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Abstract 

We developed a dense algorithm for calculating the speed-of-sound shift between 

consecutive acoustic acquisitions as a noninvasive means to evaluating temperature change 

during thermal ablation. The dense speed-of-sound shift imaging (DSI) algorithm was 

developed to simultaneously incorporate information from the entire field of view using a 

combination of dense optical flow and inverse problem regularization, thus speeding up the 

calculation and introducing spatial agreement between pixels natively. Thermal ablation 

monitoring consisted of two main steps: pixel shift tracking using Farneback optical flow, 

and mathematical modeling of the relationship between the pixel displacement and 

temperature change as an inverse problem to find the speed-of-sound shift. A calibration 

constant translates from speed-of-sound shift to temperature change.  

The method performance was tested in ex-vivo samples and compared to standard 

thermal strain imaging (TSI) methods. Using a temperature sensor as a ground truth, the 

algorithm was applied to ex-vivo chicken samples imaged by an L12-5 imaging transducer 

during thermal ablation therapy. Temperature changes between 3-15ºC was measured with 

high thermometry precision of less than 2ºC error for temperature changes as low as 8ºC. The 

DSI method outperformed standard TSI in both spatial coherence and runtime in HIFU-

induced hyperthermia. In conclusion, DSI can successfully monitor the speed-of-sound shift 

introduced by thermal ablation. This technique is faster and more robust than current methods, 

and therefore can be used as a noninvasive, real time and cost-effective thermometry method, 

with high clinical applicability
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1. Introduction 

High-intensity focused ultrasound (HIFU) utilizes concentrated ultrasound waves to 

generate therapeutic effects in a non-invasive manner. Thermal ablation and hyperthermia are 

applications where ultrasound is used to precisely target and deliver high focused energy in 

order to achieve localized heating of the targeted areas. This focused energy can effectively 

destroy tumors, making HIFU a valuable option for cancer treatment, especially for prostate, 

liver, and breast cancer [1]–[3]. Additionally, HIFU shows potential in non-oncological 

applications, such as reducing chronic pain, ablation of uterine fibroids and treatment of certain 

neurological disorders [4]–[7]. Hyperthermia has been used in various applications of brain 

tumor and carcinoma treatment as well as drug delivery[8]–[11]. HIFU for thermal ablation 

and hyperthermia offers a precise and targeted approach, minimizing damage to surrounding 

healthy tissues, and often requiring minimal recovery time.  

As energy is released into the tissue and the local thermal dose rises, it is crucial to monitor 

and guide these treatments, to make sure that the target temperature is reached at the desired 

locations, with minimal off-target effects to surrounding healthy tissue. Magnetic resonance 

imaging (MRI) thermometry is the most widely used technique for HIFU-guidance [12], [13], 

but the use of MRI for guiding HIFU procedures presents challenges in terms of accessibility, 

equipment compatibility, patient positioning, and treatment time. Ultrasound-guided focused 

ultrasound (USgFUS) is an emerging adaptable alternative to MRI guidance due to the 

advantages of ultrasound in accessibility, real-time imaging, cost-effectiveness, and versatility. 

Ultrasound can provide continuous visualization for precise targeting and adjustments during 

the procedure. This real-time feedback is obtained by imaging the local change in sound speed 

due to a HIFU-induced temperature change and can enhance the accuracy and delivery of 
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focused ultrasound energy. In this work, we developed a dense speed-of-sound shift imaging 

(DSI) method for temperature estimation and test our results in simulated and ex-vivo data 

compared to thermal strain imaging (TSI), the current state-of-the-art. Our results show a 

significant performance boost compared to TSI, without the need for additional post 

processing. 

2. Research objectives 

The overall goal of this work is to develop a more accurate and reliable noninvasive 

ultrasound imaging-based thermometry algorithm to monitor thermal-ablation treatments. TSI, 

the current standard for ultrasonic thermometry, uses pixel-wise block matching, which is a 

sparse algorithm. Neighboring pixels will not necessarily have similar output, and heavy image 

processing is incorporated to accommodate for this [14], [15]. To improve reliability, we turned 

to dense estimation techniques. Making use of spatial regularization priors, we solve the speed-

of-sound shift inverse problem in a way that inherently includes local pixel coherence. The 

resulting speed-of-sound shift is smooth, as expected from a focused, localized procedure. 

Next, we wanted to improve the processing time, which is a major drawback of current 

USgFUS techniques. We analyzed the computation bottleneck in the current approach and 

optimized our solution based on our findings. Overall, we achieved an improvement of x20 

speed up in processing. 

Finally, we needed to compare our results with current solutions and show that we 

successfully improved reliability and calculation time without lowering the final temperature 

estimation accuracy. To assess the ability of our algorithm to localize a HIFU focal point, we 

first performed a simulation replicating the effects of a speed-of-sound change in ultrasound 
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images acquired from an agarose phantom. Next, we evaluated the localization quality of the 

algorithm on ex-vivo chicken breast samples. Temperature estimation was also performed and 

compared to a real thermocouple reading. To compare our algorithm to the state-of-the-art, we 

implemented TSI as it is described in the literature and evaluated its performance compared to 

our algorithm for each of the experiments.  

