaneously monitoring the temperature rise both perpendicularly and parallel to the 

beam path. In this article, the temperature rise was simultaneously monitored in the 

target region, along the beam path, and at sensitive near-field tissue interfaces. Three 

coronal target region slices and one sagittal slice were automatically positioned 
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perpendicularly and parallel to the beam axis, respectively, and centered on the planned 

ablation. Two additional coronal slices were positioned in the near field: one at the skin 

and one at the interface between the muscle and subcutaneous fat. The slice positions of 

the volumetric thermometry outlined in Publication I are shown in Figure 3.7. The three 

coronal target region slices improved the target region coverage and reduced the risk of 

the maximum heating occurring outside of the monitored target region. These slices 

were also used to determine the width of the induced thermal lesion. The sagittal slice 

was used to monitor for any unexpected thermal behavior along the beam path and to 

assess the length of the thermal lesion. The excellent correlation found in Publication I 

between the thermal lesion size as identified on the postsonication images and that 

estimated by the thermal dose thresholds, both for the diameter and length, was taken to 

confirm the efficacy of the perpendicular target region slices. The additional near-field 

slices were used to monitor for potential excessive near-field heating. The slice 

positioned on the skin monitored for any unexpected temperature rise that could occur if 

air bubbles remain within the beam path between the skin and the gel pad (used to 

improve the acoustic coupling). The second additional slice positioned on the interface 

between the subcutaneous fat and the muscle reduced the probability of unmonitored 

tissue damage being induced in the subcutaneous fat layer due to excessive diffusion of 

heat from the target region. The importance of accurate and reliable monitoring of near-

field heating is increased for volumetric ablations due to the larger energies deposited in 

each sonication event and the resulting higher near-field temperatures (48, 61). 

Subsequent studies following Publication I show that the two near-field slices of the 

outlined volumetric thermometry approach do indeed allow for an accurate monitoring 

of the near-field temperature rise and prediction of related adverse events (156, 157).  

Intersecting imaging planes do cause a small partial saturation, consequently reducing 

the temperature accuracy at the cross-section. However, by choosing the slice 

acquisition order appropriately this reduction in temperature uncertainty can be 

minimized. In Publication I, the temperature standard deviation at the overlap of the 

orthogonal slices was increased by a maximum of only 8%. By using RF spoiling, 

stimulated echoes were also avoided at the cross-section. 
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Figure 3.7: Temperature images acquired with the volumetric thermometry approach outlined 
in Publication I. The slice positions are shown as red overlays on the transverse planning image. 
The temperature maps are acquired at end of sonication of a 12 mm concentric circle volume 
ablation as described in Section 2.3. Artifactual temperatures outside of the region of interest are 
masked out. The sequence used for thermometry was a multi-shot RF-spoiled FFE-EPI with 11 
k-space lines acquired per excitation, TR = 37 ms, TE = 20 ms, in-plane resolution 
2.5 × 2.5 mm2, slice thickness 7 mm, and a 121-binomial water-selective excitation pulse. The 
acquisition time for the 6 slices was 2.9 s. Part of image reproduced from Publication I with 
permission from AAPM. 
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3.3 Verification of treatment outcome 

Thermal necrosis as induced by HIFU ablation introduces a range of tissue changes. 

Thermal damage may present itself as ruptured cell membranes, denaturized proteins, 

oedema, coagulated veins, increased vasoconstriction, deactivated enzymes, pycnotic 

nuclei, and disruption of fiber structure (13, 115, 131, 137). This causes such MR tissue 

parameters as T1 and T2 as well as the magnetization transfer constant to change (13, 73, 

135, 175, 246, 247). The alteration of tissue perfusion, water diffusion, and stiffness 

induced by thermal damage may also be assessed using MRI (12, 13, 19, 131, 175, 247-

249). However, the changes in the aforementioned tissue parameters are highly 

dependent on the tissue type, and adipose tissue as well as blood behave very differently 

from most non-fluid aqueous tissues (13). 