3. Theoretical background 

Our DSI algorithm incorporates various concepts in ultrasound imaging and is designed to 

work in unison with a therapeutic ultrasound setup. In this section, we will describe the basics 

of ultrasound imaging necessary for DSI. Next, we will describe HIFU procedures and image-

based guidance, before combining these concepts to realize the DSI algorithm. 

3.1  Ultrasound imaging principles 

Ultrasound imaging is conceptually similar in nature to classic imaging in the field of 

electromagnetic optics. Many advanced concepts in ultrasound such as beam shaping [16], 

multiplexing [17], [18], and ultrasound localization microscopy [19] are parallels of fields in 

optics. Still, there are some differences between the fields, and in this section we will describe 

the usage of acoustic wave based image formation.  

3.1.1 Sound wave propagation 

Ultrasound describes sound (pressure) waves at frequencies exceeding the audible limit of 

human hearing of 20 kHz. It has transformed into a major imaging modality thanks to a few 

unique principles of sound waves. First, sound waves are non-ionizing and safe for general 

imaging, although beyond a certain energy threshold, they can be utilized to induce thermal 
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ablation in tissue. Second, biological tissue is an excellent conductor of ultrasound, so sound 

waves can easily propagate through the body. Finally, the speed-of-sound in soft tissue allows 

sound waves to travel to and from a source fast enough for rapid imaging, and as a result 

ultrasound benefits from very high temporal resolution. 

An ultrasound wave is usually generated by a piezoelectric element. Piezoelectric crystals 

have a unique property that electrical currents cause them to vibrate, releasing a sound wave. 

In addition, when a sound wave is absorbed by a piezoelectric crystal, the vibration induces a 

voltage drop. As a result, piezoelectric elements can be used for sending and receiving 

ultrasound waves according to arbitrary pulse sequences in the form of electrical voltage. 

Arrays of piezoelectric elements are combined to create an ultrasound transducer aperture, 

which can be used to generate more complex waves across a larger viewing field by 

harmonizing the piezoelectric effect across multiple coherent elements. 

In pulse-echo ultrasound, a pressure wave is emitted by the transducer. Immediately 

afterward, the transducer begins to digitize echoes of the propagating wave as it encounters 

reflectors and scatterers in the medium. In a homogeneous medium with speed-of-sound c 

located at axial distance z from the transducer, the round-trip time of the echo is simply given 

by: 

 

 
𝑡 =

2𝑧

𝑐
 

(1) 

 

The echo time t is linearly related to the distance from the transducer, so the time axis 

effectively encodes the axial distance to the scatter with amplitude recorded at time t.  
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In biomedical ultrasound applications, the field-of-view is almost never homogeneous, and 

Equation (1) must be adapted to consider heterogeneous tissue with varying sound speeds.  

 
𝑡 = 2

𝑑𝑧′

𝑐(𝑧 )
 

(2) 

However, the exact speed-of-sound along the propagation path is rarely known, so 

Equation (1) is used with a constant speed-of-sound c₀ of 1540 m/sec, attributed to soft tissue. 

As a result, the transducer records the echo at a different time than it would if the medium were 

truly homogeneous. The latency is described by the difference between Equation (1) and 

Equation (2): 

 
𝑑𝑡 = 2

1

𝑐(𝑧 )
−

1

𝑐
𝑑𝑧′ 

(3) 

3.1.2 Imaging Applications 

To create an image of the field of view, a series of pressure waves must be emitted, and 

their echoes recorded. In classical ultrasound, focused pressure waves are used to generate an 

ultrasound frame. When fired together, a sub-aperture of elements is fired together in harmony, 

generating a planar wave front. Instead, the sub-aperture can be dynamically focused by 

delaying the phase of transmission for each element to create a focal point, at which the acoustic 

intensity is maximal. Furthermore, the focal point can be electronically steered by adding a 

linear delay to the phase of each element. At the focal point, the coherent pressure waves induce 

a peak acoustic intensity, and the maximal signal-to-noise ratio (SNR) and resolution are 

achieved. Examples of such delay schemes can be seen in Figure 1. 
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Figure 1. Schematic diagram of dynamic beam focusing in ultrasound. The pressure wave is induced in each 
element with a delay corresponding to its geometric location in the sub-aperture to create the desired focal point. A 
constant delay gives a parallel beam (plane wave), while a parabolic delay pattern creates a focal point. Additional 
linear delay can be added to steer the focal point. Diagram adapted from [20]. 

The recorded echo is received at the transducer surface and the amplitude is encoded and 

digitized as a function of time according to Equation (1). The acquired 1D signal is referred to 

as an A-line. Consecutive A-lines are acquired by sweeping the active region of the transducer 

across the full aperture, each time encoding an A-line perpendicular to the working sub-

aperture. These A-lines are joined together to form a brightness-mode or B-mode ultrasound 

image. 

However, the time of the delay required for such focusing is parabolic in nature and thus is 

of the same order as the effective frame rate. As a result, using such delays for full frame 

acquisition with hundreds of such steered and focused beams inhibits the frame rate of the 

ultrasound acquisition. Instead, coherent plane wave compounding can be implemented to 

maximize the temporal and spatial resolution simultaneously, often settling on a signal-to-noise 
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ratio to frame rate tradeoff of 50-500 frames/sec [21]. In plane wave compounding, very short 

linear delays are added to create an angled plane wave, usually fired from the entire transducer 

at once. Although plane waves are inherently unfocused, their linear delay time allows the rapid 

acquisition of many plane waves in a short amount of time, and they are added together to 

increase image coherence. This compounding scheme provides high SNR at very high frame 

rates. Figure 2 highlights the advantages of this setup as opposed to classical B-mode imaging. 