T2-weighted and contrast-enhanced post-treatment imaging are discussed in some detail 

below as these methods are used in Publication I to determine the volume of partial 

tissue damage and full coagulative necrosis, respectively. In Publication I, the thermal 

lesion volumes obtained in the T2-weighted and contrast-enhanced images are correlated 

to the thermal dose contours corresponding to partial and full necrosis. This volume 

comparison was performed both parallel and perpendicularly to the beam axis in order 

to assess the predictive value of the thermal dose obtained online during sonication 

using multiplane volumetric thermometry. T2-weighted and contrast-enhanced imaging 

are also the two most commonly used imaging methods to evaluate hyperthermia 

induced tissue damage. Other imaging methods for post-treatment treatment verification 

are also briefly described. 

3.3.1 T2-weighted imaging  

The T2 relaxation constant is known to be altered as a result of hyperthermia induced 

tissue damage (13, 246). Consequently one can use post-treatment T2-weighted imaging 

to locate the area of HIFU induced thermal damage in soft tissues such as muscle (73, 

75), breast (22), and brain (30, 250). In the T2-weighted images, the thermal lesions 
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induced by HIFU typically have a hypointense core surrounded by a hyperintense ring 

(73, 75, 115, 130, 131), as can also be seen in Figure 3.8. Alternatively, the lesions may 

appear evenly hyperintense. The hypointense core has been shown to correspond to the 

volume of generalized thermal coagulation (130, 131). The hyperintense tissue has in 

turn been attributed to oedema and inflammation that both contribute to an increase in 

the T2 relaxation constant (130, 131).  

  

Figure 3.8: T2-weighted post-treatment image in the coronal plane perpendicular to the HIFU 
beam axis following three differently sized volumetric ablations in a pig thigh. The arrows 
indicate the location of the ablations. The thermal lesion cross-sections appear circular with a 
hyperintense ring and hypointense core. The circular shape is in good correlation with the used 
volumetric sonication strategy explained in Section 2.3.  

Several studies have reported a correlation of the size and shape of the thermal lesions 

as identified in histology to that seen on T2-weighted post-treatment images (100, 130, 

131, 251). A problem of using T2-weighted images to asses tissue damage is that 

oedematous tissue contained within the bright ring may be only moderately damaged 

(131). It is therefore unclear whether or not tissue within this hyperintense rim will 

eventually recover from the inflicted thermal damage or become necrotic (130, 131).  
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In Publication I, an excellent correlation was found between the size of the induced 

thermal lesion as determined from T2-weighted images and the thermal dose volume 

above 30 EM (diameter R = 0.91, length R = 0.94). The very good correlation was 

attributed to the sharp thermal lesion boundaries associated with the volumetric 

sonication strategy used in this publication. Similar comparisons between the size of the 

thermal dose volume and the T2-weighted thermal lesion have also been performed 

previously although using different thermal dose thresholds (100, 115). The threshold of 

30 EM was chosen in Publication I as this thermal dose threshold has previously been 

reported to be representative for onset of moderate thermal damage (74, 125). However, 

the appropriate thermal dose threshold for partial tissue damage may be different for 

other tissues due to differences in tissue composition.  

3.3.2 Contrast-enhanced imaging 

Blood vessels have been shown to be necrotic within thermally coagulated tissue (131, 

137, 249, 252). The thermal lesions induced by HIFU consequently appear as 

hypointense regions in contrast-enhanced T1-weighted images because there is no 

delivery of contrast agent to these non-perfused regions (12, 100, 131, 138, 249). The 

hypointense region is sometimes surrounded by a hyperintense ring corresponding to an 

accumulation of contrast agent at the edge of the non-perfused region. An example of 

thermal lesions induced in porcine thigh muscle can be seen in Figure 3.9, where both 

the hypointense center and the hyperintense border can be identified. Excellent 

correlation has been shown between the HIFU induced region of generalized thermal 

coagulation as determined via histology to the non-perfused region as seen in contrast-

enhanced images (32, 100, 115, 131, 253). Consequently, contrast-enhanced imaging is 

currently considered the gold-standard method for determining thermally induced tissue 

necrosis with post-treatment MR imaging and has been widely used in numerous MR-

HIFU applications. Contrast-enhanced imaging has proven accurate in determining 

post-treatment HIFU induced necrosis in for example muscle (12, 100, 115, 131), 

uterine fibroids (16, 19, 154, 254), breast (22, 23, 255), brain (30, 250), and prostate 

(32, 256). The main disadvantage of contrast-enhanced imaging is that the most 

commonly used contrast agents are gadolinium-based compounds, which are non-toxic 
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as compounds but may disintegrate and release the highly toxic gadolinium ion if heated 

(257). Contrast-enhanced imaging is consequently limited to the end of HIFU therapy. 

Even if the non-perfused volume obtained from the contrast-enhanced images would not 

correlate with the desired area of tissue destruction, the HIFU session is generally 

terminated to ensure patient safety. 

  

Figure 3.9: Contrast-enhanced post-treatment image (a) and contrast-enhanced difference 
image (b) of the same three volumetric ablations (indicated by arrows) in a pig thigh as in 
Figure 3.8. The coronal images perpendicular to the HIFU beam axis were taken from 
approximately the same position as in Figure 3.8. The contrast-enhanced difference image was 
obtained by subtracting the image of the same slice acquired before administering the contrast 
agent from that acquired 10 min after the administration of the contrast agent. The thermal 
lesion cross-sections appear circular with a hyperintense ring and hypointense core. The lesions 
can be much more easily identified in the difference image (b), despite both images being 
similarly windowed. 

In Publication I, an excellent correlation was found between the size of the non-

perfused thermal lesion, as determined from contrast-enhanced images, and the thermal 

dose volume above 240 EM (diameter R = 0.93, length R = 0.96). Similar comparisons 

between the size of the thermal dose volume and the non-perfused thermal lesion have 

previously been performed, although most reported a lower level of correlation (100, 

115, 258). The excellent correlation found in Publication I was again attributed to the 
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sharp thermal lesion boundaries created by the employed volumetric sonication strategy 

and was also taken as a verification of the prediction accuracy of the used volumetric 

thermometry. The threshold of 240 EM was chosen as it is commonly used as a 

predictor of full coagulative necrosis (74, 115, 125, 126). While there is a good 

correlation between the thermal dose estimate and the non-perfused volume for smaller 

ablated volumes, there have been reports showing that the non-perfused area can 

sometimes extend beyond the heated region if larger volumes are ablated (258, 259). 

This mismatch has been attributed to thermal coagulation and subsequent occlusion of 

vessels that might be more probable with larger ablation volumes and may reduce or 

remove perfusion of downstream unheated tissue (137, 258, 259). The cells in the non-

perfused unheated tissue may eventually become necrotic depending on the level of 

vascular constriction or occlusion, and whether or not the induced occlusion is 

permanent (68, 260-262).  

3.3.3 Other imaging methods 

Diffusion weighted imaging has also been suggested for post-treatment verification of 

HIFU induced tissue damage (175, 256, 259, 263). Because diffusion weighted imaging 

is sensitive to changes in the diffusion of water molecules in the intra- and intercellular 

environments, this imaging method can be used to discern immediate changes in the 

tissue microstructure following HIFU therapy (259, 263). An apparent diffusion 

coefficient may moreover be calculated using the obtained diffusion images that can be 

used as a quantitative indicator of the water movement within the tissue. Diffusion 

weighted imaging may furthermore be performed during therapy to assess therapy 

progress. It has also been shown that the region of altered diffusion correlates better 

with the region of thermal damage than with the non-perfused region directly following 

the HIFU session (259). This indicates that the imaging technique is sensitive to HIFU 

induced thermal damage but not to tissue alteration due to secondary effects such as 

vascular occlusion. Even though the imaging method is very promising for post-

treatment damage verification, it does suffer from a high sensitivity to motion as well as 

potentially long imaging times if high spatial resolution and several slices are required. 
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Moreover, the obtained apparent diffusion coefficient may increase, decrease, or remain 

unaltered directly after the HIFU therapy depending on the tissue composition (259).  