 

Figure 2. Schematic diagram of coherent plane wave compounding compared to classical B-mode imaging. 
Individual plane waves can be sampled much faster than focused A-lines, but at the cost of poor SNR and contrast. 
To overcome this, many plane waves are compounded together. Thus, imaging parameters are optimized but the 
effective frame rate is an order of magnitude higher. Diagram is adapted from [22]. 

 

Ultrasound imaging is usually performed at frequencies in the range of 1-20 MHz, and the 

pressure wave modulates an object in the viewing field- as such it is necessary to extract the 

signal envelope whose amplitude is eventually encoded to a pixel representing the object. Thus, 

after RF data is recorded at the transducer surface, it is Hilbert transformed to extract the 
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envelope, then delayed to account for the spherical propagation of waves echoed from 

reflectors in the tissue. This process is known as beamforming. 

3.2  Therapeutic ultrasound 

Therapeutic ultrasound utilizes concentrated ultrasound waves to generate therapeutic 

effects non-invasively. Conceptually, single-element HIFU is similar to optical focusing of 

light through a lens. A large, spherical, single-element transducer fires high intensity sound 

waves geometrically focused to a single point. This induces a strong, localized mechanical 

vibration of tissue at the focal site. As the tissue vibrates, energy is released, heating the target 

area. It is important to note that the tissue between the transducer and focal site is not heated, 

as the acoustic power is only coherently increased at the focus. 

Hyperthermia and thermal ablation procedures are performed by applying HIFU at 

increasing frequency, duty cycle, and acoustic output power. In hyperthermia, a thermal 

window of 41-45⁰ Celsius is targeted, while more intense thermal ablation techniques apply 

HIFU at temperatures in excess of 50⁰ C [23]. Based on the goal of a HIFU procedure, a 

different operating temperature may be appropriate. Table 1 indicates the effect of different 

temperature windows on the human body. 
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Table 1. Temperature effects. Adapted from [24].  

Temperature range (°C) Effects 

37-39 

39-43 

>41 

44-46 

>45 

>41.8 

Extended exposure has no harmful impact. 

Over time, adverse effects may arise. 

Fetal issues may arise after extended periods of exposure. 

Protein coagulates. 

Enzymes become denatured. 

Cancer cells fail to reproduce and die. 

This is generally considered a threshold for damage (except eye). 

3.3  Ultrasound Safety 

In general ultrasound is a safe imaging procedure due to the non-ionizing nature of acoustic 

waves. However, thermal effects of ultrasound as described above clearly suggest that 

permanent damage can be induced using sound waves. 

The “thermal risk” of ultrasound systems is dependent on both temperature and time [25] . 

Longer sonification inducing higher temperature creates a larger energy release into the tissue. 

This is the primary difference between imaging and therapeutic ultrasound- therapeutic 

ultrasound emits focused pressure waves for several minutes at a time with high output power 

and duty cycle, while imaging protocols make use of lower energy sound waves complying 

with regulated parameters like the Thermal Index for Soft Tissue (TIS).  

3.4  HIFU guidance 

3.4.1 Current state-of-the-art 

Today MR thermometry is the method of choice for HIFU guidance. MRI machines 

provide very high spatial resolution but suffer from severe drawbacks in terms of accessibility, 
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equipment compatibility, patient positioning, and treatment time. MRI machines are often large 

and expensive, limiting their availability in certain healthcare facilities. The strong magnetic 

fields generated by MRI can cause distortions in ultrasound beams, requiring specialized MRI-

compatible HIFU systems for accurate targeting. Patient positioning inside the MRI scanner 

can be challenging due to the need for real-time adjustments and monitoring during HIFU 

treatments. Additionally, the combination of MRI and HIFU procedures can lead to longer 

overall treatment times, which may impact patient comfort and resource utilization. Moreover, 

MR thermometry cannot image the temperature change in fat [26], which is a risk factor in 

potentially fatty tissues like the breast and liver. 

3.4.2 Thermal strain imaging 

Ultrasonic monitoring of HIFU is based on the relationship between temperature and 

speed-of-sound. Several works by Ebbini [27]–[30] described how this relationship 

produces a measurable latency in the echo over successive ultrasound frames captured by 

an imaging transducer. Thus Equation 3 is revised to include the effects of heating: 

 
𝛿𝑡 = 2

1 + 𝛽(𝑧)𝛿𝑇

𝑐(𝑧,  𝑇)
−  

1

𝑐(𝑧,  𝑇 )
𝑑𝑧   

(4) 

where the difference in round-trip time  is the cumulative sum of the inverse of changes in 

local sound speed c(z,T) due to a temperature change T from the initial temperature T0 in 

tissue with a thermal expansion coefficient of β(z) along the wave propagation path. Originally, 

latency was measured by comparing the time it took for sound waves to cross the field of view, 

but this technique requires two transducers (a source and a receiver) [31]. Notable methods to 

calculate the echo shift are cross-correlation template matching as well as Loupas’ Estimator, 

but these are computationally burdensome calculations [32].  
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In TSI, this integral is differentiated along the propagation path and several assumptions 

can be made to simplify the equation for calculation of temperature change from echo latency: 

 𝜕

𝜕𝑧
(𝛿𝑡) =  𝛼 × 𝛿𝑇  

(5) 

where α1 is a medium-specific parameter describing the thermal expansion coefficient and 

linear relationship of sound speed with temperature and can also be thought of as a unit 

conversion parameter from thermal strain to temperature. Phase aliasing artifacts common to 

typical ultrasound imaging methods must be filtered after the echo shift is calculated, often 

incorporating heavy filters such as the median filter or Savitzky-Golay. Such artifacts greatly 

impede the calculation of thermal strain from the echo shift measurement suggested in Equation 

(5). Thermal strain calculation is impartial to the underlying ultrasound acquisition method or 

heating procedure, and different imaging schemes have been implemented based on TSI, but 

these methods are still computationally expensive due to the calculation of echo shift by the 

TSI algorithm [14], [33]. Methods taking advantage of plane wave compounding [15] or GPU 

calculations [30] have already been used to speed up TSI, but they suffer from the same 

limitations. Other methods also based on the change in tissue properties have also been used in 

USgFUS, mostly based on the same algorithmic concepts [34]. 

Any method for ultrasonic estimation of temperature change from thermal strain based 

on Equation (5) will start by calibration of the constant α1 using a known ground truth 

temperature sensor. In this work we will assume a linear relation between the speed-of-sound 

and the change in temperature because we are interested in improving the estimation of sound 

speed shift, which is the underlying cause of thermal strain, rather than the calibration to 

temperature measurements. For water-based soft tissue, the constant α1 has been reported to be 

-0.1 % °C−1 change in thermal strain for a 1°C increase in temperature [35]. 
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Once the echo shift has been measured, it can be used to calculate the temperature 

change. In TSI, this is done by differentiating the echo shift in the axial direction to produce 

thermal strain, which can be directly calibrated to the temperature shift. The relationship 

between strain and temperature shift is assumed to be linear [36], though much work has been 

done to assess the validity of this assumption- concluding that the relationship between thermal 

strain and temperature change is actually quasi-linear [37] or almost linear [38], [39]. 

3.4.3 Proposed method 

In our method, DSI, we suggest a new approach to measuring and solving Equation (4). 

Rather than use a heavy and sparse cross-correlation approach, we propose a dense optical flow 

algorithm for echo shift calculation. The method offers reduced computation time and increases 

spatial coherence leading to a precise temperature estimation. Calculating the echo shift is 

conceptually identical to pixel-tracking, and echo shift has already been calculated [40] using 

the Horn-Shunck Dense optical flow algorithm [41]. This approach has several advantages. 

First, this algorithm incorporates a spatial smoothness prior, forcing the resulting echo shifts to 

be spatially coherent as expected. In addition, dense optical flow can incorporate more intricate 

motion models than just translation and in many cases outperforms block matching algorithms 

[42]. Finally, optical flow algorithms utilize pyramid calculation schemes to incorporate both 

low and high resolution information quickly. Today, Gunnar Farneback’s [43] algorithm based 

on polynomial expansion is widely used to attain fast, spatially coherent pixel-motion results. 

In our work, we will combine fast plane wave imaging with optical flow to calculate the echo 

shift along several steering angles in real time, providing additional information about the field 

of view.  
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Once the echo shift has been measured, we will choose not to differentiate the line 

integral as in Equation (5) as this once again ignores the spatial coherence of the HIFU therapy. 

Instead, we propose unifying echo shift information from several plane waves to predict the 

change in speed-of-sound using an inverse problem method regularized with a spatial 

smoothness prior, which can similarly be calibrated to yield the underlying temperature shift. 

Regularized inverse problem approaches have shown promising results in ultrasound 

applications related to sound speed [44], [45] in addition to additional methods based on the 

beam geometry [46], passive reflectors [47] or diverging waves [48]. 

To formulate the inverse problem approach, we first assume the problem to be 

linearizable. Therefore, Equation (4) can be vectorized. The integral is represented as a matrix, 

denoted M below and the following equation is obtained: 

 ∆d = M ∆𝜈  (6) 

where the pixel shift Δd is observed in a plane wave B-mode image due to an echo shift of t. 

This Δd is the result of integrating the operand: 

 
∆𝜈 =

1 + 𝛽(𝑧)𝛿𝑇

𝑐(𝑧,  𝑇)
−

1

𝑐(𝑧,  𝑇 )
 

(7) 

Once the integral operand Δν is isolated, it is equivalent to the derivative of (4) such that 

Equation (5) can be rewritten without the derivative to obtain: 

 ∆𝜈 = 𝛼 × 𝛿𝑇 (8) 

with α₂ assuming the tissue-dependent role of units conversion previously denoted in Equation 

(5) as α1. In temperatures up to 40°C, the relationship between sound speed and temperature 
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change is mostly linear and α₂ should correspond to a change of up to 1 m/sec for a 1⁰ C rise 

in temperature, depending on the target tissue [35]. 