Another interesting, but so far less used, imaging method for assessing thermal tissue 

damage is MR elastography (247, 264). This imaging method can be used to calculate 

the tissue shear modulus by applying stiffness probing shear-waves appropriately timed 

to the MR imaging sequence. It has been shown that the elasticity of soft tissue is 

reduced as a consequence of the thermal coagulation and protein denaturation induced 

by HIFU ablation, and that the resulting reduction in elasticity can be determined using 

MR elastography (247, 264). Moreover, PRF thermometry may be performed using the 

same data as acquired for MR elastography allowing for simultaneous mapping of 

temperature and tissue stiffness (248). The fact that application of HIFU itself induces 

shear-waves that can be imaged with MR elastography opens for an interesting prospect 

of simultaneously inducing and assessing the thermal damage with HIFU ablation and 

MR elastography, respectively, while also simultaneously estimating the resulting 

temperature rise with PRF thermometry (71, 248, 265). 
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4 Conclusions  
A volumetric ablation method based on the sonication along outward-moving concentric 

circles was developed and evaluated in Publication I. This design, inspired by the 

inside-to-out spirals of Salomir et al. (98), utilizes heat administered during the inner 

circles to reduce the required energy deposition at the outer circles. The proposed 

sonication strategy was evaluated in vivo and the energy efficiency was shown to 

improve with increasing trajectory size. These experiments also showed that the 

resulting thermal lesions were uniformly necrosed and that the transition zone between 

necrosed and healthy tissue, i.e. the region of unknown tissue outcome, was very narrow 

and independent of trajectory size, which is imperative for accurate ablation of 

malignant cancerous tissue. The presented sonication strategy is probably the most 

energy efficient existing method of HIFU ablation. 

The increased energy deposition associated with the proposed volumetric ablation 

method does, however, increase the near-field heating and subsequently the risk of 

related adverse events (47, 61). In order to reduce these risks to an acceptable level, a 

rapid volumetric multiplane MR thermometry method was also developed and evaluated 

in Publication I. The accuracy and prediction value of the presented thermometry 

approach was evaluated in vivo and the correlation between the thermal lesion size as 

identified on the postsonication images and that estimated by the thermal dose 

thresholds was found to be excellent. Temperature and thermal dose images obtained 

with volumetric thermometry can thus provide an accurate and rapid online estimate of 

the temperature rise within the entire heated region as well as a clinical end point for the 

MR-HIFU therapy. The volumetric monitoring and online visualization presented in 

Publication I is, to the authors’ knowledge, the first publication on true multiplane 

thermometry with nonparallel slices. The presented approach also uses novel dedicated 

near-field slices to reduce the risk of inducing skin burns and unintended damage to the 

subcutaneous fat. 
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A common problem of any HIFU therapy is that sonication outcome depends on largely 

unknown tissue parameters. This makes feedback control of the HIFU ablation based on 

the actual observed thermal response highly desirable to better obtain the intended 

therapy outcome. A binary feedback approach specifically designed for the volumetric 

ablation strategy of Publication I was to this aim developed in Publication II. The 

simple and robust feedback algorithm was evaluated in vivo and proved to significantly 

reduce variability in the ablation outcome as compared to the non-feedback approach 

that uses a predetermined sonication duration and power. Moreover, the induced 

thermal lesion correlated much better with the planned lesion size when binary feedback 

was utilized. Energy efficiency was also improved as compared to non-feedback 

ablations due to the more accurate energy deposition. 