In practice, we want to measure the pixel shift, calculate Δν and estimate the underlying 

temperature change, so the following inverse problem is formulated: 

 𝑀 ∆d = ∆𝜈 (9) 

This problem is over-defined since many Δd images can be acquired from a particular field 

of view representing a single Δν. After transmitting multiple angled plane waves into the target 

tissue, a Tikhonov pseudo-inverse is utilized to calculate the optimal Δν satisfying the data. 

While this increases the potential for a reliable result, we further incorporate a smoothness prior 

to ensure spatial coherence. We chose to regularize the spatial gradient in the axial, lateral, and 

diagonal directions  using L2 regularization. Thus, the detected change in sound slowness Δν is 

estimated by solving the following least squares problem: 

 ∆�̂� =  argmin∆  ∆d − 𝑀 ∆𝜈 + Γ ∇( ∆𝜈)  (10) 

The pipeline of our DSI method utilizes the acquisition of ultrasound plane wave B-Mode 

images (Figure 3). The pixel shift at consecutive time intervals for a particular steering angle 

is computed via optical flow to produce the measured Δd vector. This vector is inverted as an 

inverse problem to receive Δν. Finally, the units of Δν are converted to temperature by a pre-

calibrated constant. Our method combines the optical flow algorithm and inverse problem 

regularization to create a temperature estimating algorithm that can incorporate a wide array of 

information while forcing both the input and output to obey spatial regularization constraints. 
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Utilization of prior knowledge about the spatial coherence of the HIFU surgery provides a 

faster more robust result with no need for additional image processing.  

 

Figure 3.  A schematic diagram describing the DSI algorithm. Ultrasound B-Mode images are acquired at various 
plane wave steering angles and the pixel shift at consecutive time intervals is computed. This produces the measured 
Δd vector which is inverted to receive Δν. Finally, the units of Δν are converted to temperature by a pre-calibrated 
constant. 

4. Materials and methods 

4.1 Ultrasound setup 

HIFU was performed with a 2 MHz spherically focused single element transducer 

(H107, Sonic Concepts, Bothell, WA, USA) that was controlled by a transducer power output 

unit (TPO-200, Sonic Concepts, Bothell, WA, USA). This transducer has a diameter of 64 mm 

and is focused at a depth of 45 mm. Each transmitted pulse consisted of a sinusoid with a peak 

negative pressure of 3.25 MPa and a duty cycle of 50%. These parameters matched standard 

hyperthermia experiments [15], [49]. To create a steady increase in temperature, the therapeutic 

transducer transmitted with a pulse repetition time of 20 µsec with bursts that consisted of 20 

cycles. HIFU treatment was performed in intervals of 45 sec lasting a total duration of 270 sec. 

After every interval, imaging was performed and the results stored before the next HIFU cycle 

began. 
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The therapeutic transducer was placed face-up at the bottom of a custom water tank. A 

holder was located at the focal spot, where the sample was placed. Imaging was performed 

using an L12-5 50mm linear transducer (ATL Philips, WA, USA) placed perpendicular to the 

sample and coupled with ultrasound gel (Figure 4a). A programmable ultrasound system 

(Vantage 256, Verasonics Inc., WA, USA) was used for imaging of a 59 mm x 40 mm field of 

view. A plane steering acquisition protocol was used to acquire nine plane waves per imaging 

sequence. Three main steering angles were selected at 5° intervals [-5°, 0°, 5°], each composed 

of three steering angles selected at 1.5° intervals (for example [-6.5°, -5°, -3.5°]). Raw RF data 

was stored for offline processing.  

 

Figure 4.  Experimental setup. (a) The imaging transducer is placed perpendicular to the sample, which is contained 
in a 3D printed cartridge at the focal point of the HIFU transducer, located at the bottom of a water tank. (b) 
ultrasound gel is added to couple the imaging transducer to the sample. A thermocouple is placed inside the sample 
to provide a ground-truth temperature reading. 

Two types of samples were used. The first was a tissue mimicking phantom. The phantom 

was made by heating a combined mixture of 1% agarose powder (A10752, Alfa Aesar, MA, 

USA) with deionized water until boiling. 1% Silicon Carbide (57391, Sigma Aldrich, MO, 

USA) was added to the cooling mixture as acoustic scatterers, and the result was poured into a 

mold to congeal. Next, fresh ex-vivo chicken breast samples were used. Each chicken breast 

sample was cut from the thickest part of a chicken breast in a single piece that could fill the 
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entire field-of-view (pieces with a size of 59 mm x 40mm x 15 mm3). The samples were placed 

in a 3D printed cartridge at the focal spot of the transducer. To minimize reflections 6 mm 

rubber was placed around the sample and coupled with ultrasound gel. As a ground truth 

reference, a thermocouple was placed near the focal spot. The probe was operated from 

MATLAB during the imaging sequence through an Arduino Uno R3 (Figure 4b). 

The pressure amplitude in this setup was calibrated using a needle hydrophone (NH0500, 

Precision Acoustics, Dorchester, UK) with an active aperture of 0.5 mm connected to an 

oscilloscope (MDO3024, Tektronix, OR, USA). The hydrophone was placed at the focal spot 

of the therapeutic transducer, such that the measured amplitude was maximal in the x, y, and z 

directions.  

4.2 Post-processing 

RF data was beamformed, Hilbert transformed, and the 1.5° angled plane waves sub-sets 

were compounded such that each image acquisition provided three main steering angles. For 

example, the set [-6.5°, -5°, -3.5°] was compounded to yield a single image of -5°. This unique 

compounding has been used previously to enhance the signal-to-noise ratio in preparation for 

the pixel-tracking step [45]. The dense optic flow  was calculated between consecutive images 

at each of the main steering angles using Farneback’s method [43]. The three calculated pixel-

shift images acquired at each time interval were down-sampled x5 in the lateral direction and 

x10 in the axial direction, then fed into the precalculated inverse model according to Equation 

(10) with regularization parameters Γx = 10, Γz = Γxz = 1. The resulting image of pixel change 

in sound slowness was up-sampled back to the original image dimensions, then summed and 

compared to the expected temperature change to fit a linear curve, producing the calibration 

constant α₂. 
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As a reference to DSI, TSI was also computed using the same data sets. Implementation 

included a 1-D cross-correlation search algorithm along each plane wave’s propagation axis 

based on [15]. The pixel shift was smoothed in the lateral direction with a Savitzky-Golay filter 

of length 13.4 mm and then the axial gradient was estimated with a second, gradient estimating 

Savitzky-Golay filter of length 15.6 mm. Each of the main angles described previously was 

analyzed separately, then the results were compounded for each time step. 

Both algorithms were implemented in python. DSI’s optical flow component made use of 

the OpenCV library, while the inverse problem solution was implemented as a sparse matrix 

multiplication using scipy. TSI, which requires a complex cross-correlation search, was 

implemented in numba as just-in-time compiled python code utilizing parallel processing to 

improve performance.  

5. Results 

5.1 Simulated data 

To validate our method, a simulated pixel-shift was induced in a set of steered plane wave 

images acquired from agarose tissue-mimicking phantom. A circular lesion mimicking a heated 

area was simulated within the images by introducing a temperature shift of approximately 10 

⁰C, at a circular area centered in the image with a radius of 5 mm (Figure 5). The ground truth 

model is presented alongside TSI thermal strain calculation and DSI slowness deviation 

reconstruction (Figure 5b,d, f, respectively). The pixel shift of the TSI method provides a lateral 

full-width at half-max (FWHM) of 8.19 mm, while the DSI method gives a FWHM of 8.79 

mm. The ground truth lateral FWHM is 8.49 mm, which is closer to the DSI result. In terms of 

lesion dimensions, the lateral FWHM in TSI reconstruction is 10.56 mm while DSI achieves 
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9.57 mm. In the axial direction, TSI gives a FWHM of 7.89 mm while DSI gives 15.5 mm. The 

ground truth was 9.77 mm in each direction. Overall there is a smoother result with the DSI 

method.  

 

Figure 5. Simulation results. Pixel shift for (a) ground truth. (c) TSI, and (e) DSI methods. The reconstruction of 
the heated area is for (b) ground truth, (d) TSI, and (f) DSI methods.  The reconstruction cross-sections are analyzed 
in the lateral (g) and axial (h) directions for the three methods. Axes are common to subfigures (a)-(f). Colorbar is 
common to subfigures (a), (c), (e).  
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5.2 Ex-vivo 

 

Figure 6. Experimental comparison between the TSI and DSI methods. (a) Experimental setup illustration. (b) 
Image of an ex-vivo chicken breast sample following a 270 sec ablation treatment. Pixel shifts result for the (c) TSI 
and (e) DSI methods after the first treatment. Treated region reconstruction of the pixel shift maps using (d) TSI 
and (f) DSI methods.   Axes are common to subfigures (c)-(f). Colorbar is common to subfigures (c), (e). 

Next, ex-vivo chicken breast experiments were conducted. HIFU was applied at the 

center of the sample, and an ablated region was visible at the center of the images of the sliced 

sample (Figure 6b). A thermocouple was located at the focal spot to serve as the ground truth 

measurement. The imaging array acquired plane waves on the transversal plane of the sample. 

The recorded pixel shift and the reconstructed image were compared between the TSI and DSI 
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methods (Figure 6).  The lesion detected with TSI has a focal area of 226 mm² (Figure 6d) 

while the DSI lesion recorded a focal area of 177 mm².  

Next, the effect of the HIFU duration on the DSI algorithm performance was assessed 

(Figure 7). Larger speed of sound shift was observed with an increase in treatment duration. 

The detected slowness deviation and focal area for each time step was assessed across six 

experiments and are displayed in Table 2.  

 

Figure 7. Effect of treatment duration on the DSI algorithm. HIFU treatment was conducted for 45, 90 or 135 sec, 
yielding the pixel shifts (a), (c), and (e), respectively and the sound slowness (b), (d), (f). Axes are common to all 
subfigures. Colorbar is common to subfigures (a), (c), (e) and (b), (d), (f). 
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Treated region area increased by 42% for 90 sec compared to 45 sec, and by 75% for 135 sec 

treatment (Table 2).   

Treatment Time 
[sec] 

Max slowness 
Deviation [μsec/m] 

Measured focal 
area [mm²] 

45 1.2 ± 0.4 174.5 ± 53.6 

90 1.7 ± 0.5 221.8 ± 51.5 

135 2.1 ± 0.6 252.6 ± 69.4 

 

Table 2. Detected slowness deviation and focal area of the treatment spot across experiments. 