Another problem of MR-HIFU is that several abdominal organs, which would be prime 

candidates for MR-HIFU, are subject to motion during the respiratory cycle. This 

motion causes artifacts in PRF-based MR thermometry due to misregistrations between 

the current acquired image and the reference image as well as due to fluctuations of the 

local magnetic field experienced by the moving organ. Methods have previously been 

described for removing in-plane misregistrations (56, 218), but no feasible MR imaging 

methods have been presented for accurate real-time correction of through-plane motion. 

The spectral selective pencil-beam navigator described in Publication III provides a 

solution to this problem by using a fat-selective pencil-beam navigator for adaptive slice 

tracking. Rigorous simulations showed the feasibility, but also the complex spectral-

spatial behavior, of the suggested approach. An in vivo tracking experiment with the 

pencil-beam navigator placed directly on the kidney of a volunteer under free breathing 

demonstrated the improved signal contrast and subsequent improved tracking provided 

by the fat-selective navigator as compared to the conventional non-selective navigator. 

A multi-baseline method for the correction of respiratory-induced magnetic field 

variations and temperature artifacts was in turn presented in Publication IV. The 

suggested correction method used a learning stage to populate an indexed look-up-table 

from which the appropriate reference image was then retrieved during therapy. The 
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pencil-beam navigators, albeit in their non-selective form, were used to retrieve the 

appropriate reference image. The approach suggested in Publication IV furthermore 

used a model to calculate a more appropriate reference phase in the event that the 

displacement obtained during intervention falls in between those used as indices in the 

look-up-table. The suggested approach was evaluated for MR thermometry of the breast 

in five female volunteers under free breathing with no heat applied. The proposed 

correction was found to substantially reduce the fluctuations in the apparent temperature 

induced by breathing. 

In-plane and through-plane motion correction as well as multi-baseline correction of the 

reference phase were combined in Publication V to provide real-time 3D motion 

compensation for MR thermometry of abdominal organs. The through-plane correction 

utilized the spectral selective navigator of Publication III, whereas in-plane correction 

was obtained by a 2D optical-flow algorithm. Respiratory induced phase-fluctuations 

were corrected using the approach of Publication IV with a densely populated look-up-

table. The suggested approach was shown to remove the temperature fluctuations 

induced by respiratory motion in an MR thermometry experiment on the kidney of a 

volunteer under free breathing with no heat applied. The residual temperature variations 

were within the bounds imposed by the SNR of the imaging sequence.  

Finally, the methods used in Publication V for 3D motion estimation were also used in 

Publication III to demonstrate the feasibility of fully 3D motion compensated MR-

HIFU ablation on in vivo porcine kidney including motion compensation of both 

thermometry and focal point position. The obtained target location displacement was 

fed back to the transducer-controlling software that within a few tens of milliseconds 

from the acquisition of the image updated the focal spot position according to the organ 

motion by applying an updated phase for each channel of the phased-array transducer.  

The technology of MR-HIFU has developed immensely in the last 17 years since Cline 

et al. (11) first suggested MR for monitoring of HIFU therapy. Most of the research has 

been proof-of-principle rather than directed towards creating robust and reliable 



 

 

94 

methods for clinical MR-HIFU therapy. The bulk of the research for this thesis was 

therefore aimed at developing an efficient, safe, and robust method of MR-HIFU 

ablation for the clinical Philips MR-HIFU system that is currently used in a pilot study 

for uterine fibroid ablation. The research presented in the latter part of the thesis is a 

step towards clinical MR-HIFU therapy of mobile organs, although obtaining the 

reliability required for clinical MR-HIFU therapy of abdominal organs remains a 

challenge. The vision of a fully automated clinical MR-HIFU therapy of mobile organs 

may not be impossible in the future. However, a lot of work remains to be done 

especially with regards to improving the reliability and robustness of the motion 

correction and feedback algorithms, but also with regards to reducing treatment time by 

using more efficient sonication strategies and feedback algorithms better suited for rapid 

energy efficient ablation.  