5.3 Temperature estimation 

After repeating the experiment presented in Figure 7 six times, the mean temperature 

for each treatment interval was calculated. The average thermocouple measurements were used 

as a ground-truth model to represent the expected change in temperature. Sound slowness and 

thermal strain were extracted from the DSI and TSI algorithms respectively and calibrated to 

the ground truth model. Calibration of the temperature profiles yielded values of -0.22 % ⁰C−1 

for α1 and 88 ηsec/m ⁰C−1  for α2, corresponding to a change of 0.3 m/sec for a 1 ⁰C temperature 

increase. These values were used for calculating the temperature prediction (Figure 8).  
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Figure 8. Comparison of Temperature estimation as a function of HIFU duration (N=6 samples).  Ground truth 
thermocouple measurements (blue line), TSI (orange line), and DSI (green line). Results are presented as mean ± 
STD.  
 

5.4 Performance benchmark 

Finally, to emphasize the improvement in temporal resolution of the DSI algorithm, we 

performed a bench test to determine the average runtime of the algorithm compared to TSI. 

The cross-correlation parameters used in the search algorithm were chosen to optimize imaging 

quality as in Figure 6. Four random experiments were selected, and each was processed 100 

times with each algorithm. The processing time for each iteration was divided by the number 

of frames to calculate the mean time per frame. The average runtime of the TSI algorithm was 

7.21 ± 0.5 sec/frame, while DSI ran in 0.33 ± 0.004 sec/frame. Overall, a speedup of x20 was 

achieved with DSI.  

6. Discussion 

In this paper we developed a method for imaging a local speed-of-sound shift with a 

dense algorithm for the purpose of temperature estimation, aiming to improve the calculation 

time and spatial coherence of the result. The proposed DSI algorithm is robust and could be 
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used to monitor additional applications that induce a speed-of-sound shift. The common 

method for ultrasonic thermometry is TSI which is based on a cross-correlation search and 

local axial gradient. Our experiments showed several promising advantages for the DSI 

algorithm in HIFU guidance compared to TSI. First, across all experiments, it is clear that the 

smoothness priors used in the optical flow calculation and inverse problem regularization 

greatly improve the spatial coherence of the results. This is captured in Figure 6, where the 

image processing steps that work well in the simulated TSI results do not generalize well to 

ex-vivo, and the TSI pixel shift estimation gives a large focal area. In Figure 6, heavy 

smoothing was necessary to reach an adequately smooth TSI image. One of the main 

advantages of DSI is not needing the additional filtering. In the future, knowledge of the shape 

of a HIFU beam in the transverse imaging plane can intuitively incorporate further apriori 

information into the DSI inverse problem solution to produce a more complex regularization 

scheme. This improvement can be further capitalized on by increasing the amount of plane 

waves to more heavily oversample the sound slowness field. Both of these concepts can be 

used to reduce the blurring caused by trivial L2 spatial regularization (Figure 5h).  

Another notable benefit of the DSI algorithm is its runtime. TSI and other correlation-

based tracking methods are insufficient for real-time use when the region of interest is the entire 

frame. In this case it is preferable to make use of dense algorithms incorporating all of the 

available information simultaneously, while eliminating the need for image processing. 

Removal of the search step of TSI and replacement with optical flow provided a large part of 

the performance boost, but DSI’s slowness estimation is also very fast due to the use of largely 

sparse matrices in solving the inverse problem. In ex-vivo samples we detected a slowness 

deviation in order of 3 μsec/m, which corresponds to a sound speed change of 7m/sec from a 

base sound speed of 1540 m/sec. This translates to a speed-of-sound change of 0.45%. The 
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temperature estimation results were similar between the ground truth thermocouple 

measurements, the TSI and DSI methods (Figure 8).  

There are a number of limitations that should be mentioned. First, as in any ultrasound-

based technique, the speed-of-sound shift can be measured only in soft tissue. In cases where 

the ablated region is located within bone, such as in transcranial ablation, MRI thermometry 

remains superior. In addition, there is variability in temperature measurements that can be 

attributed to several factors (Figure 8). Here the relationship between tissue temperature and 

sound speed change was modelled as a scalar unit conversion, but in practice it is a tissue-

dependent curve that is linear only for certain temperature ranges [35], [37] however this is not 

a new issue in our algorithm but rather a known drawback of temperature estimation methods 

based on Equation (4). In the experiments described above we have performed only HIFU-

induced hyperthermia treatments and taken care to stay within the linear region of this curve, 

but in thermal ablation therapy this temperature range is often crossed and the linearity is 

compromised. So long as the linear temperature region is maintained, we believe our algorithm 

can also be extended to more aggressive treatments such as thermal ablation therapy, at least 

as well as TSI. Another issue with temperature calibration are the absorptive and viscous 

heating artifacts common to thermocouples [37], [50]. As the tissue vibrates under the effect 

of HIFU, friction is generated between the tissue and the thermocouple, introducing viscous 

heat that is not present in true surgical HIFU applications. Additionally, the thermocouple itself 

absorbs heat from the surrounding tissue. Thus, temperature calibration of slowness deviation 

is forced to overcompensate for this heat in the thermocouple. Moreover, temperature 

calibration depends on the thermocouple positioning. A shift in positioning will add a built-in 

error to the process. Last, the heavy noise present in ultrasound imaging often confounds 

algorithmic applications, and both TSI and DSI are no exception. The estimation of echo delay 
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is greatly impacted by the noise levels, and each algorithm has a different method of 

compensating. It is possible to further fine-tune these steps (image processing, or dense 

estimation) but we see the current implementation as a reasonable tradeoff between image 

quality and runtime. Finally, there is an important balance between spatial regularization and 

resolution. Here we have opted to introduce strong regularization, and Figure 6 shows that this 

is preferable to the image processing done in TSI, but at the cost of spatial resolution. 