 Fulfillment of the aims Publication

1. The combination of the developed volumetric sonication strategy and 

multiplane MR thermometry was shown to provide an energy 

efficient yet safe MR-HIFU therapy in a large animal model. 

I 

2. The automatic control of the volumetric sonication provided by the 

developed binary feedback algorithm was shown to significantly 

improve the reliability of the sonication outcome in a large animal 

model.  

II 

3. The developed fat-selective navigator was found to enable accurate 

real-time 3D motion compensation of both MR thermometry and 

focal point position.  

III, IV, V 
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5 Summary of the publications 
Publication I: 32 in vivo volumetric ablations of different trajectory sizes were 

performed in porcine thigh muscle with simultaneous monitoring by multiplane MR 

thermometry. The energy efficiency of the ablation improved with trajectory size and 

was 0.03, 0.24, and 0.52 cm3/kJ for the 4, 12, and 16 mm diameter trajectories, 

respectively. The induced thermal lesions were well-defined with narrow transition 

zones between healthy and necrosed tissue, and a thermal dose uniformly above 240 

EM within the trajectory borders. These results were verified by histology. Moreover, 

the correlation of the 30 EM and 240 EM thermal dose volume size obtained with 

multiplane thermometry to that of the thermal lesions as identified on the postsonication 

images was excellent (R = 0.91 – 0.96). 

Publication II: 90 in vivo volumetric ablations of different trajectory sizes were 

performed in porcine thigh muscle. 60 of these ablations were controlled by the 

developed binary feedback algorithm and 30 were without feedback control for 

comparison. The diameter and length of the thermal lesions induced by the feedback 

controlled ablations had a significantly reduced variance as compared to those of the 

non-feedback controlled ablations. Furthermore, the diameters of the feedback 

controlled ablations were very close to those predicted by simulations, indicating that 

variability due to tissue inhomogeneity was mostly removed. Energy efficiency was also 

improved as compared to non-feedback ablations due to the more accurate energy 

deposition. 

Publication III: Simulations were performed to analyze the spectral-spatial response of 

the developed spectral-selective navigator pulse. These simulations showed that the 

spectral-spatial response of the proposed binomial 2D RF pulse train was in fact 

identical to the spectral-response of the binomial weighting modulated by the spectral-

spatial response of the conventional spiral-encoded 2D RF pulse. A tracking experiment 

on a human kidney under free breathing showed the improved direct slice tracking 

performance provided by the fat-selective navigator. A 3D motion compensated MR-

HIFU ablation on in vivo porcine kidney was also performed with real-time 3D motion 

compensation of MR thermometry and beam steering of the focal spot according to the 
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observed organ motion. The success of this experiment demonstrated the feasibility of 

the fat-selective navigator for providing the accurate through-plane motion estimation 

necessary for 3D motion compensated MR-HIFU therapy of mobile organs. 

Publication IV: A multi-baseline approach was used to correct for the local magnetic 

field and phase fluctuations induced by breathing in the breast of five female volunteers 

without applying heat. The temperature variance was reduced from an average of 5.4 to 

1.6 °C when a multi-baseline approach was utilized. Applying an additional model-

based correction further reduced the average standard deviation to 1.4 °C, when the 

theoretical limit imposed by the SNR was on average 1 °C. 

Publication V: Three dimensional motion compensation of MR thermometry was 

performed by combining multi-baseline compensation with image registration and the 

spectral-selective navigator of Publication III. This approach was evaluated for motion 

compensation of thermometry in the kidney of a volunteer under free breathing. The 

compensation strategy proved to reduce the fluctuations in the temperature to the 

theoretical level imposed by the SNR. Three-dimensional motion compensation of 

thermometry was also evaluated for an RF-heating experiment in a mobile phantom. 
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