Despite these difficulties, error in temperature measurement is as good as that of TSI, 

largely due to the high accuracy of the slowness deviation estimation. Our algorithm can 

provide reasonable, robust slowness deviation estimation in real-time applications, and more 

work can be done on the calibration to temperature for HIFU guidance. The algorithm can be 

implemented in real-time as shown by the performance benchmark, by storing the pseudo-

inverse matrix, beamforming each plane wave angle independently, tracking the pixel motion, 

and solving the inverse problem with a simple matrix multiplication. We believe that the speed 

up in the algorithm run time could facilitate its implementation as part of a closed-loop HIFU 

controller or be used with matrix array transducers to enable real-time 3D thermometry.  
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 תקציר   . 8

השיטה פותחה    .ד עוקבות נסאואולטרתמונות  לחישוב שינוי במהירות קול בין  במחקר זה, פתחנו אלגוריתם  

לחימום הרקמה  אבלציה תרמית של במהלך טיפול  המקומי שנוצר על מנת להעריך את שינוי הטמפרטורה 

מידע מכלל אזור העניין    לוקח בחשבון )  DSIקול (במהירות ה שינוי  הלחישוב  לא פולשני. האלגוריתם  באופן  

. בצורה כזו ניתן  בעזרת שילוב של זרימה אופטית אינטגרלית ורגולריזציה של הבעיה ההפוכה המתקבלת

טיפול  השל    ניטור שמאפשרת  כדי ליצור תמונה חלקה יותר    לאלץ הסכמה בין פיקסלים שכנים באופן טבעי 

עיקריים: עקיבה אחרי פיקסלים בעזרת זרימה    מורכבת משני שלבים  שיטהה   .את זמן החישוב   וכן להאיץ

שינוי הטמפרטורה כבעיה  פיקסל ל אופטית בשיטת פרנבאק, ולאחר מכן מידול מתמטי של הקשר בין תזוזת  

למציאת   הקול שנוצר  שינוי  ההפוכה  מהחימום  במהירות  קבוע  כתוצאה  משינוי  כיול  .  התוצאה  את  ממיר 

ביצועי האלגוריתם החדש הושוו  של חזה עוף ו בדוגמאות  במהירות קול לשינוי בטמפרטורה. השיטה נבחנה  

מומש  האלגוריתם  רפרנס.  שימש כחיישן טמפרטורה  לאורך הניסויים,  .  TSI  ם,ה הסטנדרטית בתחולשיט

טיפול אבלציה  שנשלט באמצעות מערכת אולטרסאונד מיתכנתת לצורך ניטור    L12-5  ה על ידי מתמר הדמי

עבור    מעלות   2של פחות משגיאה  מעלות צלזיוס נמדדו עם    3-15שינויי טמפרטורה בין      . בחזה עוף  תרמית

מבחינת הקוהרנטיות  הן    TSIהתעלתה על פני שיטת ה  DSIמעלות ומעלה. שיטת ה  8שינויי טמפרטורה של  

להעריך את שינוי המהירות    היכול  השיטה שפותחה  ,לסיכום .  של האלגוריתם   ריצההזמן  הן בו  המרחבית

ידי טיפול אבלציה תרמית אנו צופים  הקיימות כיום.  שיטות  היותר מויעילה  מהירה    בצורהקול שנגרם על 

  בזמן אמת.   ים תרמי  ים טיפולשל    לא פולשניזול, מהיר ו  ניטורקה לצורך  שניתן יהיה להשתמש בשיטה בקליני
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 אוניברסיטת תל אביב 

 הפקולטה להנדסה ע"ש איבי ואלדר פליישמן 

 סליינר -בית הספר לתארים מתקדמים ע"ש זנדמן

 

 

 סונית תרמומטריה אולטר 

 

 

 רפואית -כעבודת גמר לקראת התואר "מוסמך אוניברסיטה" בהנדסה ביוחיבור זה הוגש 

 ידי -על

 גרוטמן טל

  

 רפואית -העבודה נעשתה במחלקה להנדסה ביו

  בהנחיית ד"ר טלי אילוביץ 
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  אוניברסיטת תל אביב 

 הפקולטה להנדסה ע"ש איבי ואלדר פליישמן 

 סליינר -בית הספר לתארים מתקדמים ע"ש זנדמן

 

 

 תרמומטריה אולטראסונית 

 

 

 רפואית -חיבור זה הוגש כעבודת גמר לקראת התואר "מוסמך אוניברסיטה" בהנדסה ביו

 ידי -על

 טל גרוטמן

  

 רפואית -העבודה נעשתה במחלקה להנדסה ביו

  בהנחיית ד"ר טלי אילוביץ 

 

 

 


